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Preamble

Contemporary medical physics starts with the discovery of the 
X-rays and their medical application. Currently, X-ray imaging 
examinations are more than three-quarters of all medical imag-
ing examinations and deliver the highest patient dose of these. 
The field of X-ray imaging technology is also very dynamic and 
new methods/equipment are constantly introduced in the clinical 
practice. This requires special attention to the subject of X-ray 
Imaging—from the points of view of supporting research in the 
field; of safe and effective translation of this research into prac-
tice; of educating the staff applying these methods; and of pro-
viding them with reliable reference material.

The Handbook of X-ray Imaging: Physics and Technology, 
edited by Prof. Paolo Russo, is without a doubt the most com-
prehensive handbook on the subject ever produced. The publica-
tion has several specific features that distinguish it from previous 
publications on X-ray imaging:

• The Handbook presents a very broad overview of the 
field, combining not only medical X-ray imaging, but 
also other related applications of X-ray imaging (e.g., 
industrial)

• The Handbook includes information on the physics of 
the processes and also on X-ray image engineering—
opening its scope to a specific field of medical engi-
neering and industry

• The Handbook includes aspects related to clinical (and 
other) applications of X-ray imaging—opening its 
scope to medical and other specialists

• The Handbook gives a brief historical perspective on 
a number of X-ray imaging areas, and also covers the 
newest developments in X-ray imaging (e.g., phase-
contrast imaging)

• The Handbook not only covers the theoretical aspects, 
but also many practical aspects of X-ray imaging, such 
as test objects and quality control procedures

• The Handbook has attracted as authors about 120 
specialists from 18 countries, which makes it truly 
international

The Handbook includes about 1400 pages, organized into four 
large sections:

• Basic Physical and Technological Aspects (16 chapters)

• X-ray Radiography and Fluoroscopy (15 chapters)

• X-ray Computed Tomography (17 chapters)

• Phase-Contrast X-ray Imaging and Other Aspects 
(20 chapters)

All chapters of the Handbook are very well illustrated—having 
in total over 1300 images and diagrams, together with detailed 
tables with data, and thousands of references.

The scientific quality of the Handbook is underpinned by the 
team of established professionals who have prepared the chapters 
of this monumental publication. This text will be undoubtedly an 
important resource for the medical physics profession and will 
find its place in most scientific libraries over the world.

The Handbook of X-ray Imaging: Physics and Technology is 
an unique publication, which gives a detailed overview of a whole 
branch of the medical physics profession. This huge project will 
support the education of all medical physics students/trainees 
and the work of thousands of colleagues worldwide. Books such 
as this one are an evidence of the fruitful collaboration between 
the CRC Press (Taylor & Francis) and the IOMP (International 
Organization for Medical Physics) through the Series in Medical 
Physics and Biomedical Engineering.

Having myself been a Coordinating Editor of a large reference 
material, I fully appreciate the hard work of the entire team and 
especially of the Main Editor Prof. Paolo Russo. On behalf of the 
IOMP, I want to congratulate all the authors of the Handbook for 
this enormous achievement.

Prof. Slavik Tabakov, PhD, Dr.h.c., FIPEM, FHEA, FIOMP
President IOMP

Coordinating Editor of the Encyclopaedia of Medical Physics
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Foreword

I have a beautifully polished glass X-ray tube insert, mounted on 
a hardwood pedestal, sitting on a coffee table in my living room. 
Most of my nonscientific friends see it and ask, “what’s that?”. 
I tell them that it’s what I owe my livelihood to; a device that 
produces X-rays for medical imaging. With its gray-metal anode, 
shiny cathode housing and precise bearings, it is a small monu-
ment to the advancements that medical imaging has experienced 
over the past century.

To my scientific friends, I can point to this Handbook of X-ray 
Imaging, edited by my friend and colleague, Prof. Paolo Russo. 
This tome is not polished on the outside; its beauty is the science 
described between its covers. This book is a digest of X-ray sci-
ence that presents a wide-ranging scientific discussion of a par-
ticularly valuable region of the electromagnetic spectrum. To the 
X-ray scientist, this book is both an important scientific reference 
text and a comprehensive description of X-ray science, address-
ing mainstream modalities and niche applications. The authors 
who have contributed to this compilation are world-class authori-
ties on their subject matter, and their collective effort gives this 
Handbook impressive depth and breadth.

Section I introduces the Basic Physical and Technological 
Aspects of X-ray interaction and production, and it focuses on 
the foundation of X-ray physics including X-ray source technol-
ogy, X-ray interactions, X-ray spectra, and detector technology 
used for X-ray imaging. This section grounds the reader in the 
basic science of X-ray physics in an interesting and approachable 
manner.

Section II discusses X-ray Radiography and Fluoroscopy; at a 
clinical level these topics are the bread and butter of any X-ray 
imaging facility, but this section delves deeper than rad/fluoro 
and includes chapters on X-ray discovery, mammography, dental 
radiography, industrial radiography, and forensic radiography. It 
also includes chapters on limited angle tomography—tomosyn-
thesis—as well as radiation dose and its potential risks.

Section III is on X-ray Computed Tomography, and chapters 
in this section describe important aspects of CT technology such 
as reconstruction methods, small animal, dual energy, and cone 
beam imaging applications; CT dosimetry, industrial, antiquity, 
and metrology applications of CT imaging; high temporal res-
olution CT, and both kV and MV applications of this technol-
ogy. Like CT itself, this section represents topics with different 
angles, all which focus upon the central theme.

Section IV focuses on Phase-Contrast X-ray Imaging 
and  Other Aspects. The phase-contrast chapters cover theory, 
breast imaging, and tomosynthesis applications of this emerging 

technology, as well as different phase extraction methodolo-
gies. The other aspects of this section address X-ray scatter, and 
physical and mathematical phantoms for image quality and dose 
assessment. Other important chapters in this section discuss 
computer-aided diagnosis, education, display hardware, optimi-
zation, calibration and quality assurance, and radiation protec-
tion. This section rounds out this handbook, describing various 
interpretation strategies for X-ray images using computer and 
human observers.

Finally, a series of tables provide up-to-date physical data use-
ful to the X-ray scientist.

From a one-dimensional application in documenting attenu-
ation in a Pb-shielded wall to a five-dimensional application 
depicting a dual-energy CT movie of a beating heart, the X-ray 
has proven to be a ubiquitous tool for better understanding the 
physical world, and for providing important medical diagnostic 
information quickly and in a cost-effective manner. I sometimes 
wonder about the thousands of stories that my coffee table X-ray 
tube contributed to before its retirement; how many broken bones, 
foreign bodies, and pulmonary nodules did the X-rays produced 
by this very X-ray tube reveal? As readers peruse this outstanding 
Handbook of X-ray Imaging, they should remember that the sci-
ence and technology so eloquently described herein have impor-
tant real-world consequences in improving human health through 
better diagnoses, analyzing thirteenth century Italian relics, dis-
covering faulty pipeline welds—and a million other important 
applications. Roentgen would be very impressed.

John M. Boone, PhD, FAAPM, FSBI, FACR, FAIMBE, FSPIE
Professor of Radiology and Biomedical Engineering

University of California—Davis/USA
Fair Oaks, California
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Series Preface

The Series in Medical Physics and Biomedical Engineering 
describes the applications of physical sciences, engineering, and 
mathematics in medicine and clinical research.

The series seeks (but is not restricted to) publications in the 
following topics:

• Artificial organs

• Assistive technology

• Bioinformatics

• Bioinstrumentation

• Biomaterials

• Biomechanics

• Biomedical engineering

• Clinical engineering

• Imaging

• Implants

• Medical computing and mathematics

• Medical/surgical devices

• Patient monitoring

• Physiological measurement

• Prosthetics

• Radiation protection, health physics, and dosimetry

• Regulatory issues

• Rehabilitation engineering

• Sports medicine

• Systems physiology

• Telemedicine

• Tissue engineering

• Treatment

The Series in Medical Physics and Biomedical Engineering 
is an international series that meets the need for up-to-date texts 
in this rapidly developing field. Books in the series range in level 
from introductory graduate textbooks and practical handbooks 
to more advanced expositions of current research.

The Series in Medical Physics and Biomedical Engineering 
is the official book series of the International Organization for 
Medical Physics.

The International Organization 
for Medical Physics

The International Organization for Medical Physics (IOMP) 
represents over 18,000 medical physicists worldwide and has a 

membership of 80 national and 6 regional organizations, together 
with a number of corporate members. Individual medical physi-
cists of all national member organisations are also automatically 
members.

The mission of IOMP is to advance medical physics practice 
worldwide by disseminating scientific and technical information, 
fostering the educational and professional development of medi-
cal physics and promoting the highest quality medical physics 
services for patients.

A World Congress on Medical Physics and Biomedical 
Engineering is held every three years in cooperation 
with International Federation for Medical and Biological 
Engineering (IFMBE) and International Union for Physics 
and Engineering Sciences in Medicine (IUPESM). A region-
ally based international conference, the International Congress 
of Medical Physics (ICMP) is held between world congresses. 
IOMP also sponsors international conferences, workshops and 
courses.

The IOMP has several programmes to assist medical 
physicists in developing countries. The joint IOMP Library 
Programme supports 75 active libraries in 43 developing coun-
tries, and the Used Equipment Programme coordinates equip-
ment donations. The Travel Assistance Programme provides 
a limited number of grants to enable physicists to attend the 
world congresses.

IOMP co-sponsors the Journal of Applied Clinical Medical 
Physics. The IOMP publishes, twice a year, an electronic bul-
letin, Medical Physics World. IOMP also publishes e-Zine, an 
electronic news letter about six times a year. IOMP has an agree-
ment with Taylor & Francis for the publication of the Medical 
Physics and Biomedical Engineering series of textbooks. IOMP 
members receive a discount.

IOMP collaborates with international organizations, such 
as the World Health Organisations (WHO), the International 
Atomic Energy Agency (IAEA) and other international pro-
fessional bodies such as the International Radiation Protection 
Association (IRPA) and the International Commission on 
Radiological Protection (ICRP), to promote the development 
of medical physics and the safe use of radiation and medical 
devices.

Guidance on education, training and professional development 
of medical physicists is issued by IOMP, which is collaborating 
with other professional organizations in development of a pro-
fessional certification system for medical physicists that can be 
implemented on a global basis.

The IOMP website (www.iomp.org) contains information on 
all the activities of the IOMP, policy statements 1 and 2 and the 
“IOMP: Review and Way Forward” which outlines all the activi-
ties of IOMP and plans for the future.

www.iomp.org
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Preface

In October 2014, the Publications Committee of the International 
Organization for Medical Physics (IOMP) (www.iomp.org) dis-
cussed, among other topics for the diffusion of publications, 
to propose new books and e-books in various fields of medical 
physics, also with reference to the Series in Medical Physics and 
Biomedical Engineering of CRC Press, an official book series 
of IOMP. As a member of this Committee, with reference to my 
scientific interests in the field, I launched the idea to edit a book 
related to the physical aspects of diagnostic radiology: these were 
the origins of the present Handbook of X-ray Imaging: Physics 
and Technology, which sees the light of day November 7th, the 
International Day of Medical Physics 2017 (Marie Curie’s birth-
day) and that of November 8th (when X-rays where first observed 
by Roentgen in 1895).

The title should declare its vocation: use of X-ray imaging 
techniques, in the medical and biological fields as well as in other 
applied fields, for example, industrial testing, requires the under-
standing of the physical and technological aspects at the basis of 
techniques and devices. However, given the wide scope of such 
a field, the related material can be found only in a number of 
books and textbooks. Hence, I was thinking of a comprehensive 
Handbook which could represent a condensed reference for clas-
sic aspects as well as recently introduced advancements in X-ray 
imaging: this implied the preparation of a completely new publi-
cation in such diverse fields as X-ray radiography and tomogra-
phy for medical diagnosis and biomedical research, for dentistry 
imaging, for industrial testing and for veterinary diagnosis, pre-
pared by many contributors. Eventually, this last application field 
was dropped from the Table of Contents, since I could not recruit 
contributors.

The Handbook is divided into four sections (Basic Physical 
and Technological Aspects, X-ray Radiography and Fluoroscopy, 
X-ray Computed Tomography, Phase-Contrast X-ray Imaging, 
and other aspects). While in organizing the Handbook structure 
I tried to cover the most relevant aspects of each topic, some of 
them remained uncovered in the final version of the manuscript, 
though initially foreseen: future editions of the Handbook will 
try to fill the gap of these missing topics.

The Handbook of X-ray Imaging is directed to a vast audience 
including graduate students in medical physics, PhD students, 

medical physics residents, biomedical engineering students, 
technology students in radiology, students in medical radiology, 
physicists and engineers in the field of nondestructive industrial 
testing techniques using X-rays, radiology technicians, scientists 
interested in understanding and using X-ray imaging techniques.

This Handbook is the result of the dedication and competent 
authorship of as many as 132 scientists, and of the careful review 
of a Scientific Board, which includes as many as 39 scientists, 
during a period as long as three years. I warmly thank all of 
them. The profound scientific and technical competence of all 
of them is at the basis of this Handbook, which I hope will be 
welcome in the field.

I thank my former mentor, Professor Alberto Del Guerra, 
who introduced me (almost 30 years ago) into the field of digi-
tal  radiography, a continuous source of scientific interest for 
me.

I acknowledge the many helpful discussions with my colleague 
Professor Giovanni Mettivier.

I thank all my graduate and PhD students in medical physics, 
this Handbook was prepared also for them.

I thank all CRC Press officials who contributed to publishing 
this volume, first of all, Francesca McGowan: her smiling and 
gentle attitude and professional advices were always appreciated 
during the long period of preparation of the Handbook. CRC 
Press’ Rebecca Davies was an important reference point in the 
last two years: I thank Rebecca for her professional editorial work 
and courtesy.

I dedicate this editorial effort to my daughter, Elena: I would 
have hardly gone to the end of it, without her continuous sup-
port and patience and without her editorial assistance (though at 
6700 km distance) in keeping records of all material produced, 
in keeping contacts with all the contributors (via thousands of 
emails exchanged with authors, editors, and publisher), in solv-
ing a large number of editorial issues.

My final thanks go to my wife, Lucia and my son, Gabriele: 
they understood and supported me once again, for this new effort.

Paolo Russo
University of Naples Federico II

Naples, Italy

MATLAB® is a registered trademark of The MathWorks, Inc. For product information, please contact:

The MathWorks, Inc.

3 Apple Hill Drive

Natick, MA 01760-2098 USA Tel: 508 647 7000

Fax: 508-647-7001

E-mail: info@mathworks.com

Web: www.mathworks.com

www.iomp.org
www.mathworks.com
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1
Basic Physics of X-ray Interactions in Matter

Ralf Hendrik Menk

1.1 Preface

It is the nature of human curiosity to always explore new fron-
tiers. Questioning, observing, and modeling nature are the ingre-
dients for advancement and progress. Observing nature requires 
gauges and obviously our senses to be well-adjusted instruments 
to encompass the environment for survival, in the first place, but 
also for pleasure and for medical diagnostics. A medical doctor 

would use all his senses to evaluate the status of his patient. The 
human eye brain system, for example, is designed to detect elec-
tromagnetic radiation, which can be also considered as a fluence 
of neutral particles, so-called photons. Under normal conditions 
at least some 20 optical photons are required to fire a signal on our 
retina, which is not that sensitive. In return, the human eye pos-
sesses adaptively a luminance range of 1014, which is a fantastic 
number. Moreover, the human eye is able to distinguish millions 
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of colors, which is also a great thing. However, this works only 
within a frequency range from 400 to 800 nm, while the entire 
spectrum of electromagnetic waves from AC currents over radio 
waves to X-rays and gamma rays comprises 23 orders of magni-
tude. In order to increase our fairly limited window of visibility, 
special instrumentation is required to detect (but also to gener-
ate) this, for our senses are not able to resolve electromagnetic 
radiation. In other words, we need to shift the associated wave-
lengths into a range accessible to our eyes. This instrumentation 
would measure physical parameters of particles and radiation 
such as arrival time, energy, momentum, and position. In order to 
do so we need to study in detail (what concerns this chapter) and 
subsequently exploit the underlying mechanism of interaction of 
radiation with matter. In diagnostics, basically, three frequency 
bands are used to generate medical images. These are ultrasound 
to radio waves (20 kHz–GHz) which find applications in medical 
sonography and magnetic resonance imaging (MRI), X-rays, in 
the energy interval between some keV and 150 keV, and eventu-
ally γ-rays, in the energy interval between some hundreds of keV 
to some 1000 keV. In this chapter, we will concentrate on the 
two last applications and will discuss some definitions concern-
ing interactions of radiation with matter, with special regard to 
imaging methods used in medical physics. The chapter is sub-
divided into two sections: The first section is a summary of the 
most important points for readers new in the field, and a selection 
of the most important equations, which certainly will be useful 
for the subsequent chapters. The second section (Appendix A) 
contains a flavor of mathematical development of equations for 
readers with particular interest in the matter, where I tried to 
aggregate methods and deductions that can be found in textbooks 
of classical electrodynamics (Born and Wolf 1999; Jackson 1999; 
Zangwill 2013) and quantum mechanics (Heitler 1954; Bethe 
and Salpeter 1957; Messiah 1966; Landau and Lifshitz 1977; 
Awadalla 2015) and which are sometimes not easy to spot. Due 
to space constraints in some cases, intermediate steps are waived, 
but I hope the reader may follow the argument anyway and, in 
the worst case, refer to the textbooks. Due to the correspondence 
principle and due to the zero rest mass of the photon, most of the 
calculations can be executed using classical electrodynamics. In 
some cases, relativistic or quantum mechanical corrections have 
been applied, though.

1.2 Introduction

As early as the eighteenth century it was shown by macroscopic 
observations that the attenuation of visible light relates to the 
properties of the material through which the light is traveling 
(Lambert 1760; Beer 1852).

Following the arguments of Beer (1852), we assume a mono-
chromatic wave field traveling in a direction 

� �
k k ex= ⋅  (

�
ex  being 

the unit vector of length 1 pointing into the x-direction) parallel to 
the x-axis and impinging perpendicularly onto a material sample, 
which is divided into thin slices of the thickness, Δx (Figure 1.1). 
According to Figure 1.1a and as demonstrated in Section A.1.2 
we note that the incident intensity is proportional to the square 
of amplitude | |

�
E0

2  of the wave field. We also assume Δx is suf-
ficiently thin (Δx→dx) that one particle in a slice cannot obscure 
another particle in the same slice when viewed in the x-direction. 
The radiant intensity dI′(x′) that emerges from a slice is reduced, 
compared to the intensity that entered I′, by

 dI I dx′ = − ⋅ ′ ⋅ ′µ  (1.1)

where µ is the linear attenuation coefficient, whose numeri-
cal value is material dependent. Equation 1.1 is a homogenous 
differential equation of first order, which can be solved by the 
separation of the variables and by subsequent partial integra-
tion, thus

 

dI
I

I I
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 = − ′ ⋅ ′∫ ∫

0

0
0

0

ln( ) ln( ) ln ( )µ

 

(1.2)

yielding

 I x I e
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x
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( )

= ⋅
∫− ′ ⋅ ′

0
0

µ

 
(1.3)

which is nowadays referred to as the Lambert–Beer law. 
According to Figure 1.1, we notice that the radiant intensity, I x( ) , 
is proportional to the square of the attenuated amplitude, | |E

��
2. 

If we know the material distribution µ(x) along the path of the 
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FIGURE 1.1 (a) Macroscopic view of attenuation of wave fields. (b) Transmission and absorption of 18 keV X-rays in soft tissue versus tissue thickness.
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light, the line integral in the exponent can be accomplished. This 
line integral is sometimes referred to as the “ray sum.”

We should remember that light in a vacuum always travels at 
the same speed, c. As shown in Einstein’s special relativity theory 
(Einstein 1905a), whenever light propagates in a vacuum, its speed 
possesses that exact value, no matter in which reference system it 
is measured. As we will see later, as light travels through materials 
it will slow down. For instance, the propagation or phase velocity, 
v, of light in water is only v = 3/4 · c. Therefore, it is not surprising 
that, in some dielectric (thus electrically polarizable) materials, 
light will propagate more slowly than high energetic charged par-
ticles such as electrons might do. This means that, under certain 
circumstances, the speed of electrons (although still less than c) 
can definitely outstrip the speed of light in these materials. If this 
is the case, so-called Cherenkov radiation (Cherenkov 1934) will 
be emitted. Although the Cherenkov effect is mostly used in high 
energy physics, nuclear physics, and astrophysics, more recently 
Cherenkov radiation has been used in in-vivo imaging for the 
detection of labeled biomolecules (Lui 2010).

The amount by which light slows in a given material is 
described by the index of refraction, n, which in first order we can 
define through the so-called dispersion relation (Equation A.18), 
as |n| = c/v, which for water would be 1.33. In a naïve view, we 
can now argue that the radiant wave field is retarded due to the 
reduced speed of light in the material when compared to a (coher-
ent) reference wave propagating in vacuum. In other words, their 
relative phases are shifted, which results in a change of propaga-
tion direction of the radiant wave field. As indicated in Figure 1.1, 
this means that the radiant light defined by its propagation vector, �

′k , changes its direction with respect to the direction of the inci-
dent wave field, 

�
k , by the so-called refraction angle, ΔθR.

1.3  Macroscopic Description of 
Interactions of X-rays with Matter

Similar to visible light, Röntgen (1895) observed that, also, the 
attenuation of X-rays in matter as measured as exposure on a 
photographic film followed the Lambert–Beer law. However, 
utilizing different substances, he did not succeed in reflecting 
or refracting X-rays at that time, and was uncertain if it was pos-
sible to deflect X-rays at all. He stated “Doch ist die Sache sehr 
unsicher, und die Ablenkung ist, wenn überhaupt vorhanden, 
jedenfalls so klein, dass der Brechungsexponent der X-Strahlen 
in den genannten Substanzen höchstens 1.05 sein könnte” [“But 
the thing is very uncertain, and the deflection is, if present at 
all, in any case so small that the refractive index (exponent) of 
the X-rays could be at most 1.05 in those substances”] (Röntgen 
1895, p. 5). As we will see later, the refractive index, n, for 
X-rays is indeed very close to unity, which explains why it took 
several decades to develop the first X-ray lenses and to adapt 
well-known optical concepts such as phase contrast or dark 
field imaging to imaging modalities utilizing X-rays.

We identify the transmission, T, of X-rays passing through a 
slab of matter with thickness x as

 
T

I x
I

e
x dx

x

= =
∫− ′ ⋅ ′( ) ( )

0

0

µ

 

(1.4)

We notice that the highest intensity of X-rays impinges in the 
very first infinitesimal layer of matter. In a patient, we can identify 
the latter in most of the cases as the patients’ skin, which then gets 
most of the radiation. The X-rays will then be attenuated exponen-
tially in the subcutaneous layers (Figure 1.1b). We should also note 
that the integral in the exponential of Equation 1.4 is commutative. 
Therefore, the transmission of X-rays when passing through com-
pound materials characterized by their specific absorption coeffi-
cient, µ(x), is independent from the relative order of these materials. 
In other words, each permutation in the relative order of skin, bone, 
soft tissue, connecting tissue, and fat within a patient should attain 
the same transmission. As we will see later in the microscopic 
description of absorption of X-rays, this is not always the case. We 
should also note that the absorption or attenuation A is given by

 A T= −1  (1.5)

For a discrete contribution of N materials in matter, the inte-
gral in the exponential of Equation 1.4 can be approximated by 
a sum, and we get
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(1.6)

In the special case for a single material possessing a constant 
attenuation coefficient, µ, we see that Equation 1.3 turns into 
I x I eo

x( ) = ⋅ − ⋅µ . Thus, knowing the thickness of the sample 
together with the measurement of the incident and radiant X-ray 
intensities, respectively, we are then able to determine the attenu-
ation coefficient through

 

−
=

ln( )T
x

µ
 

(1.7)

once we apply an appropriate geometry. This will be discussed 
later in Section 1.4.8.

We can ask ourselves at which absorber thickness, x1/2, 
the initial intensity drops by 50%, which means we look at 
−ln(T) = −ln(0.5) and, according to Figure 1.1b, this would be 
exactly where the transmission crosses the absorption.

 

−










= = ⋅ =
ln

ln( )
ln( ) /

1
2 2

2 1 2µ µ
Λ x

 

(1.8)

The dimension of the quantity Λ = µ−1 is a length and is referred 
to as the mean free path.

We have to keep in mind that both I0 and I(x) are measurable 
quantities, which are prone to statistical errors and, therefore, 
should be strictly interpreted as mean values 〈I0〉 and 〈I(x)〉, 
together with their associated variances. Up to now we merely 
considered the wave nature of X-rays. Due to the wave–particle 
dualism we have to understand X-rays also as particles with zero 
rest mass, which we, hence, will refer to as quanta or photons. 
The good thing is that, due to this particle wave dualism, together 
with the null rest mass of the photon, we can understand most 
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of the phenomena using classical electrodynamics. As we will 
see, particle parameters such as the energy, E, and the momen-
tum, 

�
P, are linked to wave parameters (the angular frequency, 

ω = 2 · π · υ, and the wave vector, k k
� �
,  | | /= ⋅2 π λ, where ν is the 

frequency and λ is the wavelength) through the Planck–Einstein 
relations (Cohen-Tannoudji et al. 1973):

 

E h

P k

= ⋅ = ⋅

= ⋅
→ →

υ ω�

�  

(1.9)

where h denotes Planck’s constant (or the quantum of action 
h = 6.626 · 10−34 J · s) and � = h/( )2 ⋅ π  is the reduced Planck 
constant. It is noteworthy that the Planck constant has dimen-
sions of physical action; such as energy multiplied by time, or 
momentum multiplied by distance ( )Δ Δx P⋅ , which would 
translate into an angular momentum. In this context, we should 
remember the uncertainty principle, which was introduced by 
Heisenberg (1927). The uncertainty principle asserts a funda-
mental limit to the precision with which certain pairs of comple-
mentary physical properties (or operators in quantum mechanics) 
of a particle, such as position, Δx, and momentum, ΔP, can be 
known simultaneously, in other words

 
Δ Δx P⋅ ≥

�
2  

(1.10)

Since time is to energy as position is to momentum, we might 
rewrite Equation 1.10 naïve to

 
Δ Δt E⋅ ≥

�
2  

(1.11)

However, here we have to be careful, since quantum mechan-
ics knows an energy operator (the Hamiltonian), but a time 
operator does not exist. In spite of the missing time operator, the 
time-energy uncertainty relation can be proven anyway (Messiah 
1966). Therefore, Equation 1.11 is reasonable as a definition for 
time uncertainty, because it gives the shortest time scale in which 
we will be able to notice changes in the energy states.

In the particle picture of X-rays, the aforementioned mean 
intensities should, therefore, equalize mean numbers of photons, 
together with the associated variances. To obtain photon num-
bers, we have to divide the mean intensity by the specific pho-
ton energy, ħ · ω, thus we get 〈I(x)〉/(ħ · ω) = 〈N(x)〉. Inserting this 
equivalence, for instance, into Equation 1.6, we get
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N x
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We should note that the absorption process of photons in a 
matter is governed by the Poisson statistics (Poisson 1837), which 
assume the existence of small enough subintervals for which the 
probability of an event occurring twice is “negligible.” For the 
Poisson distribution, the probability, P(k), of observing k events 
in an interval is given by:
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in which k ≥ 0 is an integer, η is the mean value, and k! is the 
fractional of k. The first practical application of the Poisson sta-
tistics was presented by von Bortkiewicz (1898). He presented 
here his famous analysis of “Die durch Schlag eines Pferdes im 
preussischen Heere Getöteten.” [“Those killed in the Prussian 
army by a horse’s kick.”] The Poisson statistics applied here, 
since the sample size was reasonably large (all the soldiers of the 
Prussian army), but the actual events (killed by a horse’s kick) 
were rare. Interestingly the mean value and the variance of a 
Poisson-distributed random variable are both equal to η. This 
means if we measure η = 〈N(x)〉 photons after passing through a 
slab of matter with thickness x the error in our measurement in 
terms of the standard deviation (the square root of the variance) 
will be N x( ) . Therefore, the relative error of our measure-
ment of the radiant numbers of photons δ N x( )  is given by
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We now can define the inverse of the relative error as the signal 
to noise ratio (SNR):
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Since in medical imaging 〈N(x)〉 is the number of X-rays 
escaping from the patient (typically 9%), which is forming the 
exposure on the image receptor, the relative error in the resulting 
radiograph decreases with increasing intensity. Accordingly, the 
SNR increases with increasing intensity. This matches our daily 
experience that we can read a book better the more ambient light 
we have available.

For a Poisson process, hits occur with a known long-term aver-
age rate, ξ, of hits per unit time. The Poisson distribution would 
let us find the probability of getting some particular number of 
hits. Now, instead of looking at the number of hits, we consider 
the random variable, L, which is the time we have to wait for the 
first hit (k = 0). The probability that the waiting time, t, is greater 
than a given time value, L, is then
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keeping in mind that 0! = 1. This implies that in a Poisson process 
the probability of two consecutive hits increases with decreas-
ing waiting time between two hits. Typical examples are airplane 
crashes, which follow the Poisson statistics, since the sample size 
is again large, while the occurrences of the events are rare. This 
means, once an airplane has crashed we will find a high prob-
ability that a second accident will happen a short time afterwards.

The fact that X-rays occur rather temporal “packed” than 
equally distributed in time has some implications on systems 
possessing significant processing times. In particular, this applies 
to image receptors, which require  some inherent and so-called 
dead time, τD, to process a photon detection event. We will come 
back to this aspect later.
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So far, we have been concerned with monochromatic wave 
fields only. However, the electromagnetic fields emitted by a 
physical source are never strictly monochromatic, and even the 
narrowest emission lines possess a certain energy bandwidth. 
As shown in Section A.3, the spectral distribution of an X-ray 
tube, P(Eγ), can be energetically fairly wide. It is a sensitive 
assumption that the linear attenuation coefficient, µ, is not only 
material specific, but will also vary with the X-ray energy. If 
we subdivide the spectral distribution, P(Eγ), into K discrete 
energy steps of ΔE, we can identify I0 for each of the respective 
energies, Eγ, γ = 1, and K as I0(Eγ) = P(Eγ) · ΔE. In case our 
image receptor integrates over all energies, Equation 1.3 will 
become
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or, for a discrete distribution of N different elements in the 
sample:
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For each of the K energy steps we find an equation of the type
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or in terms of the transmission per energy interval
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We can consider µ(Ej, Δxi) as known values, which are avail-
able in specific databases (see Table C.1 in Appendix C) for 
arbitrary chemical elements and X-ray energies, respectively. 
If the number of energy steps, K, is equal to the number, N, of 
elements in the sample, thus K = N, we will obtain a system of 
N equations comprising N (normally) unknown Δxi. Since we 
can, in principle, measure T(Ej,x), we yield a system of N equa-
tions with N unknowns which can be written in the following 
matrix equation
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A matrix inversion of the µ matrix would allow us to solve 
for the unknown Δxi, as long as the elements of the µ matrix 

are linearly independent. We will see later that, under certain 
circumstances, such matrix inversion is possible. Let us assume 
that the thorax of a patient consists of lung (air), bone (Ca), and 
soft tissue (water) only. Let us further assume that we are using 
three different and reasonable small X-ray energy intervals in 
which the absorption coefficients of air, Ca, and water are lin-
early independent. Executing three transmission measurements 
would allow us then to solve for the different thicknesses of air, 
Ca, and water, which then can be identified as a lung, a bone, and 
a soft tissue image, respectively. This is the basic idea of spectral 
imaging, which, from the instrumental point of view, is chal-
lenging but accomplishable. These small X-ray energy intervals 
can be attained by optical methods, in which a monochromator 
would select the respective energy band. With the recent prog-
ress in detector technology, the necessary energy discrimination 
of X-rays can also be achieved by energy dispersive image recep-
tors. This implies, however, that each single photon has to be 
analyzed according to its energy, which requires some process-
ing time, τD. Recalling the time distribution of Poisson events 
(Equation 1.16), detector based spectral imaging works only as 
long as τD ≪ ξ−1.

Since the density, ρ, and the attenuation coefficient, µ, are ele-
ment or compound specific, it makes sense to normalize µ to the 
respective density. The resulting µ/ρ is called the mass absorp-
tion coefficient, which then is independent from the state of 
matter of the element or compound. This requires a subsequent 
multiplication with the real density of the solid, liquid, or gas-
eous phase, to estimate the final transmission. Using this mass 
absorption coefficient, µ/ρ, Equation 1.21 can be rewritten as
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where the indices, i, for the density, ρi, refer to the material with 
the thickness Δxi. This implies that the measurable change in 
intensity arises also from changes in the density, ρi, of the object.

When dealing with polychromatic radiation and not having 
the possibility of spectral imaging, we need to think of some-
thing else to characterize the absorption length of a substances. 
This brings us to the so-called Half-Value Layer (HVL), which is 
defined as the layer thickness, which reduces the incident beam 
intensity by 50%. Recalling Equation 1.8, it is defined as ln(2)/µ. 
From our previous discussion, it is clear that the HVL depends 
on the spectral distribution, P(Eγ), and of course on the type of 
tissue. For most soft tissues, according to the average energy of 
the X-rays, the HVL ranges from 4 to 8 cm.

1.4 Microscopic Description of Interaction

So far, we just treated macroscopic observations in naïve models. 
To understand the effect on propagation of a wave field in detail 
we have to consider microscopic effects on the atomic level which 
are summarized in Figure B.1 in Appendix B. We anticipate that 
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the mass absorption coefficient is proportional to the so-called 
atomic cross-sections. The cross-section can be considered as 
the likelihood of an interaction when an incident wave field or 
particle beam impinges on a target object consisting of discrete 
particles. In the following we will denote a cross- section with 
σ, which is measured in units of an area, thus cm2. This defini-
tion makes a lot of sense if we think of an example from daily 
life such as archery, where we use a bow and arrow to hit a tar-
get possessing a certain area. It is clear that the intrinsic likeli-
hood to hit the bull’s eye (small center area) normalized to the 
total number of arrows used in the trail is lower than hitting the 
outer (larger outer ring area). Moreover, we will see that we have 
to deal with different kind of interactions, σi, of photons with 
matter. Recalling that the number, NA (Avogadro = Loschmidt 
number (Loschmidt 1865)) of constituent particles (atoms or 
molecules) in a mole of matter is a  scaling factor between mac-
roscopic and microscopic (atomic scale) observations of nature, 
we can deduce that:
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where A is the atomic mass number, and NA = ×6 022140857 74. ( )
1023 1mol− . Here u is the atomic mass unit, which is the mass of 
an atom/molecule expressed in units of 1/12 of the mass of a sin-
gle 12C atom at rest. These and other constants used in through-
out  this chapter are listed in Appendix D.

One should verify that the dimension of Equation 1.23 is given 
in cm2/g. In order to understand the concept of different cross-
sections, we have to start with the atom in the first place.

1.4.1 Atom Models

In the following we will consider most of the time the relatively 
simple Bohr model (Bohr 1913). In spite of its shortcomings, the 
model’s success is due to its explanation of the spectral emission 
lines of atomic hydrogen and it solved the problems associated 
with the Rutherford model (Rutherford 1911), in which the atom 
consists of a central charge or nucleus holding most of the atomic 
mass surrounded by a cloud of presumably orbiting electrons.

We know from Section A.1 and especially from Equation A.37 
that point charges such as electrons exposed to non-relativistic 
acceleration, 

�
a , radiate electric fields. We saw there that the 

instant power radiated per unit area by the accelerated electron 
in the 

�
n  direction, which we can measure at 

�
r , is described by 

the Poynting vector, 
�
S ,
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where θ denotes the angle between 
�
a  and 

�
n . We note that the 

radiated power decreases with the square of the inverse dis-
tance from the accelerated point charge (| |)

�
r  and increases with 

the square of its acceleration. Due to the sin2(θ) term, we will 
observe in the far field a donut shaped emission pattern known 
as dipole radiation (see Figure 1.18). Since, in Rutherford’s atom 
model, the orbiting electrons would be subject to high angular 
acceleration, 

�
a , they would constantly emit dipole radiation 

(Figure 1.2a), which means they would constantly lose energy. 
As a consequence, the orbiting electrons would spiral towards 
the nucleus and, subsequently, annihilate after a very short time, 
which is not observed, since we are still able to write and read 
books. Bohr (1913) proposed his quantized, but one-dimensional 
shell model (Figure 1.2b) of the atom to explain how electrons 
can have stable orbits around the nucleus. This model includes 
that electrons in atoms orbit the nucleus only at certain discrete 
distances (stationary orbits), without radiating. These distances 
are associated with certain energy levels or shell energies. In 
Bohr’s model, bound electrons in an atom can only change their 
energy by the transition from one allowed orbit/shell to another 
one (Figure 1.2b). As is shown in Section A.1.5, the energy of the 
nth shell (n = 1,2 …) in hydrogen like atoms is given by
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(1.25)

whereas each shell can hold up to 2 · n2 electrons. In Equation 
1.25, R is also known as Rydberg constant in units of energy with 
a numerical value of approximately 13.6 eV. From Equation 1.25, 
we see that the binding energy decreases with the inverse square 
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Ze
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FIGURE 1.2 (a) Shortcomings of Rutherford’s atom model. (b) Bohr’s one-dimensional quantized atom model.
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of the principle quantum number. For the outer shells or larger n 
(n→∞) the binding energy of the electrons approximates zero, 
which means we can consider those as free electrons. Electrons 
in the innermost K-shell (n = 1) are most tightly bound to the 
nucleus, which is indicated by the greatest negative binding 
energy. Regarding the binding energies for poly electron atoms, 
a widespread simplification is that the effective charge of the 
nucleus decreases by 1 when an unpaired electron is screening it. 
Moseley (1913) presented his empirical formulae to calculate K- 
and L-shell energy levels for poly electron atoms, and Equation 
1.25 turned into
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where a and b are constants, both 1 for n = 1. Using this for-
mula  for a poly electron atom such as oxygen (Z = 8) the 

characteristic binding energy of the K-shell of 666.4 electron 
volts (eV) is overestimated by approximately 20% (EK = 550 eV; 
Bearden and Burr 1967), but gives at least the right order of 
magnitude. We also note that the binding energy scales with the 
square of the atomic number. This means, for high Z materials 
like in a 92U atom (Z = 92), we can obtain substantial K-shell 
binding energies such as 112.6 keV (EK = 115.6 eV; Bearden and 
Burr 1967).

The binding energies calculated according Equation 1.26 for 
the K- and the L-shell versus the atomic number are shown in 
Figure 1.3. As we see in the examples, the simple model approxi-
mates at least within an order of magnitude the real binding 
energies as found in literature (Bearden and Burr 1967) or in 
databases (Henke et al. 1993)

We can also use Equation 1.25 to calculate the energy change, 
ΔE, associated to an electron transmission from shell i to shell j, 
which is given as
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This energetic change is associated with the absorption ( j < i) 
or emission ( j > i) of electromagnetic radiation. In 1888, Rydberg 
devised a similar Rydberg formula, which was used to predict the 
wavelengths of photons emitted by changes in the energy level 
of an electron in a hydrogen atom (Ritz 1908). In order to calcu-
late the energy of the emission lines, and inspired by Rydberg, 
Moseley (1913) found empirically that
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We should note that, if we are able to measure the energy of 
a given K, L, or M line then we are capable of determining the 
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atomic number of the element producing that line, which brings 
us back to the earlier discussion of spectral imaging (Equation 
1.22) (Figure 1.4).

Although Bohr’s model was successful at describing binding 
energies and emission lines in the hydrogen atom, it failed to pre-
dict the exact binding energies for others. Moreover, it is a one-
dimensional model that describes the size of the orbit only by 
the quantum number, n, as we have seen in Section A.1.5. We 
calculated the orbit, R, using Equation A.59, as R a n Zo= ⋅ 2 / , 
where a0 = 0.53 · 10−8 cm is the Bohr radius. Since the model 
does not foresee an upper limit in the quantum number, n, this 
means that a hydrogen atom (Z = 1) could possess substan-
tial spatial extensions. For instance, for n = 1000 we would get 
R = 0.53 · 10−3 mm = 0.53 µm, which in fact is not observed. In 
addition, the particle view of Bohr’s atom model impeded the 
explanation of the observed fine and hyper fine structures in the 
emission lines, which were partially solved by de Broglie (1925) 
and eventually by Schrödinger (1926). Similar to the particle–
wave dualism of light particles, electrons also possess wave-
like properties. By rearranging the momentum Equation 1.9, de 
Broglie (1925) found a relationship between the wavelength, λ, 
associated with an electron and its momentum, 

�
P, through the 

Planck constant

 
λ =

h

P| |
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(1.29)

In this view, electrons bound to an atom can be considered 
as standing waves where the lowest possible energy is equiva-
lent to the fundamental frequency of its wave function. Higher 
energy states are then similar to harmonics of the fundamental 

frequency. These standing wave functions represent the eigen-
states of the Hamiltonian operator for the energy and are solu-
tions of the Schrödinger equation (Schrödinger 1926) (see 
Section A.5). According to the uncertainty principle, this also 
implies that electrons are never found in a single point location, 
although the probability of interacting with the electron at a sin-
gle point can be estimated from its wave function. To explain the 
observed phenomena and the solution of the Schrödinger equa-
tion requires more than just a principle quantum number, n. In 
fact, Schrödinger’s model allows the electron to occupy three-
dimensional space. As we show in Section A.5, this requires a 
wave function of the type R r N e P el

E
l
m i mn( ) (cos( ))

�
= ⋅ ⋅ ⋅ ⋅ ⋅θ φ  

and, subsequently, three quantum numbers to describe the orbit-
als in which electrons can be found. The multiplicative functions 
and their associated quantum numbers describe the size, shape, 
and orientation in space of the orbitals of an atom.

In contrast to the principle quantum number, n, which is 
(like in Bohr’s model) coupled to the radial component of the 
wave function and describes the size of the orbit, the angular 
momentum quantum number, ℓ (the polar component), and the 
magnetic quantum number, mℓ (the azimuthal component) are 
required. The angular quantum number (ℓ) describes the shape 
of the orbital. As depicted in Figure 1.5, orbitals have shapes that 
are described as spherical (ℓ = 0), and with some imagination 
polar (ℓ = 1), or cloverleaf (ℓ = 2). They can even take on more 
complex shapes as the value of the angular quantum number 
becomes larger. There is only one way in which a sphere (ℓ = 0) 
can be oriented in space. For higher angular numbers and, subse-
quently, more complex shapes, the orbitals can point in different 
directions. We, therefore, need the magnetic quantum number, 
mℓ, to describe the orientation in space of the particular orbital. 
This is called the magnetic quantum number because the effect 
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FIGURE 1.5 Some three-dimensional representations of orbitals in the hydrogen atom (a), and a Franck Condon energy diagram for molecules (b).
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of different orientations of orbitals was first observed in the pres-
ence of a magnetic field.

There are certain rules that govern the allowed combination 
of quantum numbers. All quantum numbers are positive inte-
gers, whereas n must be greater than zero (n = 0 is forbidden). 
The angular number ranges from 0 to n−1. If n = 3 this means 
ℓ can be 0, 1, or 2. The magnetic quantum number, mℓ, can be 
any integer between –ℓ and ℓ. If ℓ = 1, mℓ can either be −1, 
0, or 1. Orbitals that have the same value as the principal quan-
tum number form a shell. Orbitals within a shell are divided into 
subshells that have the same value of the angular quantum num-
ber. Some conventions describe shells and subshells in which 
an orbital belongs with a two-character code such as 2p or 4f. 
The first character indicates the shell (n = 2 or n = 4). The sec-
ond character identifies the subshell. By convention, the follow-
ing lowercase letters are used to indicate different subshells. s: 
ℓ = 0, p: ℓ = 1, d: ℓ = 2, and so on. There is only one orbital in 
the n = 1 shell, because there is only one way in which a sphere 
can be oriented in space. The only allowed combination of quan-
tum numbers for which n = 1 is ℓ = 0 and mℓ = 0, which then 
is called the 1s orbital. There are four orbitals in the n = 2 shell: 
n = 2 is ℓ = 0 and mℓ = 0 is called the 2s orbital, while n = 2 
is ℓ = 1 and mℓ = −1, n = 2 is ℓ = 1 and mℓ = 0, and n = 2 is 
ℓ = 1 and mℓ = 1 are the three 2p orbitals. Moreover, accord-
ing to Pauli’s exclusion principle (Pauli 1947) it is impossible for 
two electrons of a poly electron atom to have the same values 
of quantum numbers; therefore for two electrons residing in the 
same orbital where n, ℓ, and mℓ are the same, the spin of the elec-
trons must be different. This is expressed by the fourth quantum 
number, ms, which can be opposite half-integer spins with values 
of 1/2 and −1/2. These opposite spin states are also called spin 
pairing. In the ground state, 0s, electrons are tightly bound to the 
nucleus, while in the higher orbitals electrons can be considered 
as almost free electrons. As before in Bohr’s atom model, elec-
trons can change their energetic level within the shells, which 
we identify with absorption, excitation, and emission. Since the 
energy states are well defined, we can find for each process an 
associated lifetime, Δτ, which is defined by the (energy) uncer-
tainty relation (Equation 1.11). For instance, a 3s electron of a 
vaporized sodium atom is excited within femtoseconds (10−15 s) 
to the 3p state by absorption of a radiation at wavelengths 589.6 
and 589.0 nm. After 10−8 s, the electron returns to ground state 
and, on its return, it emits radiation of the two wavelengths into 
the entire solid angle, 4 · π. If the electron spin is not changed as 

in the example, the emission is called fluorescence. Since most 
of the time we will not deal with single atoms, but rather with 
atoms embedded in molecules, we have to look into the possible 
electronic states of molecules. A singlet state is defined when 
all the electron spins are paired in a molecular energetic state, 
and is denoted with Sk, where k ≥ 0 is an integer. S0 denotes the 
energetic lowest ground state of the molecule. For higher k, the 
molecule is in an energetic excited state.

As shown in the Franck Condon (Condon 1926; Franck 1926) 
energy diagram in Figure 1.5, transitions within the singlet states 
are possible, whereas excitation happens within femtoseconds 
(10−15 s) and vibrational relaxations (remember we are thinking 
now of molecules) of excited state electrons to the lowest energy 
state are in the order of picoseconds (10−12 s) or, more precisely, 
from 10−14 s to 10−11 s. The fluorescence from the S1 to the S0 
state is in the order of nanoseconds to some tenths of microsec-
onds (10−9 s–10−7 s). The emission of longer wavelengths and 
the return to the ground state occurs within nanoseconds. If a 
change in electron spin is involved, the lifetime of the excited 
state is prolonged, and can be in the order of seconds to minutes. 
Because of the high specificity, spatial resolution and extreme 
sensitivity of the emission profiles, techniques that are using 
fluorescence are rapidly emerging in cell biology, genetics, and 
in general preclinical in-vivo imaging. We should add that fluo-
rescence is excessively used in imaging detector technology, 
since it allows shifting wavelength from the X-ray regime into 
the optical regime and the subsequent detection with optical sen-
sors such as charge coupled devices (CCDs) or complementary 
metal–oxide–semiconductors (CMOS imagers).

1.4.2 Incoherent Thomson Scattering

After the excursion in the world of atom models, we can turn 
towards the microscopic view of interaction of radiation with 
matter, and subsequently towards cross-sections.

When a wave field of frequency, ω0, and wavelength, λ, 
impinges on an isolated atom, it can interact in a different man-
ner with the bound electrons in this atom. For weakly bound 
electrons in the outer orbitals of the atom, and a long wave-
length (compared to the Bohr radius) of the incident radiation 
(Section A.1.4), the electron would be accelerated along the 
polarization of the wave, 

�
Π0, similar to a cork bouncing on water 

waves (Figure 1.6a). While doing so, the cork will be a source of 
spherical waves which propagate with the same frequency as the 

a S ( r ,t ) ≈ n�
�

� � �

�

∏0

k

�r �k0
�Pγ

i

�Pγ
f

�Pe
f

ω i
θ

ω f

ω0 λ

(a) (b)

FIGURE 1.6 Scheme of (a) incoherent elastic and (b) inelastic Compton scattering. We should note that (a) is rather an artistic view. We would expect the 
donut-shaped emission pattern in the far field, and not that close to the electron as indicated in (a).
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incident wave field. Since the electron undergoes a continuously 
changing but periodic acceleration, this bouncing electron emits 
dipole radiation with the same frequency, ω0, and wavelength, 
λ, of the incident radiation. The quantity that we are eventually 
interested in is the flux of energy per surface element generated 
by the oscillating electron normalized to the energy flux of the 
incident radiation, which is referred to as a differential cross-
section. In other words, the differential cross-section is given by:

d
d

σ
Ω

=
energy emitted per solid angle by the electron
energy flux of thee electro magnetic radiation  

(1.30)

which basically describes the angular distribution of the scatter-
ing event. For a weakly bound electron, we calculated the differ-
ential cross-section in Section A.1.4, and we obtained, according 
to Equation A.52, a polarized incident wave field
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(1.31)

where θ denotes the angle between the polarization, 
�
Π0, and the 

direction, 
�
n , of an observer, as indicated in Figure 1.6a. The sin2(θ) 

factor defines the typical donut shaped emission pattern of the radi-
ated fields when seen from a distant point, 

�
r . Regarding the multi-

plicative factor, one should verify that the dimension of such metrics 
is given in m2 and, therefore, really can be considered a cross-sec-
tion. This result was first obtained by J.J. Thomson in 1906 and is, 
therefore, referred to as the “Thomson scattering cross-section.” To 
evaluate the order of magnitude of the total Thomson cross-section, 
we need to integrate over the solid angle (Equation 1.31) as we do in 
Equation A.54 and we obtain, accordingly,

 
σ

π
Th r=

⋅
⋅

8
3 0

2.
 

(1.32)

The quantity e m c2
0

2 154 2 8 10/ m⋅ ⋅ ⋅ ⋅ = ⋅ −π ε .  is the value 
of the so-called “classical electron radius,” r0, which can be 
understood as the radius of a spherical shell of total charge, e, 
whose electrostatic energy equals the rest mass energy of the 
electron. We can, therefore, consider an electron, when scat-
tering radiation, as a solid sphere with a radius of the clas-
sical electron radius order. The total Thomson cross-section 
σTh = ⋅ =−0 665 10 0 66524 2. .cm barn  is independent from the 
wavelength of the incident radiation, which indicates that the 
scattering of electromagnetic waves on weakly bound or free 
electrons is the same across the entire spectrum of wavelengths 
from microwaves to X-rays. However, we should keep in mind 
that, according to the correspondence principle, the Thomson 
cross-section remains valid only at low frequencies, when the 
photon momentum P ci

γ ω= ⋅� /  can be neglected.

1.4.3 Incoherent Compton Scattering

When the wavelength is of the order of the Bohr radius, λ ∼ a0, 
or smaller, the electron with the mass m will not just bounce up 
and down anymore, as assumed previously, but will receive a 

momentum transfer of the incident wave field, which is given by 
P ci

γ ω= ⋅ � / . In the cork–water picture, this means that the ripples 
of the water wave field are pushing the cork in a forward direction. 
We saw before when discussing Thomson scattering that the fre-
quency and, subsequently, the energy of incident and radiated pho-
tons are equal. Therefore, no energy transfer on the electron took 
place. Now, when the photon momentum is in the order of m · c, 
we have to correct the classical Thomson cross-section accord-
ingly. Such corrections for scattering on electrons are needed for 
photon energies of the order of tens or hundreds of keV, which is 
the energy range used in diagnostic X-ray imaging. In this case 
our photon-electron scattering can be considered as a two-body 
process, where we have to obey momentum and energy conserva-
tion. Using relativistic kinematics, we were able to obtain the dif-
ferential cross-section for a Compton scattering process on a free 
electron possessing the mass m in Section A.1.7. Also, taking the 
electron spin into account we ended up with the so-called “Klein–
Nishina differential cross-section,” which is given by
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(1.33)

with ϒ = ⋅ ⋅� ωγ
i m c/( )2 , where ωγ

i  is the frequency of the inci-
dent photon, and θ is the angle between the scattered photon 
and the emitted Compton electron. The energy transfer onto the 
electron is maximized when the incident photon is backscat-
tered, thus for θ = π. The angular distribution of the differential 
Compton scattering cross-section is depicted in the form of a 
polar plot in Figure A.4 for different energies of the incident pho-
ton. In comparison, we added the trace of the Thomson differen-
tial cross-section to the graph, which is symmetrical for forward 
and backward scattering. The area enclosed by the contour of the 
Thomson cross-section can be interpreted as the frequency of 
the emitted radiation normalized to the frequency of the incident 
photon. Since no energy transfer takes place in a Thomson scat-
tering process, the ratio is unity and, subsequently, the enclosed 
area is maximized. We can see that the differential cross-sec-
tion becomes more concentrated in the forward direction as the 
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photon energy increases and the enclosed area decreases. For 
20 MeV photons, we have a very narrow angular distribution in 
forward direction, with little backscattering contribution. When 
for a given scattering angle the photon energy increases, the frac-
tion of the energy transferred to the scattered photon decreases, 
which is manifested by the decreasing area. Therefore, for a high 
incident photon energy, the majority of the energy is transferred 
to an electron. This effect becomes noticeable at the energies of 
the X-rays used in radiology (from 20 keV up to ∼150 keV); how-
ever, predominantly the energy is still transferred to the scattered 
photon. Using the probability density function (PDF) (Equation 
A.94) that we calculate in Section A.1.7, we can describe the 
directional distribution of secondary radiation from a Compton 
scatter process. The relative probabilities of Compton scattering 
are shown versus the scattering angle for seven X-ray energies 
(Figure 1.7). Also, here we included the directional distribution 
of a Thomson process for comparison. The probability is still 
almost symmetric at 20 keV, which points in the forward direc-
tion when the incident energy increases.

As we can see in Figure 1.7, in the range used for clinical radi-
ography, the scattered X-rays are emitted predominantly in the 
lateral direction, and change insignificantly as the incident pho-
ton energy is increased. Consequently, the fraction of Compton 
scattered X-rays emitted laterally between 45° and 135° can be 
significant, and sufficient shielding for personnel involved in 
clinical radiography is mandatory.

As described in Equation A.92, integrating over the solid angle 
we attained the total Compton scattering cross-section. For the 
low energy limit, E m ci

γ � ⋅ 2, where the incident photon energy 
is much smaller than the rest energy of the electron and the high 
energy limit, E m ci

γ � ⋅ 2, we can approximate the Compton 
cross-section with

 
σ σC

e
low Th= ⋅ − ⋅( )1 2 ϒ

 
(1.34)

and

 
σ γ γC

e
high

i iE E∝ ( )ln / ,
 

(1.35)

respectively. This means in the low energy limit, thus for ϒ→0, 
we end up with the Thomson cross-section. In the high energy 
limit the Compton cross-section approximates zero. For a 
Compton event on a poly electron atom of atomic number, Z, 
we can assume that the cross-section increases by exactly the 
factor Z (i.e., σ σC

atom
C
eZ= ⋅ ), since we have Z electrons as poten-

tial scatters available. As is shown in Equation A.90 during a 
Compton process, the incident photon energy is only partially 
transferred to the electron. It is, therefore, quite natural to define 
something like an energy cross-section as

 
σ σγ

γ
ES

f

i C
eE

E
= ⋅

 
(1.36)

And, subsequently, an energy absorption cross-section

 σ σ σEA C
e

ES= − . (1.37)

The latter is relevant for absorption processes and gives us 
the probability to find a given transferred kinetic energy of the 
electron, E E Ekin

i f= −γ γ . If we were able to determine simul-
taneously this energy of the Compton electron and the position 
of the Compton scatter event within a suitable (scatter) detector 
and measure subsequently the position of the scattered photon 
in a second photon absorption detector, then we would know the 
origin of the incident photon along an elliptical base of a cone in 
the image plane (Figure 1.8).

The opening angle of the cone is equal to the Compton scatter-
ing angle, which, according to Equation A.89, is given by

 
cos( )

( )
( )

θ
γ γ

γ
=

⋅ + −
⋅ −

E
E

kin

kin

1
1  

(1.38)

when rearranging the equation for cos(θ). If the photon was 
emitted for instance by a radioactive source as one of many, 
then all possible directions of incident photons form associ-
ated cones with an axis along the scattered photons, whereas 
the apex lies on the interaction point within the scatter detec-
tor. The intersection of different cones formed by consecutive 
events eventually reproduces the position of the source in the 
image plane. This is the principle of a so-called (fully elec-
tronic) Compton Camera, which finds application in nuclear 
medicine and in single photon emission tomography (SPECT) 
to reveal radioactive tracer elements within a patient. For the 
sake of completeness, we should mention that we could invert 
the Compton process, which means to invert the direction of 
arrows in Figure 1.6. Instead of hitting an electron at rest we 
could shoot a high energy electron onto a low energy photon. 
The electron then would partially transfer its energy onto the 
photon, which then is shifted towards higher frequencies, such 
as to higher energies. This process plays an important role in 
astrophysics (Wilson et al. 2000), but more recently also on the 
search for compact high brilliant X-rays sources beyond syn-
chrotron radiation (Graves et al. 2014).

Subsequent to a Compton scattering event we remain with 
an ionized atom, a photon with reduced energy and a free elec-
tron with a certain kinetic energy in the final state. The further 
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FIGURE 1.8 Principle of a Compton camera/telescope.
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destiny of the ionized atom and the free electron will discuss 
later, when dealing with the photoelectric effect in Section 1.4.5.

1.4.4 Coherent Rayleigh Scattering

Up to now we have just considered weakly bound electrons, 
thus electrons in the outer shells of an atom. In the following we 
want to investigate what is happening when a wave field with the 
frequency ω0 impinges on a bound electron, which we view as 
being bound to the nucleus via a spring with a natural, angular 
frequency ωa. As in the case of Thomson scattering, we assume 
that the wavelength of the incident radiation is reasonably large 
in comparison with the classical electron radius. The oscillating 
electric field of a light wave acts on the charges within a par-
ticle, causing them to move at the same frequency. The particle, 
therefore, becomes a small radiating dipole whose radiation we 
see as scattered light. We also assume that the electron is reason-
ably attracted to its orbit, and does not bother to leave it. In other 
words, once the wave field deflects the electron, it is pulled back 
to its orbit with a damping rate, γa, which we assume is much 
smaller than ωa. In this case, we can apply Newton’s second law 
of motion of the form,

 
m

d r
dt

m
dr
dt

m r e Ea a⋅ + ⋅ + ⋅ ⋅ = − ⋅
2

2

� �
� �

γ ω ,
 

(1.39)

where m is the electron mass, e the electron charge, and 
�
E is 

the electric field of the incident radiation. Following the steps 
described in Section A.1.6, we find, for the cross-section of 
bound electrons,

 

σ σ
ω
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(1.40)

where σTh again denotes the Thomson cross-section. The angular 
distribution is the same as in the case of Thomson scattering. We 

also note that, as the frequency of incident and emitted radiation 
is the same, therefore no energy transfer takes place. In the reso-
nant case when the incident frequency is equal to the oscillating 
frequency of the electron (thus ωa ≃ ω0), Equation 1.40 reduces 
to σ σ ω γ= ⋅Th a a

2 2/ . Since we assumed γa ≪ ωa, the cross-section 
maximizes in this case and can be substantially greater than the 
Thomson cross-section. When ω0 ≪ ωa we can neglect all terms 
in ω0 in the denominator, and Equation A.65 reduces to
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ω
ωRa Th
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(1.41)

This cross-section is named after Lord Rayleigh (John Strutt), 
“Rayleigh scattering cross-section” (Strutt 1871), and depends on 
the inverse fourth power of the wavelength of the incident radia-
tion. This finding enabled Strutt in 1871 to explain the origin of 
the blue color of the sky and the polarization of sunlight. Among 
other applications, such as remote temperature sensing, Rayleigh 
scattering is important in the field of optical fiber transmission 
(thus, in the development of endoscopes) and in medical applica-
tions of (optical) lasers. Absorption and scattering of laser beams 
are important in diagnostics and therapy. In the former, Rayleigh 
scattering is used to elucidate particle sizes with respect to the 
wavelength of the laser in biological tissues. For lasers in the 
ultraviolet range, Rayleigh scattering increases shapely at the 
resonant energy ħ · ωa (Lorentzian line shape of halfwidth γa/2) 
as the laser wavelength decreases. In this fashion, we can tune the 
penetration depth of the laser and, subsequently, can treat near 
superficial cancers, shrink tissues, or control bleeding. While 
Rayleigh scattering is certainly of great value in these applica-
tions, it has a deleterious effect on traditional absorption based 
medical imaging, where the detection of scattered radiation is 
undesired, since it causes image blur and decreases the signal 
to noise ratio in the radiograph. The likelihood of a Rayleigh 
scattering event increases with decreasing X-ray energy, and, as 
we will see in the following section, increases with the atomic 
number of the absorber.
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We now translate the concept of bound electrons to a poly 
electron atom, as indicated in Figure 1.9a. We observed an atom 
with the nucleus of charge Z · e located in the origin of a coor-
dinate system from a distant point 

�
r . We do not stress here the 

point that the wavelength, λ, must be large in comparison to the 
extension of the atom, since such an assumption does not hold 
for high energy X-rays. However, we allow the electron to sit 
at different coordinates, Δ

�
ra . As for the single electron in the 

external wave field propagating along the x-direction, the elec-
trons start to bounce according to the polarization of the electric 
field, and start to emit dipole radiation at the same wavelength, 
λ, as the incident radiation. Due to the fact that we allow dif-
ferent positions of the electron, the propagation distance of each 
electron, 

� � �
r r ra a= − Δ , to the point of the observer at 

�
r  might be 

slightly different, which results in a shift of the relative phases 
ϕ λa ar= | |

�
/ . Therefore, we expect that in the general case the 

phase of the radiated fields emitted from electrons at position 
Δ
�
ra  and Δ

�
ra+1 are shifted by the amount Δ Δ Δϕ λ= − +( )

� �
r ra a 1 /  

when observed from a far distance. Due to this phase shift, we 
might observe a destructive or non-destructive interference of 
the emitted wave fields in the far field, depending on the angle θ 
under which we observe the atom. Following the steps in Section 
1.1 we found, for the total cross-section for coherent scattering 
in forward direction,

 
σ

π
σcoh Thr Z Z∼

8
3 0

2 2 2⋅
⋅ ⋅ = ⋅

 
(1.42)

In contrast to Thomson scattering, where the incident field 
works on independent electrons, here the Z2 factor appears, since 
all Z electrons of the atom contribute coherently to the scattered 
fields. As an aside, we should draw our attention on the quantity 
Δ
� � �
k k k= − 0, which is the difference of the propagation vector 

of the incident radiation and the propagation vector of the scat-
tered fields towards the observer. According to Figure 1.9a, we 
can see that

 | | | | sin( ),Δ
� �
k k= ⋅ ⋅2 0 θ  (1.43)

which can be identified as Bragg’s law (Bragg and Bragg 1913):

 n d⋅ = ⋅ ⋅λ θ2 sin( )  (1.44)

for crystal diffraction, when | |Δ
�
k n d= ⋅ ⋅2 π /  and d is the spac-

ing of the crystal lattice, | |= ⋅
�
k0 2 π λ/  and n is an integer num-

ber. Equation 1.43 explains why the cleavage faces of crystals 
appear to reflect X-ray beams at certain angles of incidence θ 
when we have non-destructive interference. Although Bragg’s 
law was used to explain the interference pattern of X-rays scat-
tered by crystals, diffraction has been developed to study the 
structure of all states of matter with any beam, for example ions, 
electrons, neutrons, and protons, with a wavelength similar to 
the distance between the atomic or molecular structures of inter-
est. Bragg diffraction is observed only in a small band of inci-
dent angles in the order of microradians. A microradiant is the 
angle under which you observe a 1 mm high coin in a distance 
of 1 km, thus really small. This narrow angular range is called 

the Darwin width (Darwin 1914) of the reflection, and is in the 
first order approximation proportional to the wavelength of the 
incident radiation and, subsequently, inverse proportional to the 
energy. This effect is extensively used to select narrow energy 
bands from broad range X-ray sources, whereas the instrument is 
referred to as a monochromator.

1.4.5 Photo Effect

If the energy of the incident photon, ħ · ω, is greater than the 
binding energy of a bound electron in a specific shell, EB, of an 
atom, the photon can be completely absorbed, transferring all its 
energy to the electron. For energy and momentum conservation, 
such an effect is not possible on free electrons, but it requires 
the Coulomb field of the heavy nucleus absorbing the recoil. 
This mechanism is called the “photoelectric effect” (Figure 
1.9b). Here, the photon is exciting the electron from its initial 
bound state, ϕi, into a final state, ϕf. The final state is usually 
an ionized atom and a free electron, such as an electron wave, is 
emitted from the atom. Due to energy conservation, the differ-
ence between the photon energy and the binding energy is trans-
formed into kinetic energy of the now unbound Ekin = ħ · ω−EB 
electron, while the photon annihilates. We are now interested in 
the cross-section of the photoelectric effect which, in analogy to 
Equation 1.30, we define as

d
d

i fσ ϕ ϕ
Ω

=
→energyabsorbed per unit time in

energyfluxof theelectroomagneticradiation
.
 

(1.45)

Following the steps in Section 1.4.5 we ended up with the 
cross-section of the photoelectric effect being given by

 
σ

ε
α σPE ThZ= ⋅ ⋅ ⋅

32
7

4 5 ,
 

(1.46)

where α = e2/(ħ · c) = 1/137 is the fine structure constant, σTh is, 
according to Equation 1.32, again the Thomson cross-section, 
and ε = m · c2/(ħ · ω) is the reduced photon energy. To obtain this 
result, we applied some restrictions. Equation 1.46 holds valid 
only for the following approximations, also known as the non-
relativistic Bohr approximation (Marmier and Sheldon 1969). 
First of all, we considered only light, hydrogen like atoms in the 
1 s state with small atomic numbers, Z. Moreover, we assumed 
that we are far enough from the photoelectric thresholds where 
the binding energy, EB, of the electron is small compared to the 
photon energy. Finally, we restricted ourselves to the case that 
the ejected electron is non-relativistic, which in general holds 
for incident photon energies up to 50 to 150 keV, thus in a range 
which is used for diagnostic X-ray imaging. In this energy 
range, the cross-section drops rapidly with the energy of the 
photon. For higher photon energies (ε ≪ 1, thus Eγ > 1 MeV) 
the energy dependence is smaller and decreases linearly with 
the reduced photon energy. In this case, the cross-section is 
given by

 
σ

π
ε

αPE
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⋅ ⋅
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4 0

2
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(1.47)
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The Z5 dependency in our approximation implies that this 
interaction is favorable for poly electron atoms. However, we 
should remember that we neglect the Z2 in the denominator of 
Equation A.146 and this correction depended on the incident 
photon energy. The higher it was, the higher are the atomic 
numbers allowed in this approximation. Therefore, we would 
expect the exponent of Z to vary between 4 and 5 in the energy 
range from 0.1 MeV to 5 MeV. In any case the proportionality 
to higher powers of the atomic number Z tells us that high Z 
materials are absorbing X-rays much better than light materials, 
since the cross-section is coupled to the mass absorption coeffi-
cient by Equation 1.23. For instance, the composition of the min-
eral component of bones can be approximated as hydroxyapatite 
(Ca10(PO4)6(OH)2) and possesses, therefore, an effective atomic 
number, Zeff

bone ~ .13 8. In contrast, fat is composed basically of 
carbon (Z = 6) and hydrogen (Z = 1), which results in Zeff

fat ~ 6. 
This means that bone features a ( )Z Zeff

bone
eff
fat/ 5 64= -fold higher 

cross-section than fat, which explains why bones are dominant 
radio-opaque features in radiographs.

The effective atomic number we used in this context is equiv-
alent to the atomic number, but is calculated for compounds 
(e.g., water) and mixtures of different materials (such as tissue 
and bone). Apart from utilizing simple mass-weighted averages, 
there are different approaches to calculate Zeff. A coarse (and not 
always accurate) method to calculate the effective atomic num-
ber was proposed by Murty (1965), where Z f Zeff

i
i i= ∑ ⋅ 2 94

2 94
.

.  

when fn denotes the fraction of the total number of electrons asso-
ciated with each element, and Zi is the atomic number of each 
element in the compound of mixture. More accurate methods, for 
instance Taylor et  al. (2012), include interaction cross-sections 
to determine the effective atomic number of some tissues and 
contrast agents (Table 1.1).

The strong Z dependence of the photoelectric cross-section is 
also the reason why chemical elements such as iodine (Z = 53), 
xenon (Z = 54), and barium (Z = 56) are utilized as to enhance 
the contrast of radio-transparent tissues like blood vessels or 
bronchi. Moreover, this explains the utilization of high Z mate-
rials, such as lead for X-ray shielding, and materials such as 
GaAs, CdTe, and Se in direct conversion X-ray imaging detec-
tors (Awadalla 2015).

Although the probability of the photoelectric absorption of 
X-rays decreases with increasing photon energy, we should 
note the appearance of new thresholds, when the incident pho-
ton energy is just sufficient to eject electrons from more tightly 
bound orbits. These thresholds are called “absorption edges,” 

and they correspond to the binding energies of electrons within 
their respective shell. The energy threshold for which the pho-
toelectric effect becomes possible on the most tightly bound 
electrons in the K-shell is called “K-edge”; the one on the 
less tightly bound L-shell is called L-edge. Successive edges 
(M-edge, …) are defined in a similar way. Since for the K-shell 
(n = 1) we have just one orbital (ℓ = 0), the K-edge possesses 
only one peak, while for the L-shell (n = 2) we have three pos-
sible orbitals (ℓ = −1, 0, 1) and, subsequently, three different 
peaks with slightly different energy (Figure 1.10). Interestingly, 
the jump of the cross-section when moving from the L- to the 
K-edge (or more precisely the ratio κ of the cross-sections before 
and after the jump) decreases with the atomic number Z due to 
the electron shielding effect and can be quoted with κ = 8.7 for 
Z = 20 and κ = 4.8 for Z = 80. To enhance the effect of con-
trast agents, we should, therefore, use not too heavy elements 
possessing higher ratios, such as iodine (Z = 53) or barium 
(Z = 56), with κ ∼ 6.

Utilizing high-resolution spectrometers employing for instance 
the Bragg reflection (Equation 1.44), we can observe resonance 
structures in the order of 10% just above the absorption edges. 
The technique is called extended X-ray absorption fine structure 
(EXAFS) (Sayers et  al. 1971), and allows one to quantify the 
chemical state, the temperature, or in general the atomic envi-
ronment of the atom on which the photoelectric absorption took 
place. Recently, EXAFS has found entry in many biomedical 
applications such as the systematic analysis of the biochemical 
effect of magnetic properties of iron oxide nanoparticles (Levy 
et al. 2011), which are used as contrast agents in magnetic reso-
nance imaging and, more recently, in X-ray imaging.

As a consequence of the photoelectric absorption on an inner 
shell (but also subsequent a Compton process), we remain with an 
ionized, thus excited, atom in an intermediated state. Apparently, 
the atom is not very happy about this situation, and wants to 
return as soon as possible (or at least within picoseconds to nano-
seconds) into its ground state. As we saw before in Section 1.1 an 
electron from the jth shell can substitute the missing electron in 
the ith shell ( j > i), whereas the nascent energy (Equation 1.27) 
is emitted as characteristic fluorescence radiation with a char-
acteristic energy of E Z i jfluor = ⋅ ⋅ −13 6 1 12 2 2. ( )eV / / . Since 
the momentum was already transferred during the absorption 
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FIGURE 1.10 Cross-section and mass absorption coefficient for the photo-
electric effect versus the photon energy for xenon.

TABLE 1.1

Effective Atomic Numbers for Some Tissues and 
Contrast Agents

Material Zeff ρ [g/cm3]

Water 7.42 1.0

Air 7.64 0.00129

Fat 5.92 0.91

Muscle 7.46 1.0

Bone 13.8 1.85

Iodine 53.0 4.94

Barium 56.0 3.5
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process at time scales of femtoseconds, the fluorescence radia-
tion is emitted isotopically in the entire solid angle, thus into 
4 · π. The fluorescence process cascades down to the outer shells, 
whereas fluorescence radiation is emitted with always-longer 
wavelengths until the atom grabs a free electron somewhere from 
its vicinity and relaxes in its ground stage. The emitted fluores-
cence radiation can be absorbed by other atoms or by the same 
atom on which the photo effect originally took place. In this case 
an electron in the outer shells of the same atom reabsorbs high 
energetic fluorescence radiation from an inner shell transition. 
As a consequence, a second photo effect takes place with the 
subsequent emission of a so-called Auger electron (Auger 1923). 
If the photo effect took place on the K-shell, and the missing 
electron was substituted by an L-shell electron, then the kinetic 
energy of the Auger electron is given by

 E E Ekin
Auger

K L= − ⋅2 .  (1.48)

This kinetic energy is (as the wavelength of the fluorescence) 
element-specific and, for barium, this would be 9.91 keV. The 
probability that the excited atom relaxes via the emission of a 

fluorescence photon or the ejection of an Auger electron depends 
on the atomic number, Z. As the atomic number increases, the 
shell electrons are more tightly bound, which is lowering the 
Auger emission probability. Since we just have two relaxation 
processes, subsequently the probability of the fluorescence emis-
sion increases. Several semi-empirical equations have been 
developed to calculate the fluorescence yield for a wide range of 
atomic numbers.

According to Hanke et al. (1985), the fluorescence yields for 
K- and L-shell transitions can be approximated with

 ζk Z Z= − ⋅ ⋅ + ⋅ ⋅− −0 337 6 10 3 3 102 3 2. .  (1.49)

and

ζL Z Z Z= − ⋅ ⋅ + ⋅ ⋅ − ⋅ ⋅− − −0 04 4 6 10 1 2 10 1 9 103 4 2 7 3. . . .

 (1.50)

and are shown versus the atomic number in Figure 1.11. The 
probability of an Auger process is then ξ ξK L

Auger
K L, ,= −1 .

The kinetic energy Ekin = ħ · ω − EB of the ejected photoelec-
tron can be substantial. Due to momentum conservation, the 
photoelectron is emitted in the first place mainly in a forward 
direction, whereas the angular distribution is given by Equation 
A.149 and shown in Figure 1.12 and, subsequently, is travel-
ing through matter. During its travels, it will be the subject of 
energy loss due to ionization (knock on electrons) and radiative 
processes (bremsstrahlung) on atoms in the vicinity (see Figure 
A.6). We should adopt the view that, after each collision, the 
electron might change its direction, but, for energy and momen-
tum conservation, on average, it will be directed in the forward 
direction anyway.

During this “directed random walk” through matter, it will 
generate secondary charges and lose its energy, whereas its 
energy loss is governed by the collision stopping power (Equation 
A.107) and radiative stopping power (Equation A.113), as is seen 
in Section A.4. Eventually, the photoelectron will thermalize and 
will be grabbed by an ionized atom. In Figure 1.13, we depict the 
situation using data generated by the ESTAR (see Table E.1 in 
Appendix E) database from the National Institute of Standards 
and Technology (NIST) (Berger 1992). Shown here is the energy 
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loss or better the stopping power given (in MeV · cm2/g) versus the 
electron energy (in MeV) in brain tissue (density ρ ∼ 0.99−1.2 g/
cm3, so basically 1). Multiplying the stopping power with the 
brain density, this means that a 10 keV photoelectron is losing 
∼20 MeV per cm. Since we just have an energy of 10 keV avail-
able, the electron will travel about one per mille of a cm, thus 
20 µm until it rests.

However, we should note that the range we quote here describes 
the entire length of the electron track. The projected electron 
range for instance on an axis parallel or perpendicular to the ini-
tial photon direction can be substantially smaller. A good rule 
of thumb for the projected electron range perpendicular to the 
photon direction, thus the lateral spread, is given by the empiri-
cal formula of Katz and Penfold (1952):

 
σ

ρ⊥
−= ⋅ ⋅

⋅












1 5 10 6
1 75

2 1 75.
.

.

Ekin g
cm keV

 
(1.51)

which would give us, for 10 keV, approximately 840 nm, thus 
two orders of magnitude less.

For low electron energies, the radiative energy loss can be 
neglected and the collision energy loss is predominant. At 
roughly 100 MeV we hit a so-called critical energy, where both 
contributions are equal. This matches our findings in Section 
A.3 and specifically Equation A.117 when assuming an effec-
tive atomic number of brain tissue of about Zeff = 5.5. For higher 
electron energies above the critical energy, the brain tissue would 
predominately radiate and subsequently become an X-ray tube.

As an aside, let us come back to the Auger electrons. Because 
of their low energy and, subsequently, their relatively small 
range in tissue, these Auger electrons are excellent candidates 
to generate double strand breaks in the DNA of the cancer cell, 
which subsequently leads to their apoptosis. However, it requires 
mid-range or heavy atoms (from bromine to platinum) incor-
porated into the DNA (such as Cisplatinium) or at least close 
to the DNA to attain therapeutic effects, which are not easy to 
obtain. In the case of barium, using Equations 1.48 and 1.51, thus 
Ekin = 9.91 keV→σ⊥ ∼ 900 nm, we are dealing with a range of 
the Auger electron of about 1 µm, which is in the order of the size 
of the cell nucleus. With the increasing use of nanometer sized 
particles, which can be incorporated into cells by phagocytosis 
or endocytosis (Menk et al. 2011), Auger electron based tumor 
therapy will certainly have an impact in the near future.

On its random walk the photoelectron generates an average 
nch = (ħ · ω − EB)/wion charge, whereas wion is the required energy 
to generate a free ion and electron pair. Typically, wion is in the 
order of 30 eV for gases and roughly an order less for solid states 
(3.6 eV for Si). If we account also for the emitted fluorescence we 
will end up with

 
n

wch
ion

=
⋅� ω

 
(1.52)

charge carriers on average. Naively thinking, we could assume 
that similar to the photon statistics the uncertainty in the num-
ber of generated charge carriers follows Poisson statistics. As 
we saw, the charge carriers are yielded from different cascade 
processes and, therefore, they are not statistically independent. 

Due to these correlations and applying error propagation, the 
final error is with σ( )n F nch ch= ⋅ , smaller than predicted by 
Poisson statistics. The material depending factor, F, is called the 
“Fano-factor” (Fano 1947) and ranges from 0.08 to 0.32 (for sili-
con F = 0.115). It effectively reduces the error in the measure-
ment of the photon energy using spectroscopic X-ray detectors, 
based on photon to charge conversion. The final energy resolu-
tion, ΔE, we can obtain is given by

 
ΔE F w Eion ele= ⋅ ⋅ ⋅ +2.355 γ σ2 ,

 
(1.53)

where σele
2  is the electronics noise in terms of electron volts, and 

the factor 2.355 is the conversion from σRMS to full width at half 
maximum (FWHM). Just to give you an idea, the FWHM of the 
energy resolution of an ideal silicon detector (wion ≈ 3.6 eV) with 
negligible electronics noise would be around 116 eV at the Kα fluo-
rescence line at 5898.75 eV of an ion (55Fe) source. Such detectors 
working on the Fano limit are widely used to elucidate the energy 
of characteristic fluorescence lines and, subsequently, the chemi-
cal composition of samples or more recently in spectral imaging.

1.4.6 Pair Production

For the sake of completeness, but without further deduction 
from fundamental equations, we will briefly discuss another 
high energy photon interaction (>MeV) that takes place in the 
vicinity of the Coulomb field of a nucleus or of an electron. 
At  these energies, Einstein’s mass energy equation (Einstein 
1905b), ħ · ω = m · c2, becomes relevant, telling us that we can 
convert energy (or photons) into matter, and vice-versa. For 
energy, momentum, and charge conservation, such conversion 
has to satisfy some conditions. Since the photon is neutral, the 
total charge generated in the process must add up to zero. This 
is possible because of the positron, which is the anti-particle of 
the electron, such as it possesses identical mass, but a positive 
electron charge, which was proposed first by Dirac (1928). As an 
electron– positron pair producing in free space cannot simultane-
ously satisfy conservation of energy and momentum, it requires 
the Coulomb field of the nucleus or another electron to absorb the 
recoil. In order to satisfy the kinematics, the energy of photon Eγ 
must be higher than a threshold value

 
E m c

m c
M

m cγ ≥ ⋅ ⋅ + ⋅
⋅

≈ ⋅ ⋅2 2 22
2 2

2,
 

(1.54)

where M denotes the mass of the nucleus and m the mass of 
the positron and electron, respectively. Since M ≫ m, we can 
approximate the threshold energy with the right hand side of 
Equation 1.54, at least for the pair production in the Coulomb 
field of the nucleus. In other words, in this case, we need to have 
at least twice the rest mass of the electron. If the pair production 
takes place in the vicinity of another electron, thus, we have to 
substitute M → m, and the threshold energy is then given by:

 
E m cγ ≥ ⋅ ⋅4 2.

 (1.55)

This process, however, is less probable than the pair produc-
tion in the Coulomb field of the nucleus. If the photon energy 
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is substantially greater than the rest mass of the electron, 
Eγ ≫ m · c2, then the cross-section is given by (Heitler 1954):

 

σ αpair Z r
Z

= ⋅ ⋅ ⋅ ⋅ ⋅











−












4

7
9

183 1
54

2
0
2

1
3

ln 

≈ ⋅ ⋅ ⋅ ⋅ ⋅






















7
9

4
1832

0
2

1
3

Z r
Z

α ln 
= ⋅

⋅
7
9 0

A
N xA

,

 

(1.56)

where x0 is the radiation length of the electron, defined in 
Section A.3.

As a side remark, the inverse process is referred to as position–
electron annihilation that finds applications for example in posi-
tron–electron tomography (PET) (Ter-Pogossian et al. 1975), an 
indispensable instrument in functional imaging, oncology, and 
neuroimaging. Here a circular arrangement of suitable detectors 
reveals a pair X-rays that are generated during the annihilation 
process. The sources of the required positrons are β+ emitting 
and biologically active molecules such as fludeoxyglucose, which 
are injected into the body and accumulate in regions of the body 
with increased metabolic activity, such as cancers of active parts 
in the brain.

1.4.7 Photo–Nuclear Interactions

When the wavelength is substantially smaller than the Bohr 
radius, λ < a0 (for instance the associated wavelength for 10 MeV 
photons is ≈12.4 · 10−12 m), the incident wave field can interact 
with the nucleus, which possesses spatial extensions in the range 
of 1.75 fm (1.75 · 10−15) for hydrogen to about 15 fm (15 · 10−15

 m) 
for uranium. Baldwin and Klaiber (1947) observed that, at high 
excitation energies of about 15 to 20 MeV, the nucleus acts as a 
strong absorber of the incident photons. This phenomenon was 
named the giant nuclear resonance (GNR). These resonances are 
called giant because of their great strength, with 50% to 100% 
of the theoretical limit concentrated in a compact energy region.

To understand this type of interaction, we have to have a closer 
look at the composition of the nucleus. We briefly discussed 
Rutherford’s atom model before. He came up with this model 
as a consequence of experimental results when he was shooting 
α particles through thin gold foils, from which he deduced that 
only the presence of a very strong force could explain the deflec-
tion of the massive and fast moving α particles at very large 
angles. This justified the idea of a nuclear atom with a dense 
center of positive charge and mass. Our present understanding 
is that the nucleus of an atom consists of neutrons and protons, 
which in turn are built up by three even more elementary parti-
cles, so-called quarks. Similar to molecules that are held together 
by electromagnetic force, composite nuclear particles made of 
quarks—the so-called hadrons—are held together by a nuclear 
strong force. Triple quark hadrons such as protons and neutrons 
are referred to as baryons, while two quark particles are called 
mesons. The nuclear strong force has a very short range, but 
extends far enough from each baryon so as to bind the neutrons 
and protons together against the repulsive electrical force stem-
ming from the positively charged protons. Eventually, the strong 
force drops to zero just beyond the edge of the nucleus that lets 

the nucleus appear Z-fold positively charged. At this point only 
the Coulomb force is seen by the negative charge of the electrons, 
which eventually holds them in their orbits. We can imagine the 
nucleus as a drop of incompressible nuclear proton/neutron fluid 
of very high density. This liquid drop model was first proposed by 
Gamow (1928) and then further developed by Weizäcker (1935), 
who came up with the semi-empirical mass formula (SEMF) 
which allow one to estimate the mass and various other proper-
ties of an atomic nucleus from its number of protons and neutrons 
and explains the spherical shape of most nuclei. According to 
this model, a stable nucleus holds almost a constant density and 
therefore the nuclear radius R can be approximated by

 R A= ⋅π0

1
3

 
(1.57)

where π0 = 1.25 fm is the diameter of the proton and A the 
atomic mass number, thus the sum of Z protons and N neutrons. 
An incident electromagnetic wave with sufficiently short wave-
length will change the charge distribution inside the liquid drop 
and generate elementary modes of oscillations of the whole 
nucleus (see Section A.8). This occurs systematically in most, 
if not all, nuclei. It can cause a radial swelling and ebbing of the 
liquid sphere, thus a radial oscillation (monopole), dipole, quad-
rupole, and higher order pole oscillations of the nucleus, which 
eventually could explain the observed peak in the photoabsorp-
tion probability, thus the GNR. It was Goldhaber and Teller 
(1948) who interpreted first the GNR as the excitation of a col-
lective nuclear vibration in which all the protons in the nucleus 
move collectively against all the neutrons, providing a separation 
between the centers of mass and charge, thus creating a giant 
electric dipole moment (GDR). The latter is the best known of 
all giant resonances in which protons and neutrons oscillate with 
opposite phase producing a large electric dipole moment, which 
acts as an effective antenna for γ-rays. This implies that we can 
also here use the instruments of classical electrodynamics to esti-
mate the associated cross-sections. Using a similar approach as 
in Section A.1.6 to describe the scattering on bound electrons, 
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we could find in Section A.8 that the cross-section for the GDR 
is given by

 

σ
σ

γ
γ

γ γ

GDR
GDR

GDR GDR

E
E

E E E
( ) ,=

⋅( )
−( ) + ⋅ ⋅

2

2 2 2 2 2 2� Γ
 

(1.58)

which is nothing else but a Lorentzian resonance profile 
(Figure 1.14), similar to scattering on bound electrons (Equation 
1.40) where σGNR is the maximum and EGNR and ΓGNR are the 
mean energy and width of the distribution. Empirically, the 
atomic mass number, A, dependence of the excitation energy 
of the GDR is intermediate between A−1/6 and A−1/3, and can be 
reproduced by a two parameter expression

 E A AGDR = ⋅ + ⋅− −31 2 20 61 3 1 6. . [ ]/ / MeV  (1.59)

For medium or heavy nuclei, Equation 1.59 can be approxi-
mated with E AGDR ∼ 78 1 3⋅ − / [ ]MeV . The width of the GDR is 
typically 4 MeV for medium and heavy but spherical nuclei, which 
can broaden to 8 MeV for non-spherical nuclei. In nuclei with a 
large deformation, the GDR splits into two components corre-
sponding to oscillations along and perpendicular to the symmetry 
axis. In that case, the GDR cross-section is well reproduced by the 
sum of two Lorentzian components (Figure 1.14). In real life, we 
can simulate photonuclear interaction by placing non-Newtonian 
liquids such as Oobleck, which is a non-toxic suspension of starch 
on a powerful subwoofer. Depending on the power and frequency 
of the subwoofer, the Oobleck will deform in the aforementioned 
oscillation modes, but beyond a certain threshold explode and 
spit all over the place. This can happen during GNR as well. The 
absorption of a γ-ray induces a GDR, which eventually breaks 
up by emitting secondary particles. The emitted particle may be 
neutrons, protons, alpha particles, and heavy ions, which will—
as Oobleck—spit all over the place. This is a serious problem in 
radiotherapy, in which MeV γ-rays are used to cure otherwise 
untreatable forms of cancer. Often, linear particle accelerators 
(LINACs) are utilized to generate high energy γ-rays, which are 
then the source of photon nuclear interactions within the LINAC 
or within the patient, with the subsequent emission of secondary 
particles. Since the range of charged particles (electrons, protons, 
and α particles), as seen in Section A.4, is fairly limited, they can 
be easily shielded, at least when generated in the LINAC head. 
Eventually, it is the neutral photo-neutron that causes trouble. 
The propagation of these photo-neutrons in the treatment room 
can lead to an increase in the patients’ and staff’s exposure to 
dose. The radiobiological effects of such photo- neutrons can be 
up to 20 times higher than those of photons with a similar energy. 
Long-term survivors of radiation therapies are at increased risk 
to develop treatment-induced side effects, such as radiogenic sec-
ond cancer, complications of the cardiovascular and central ner-
vous systems, fertility problems, and a myriad of other toxicities 
(Newhauser et al. 2016).

1.4.8 Total Absorption Cross-Section

Having now determined the cross-sections of the major players 
for the interaction of photons with matter, we can use Equation 

1.23 to calculate the total mass absorption coefficient summing 
all cross-sections and multiplying it with N AA / , thus the number 
of atoms

 

µ
ρ

σ σ σ σ=
⋅

⋅ + + +
N

A u
A

incoh coh PE Pair( ).
 

(1.60)

Here we included in the incoherent cross-section 
σ σ σincoh Th C

atom= + , and both the atomic Compton and the 
Thomson cross-sections. Moreover, we summed the cross-sec-
tions of pair production in the Coulomb field of the nucleus and 
the electron. We saw that the various cross-sections possess quite 
different dependencies from the energy of the incident photon 
and the atomic number of the target. Therefore, we expect, for 
Equation 1.60, a quite complicated curve progression versus the 
photon energy, which is different for each chemical element or 
compound. We should be prudent when dealing with Compton 
scattering. As we discussed in Section 1.4.3, we have to distin-
guish between the energy cross-section (Equation 1.36) and the 
energy absorption cross-section (Equation 1.37). If we use the 
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former (Equation 1.60), µ is sometimes referred to as the mass 
attenuation coefficient, while using the latter it is sometimes 
called the mass absorption coefficient (Figure 1.15).

Apart from the difference in the Compton energy and energy 
absorption cross-sections, respectively, we should also recall that, 
for the other interactions, not all of the energy carried by the 
photon is necessarily transferred to matter. This is important for 
dosimetry, where it is important to know how much of the energy, 
ΔE, carried by X-rays of energy, Eγ, is eventually absorbed by a 
material of mass, ΔM = ρ · ΔV. For an infinitesimal layer of skin, 
we can directly calculate the so-called skin dose, Dskin:
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where ϕ0/A is the photon fluence (photon per area, A, which 
should not be confused with the atomic mass, A), T is the trans-
mission, as defined in Equation 1.4, and Δx is the extension 
of the volume into the propagation direction (x-direction) of 
the photons. For small volumes, x → 0 and Δx → dx, we can 
approximate the exponential by its first order Taylor expansion 
and execute the differentiation. It therefore makes sense to define 
a mass energy absorption coefficient, µen/ρ (Hubbell 1982) that 
is related to the sum of the kinetic energies of all those primary 
charged particles released by photons per unit mass (KERMA) 
(ICRU 1980). For the KERMA we can directly exclude coherent 
and Thomson scattering, since—as we discussed above—during 
those processes no energy transfer takes place. High energy fluo-
rescence radiation might escape out of a regarded volume, A · Δx, 
while low energy fluorescence might create collective excitation 
like phonons or plasmons, which, therefore, will not contribute to 
the energy balance (Figure 1.16).

The energy mass attenuation coefficient is, therefore, given by 
the sum of weighted cross-sections (Hubbell 1982)

µ
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σ σ σen A
incoh incoh PE PE Pair Pair
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A u

f f f=
⋅

⋅ ⋅ + ⋅ + ⋅( ),
 

(1.62)

where fPE = 1 − Efluor /Eγ, f E E EPE
f

fluor= − −1 ( )γ γ/ , and fPair =
1 2 2− ⋅ ⋅ +( )m c E Efluor / γ. As we see, the weighting factors 
neglect the energy of the fluorescence, which is normalized to 
the energy of the incident radiation. Regarding the weighting fac-
tor of the Compton scattering, we recognize the factor E Ef

γ γ/  
that appeared previously in the energy absorption cross-section 
(Equation 1.37).

Multiplying Equation 1.62 with the photon fluence, ϕ0/A, and 
the photon energy, will directly yield the KERMA.

1.4.9  Complex Refractive Index and 
Atomic Scattering Factors

Summarizing up to now, we see that we can subdivide the 
interaction of photons (at short wavelengths) with matter into 
processes with and without energy transfer. These are also 
referred to as resonant (photo effect, Compton effect, and pair 

production) and non-resonant (Thomson and coherent scatter-
ing) processes, whereas the resonant bit proceeds—as we saw—
via an intermediate excited state. This intermediate state relaxes 
by production of fluorescence radiation and Auger electrons, 
which have energies characteristic of the atom. To describe these 
two classes of effects in a simple macroscopic model, a single 
quantity such as the refractive index, n (n being a real number), 
is not sufficient. Our ancestors, therefore, packed everything into 
a complex refractive index, n = 1−δ + i · β, and this was truly a 
brilliant idea. They called the parameters δ and β the refractive 
index decrement and the absorption index, and they refer to non-
resonant and the resonant processes, respectively. To understand 
the effect of moving from a real to a complex index of refrac-
tion, we assume a plane wave with amplitude, E0, and frequency, 
ω, propagating in the x-direction, ( )

� �
k k ex= ⋅ . The one-dimen-

sional solution that solves the general wave (Equation A.6) and is 
given by Equation A.16 is:
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0
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 (1.63)

having the dispersion relation (Equation A.18) given by
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For long wavelength photons, n is a real number and is greater 
than unity, and that explains refraction due to the reduced speed 
of light in that material. Substituting now the complex index 
of refraction into the right hand side of Equation 1.64, we get 
k = ω · (1−δ + i · β)/c and substituting this wave number into 
Equation 1.63 gives:
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Since the intensity is the time averaged modulo (thus E* · E, 
where the asterisk denotes the complex conjugate) of the Pointing 
vector, all imaginary terms in Equation 1.65 cancel out, while 
the real terms remain, and we obtain:
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whereas we used the relation ω/c = 2 · π/λ in the exponential 
function on the right hand side. According to Equation A.50, we 
can identify the coefficient in front of the exponential on the right 
hand side as the intensity of the undisturbed wave field, which we 
denote with I0 ; therefore we get

 I x I e
x

( ) ,= ⋅
−

⋅ ⋅ ⋅

0

4 π β
λ  (1.67)
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which is the Lambert–Beer law (Equation 1.3) for a slab of a single 
material of thickness x. With a direct comparison of the argument 
of the exponential, this means we can rewrite the attenuation coef-
ficient, µ, in terms of the absorption index, β; thus µ = 4 · π · β/λ. 
After the quite painful calculations in Section A.1.6, we were also 
able to show that the complex index of refraction n is related to the 
atomic scattering factors in forward direction, f1

0 and f2
0, through:

 
n

r n
f i f ia( ) ( ) ( ) ,ω

λ
π

ω ω δ β0
0

2

1
0

0 2
0

01
2

1= −
⋅ ⋅

⋅
⋅ − ⋅( ) = − + ⋅

 (1.68)

where r0 is the classical electron radius and na is the number of 
atoms of per unit volume (see Equation A.80) which is directly 
proportional to the electron density. Typical electron densities 
are for muscle 3.36 · 1023 electrons/gram, for fat 3.16 · 1023, and 
for bone 5.55 · 1023.

The direct comparison gives us δ ω λ π= ⋅ ⋅ ⋅ ⋅f r na1
0

0
2 2( ) ( )/  

and, accordingly, β ω λ π= ⋅ ⋅ ⋅ ⋅f r na2
0

0
2 2( ) ( )/ . Using the lat-

ter, we can express µ in terms of the atomic scattering factor, f2
0,
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(1.69)

and, subsequently, using the relation between µ and the cross-
section (Equation 1.23)

 σ λa r f= ⋅ ⋅ ⋅2 0 2
0.  (1.70)

We used the subscript a to emphasize that we are dealing here 
exclusively with absorption cross-sections. Certainly, we can also 
employ a transmission measurement of a well-known absorber of 
thickness x at a well-known wavelength, λ, to determine µ accord-
ing to Equation 1.69, but the precise experimental determination 
of the linear absorption coefficient is not trivial at all. When 
rearranging Equation 1.70, we can derive f2

0 from the atomic 
 photoabsorption cross-section, thus f r a2

0
02= ⋅ ⋅ λ σ/ , and this 

is how databases are normally calculating the scattering factors. 

Obviously, as for the absorption cross-section, the amplitude of 
f2

0 depends on the photon energy, and it increases sharply at the 
absorption edges of the scattering atoms, at least in the energy 
range interesting for radiography (10–150 keV). Owing to the 
so-called Kramers–Kronig relationships (Kronig 1926; Kramers 
1927), which couples the real part of a complex quantity to its 
imaginary part, we can calculate f1

0 once we have determined f2
0
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where ω is the determination frequency (or energy) and Δfr is a 
relativistic correction term that can be neglected for soft X-rays. 
In other words, for each ω we choose we have to accomplish 
the integration over all possible frequencies, ω′. Actually, we 
do not have to do this, since accessible databases, for instance 
from the Center of X-ray Optics (CXRO) (Henke et  al. 1993), 
did that already for us. As depicted in Figure 1.17a, distal to the 
absorption edges, the amplitude of f1

0 varies smoothly with the 
photon energy. The real and imaginary parts have very different 
dependences on the photon energy. In the energy regime from 10 
to 30 keV, the energy dependence of f2

0 for soft tissue is domi-
nated by that of the photoelectric cross-section, thus, according 
to Equation 1.46, f E2

0 7 2∝ −
γ

/ , while f1
0 is, according to Equation 

A.71, driven by ω0
2− ; thus f E1

0 2∝ −
γ , except in the vicinity of 

absorption edges. Also shown in the graph of Figure 1.17a is the 
ratio f f1

0
2
0( ) / ( )ω ω , which is in the order of 103 to 104 in the 

energy regime from 10 to 30 keV.
This means that, for soft tissue, the non-resonant processes 

(thus Rayleigh and coherent scattering) outstrip the resonant 
processes (photoelectric absorption and Compton scattering) 
by orders of magnitudes, and explains why Rayleigh/coherent 
scattering has such a deleterious effect on traditional absorption 
based medical imaging. If not suppressed by anti-scatter grids, it 
just generates image blur in radiographs. We should add that the 
situation is a bit different in the vicinity of absorption edges, as 
we note in Figure 1.17b, where we depict the atomic scattering 
factors for bone. Here the ratio f f1

0
2
0( ) ( )ω ω/  is not as dramatic as 
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for soft tissue. That does not imply that coherent scattering is not 
useful. In fact, elastically scattered waves interfere, and this is 
the basis for studies of atomic and molecular structures by X-ray 
diffraction and small angle X-ray scattering. Both techniques 
find a wealth of applications in the biomedical field (Chance et al. 
1994). To give a flavor, X-ray diffraction has been predominately 
used to elucidate the human genetic code and the structure of 
macromolecules/viruses, while small angle X-ray scattering is 
applied to clarify semi-ordered structures such as cell membrane 
structures or to understand the working principle of muscles. 
Coherent scattering even allows one to generate holographic 
images on the atomic level (Gog et  al. 1998). Moreover, when 
used in the right way, coherent scattering can yield a wealth of 
information in medical imaging, as we will see in the following.

1.4.10  Absorption Imaging and Phase-
Contrast Imaging

Let us return to the one-dimensional wave field described by 
Equation 1.65. If we observe the right hand side, we recognize the 
three exponential factors where the imaginary part, e−i · ω · (t−x/c), 
describes the wave propagation in vacuum, the decay (real part), 
e−ω · β · x/c, as we saw is responsible for absorption, and the imagi-
nary part, e−i · ω · δ · x/c, is the phase shift due to the medium. This 
means that the phase of the wave field is shifted by the amount
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(1.72)

when travelling through a slab of homogenous material with 
the thickness Δx with respect to a wave field that is propagating 
undisturbed (see Figure 1.1a). For non-homogenous materials we 
obviously have to integrate over the refractive index decrement, 
δ(x, y, z), thus

Δφ
π

λ
δ λ ρ=

⋅
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0( , , ) ( , , ) .x y z dx r x y z dx
 

(1.73)

In principle, this phase shift can be measured utilizing so-
called interferometers (Michelson 1881). The basic idea of such 

an interferometer is to split an electromagnetic wave into two 
equal parts using what is called a beam splitter. In the optical 
regime, a beam splitter would be a half transparent mirror. Both 
beams propagate onto secondary mirrors and from there to an 
image receptor. While the so-called reference beam propagates 
undisturbed through air or similar, the second beam shines 
through something we want to measure and which induces the 
phase shift. When the two light beams are superimposed at the 
image receptor, they interfere, and the phase difference between 
them creates a pattern of light and dark areas, which are referred 
to as interference fringes. By measuring the fringes, we can 
retrieve the phase shift with great accuracy.

At present, most of the X-ray technologies in medical imaging 
rely primarily on the resonant part, f2

0, of the incident radiation, 
and do not depend on its phase, since the latter cannot be derived 
directly from an intensity measurement, as we saw from Equation 
1.67. Let us now consider an ideal absorption measurement of 
monoenergetic X-rays of the energy Eγ, where only the total attenu-
ation of the direct beam is observed, and all non-resonant effects 
(scattering) are rejected (Figure 1.18). We now ask ourselves what 
are the requirements to visualize a detail, which might be a tumor, 
embedded in similar tissue using X-rays. The medical application 
would be, for instance, mammography. The detail (for the ease of 
calculation a cube with edge length w) occupies a volume of w3 and 
is characterized by its energy mass absorption coefficient, µw, and 
its density, ρ. The energy mass absorption coefficient of the embed-
ding tissue of the similar density, ρ, is µt. If ϕ0 denotes the mean 
photon fluence (mean number of photons per area w2) in front of 
the sample, the radiant intensity (average number of photons) 
after propagating through the total length, L, will be, according to 
Equation 1.12, N w e et w tL w

1 0
2= ⋅ ⋅ − ⋅ − − ⋅ϕ µ µ µ( )  behind the tumor 

and N w e t L
2 0

2= ⋅ ⋅ − ⋅ϕ µ  in regions outside the detail. While we 
assume a spatially constant distribution, ϕ0(y, z) = const, incident on 
the sample, the radiant photons, N(y, z), will be modulated accord-
ing to the distribution of the different mass absorption coefficients. 
As stated earlier, we always have to think in terms of mean numbers 
of photons. The difference of the mean numbers of photons behind 
the tumors and behind the normal tissue is then given by
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or Δ ΔN w e wT L= ⋅ ⋅ ⋅− ⋅ϕ µµ
0

2 , where Δµ = µw−µt is the dif-
ference in the mass absorption coefficient of the detail and the 
environment. Recalling that the error of photon numbers is gov-
erned by Poisson statistics, and the fact that ΔN is a function of 
two independent variables, N1 and N2, the associated error can be 
calculated by error propagation according to
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FIGURE 1.18 Basic setup of absorption based imaging in parallel beam 
geometry with monoenergetic X-rays.
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which, according to Equation 1.15 results in a signal to noise 
ratio (SNR) of
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Clearly, the approximation (µw−µt) · w → 0 in Equation 1.75 is 
valid only in cases of very small details or very small differences 
in the mass absorption coefficients. Equation 1.76 represents 
the inherent limit of the signal to noise due to Poisson statistics, 
without considering the detection device. With the definition of 
the skin dose (Equation 1.61) and the definition of the signal to 
noise ratio (Equation 1.76), we get after some rearrangements
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where we introduced the object contrast C w t tµ µ µ µ= −( )/  as 
the difference in the energy mass absorption coefficient nor-
malized to one of the embedding tissue. Equation 1.77 is valid 
for all kinds of X-ray imaging methods, such as radiography 
and computed tomography, and represents the inherent limit of 
X-ray absorption imaging. Of note is that the skin dose increases 
quadratically with the object contrast, Cµ, which is painful, and 
with the fourth power of the detail size, w, which is extremely 
painful. For instance, breast cancer: when detected and treated 
early the 5-year relative survival for localized breast cancer is 
99%. Moreover, larger tumor size at diagnosis is also associ-
ated with decreased survival. In other words: if we want to see a 
breast tumor at an early stage, it should be small. If the target is 
to visualize a half size tumor with the same contrast and signal 
to noise as a full size tumor, we have to increase the radiation 
dose by a factor of 16, which is not always applicable since the 
breast is a radiosensitive organ. We have some margins, since 
the skin dose increases exponentially with the thickness L of 
the tissue. Therefore, in applications where dose restrictions are 
stringent such as mammography, compression of tissue during 
exposure is mandatory. If we are dealing with small sized blood 
vessels embedded in similar tissue such as the coronary arteries, 
Ø ≤ 3 mm, within the myocardium, the natural object contrast 
is insignificant, which results in extremely elevated radiation 
doses that certainly would kill the patient. Therefore, you might 
want to increase the object contrast artificially by injecting suit-
able materials with high atomic number, which are referred to as 
contrast agents. Such contrast agents we mentioned earlier and 
normally are based on iodine, barium, or gadolinium. They do 
their job, even diluted, since the absorption coefficient is gov-
erned by the photo effect. More recently, contrast agents based 
on solid metallic nanoparticles have found their way in medi-
cal imaging, which can be surface modified and designed for a 
specific functionality. Such contrast agents are very promising 
candidates in near future medical imaging with X-rays, due to 
their ability to cross for instance the blood–brain barrier (Sousa 
et al. 2010).

If such tricks to increase contrast and sensitivity are not appli-
cable, we have to think of something else to overcome the dose 
limits governed by Poisson statistics. We mentioned before the 

extraordinary sensitivity of interferometers. Let us consider 
a slab of soft tissue of thickness Δx = 5.4 mm, and a pho-
ton energy of 20 keV λ ∼ 6.2 · 10−11

 m. For this photon energy, 
δ = 5.766 · 10−7 and β = 3.462 · 10−10 and, therefore, Δϕ ∼ π and 
µ = 4 · π · β/λ ∼ 0.7 m−1, which translate into an absorption of 
0.0034% or 0.3%. This absorption in fact is very small, while the 
phase shift is substantial. We should keep in mind that we cannot 
determine a phase shift directly by simply measuring intensities 
with X-ray detectors (Equation 1.67). However, using an inter-
ferometer as described above we are able to let the undisturbed 
wave field interfere with the wave field propagating through 
the slab, and we will observe destructive interference (since we 
have a phase shift of π). Therefore, the wave fields would add to 
zero and, subsequently, the photon would appear as absorbed in 
the slab of matter. In other words, we compare here an appar-
ent phase driven absorption of 100% with a real absorption of 
0.3%, which translates into a 333-fold increase in contrast and, 
according to Equation 1.77, a dose reduction by five orders of 
magnitude. Utilizing imaging techniques based on phase effects 
is referred to as phase-contrast imaging. In the optical regime, 
phase contrast has been exploited to distinguish between struc-
tures of similar transparency or in dark field microscopy; how-
ever, the translation of these contrast mechanisms to similar 
X-ray modalities is not straightforward. This is due to the fact 
that the index of refraction, n, for X-rays is very close to unity, 
and the wavelength in the X-ray regime is that short. To build an 
interferometer in the X-ray regime, for instance, it requires mir-
rors or optical components that are optically flat, in other words 
a precision of a fraction of the wavelength, which is not trivial 
to achieve. It, therefore, took until 1965 for the first functional 
X-ray interferometer to be built (Bonse and Hart 1965), and 
another 30 years until such a technique was applied to biomedi-
cal imaging (Momose et al. 1996). As depicted in Figure 1.1, the 
retarded wave will change its propagation direction by a refrac-
tion angle, ΔθR, which, for X-ray wavelengths, is in the order of 
microradians. For small phase gradients, the refraction angle can 
be expressed as
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where | |
�
kx  is the length of the wave vector of the incident radia-

tion propagating in the x-direction and the second term on the 
right hand side is the first derivative of the phase in the dif-
fraction direction z. Since the refraction angles for X-rays are 
in the same order as the Bragg diffraction (Equation 1.44), we 
can use perfect crystals to analyze the direction of the radiant 
radiation with great precision and in principle recover the phase 
information by integrating over the refraction angle, thus the 
differential phase (Chapman et al. 1997). Techniques using this 
approach are often referred to as Analyzer Based Imaging. If 
we are using wave fields with sufficient spatial coherence, the 
undisturbed and the refracted wave (Figure 1.1a) can interfere 
in the far field at intermediate distance between sample and the 
image receptor generating interference fringes. In contrast to 
crystal interferometry, the recorded interference fringes f are 
not proportional to the phase itself, but to the second derivative 
of the phase, thus
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Therefore, the method is most sensitive to abrupt changes 
in the decrement of the refractive index. This leads to stronger 
contrast outlining the surfaces and structural boundaries of the 
sample (edge enhancement) when compared with a conventional 
radiogram. This technique is often referred to as free propa-
gation phase contrast (Davis et al. 1995; Snigirev et al. 1995). 
Combinations of X-ray interferometry and analyzer based imag-
ing are the so-called edge illumination technique (Olivo et al. 
2001) and Talbot–Laue interferometry (David et al. 2002).

We know phase effects in the optical regime from our daily 
life experience, often without noticing them. For example, the 
water content of a storm cloud can fit into a water column of 
some meters high. In crystal clear water, the attenuation coef-
ficient for a wavelength of 418 nm is about 0.0044 m−1, which is 
an attenuation length of about 227 meters. In other words water 
is not a great absorber of sunlight. However, sunlight is happily 
refracted within the water drops that form the cloud and scatter 
out of the field of view of an observer at ground level. Similar to 
analyzer based imaging, for this observer the refracted photon 
was apparently absorbed. Since the scatter cross-section is that 
large, hardly any photons will not be refracted, and this explains 
why the cloud is able to entirely obscure the sun. We can exploit 
this effect for refraction based contrast agents, which are less 
toxic than absorption based contrast agents (Arfelli et al. 2010). 
Regarding the free propagation phase contrast, it is sufficient to 
watch the ripples in a swimming pool. For the same reason, as 
discussed before, you do not appreciate the ripples by absorp-
tion, but due to their interference. To give a flavor of how a phase 
contrast or an analyzer based imaging signal looks, we can think 
of a simple phase object (no absorption) like a nylon wire with 
radius R with constant refractive index decrement δ measured 
against a constant background. The phase shift is then, according 
to Equation 1.72, given by Δ Δφ δ δ∼ ⋅ = ⋅ −x R z2 2 . With 
such a phase shift we can calculate the signal derived from ana-
lyzer based imaging and free propagation phase contrast accord-
ing to Equations 1.78 and 1.79. The situation is shown in Figure 

1.19, where we can appreciate the contrarian refraction angles on 
the opposing boundaries of the wire and the associated interfer-
ence fringes from free propagation phase contrast.

We will stop reviewing different phase-contrast techniques 
here, since they will be discussed in detail in the subsequent 
chapters. However, we should still point out that the phase shift, 
φ, and subsequently the scattering angle, ΔθR, are proportional 
to na (the number of atoms of per unit volume) and, hence, to the 
nuclear charge Z (Equation 1.68). This dependency is similar to 
that of the Compton cross-section (Equation 1.36). The latter, 
however, is well known to produce little contrast in radiographic 
images when compared to photoelectric absorption imaging, 
since here the cross-section is proportional to Z5. However, the 
expectation of faint images in phase-contrast imaging is not 
justified for the following reasons: both Compton and photo 
effect cross-sections are proportional to r0

2 instead of the much 
larger factor r0

2⋅ λ  appearing in Equation 1.68. Moreover, the 
phase shift at a given energy is only weakly coupled to absorp-
tion through the Kramer Kronig dispersion relations (Equation 
1.71) and last the interference with the primary wave gives a 
strong enhancement on boundaries of materials featuring dif-
ferent indices of refraction. Although phase contrast techniques 
were mostly developed and fine-tuned at synchrotron radiation 
sources, their final success depends on their transfer to compact 
X-ray sources and exploitation in the clinical environment.

Up to now we have mentioned but not drawn too much attention 
to the fact that we hardly find X-ray sources providing sufficient 
monoenergetic X-rays for medical imaging. In most of the cases 
we will be confronted with a continuous and wide distribution of 
photon energies delivered by an X-ray generator such as an X-ray 
tube, which we denoted previously with P(Eγ). In the following, 
we will discuss some characteristics of the latter and will explore 
which sort of energy spectra we can expect from X-ray tubes.

1.4.11 Generation of X-rays

Although X-ray tubes will be discussed in the following chap-
ters, we should have a brief discussion of their basic setup. An 
X-ray tube converts electrical input power into X-rays, and con-
sists basically of a heated cathode and an anode, which are con-
nected across a high voltage (15–150 keV) power supply. Both 
electrodes are accommodated into a vacuum tube. The cathode, 
which is normally a metal wire, is heated by an electric current 
generated by a second power supply, and emits electrons by the 
thermoionic effect. The latter is a thermally induced flow of 
charge carriers from a surface, which we know from old fash-
ioned style light bulbs. The emission current density, J, of elec-
trons at a temperature, T, is given by (Richardson 1901):

 J A T e
w
k T

ion

= ⋅ ⋅
−

⋅2 ,  
(1.80)

where wion = 4.5 eV is the material specific work function, and 
A = 60A/(cm2 · K2) is a material dependent constant. The values 
quoted here are given for tungsten. As a result of the potential 
difference, U, between the cathode and the anode, the emitted 
electrons will be accelerated towards the anode gaining a maxi-
mum kinetic energy of Ekin = e · U. If we consider an accelera-
tion voltage, U = 150 kV, the electrons gained a kinetic energy 
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of Ekin = 150 keV before they crashed into the anode. As we dis-
cussed in Section 1.4.5, energetic electrons or in general moving 
charges are losing energy when traveling through matter. Similar 
to the earlier discussion regarding photoelectrons also here we 
will observe two mechanisms of energy loss, through ionization 
(thus, impact ionization, see Bethe–Bloch [Equation A.107]) and 
through radiative processes (bremsstrahlung [Equation A.113]). 
The latter is providing us our X-rays, while the former essentially 
heats up the anode. Therefore, we should use anode materials 
possessing high fusion temperatures. For tungsten (W, Z = 74, 
ρ = 19.25 g/cm2) this would be 3370°C, and for molybdenum 
(Mo, Z = 42, ρ = 10.28 g/cm2) 2620°C. Both materials are good 
heat conductors to dissipate the heat produced by the energy loss.

Knowing the densities, we can estimate the penetration 
depths of 150 keV electrons in Mo (range = 0.047) and W 
(range = 0.057 g/cm2) from Figure 1.20, as 0.05 mm and 
0.03 mm, respectively. The ratio between collision and the radia-
tive stopping power gives us the X-ray yield, which is approxi-
mately 2% for W and 1.3% for Mo, which is not a great deal. In 
other words, most of the electric power we put into our X-ray 
tube is just used to heat the thing up. In Section A.3, we see that 
electron-induced bremsstrahlung is given by
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The energy loss and, subsequently, the emission of bremsstrah-
lung scales with the square of the atomic number of the target 
material. Moreover, it scales with the square of the inverse mass of 
the projectile. For this reason, only light particles such as electrons 
are accelerated in X-ray tubes and heavy materials, such as W, are 
used as anode material in order to have a good radiation yield.

We still have not solved the remaining question of how the 
spectral distribution, P(Eγ), looks in the case of an X-ray tube. 
In Section A.3, we use classical electrodynamics to elucidate the 
differential number of photons per energy and solid angle unit 
emitted during impact, and we come up with
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recalling that the fine structure constant is given by α = e2/
(ħ · c) = 1/137. We see that the number of photons emitted dur-
ing the bremsstrahlung process decreases with increasing pho-
ton energy, Eγ = ħ · ω. However, in this approach we face two 
problems: first, we have to deal with the pole for Eγ → 0 and, 
second, we have to introduce a cutoff for higher photon ener-
gies. For the latter, we can use the argument of energy conserva-
tion. Since the electron possesses a given kinetic energy, Ekin, the 
maximum energy transmitted to a single photon cannot exceed 
Ekin, in other words Emax = ħ · ωmax = Ekin. This situation is given 
when the entire kinetic energy of the electron is transmitted to 
the photon and eventually the electron remains at rest. Therefore, 
the kinetic energy of the accelerated electron in an X-ray tube 
is E e Ukin

max
max max= ⋅ = ⋅� ω , when Umax is the maximum elec-

tric potential (or voltage) between the emitting cathode and the 
anode material. Regarding the pole for E → 0 we note that the 
number of emitted photons will become very large once their 
energy tends to zero. However, since also the energy of each pho-
ton tends to zero, the emitted energy, thus the number of photons 
multiplied by their energy, remains finite.

Therefore, we would expect, for the spectrum of an X-ray 
tube, a P(Eγ) ∼ 1/Eγ dependency possessing a maximum photon 
energy of Eγ = e · Umax.

As we estimated before, the electrons penetrate the anode mate-
rial up to a certain depth, which was some tenths of a millimeter. 
Subsequently, the bremsstrahlung generated within the material 
is prone to the interaction mechanism we discussed before, and 
predominately to photoelectric absorption with the subsequent 
emission of characteristic lines or Auger electrons. For tungsten 
possessing a K-edge energy of EB = 69.52 keV, we will have two 
fluorescence transitions in the hard X-ray regime, at Kα = 59.3 keV 
line and at Kβ = 67.2 keV line. As shown in Figure 1.4, the name 
K line indicates that the transition is ending on the K-shell. The 
suffix α is used for a transition between adjacent levels (from L to 
K, from M to L, etc.) and a suffix β for a transition between non-
adjacent levels (e.g., from M to K). We basically can neglect the 
Auger yield of 4.2% with respect to the substantially higher fluo-
rescence yield of 95.8% (see Figure 1.11) and, therefore, we expect 
the appearance of these characteristic lines in the energy spectrum 
once e · Umax ≥ EB on top of the 1/Eγ dependency. Since our X-rays 
are generated within a vacuum tube, but we want them for use 
outside in air, they have to exit through a suitable window and, 
in doing so, they will interact with matter again, predominately 
through photoelectrical absorption. Due to the dominant Eγ

−7 2/  
dependency in the absorption coefficient, low energy photons will 
be preferentially absorbed within the X-ray spectrum. Moreover, 
we should remember that, also, the radiation dose or KERMA 
(Equation 1.61) is vulnerable to low energy X-rays. Following the 
rule to keep the radiation dose as low as reasonably possible, we 
should try to cut away most of the low frequency X-rays that are 
absorbed within the patient and do not contribute to increase the 
SNR (see Equation 1.77) in the radiography. We can manage this 
by utilizing appropriate filters that we introduce between the tube’s 
exit window and the patient. As a result, we can expect, for the 
spectral density incident on the patient, an intensity cutoff at a low 
photon energy cutoff. Aluminum possesses a low atomic number 
(Z = 13), and a relative low density of 2.7 g/cm3 is frequently used 
as filter material. Due to its relatively low K-edge at 1.56 keV, the 
transmission of X-ray energies above 15 keV is dominated by the 
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Compton effect and, subsequently, varies slowly with the energy. 
Shown in Figure 1.21 is the flux of an X-ray tube with tungsten 
anode versus the X-ray energy or, in other words, the non-nor-
malized spectral density function, P(Eγ), which has been calcu-
lated using the X-ray Oriented Programs (XOP) (Sánchez del Río 
and Dejus 2004). The flux is given here in photons per second and 
per mm2, which you can measure in one meter distance from the 
source for a normalized tube current of 1 mA. Since the number 
of X-rays is proportional to the tube current I, you have to multiply 
with I to obtain the real photon numbers. Moreover, the spectral 
density shows the integral numbers of photons in an energy band 
(or bandwidth [BW]) of 1 keV. The sum of all energy bands gives 
us eventually the total number of photons generated by the X-ray 
tube. As a parameter, we used the maximum acceleration voltage 
Umax. As expected beyond the energy cutoff, the spectra follow the 
1/Eγ dependency with the appearance of characteristic lines once 
e · Umax ≥ EB.

When we increase the filter thickness we move the energy 
cutoff towards higher energies (Figure 1.22). However, we also 
realize that the relative proportion of low energy to high energy 
photons decreases with increasing absorber thickness. For 
instance, at 30 keV without absorber, we obtain a flux of about 

50,000, while we measure 30,000 in the Kβ line resulting in a 
ratio (high to low) of about 0.6. Adding 5 mm of Al (Z = 13) we 
end up with a flux of ∼10,000 at 30 keV against 23,000 in the Kβ 
line, thus a ratio of 2.3. This phenomenon is called beam harden-
ing, which also has the effect of increasing the relative propor-
tion of the Kβ line as compared to the Kα line. Again, due to the 
 photoelectric absorption, the effect is more pronounced for high 
Z materials. As with Al, the beam will also be hardened due to the 
presence of a patient, especially when bones (Zeff = 13.8) but also 
muscles (Zeff = 7.46) are the target or even worse, when metal-
lic components such as pacemakers or metallic joint prostheses 
are present. Since most of the detectors used in medical imaging 
rather integrate over the entire energy spectrum than measuring 
the energy distribution, such beam hardening is a painful issue 
in computed tomography, because it generates hardly correctable 
artifacts in the final image reconstruction.

The Compton contribution in the cross-section for light ele-
ments is an issue in soft tissue imaging such as mammography. To 
increase the object contrast between adipose, glandular, and tumor 
tissue, we need to employ low energy photons in the energy range 
between 18 and 22 keV. Therefore, we should use in this applica-
tion anode materials possessing characteristic emission lines in 
this energy range. Mo with Kα = 17.48 keV, Kβ = 19.61 keV and 
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Rh (Z = 45, ρ = 12.41 g/cm3) Kα = 20.22 keV, Kβ = 22.07 keV are 
excellent candidates here. As we can note from Figure 1.23, char-
acteristic lines dominate the unfiltered energy spectra at least for 
elevated acceleration when utilizing Mo and Rh anodes, resulting 
in a narrow energy distribution. With a clever choice of appropri-
ate filters, we can further reduce the bremsstrahlung background.

This is shown in Figure 1.24, where we filtered the spectrum 
of a Mo anode with a 50 µm Mo filter, that effectively cuts off the 
high and low energy background. Note we are using a log scale 
in the ordinate and normalized on the absorption. After filtering, 
we basically are left with an energy band of about 5 keV, which 
comprises the Mo Kα and Kβ lines. As we also notice using such 
filtered radiation in mammography, we will observe the previ-
ously discussed beam hardening effect once we pass 5 cm of 
breast tissue. Common anode filter combinations that are used in 
mammography are Mo/Mo, Mo/Rh, and Rh/Rh. A Mo target in 
combination with a Rh filter is common for imaging thicker and 
denser breasts. A Rh/Rh combination will result in the lowest 
average dose, followed by Mo/Rh, and Mo/Mo.

We can calculate the X-ray spectrum, P(Eγ), of X-ray tubes 
and associated filters, but it is not that trivial to really measure it, 
even when employing state of the art, high rate energy dispersive 
detectors such as silicon drift detectors (Gatti and Rehak 1984; 
Lechner et al. 2004). The knowledge of the energy spectrum is 
important in the quality control of X-ray tubes. If we are not able 
to determine it through a direct measurement, we can at least use 
the HVL (Section 1.3) to elucidate something like an effective 
X-ray energy of a polychromatic beam. An effective energy is 
equivalent to the energy of a monochromatic beam that would 
produce the same HVL. We can think of it as a sort of average 
beam energy whose numerical value is typically between one 
third and one half of the maximum energy. For instance, for an 
applied potential of 150 kV and a tungsten anode, the effective 
energy is about 68 keV. Some examples for effective energies as 
a function of the HVL in millimeters of Al, soft tissue, and bone 
are given in Table 1.2.

Due to the relativistic correction factor in the denominator of 
Equation A.112, the donut shape of the emission pattern will be 
deformed (Figure A.9). At low electron energy | |

�
�v c, brems-

strahlung is emitted preferentially between 60° and 90°, while 
for higher electron energies photons tend to be emitted in the 
forward direction with respect to the acceleration (Figure 1.25).

It is shown in Section A.1.4 and especially in Figure A.2 that, 
in circular particle accelerators, the emitted power of X-ray 
scales with the 4th power of the Lorentz factor, γ, which is sub-
stantially larger than the relativistic correction factor for brems-
strahlung. This explains why synchrotron radiation sources 
deliver abundant photon flux. As we notice, the spectrum of a 
bending magnet radiation in a synchrotron source delivers 3 to 4 

orders of magnitude more photons than a high power X-ray tube 
with a tungsten anode. Therefore, we can employ crystal diffrac-
tion (Bragg’s Law; Equation 1.44) to select very narrow energy 
bands (0.1% bandwidth) for imaging, yielding substantially more 
flux than you find in the characteristic lines. Moreover, bending 
magnet radiation possesses a high degree of spatial and temporal 
coherence, meaning that all photons are emitted from a small 
source point and their relative phases are very similar, which 
allows the exploitation of the phase effects described in Section 
1.4.10. The energy selectivity in combination with the delivered 
high photon flux allowed single, dual, and multi energy, or in 
general spectral imaging modalities, which were exploited first 
at synchrotron radiation source (see Arfelli 2000, and the refer-
ences therein). In contrast to the limitation in the choice of the 
energy spectrum of mammographic X-ray tubes (Figure 1.23) 
with synchrotron radiation, we can find for each breast thick-
ness and composition the appropriate energy to obtain the best 
SNR for a given radiation dose (Equation 1.77). In addition, the 
geometry of synchrotron radiation inherently reduces scattering 
and subsequently image blur.

We discussed before, in order to increase the image contrast, 
for instance of the coronary arteries in clinical routine, iodine 
based contrast agents are utilized, which are power injected for 
example into the lumen of each of the coronary arteries. For this 
(unpleasant) procedure, it is necessary to introduce a catheter into 
a peripheral artery and thread it into the ostium of one of the two 
coronary arteries. During and after the power injection, transmis-
sion radiographs of the upper torso are recorded either in a static 
fashion or in a time sequence (so-called cines). In this fashion, the 
coronary arteries are imaged with excellent SNR; however, haz-
ards associated with the catheter placement are numerous, span-
ning from arterial perforation to embolic obstructions in various 
distal arteries, including those of the heart and brain.

As early as 1953 (Jacobson 1953). efforts were reported to avoid 
the arterial catheter and image the coronary arteries after an 
intravenous injection of contrast agent. Since in this modality the 

TABLE 1.2

Effective Energy and HVL for Al, Bone, and Muscle

Effective 
Energy (keV) HVL Al (mm) HVL Bone (mm) HVL Tissue (mm)

30 2.27 4 18

50 6.97 12 30

100 15.06 23 39

150 18.02 28 45
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FIGURE 1.25 Flux delivered by a bending magnet of a synchrotron 
radiation source (in this case the European Synchrotron Radiation Facility, 
ESRF, France) compared to the flux generated by an X-ray tube with tung-
sten anode. The synchrotron spectrum is calculated for a bending magnet 
radius of 25 m, a beam energy of 6 GeV, and a beam current of 100 mA. 
For the X-ray tube, we used a current of 1000 mA, a Umax of 150 kV, and we 
calculated the flux for 1 mm2 at 1 m distance.
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iodine bolus is substantially diluted before it arrives in the coro-
nary arteries (factor 20 or more), the iodine contrast is in the order 
of 1%, and is hooded by higher absorbing structures like bones 
and muscles. The aim of Jacobson was to use dichromatic absorp-
tion radiography, that is to say two images are recorded one after 
the other, with two different energies bracketing somehow the 
iodine absorption edge (Figure 1.26). The image which is taken 
with energy beyond the K-edge of the iodine (33.18 keV)—in the 
following called “high image”—comprises absorption effects 
from iodine, bones, fat, and muscles, while the image taken at 
lower energy (“low image”) has a sixfold less iodine contrast 
and serves as a mask. In order to increase the iodine contrast, 
one simply has to perform a logarithm subtraction of the high 
image and the low image. In the image attained in this fashion, 
only iodine should contribute to the signal. Even though the idea 
was advanced, this modality was never really utilized, since the 
sources available at that time would not deliver a sufficient flux. 
Nor were appropriate detection systems available. Moreover, high 
and low images were taken in a time sequence, that is to say one 
after the other. Since the heart is a rapidly moving organ and 
the patient could move at the time, the subtraction never really 
worked out, and moving artifacts destroyed the image contrast. 
This problem could be overcome 30 years later, and was due to 
the availability of synchrotron sources (Rubenstein et al. 1994) 
and more advanced detection systems. Utilizing perfect crystals, 
it is possible to generate two monochromatic X-ray fan beams out 
of the polychromatic synchrotron radiation, whose energy closely 
brackets the iodine absorption K-edge (100–400 eV). Both beams 
are simultaneously available and are spatially separated at the 
source and at the detector, but intercept in the patient.

Under the (simplified) assumption that the patient consists only 
of water and iodine (Chapman and Schulze 1993), we can rewrite 
Equation 1.22 to calculate a quantitative iodine image, ρi · Δxi, 
and a quantitative water image, ρw · Δxw, using the measured and 
normalized low (ln(I1/I01)) and high image (ln(I2/I02))
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where µw
<> are the mass absorption coefficients for water and 

µi
<> for iodine below and above the K-edge. By inverting the 

µ-matrix we will get
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In other words, we can elucidate the material composition of 
the sample. Using three energy images we could, for instance, 
also solve for a third material such as bone. However, we should 
be very careful when using multi-energy techniques for decom-
posing many materials. The matrix inversion works only if the 
number of equations (or materials) is equal to the number of lin-
ear independent base vectors (µ). By default, the discontinuity at 
an absorption edge is linear independent. However, we saw the 
mass absorption coefficient is a linear combination of different 
cross-sections (Equation 1.60), which are linear independent as 
well. For material decomposition of many materials, we need, 
therefore, to use X-ray energies in which different physical effects 
are dominant. In the diagnostic energy range, we have basically 
three effects that can be used. These are coherent scattering, pho-
toelectric absorption, and Compton scattering. Thus, we can use 
low energy bands, high energy bands, plus small energy bands 
bracketing the absorption edges of materials (Menk et al. 1997a). 
The translation of spectral imaging from synchrotrons to clini-
cal environment is not straightforward. However, it would help, 
for example, to dramatically reduce beam hardening artifacts in 
clinical computed tomography. We could make use of two differ-
ent X-ray sources (or anode materials) or try to switch rapidly the 
high voltage in the X-ray source. This would provide the two (or 
more) different X-ray energies required for spectral imaging that 
are used by Siemens Healthcare and GE Healthcare. The third 
method (Philips Medical Systems) is to use beam hardening in 
a double layer X-ray detector. The first upstream detector would 
see mainly the low energy photons, while the second down-
stream layer would record the beam hardened high energy band. 
This brings us to a brief discussion of X-ray detectors. Up to 
now most of the detectors used in medical imaging are so-called 
integrating detectors that measure the total charge, Q, released 
in the detector volume by integration over the photo current, i(t), 
in the time interval, dt,
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where ε(Eγ) denotes the quantum efficiency and εCC the charge 
collection efficiency of the detector. The former, in the sense 
of Equation 1.5, tells us how many photons on average are 
absorbed in the detector, and the latter tells us how many 
charges released by the X-rays (Equation 1.52) are eventually 
collected to generate a measurable current. It is clear that X-ray 
detectors are subject to the absorption processes and charge 
transport we discussed above. If the integration time, dt, is long 
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in comparison to the waiting time, τ, between two consecutive 
hits (Equation 1.16), such a detector cannot discriminate the 
energy of the photons. For example, 5 photons of 10 keV arriv-
ing during the integration time, dt, would generate the same 
charge as a single photon of 50 keV in such a time interval. 
If τD ≪ dt < τ, where τD is the inherent dead time to process 
a photon detection event, then we can count single photons 
once the charge is above a certain threshold. Detectors work-
ing in this modality are called single photon counters. They 
count X-rays, but we just know that the energy of the photon 
was above a certain threshold. If we spend even more money 
we can measure the charge released by each X-ray and, subse-
quently, we know not only that a photon was detected but we 
are also able to elucidate the energy that this photon carried. 
Detectors possessing such capability are called spectroscopic 
detectors. The latter are those that are very interesting for spec-
tral imaging because the energy discrimination does not rely on 
sources or optical components, but is just done in the detector. 
In recent years there was notable progress in highly segmented 
spectroscopic detectors where each cell (pixel) comprises 
multi-thresholding, pulse height analysis, and storage circuits. 
These devices can be tiled up to larger active areas, which are 
required in medical imaging. Originally, they were fabricated 
in 300 µm thick silicon (Z = 14, ρ = 2.33 g/cm2), which is a 
great material, but, due to the low atomic number, not a great 
absorber. Very recently, stable room temperature semiconduc-
tors (CdTe, GaAs) have been developed that can be used to 
assemble pixel detectors, providing high quantum efficiency 
for high energy X-rays.

In Section 1.4.10, and especially in Equation 1.77, we saw that 
the radiation dose scales with the square of the SNR governed by 
Poisson statistics. What we calculated there was the pre-detec-
tion image, which has to be recorded with our imaging detector. 
Whatever imaging detector we use, we end up with a digitized ver-
sion of the pre-detection image and the detector will mess it up: it 
will sample the pre-detection image in discrete spatial points (pix-
els), it will sample it in well-defined time intervals (image frames), 
it will spatially and temporally distort the image, it will sample the 
intensity in discrete steps, and it will add noise. Moreover, depend-
ing on its quantum efficiency, it will not stop all the photons escap-
ing the patient. However, it should conserve to a certain extent the 
SNR of the predetection image. If we measure the SNRout in the 
digital image it will be coupled to the SNR by

 SNR DQE SNRout
2 2= ⋅  (1.86)

The DQE is called the detective quantum efficiency (Menk 
et  al. 1997b), and thoroughly characterizes the detectors. Its 
numerical value ranges from zero to unity. If we insert Equation 
1.86 into Equation 1.77, we get
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We should note that the radiation dose now scales with the 
inverse of the DQE, which is not a good thing because (1 − 
DQE) is the additional dose we put into the patient that does not 
contribute to increase the SNR. We should be, therefore, be very 

careful with the selection of our imaging detector and make sure 
that it is very close to unity.

Appendix A

A.1 Radiation and Scattered Fields

A.1.1 Maxwell Equations and Wave Equation

As stated before, we can solve most of the phenomena using 
classical electrodynamics, which implies finding solutions for 
Maxwell’s equations. According to the correspondence principle, 
the result of quantum mechanics and electrodynamics should be 
similar in the low energy limit. Since the rest mass of the photon 
is zero, we can approach the limit of null energy, tweaking the 
frequency of the electromagnetic waves of the photons toward 
zero. However, in the high energy limit of the bremsstrahlung 
spectrum and the Compton effect kinematics, we should not for-
get that the energy of the photon is given by ħ · ω, which we then 
have to take into account for correction.

To calculate scattered fields we start with the Faraday–Maxwell 
equation, which we can write in the MKS system (that is based 
of units on measuring lengths in meters, mass in kilograms, and 
time in seconds) as
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where E r t
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( , ) is the electric field vector, and B r t
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( , ) is the mag-
netic induction.

We note that, in free space or vacuum, the magnetic field vec-
tor H r t
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through the permittivity, ε0, and the magnetic permeability, µ0. 
The physical interpretation of the Faraday–Maxwell equation 
in the static case, in which the time derivation of the magnetic 
induction disappears, is that field lines of the electric field are 
open. Together with the Coulomb Maxwell equation,

 ∇ ⋅ =
�� �� � �

D r t r t( , ) ( , ),ρ  
(A.3)

we note that it requires a source or a sink or in general an arbi-
trary charge density distribution, ρ( , )

�
r t , at which the open field 

lines have their origin or end, respectively.
Applying the curl on the Faraday–Maxwell equation and utilizing 

the vector identity ∇ × ∇ × = ∇ ⋅ ∇ ⋅ − ∇ ⋅
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To simplify this further we need the Ampere Maxwell equation
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which couples the electric and magnetic field through the cur-
rent density j r t

� �
( , ). As before in the static case and for a constant 

current density in time, Equation A.5 tells us that magnetic field 
lines are closed.

Using Equations A.2 to A.4 and rearranging terms we get
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which is the general form of the wave equation. Mathematically, 
this equation is an inhomogeneous differential equation of sec-
ond order, which is far beyond being easily solvable. The mixing 
between the charge density and the current density on the right 
hand side of Equation A.6 makes its solving very difficult. We will 
see, further on, how to avoid this, by utilizing what is known as 
the Lorentz gauge.

Due to the non-existence of magnetic monopoles, thus mag-
netic sources or sinks, the gradient on the magnetic field must 
disappear, according to Equation A.3, thus

 ∇ ⋅ =
�� �� �

B r t( , ) .0  (A.7)

Since the gradient is perpendicular to the curl on the vector 
field 

� �
A r t( ),  or ∇ ⊥ ∇ ×

�� �� �� �
A r t( , ), we could automatically satisfy 

Equation A.7 by writing

 B r t A r t
�� � �� �� �

( , ) ( , ),= ∇ ×  (A.8)

where 
� �
A r t( ),  is termed a vector potential. Moreover, we could 

also automatically satisfy Equation A.1 by introducing
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A r t
t

�� � �� �
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∂
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ϕ

 
(A.9)

where ϕ( , )
�
r t  is called a scalar potential. The problem is that 

expressing electric and magnetic fields in terms of the sca-
lar and vector potentials does not uniquely define the poten-
tials. We can show that, if 

� � � � �� �
A r t A r t r t( ) ( ) ( , ), ,→ + ∇ ⋅ ψ  and 

ϕ ϕ ψ( , ) ( , ) ( , )r t r t r t t
� � �

→ + ∂ ∂ , where ∂ ∂ψ( , )r t t
�

 is an arbitrary 
scalar field, then the associated electric and magnetic fields 
are unaffected. The root of the problem lies in the fact that 
Equation 1.11 specifies the curl of the vector potential, but 
leaves the divergence of this vector field completely unspeci-
fied. We can avoid this by adopting a convention that specifies 
the divergence of the vector potential. Such a convention is usu-
ally called a gauge condition. Since Maxwell’s equations are 
Lorentz invariant, thus they take the same form in all inertial 
frames, it makes a lot of sense to adopt such a gauge condition 
that is also Lorentz invariant. This leads us to the so-called 
Lorentz gauge condition
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Equations A.8 to A.10 can be combined with Equations A.3 
and A.5 to give
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and

 

1
2

2

2
2

0c
A r t

t
A r t j r t⋅

∂
∂

− ∇ ⋅ = ⋅

� � � � � � �( , )
( , ) ( , ),µ

 
(A.12)

where c2 = 1/(ε0 · µ0) is the square of the phase velocity of the 
wave in vacuum. The beauty here is that the fields are now 
given exclusively in terms of the charge density and current 
density. We should note that the four Maxwell equations are 
reduced to Equations A.11 and A.12, which are referred to as 
the wave equations, and in which particles contribute to and 
are affected by the potentials. Mathematically, they represent 
inhomogeneous differential equations of second order. In the 
absence of particles or currents, the right hand sides are zero, 
and we can solve the now homogenous wave equation, for 
instance Equation A.11, by utilizing the generic ansatz of sepa-
ration of variables.

 ϕ( , ) ( ) ( )
� �
r t R r T t= ⋅  (A.13)

Substituting this form into the Equation A.12 wave equation we 
obtain:
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where we have chosen, without loss of generality, the expression 
−k2 for the value of the constant. Rearranging the first equation, 
we obtain the Helmholtz equation (von Helmholtz 1894):

 ( ) ( , ) .
� �
∇ + ⋅ =2 2 0k r tϕ  (A.15)

To specifically solve, for instance Equation A.12, we choose

 A r t A e i k r t
�� � �� � �

( , ) ( )= ⋅ − ⋅ ⋅ − ⋅
0

ω
 (A.16)

Inserting Equation A.16 into Equation A.12 and executing the 
second derivatives in space and time results in

 A c k
�� �

0
2 2 2 0⋅ − + ⋅ =( | | )ω  (A.17)

or k = ±ω/c, which couples the wave number k with the frequency 
of the free propagating wave in vacuum. The two solutions of 
Equation A.17 represent two waves propagating in opposite 
directions. In a conventional dielectric medium possessing a real 
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dielectric constant, ε, which is greater than unity, an electromag-
netic wave propagates with a phase velocity

 
v

c
n k

= ± = ±
ω

 
(A.18)

that is slower than the velocity of light in vacuum. In this case, 
n = ε .

We can substitute in Equations A.11 and A.12 the current den-
sity in terms of the charge density and vice-versa. For that we 
release the gradient ( )∇⋅

��
 on the Ampere Maxwell (Equation A.5) 

and we get
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Since the angle between gradient and curl on the vector field is 90 
degrees (in other words ∇ ⋅ ∇ × ≡

�� �� ��
A 0), the left hand side equals 

zero. Additionally, since time derivation and gradient are commuta-
tive operations, we can rewrite the first term on the right hand side as
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resulting in the equation of charge continuity:
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We can think of the current density as a charge density, 
q r t⋅ η( , )

�
, moving with the respective velocity, 

� �
v( , )r t , thus

 j r t q r t v r t
� � � � �
( , ) ( , ) ( , ),= ⋅ ⋅η  

(A.22)

with η( , )
�
r t  being the charge distribution function. The interpre-

tation of the continuity equation is the following: if charge is 
moving out of a differential volume (i.e., divergence of current 
density is positive), then the amount of charge within that volume 
is going to decrease, so the rate of change of charge density is 
negative. With other words the continuity equation amounts to 
the conservation of charge. Whatever charge moves out of the 
volume has flow through the surface, which encapsulates the 
charge. Equation A.21 is somewhat a common sense concept 
that can be applied to all fields of science, including econom-
ics. Unfortunately, the continuity equation possesses only mod-
est consideration on the stock market, where the money flow on 
the market is not necessary coupled to the encapsulated capital, 
which explains hyped markets and bubbles.

A.1.2 Fields from Accelerated Charges

Obviously, as soon as charges and currents are involved, the right 
hand side, for instance of Equation A.12, differs from zero, and 
things become trickier, since we have to solve the inhomoge-
neous partial vector differential equation, which is not trivial at 
all. We have to find a particular integral for A r t

�� �
( , ). The general 

solution to the linear differential equation is the sum of the gen-
eral solution of the related homogeneous equation and the partic-
ular integral. Or, when the initial conditions are set, we can use a 
guess to obtain the particular solution directly. Such a guess that 
would solve Equation A.12 is Green’s function, which is given by
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and which would invert Equation A.12 to obtain
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where 
�′r  denotes the position of the charge density, and 

�
r  is the 

position where the vector potential is observed. We note Green’s 
function satisfies the boundary conditions that the fields have to 
disappear for | |

� �
r r− ′ → ∞ and that it requires the time | |

� �
r r c− ′ /  

to observe fields at 
�
r  which have been generated by a charge at 

the position 
�′r . Using the Maxwell Ampere equations (Equations 

A.5 and A.8) we get for the field, in the source free region
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Let us define a unit vector, 
� � �
n r r= /| |, and let us assume 

that | | | |
�
�
�′r r , then we can approximate the denominator in 

Equation A.24 as r, provided that the distance from the acceler-
ated charge is much greater than its extension, r’. Thus, Equation 
A.24 reduces to
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Let us now consider a constant accelerated single electron 
moving along the z-axis with the velocity 

� � �
v r t v z t ez( , ) ( , )= ⋅ . In 

this case, we can write the charge distribution function η( , )
�
r t ≡ 1 

and, according to Equation A.22, we obtain
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And, subsequently, using Equations A.26 and A.27,
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where δ denotes Dirac’s delta function. Executing the integra-
tion, we get for the magnetic vector potential:
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Furthermore, corresponding to the figure, we imagine an elec-
tron oscillating around the origin with maximum amplitude, r0, 
that is small in comparison the position of the observer (far field). 
We identify
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as the time derivation of the dipole moment with 
� �
d t e r ez0 0( ) .= ⋅ ⋅

Substituting the vector potential into the Lorentz gauge 
(Equation A.10) we get for the scalar potential
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Performing now the differentiation the scalar potential is
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where the second summand tends to zero more rapidly and can 
be neglected if we are interested in radiated fields in the far zone. 
Substituting this into Equations A.8 and A.9, we get, for the 
 electric field,
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and, for the magnetic field,
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neglecting higher terms in | |
�
r  in the far zone. The radiated elec-

tric field is, therefore, dependent only on the velocity/accelera-
tion, which can be observed at the position | |r

�
 with a time delay 

of t r c− ⋅ −| |
�

1. Furthermore, it follows directly that, in the far 
zone, 

� �
E r t( , )  and 

� �
H r t( , ) are mutually orthogonal, propagating 

in the 
�
r  direction.
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Using the conservation of energy for the electromagnetic field, 
Poynting (1884) showed that the Poynting vector represents a 
vector flow of an energy density in an direction orthogonal to 
E r t
�� �

( , ) and H r t
�� �

( , ) or

 S r t E r t H r t
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( , ) ( , ) ( , )= ×  (A.36)

Using Equations A.33 and A.34, we can show that the Poynting 
vector is given by
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where θ is the angle with the propagation direction 
� � �
r r n/| | .=  

For an oscillating charge, where the acceleration is parallel 
to the velocity of the electron, we deal with Hertzian dipole, 
where the flow of the energy density is proportional to | |

�
a 2. 

In the far field, the energy density drops with the square of 
the distance | |

�
r 2 and follows a donut shaped emission pattern 

(Figure A.1a and b).
We ask ourselves now what is the radiated power density (in 

other words the power per solid angle, dP/dΩ) of the electromag-
netic fields generated by the accelerated charge. The power radi-
ated per unit solid angle r d d r d2 2⋅ ⋅ = ⋅sin( )θ ϕ Ω is

v� a� a

S (r,t ) = S·k0

⎮v ⎮= c

�

a�

�
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(a) (b) (c)

FIGURE A.1 Donut-shaped emission pattern for dipole radiation. (a and b) For linear acceleration and (c) for circular acceleration.
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Which, integrated over the solid angle, gives
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the total power emitted by the accelerated charge.
For a circular movement of the electron where the angular 

velocity | |
�
v  is small in comparison to c (Figure A.1c) we can 

substitute the acceleration by the centripetal acceleration | |
�
v R2/ , 

where R is the radius of the orbit, thus we would get for the total 
power emitted:
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For increasing circular velocity of the electron, as we can find in 
particle accelerators and synchrotron radiation sources, we need to 
substitute the centripetal acceleration with the relativistic accelera-
tion, which we can get in a less rigorous fashion as follows:
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where τ = t/γ is the time in the moving reference frame of the 
electron, γ β= −1 1 2/  is the Lorentz factor (Lorentz 1882), 
and β = v/c. Inserted into Equation A.39, we then get
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In circular particle accelerators, the velocity of the particles 
is almost the speed of light in vacuum—let us say in the order 
of 0.99999995c to be very prudent. This means β ∼ 1, which 
boosts the Lorentz factor and subsequently the emitted power 
with the 4th power of γ. For a small sized electron accelerator, 
such as a synchrotron source with R = 200 m, the total power 
radiated per electron is then around 2 · 10−11 W, which sounds 
not that great but, multiplied with the number of electrons in the 
accelerator (for instance at 300 mA around 2 · 1015), this results 

in some thousands of watts (∼38 kW). In the reference frame 
that travels with the particle within the accelerator, the emission 
pattern in the far zone is still donut shaped; however, seen from 
an observer in the laboratory reference frame, the donut is con-
tracted by the Lorentz factor γ in the direction of the velocity 
vector (Figure A.2).

This means the radiation is folded into a narrow forward cone 
possessing an opening angle, which is proportional to 1/(2 · γ) 
and which is called synchrotron radiation. Due to the small 
opening angle and other characteristics, such spatial and tem-
poral coherence of the emitted wavefield’s synchrotron radiation 
is very similar to lasers in the optical wavelength regime, and 
belong to the brightest X-ray sources.

A.1.3 Rutherford’s Atom Model Failure

After the short excursion into the relativistic world we can try 
to estimate the lifetime of a Rutherford hydrogen atom, where 
the electron is moving around the nucleus in a circular orbit 
with the radius R, using the arguments developed above. From 
Newton’s second law for circular motion we get (classical and 
non-relativistic)
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The energy of then non-relativistic electron is

E m v
e

R
e

R
= ⋅ ⋅ −

⋅ ⋅ ⋅
= − ⋅

⋅ ⋅ ⋅
1
2 4

1
2 4

2
2

0

2

0π ε π ε
.
 

(A.44)

Since the energy loss dE/dt = −P and using Equation A.40, 
we find
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a

S (r,t ) = S·n
⎮v ⎮= 0.6 · c

� a� a�

�

⎮v ⎮= 0.4 · c�

⎮v ⎮= 0.2 · c�

���

FIGURE A.2 Emission pattern of synchrotron radiation.
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With the frame condition that R(t0) = a0, the Bohr radius, and 
R(t) = R, we can solve the integral by separation of the variables 
and we get
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With the frame conditions t0 = 0 and R(T) = 0, the decay time 
T is
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A.1.4 Scattering of Radiation on Free Electrons

We now try to understand the effect of a plane wave field 
(Equation A.16) propagating in the 

�
k0 direction with well-defined 

frequency, ω0, impinging on an electron of mass m and charge e. 
We include in the discussion that this electron can also be weakly 
bound, for instance in the outer shells of atoms.

In accordance with Equation A.16, we denote the external 
plane wave as

 E r t E eext
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where we write the amplitude 
� �
E E0 0 0= ⋅Π  in terms of a polar-

ization unit vector 
�
Π0 with | |

�
Π0 1=  and the scalar E0, which 

describes the magnitude of the oscillation.
The flux of incident energy is given by the time average of the 

Poynting vector (left hand side of Equation A.37) of the incident 
wave and, therefore,
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where the process of averaging over time of a periodic wave pro-
duces the factor 1/2. We also note that the average is
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Similar to a cork bouncing on water waves, this external field 
would accelerate the electron along the polarization of the wave 
in the z-direction, 

� �
Π Π0 0= ⋅ ez , as long as the wavelength, λ, 

is large enough. What this means we will see in a second. For 
simplification, we will treat everything in a classical way, thus the 
involved processes are neither quantum mechanic nor relativistic. 
This allows us to neglect magnetic fields, which are proportional 
to v/c. We, therefore, can use Newton’s second law of motion
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instead of the Lorentz force, 
� � � �
F e E v B= ⋅ + ×( ( )). As described 

in the previous section, and using the acceleration found in 
Equation A.51, the average radiated energy per solid angle unit 
is then

 

dP
d

e E
m cΩ

=
⋅ ⋅

⋅ ⋅ ⋅ ⋅
⋅

4
0

2 2

2 2
0

316
sin ( )θ

π ε  
(A.52)

It now makes a lot of sense to compare the energy radiated 
per time unit and solid angle, thus dP/dΩ, with the flux of inci-
dent energy per unit surface and time which we found previously 
(Equation A.49), which gives us the so-called differential cross-
section, and which is given by
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Integrating over the solid angle, dΩ, we will get the scatter-
ing cross-section as the equivalent area of the incident wavefront 
that delivers the same power as that re-radiated by the particle: 
that is
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Equation A.54 is the well-known Thomson scattering cross-
section. The quantity 2.8 × 10−15 m is the value of the so-called 
classical electron radius, r0, which can be understood as the 
radius of a spherical shell of total charge e, whose electrostatic 
energy equals the rest mass energy of the electron. We can, 
therefore, consider an electron, when scattering radiation, as a 
solid sphere whose radius is of the order of the classical electron 
radius.

Up to now we assumed an acceleration that is parallel to the 
polarization, 

�
�
� � �

a nΠ Π0 0→ ⋅ = cos( )θ . For the general case of 
randomly polarized incident radiation, we can express 

�
n  in terms 

of the polarization vectors 
� � �
Π, ,ε ε1 2  (see Figure A.3) as

� � � �
n = ⋅ + ⋅ ⋅ + ⋅sin( ) cos( ) sin( ) sin( ) cos( ) .φ θ ε φ θ ε φ1 2 Π  (A.55)

Averaging over all possible polarizations of the incident wave 
we obtain
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FIGURE A.3 Model for scattering of radiation on free electrons.
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It is clear that the differential scattering cross-section is inde-
pendent of the frequency of the incident wave, and is also symmet-
ric with respect to forward and backward scattering. Moreover, 
the frequency of the scattered radiation is the same as that of the 
incident radiation. For the sake of completeness, we should note 
that Thomson scattering occurs when the wavelength λ ≫ a0.

A.1.5 Bohr’s Atom Model

In order to calculate the energy levels in Bohr’s atom model, we 
start, as in Section A.1.3, with Newton’s second law of a circu-
lar movement of an electron orbiting the nucleus, with the total 
charge Z · e at a distance R. Noting that the Coulomb force is 
equal to the centripetal force (Equation A.43), we get
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now in terms of the angular velocity v. Using the conservation of 
the angular (quantum mechanical) momentum
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we get an expression for the angular velocity in terms of ħ, which 
we then insert into Equation A.57. Solving for R, we obtain
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In order to calculate the energy levels in the atom in terms of 
the quantum number, n, we use the electrostatic potential and the 
radius found in Equation A.59, which gives
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For a transition from the initial energy state of the atom, ni, to 
a final state, nf, the difference in energy is then given by
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The energy difference can be positive or negative, which cor-
responds to an emission or absorption of a photon.

A.1.6 Scattering on Bound Electrons

We now explore the interaction of electromagnetic radiation on 
a harmonically bound electron orbiting an atomic nucleus (see 
Figure 1.9a). This implies a sort of Bohr atom, but we try to avoid 
quantum mechanics and solve the equations classically, in which 

the electron is viewed as being bound to the nucleus via a spring 
with a natural, angular frequency, ωa. If the electron is perturbed, 
it will oscillate at this natural frequency, which will result in the 
emission of photons of energy Eγ = ħ · ωa. Hence, the bound elec-
tron is an example of a damped, harmonic oscillator. We also 
assume that the damping rate, γa, of this oscillation is much 
smaller than ωa (thus, γa ≪ ωa), and we treat everything non-
relativistic as in the previous sections. Applying again Newton’s 
second law of motion we get
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For ease of discussion, we just assume a time dependency of 
e i t− ⋅ ⋅ω0  for 

�
r  and 

� �
E E= ⋅0 0Π , and we find, by executing the time 

derivatives and rearranging terms, that a steady solution is given by
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and, subsequently,
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Having found the acceleration, we follow the same steps as in 
the previous sections, thus calculating the fields and the pointing 
vector according to Equations A.33 to A.37, normalizing this to 
the incident power density, and eventually we find
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We notice that the angular distribution of the radiation is the 
same as we found previously for the free electron. Furthermore, 
we realize for the resonant case when ωa ≃ ω0 the value of the 
cross-section maximizes at σ σ ω γ= ⋅Th a a

2 2/  and outstrips 
the value of Thomson scattering cross-section easily, since we 
assumed ωa ≫ γa.

For a strong binding, which means ω0 ≪ ωa, we can neglect 
all terms in ω0 in the denominator, and Equation A.65 reduces to
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This cross-section is known as the Rayleigh scattering cross-
section, and depends on the inverse fourth power of the wave-
length of the incident radiation.

We try now to extend this to Z bound electrons in hydrogen 
like atoms. We assume the nucleus is positioned in the origin of 
the coordinate system, and the distance of each of the electrons 
is given by Δ

�
ra . Finally, we are observing the scenery from a dis-

tant point at 
�
r . Since all electrons will be involved in the scatter 

process, we have to extend Equation A.64 to
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where the expression Δ Δ
� �
k ra⋅  gives the phase variation of the 

scattered fields due to the different electron positions as seen by 
the observer. f k( , )Δ

�
ω0  is called the complex atomic scattering 

factor, which is rather complicated to determine due to the phase 
variation factor e i k ra− ⋅ ⋅Δ Δ

� �
 in Equation A.67.

Following the steps in the previous sections we get, for the dif-
ferential cross-section,
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and for the total cross-section,
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We should keep in mind that f k Z( , )Δ
�

ω0 ≈ , which, together 
with Equation A.54, yields
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For Δ Δ
� �
k ra⋅ → 0, which is given for forward scattering or in 

the long wavelength limit (r0/λ ≪ 1), the atomic scattering factor 
reduces to
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where we introduced the oscillator strength, oa, which gives us 
the number of electrons that contribute to a certain resonance 
frequency, ωa, in the scattered fields. Since we have Z electrons 
involved in the scattering process, this should be reflected in the 
sum of all the oscillator strengths, thus ∑ ==a

Z
a Z1 ο .

Since f 0
0( )ω  is a complex function of the frequency, we can 

rewrite it in terms of its real part and imaginary part, respec-
tively, as

 f f i f0
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0( ) ( ) ( ).ω ω ω= − ⋅  (A.72)

In the following, we want to show that the atomic scattering 
factors in the forward direction can be associated with a complex 
index of refraction, n(ω0). In doing so, we are going back to the 
wave equation, as defined in Equation A.12. In order to solve 
the wave equation, we need to have a reasonable expression for 
the current density, 

� �
j r t( , ) (Equation A.22), for atoms in a poly 

electron configuration. Therefore, we need to know the velocity 
of the electrons that are involved in the process and which have 
been accelerated in the external electromagnetic field, 

� �
E r t( , ) . 

Moreover, we know from Equation A.63 that
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is a steady solution to solve the equation of motion (Equation 
A.62), which, after the time derivative, yields the velocity we 
need to insert into the current density. The total current den-
sity must be the sum of all bound electrons in an atom and 
in principle summed over all atoms involved. In the special 
case of forward scattering, similar atoms contribute identi-
cally; therefore, we just have to sum over identical resonances, 
ωa, and multiply with the average density of atoms, na. We, 
therefore, get
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Inserting this into Equation A.12 yields
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In order to express the electric field, E r t
�� �

( , ), on the right hand 
side in terms of the vector potential, A r t

�� �
( , ), we use the time 

derivative of Equation A.9. For the propagation of transverse 
waves, the time derivative on ∇ ⋅

�� �
ϕ( , )r t  does not contribute; 

thus, we get
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Rearranging terms with similar differential operators we get
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This is the standard form of the wave equation for
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If ω0 is large compared to the coefficient in front of the sum we 
can expand the square root yielding
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Using Equation A.72 and our previous definition of r0 we can 
express the (complex) index of refraction in terms of the atomic 
(forward) scattering factors as
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The refractive index can be greater or smaller than unity. In 
the former case this is called normal dispersion, and in the latter 
anomalous dispersion.

A.1.7 Compton Scattering on Free Electrons

When the wavelength is in the order of the Bohr radius, λ ∼ a0, or 
smaller, the electron with the mass m will not just bounce up and 
down anymore, as assumed previously, but, as shown in Figure 
1.6b, will receive a momentum transfer of the incident wave field, 
which is given by P ci i

γ ω= ⋅ � / . We saw before that the frequency 
of the incident and radiated fields are the same, which means that 
the energies of incident and radiated photons are equal. Therefore, 
no energy transfer on the electron took place. Now, when the pho-
ton momentum is in the order of m · c, we have to correct the clas-
sical Thomson cross-section accordingly. Such corrections for 
scattering on electrons are needed for photon energies of the order 
of tens or hundreds of keV. In this case our photon-electron scatter-
ing can be considered as a two-body process obeying momentum 
and energy conservations. Before the scattering event, we consider 
the electron at rest that its total energy, E m ce = ⋅ 2, is given by its 
rest mass m only. Consequently, also its momentum, 

�
Pe, prior to 

impact is effectively zero. Therefore, we get for the energies
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where the indices i and f indicate the initial energy (or state) prior 
and the final state after the scatter process. We cannot exclude 
that the electron after the scatter process might be accelerated to 
a significant fraction of the speed of light. Therefore, we should 
use for the energy of the electron in the final state the relativis-
tic energy–momentum relation. Regarding the conservation of 
momentum, we get
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We will now use Equation A.82 to calculate 
�
Pe

f  in Equation A.81:
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which gives us then
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and, by rearranging terms,
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More commonly you will find Equation A.85 written in terms 
of the incident photon energy, Ei

γ , and that of the scattered pho-
ton, E f

γ , that we can write
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The right hand side of Equation A.86, thus k kf i
γ γ/( )2

, is the 
quantum mechanical correction for the unpolarized differential 
Thomson cross-section (Equation A.56) in the high energy limit. 
Therefore, we obtain
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When the electron spin is also taken into account, the Compton 
differential cross-section is modified into the so-called Klein–
Nishina differential cross-section, which is given by

 

d
d

rC
eσ

θ

θ
θ

Ω ϒ

ϒ
ϒ

= ⋅
+ ⋅ −

⋅ + +
⋅ −

+

0
2

2

2
2 2

2
1

1 1

1
1

1

( ( cos( )))

cos ( )
( cos( ))
⋅⋅ −









( cos( ))1 θ  

(A.88)



39Basic Physics of X-ray Interactions in Matter

with ϒ = ⋅ ⋅� ωγ
i m c/( )2  (Figure A.4).

Again, we see that, for the low energy limit, thus ωγ
i → 0, 

we obtain the differential Thomson cross-section for unpolarized 
radiation, as previously shown in Equation A.56. We can express 
Equation A.81 in terms of the kinetic energy, Ekin, of the outgoing 
electron, which is given as
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and whose value is maximized for θ = 180°, thus for backscat-
tering. In this case we will have the maximum energy transfer on 
the electron, Ekin

m , and on the backscattered photon, E fm
γ ,
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noting that the difference is given by ΔE E Ekin
m fm= − =γ

E E m ci i
γ γ⋅ + ⋅ ⋅( )−

1 2 2 1
/( ) . This is important to know for single 

photon detection. If the photon is not completely absorbed, a min-
imal amount of energy is always missing. In this view, we might 
be interested to know the probability of measuring electrons with 
a given kinetic energy E E m ckin e= − ⋅ 2 . We can readily get 
this expression by substituting for the angle θ in Equation A.88 
via Equations A.81 and A.85 and noting that:
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The differential cross-sections associated with Equation A.91 
are depicted in Figure A.5 for different incident photon ener-
gies and show rises with increasing kinetic energy (which is 
also referred to as Compton plateau) up to the kinematic limit, 

where it abruptly falls to zero (Compton edge/shoulder). If we are 
measuring the energy of incident X-rays on an energy dispersive 
detector via the charge release in the detector volume, then we 
will see such energy distribution.

Executing the integration of Equation A.91 we obtain the 
Compton cross-section on a single electron
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For a Compton event on an atom we can assume that the cross-
section is increased by the factor Z (i.e., σ σC

atom
C
eZ= ⋅ ), since 

in an atom we have Z electrons as potential scatters available. 
For the low energy limit E m ci

γ � ⋅ 2 and the high energy limit 
E m ci

γ � ⋅ 2, we can approximate the Compton cross-section 
with
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The angular distribution of secondary radiation can be 
described using the concept of a probability density function 
(PDF). The latter is the normalized probability of scattering a 
photon or an electron into an angle, and is given by the ratio of 
the differential cross-section per unit angle and the total cross-
section. Doing this and rearranging terms we obtain
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which describes the directional distribution of secondary radia-
tion from a Compton scatter process, and depends on the energy 
of the incident X-ray and the type of material.
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A.2 Energy Loss by Ionization

We saw that the Compton electron or in general a charged parti-
cle after a Compton process may have substantial kinetic energy 
in matter and subsequently will produce further ionization while 
traveling through the material. Therefore, the charged particle 
will have a certain range until it is thermalized, thus it loses 
almost all its kinetic energy.

Let us assume a particle of mass M with charge z · e that trav-
els with the velocity 

� �
v v ez= ⋅  through a medium with electron 

density, na. The other electrons in the medium are considered 
free and initially at rest. What we want to calculate now is the 
momentum transfer of the moving particle on a single electron in 
the medium. We start with the integral form of the Gauss theo-
rem (Equation A.3), which gives us
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If we imagine the particle traveling along the x-axis of an infi-
nitely long cylinder and the electron is situated in the distance b 
(which is also referred to as the impact parameter) from the cen-
ter of the cylinder (Figure A.6a) then only the transversal contri-
bution of the electric field, 

� � �
E r t E er⊥ ⊥ ⊥= ⋅( , ) , should contribute 

and Equation A.95 can be rewritten as

2
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Knowing the force, F⊥ = e · E⊥, and recalling that the momen-
tum transfer is given by
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we get, by inserting Equation A.96 into Equation A.97,
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Now, the energy transfer of a single electron is given by 
ΔE = ΔP2/2 · m. For a given electron density, na,
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we will find na · 2 · π · b · db · dz in a cylindrical barrel between b 
and b + db. Therefore, the energy loss, −dE, per path length, 
dz, for distances between b and b + db in medium with electron 
density, na, is given by
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The energy loss diverges for b → 0 and tends to zero for large 
distances. Therefore, it makes a lot of sense to define cutoff 
parameters bmax and bmin when executing the integral over the 
impact parameter, thus we will have
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To solve the problem of the cutoff parameters, Bohr suggested 
using the Heisenberg uncertainty principle or the argument that 
the electron is located within de Broglie wavelength for the lower 
cutoff; thus, b m vmin ( ) ( )= ⋅ ⋅ ⋅ ⋅2 π γ� / . For the higher cutoff 
the argument is that the interaction time (b/v) must be much 
shorter than the period of the electron (γ/ωa) to guarantee a rel-
evant energy transfer. Using this cutoff parameter, we get for the 
energy loss:
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where wion = ħ · 〈ωa〉 is the effective ionization potential averaged 
over the oscillator strengths for the absorbing material. Using the 
Avogadro number, Na, we can express the electron density of the 
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FIGURE A.6 Schematic models for energy loss by ionization (a) and radiation (b).
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absorber material with density, ρ, atomic number, Z, and atomic 
weight, A, as
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This differs only by a factor of two from the Bethe–Bloch 
(Bloch 1933; Bethe and Ashkin 1953) equation, which 
derives from rigorous quantum mechanical calculations and 
is given by
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where δ is a factor that accounts for the shielding effect of 
the atomic electrons of the absorber material. Using the 
definition of the classical electron radius, r0, in Equation 
A.54 we notice that the factors in front of the brackets in 
Equations A.103 and A.104 are identical. A useful constant is 
κ π= ⋅ ⋅ ⋅ ⋅ ⋅ =4 0 3070

2 2N r m ca . ( )MeV/ g/cm2  (Figure A.7).
The expression in the nominator of the logarithmic term is the 

maximal kinetic energy transfer on the electron. With I = 2 · π · wion 
we can write the Bethe–Bloch equation in compact form
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The effective ionization potential for a specific material with 
atomic number Z is given by I = 16 · Z0.9 eV, but depends on the 
molecular binding of the absorber atoms.

Initially, the energy loss drops with β−2, which is due to the 
fact that slower particles feel the electric forces of the atomic 
electron for a longer time.

After running through a broad minimum at about β · γ ≈ 4 we 
observe a relativistic rise, which is due to the Lorentz transform 

of the transversal electric field. Thus, the interaction cross- 
section increases. Relativistic particles (β ∼ 1), which possess 
an energy loss in the minimum, are called minimum ionizing 
particles (MIPs). In light absorbers where Z/A ≈ 0.5, the energy 
loss of single charged MIPs can be approximated by
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The energy loss for relativistic electrons (z = 1) is acquired 
by substituting the maximum energy transfer in Equation A.105 
with E m ckin

max = ⋅ ⋅γ 2 2/ , thus
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We should note that the moving charged particle releases 
energy and, according to Equation 1.61, deposits dose along its 
path. Since the energy lost is inversely proportional to the square 
of their velocity, the interaction cross-section increases as the 
energy of the charge decreases. As a result, we expect the highest 
dose deposition just before the particle comes to a complete stop, 
which is known as the so-called Bragg peak, which should not be 
confused with the Bragg peaks in X-ray diffraction. Such a dose 
deposition of protons is shown as a function of water (patient) 
thickness in Figure A.8 for three different energies. We note the 
well-pronounced Bragg peaks, which are exploited in particle 
therapy of cancer. Due to the Bragg peaks, we can concentrate 
the dose delivery on the tumor while minimizing the effect on 
the surrounding healthy tissue.

This is much more efficient than using X-rays or γ-rays, where 
we basically have the highest dose deposition in the first layers 
of the patient.

A.3 Bremsstrahlung

A second mechanism of energy loss of a charged particle trav-
elling through matter is the emission of radiation. We now try 
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to understand the energy distribution of the emitted radiation, 
which is in the following referred to as energy spectra, applied 
to the case in which a charged particle of charge e is acceler-
ated in the Coulomb field of a massive nucleus with charge 
Z · e of a target material. This effect is referred to as brems-
strahlung. When the impact parameter, b, between the moving 
electron and the nucleus is small (in about 0.5% of the events), 
the electron becomes subject to a very strong attraction and 
gets accelerated. We assume the interaction lasts only for a 
short time interval, Δτ, and results in a sudden change of the 
particle velocity from a value v to a value v’. However, the 
associated velocities are small in comparison to c. The inten-
sity of the radiated field will depend on the difference in the 
velocity after and prior to impact from Δv = v′−v. As before, 
we will consider here the low frequency spectrum, thus ω→0 
only. The total emitted electromagnetic energy, dW, in a solid 
angle element, dΩ, is the time integral over the emitted power, 
dP d A r t/ Ω = | ( , )|

� � 2; thus
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where 
� �
A n( , )ω  is the Fourier transform of the vector potential � �

A n t( , ), and 
�
n  is the unit vector connecting the charge and the 

observation point. We used here Parseval’s theorem, telling us 
that the integral of the square of a function is equal to the inte-
gral of the square of its Fourier transform. The radiated field will 
depend on the atomic number, Z, of the target material and on 
Δv = v’−v. Using Equation A.33 we get then, for the electric 
field,
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Inserting this into Equation A.50, we get, for the bremsstrah-
lung spectrum,
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under the frame condition that Δτ→0.
Dividing both sides by ħ2 · ω and recalling that the fine struc-

ture constant is given by α = e2/(ħ · c) = 1/137, we can rewrite 
Equation A.110 in terms of the differential number of photons 
per energy and solid angle unit emitted during impact.
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We realize that the number of photons emitted increases with 
the square of the atomic number, which means we need to have 
heavy materials in order to generate intense radiation. Since the 
photon energy is given by Eγ = ħ · ω, we can rewrite Equation 
A.111 in terms of energy and, with some relativistic corrections,
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Instead of using classical electrodynamics, we can calculate 
electron-induced bremsstrahlung also using a modified Bethe–
Bloch equation (Equation A.105), which is given by
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The radiated energy loss and, therefore, the emission of 
bremsstrahlung scales with the inverse mass of the projec-
tile. For this reason, only light particles such as electrons are 
accelerated in X-ray tubes. Due to the relativistic correction 
in Equation A.112, the mission pattern of bremsstrahlung in 
modulated, and depends on the electron velocity. At low elec-
tron energy, | |

�
�v c, bremsstrahlung is emitted preferentially 

between 60° and 90°, while for higher electron energies pho-
tons tend to be emitted in the forward direction with respect to 
the acceleration (Figure A.9).

The factor x A N Z r ZA0
2

0
2 1 34 183= ⋅ ⋅ ⋅ ⋅ ⋅( )/ /α ln( )  has 

the dimensions [g/cm2] and is called radiation length. We can 
use this radiation length to simplify Equation A.113 further, 
and we get a homogeneous differential equation very similar to 
Lambert–Beer (Equation 1.1):
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which we can solve by separating the variables and the subse-
quent integration to get

 E E e
x

x= ⋅
−

0
0 .  

(A.115)

This means that, after the passage of one x0, the electron has 
lost all but (1/e)th; thus, 63% of its initial energy, E0. The radia-
tion length in a mixture of n elements can be calculated using the 
weight fractions, fi, of the materials using
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We saw up to now that energy losses due to bremsstrahlung are 
proportional to the energy of the projectile, while losses due to 
ionization beyond the ionization minimum scale with the loga-
rithm of the energy. The energy, Ec, for which the energy losses of 
these two mechanisms are equal, is called critical energy, which 
can be calculated by equalizing Equation A.113 and Equation 
A.104. For heavier elements (Z > 13), we can determine the criti-
cal energy through
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Dividing Equation A.113 by Equation A.104, we obtain the 
ratio of the two effects, which is given by
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where E is the incident particle energy in MeV. For a typical 
acceleration voltage of 100 keV for electrons and a tungsten tar-
get (Z = 74) the ratio is about 1%, thus not that great yield for 
X-rays.

A.4 Range of Charged Particles

Because of the different energy loss mechanisms, it is virtually 
impossible to find a holistic solution for the range of charged par-
ticles in matter. In general, we get the range by integrating over 
the energy loss as it slows down to rest (E = 0); thus
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However, we see the energy loss is a quite complicated 
function of the energy. Therefore, normally we will use a 

mostly empirical approximation of the integral. For instance, 
the range, in centimeters, in air for α particles with energies 
2.5 MeV ≤ Ekin ≤ 20 MeV is given by the empirical formula 
R Eair

kinα = ⋅0 31 3 2. / . For a coarse estimation of the range of α par-
ticles in other materials, we can use R A Rair

α αρ= ⋅ ⋅−3 2 10 4. ./  
If we neglect fluctuation in energy loss, and we assume the 
rate of energy loss at every point along the track to be equal 
to the total stopping power, then we can calculate the average 
path length traveled by a charged particle by the so-called 
continuous-slowing-down approximation (CSDA) (Bichsel 
1988). Fortunately, we do not have to accomplish this sort of 
calculation by hand, since others already did it. There are sev-
eral databases that allow one to calculate the range of charged 
particles in arbitrary materials for electrons, protons, and 
α particles, in particular a very convenient one provided by 
the National Institute of Standards and Technology (NIST) 
(Berger 1992).

A.5 Schrödinger Equation and Hydrogen Atom

In quantum mechanics, typical particle parameters such as 
energy, E, or momentum, 

�
P, are associated with differential 

operators:
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Due to the wave–particle dualism, we can describe the particle’s 
motion by its complex wave function, ϕ( , )

�
r t . The probability 

P r t( , )
�

 to find the particle at a position dr
�

 is given by

 P r t dr r t r t dr( , ) ( , ) ( , ) ,*� � � � �
⋅ = ⋅ ⋅ϕ ϕ  (A.121)

where ϕ*( , )
�
r t  is the complex conjugate of the wave function 

ϕ( , )
�
r t , which generally is normalized to unity, thus
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FIGURE A.9 Emission patterns of bremsstrahlung for different electron velocities.
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The expectation values for particle parameters such as to find 
it at a position 

�
r , in an energy state of E, to find it in its momen-

tum 
�
P, or in general in a state 

�
Σ, are given by
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To solve the motion of a particle with charge e and mass m 
described by its wave function, ϕ( , )

�
r t , in an external potential, 

V r t( , )
�

, we start with the ansatz of the conservation of energy:
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where H is the so-called Hamiltonian. Now, substituting the 
operators (Equation A.120) into Equation A.124, we get the 
Schrödinger equation
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To fill the Schrödinger equation with a bit of life, we need to 
add the specifics for the system of interest into the Hamiltonian. 
We are interested in a hydrogen like atom, which consists of 
a nucleus with mass M and with the charge Z · e and just one 
electron. As before, in Section A.1.5, the electrostatic potential 
V r t( , )
�

 between the electron and the nucleus is described by the 
Coulomb term, as defined in Equation A.60, and we obtain,
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where µ is now the reduced mass for the electron nucleus system, 
thus µ = m · M/(m + M). Using the same argument as in Section 
A.1.1 and, more specifically, in Equation A.13, we try to solve 
this differential equation by separating the variables according 
to their time and space dependencies
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Inserting this into Equation A.126 and using the differential 
operator in polar coordinated (| |, , )

�
r θ φ  we get
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This looks even more complicated, but has the advantage that 
we can solve Equation A.128 again using the method of separat-
ing variables into a radial, a polar, and azimuthal component, 
respectively, and, therefore, R r r( ) (| |) ( ) ( )

� �
= ⋅ ⋅ρ ϑ θ ψ φ . With this 

approach, we get three now independent differential equations, 
which are all solvable. The calculation is lengthy, but straight-
forward; therefore, we will just give the final solution, which is 
given by

 R r N e P el
E

l
m i mn( ) (cos( )) ,

�
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 (A.129)

where En are the energy levels we have calculated previously in 
Section A.1.5 and, more specifically, in Equation A.60, Pl

m  are 
Legendre’s polynomials that solve the polar equation, and the 
last factor is the solution of the azimuthal equation. The wave 
function, for instance for electrons in the 1s state in a hydrogen 
like atom with atomic number Z, is then given by
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We should add here the probability that a given system changes 
its initial to a final state ϕ ϕi fr t r t( , ) ( , )

� �
→  is given by
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where Mi,j is the transition matrix element.

A.6 The Photoelectric Effect

We assume the photoelectric effect takes place on an isolated 
hydrogen like atom occupying a volume, V, and its electron is 
found in the 1s state (Figure 1.9b). From the previous section, 
we know that the wave function of the bound electron is then 
given by
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In the final state, we will approximate the electron wave func-
tion with a plane wave with wave vector 

�
k f . If the energy of the 

emitted electron is lower than 150 keV we can apply a good 
approximation in non-relativistic kinematics and we can write 
the wave function of the electron in the continuum as
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The wave function of the incident photon in the initial state is 
given by the wave function of the ejected electron
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In order calculate the probability of a transition from a bound 
electron and an incident photon described by its vector potential � �
A r t( , ) and scalar potential ϕ( , )

�
r t  into a moving electron in the 

continuum, we need to find the Hamiltonian of the system and 
apply it to Equation A.131. For this, we start from Equation A.126 
and add the vector potential 

�
A r t( , )  and the scalar potential ϕ( , )

�
r t  

in the Hamiltonian. Therefore, we will obtain
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To obtain the right hand side we used the differential opera-
tor representation of the momentum, we employed the Coulomb 
gauge to get rid of the scalar potential, and we neglect quadratic 
terms in the vector potential—an approximation that is valid for 
weak fields. Finally, we made use of Equation A.108 to express 
the vector potential in the frequency domain. Applying Equation 
A.131 we get
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As in Section A.1.4, we consider the incident electromagnetic 
radiation polarized along the z-axis of a Cartesian reference 
frame, thus 

� �
Π Π0 0= ⋅ ez . What we are interested in is the cross-

section for the photoelectric effect, thus the transition probability 
normalized to the energy density per time (see Section A.1.6) of 
the incident photon:
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where we made use of Equations A.50 and A.108. We can sim-
plify this by using the fine structure constant and expressing the 
Dirac function in terms of the energy
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We keep in mind that transitions to a number of n states 
are possible, and we need to estimate how many states can be 

populated in a given volume, V. If we assume a cube with an 
edge length of V3 , we can fit n Vi i⋅ =λ 3  wavelengths per axis 
(i = 1,2,3) or expressed in the components of the wave vector, 
k n Vi i= ⋅ ⋅2 3π / . Subsequently, we get, for the energy states,
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Using this definition of the energy, the number of states in a 
volume element is the given by
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Now we integrate over all possible energy states
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which leads to
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It remains now to solve the integral, thus the matrix transition 
element, by inserting Equation A.133:
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The momentum operator acts on the function ei k k rf⋅ − ⋅( )
� � �

, which 
is an eigenfunction of the momentum, and is producing a factor 
| |
� �
k k f− . Since the polarization is parallel to 

�
k , we remain with
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where ϑ is the angle between the polarization and the direction of 
the emission of the electron. Inserting the wave function of the ini-
tial state (Equation A.134) and integrating over the volume, we get
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Inserting this into Equation A.142, we get for the differential 
cross-section
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If the photon energy, ħ · c · k, is substantially greater than 
the binding energy, EB, but the ejected electron is still non- 
relativistic, then the kinetic energy of the photoelectron cor-
responds in practice to the incident photon energy, and we can 
approximate | |

� �
k k f−  with
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where 
�
v f  is the velocity of the electron and θ is the angle between 

�
k  and 

�
k f . To simplify further (Equation A.146), we try to find a 

reasonable approximation of the denominator. For a non-relativ-

istic photoelectron, we find | | | |
� �

∼
�

�k k k m Ef f− = ⋅ ⋅ =2 /

( . )0 51 108⋅ ⋅ 





E eV /cm . With a0
80 53 10= ⋅ −. cm and an elec-

tron energy of E = 50 keV, we get a0 · |k−kf | ∼ 56. Therefore, if Z 
is substantially smaller, we can neglect the Z2 term in the denomi-
nator. However, the higher the incident photon energy, the higher 
the atomic numbers allowed in this approximation, which is also 
known as Bohr approximation.

We have chosen the propagation direction of the incident pho-
ton along the x-axis. Therefore, the electric field of the incident 
photon must than stay in the y-z plane. We first choose this polar-
ization along the y-axis. In this case, we shall have that the cosine 
of the angle, ϑ, will be given by the component of the unit vec-
tor, 
�
k f , along the y direction, namely cos(ϑ) = sin(θ) · cos(ϕ). If, 

instead, the incident photon polarization is along the z-axis, we 
get cos(ϕ) = sin(θ) · sin(ϕ). For unpolarized photons, we should 
average over the two polarizations of the incident photon, thus
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Inserting this into Equation A.146, we eventually get for the 
differential cross-section for unpolarized photons,
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For non-relativistic velocities of the photoelectron, the denomi-
nator 1−vf /c · cos(θ) ≈ 1 is close to unity. Utilizing the relation 

k mf = ⋅2 ω/� , we obtain the total photoionization cross-section 
by integrating the differential cross-section over the solid angle
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We note that the cross-section for the photoelectric effect of 
unpolarized photons scales with the fifth power of the atomic 
number, Z, and decreases with the 7/2 power of the photon energy. 
The only factor possessing a dimension is the Bohr radius, a0, 
which implies that we are really dealing with a cross-section 
with the dimension cm2. Using the Thomson cross-section, σTh, 
and the reduced photon energy, ε = m · c2/(ħ · ω), we can rewrite 
Equation A.150 in a more handy form, as

 
σ

ε
α σPE ThZ= ⋅ ⋅ ⋅

32
7

4 5 .
 

(A.151)

A.7 Cherenkov Effect

As a charged particle is traveling through a medium of refrac-
tive index, n, with a velocity, v > c/n, it radiates characteristic 
electromagnetic wave fields, which is the so-called Cherenkov 
radiation.

We can employ a very simple model to explain this effect. 
While traveling through matter, the charged particle shortly 
polarizes the atoms in the vicinity of its track, which then become 
electrical dipoles. Due to the temporal change in the dipole field, 
electromagnetic wave fields are radiated. As long as the particle 
velocity is small in comparison to c/n, we can assume a sym-
metrical distribution of dipoles along the track, as indicated in 
Figure A.10a, and the superposition of all individual dipole fields 
sums up to zero in the far field. In other words, we would not 
measure any radiation. The situation changes when the particle 
velocity is greater than c/n. In this case, the generation of dipoles 
is retarded, and the resulting dipole field is asymmetric (Figure 
A.10b). The temporal change of the remaining dipole moment 
then causes the emission of Cherenkov radiation. The relative 
contribution of Cherenkov radiation is small in comparison to 
the energy loss by ionization (Equation A.105). For light gases, 
it is in the order of 5%, while for gases with Z > 7 it is around 
1%. The angle between the emitted Cherenkov photons and the 
particle track we get through a simple geometrical consideration: 
while the particle travels the distance AB = t · β · c, the photon 
just made it to AC = t · c/n. Therefore, we get
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In principle, we should correct the recoil effect of the photon 
momentum (ħ · k) onto the particle momentum, p. However, since 
ħ · k ⪡ p, Equation A.152 represents a decent approximation, 
which is good enough for most purposes. Cherenkov radiation 
is only emitted when the particle velocity exceeds the threshold 
β > 1/n. From this threshold on the photons will be emitted in a 
forward direction up to a maximum angle of
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The number of emitted Cherenkov photons in the wavelength 
range of λ1 and λ2 per path length, dx, is given by
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where z is the charge of the particle. For a single charged particle 
(z = 1) we will get something like 490 · sin2(θ) photons per cen-
timeter radiator material length in the optical wavelength range 
from 400 to 700 nm.

A.8 Photonuclear Interactions

As we discussed earlier, when the wavelength becomes much 
smaller than the Bohr radius, λ ⪡ a0, the incident wave field will 
start to work on the nucleus. As seen in Section 1.4.7, we can imagine 
the nucleus as a drop of incompressible nuclear proton/neutron fluid 
of very high density, which is held together by the strong nuclear 
force. This strong nuclear force is visible only on the baryon level, 
and vanishes at the boundary of the nucleus. From the distance, 

�
r , 

we therefore see only the Coulomb force of the charge density of the 
protons, ρ( )

�′r . The resulting potential we can describe as
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where Pl(cos(θ)) are Legendre’s polynomials for m = 1 that 
we introduced earlier when discussing in Section A.5. For 
| | / | |
� �

�′r r 1  the series converges rapidly, and we just have to 
take care of the first order terms of the expansion
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where the first term of the series is the monopole 

∫ ′ ⋅ ′ = ⋅V r dr Z eρ( )
� � , which is due to the charge of the 

nucleus, the second term is the dipole moment in the sense 
of Equation A.30, thus 

� � � � �
d r r z e drz0 0( ) ( )= ∫ ′ ⋅ ⋅ ⋅ ′′ρ , and 

Q r z r dr0 0
2 23= ∫ ′ ⋅ ⋅ − ′( ) ⋅ ′ρ( ) | |

� � �  is the quadrupole when we 
assume that the symmetry axis of the nucleus is parallel to the 
z-axis of a coordinate system with origin in the center of the liquid 
drop. Higher terms are dropping rapidly with the distance and can 
be neglected. We can imagine these electric (but also magnetic) 
poles in the nucleus according to the simplified sketch depicted 
in Figure A.11. Now it is clear that an incident wave field on the 
nucleus can generate low and high order oscillations and work 
pretty much the same way as we saw before in the case of bound 
electrons. Similarly to the scattering of X-rays on bound electrons, 
the dipole moment of the nucleus for instance can act as an effective 
antenna for the absorption of the incident γ-rays or emitting the lat-
ter. In addition, we will find monopole modes, thus the swelling and 
shrinking of the nucleus and the activation of quadrupole moments, 
which as a side remark are the sources of gravitational waves.

These three modes of oscillation (monopole, dipole, and quad-
rupole) are known as the giant nuclear resonances (GNR) and 
are associated to the giant electric monopole resonance (E0 or 
GMR), the giant electric dipole resonance (E1 or GDR), and, 
eventually, the giant electric quadrupole resonance (E2 or GQR). 
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FIGURE A.10 Simple model to explain the Cherenkov effect. (a) For a particle with lower velocity and (b) with higher velocity than the speed of light in 
this medium.

Monopole

n n
n

n n
n

n n
n

n n n n n

n n n
n
nn

n
n
n

n

n
nn

nn
nn

nn
n

p pp

p p p

ppp
p

p
p p

p
p p

p
p
p

p
p p
p

p
p

p p
p p

p
pp

p
p p p

ppp

p p

p

+

+ +

+
–

– –

n

n n
n

n
nn

n

Dipole Quadrupole

FIGURE A.11 Simple model to explain the electric monopoles (left), 
dipoles (middle), and quadrupoles (right).



48 Handbook of X-ray Imaging

Appendix B

Historically, the oldest and best-studied GNR is the E1/GDR. 
This resonance occurs in medium and heavy nuclei at an energy 
of about E Aγ = ⋅ −78 1 3/ MeV, where A is the atomic mass num-
ber. In spherical nuclei, the width of the resonance is more or less 
4 MeV in a wide range of atoms, which broadens up the 8 MeV in 
deformed nuclei, since here lateral and longitudinal components 
and their linear combinations will contribute. Sometimes these 
contributions can be experimentally resolved. E0 and E2 reso-
nances are lying energetically very close to the GDR, but they 
are strongly released in forward direction. To get an idea about 
the cross-sections, we take the example of the GDR and use the 
same ansatz as in Equation A.62, where we now use the mass, 
M, of the nucleus and the charge, Z · e. Moreover, we consider the 
protons bound in the nucleus via a spring with a natural, angular 
frequency, ωGDR to obtain Newton’s second equation of motion
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where ΓGDR is the damping rate. As discussed previously, we 
consider the incident wave field polarized in the z-direction. 
Executing exactly the same steps as in Section A.1.6, we yield
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which is nothing else but a Lorentzian shape with an amplitude 
of ′σGDR. Equation A.158 can be expressed in terms of energy, 
which gives us
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Appendix C 

Appendix D

Appendix E

TABLE C.1

Physical Constants Used

Quantity Symbol Value Units

Speed of light in vacuum c 299,792,458 m/s

Planck’s reduced constant ħ 6.582 · 10−16 eV · s
Electron charge E 1.602 · 10−16 C

Electron mass M 9.109 · 10−31 kg

Electron rest mass m · c2 0.511 MeV

Classical electron radius r0 2.817 · 10−15 m

Bohr radius a0 0.529 · 10−10 m

Permeability of vacuum µ0 4 · π · 10−7 N/A2

Permittivity of vacuum ε0 8.854 · 10−12 F/m

Fine structure constant α 7.297 · 10−3

Avogadro’s number NA 6.022 · 10−23 1/mol

Boltzmann constant K 8.617 · 10−5 eV/K

Atomic mass unit mu 1.660 · 10−27 kg

Thomson cross-section σTh 0.665 · 10−28 m2

Rydberg constant R 13.605 eV

Proton diameter π 0.8418 · 10−15 m

TABLE E.1

URLs of Useful Databases

Name Type URL

Center of X-ray Optics X-ray Interactions With Matter http://henke.lbl.gov/optical_constants/

NIST XCOM XCOM: Photon Cross-Sections Database http://www.nist.gov/pml/data/xcom/

NIST ESTAR Stopping power electrons http://physics.nist.gov/PhysRefData/Star/Text/ESTAR.htm

NIST PSTAR Stopping power protons http://physics.nist.gov/PhysRefData/Star/Text/PSTAR.html

XOP X-ray Oriented Programs http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4

X-ray data book Compendium http://xdb.lbl.gov

Energy Range (eV) Wavelength Range Name

<10−7 cm to km Radio Waves (short, medium, long waves)

<10−3 mm to cm Microwave

<10−3 mm to mm Infra Red

0.0017–0.0033 380–750 nm Visible Light

0.033–0.1 10–380 nm Ultra Violet

0.11–100 0.01–12 nm X-rays

10–5000 0.0002–0.12 nm Gamma Radiation

http://henke.lbl.gov/optical_constants/
http://www.nist.gov/pml/data/xcom/
http://physics.nist.gov/PhysRefData/Star/Text/ESTAR.htm
http://physics.nist.gov/PhysRefData/Star/Text/PSTAR.html
http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4
http://xdb.lbl.gov
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2.1  Working Principle and Types 
of Medical X-ray Tubes

A comprehensive treatment of the physics, history, technology, 
reliability, and commercial aspects of diagnostic X-ray sources 
can be found in Behling (2016). The subsequent chapter will 
focus on the vacuum technology of X-ray tubes for medical 
imaging.

2.1.1 A Sample Rotating Anode X-ray Tube

Although the generation of bremsstrahlung (braking radiation) is 
comparatively inefficient, it has been, and will continue to be, the 
agent of choice for medical imaging. No other process of X-ray 
generation is as versatile in practice and as cost effective as bom-
barding compact targets of high atomic number and density with 
electrons.

Figure 2.1 is a picture of visible thermal radiation from the 
thermally excited area next to an X-ray focal spot of a rotat-
ing anode tube with a glass frame, which is heated by electron 
bombardment. The fraction of the intensity of created X-rays 
divided by the kinetic power of the incoming electron beam, 
which is in the order of one percent, and the ratio of the space 

angle that the used beam covers compared with the total iso-
tropic radiation field, about one percent as well, yields an over-
all efficiency of energy conversion in the region of only 10−4. 
A tube for computed tomography (CT) generates as much light 
intensity as a single consumer LED, but requires input in the 
order of 100 kW. A total of 99.99% of this energy is wasted as 
heat. Conrad Roentgen’s first glass tubes already suffered from 
excessive heating, see Chapter 7. The vast majority of his tubes 
imploded or otherwise broke; certainly many of them upon ther-
mally overstressing the glass wall which—surprisingly—acted 
as the initial target.

Unlike Roentgen’s hardly visible glass wall, heat generated in 
a high power tungsten anode usually shows up well, as Figure 2.1 
reveals. The rotating anode shown is facing downward, located 
about an inch above the cathode at the bottom. In the middle of 
the image, the conical surface of the anode shows a narrow white 
glowing rectangular zone, which is about a millimeter wide 
in the tangential direction and about 10 mm long in the radial 
direction. It extends radially close to the outer rim of the anode. 
The center line of the invisible X-ray focal spot where electrons 
impact the target and the center line of the visible glowing rect-
angular area are oriented in parallel, but askew by about half a 
focal spot width. An adjacent comet tail of heat radiation from 
the focal track tails to the left and further about the center axis of 
rotation. Overlaid on this picture is a reflection of visible thermal 
light from the glowing electron emitter coil of the cathode at the 
bottom of the picture. This reflected light has a color tempera-
ture of about 2200°C, the temperature of the filament coil of the 
cathode. The exact origin of the heat is a radially extending focal 
spot where the beam of electrons from the cathode impinges on 
the conical tungsten–rhenium surface of the anode. The electron 
beam has a nearly rectangular cross-section in the plane of the 
focal spot. The (invisible) X-ray focal spot, where the X-rays 
emerge, is slightly wider than the white glowing hot zone where 
thermal radiation emerges with relatively high intensity. Upon 
passage of the electron beam from the right to the left, the cool 
target material heats until its thermal radiation becomes visible. 
The tail provides information on the speed of the heat spread 
inside the target. The focal spot visibly cools down during the 
period of rotation of about 20 milliseconds. Immediate heat dif-
fusion from the very top of the bright electron interaction zone 
within the focal spot in the normal direction to the surface causes 
a more rapid fall of the surface temperature of the tungsten tar-
get by about 1000 Kelvin right after departure from the elec-
tron beam. A centimeter along the focal spot track of 80 mm 
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FIGURE 2.1 Thermal light emission from the rotating anode of a glass 
X-ray tube in operation.
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diameter corresponds to about 800 microseconds of motion of 
an element of the target. The sharp left boundary of the hot zone 
is indicative of a cooling rate of at least 1000 Kelvin within less 
than a single dwell time of tungsten under the electron bombard-
ment in the focal spot. The width of this sample spot amounts to 
about 1.5 mm. The cooling rate is in the order of 10 K/µs in this 
case. Given the well-known heat conductivity and capacity of 
tungsten, this indicates that the heat is generated in a very shal-
low volume close to the surface. Indeed, under practical condi-
tions of tube voltages between 40 and 150 kV, useful X-rays are 
generated up to about two micrometers deep in the target. The 
depth of total electron penetration amounts to about 10 µm. This 
results in a relatively small heat capacity of the heated volume 
and large heat conduction to deeper material layers. The photo 
was captured during the initial part of the exhaust procedure 
with a nearly virgin tube sitting on a vacuum pump (Figure 2.1) .

The working principle of an entire X-ray tube may be explained 
with a sample glass X-ray tube, as depicted in Figure 2.2.

X-rays emerge upon impact of electrons from the cath-
ode and their interaction with the nuclei of the target atoms. 
Photons fan out from here in all directions with nearly isotropic 
intensity. Only a small fraction enters the used beam, which is 
defined by a set of apertures and X-ray filters, see Figure 2.3. 
X-rays emerging sub-surface have to traverse the anode mate-
rial. Rays close to the anode shadow are particularly attenu-
ated and spectrally shaped by the tungsten target. The form 

of the lack of X-ray intensity in the polar diagram of Figure 
2.4 gave rise to the term “heel effect.” If the highest energy of 
photons generated exceeds the k-edge of tungsten (tube voltage 
greater than 70 kV corresponding to a k-edge at about 70 keV), 
high energy photons are cancelled by intrinsic filtration. Soft 
radiation is strongly attenuated in directions close to the anode 
shadow.

The cathode and anode are placed in an ultra-high vacuum. 
The cathode usually comprises coiled tungsten wires, which can 
be directly heated by an auxiliary current. Electrons are ther-
mally excited. Those which overcome the barrier of the work 
function of the material (in this case, tungsten with about 4.5 eV) 
are released into the vacuum. Metallic electrodes shape the elec-
trostatic field such that the charge carriers are pulled off the cath-
ode and hit the anode in the specified region of the focal spot. 
The anode disc is a sintered compound of tungsten with some 
percentage of rhenium at the top. The bulk material underneath 
consists of an alloy of molybdenum, zirconium, and titanium. 
The anode disk is mounted with a thermally isolating (usually 
hollow) shaft on a bearing system, comprised in this sample case 
of a ball bearing system in a vacuum. Members of the ball bear-
ing system made of steel are coated with thin layers of a solid 
material like lead or silver, which prevent cold-welding or pit-
ting. The lifetime of ball bearings in a vacuum is rather limited. 
The anode therefore has to be stopped when the tube is idle and 
accelerated before the next exposure. Due to a lack of significant 
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heat conduction through the point-like contacts of balls and 
raceways, the exemplary anode solely cools by heat radiation. 
Figure 2.5 shows a more rugged type of rotating anode tube with 
a metal center section.

Vacuum “inserts” are enclosed by protective housings. Lead 
or other high-Z material covers the enclosing aluminum hous-
ing internally and shields-off unwanted leakage radiation. As 
discussed, bremsstrahlung from a thick reflection target emerges 

nearly isotropic in all directions. X-ray lenses are not available 
for the hard X-rays with spectra useful for human imaging. Only 
a small amount of the used radiation emerges under an angle, 
which in practice amounts to between nearly zero and about 
30° from the truncated cone of the anode disc. In addition to 
the target-intrinsic filtration, this radiation is further spectrally 
shaped by the glass or beryllium wall of the tube insert, a thin 
layer of insulating oil and a slab of, typically, aluminum. Figures 
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which has the same anode angle. Triangles: new tube, as processed; tilted squares: aged tube. Beam filtration: 2.5 mm aluminum equivalent plus 20 mm 
aluminum emulating patient filtering. An extrapolated isotropic distribution is overlaid with the measured data for comparison.
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2.5 and 2.6 show exemplary cut models of Varian tube assem-
blies for CT. For these constructions, glass is replaced by a metal 
center section. The tube in Figure 2.6 has a single high-voltage 
terminal for the cathode only, insulated by a ceramics insula-
tor capable of isolating a tube voltage of 140 kV. The anode is 
on ground potential, a technology that Varian calls anode end 

grounded. The graphite-backed anode is finned, as was the first 
ever rotating anode from Philips (see Chapter 7). A direct oil or 
water cooled scattered electron trap reduces the heat loading of 
the anode by nearly 40%.

2.1.2 Rotating Frame Tubes

By 2003, Siemens realized an idea created in the late forties by 
Waterton and Metropolitanvickers, UK, see Waterton (1946), and 
began commercializing rotating frame tubes for CT, see Schardt 
et al. (2004) and Figure 2.7. This platform of tubes comes with 
a rather small anode of only about 120 mm diameter, which 
rotates as a part of the entire tube frame and is in direct contact 
with oil. The ball bearings run well lubricated in oil instead of 
in an “aggressive” vacuum. The tight thermal connection of the 
anode to the oil prevents the bulk anode temperature from rising 
above a few hundred degrees centigrade. However, large thermal 
gradients appear between the focal spot track and the backside 
interface to the oil.

On the other side of the tube, a circular-symmetric flat electron 
emitter in the center emits a beam of electrons into the vacuum, 
which are first accelerated along the tube axis. The X-ray focal 
spot is kept at a fixed position relative to the tube housing by 
a stationary magnetic dipole field. The electron trajectories are 
bent outwardly during passage of the dipole field in the region 
of the visible bottle-neck and hit the anode about 5 cm off axis. 

X-rays pass through slit

Thin aluminum window holds
back oil, passes X-rays

Cathode head carries focused filaments

Glass-to-metal hermetic seals

Dielectric oil fills spaces
and prevents electrical arcs

Copper can (cut away to see inside) holds
10–6 vacuum equal to that of deep space

GS-2000 Series X-ray tube Lead lining blocks X-rays

Beryllium window transparent to X-rays

Focal spot 1 mm x 1 mm, 4500°F

Molybdenum anode with tungsten surface

Carbon backing to absorb heat, 2000°F

Insulating glass holds off
+75,000 volts from can

Insulating glass holds off
–75,000 volts from can

Stator motor (cut away)
turns the anode up to 10,000 RPM

Aluminum housing holds
dielectric oil cooling medium

FIGURE 2.5 Cut view of a bi-polar Varian GS 2000 series tube with metal center section and graphite-backed rotating anode. (Image courtesy of Varian.)

FIGURE 2.6 Cut view of an anode end-grounded Varian tube of the 
MCS-series tube for computed tomography with metal center section, liquid 
cooled scattered electron trap, and graphite-backed finned rotating anode. 
(Image courtesy of Varian.)



58 Handbook of X-ray Imaging

Additionally, an electrically controllable magnetic quadrupole 
field shapes the electron beam.

Axial z-deflection of the focal spot has been introduced with 
the Straton® tube as a novel, very beneficial option. There is a 
price to pay, however. Hydrodynamic friction of the fast rotating 
tube insert requires several kilowatts of driving power, Protor-drive, 
to keep the rotor at a high speed of 200 Hz.

2.1.3 Stationary Anode Tubes

Figure 2.8 is a close-up of a stationary anode tube, which com-
prises a fixed tungsten target of about one millimeter thickness 
brazed into a copper stem. Compared with the use of ball bear-
ings, stationary or fixed anode tubes provide better heat con-
duction from the focal spot to the ambient surroundings. The 
continuous heat dissipation of the approximately 10 cm long tube 

shown in the figure is nearly equal to the rating of a much more 
expensive rotating anode tube shown in Figure 2.2. The down-
side of using a fixed target is a lack of permissible density of 
instantaneous pulse power input at the target surface. Compared 
with rotating anode tubes, this figure is about two orders of mag-
nitude smaller for stationary anode tubes. Exposure times may 
be one or two orders of magnitude longer. Stationary anode tubes 
serve medical applications of low instantaneous input power 
paired with moderate continuous power, for example, for surgi-
cal C-arms or dental X-rays.

2.2 X-ray Source Assembly

According to Food and Drug Administration (USA) terminol-
ogy, an X-ray source assembly is comprised of a tube (vacuum 
electronics component) and tube housing (X-ray shield, mechani-
cal protection, terminals), which both make up the tube housing 
assembly, and a beam limiting device (collimator), as depicted 
in Figure 2.9.

2.2.1  Protection against Implosion and Explosion

A medical device must be intrinsically safe against hazards 
caused by malfunctioning of any of the components involved. 
Anode discs may burst. Glass tubes might implode. Metal center 
section tubes could even explode after oil leakage and access of 
air to hot electrodes or electrical discharge. The tube housing 
protects user and patient against all these potential hazards. Type 
tests under worst case conditions ensure the integrity of the tube 
assembly under all thinkable circumstances, based on exhaustive 
failure mode and effects analysis.

Technically, an onion-like concentric design of a ductile metal 
center section and ductile tube housing envelope is preferred. 

FIGURE 2.8 Close-up of a bi-polar stationary anode tube with scattered 
electron capturing head in the anode (left) and two superimposed focal spots 
created by operating thermionic tungsten emitters sitting in the cathode 
(right).

Tube housing assembly (cut)

Tube insert in an early version of
the (cut) housing

Rotating cathode, anode,
frame, and X-ray window

Motor

Stationary magnetic
quadrupole, dipoles,

e–-beam X-rays X-rays

Ball bearing (under oil)

FIGURE 2.7 Cut views of the Siemens rotating frame tube Straton®. The entire tube insert at the right is rotating in the tube housing assembly in the center. 
Left: tube housing assembly cut open; top right: CAD model; bottom right: tube insert in a cut plastic housing. (Images courtesy of Siemens.)
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The metal center section catches expelled parts, deforms, and 
dissipates their kinetic energy.

2.2.2 X-ray Shielding

Lead-lining or enclosure of the X-ray generating focal spot by 
compounds of a material with a large atomic number and density 
shields users from unwanted radiation, see for example, Figures 
2.2, 2.3, and 2.5. For compliance with US code 21 CFR Part 1020 

2005, the housing shield, the X-ray port, and the shielding of 
the beam limiting device have to be engineered and assembled 
such that the leakage radiation from the X-ray source assembly 
would never exceed a local maximum of 0.88 mGy air kerma in 
one hour in a distance of one meter from the focal spot. Leakage 
technique factors stated in the accompanying documents specify 
firstly, and most importantly, the maximal allowed tube voltage 
of operation and secondly the charge which a tube may conduct 
during X-ray production within one hour of operation.

2.2.3 Beam Limitation

The definition of the X-ray fan is achieved in two subsequent 
steps. To exclude most of the off-focal radiation that emerges 
from the anode from entering the used X-ray beam, an upstream 
aperture is placed in a fixed position proximal to the focal spot. 
Using this device only, large geometrical magnification would 
cause penumbra effects and poor definition of the radiated area 
due to the non-vanishing size of the focal spot. Thus, in addition, 
the most accurate definition of the radiation field is provided by 
other X-ray opaque blades at a distance of circa 20 cm from the 
focal spot inside the beam limiting device, simply—but physi-
cally incorrectly—called the collimator. Figure 2.10 illustrates 
the principle of beam forming. US code 21 CFR Part 1020 2005 
requires:

Neither the length nor the width of the X-ray field in the 
plane of the image receptor shall differ from the cor-
responding dimensions of the selected portion of the 
image receptor by more than 3% of the SID (remark: 
i.e., source-image detector distance) when adjusted 
for full coverage of the selected portion of the image 
receptor.

Collimators in whole body CT usually define fields of view of 
about plus and minus 25–30 degrees in plane and between one 
and about 16 degrees axial. Their axial collimation determines 

FIGURE 2.9 Beam limiting device (collimator, cover removed) mounted 
at the bottom of an X-ray tube assembly for general radiography. Lead leaves 
delimit the beam. The ruler is used to adjust and measure the source-image 
receptor distance to set the focal spot into the focus of the anti-scatter grid 
upstream on the detector.
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FIGURE 2.10 Definition of the X-ray beam for general radiography with an upstream aperture proximate to the focal spot to block unwanted off-focal 
radiation and a beam limiting device in a greater distance. The attached beam limiting device accurately defines the radiation field with only a small pen-
umbra caused by the finite size of the focal spot.
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the patient coverage per rotation and is usually dynamically 
adapting to the rotation phase of the gantry. Beam shaping com-
prises delimiting and also smoothing the flux of radiation across 
the X-ray fan. A special attenuator, the often called bow-tie filter, 
primarily weakens peripheral X-rays. Another device sometimes 
used to even out the X-ray intensity at the detector is a heel effect 
filter, which is usually included in the X-ray window of the tube 
housing.

2.2.4 Beam Quality

Tube housings provide part of the minimal required X-ray fil-
tration that an X-ray source assembly has to deliver. Trade-off 
between avoiding unwanted soft radiation, guaranteeing exact 
compliance with regulatory requirements, best X-ray flux, and 
robustness of the equipment against false assembly, in particu-
lar during tube replacement and assembly of tube housing and 
beam collimator, has led to different solutions. According to 
International Electrotechnical Commission IEC 60601-1-3, ed. 
2.0, the beam quality shall be at least equivalent to 2.5 mm of 
aluminum in terms of half-value layer. Permanent irremovable 
filters, for example, the window cup in Figure 2.3, must never 
undercut 0.5 mm Al equivalent. Fixed added filters shall not ren-
der filtration less than 1.5 mm Al. A beam limiting device may 
add filtration. Therefore, the filtration of the tube assembly alone 
may undercut the 2.5 mm threshold. However, then it must be 
ensured that a compatible collimator is mounted. To avoid any 
uncertainties, some manufacturers like Philips decided to deliver 
tube assemblies (excluding the collimator) with generally at least 
a full 2.5 mm Al equivalent. The beam limiting device may then 
add an aluminum equivalent of a few tenths of a millimeter and 
attenuate the beam further. The X-ray flux is somewhat reduced 
for the sake of patient safety. Other manufacturers impose more 
strict requirements on the compatibility of the tube housing 
assembly and the attached collimator. Service staff are then in 
charge in the clinic.

2.3 Cooling

Table 2.1 illustrates various sources of heat in a typical X-ray 
source. Direct air convection, as depicted in Figure 2.2, has 
still been by far the most popular way of cooling. Rubber bel-
lows allow for oil expansion. Internal convection in oil trans-
lates to external convection in air. Gravitational circulation of 
oil is essential. According to the standard (IEC 60601-2-28 
2010) the

… Temperature of the painted surface of an X-RAY 
TUBE ASSEMBLY which can unintentionally be 
touched during intended use … shall not exceed 85°C.

Systems in mixed use with a large portion of fluoroscopic 
applications benefit from doubling the heat dissipation capability 
of pure air convection with small water coolers. Heat exchanging 
surfaces inside the tube housing assembly are cooled by an exter-
nal water supply. Other than general radiography, interventional 
angiography and CT application result in a required average heat 
dissipation in the order of up to about six kilowatts, see Table 2.1, 

which can only be handled by enforced oil cooling, see Figure 
2.11 and Table 2.2.

2.4 Tube Components in Detail

2.4.1 The Cathode

The rotating anode shown in Figure 2.12 was heated by electron 
bombardment under high voltage from the cathode below. The 
snapshot was taken with the tungsten electron emitter coil still at 
elevated temperature. In an attempt to better visualize the situ-
ation without exceeding the dynamics of the camera, the direct 
heating current through the coil (about six amperes) had been 
switched off 100 milliseconds before the picture was taken. 
Figure 2.13 depicts a frontal close-up of a typical cathode head. 
This sample comprises two distinct emitter coil structures which 
are embedded in a geometric electrostatic field shaping and 
focusing electrode, the cathode head. Each coil is capable of pro-
ducing an X-ray focal spot of a defined size on the anode (small 
and large focal spot in this case). The cooling time of each of the 

TABLE 2.1

Sources of Heat

Source
Typical Maximal Long Term Average 

Thermal Power Input

X-ray generation 200 W (general radiography)

1500 W (interventional radiography)

6000 W (computed tomography)

Filament heating 80 W

Rotor drive 100 W (start-stop, ball bearing)

700 W (continuous rotation, spiral groove 
bearings)

Internal pumps 50 W

Auxiliary devices (grid switch, 
other electronics)

50 W

Source: See Behling, R. 2016. Modern Diagnostic X-ray Sources. Technology, 
Manufacturing, Reliability. CRC Press, Taylor and Francis, Boca 
Raton, FL, USA.

FIGURE 2.11 Compact tube housing assembly and attached oil-to-air heat 
exchanger rated with maximum average heat dissipation of 6 kW, ready for 
assembly in a computed tomography system. (Image courtesy of Philips.)
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250 µm thick coiled wires amounts to about a third of a second. 
As thermionic electron emission strongly depends on the emit-
ter temperature (see below), the tube current can be controlled 
by steering the heating current. Speeding up the rise of the cur-
rent is typically achieved through over-boosting the heating cur-
rent (e.g., by imprinting 10 or more amperes for a split second). 
However, ramp-down can hardly be accelerated. This time is 
governed by the speed of heat dissipation from the tungsten wire 
to the ambient surroundings, primarily determined by heat radia-
tion in the case of large tube currents (e.g., several hundred mil-
liamperes) and a high emitter temperature in the range beyond 
2200°C. When small tube currents are drawn, for example, 
through stationary anode tubes of the type depicted in Figure 2.8 
and at moderate emitter temperatures below 2000°C, most of the 
emitter cooling will be provided by heat conduction through the 
posts which support the wires. Overall, with this widely used 
technique, significant tube current modulation can be achieved 
with a frequency of about three cycles per second; the greater is 
the speed and amplitude of the tube current modulation. Pulsing 
an X-ray beam with shorter pulses, for example, in the millisec-
ond range, as used for angiography, thus requires other methods.

For historic reasons, the tungsten emitter wire is often called 
the “filament.” We recall that W. D. Coolidge replaced carbon 
filaments in light bulbs with tungsten wires. Accordingly, the 
heating current is usually termed the filament current. Behling 
(2016) provides more details on this matter.

2.4.2 The Work Function of Tungsten

Electrons usually remain inside the emitter metal unless they are 
thermally excited. A small fraction may then be able to overcome 
the energetic barrier to the vacuum: the work function. According 
to the Boltzmann distribution, the probability of finding an elec-
tron in an energy state beyond the work function is proportional 

TABLE 2.2

Performance of Cooling Concepts

Cooling Concept Typical Continuous Heat Dissipation

Air convection 200 W … 300 W

Enforced air convection (fans) 350 W … 450 W

Remote heat exchanger 500 W … 3500 W

Attached heat exchanger (see 
Figure 2.11)

2500 W … 6000 W

Source: See Behling, R. 2016. Modern Diagnostic X-ray Sources. Technology, 
Manufacturing, Reliability. CRC Press, Taylor and Francis, Boca 
Raton, FL, USA.

FIGURE 2.12 Operating cathode in a rotating anode glass tube. One of the 
two emitting filament coils is faintly glowing a split second after switching 
the high voltage and filament supply off.

Tab Large electron emitter coilSmall electron emitter coil Laser weld

FIGURE 2.13 Dual emitter cathode for a tube with superimposed focal spots for general radiography.
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to e−E/ k TB( ), where E is the kinetic energy of the electron relative 
to the Fermi-level, kB is Boltzmann’s constant and T is the tem-
perature of the metal. The Fermi-level is defined as the energy of 
the highest populated state in the absence of thermal excitation. 
When electrons enter a vacuum, a mirror charge and an attractive 
electric force appear and contribute to the work function.

Figure 2.14 explains emission physics in more detail. Without 
considering space charge effects, the Richardson–Dushman 
equation referenced in this figure fairly well quantifies the tube 
current as a function of the emitter temperature. This assump-
tion on space charge holds, in particular, for stationary anode 
tubes which operate anode limited. It is also valid for conven-
tional rotating anode tubes with cathodes, shown above, when 
the tube voltage is larger than the so called isowatt point. This 
isowatt point, a voltage, is a measure of the cathode performance 
in relation to the anode performance. Figure 2.15 depicts a typi-
cal emission chart of a sample tube for angiography. The abscissa 
indicates the filament heating current and the corresponding 
emitter temperature. The left ordinate shows the tube current 
depending on the parameter tube voltage. In this typical graph, 
which represents most tube specifications, the exposure time is 
set to a standardized nominal value of 100 milliseconds. The 
right ordinate indicates the heating voltage required to imprint a 
desired heating current into the cathode terminals of the X-ray 
tube. In total, the emitter wire, support posts, connecting leads, 
feed-throughs, and also the high voltage of the leads result in an 
ohmic relationship between heating voltage and current. Usually, 

the dominant contributor is the tungsten wire. As is usual for 
metals, its resistance rises significantly with the emitter tem-
perature, as indicated in the graph. As the heating power is pro-
portional to the wire resistance, and as powering up should be 
as quick as possible, the cathode is pre-heated in practice, even 
when the tube is kept idle. The wire temperature is held under 
about 1800°C by the generator driving electronics such that the 
rate of tungsten evaporation is low enough to sustain an entire 
tube life and electron emission will be at the lowest specified 
level when the high-voltage is switched on.

Figure 2.15 also indicates space charge limited emission for 
a range of technique factors. In the case of a high emitter tem-
perature and a tube voltage below the isowatt point (about 75 kV 
in this example), once escaped, the vast majority of electrons are 
returning from the vacuum back to their origin in the metal. The 
Child–Langmuir law (Equation 2.1) describes the asymptotic 
situation where the emission is totally space charge limited:
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Charged with the tube voltage Vt between cathode and anode 
over the distance d, electric force pulls the electrons off the emit-
ter. jc denotes the current density at the emitter surface, ε0 the 
vacuum dielectric constant, e the absolute value of the electron 
charge, m its rest mass. In this extreme case, neither heating the 
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FIGURE 2.14 One-dimensional representation of the physical mechanism of thermionic emission, quantified by the Richardson equation, see Reimer 
(1998). Space charge is assumed to be small. Moderate electric field strengths E in the order of 1–10 kV/mm are generated by charging the cathode and 
anode with the tube voltage Vt across the distance d. jc denotes the current density at the emitter surface, ε0 the vacuum dielectric constant, e the absolute 
value of the electron charge, m its rest mass. The metal is characterized by its work function WW. �r  denotes the percentage of electrons returning into the 
emitter due to electronic space charge. A is the Richardson–Dushman proportionality factor, T the emitter surface temperature, kB Boltzmann’s constant, 
h Planck’s constant, aFN, vFN, fFN factors in the Fowler–Nordheim law. At the very left, the graph shows a diagram of the Boltzmann factor e( E/ k TB− ( ))  in 
logarithmic scale, which is proportional to the probability of an electron in the partly empty conduction band to thermally acquire kinetic energy above the 
baseline Fermi-level. The electric potential (bold curve) between the emitter surface and anode to the right (not shown) is depicted. The spectrum of energies 
of the emitted electrons relative to the Fermi-energy is shown at the very right.
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tungsten further nor using a different emitter material with a 
smaller work function would help to increase the tube current. 
But usually, as shown in the emission chart (Figure  2.15), the 
Child–Langmuir law “competes” with the Richardson–Dushman 
law.

In this mixed mode, indicated by the blue squares in Figure 2.15 
at the maximum permitted emitter temperature, which the manu-
facturer specifies for the sake of durability of the tube, coil emit-
ters exhibit an approximately linear decrease of the maximal 
tube current It with the tube voltage. Raising the heating current 
by just 10% (which means raising the heating power by ca. 20%) 
doubles not only the rate of evaporation of electrons, when space 
charge effects are ignored, but also intensifies the evaporation of 
tungsten atoms by an order of magnitude. As discussed before, 
the local heating power rises with resistivity. Once a local waist 
has started to develop, the temperature rises at this point and 
accelerates the rate of evaporation of material until such a hot 
spot melts and the filament has “burned out.”

Evaporating electrons extract energy from the filament. The 
electronic cooling power is proportional to the product of the 
work function and tube current. Given the large work function of 
tungsten of 4.5 eV, the energy taken away by the emitted electrons 
with currents of hundreds of milliamperes may cool the wire 
with several watt. Although this power loss is minor in relation 
to the tens of watts for heating, the high sensitivity of the current 
density with respect to temperature in the Richardson–Dushman 
regime of saturation emission results in a well noticeable drop of 
emission of typically 5–10% after switching on the high voltage. 

The temporal behavior resembles the aforementioned speed of 
emitter cooling with characteristic times of about a third of a 
second. The generator heating control has to compensate for this 
and feed more heating current to keep the tube current stable.

Most of the systems for CT vary the heating current during 
a scan and modulate the tube current to at least partly balance 
the varying transparency of the human body under different 
perspectives. More details on tube current modulation and grid 
switching can be found in Behling (2016).

2.4.3 Alternatives to Tungsten Thermionic Emitters

2.4.3.1 Reduction of the Work Function

As, according to the Richardson–Dushman law, the tube current 
depends extremely on the work function of the emitter material, 
several methods have been devised to reduce it. As an example, 
a monolayer of thorium on top of the tungsten matrix reduces the 
work function by about 40%. Thorium diffusion replenishes loss 
from evaporation and sputtering effects. Usually, tungsten wires 
are carbonized to control the diffusion speed. Unfortunately, all 
thorium isotopes are radioactive. Reduction of the work function 
to 1.16 eV and current densities of up to 400 A cm−2 have been 
reported for dispenser cathodes, see Gärtner (2000), Gärtner 
and Barratt 2004, Engelsen 2005. The top layer is covered with 
barium and barium oxide dipoles in a complex with tungsten, 
scandium, and oxygen. More details can be found in Behling 
(2016), including a discussion of the challenges to introduce 
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those solutions in rugged and not actively evacuated medical 
X-ray tubes.

2.4.3.2  Carbon Nanotube (CNT) and 
Graphene Emitters

Multiple source X-ray tubes, comprising electron field emission 
cathodes, have been presented and tested, for example, in the 
University of North Carolina, Chapel Hill, for motionless mam-
mography tomosynthesis imaging, see Gidcumb et  al. (2014). 
Instead of overcoming the work function barrier by thermal 
excitation, electrons are field-emitted from bunches of single-
walled or multi-walled carbon nanotubes (CNTs) which allow 
for pulling currents of a few microamperes each. Quantum 
mechanical tunneling of electrons through a shortened energy 
barrier causes current densities at the individual emitters to 
nearly follow the Fowler–Nordheim law and are about propor-
tional to (1/Vt)2 · exp(−const/Vt), with Vt being the tube voltage. 
The barrier is narrowed by applying a high electric field, which 
is intensified at the apex of each field emitter by geometrical 
enhancement. In order to achieve a minimum focal spot size and 
to bear sufficient current, multiple CNTs are arranged to cover 
cathode areas of several millimeters in length and width. Upon 
application of an electric pull field, each emitting area gener-
ates bunches of electrons which produce projected focal spot 
sizes of the desired dimensions. The high mechanical strength 
of CNTs, their exceptional electrical and thermal conductivity, 
and relatively low sputter rates promise CNTs to be excellent 
candidates for field emitters. Challenge arises from the neces-
sity to apply pull voltages in the range between 1 kV and 1.2 kV, 
depending on the individual electron emissivity of the CNTs. 
A basic vacuum pressure of 10−6 Pa inside the tube is recom-
mended, which is achieved by ion getter pumps. Although com-
mon for stationary anode tubes, this required maximum gas 
pressure is about three orders of magnitude below the typical 
maxima in rotating anode tubes and renders the technology 
very difficult for these. Field emission-based free electron gen-
eration based on CNTs has its primary benefits for use in tubes 
with stationary targets. More details can be found in Behling 
(2016). Despite of more than two decades of intense scientific 
work and remarkable achievements, CNT’s and graphene edge 
emitters have not yet entered commercial tubes for broad scale 
medical imaging.

2.4.3.3  Electron Beam Focusing and 
Metric for the Focal Spot Size

As aforementioned, most conventional tubes equipped with 
thermionic cathodes offer focal spots of different length and 
width. Electrons are generated by independent emitter coils. 
Electrostatic focusing is the simplest and most widely used tech-
nique. When these cathodes operate in the saturation emission 
regime where space charge can be ignored, they produce focal 
spots of sizes which are invariant of the tube voltage applied. 
Other than for magnetic focusing, no dedicated control electron-
ics is needed to adapt the magnetic field to the kinetic energy 
of the electrons. We recall that conventional diagnostic imag-
ing stretches across X-ray spectra generated with tube voltages 
of between 40 and 150 kV. Even in CT, the range of applied 
tube voltages has recently gone up to between 70 and 150 kV. 
Complexity rises when bias voltages are applied to electronically 
reduce the focal spot width, see Figure 2.21.

Figure 2.16 is the result of an electronic ray tracing simulation 
of such an electrostatic focusing cathode, which generates a pair 
of super-imposed focal spots.

The situation becomes more complicated when space charge 
is to be considered, as in most rotating anode tubes. Figure 2.17 
depicts focal spots of different sizes, generated by the same cath-
ode and powered by the same emitter coil. It is clearly visible 
that the width of the focal spot is dependent on the technique 
factors used. There is no general rule which would describe this 
type of “blooming.” It will depend on the electron optical design 
of the focusing geometry. Developers play with various degrees 
of freedom to optimize the cathode for the desired purpose. The 
sample electron optics that delivered the focal spots shown in 
Figure 2.17 comprise cross-over of peripheral electron trajecto-
ries when space charge is minor, as seen in the right focal spot 
exposure. The picture in the middle characterizes the spot size 
for the dominating conditions of operation. Space charge par-
tially compensates for the cross-over. The focal spot width is 
minimal in this mixed mode. The left picture shows blooming 
caused by large amounts of space charge. Notably, the length is 
hardly affected due to the projection factor between the physical 
and optical focal spot, which reduces the impact of edge effects. 
Figure 2.18 schematically depicts the camera used to measure 
focal spot intensity distributions and derive focal spot sizes.

As X-ray lenses are not available for the relevant photon 
energies, focal spot cameras are based on the camera obscura 

FIGURE 2.16 Prediction of the focal spot size by ray tracing electrons, which are emitted with highest current density from the hottest areas of the emitter 
coil, including space charge.
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principle. Pinhole or slit apertures define the beam geometry 
and map the projected focal spot from the anode to a film or a 
digital pixelated detector. Figure 2.19 is a close-up of the aper-
ture side of such a camera. The pinhole aperture is visible in 
the middle.

The relevant standard, see IEC 60336 (2005), defines the stan-
dard technique factor for compliance, see Table 2.3, which may 
be cited in this context for convenience and illustration.

The size of the exemplary focal spot shown in Figure 2.17 is 
specified by the dimensionless number 0.6 on a target with 7° 
anode angle. Any haze around the core of the intensity distribu-
tion is excluded as long as it does not exceed 15% of the maximal 
intensity.

The dimensions of focal spot width, FSwidth, and focal spot 
length, FSlength, measured in the axial direction of the tube, that 
is, in parallel to the axis of rotation of a rotating anode tube, are 
derived by measuring a pair of line spread functions, lsfwidth and 
lsflength. lsfwidth is taken with a slit camera aligned orthogonal to the 
width direction and lsflength is taken with a narrow slit aligned per-
pendicular to the length direction. An IEC compliant slit camera, 

similar to the one shown in Figure 2.18, comprises an X-ray 
opaque slab with a 10 µm wide slit aperture positioned between 
the focal spot and an image receptor in a pre-defined position. 
This produces an enlarged image on the pixelated detector. For 
the statement of compliance, pre-defined enlargements of between 
one and at least three are mandatory, depending on the size of 
the spot. The line spread functions are generated by scanning raw 
data from an image receptor, usually by electronically integrating 
a two-dimensional detector readout perpendicular to the scanning 
axis and creating a one-dimensional distribution by summation 
over the orthogonal direction. The enlargement of the camera 
above is considered such that the resulting output line spread 
functions appear as if taken in the focal spot plane without mag-
nification. The spatial distances between the 15% values of the 
corresponding line spread functions relative to their maxima are 
stated as focal spot width, FSwidth, and focal spot length, FSlength. 
Table 2.4 cites the maximum values of the focal spot dimensions 
as defined by the IEC standard 60336, ed. 4. Figure 2.20 illustrates 
an exemplary measurement of a focal spot size and a point spread 
function, that is, the X-ray intensity profile of the focal spot.

Sample focal spot 0.6 (IEC60336)—anode angle 7°

60 kV
100 mA

80 kV
900 mA

100 kV
720 mA

Minimal width
(space charge
widening and

cross‐over
narrowing in

balance)

Halo
(cross-over

widens
the beam)
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(space
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Minor impact on length
(projection, physical spot 8 x
larger than X‐ray optical)

FIGURE 2.17 Focal spot blooming. Low tube voltage and rather low tube 
current (60 kV, 100 mA) results in the appearance of a haze which widens 
the focal spot. The focal shot shrinks at the desired point of operation of this 
exemplary tube (middle focal spot image). Space charge and pre-defined 
(charge-less) cross-over design of trajectories are in balance. Space charge 
effects nearly disappear at higher tube voltage and reduced current. Cross-
over becomes visible.
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FIGURE 2.18 Measurement of the point spread function of an X-ray focal spot, its size, and intensity distribution. (a) Generation of X-rays from the elec-
tronic focal spot inside the X-ray tube; (b) focal spot pinhole or slit camera attached to a test stand for the X-ray tube.

FIGURE 2.19 Sample focal spot camera with a 30 µm pinhole, see 
Figure 2.18.
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The IEC values are nominal descriptors. They never bear units. 
This is often confused in many of the discussions on spatial reso-
lution impacted by X-ray tubes. When a single focal spot value 
is stated (which comprises information of focal spot width and 
length at the same time), the length dimension is specified by a 
factor of ca. 1/0.7 larger than the width for focal spots >0.25. One 
reason is filament cooling by heat dissipation through the support 

posts of the emitter coil, which usually results in a smooth decline 
of the X-ray flux from the edges of the focal spot in the length 
direction. For CT and increasingly also for tubes for interventional 
radiography this may be disadvantageous in view of the thermal 
loading of the focal spot track and the achievable total photon 
flux. Instead, a square-like shape is preferred. Electrons emerging 
from the periphery of the emitter coils are deflected by end tabs 
towards the center of the focal spot. For these cases, where length 
and width are to be stated independently, the IEC standard offers 
to state length and width separately in the format “<NOMINAL 
width> × <NOMINAL length>,”and the maximal length of the 
focal spot is read from the width-column of Table 2.4.

The absolute of the Fourier transform of the line spread 
functions is the basis for stating the modulation transfer func-
tion (MTF) of an X-ray tube. MTF has one interpretation as the 
degree of modulation transfer as a function of space frequen-
cies and another as the limit of the special resolution. This single 
number is the space frequency read at the first undercut of the 
10% (of maximum) levels of the modulation function. Both stan-
dard directions, length and width, are first considered separately. 
The maximum of both is then stated as the single number MTF 
value of the tube, using the technique factors defined by the IEC 
standard. A more detailed treatment of scaling the MTF consid-
ering the system magnification delivers Behling (2016), see also 
IEC 60336 (2005).

2.4.3.4 Off-Focal Radiation

Unfortunately, unwanted radiation may originate from a rela-
tively large area around the zone of primary electron impact. 
It may wash-out image contrast or even mislead diagnostics by 
bleeding artifacts. One cause of this radiation is the amount of 
backscattered electrons from the anode after first impact. They 
may be mirrored back to the anode and still carry a significant 
kinetic energy. This effect will be discussed below in the context 
of the thermal consequences, see Figure 2.29. Another factor is 
Compton scattering from material in the X-ray window area. In 
particular, elements of low atomic number, like beryllium and 
aluminum, and oil may cause significant scatter of X-rays from 
the primary beam. Scattered radiation from the tube window 
may add to the primary radiation of the focal spot. If not effi-
ciently shielded off by apertures, minimized by using thin sheets 
of material only, capturing backscattered electrons, off-focal 
radiation may amount to about 10% of the primary. An aper-
ture which helps narrow the beam and prevent off focal radiation 
from reaching the image receptor is placed proximal to the focal 
spot, as can be seen in Figure 2.2. This aperture primarily helps 

TABLE 2.3

Loading Factors for Focal Spot Measurement and Statement of Compliance

Nominal X-ray Tube Voltage Required X-ray Tube Voltage Required X-ray Tube Power

Radiography other than computed 
tomography

U < 75 kV Nominal X-ray tube voltage 50% of the nominal anode input power 
as specified by IEC 6061375 kV < U < 150 kV 75 kV

150 kV < U < 200 kV 50% of the nominal X-ray tube voltage

Computed tomography 120 kV

Source: IEC 60336. 2005. Medical Electrical Equipment – X-ray Tube Assemblies – Characteristics of Focal Spots. 4th edn. International Electrotechnical 
Commission, Geneva, Switzerland.

TABLE 2.4

Maximum Permissible Dimensions for Nominal Focal Spot Values

Focal Spot Dimensions, Maximum Permissible 
Values

Nominal Focal 
Spot Value 
(Dimensionless)

Focal Spot Width 
FSwidth >15% of Max. of 

lsfwidth (Orthogonal to 
the Tube Axis) (mm)

Focal Spot Length 
FSlength >15% of Max. 
of lsflength (Parallel to 
the Tube Axis) (mm)

0.1 0.15 0.15

0.15 0.23 0.23

0.2 0.30 0.30

0.25 0.38 0.38

0.3 0.45 0.65

0.4 0.60 0.85

0.5 0.75 1.10

0.6 0.90 1.30

0.7 1.10 1.50

0.8 1.20 1.60

0.9 1.30 1.80

1.0 1.40 2.00

1.1 1.50 2.20

1.2 1.70 2.40

1.3 1.80 2.60

1.4 1.90 2.80

1.5 2.00 3.00

1.6 2.10 3.10

1.7 2.20 3.20

1.8 2.30 3.30

1.9 2.40 3.50

2.0 2.60 3.70

2.2 2.90 4.00

2.4 3.10 4.40

2.6 3.40 4.80

2.8 3.60 5.20

3.0 3.90 5.60

Source: IEC 60336. 2005. Medical Electrical Equipment – X-ray Tube 
Assemblies – Characteristics of Focal Spots. 4th edn. International 
Electrotechnical Commission, Geneva, Switzerland.
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against radiation created upon second impact on the anode of 
backscattered electrons and is a valuable means in glass tubes. It 
is less efficient against Compton scatter from components of the 
X-ray window.

2.4.3.5 Special Cathode Features

A cathode, which allows narrowing of the active emitting area 
and of deflection of the center of the focal spot on the anode, 
is shown in Figure 2.21. The single emitter is enclosed by 
isolated control electrodes. Narrowing the electron beam is 
achieved through negative biasing with respect to the emitter 
coil. Asymmetric biasing results in deflection in the focal spot 
width direction, as demonstrated in Figure 2.22. When the bias-
ing voltage exceeds a threshold, usually in the order of three 
kilovolts, the electron emission will be totally suppressed. Tubes 
for angiography typically operate many meters distant from the 
high-voltage generator. High-voltage cables may be as long as 
40 meters, and cable capacitance in the order of several nano-
farad. In cardiology, heart motion is “frozen” using X-ray pulse 
lengths of down to three milliseconds. An issue of extra patient 
dose arises from this concept, in particular in pediatric diagnos-
tics where tube currents are kept intentionally small and pulses 
short. Cable capacitance is discharged through the tube only, 
which may last several milliseconds. Long transition times with 
an improper X-ray spectrum may result. Grid switching is an 
excellent means to avoid these undesired X-ray spectra.

A sophisticated cathode of a General Electric (GE) HD tube 
for CT is shown in Figure 2.23. An additional electrode on both 
sides of a D-shaped tungsten coil emitter allows for focusing and 
modulating the electron emission. Operation under high and low 
tube voltage, as it occurs for dual energy CT by fast modulation 
of the tube voltage between 80 and 140 kV, would suffer from 
space charge limitation of the electron emission at low tube volt-
age or overloading the focal track at high tube voltage if there 

were no means to steer the emission as quick as the tube volt-
age, that is, within a time frame in the order of a few hundred 
microseconds or below. GE’s flattening of the surface of the coil 
improves the emittance and the emission at low voltage. Thermal 
control of the emitter temperature, as otherwise used for dose 
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FIGURE 2.20 Definition of the focal spot dimensions, according to the standard IEC 60336 2005. Left and center: a pair of line spread functions, lsfwidth 
and lsflength, is measured with a slit camera. In two measurement cycles, the slit is aligned orthogonal to the width direction and to the length (axial tube) 
direction. Raw data are scanned from an image receptor by electronically integrating the two-dimensional detector readout perpendicular to the scanning 
axis and forming a one-dimensional integral distribution. Right: a schematic pinhole exposure is indicated to the right, which represents the point spread 
function, the spatial resolved electron current density in the focal spot, see Figures 2.17 and 2.18.
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FIGURE 2.21 Picture of the single emitter cathode of a tube for computed 
tomography. Bottom: control electrodes left and right of the tungsten coil 
electron emitter for deflection of the generated electron beam as well as 
focusing it by electrode charging with respect to the emitter. Top: electron 
ray tracing simulation for this cathode.
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control, as aforementioned, would be far too slow by two orders 
of magnitude.

2.4.3.6 Advanced Electron Optics

Since the turn of the century, novel focusing technology for med-
ical X-ray tubes has become available on a broad commercial 

scale, which has significantly reduced space charge limitations. 
Still based on thermionic emission, flat directly heated tung-
sten sheet emitters were combined with magnetic focusing and 
deflection of the electron beam. The flat electron emitter had 
already been in use by Siemens since the nineties for mammog-
raphy tubes and for the angiography tubes MegalixCat Plus® and 
later Gigalix®. It was then adapted for the rotating frame CT tube 
Straton®, sold from 2003 onwards, see below. Philips enlarged 
the size of the emitting surface to 0.5 cm2. This is about half of 
an order of magnitude more than the area used with coil emitters 
of the type seen in Figure 2.13. The company added a magnetic 
double quadrupole focusing system, as depicted in Figure 2.24. 
Unlike Siemens’ Straton® tube, which employs a single quadru-
pole system, the double quadrupole unit of the Philips iMRC® 
tube, see Figure 2.25, launched in 2007, allows for an unprec-
edented high electron trajectory compression factor. Siemens 
adopted this technology in their latest Vectron® tube for the 
Somatom Force CT system, launched in 2013.

First, electrons released from the flat emitter are accelerated 
while the cross-section of the beam hardly changes. Then, the 
beam is widened by the left magnetic quadrupole and finally com-
pressed by the right one in Figure 2.24. The figures also explain 
the important capability of z-deflection and x- (width) deflection 
by two extra dipole coils. The resulting emission characteristics 
underscore the success of the effort. Space charge limitation at 
high emission currents and low tube voltages has completely dis-
appeared, as well as blooming effects. The magnets are actively 
controlled, as the magnetic field strengths have to be adapted 
to the tube voltage. Thus, controlling this kind of sophisticated 
electron optics requires intelligent high-voltage generators.

Philips has also introduced a hybrid solution for axial z-deflec-
tion for mid-tier CT systems. Electrostatic focusing and deflec-
tion perpendicular to the tube axis in the width (x-) direction, 
as shown for the tube in Figure 2.26a, are combined with radial 
magnetic deflection along the direction of the tube axis in the 
z-direction, as shown for the tube in Figure 2.26b. The latter 
tube frame is formed as a narrow bottleneck between cathode 
and anode, encompassed by the yokes of a magnetic dipole. 

(a)

–1600 V –900 V

(b)

–1600 V–900 V 5

7 78 8

6 5 6

FIGURE 2.22 Electrostatic deflection of the focal spot in the tangential 
(width, x-) direction to avoid aliasing in computed tomography, simulated 
for the cathode of Figure 2.21. (a) Deflection to the left such that the projec-
tion of an object in the iso-center of the CT systems changes by one quarter 
the width of a detector pixel; (b) deflection to the right.

FIGURE 2.23 Cathode of a PerformixTM HD CT tube. The sophisticated 
electrode structure around the D-shaped coil emitter allows for variable, 
independent focusing in the width and length directions. This variable focus-
ing allows a range of focal spot sizes to be produced from a single filament 
and also provides a means of control of the focal spot dimensions across the 
kV operating range to eliminate blooming effects and to maintain focal spot 
dimensions during fast-kV switching to deliver dual energies for Spectral 
CT imaging. This electrode structure also enables deflection of the electron 
beam in the width (in-plane) direction to increase the sampling required for 
higher-resolution CT imaging. (Used with permission of GE Healthcare.)
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FIGURE 2.24 Magnetic focusing. Schematics of a double quadrupole 
and dipole focusing and deflection system of the Philips iMRC® tube, see 
Figure 2.25.
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Varian also unveiled a tube capable of magnetic “z-toggling” and 
fast modulation of the beam intensity, the MCS 7500 CT tube. 
Details about transition times and limitations of the tube power 
associated with x-deflection are treated in Behling (2016).

2.4.3.7 Backscattered Electrons

Under medical imaging conditions, and even at normal impact, 
about half of the incoming primary electrons are backscattered 
from a tungsten target, as shown in Figure 2.27. This is caused by 

the rapid angular diffusion that electrons experience during scat-
ter at highly charged atomic nuclei close to the metal–vacuum 
interface. Oblique impact yields even higher rates. In order not 
to lose those electrons from X-ray generation, the impact angle 
should be about normal. Some tube types violate this rule and 
may suffer from inferior conversion factors. A significant share 
of backscattered electrons have a kinetic energy close to the 
primary, as Figure 2.28 demonstrates. The fastest may gener-
ate significant intensity of bremsstrahlung upon second impact, 
causing off-focal radiation, as aforementioned. Figure 2.29a 
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FIGURE 2.25 Single polar Philips iMRC® tube for the Brilliance iCT® and the spectral detection IQon® scanner families. (Image courtesy of Philips.)
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FIGURE 2.26 Tangential and radial deflection of the focal spot in a CT tube as a hybrid of electrostatic and magnetic deflection. (a) Configuration with 
electrodes parallel to the emitter coil providing tangential (width, x-) deflection. (b) Tube with a bottleneck and a pair of magnetic yokes for magnetic radial 
(length, z-) deflection of the electron beam in addition to the electrostatic tangential (width) deflection.
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schematically traces backscattered electrons in a rotating anode 
glass tube like the one discussed before, see Figure 2.2.

The bi-polar Philips metal ceramics SRC® tube series from 
1979 comprised a molybdenum aperture as electron capturing 
device, see Figure 2.30. This helps capture at least the most ener-
getic electrons in this bi-polar solution. In most metal center sec-
tion tubes, the area around the X-ray window and the window 
itself is subject to heavy bombardment of backscattered elec-
trons. Cooling fins, as depicted in Figure 2.31, are then often 
used to bring the temperature down below the threshold of win-
dow carbonizing by cracking the cooling oil.

The best electron optic solution against second impact on the 
tungsten target is shown in Figure 2.29b, realized, for exam-
ple, in the Philips iMRC® tube, see Figure 2.25. Less effective 

solutions have been commercialized earlier by Varian in the late 
nineties, see Figures 2.6 and 2.32, and also by GE, see Figure 
2.33. In these tubes, a substantial portion of the many electrons, 
see Figure 2.27, which are backscattered from the focal spot, 
are forced to return to the anode. These electrons experience 
the negatively charged cathode. Instead, the grounded anode of 
the Philips iMRC® tube is positioned in a nearly field-free space 
behind a grounded electron drift tunnel. Given the electron 
energy distribution shown in Figure 2.28, minor space charge in 
the electron beam with a potential in the order of a maximum of 
a hundred electron volts can be ignored. No significant repelling 
electric field hinders the ballistic flight of backscattered elec-
trons away from the vicinity of the focal spot, which ends on 
the surface of an electron trap. This device is on one hand made 
from low- to moderate Z material like molybdenum; secondly, it 
geometrically shields X-ray photons, which are created during 
electron impact on its surface from entering the used beam. Less 
than a percent of off-focal radiation from multiple electron scat-
tering is generated. About the same amount of off-focal radiation 
may be caused by photon scattering in the material of the X-ray 
window and the CT system. Intensity and spectral characteristics 
of this unwanted radiation are a function of the atomic numbers 
and the thicknesses of the materials in the X-ray fan beam.

2.4.4 The Anode

The anode primarily determines the tube performance. This text 
will focus on rotating anodes. Behling (2016) compares stationary 
and rotating targets in more detail. Compared with heat diffusion, 
realized with stationary anodes, heat convection, which means 
feeding cold material into the focal spot, allows for about two 
orders of magnitude higher densities of input power. Following 
the first commercialization of finned rotating anodes by Bouwers 
at Philips in 1929, the quest for increasing instantaneous photon 
flux has triggered heavy investment in rotating anodes and their 
cooling, in particular after the invention of CT. At present, tar-
get diameters for medical imaging tubes range between 60 and 
238 mm, and rotational speeds between about 50 and 200 Hz.

Figure 2.34 presents a selection of anodes for CT tubes with 
their key characteristics. Although only the anode disks are 
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(a) Backscattered electrons with energy close to the energy of primaries (see 
Figure 2.28) generate a substantial amount bremsstrahlung upon their sec-
ond impact.
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shown, by definition, in this context of the IEC standard, “anode” 
means the entire unit which is charged with anode potential, 
which is either positive, as in the original language, or ground 
potential. Thus, for anode grounded solutions, the definition is 
somewhat vague when it comes to specifying figures like heat 
content. Data characterize the anode disk and heat conduction 
to the ambient through the bearing system, respectively, directly 
into the oil (in the case of the rotating frame tube). Figure 2.35 
is a close-up of a modern segmented high-performance graphite 

backed metal anode disk for the same purpose, which illustrates 
the multitude of aspects a modern anode disk has to comply with.

2.4.4.1 Thermal Balance

Tube development starts with simulating the thermodynam-
ics of the anode system under the assumption of the targeted 
application. Whilst ensuring the mechanical integrity of a tube 
requires numerical methods of temperature simulation for the 
most part, an approximate analytical treatment is available for 
the focal spot.

FIGURE 2.31 Finned beryllium window of a metal center section tube for 
computed tomography.

Molybdenum aperture,
scattered electron trap CathodeAll‐metal anode

Rotating ceramics insulator Stationary ceramics insulators

Philips SRC 120 tube series

FIGURE 2.30 First all-metal–ceramics rotating anode tube with electron capturing aperture, Philips SRC 120 0612 from 1979. Energy of backscattered 
electrons is kept away from the anode by a molybdenum aperture as part of the tube frame, which is at ground potential. (Image courtesy of Philips.)

FIGURE 2.32 Cut view of the casted tube frame of the anode end grounded 
Varian MCS® tube, see Figure 2.6, with direct oil-cooled scattered electron 
trap (beryllium X-ray window removed before cutting).
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2.4.4.2 Focal Spot Temperature

Müller (1927) was the first to deliver an analytical formula for 
the temperature rise in the focal spot of a rotating anode tube. 
He assumed pure surface heating of a semi-infinite target by 
a Gaussian electron beam current distribution. Bowers and 
Oosterkamp of Philips treated more practical cases of rectangu-
lar focal spots of short pulse duration on stationary targets, see 
Oosterkamp (1948a), rotating targets, see Oosterkamp (1948b), 
and by applying continuous loads, see Oosterkamp (1948c). 
Several corrections have been proposed since these early papers, 
including consideration of voltage-dependent volume heating 
and results from Monte Carlo simulations. Details can be found 

in Behling (2016). However, the simpler analytical approxima-
tions are still widely used.

For a more detailed discussion of the thermodynamics, 
a labeled thermal image of a rotating anode in operation is 
shown in Figure 2.36. As a consequence of approximately 
two-dimensional heat diffusion, the peak focal spot tempera-
ture on a rotating anode rises proportionally to the square root 
of the dwell time, Δt, of an element of the focal track under 
the electron beam, see Oosterkamp (1948a). fanode is the rota-
tional frequency of the anode, dtrack the diameter of the focal 
track, FSwidth the focal spot width, FSlength its projected length, 
α the anode angle, TFS the maximal surface temperature in the 
focal spot, ΔTFS the temperature rise that a small element of 
tungsten experiences upon passage of the electron beam, Ttrack 
the temperature of an element of the focal track just before 
entering the electron beam. The Müller–Oosterkamp law then 
states, using TFS = Ttrack + ΔTFS for the temperature rise in 
focal spot,

Δ
π α λρ

T
P

FS sin c FS f dFS
length p width anode track

=
⋅

⋅ ⋅ ⋅ ⋅ ⋅
2 1

( )  
(2.2)

P denotes the net power which the electron beam imprints in 
the focal spot, after deduction of the power taken out by back-
scattered electrons, λ the heat conduction, ρ the target density, 
cp its specific heat (per mass unit). Figure 2.37 illustrates, in an 
exemplary way, the repetitive temperature increments in the 
focal track per revolution with 12 periods of anode rotation.

In addition to analytic solutions for the focal spot tempera-
ture, numerical finite element analysis is often used to calculate 
the depth profile of the temperature distribution and the induced 
thermomechanical stress, see Figure 2.38.
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FIGURE 2.34 Selection of targets for rotating anode tubes from different X-ray tube vendors for computed tomography.

FIGURE 2.33 Oil-cooled scattered electron trap of the GE VCT® tube.
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The absolute focal spot temperature is not the only limiting 
parameter. Of course, other than for liquid metal anodes, the 
melting point of the target material of rotating anodes should 
never be exceeded. Thermomechanical stress in the focal spot 
rises steeply with the temperature gradient ΔTFS. Therefore, this 
gradient is often used as a second limiting factor during specifi-
cation of the anode.

Given the benefit of a high melting temperature of the target 
material Tmax, its atomic number Z, which is proportional to the 
conversion efficiency, heat conduction λ, mass density ρ, and spe-
cific heat capacity per mass unit cp, target material for rotating 
anodes can be ranked by their figure of merit Q = ZTmax(λρcp)1/2, 
see Oosterkamp (1948a). Under this premise, tungsten is the opti-
mal converter material for a continuum spectrum of bremsstrah-
lung. This is also valid for stationary anodes and long exposure 
times, where the figure of merit becomes Qstationary-anode = ZTmaxλ. 
For mammography, however, the contribution of characteristic 
radiation is important as well as the interplay with the k-edge 
of the target material, which is used to narrow the spectrum. In 

mammography application with molybdenum or rhodium tar-
gets, maximal photon flux is traded for the benefits of the addi-
tional line spectrum and characteristic filtration.

The focal track erodes over time under the influence of the fre-
quent temperature cycling. Despite a mild reduction of the melt-
ing temperature, a blend of tungsten with between 3 and 10% 
rhenium enhances ductility and extends the service time. A slight 
roughening pattern already marks the focal track after initial fac-
tory processing. A magnified close-up of the eroded target sur-
face is shown in Figure 2.39. The initial micro-cracks partially 
relieve stress in the top layer. In the early stage of the operation 
of a tube, the X-ray conversion efficiency usually drops by 5 to 
10%, stated for the standard 77 kV technique factors, measured 
with 25 mm additional aluminum filtration. As soon as an initial 
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Top view

FIGURE 2.35 Cut view of a segmented high-performance compound target for computed tomography.
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FIGURE 2.36 Rotating anode of 90 mm diameter in operation. Maximal 
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crack pattern has formed, further erosion slows down as long as 
the tube is not overloaded, see Figure 2.40.

Upon target erosion, the average depth of X-ray conversion 
increases from one to two micrometers to up to several dozen 
micrometers. Molten grains of tungsten may obstruct the free 
path of photons. Melting is enhanced once lateral cracks develop 
and the thermal contact to the depth of the bulk tungsten breaks 
down. All this causes beam hardening for tube voltages below 
the k-edge of tungsten, a lack of photons with energies above this 
k-edge for higher corresponding tube voltages, and an increase of 
the severity of the heel effect, as aforementioned.

2.4.4.3 Thermodynamics of the Bulk Anode

As Figure 2.36 demonstrates, the temperature in the anode is 
far from isotropic. During exposure, heat diffuses radially from 

a circumferential volume under the focal spot track to the cool 
center. Thermal diffusion from the outer circumference of the 
anode to the interior usually takes in the order of 10 seconds. 
Therefore, the energy input during a CT scan with a duration of 
several seconds will not be distributed entirely throughout the 
anode during this period. Heat stays at the outer circumference. 
The anode diameter has to be large enough to render a suffi-
ciently large volume for heat storage. Rotating frame tubes are an 
exception. Due to their extreme heat conduction into the external 
cooling oil, their diameter can be reduced by about 40% without 
sacrificing too much performance. However, the thermal gradi-
ent in the depth direction of the anode is much higher than for 
anodes in a vacuum. Special care has to be taken to prevent these 
anodes from cracking, notably, as they are part of the vacuum 
housing. Thickness of the anode has second priority. Tube costs 
and mass rise with the anode diameter. It is therefore essential 
to specify the application as accurately as possible and to use 
optimal means for cooling, including heat conducting bearing 
systems, see below.

As a consequence of the thermal gradient, compressive cir-
cumferential stress develops under the focal spot track during 
exposure. During severe thermal stress, the material in and under 
the focal track is often hot enough to start creeping. It is squeezed 
outwardly, and therefore, partially releasing this stress while the 
thermal gradient to the interior is still prevailing. During cooling, 
a modified shape of the anode is frozen-in. Tensile stress remains 
after the phase of plastic deformation has ended. Upon cutting, 
a used non-segmented anode would cleave with an audible bang. 
The segmented anode in Figure 2.41 is essentially free of these 
issues. A small amount of fatigue may appear in the end-bores of 
the slits in the anode. This has to be considered by adapting the 
slit design to the thermal gradients in practical application.

2.4.5 Thermomechanics of the Bulk Anode

In order to set up the heat balance of the core component of a 
rotating anode, X-ray tube electron backscatter has to be consid-
ered, including multiple impacts on the anode as well as radiative 
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FIGURE 2.39 Focal track erosion after intense life cycle testing of a tube.
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and conductive cooling. As aforementioned, Figure 2.36 dem-
onstrates that the temperature in the anode during exposure is 
all but isotropic. Heat diffuses from a circumferential torus-like 
volume to the cool center.

2.4.6 Cooling Channels

2.4.6.1 Backscattered Electrons

Avoiding heating is the most efficient way of “cooling.” As afore-
mentioned in the context of the discussion on off-focal radiation, 
notably, high-Z materials like tungsten backscatter impinging 
electrons in high quantities. As these missing charge carriers are 
lost for X-ray production, they should at least not contribute to 
anode heating. An early attempt to carry the heat of scattered 
electrons away was made by Philips with the introduction of the 
Metalix® metal center section tube in 1929. A picture of the very 
similar rotating anode tube version Rotalix® is in Figure 7.16 and 
as a cut view in Figure 7.18, see Chapter 7. As aforementioned, 

capturing the entirety of backscattered electrons after impact of 
primary electrons, which impinge normal to the anode, allows 
for withdrawal of about 50% of the current and 38% of the pri-
mary electron energy from the anode. As mentioned earlier as 
well, one should avoid placing the cathode too small a distance in 
front of the anode and avoid generating a repelling electric field 
seen by the backscattered electrons. This requirement, however, 
often conflicts with the necessity of reducing electronic space 
charge to allow for pulling high tube current at low tube voltages. 
Table 2.5 provides a comprehensive overview of backscattering 
characteristics from the thermal perspective.

2.4.6.2 Heat Radiation

According to the Stefan–Boltzmann law, the temporal cooling 
rate, stated under the assumption of zero absolute ambient tem-
perature and no reflection, amounts to
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(2.3)

T denotes the time derivative of the temperature T of the body 
with a non-concave surface area A, volume V, mass density ρ, and 
mass-related specific heat capacity cp ⋅ σ = 2π5kB

4/(15h3c2) =  
5.67 × 10−8 J m−2 s−1 K−4 stands for the Stefan–Boltzmann con-
stant of heat radiation, kB the thermodynamic Boltzmann con-
stant, h Planck’s constant, and c the velocity of light. ε denotes the 
thermal emissivity of the body, which is the difference between 
albedo and unity. More details can be found in Behling (2016).

With the MCS® CT tubes, Varian optimized heat radiation 
from the rotating anode and maximized the emissivity by braz-
ing a large grooved carbon back to the metal cup. Stationary 
cooling fins in thermal contact with the tube frame reach deeply 
into the grooves, see Figure 2.34. Historically, such a solution 
was already implemented by Bouwers (Philips) in the first rotat-
ing anode tube ever, the Philips Rotalix® tube, see Figure 12.18.

Other sub-components are prepared in the same way to effi-
ciently radiate heat. Figure 2.2 shows the copper rotor of the 
glass tube covered with “black chrome.” Bouwers had already 
noticed the challenge in the late twenties: during a clinical patient 
sequence, heat radiation cooling alone of anodes suspended by 
ball bearings in a vacuum leaves a residual amount of heat in 
the anode. Heat radiation disappears with the fading glow of the 
anode. Figure 2.42 may demonstrate this finding in more detail.

During the first five minutes after exposure, and as long as 
the average anode temperature stays above 800°C, heat radia-
tion is dominant. But then conduction through the liquid metal 
bearing into the surrounding cooling oil takes over. In this case, 
heat radiation nearly ceases after about 20 minutes. For typical 
clinical conditions, heat conduction is always dominant in the 
exemplary tube, as the average anode temperature rarely exceeds 
800°C. Statements of extreme maximal cooling rates, enabled by 
high assumed temperatures, may be misleading. This is another 
reason for the decision of the IEC to depart from terms like max-
imal anode cooling rate and anode heat content.

Ideally, one should exploit a combination of the superior heat 
conduction of a stationary anode and heat convection into the 
focal track of a rotating anode. This is what tubes with liquid 
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FIGURE 2.40 Dose drop by aging rotating anodes of two tubes for general 
radiography, measured at two different anodes with different composition 
at 77 kV tube voltage and additional 25 mm aluminum filter. Removal of 
the additional filter would cause a larger drop of the measured signal than 
indicated in the chart.

FIGURE 2.41 Segmented all-metal anode for the mono-polar computed 
tomography tube Philips iMRC®. (Image courtesy of Philips.)
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bearings are capable of providing. Not all vendors exploit this 
capacity to a full extent, however. Siemens added the final step 
and it nearly works without any heat radiation with their rotating 
frame tube Straton®. Cooling is based on heat conduction and 
collection of scattered electrons only. Figure 2.43 provides an 
overview of the various cooling concepts.

2.4.7 Temperatures in CT Application

The performance of tubes for CT is typically restricted by the ther-
mal characteristics of the anode only, whilst for tubes for general 
radiography and interventional angiography also the capability of 

the cathode is limiting. Summarized, it is beneficial to maximize 
the anode diameter and cool by heat conduction. Such tubes deliver 
what they promise. A more detailed treatment of anode tempera-
tures is provided in Behling (2016). It is a paradox that low-end 
CTs, with their limited coverage, require more capable tubes than 
high-end systems. Top-tier CTs, with enhanced gantry speed and 
larger coverage, consume less energy per patient but require higher 
focal spot loading to produce the required photons in less time.

2.4.8  Temperatures in Interventional and 
General Radiography Applications

In interventional and general radiography applications, the focal 
spot temperature rise ΔTFS is the primary limiting factor. Energy 
input per patient is far smaller than for CT. Even CT-like proce-
dures run in an angiography suite are less demanding. The large 
detectors make much better use of the generated photons than in 

TABLE 2.5

Efficiency of Scattered Electron Collection

Tube Concept Polarity

Ratio of Collected 
Backscattered versus Primary 

Electrons

RemarkCurrent (%) Energy (%)

Glass (Figure 2.2) Bi- 0 0 Negative charge on the glass repels all 
electrons to the anode

Metal center (Figure 2.5) Bi- ∼12 ∼10 Cooling of X-ray window required, reduced 
off-focal radiation

Metal center, cathode screened by 
aperture (Figure 2.30)

Bi- ∼25 20 Cooling of metal X-ray window and aperture 
required, further reduced off-focal radiation

Anode grounded, electron trap, cathode 
facing focal spot (Figure 2.6 and 2.33)

Mono- ∼35 ∼25 Cooling of X-ray window and aperture 
required, further reduced off-focal radiation

Anode end grounded, cathode screened 
or long drift space (Figure 2.25)

Mono- 50 ∼38 No repelling electric field around the focal 
spot

Rotating frame with center cathode, 
>45° impact (Figure 2.7)

Intrinsic mono- 60 >40 Scattered electrons captured by rotating tube 
frame
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FIGURE 2.42 Comparison of heat radiation versus heat conduction for a 
high-performance CT tube with 200 mm anode diameter and a highly effi-
cient liquid metal bearing. As a consequence of the T4-law, heat radiation 
starts superior (T is the average anode temperature, the ambient temperature 
may be below 100°C). However, heat conduction takes over after about five 
minutes and pulls the anode temperature further down to ambient. Without 
such a direct cooling channel, a fair amount of heat would still occupy the 
anode and limit its performance.
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FIGURE 2.43 Channels of heat dissipation in rotating anode tubes. 
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periods of operation. (a) Bi-polar glass tube; (b) anode grounded tube for 
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CT. Therefore, anodes for angiography tubes may be slim. The 
focal track speed is a key parameter for this application. When dis-
cussing large anodes, it is essential, however, to keep an eye on the 
momentum of inertia and the time to start the anode. Therefore, 
high-performance angiography tubes should always run continu-
ously. The ideal solution is using a liquid metal bearing. High heat 
storage capacity alone is an inadequate quality parameter.

2.4.9 Thermal Performance Metric

2.4.9.1  Anode Heat Storage (Mega 
Heat Units) Abandoned

For decades, ball bearing technology and pure heat radiation 
cooling of anodes in glass tubes dominated the tube market. 
The quest to improve the workflow of CT has urged vendors to 
raise the heat storage capacity of rotating anodes time and again. 
Anode heat storage capacity and its unofficial unit, the Mega 
Heat Unit (MHU), became a synonym for performance. But, in 
view of newer technology, why store enthalpy which would not 
even embark on the anode but be taken away by backscattered 
electrons? Why store thermal energy when it can be better dis-
sipated efficiently by heat conduction? The advent of liquid metal 
bearing technology toppled the outdated logic, as Figure 2.44 
reveals. Rotating frame tubes perform well in CT, without the 
need to advertize any “Mega Heat Units.” Consequently, the IEC 
introduced a new standard 60613 in 2009 and put anode heat 
content (AHC) and all anode related Heat Units to rest.

The new edition three of the IEC 60613 from 2009 skipped 
discussing virtual heating charts and cooling curves, which the 
user is unable to validate. A detailed reasoning can be found in 
appendix A of the standard, see IEC 60613 (2009). For conve-
nience, part of the text may be cited:

NOMINAL ANODE INPUT POWER: highest con-
stant ANODE INPUT POWER that can be applied 
for a single X-RAY TUBE LOAD in a SPECIFIC 
LOADING TIME and under SPECIFIED conditions.

The nominal anode input power is presented as a function of 
exposure time in a chart like Figure 2.45. The following defini-
tion is useful for interventional and general radiography:

NOMINAL RADIOGRAPHIC ANODE INPUT 
POWER: NOMINAL ANODE INPUT POWER which 
can be applied for a single X-RAY TUBE LOAD with 
a LOADING TIME of 0.1 s and a CYCLE TIME of 
1.0 min, for an indefinite number of cycles.

This is a fair approximation of clinical practice. The nominal 
radiographic anode input power is stated as a single value that 
characterizes the short time power that a tube can sustain for the 
production of a single exposure of 100 ms length every minute. 
This characterizes pulse performance as well as cooling capabil-
ity and is therefore a very practical metric.

CT is special. Exposure times are typically several seconds 
long before the equipment is rearranged in about 10 minutes 
and the tube is allowed to cool down. According to this typical 
way of working, the IEC defined another practical metric, which 
allows for a reasonable comparison:

NOMINAL CT ANODE INPUT POWER: NOMINAL 
ANODE INPUT POWER which can be applied for a 
single X-RAY TUBE LOAD with a LOADING TIME 
of 4 s and a CYCLE TIME of 10 min, for an indefinite 
number of cycles.
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FIGURE 2.44 The metric anode heat storage capacity (AHC), stated in “Mega Heat Units” (MHU), is inadequate in view of modern tube technology. 
Compared are (a) an exemplary glass tube with graphite-backed anode and ball bearings, for which the metric was once defined, and (b) a metal center 
section tube with liquid bearing. Both are specified with 8 MHU. Tube (a) will be damaged by anode track erosion and possibly delamination of the metal–
graphite compound after the second patient in the sequence has been examined. Due to better cooling and electron capturing, tube (b) will survive, although 
it has no better rating. Instead, the IEC 60613 ed. 4 has delivered a realistic metric, see text.
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The above simple scalar value newly characterizes the prac-
tical capability of the CT tube instead of the hidden enthalpy 
stored in a tightly encapsulated invisible anode. The unit Mega 
Heat Units or cooling curves, which only the vendors are able 
to validate, have become obsolete. The new standard covers 
exposure performance as well as cooling performance. The 
loading is assumed to be repeated in a practical sequence, emu-
lating a realistic average patient frequency. It reflects modern 
CT systems with typical exposure times. A more sophisticated 
alternative to the simple power figure is defined in the stan-
dards as well:

CT SCAN POWER INDEX (CTSPI): character-
istic of an X-RAY TUBE ASSEMBLY intended 
for use in COMPUTED TOMOGRAPHY for a 
SPECIFIED range of LOADING TIMES for single 
LOADINGS, for a given CYCLE TIME, as follows: 
CTSPI t t P t dt= − ∫1 max min min

max ( )t
t , where tmax is the 

upper limit of the LOADING TIME in seconds, tmin 
is the lower limit of the LOADING TIME in seconds, 
and P(t) is the function representing the SINGLE 
LOAD RATING in kilowatts.

Other parameters describe long-term cooling of the anode 
and tube housing assembly and the performance of the heat 
exchanger:

X-RAY TUBE ASSEMBLY INPUT POWER: mean 
power applied to an X-RAY TUBE ASSEMBLY for all 
purposes before, during, and after LOADING, includ-
ing power applied to the stator of a rotating ANODE 
X-RAY TUBE, to the filament, and to any other device 
included in the X-RAY TUBE ASSEMBLY.

NOMINAL CONTINUOUS INPUT POWER: 
SPECIFIED highest X-RAY TUBE ASSEMBLY 
INPUT POWER which can be applied to an X-RAY 
TUBE ASSEMBLY continuously.

CONTINUOUS ANODE INPUT POWER: 
SPECIFIED highest ANODE INPUT POWER which 
can be applied to the ANODE continuously.

2.4.9.2 Legacy Heating and Cooling Curves

As many product data sheets still phrase the matter in old ter-
minology, this outdated language shall be briefly discussed. 
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FIGURE 2.45 Historic heating and cooling curves according to the outdated version of the IEC standard 60613, ed. 3, before replacement by the fourth 
edition. Curves represent a simple single-level anode heat integrator. The tube is assumed to gain anode heat content (AHC) according to the heating curves, 
rising for time texp along the curve, which approximates the average energy supplied during that time, comprising a single exposure or a series. The cooling 
curve describes heat dissipation as loss of enthalpy of the anode over time. For illustration, the graph assumes two exemplary heating cycles. Number one 
starts with a cool tube at time zero and drives the AHC with a 12 kW average load for texp_1 of four minutes to an exemplary upper value of the heat content 
of, say, 1750 kJ. A cooling period tcool of seven minutes may follow, during which the AHC decreases to about 600 kJ. The second phase of heating with an 
average of 5 kW for three minutes concludes the use of the tube, with a final AHC of 1050 kJ without overheating it. Limiting sub-components of the tube are 
indicated for the end points of the heating curves. The steep curves break-off to prevent overheating of the outer anode rim and the focal spot track. One of 
the more flat curves reflects the maximal permitted rotor temperature. Lowest long-term curves represent the heat dissipating capacity of the heat exchanger.
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Figure 2.45 is a historic set of heating and cooling curves defined 
according to the outdated edition two of the IEC standard 60613. 
It provides a simple numerical single-level heat integrating model 
according to
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where AHCmax represents the maximum anode heat content at 
highest anode temperature Tmax, assumed to be isotropic, T(t0) 
its temperature at the starting time t0, P the anode input power, 
Pcool the heat dissipated by the anode. For simplicity, invariance 
of the specific heat from temperature is assumed. “Anode” com-
prises all parts on anode potential and usually includes the rotor 
system. Implicitly, the tube frame is excluded, although it may 
be on “anode potential” in anode grounded tubes. Some read-
ers may miss “Heat Units” (HU) in this context. Indeed, IEC 
relies on the SI system of units. It avoids the ambiguous unit HUs 
on purpose. As aforementioned, the accepted conversion factor 
between anode heat content in Joules and in Heat Units is valid 
only for legacy two-pulse high-voltage generators. However, 
it has also been common to use it for DC generators: 1 [Heat 
Unit] = 2  ⋅ [Joule].

Historically, heating and cooling charts served as a simple 
means to avoid overheating of tubes in sophisticated exposure 
schemes like cine and series exposures mixed with fluoroscopy 
runs. It may be instructive to interpret the use of such a chart, 
depicted in Figure 2.45. The anode of the tube is assumed to gain 
enthalpy (AHC) according to one of the heating curves. The AHC 
value may rise for the exposure time texp along the power curve 
which approximates the average energy supplied during texp. This 

may comprise a single exposure or a series of X-ray pulses, for 
example, a cine run. The (single) cooling curve describes heat 
dissipation in terms of loss of enthalpy (heat content) over time 
and reaches from the maximum stated for the highest possible 
anode temperature to zero AHC at ambient temperature. The 
maximum should never be used for clinical use. IEC requested 
that the tube should still function after validation. But compo-
nents may slightly deteriorate. The following shall explain the 
way users may simulate a sequence of exposures or runs of pulse 
series. For illustration, the graph assumes two heating cycles 
and a break in-between. The first heating starts with a cool tube 
at zero AHC and, with an exemplary 12 kW average load, may 
bring the AHC to an upper value of 1750 kJ (corresponding to 
about 2.5 Mega Heat Units) in four minutes. A cooling period, 
tcool, of seven minutes may follow, during which the AHC shrinks 
to about 600 kJ. The second phase of heating, with an average of 
5 kW for three minutes, concludes the use of the tube with a final 
AHC of 1050 kJ, obviously without overheating it. None of the 
power curves the user followed during this exercise broke off. 
Nor was the maximum of the permissible maximal heat content 
ever exceeded. Nevertheless, key parameters of the procedure 
are out of control by the user. Unlike input power, which can be 
derived from generator readings, and exposure time, neither tem-
peratures nor the AHC can be validated by the user. AHCs and 
cooling curves were stated by the manufacturers only.

2.4.9.3 Single Load Rating Chart

The next relevant data are part of actual accompanying docu-
ments for tubes. Figure 2.46 shows a current and power chart. The 
maximum permitted tube currents It are shown for loading times 
texp on the abscissa. The curves are labeled by the corresponding 
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tube voltage. Endpoints of the curves for tube voltages below the 
isowatt point are defined by the limited emission capability of 
the cathode. Therefore, a nomogram specifies the capability of 
an anode to be energized for a defined exposure time. But, at the 
same time, it describes the cathode performance of a rotating 
anode tube. Usually, this chart is written for a permitted long-
term tube loading of 250 W, that is, a sequence of exposures or 
a continuous loading of this power. In order to push for larger 
power figures, some vendors state the power versus time chart 
for tubes which are assumed to be run cooler, for example, with 
a long-term average power input of only 20 W. This often does 
not reflect the clinical routine. The tube would not hold what 
the chart promises. Multiple sub-components contribute to the 
limits stated in the chart. The left (short-term exposure) values 
represent the capacity of the focal track and are limited by the 
focal spot temperature or the temperature gradient in the focal 
spot. Values for tens of seconds and beyond of exposure time are 
indicative of the anode size and the overall cooling performance.

The peculiarities of interventional X-ray imaging were pointed 
out before. In this application, pulse sequences for the production 
of cine movies or lengthy series of single shots for generating 
angiographic run-off patterns are blended into fluoroscopic pulse 
series, for example, for navigating a catheter. Modern X-ray sys-
tems are fully self-controlled. No radiographer is obliged to 
read series and cine data anymore before exposing a patient. 
Nevertheless, these data tables serve for benchmarking purposes 
and are part of the tube documentation. Details can be found in 
Behling (2016).

Although CT-like 3D-imaging is also a well-established part 
of interventional radiography, no dedicated way of specifying 
their capacity for this purpose has been devised yet for angiogra-
phy tubes. Unfortunately, up to the time of writing, the new IEC 
term Nominal CT Anode Input Power is hardly stated for any of 
the available interventional angiography tubes. For pulsed opera-
tion, cine data may do. In addition, users may read performance 
parameters from single load rating charts, see Figure 2.46, to 
assess the capacity for continuous load operation of several sec-
onds (CT scans).

2.5 Rotor Systems, Drives, and Vacuum Bearings

The use of bearings in a vacuum is a technical challenge. 
Hydrocarbon-based lubricants are not ultra-high vacuum com-
patible. Without further measures, absence of intermediate layers 
soon causes pitting and severe erosion of balls and raceways of 
ball bearings. Two classes of bearings have evolved over time: 
ball bearing systems with coated members and the advanced 
class of liquid metal lubricated journal bearings, also known as 
spiral groove bearings (SGB) or simply liquid bearings.

2.5.1 Ball Bearing Systems

The vast majority of low- and mid-tier rotating anode X-ray tubes 
is equipped with ball bearings, as shown in Figure 2.47 for an 
exemplary tube for general radiography. Figure 2.48 depicts an 
assembly station for a large bearing for a CT tube. In both cases, 
special hardened steel balls are thin coated with lead, silver, or 

other substances, which separate steel from steel in the vacuum. 
Separating layers are typically a few hundred nanometers thick. 
Too thick a layer may create material clusters during opera-
tion and bearing noise. Noise and vibration have been fought 
over decades with quite some success. A historic solution from 
Philips for noise suppression was the radial spring suspension, as 
depicted in Figure 2.47. Improvements of compact ball bearing 
systems with matched members allowed the elaborate construc-
tion to be replaced by simpler concepts. Hertzian stress in the 
contact zones of bearing members remains an increasing chal-
lenge for the use of ball bearing tubes in high-speed CT systems. 
Bearing wear and tear is an ongoing issue, as Figure 2.49 reveals. 
Increasing size and inertia of members in large bearings causes 
higher relative roll speeds of the surfaces, which in turn enhances 
wear. Thus, more and more vendors turn to the scalable liquid 
bearing technology, see Figure 2.50 and the next paragraph.

2.5.2 Spiral Groove (Liquid) Bearings

Following Philips, who introduced molybdenum-based heat 
conducting bearings in 1989, in the mid-nineties, Toshiba began 
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FIGURE 2.47 Close-up of a cut model of a rotating anode and stator 
device.

(a) (b)

FIGURE 2.48 (a) Assembly of a high-performance ball bearing system for 
computed tomography. (b) The complete high-performance unit, which will 
bear a 200 mm graphite-backed compound anode.
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commercializing steel-based spiral groove bearings, although 
without implementing significant heat conducting capability. 
Siemens introduced high-speed spiral groove bearings in the 
same period with compact anodes of 120 mm diameter in the 
Megalix® tube for angiography. In the meantime, all these ven-
dors have also been offering the technology for CT application. 
GE followed recently as well. Another vendor is expected to 
work on this technology too.

The spiral groove bearing of a rotating anode X-ray tube com-
prises a system of four individual load carrying components. 
Two cylindrical radial bearings take radial forces and gyroscopic 
and other momenta, two flat bearings handle thrust loads. Figure 
2.50 shows an example. A film of liquid metal, a eutectic system 
of gallium, indium, and tin, fills the gap between stationary and 

rotating members of about 20 µm. Upon rotation, members are 
separated by the liquid and generate a hydrodynamic overpres-
sure in the liquid. In addition to capillary forces, fishbone-like 
structures of grooves help to keep the metal inside the bearing 
structure. Other means encapsulate the liquid and prevent leak-
age into the vacuum. Good heat and electric conduction of the 
structure are major benefits. Figure 2.51 represents the latest 
development, a liquid bearing which can be supported on both 
sides in order to guarantee enough stiffness and to withstand 
extreme centrifugal forces in CT. This bearing has been first 
used in the Philips iMRC® tube and later also in a similar design 
in the Siemens Vectron®. Extensive treatment of the theory of 
hydrodynamic bearings, historic challenges, and technical limi-
tations can be found in Behling (2016).

FIGURE 2.49 Worn-out high-performance bearing of a CT tube. The left raceway is still intact and the respective balls appear as new. The right sub-
system shows strong erosion of all members.
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FIGURE 2.50 Members of a hydrodynamic liquid metal spiral groove bearing.
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2.5.3 Rotor Drive

Typically, a rotating radial magnetic field is coupled through a 
copper cylinder to generate driving torque. A close-up of a cut 
view of such a system is depicted in Figure 2.47. Eddy-currents 
arise in the copper cylinder, which in turn add an additional phase 
shifted magnetic field. A Lorentz-force in the rotor results, which 
acts tangentially and either drives the rotor when the external 
field rotates or brakes the spinning rotor if the external field is 
stationary, see Behling (2016).

2.5.4  Rotor Dynamics, Moment of 
Inertia, and Start-Up Time

Rotors resist changes of their state of rotation. Starting a polar 
revolution and raising the angular velocity ω requires torque Tp. 
Inertial mass m relates, in this respect, to the polar moment of iner-
tia Ip, given by integrating over the entire volume V of the body

 
I r r dVp = ∫ ρ( ) 2

 

where r is the distance of the volume element dV of integration 
from the center axis and ρ(r) the local mass density. The angular 
velocity rises during acceleration with a constant central torque 
Tc from ω(0) = 0, as expected, with
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One aspect to remember is that the moment of inertia steeply 
increases with diameter of the anode. A closer look to a typical 
glass tube with ball bearings in Figure 2.47 shows an anode disk 
of about constant thickness. Its moment of inertia grows with the 
forth power of its diameter. Ignoring the small contribution of 
the copper cylinder and assuming a homogeneous body of mass 
density ρ, constant thickness hanode, and anode diameter danode, the 
momentum of inertia turns out to approximately obey a fourth 
power law with the diameter

 
I h dp anode anode≈ ⋅ ⋅

π
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This has tremendous impact on the clinical workflow with ball 
bearing tubes, as the preparation time, and also the energy which 
has to be supplied to the tube housing assembly, rises. Assuming 
a given motor drive with driving torque Tc, the time tprep to start 
a ball bearing tube has to be increased by about 40% when the 
anode diameter grows by only 10%, as

 
t I /T const dprep p c anode= ω ≈ ⋅ 4

 

In practice, start-up times range from about one second for a 
low-speed anode spinning at about 50 Hz to up to about five sec-
onds for a heavy duty CT tube. Whilst for CT, where the entire 
gantry has to be accelerated before scanning, the start-up of the 
system is long enough to hide tube preparation, this does not hold 
for general radiography and interventional X-ray, where prepara-
tion times are of high importance. As long as the heat balance 
allows, a ball bearing tube with a small anode is therefore ben-
eficial. Constantly rotating spiral groove bearings (SGB) solve 
the problem entirely. This is the reason why Philips could nearly 
double the anode diameter by introducing the SGB and even 
reduce tprep. Another disadvantage of large anodes in air cooled 
ball bearing tubes arises from the fact that a larger share of the 
total available cooling power has to be reserved for starting and 
stopping the anode, which negatively impacts on the workflow.

2.5.5 Vibration and Noise

Rotors of X-ray tubes must be balanced after assembly and, in 
some cases, rebalanced after heating for the first time. Figure 
2.52 shows exemplary balancing drills at the outer circumfer-
ence of a graphite-backed anode of a tube for CT.

It is important not to run rotors of X-ray tubes with frequencies 
close to any of the intrinsic resonances of the tube, most impor-
tantly not at the main rotor resonance frequency. Unfortunately, 
the bearing suspension in X-ray tube housing assemblies can 
hardly be constructed stiff enough to avoid intrinsic resonances 
in the range of relevant rotor frequencies of high-speed tubes. 
The Philips iMRC® tube in Figure 2.25, which has a dual sus-
pended spiral groove bearing in a stiff metal–ceramics frame is 
an exception. Intrinsic resonances of most other tubes are found 
to be between 3000 and 9000 rpm.

High-speed tubes usually operate at frequencies above the 
main intrinsic resonance, that is, hyper-critical. The tubes shown 
in Figures 2.30 and 2.47 were equipped with radial spring sup-
port of the rotor in order to reduce the intrinsic resonance fre-
quency. Another way to manage this issue is reduction of the 
stiffness of the tube support in the tube housing. The downside 
of these measures is an increasing dependency of the focal spot 
position on the amount and direction of external forces like grav-
ity and centrifugal forces. A stiff design, as depicted in Figure 
2.25, is therefore beneficial in view of the accuracy of the defini-
tion of the focal spot in the system.

It is not advised to let rotors with ball bearings coast from 
speeds above resonance without applying an enforced magnetic 
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FIGURE 2.51 Cut view of the high-g-force capable liquid metal hydro-
dynamic spiral groove bearing system of the Philips iMRC® CT tube, sus-
pended on both ends for extreme bearing stiffness.
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brake. Such rotors, in particular those without internal axial 
spring pre-load, may feature coast times of an hour or more. The 
rotor frequency may then dwell for a long time in or near the 
intrinsic resonance with a negative impact on the bearing life.

2.5.6 Gyroscopic Momenta

When tilting the spinning rotor of an X-ray tube with a polar 
momentum of inertia Ip and rotor speed ω with a speed of 
enforced precession ωg, a resulting gyroscopic momentum Mg, 
will amount to

 
M Ig p g= ⋅ω ω

 

The direction of the angular momentum of the tube rotor in 
CT systems will stay unchanged under rotation of the gantry and 
no gyroscopic momenta arise, not even when the gantry is in a 
tilted position. Gyroscopic effects gain importance in interven-
tional X-ray imaging where the C-arm angulates the tube in a 
co-planar manner. Current angiography tubes typically sustain 
precession speeds of roll motion of about 30 degrees per second.

2.6 Manufacturing of X-ray Tubes

2.6.1 Cleanliness

Cleanliness of all sub-components is key for high-voltage stabil-
ity, long bearing life, and stable electron emission. This holds, 
in particular, for the interior components of the tube insert. 
Components for X-ray tubes are generally all but commodities 
and often require use of exotic materials and manufacturing 
processes in house and at the supplier. Before final assembly, 
sub-components are subject to multiple mechanical, chemical, 
galvanic, and thermal treatments. Compatibility with ultra-high 
vacuum requires extensive surface cleaning and degassing. A 
diffusion pumped furnace for this purpose is shown in Figure 
2.53. In addition to parts heading to the vacuum side of the 
tube insert, the insulating oil must also be free of particles and 
dry enough to prevent accumulation of conducting filaments of 

micro-particles under the influence of the electric field. Quality 
manufacturers have invested heavily in dust-free assembly rooms 
with controlled humidity and airflow, as shown in Figure 2.54. 
Tube components are assembled under laminar airflow. Parts 
locks decouple polluted and clean areas. Sub-components usu-
ally undergo extra ultrasonic cleaning steps before being inferred 
from buffer stock into a controlled assembly area.

2.6.2 Production Lines

Figures 2.55 through 2.57 illustrate steps in lines for the pro-
duction of metal ceramics tubes and for glass tubes. After ther-
mal degassing of individual sub-components and their assembly, 
tubes are typically first evacuated to a basic residual gas pres-
sure of about 10−7 Pa by baking the entire vacuum tube insert. 
Individual subsequent heating of cathode and anode beyond the 
limits of operation in clinical practice ensure proper vacuum lev-
els. After pinch-off, see Figure 2.58, the tube inserts are placed 
either into an oil bath for high-voltage conditioning or directly 
into the lead shield to prepare for the same. The entire tube hous-
ing assembly is then filled with degassed and dry oil. Yet when 
a tube assembly is operated, vacuum discharges will occur for 
tube voltages above about half of the nominal value. Therefore, 
a high-voltage conditioning process to about 20% overvoltage 
follows in an attempt to destroy troublesome electrode micro-
structures and to further reduce the residual gas background. As 
there is a risk of fatal errors during high-voltage conditioning, 
some manufacturers prefer to condition individual tube inserts in 
oil vessels before assembly into the tube housing. Electric stress 
and temperatures are driven above the limits for clinical use to 
ensure reliable operation in practice.

2.6.3 Break-In, High-Voltage Conditioning

Particulates, oxide layers, and other residual pollution on 
electrodes may cause reduction of the local work function or 
enhanced electrical field strength, for example, at the apex of 
protrusions. The interface between insulating particles and 
metallic electrodes may form triple points, which originate 
from differences in the electric susceptibility, polarization, and 

FIGURE 2.52 Balancing drills at the circumference of a rotating anode.



84 Handbook of X-ray Imaging

charging from impacting charge carriers or photo-ionization. 
Upon the action of elevated electric field strength, these weak 
spots may constitute origins of field emitted electrons. Electron 
current may result in local heating, vapor, ion, and plasma 
generation and eventually short circuiting of the vacuum gap. 
Stability of X-ray tubes under the application of high electric 
fields between adjacent electrodes cannot usually be achieved 
by cleaning and other surface treatment only. In addition to 
thermal treatment, conditioning processes are applied, which 
stimulate the electrical explosion of any local instabilities on 
purpose. A high voltage is supplied, causing increasing field 
strength, supported by thermal excitation, gas production, and 
sophisticated cycling of the technique factors applied. Between 
several dozen and up to about a thousand discharge events may 
occur under controlled damped supply of power until all rel-
evant critical surface features are safely destroyed and the tube 

FIGURE 2.54 Spacious and quiet dust-free assembly room at Philips in Hamburg, Germany.

FIGURE 2.55 Manual labor of skilled staff remains essential for high 
quality medical X-ray tubes.

FIGURE 2.53 Furnace for degassing of sub-components of the tube frame (in the front).
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is able to operate at the specified conditions. In some cases, a 
stable situation is not achievable, where for example, the vac-
uum level is insufficient or if parts of the tube, like insulators 
or bearings, released debris. Such a tube would be scrapped 
or may be recycled and undergo a repair and second process-
ing cycle. Figure 2.59 shows a glass tube during exhaust and 
electron bombardment of the anode. The figure nicely depicts a 
fluorescent glass wall next to the anode rotor, excited by impact 
of electrons which are backscattered from the anode. Electric 
current flows from the cathode to the focal spot on the anode 

disk, then in the form of backscattered electrons onto the glass 
wall and, supported by ion impact, again as backscattered elec-
trons from there back to the only positive electrode, the anode. 
Concurrence of excessive gas pressure and inner surface coat-
ing of the glass wall may cause narrowing of the current paths, 
local overheating, and tube implosion. A “frosted” glass tube is 
shown in Figure 2.60. The inner glass wall was roughened by 
chemical etching for better resistance against creeping charges. 
Figure 2.61 depicts a tube insert during high-voltage condition-
ing in an oil container.

FIGURE 2.58 Pinch-off of a glass X-ray tube from the vacuum pump after 
degassing.

FIGURE 2.56 Bake-out stations for initial evacuation of assembled tubes to remove about 99.999% of the residual gas content.

FIGURE 2.57 Degassing of the cathode heads of four glass rotating anode 
X-ray tubes in exhaust stations.
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2.6.4 Final Testing

Figure 2.62 shows an exemplary test position for leakage radia-
tion inspection. Leakage radiation is among those parameters 
which are extremely tightly monitored during production of 
each tube housing assembly to avoid any safety hazard for the 
customer. Other tests, like implosion or over-temperature tests 
are mandatory only during the development phase of a new 
type of X-ray source. Safety margins ensure that manufactur-
ing tolerances are properly considered. Figure 2.63 gives an 

impression of a manufacturing facility for high-performance 
tubes. X-ray tube housing assemblies are waiting in line for 
final high-voltage testing, focal spot measurement, and other 
measurements.

2.6.5  Process-Oriented versus Assembly-
Oriented Production

Although experience is growing with every day of production, 
the very complex physics inside an X-ray tube would not allow 
tracking of the vast entirety of physical parameters which are rel-
evant for performance. This may surprise the reader. However, 
the influence of inevitable changes of the raw material and rare 
occurrences of adverse conditions render it impossible to predict 
all the measurable events. For example, vacuum discharges still 
appear in a “stochastic” manner. Although rare, they may impact 
clinical practice. Their exact timing and frequency is unpredict-
able. It is impossible to totally scrutinize all electrode surfaces 
down to the atomic level. A sound guideline is maintaining 

FIGURE 2.59 Fluorescence of the inner glass wall caused primarily by 
backscattered electrons.

FIGURE 2.60 “Frosted” glass wall of a rotating anode X-ray tube. The 
resistivity of the inner glass wall against charge creeping and its robust-
ness against secondary electron generation during electron and ion impact is 
enhanced by chemical etching or sand blasting.

FIGURE 2.61 Glass tube during high-voltage and high-power conditioning.

FIGURE 2.62 Leakage radiation testing.
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material parameters as stably as feasible, and always repeating 
the same set of processes, gained from experience. Drawings 
and specifications of sub-parts are detailed. It is not sufficient 
to simply categorize the known key parameters of sub-com-
ponents, specify them numerically, and check for compliance. 
Many aspects are hidden and may surface only after long peri-
ods of production, if at all. After initial specification and life 
testing of a novel tube type, quality is guaranteed by repetition 
and correcting for deviations. Steady process improvement is a 
must. Thus, to safely ensure the performance, processes of tube 
production have to be repeated with the highest possible accu-
racy. Tube production is thus called process- oriented. This is dif-
ferent from assembly of electronic equipment like high-voltage 
generators. The assembly process is, in their case, characterized 
by clear definition of a huge number of interfaces and sub-
components and ideally predictable behavior. The high-voltage 
tank of an X-ray source, with its complex electrical interactions, 
is an exception from this rule, see Chapter 3 on high-voltage 
generators.

2.6.6 Production Yield

Among other factors, the success of manufacturing high-qual-
ity X-ray tubes is dependent on staff experience, staff retention, 
operations management, sophistication of the manufacturing 
processes and their steady improvement, number of product 
platforms to be maintained, quality of tools and other equip-
ment. Decades of learning have enabled the production yield 
in world-class lines to exceed 97%, even for complicated top-
performance tubes. In the eighties, typical scrap rates were an 
order of magnitude higher and occasionally peaked at 100%. 
Despite a high degree of automation, the quality of manual 
labor, as illustrated in Figures 2.54 and 2.55, is still a key suc-
cess factor for every vendor. A small number of tubes have 
to undergo multiple loops during processing and remediation 
cycles, for example, when they fail the final high-voltage test. 

High factory yield is often indicative of good performance in 
the clinic as well.

2.7 Installation and Service

2.7.1 Reconditioning

Over time, insulators discharge and depolarize. Gas molecules 
slowly, but steadily, diffuse from hidden gas traps into the free 
vacuum space and may adhere to former clean electrode surfaces. 
The focal spot track, which had been cleaned by thermal desorp-
tion of gas molecules, is again becoming polluted over time. Loose 
particles may be released. All these factors contribute to the desta-
bilization of the once-achieved stable surface condition of the 
electrodes of a tube. New centers of field emission emerge. During 
first application of high voltage after an extensive period of stor-
age and transport, electrical breakdown may occur at low voltage 
levels. It is therefore advised to begin operating a newly installed 
X-ray source carefully and start raising the tube voltage from lev-
els of only about half the nominal. The characteristic time for the 
above described processes to happen is not well-defined. A newly 
installed X-ray tube should be carefully reconditioned according 
to the break-in procedure suggested by the manufacturer. Tubes 
should be returned to the manufacturer for more extensive recon-
ditioning after, for example, about half a year of shelf time.

2.7.2 Warm-Up

A short warm-up and reconditioning procedure should generally 
be applied after a pause of operation of several hours to bring the 
sub-components of the tube close to the thermal conditions dur-
ing initial calibration of the system. Electron emission depends 
on the cathode temperature. Matching both components, that is, 
the adaptation of the generator and tube, should be performed in 
pre-heated conditions.

FIGURE 2.63 Tube assemblies waiting in line for high-voltage conditioning and final testing.
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2.8 Tube Replacement and Recycling

2.8.1 Average Tube Life Time and Warranty

Figure 2.64 illustrates a selection of typical tube failures. As 
long as dominant epidemic failures are absent, a broad spectrum 
of failure modes usually contributes to the loss of tubes. Figure 
2.65 presents a close-up of punctured ceramics after high-voltage 

discharge. Reconditioning is not possible in such a case, other 
than for most of the metal-to-metal discharges, the remnants of 
which are shown in Figure 2.66. Secondary effects may kill a 
tube as well. Figure 2.67 shows a burned high-voltage plug. Even 
if this event occurs at the generator terminal and the tube seems 
operational, the asymmetry of the high voltage may have caused 
damage of the tube.

Objective public data on average tube service life are scarce. 
Anecdotic and internal data suggest significant differences 
between vendors. Erdi (2013) reports on 50 tube replacements 
in 10 GE LightSpeed® and three GE VCT® scanners. This paper 
reveals a broad temporal and operational distribution of tube 
life. GE Performix Ultra® tubes for one of the two system types 

FIGURE 2.65 Punctured cathode ceramics.
FIGURE 2.66 Remnants of severe tube arcing in a bi-polar metal center 
section tube (anode removed).

(a) (b)

(d)

(c)

(e)

(f )

FIGURE 2.64 Typical wear and tear patterns of returned medical X-ray tubes. (a) Glass erosion from high electric currents across the glass frame after 
coating by tungsten vapor. (b) Anode track erosion after long service life. (c) Cracked rotating anode. (d) Evaporated and eventually molten hot spot of an 
electron emitter coil. (e) Heat exchanger oil pump failure caused overheating and collapse of the tube frame. (f) Foot-point craters from vacuum-discharges.
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under investigation lasted on average 1.6 ± 1 years, Performix 
Pro® tubes in the other series of systems 1.9 ± 0.8 years. The 
total electric charge conducted during tube life differed by more 
than an order of magnitude between good and bad individuals 
of the Performix Ultra® series, namely 16.7–239.9 kA with a 
mean value of 81.0 ± 45.4 kA. Performix Pro® tubes conducted 
18.5 up to 61.4 kA with an average of 44.6 ± 25.8 kA. Some of 
the Performix Ultra® tubes did not survive the warranty period 
granted by the manufacturer. This is not necessarily an indicator 
of bad quality. Warranty terms often serve the purpose of insur-
ance. Operating a medical X-ray tube is commercially risky. 
Buffering by a vendor guarantee or a service contract, which 
includes tube exchange, is advised. Whilst full warranty ends as 
contracted, pro-rated warranty reduces the potential refund from 
the vendor over time or cumulative amount of use in operational 
units, see Figure 2.68.

2.8.2 Recycling

Recycling of the tube housing has been common practice since 
the invention of this enclosure of the fragile tube. In addition 
to this kind of re-use, the introduction of metal–ceramics tech-
nology and, in particular, long-living liquid bearings allows 
qualified manufacturers to also recycle sub-components of tube 
inserts. After dismantling and exhaustive inspection, recycled 
sub-components can be re-used for new equipment to protect the 
environment and to save costs. Figure 2.69 depicts an example. 
Once a high-voltage insulator has survived hundreds of hours 

under the stress of high voltage and electron bombardment, 
the risk of puncture due to an intrinsic flaw is minimal. Philips 
has pioneered this green strategy, which customers and regula-
tory bodies have been blessing. Performance and tube life are 
guaranteed. Other than for rugged metal–ceramics tubes, the 
insulating capability of a glass frame is often irreversibly dam-
aged after years of service, see Figure 2.64. Debris from ball 
bearings, see Figure 2.49, are polluting other sub-components. 
Thus, worn-out glass tubes with ball bearings usually have to 
be scrapped.

2.9  Value Engineering and Tube Costs

Figure 2.70 shows a cost breakdown structure derived for an 
average high-end rotating anode tube for CT. Anode size domi-
nates the calculation. System developers should very carefully 
minimize their requirements in case a selected tube platform 
seems to come to its limits and they are tempted to suggest the 
next higher tier be used. Can the gantry speed be reduced for 
selected critical use cases? Can detector coverage be extended 
in a default application protocol to save energy input and anode 
costs? Is a larger focal spot acceptable? From a different perspec-
tive, Figure 2.71 demonstrates the impact of the planned clini-
cal application on tube price. As aforementioned in the context 

FIGURE 2.67 Burned-out cable plug after false assembly.

FIGURE 2.69 Careful dismantling for the recycling of an anode of a high-
performance tube for computed tomography.

(a) 12 months full plus
60 months pro‐rated warranty

100%

50%

0%
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100%

50%

0%
0 12 24 36 48 60 72

(b) 32 months full warranty

FIGURE 2.68 Sample warranty multiplier for the temporal component of 
warranty terms, (a) pro-rated, (b) full-warranty.
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of rotor drives, larger anodes are not always better performing. 
A 90 mm diameter anode seems an excellent trade-off for gen-
eral radiography, which balances minimal start-up time and 
rotor driving power with heat dissipation, in particular, as image 
de-noising has much improved over the years. Larger anodes 
would be more expensive and may even hamper the workflow. 
Figure 2.72 illustrates the typical costs of specific additional 
functionality.
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3
X-ray Generators

Rolf Behling

The historic term “generator” does not exactly reflect the function 
of this device. If we ignore niche products utilizing pyroelectric 
(see Section I, Chapter 6 of this book), as produced by the com-
pany Amptek, Bedford, MA, USA, piezoelectric, see Gall et al. 
(2013), ferroelectric, see Altgilbers (2009), or triboelectric effects, 
see Hird et al. (2011), to generate high voltage with low current, 
typical medical diagnostic high-voltage supplies do not per se gen-
erate any electrical energy. They rather convert AC mains power 
to high-voltage DC output, and usually augment the function of 
X-ray tubes with a variety of auxiliary signals and electrical sup-
ply. In this sense, X-ray generators are intelligent voltage step-up 
and current step-down electronics, delivering the required tube 
voltage for the generation of X-rays and other power.

A comprehensive treatment of the vacuum electronics and 
the power electronics part of X-ray generation can be found in 
Behling (2016) and in Chapter 7 of this work. High-voltage engi-
neering is treated, for example, in Rizk (2014). Basic background 
on medical generators can also be found, for example, in Rossi 
et al. (1985), Krestel (1990), and in Behling (2016), Chapter 8.

3.1 Basic Functionality of the X-ray Generator

Radiologists often associate the “generator” with its user inter-
face, as shown in Figure 3.1, which often comprises a major 

part of the user interface of a general purpose X-ray system (see 
Section II, Chapter 26 of this book). Figure 3.2 sketches the over-
all functionality of an exemplary diagnostic X-ray generator. Its 
main functions are delivering:

• Between 20 and 150 kV tube voltage and up to 
2 × 120 kW of electrical DC power

• With mono- or bi-polar high voltage, cathode 
charged and/or anode charged

• With constant or slowly or fast varying tube voltage 
(“kVp-switching”)

• With tube discharge damping and high-voltage 
recovery after tube “arcing”

• Heating current on cathode potential for the thermionic 
electron emitters

• Grid voltage supply added to cathode potential for grid 
switched tubes

• Voltage supply added to cathode potential for electro-
static beam deflection and emission control

• Currents to feed magnetic quadrupoles and dipoles for 
tubes with magnetic focusing and/or focal spot deflection

• Stator supply for the motor of rotating anode tubes

• Tube voltage and tube current measurement

• and more
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It:

• Is the interface between

• User and system in radiographic equipment

• Tube and X-ray system

• May control, depending on the use case

• Total dose and dose rate

• Tube current

• Tube voltage

• Provides safety functions like

• Thermal monitoring of the tube

• Arcing switch-off

• Mains fuse

• Internal safety functions

• Provides service functions, including

• (Remote) error logging and display

• Application logging

3.2 High-Voltage Train

The schematic of Figure 3.3 sketches the basic electronic circuitry 
and illustrates major components of a modern medical diagnos-
tic high-voltage generator. Electrical energy comes in with 50 
or 60 Hz AC single- or three-phase mains of between 380 and 
480 V and is converted to between 20 kV (mammography) and 
150 kV nearly DC tube voltage. Different mains conditions on 
site are frequently managed by transformer-based power distri-
bution units (PDUs). Coming from the left, an adapter (1) matches 
local mains conditions with the requirements of the power con-
version unit of the high-voltage generator and the overall X-ray 
system. Further to the right, a combination of diode and smooth-
ing capacitor rectifies the AC mains input, filters the voltage, and 
generates an intermediate DC rail voltage of typically between 
550 and 750 volts. Metal–oxide–semiconductor field-effect tran-
sistors (MOSFETs) or insulated-gate bi-polar transistors (IGBTs) 
(2) chop the rail voltage and feed resonance elements (3) with 
AC. The transformer (4) converts high currents driven by moder-
ate AC voltages on the primary side to magnetic inductance in its 
ferromagnetic core, which its windings enclose, see for example 
Bushberg et al. (2012). The core penetrates a higher number of 
secondary windings, isolated from ground. High AC voltage is 
induced proportional to the temporal change of the inductance 
and the number of turns. Reduced inductance may be compen-
sated by higher frequency. Enhancing the switching frequency 

FIGURE 3.1 User interface of a high-voltage generator for general radi-
ography. The exposure button first initiates starting rotor drive and filament 
heating as a first step. X-rays are emitted when the high voltage is switched 
on by pressing the switch further down to its final position. (Image courtesy 
of Philips.)
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FIGURE 3.2 Schematics of the functionality of a medical diagnostic X-ray high-voltage generator.
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is, therefore, improving compactness. Figure 3.4 illustrates the 
advancement by the transition from 18 kHz switching frequency 
to more than 100 kHz high-voltage supplies.

The exemplary interior of the larger unit to the right of 
Figure 3.4 is shown in Figure 3.5, a high-voltage tank of a bi-
polar generator for interventional diagnostics. The high-voltage 
transformer is surrounded by two towers, which integrate damp-
ing elements and resistive voltage dividers in the front of the left 
 picture, which supply the control circuitry with the actual value 
of the high voltage. Filament heating transformers, which trans-
fer AC current to the negative high-voltage potential, are in the 
center of the right picture.

High-voltage generators from different vendors can be differ-
entiated by the individual design goals, the tradition and specific 
competence of the development team, the local specifics of the 
mains grid, and the application they are intended for. For exam-
ple, some vendors prefer molded high-voltage plastics insulation 
in the high-voltage tank over oil. Others aim for minimal second-
ary capacitance for fast high-voltage switching (kVp-switching). 
Suppliers for the open market of original equipment manufac-
turers (OEMs) try to achieve an utmost degree of compatibility 
with systems from different vendors. This may affect the polarity 
offered (bi-polarity, mono-polarity) and—most importantly—
the electrical interfaces.

It may be illustrative to show a few alternative architectures, 
which differ by the inverter frequency used. Figure 3.6 depicts 
a system comprising fast switching MOSFETs. These transis-
tors allow for elevated switching speed, but impose limited rail 
voltage. Thus, a voltage step-down/current step-up unit (Buck 
Converter) is required which limits the DC input of the converter 
to less than 380 volts. An alternative is shown in Figure 3.7: unlike 
MOSFETs, this architecture works with IGBTs which allow 
feeding of the rectified and smoothened mains input directly 
into the inverter. The price to pay is lower inverter frequency, 
a larger high-voltage transformer, and larger output capacitance 
to reduce high-voltage ripple. Other alternatives can be found in 
the high-voltage architecture. Figure 3.3 depicts a sample four-
stage  rectifier cascade. Some vendors prefer a series of stacked 
 secondary transformer–diode–capacitor sub-units instead.

In addition to tube voltage pulsing, tube current adjustment, 
steering tube rotor, electron emitter temperature, etc., modern 
generators also control the reaction on tube arcing. A discharge 
in the tube side is sensed as a negative voltage surge or an exces-
sive current peak arriving at its output terminal. The control unit 
switches all power transistors off, waits for a cooling period of 
the order of several hundred microseconds, necessary to settle 
local gas and vapor bursts, and attempts to ramp-up the volt-
age again. Some implementations allow for many break-down 
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FIGURE 3.3 Schematics of the power train of a converter generator. Auxiliary supply units are not shown in this picture. See text.
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events to occur per second before an exposure is aborted due to 
lack of adequate X-ray intensity. A bad X-ray tube may exhibit 
reasonable performance when attached to an intelligent genera-
tor. Simpler systems use passive components such as resistors, 

diodes, and capacitor-inductance combinations, for example as 
described in the European patent EP592164B1.

Length and capacitance of the high-voltage cable is impor-
tant in this context, as it stores electrical energy, Edischarge. In a 

18 kHz

>100 kHz

FIGURE 3.4 High-voltage tanks of very similar power rating for interventional radiography. The modern unit (left) uses advanced switching schemes with 
a frequency of more than 100 kHz. The legacy tank (right) operates at 18 kHz and comprises a larger high-voltage transformer, larger smoothing capacitance, 
and a larger number of rectifier diodes.
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FIGURE 3.5 Front and rear views of the internals of a bi-polar high-voltage tank for interventional application, as shown in Figure 3.4.
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unipolar high-voltage design the energy released during a full 
discharge is

 
Edischarge t

2
h vV C=

1
2

⋅ /
 

where Vt is the tube voltage and Ch/v the total electrical capaci-
tance in the high-voltage circuitry, which consists of the genera-
tor smoothing capacitance, cable capacitance and capacitance of 
the tube assembly. Resistive damping elements disconnect the 
internal generator smoothing capacitance from the usually lower 
cable capacitance. The energy which stresses tube electrodes 
during rather short vacuum discharges is, therefore, limited. In a 
bi-polar system, the “local” energy stored in the electrical capac-
itance close to the tube, that is, in the cable and in the tube itself, 
which is released in a single vacuum discharge, is only half of the 
above value, as the tube voltage splits into two halves and in each 
of the two branches one-quarter of the energy is stored. Cables 
in computed tomography (CT) systems are short, ca. 0.5–2 
meters long. However, cable lengths of more than 40 meters have 
become common in many installations of interventional angiog-
raphy and hybrid interventional and surgery systems. Discharges 

of electric charge from long cables may cause destruction of 
electrodes or insulators inside the tube, if not handled properly. 
Countermeasures may comprise resistive cable-based damping, 
special cooling periods during arc-ride through the generator, 
or dedicated processing of the tube during high-voltage break-
in, see Behling (2016). Enhancing the switching frequency with 
modern generators helps in reducing smoothing capacitance and 
the energy released during such kinds of events.

3.3 Magnetic Slip Rings

Computed tomography with common helical scanning intro-
duces a technical challenge. There are several ways to transfer 
power from the stationary to the rotary side of the gantry in a CT 
system. The most common method employs mechanical power 
slip rings and brushes to transfer DC rail voltage, which is then 
converted to high-frequency AC power in a rotating power con-
verter. Magnetic coupling is an appealing alternative, for exam-
ple offered by Analogic, Peabody, MA, USA and introduced by 
General Electric (GE), Waukesha, WI, USA in systems for bag-
gage inspection first and then diagnostic imaging. In one of the 
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FIGURE 3.6 Basic schematics of a MOSFET-based converter generator. The downside of using MOSFETs and employing their high switching frequency 
is the need to limit their input rail voltage to about 600 V DC. An additional buck step-down stage is used in this case to comply with up to 480 V three-phase 
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FIGURE 3.7 Basic schematics of a silicon-based IGBT converter generator (see also Figure 3.6). The disadvantage of using IGBTs with high input voltage 
capacity is their relatively low switching frequency, for example in comparison with silicon MOSFETs, which puts design challenges on the high-voltage 
transformer and smoothing circuit. The use of modern silicon carbide-based transistors will help to overcome this challenge.
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solutions the intermediate rail voltage is chopped on the station-
ary side. AC is magnetically transmitted and directly drives the 
high-voltage transformer with high frequency. Vendors pursue 
different strategies to optimize the overall architecture in view 
of power rating, efficiency, costs, space consumption, versatility, 
risks of electromagnetic compatibility, and durability.

3.4 Dual Energy Imaging

Since 2008, GE has marketed spectral sensitive X-ray imaging 
in CT (for dual energy CT, see Section III, Chapter 39 of this 
book). It is based on ramping the tube voltage up and down, with 
steep rise times also referred to as fast “kVp-switching” (peak 
tube voltage switching). Projections are taken with low tube volt-
age, for example 80 kV, intermediate voltage during transients, 
and with high tube voltage, for example 140 kV. The spectrum of 
the bremsstrahlung from the X-ray tube is being altered in a sub- 
millisecond manner. This requires the high-voltage chain to pump 
charge into the smoothing and cable capacitance during ramp-
up and withdraw this charge through the tube afterwards during 
ramp-down. Transition times as low as several hundred micro-
seconds can be achieved, depending on the selected tube current, 
the current delivery of the power chain, and other means of dis-
charge in the high-voltage generator. Recently, GE could shorten 
the transition times further with a new generation of generators 
for CT. Of particular interest are the total output capacitance of 
the high-voltage chain, the cable length, and the maximal current 
which the inverter can feed to the high-voltage transformer. As 
the tube current usually diminishes with lowering of the tube volt-
age when the cathode operates partly space charge limited, spe-
cial measures are advised to actively steer the cathode of the tube 
with biased electrodes in parallel with altering the tube voltage, 
in order to fully employ the thermal capability of the focal spot.

3.5 Sensing Tube Voltage and Current

Feed-back loops are essential for controlling tube voltage and 
tube current. As outlined in Chapters 1 and 2, see also Behling 
(2016), the tube voltage determines the image contrast, whereas 
the tube current specifies the photon flux from the X-ray source.

The two towers of resistive high-voltage dividers, shown in the 
left picture of Figure 3.5, are capacitive balanced to achieve a 
bandwidth in the range of several hundred kilohertz and feed 
the control unit with a signal which represents the tube voltage. 
Figure 3.8 illustrates the basic electrical schematics. High band-
width is necessary for fast control of the tube voltage in high-
frequency generators and early detection of signs of vacuum 
discharges in the X-ray tube. Since the tube voltage has a direct 
impact on the dose delivered to the patient, the accuracy of the 
delivered tube voltage must be highly accurate.

The tube current, the second important technique factor, may 
be monitored with less precision and frequency bandwidth. 
Simplified exemplary current measurement circuitry is shown in 
Figure 3.8. Signals are fed back to the drivers, which control the 
switching scheme of the inverter. Sub-picture (8) of Figure 3.3 
shows a sample control board, realized by field programmable 
gate arrays, digital signal processors, CPUs, etc.

The tube current equals the cathode current in most cases. Field 
emission from cathode to anode or cathode to ground usually 
amounts to much less than a hundred microamperes at highest 
tube voltage and drops significantly with tube voltage. The tube 
current sensing circuitry has to be adapted accordingly. Normally, 
that is, when thermionic emission with thermal emission control 
is used, electrons emerging from the emitter in the cathode hit 
the anode first. Thus, they contribute to X-ray production; 40%–
60% of these are backscattered and may partly land on the tube 
frame and on areas of the anode outside the focal spot. Thus, 
the tube current returns completely through the earth terminal 
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FIGURE 3.8 Typical measurement circuits for tube voltage and tube current for a bi-polar high-voltage generator.
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of the source of negative high voltage, for example the negative 
branch of a bi-polar generator. The current signal includes all 
charging currents for the capacitance of the high-voltage cable, 
tube assembly, and parasitic capacitance. The tube current sig-
nal has to be extracted by sophisticated  electronic means from 
substantial electrical “noise.” Transitions of tube voltage have to 
be considered, for example during switch-on, fast dose control, 
or high-voltage pulsing. The signal is then cleared by averaging 
with low-pass filters to deliver a stable  current reading. In addi-
tion, the measurement divider current has to be  considered as 
does the temporal dynamics, which requires a capacitive com-
pensation of the cable capacitance. The dynamic  range has to 
cover four orders of magnitude of current.

3.5.1 Multiple Tubes

For cost reasons, legacy radiographic generators were often con-
figured to serve two X-ray tubes. Figure 3.9 shows a high-voltage 
switch for this purpose.

3.6 Energy Quantization

Using resonance converters, switching MOSFETs or IGBTs, as 
shown in Figure 3.3, are initiated during zero-crossings of the 
secondary voltage to avoid overheating of the semiconductor 
die. It is not advised to quench high current at elevated voltage 
levels and arbitrary points in time. Series-resonance converters 
with half or full bridge switches have proved to be very energy 
efficient. Energy efficiency translates to low operating tempera-
tures and long service life. For this architecture, the minimum 
period of energy supply is half of the resonance period of the 
power inverter circuit. Thus, the minimum energy transmitted 
is the temporarily stored energy in the resonance elements. As a 

 negative consequence, any energy transfer to the tube is  quantized. 
Several degrees of freedom to control the tube voltage are avail-
able, such as pulse width, frequency, and so on. The inverter may 
be in an off state during several resonance periods if the tube 
is to be operated with low power. Consequently, the amount of 
ripple changes when compared with full power operation. In case 
of pulse-width modulation, the ripple can be reduced with power. 
Multiple power ranges of operation may exist in an attempt to 
minimize the undesired voltage ripple. The control scheme may 
be adapted according to the desired application.

3.7 Voltage Ripple

As it tends to worsen the patient dose penalty for a required con-
trast-to-noise relation in the X-ray image, voltage ripple is unde-
sired. Due to the energy quantization outlined in the previous 
section and the use of sophisticated power control schemes, volt-
age ripple is often a complicated function of selected technique 
factors, namely tube voltage and tube current. IEC 61676 defines 
voltage ripple as the ratio between peak-to-peak voltage alteration 
and maximum voltage. On purpose, the maximum (“kV-peak”) 
is taken as a reference to define the X-ray spectrum, because the 
resulting X-ray intensity at the detector downstream of the patient 
after beam hardening is a strongly non-linearly rising function of 
the tube voltage. Figure 3.10 may illustrate the strong impact of 
tube voltage on the X-ray intensity, even at the entrance side of the 
patient, which is relevant for the consideration of the skin dose. 
The result of a simulation of the X-ray intensity for a hypotheti-
cal single-phase generator without rectifier—as used by Conrad 
Roentgen during his first experiments—is shown as a reference. 
Clearly, the diode characteristics of the bremsstrahlung source is 
visible as is the dominance of the peak voltage for dose calcula-
tions. The maximum tube voltage reached during a voltage cycle 
determines the total photon flux to a large extent. For the simulation 
of Figure 3.10 the X-ray tube is assumed to operate a thermionic 
space charge limited cathode. According to Child–Langmuir’s 

FIGURE 3.9 A legacy dual tube high-voltage switch cut open.
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h/v generator
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Tube voltage (a.u.)
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Pre patient 
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FIGURE 3.10 Voltage ripple and X-ray dose during production of brems-
strahlung, with a hypothetical legacy single-phase system mains-driven gen-
erator without rectifying and smoothing means. The AC voltage phase is 
shown on the abscissa. The ordinate indicates tube voltage and X-ray inten-
sity in arbitrary units.
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law, the tube current It is then proportional to Vt
3/2, where Vt rep-

resents the tube voltage. The X-ray intensity from the source is 
then approximately proportional to Vt

1.5 ⋅ Vt
2 = Vt

3.5. The X-ray 
intensity at the detector downstream of an exemplary patient of 
300 mm water equivalent has an even stronger dependency on the 
tube voltage and is approximately proportional to Vt

5.5.
In modern generators, the absolute value of the ripple 

 typically amounts to a single digit percentage of the tube voltage. 
For accurate dose and contrast calculations, the exact waveform 
for the technique factors applied has to be known. The amount of 
ripple in terms of a single figure would not suffice. More details 
can be found in Behling (2016).

3.8 Power Rating

Figure 3.11 depicts a power block of a modern high-frequency 
generator for CT, which delivers 60 kW electrical power to the 

X-ray tube, with a voltage ripple of less than 4%. The entire 
power supply of the compatible Philips iCT® system comprises 
two of these blocks and delivers 120 kW for 4 seconds every 10 
minutes, which matches the compatible iMRC® tube. Tube and 
generator fit well. This is a most reasonable and modern specifi-
cation method. Other metrics, such as nominal anode input power 
(for 0.1 second loading) or stating the “generator power” alone, 
would introduce ambiguity. Specification in practical terms fol-
lowing the new third edition of the IEC standard is the best way 
of comparing competing offerings.

The achievable power rating is not only dependent on the 
components used, for example for inverter, high-voltage trans-
former, and diodes, but also on the mains conditions on site. 
The 480 V three-phase AC mains allows for higher primary 
DC rail voltage (800 V DC) for the inverter than the 380 V AC 
mains (rectified to about 600 V DC). A generator optimized 
for 480 V AC has to conduct less current through the primary 
rectifying diodes and the inverter to deliver the required power 
at the high-voltage terminal. Vendors may use this degree of 
freedom to simplify and cost reduce the equipment. Generators, 
which usually rely on 480 V AC grids, would, therefore, need 
an expensive mains transformer interface to work optimally in 
other places.

3.9 Current Rating

On top of total power, the tube current which a generator can 
deliver under the given mains conditions and relevant tube 
voltages is an important characteristic. In addition to the con-
siderations on power rating (see the previous paragraph), high 
tube current capacity requires well dimensioned high-voltage 
circuity, see Figure 3.12. In particular, rectifier diodes, push-
capacitors in the high-voltage cascade, smoothing capacitors, 
and the damping resistor must be able to sustain high tube 
currents and at the same time reduce the voltage ripple to an 
acceptable level, even when the tube discharges fast with high 
current.

FIGURE 3.11 High-performance power block for CT. (Image courtesy of 
Philips.)
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FIGURE 3.12 Four-stage high-voltage cascade.
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3.10 Matching Generator and Tube

Commercial system specifications are sometimes misleading. 
Stating “generator power” alone for a CT system may raise the 
suspicion that other components might not match well with this 
device. The capacity of current delivery, speed of power con-
trol, voltage ripple under various mains conditions and technique 
factors demanded, electromagnetic compatibility, auxiliary 
functionality, safety, back-up and service functionality, hazard 
prevention, arc suppression, tasks adopted as part of the systems 
architecture, and more count, too. It is beneficial to have high-
performance generators and tubes developed by a single R&D 
team. The complexity of the interface between both components 
has grown tremendously over time. Management of vacuum dis-
charges between electrodes of the X-ray tube, magnetic focusing, 
electron beam deflection, and thermal management of the X-ray 
tube and the generator are only a few aspects to consider.

As mentioned before, power ratings and capabilities of current 
delivery of the cathode of the tube and the secondary components 
of the generator have to match well. Whilst the performance of 
the tube is primarily limited by the anode, namely the thermal 
balance of the focal track, cooling rate of the anode, and space 
charge effects in the cathode, the generator has slightly different 
characteristics. As outlined above, generator power and current 
ratings are defined by the losses in generator components and the 

current carrying capacity, for example of diodes. Saturation of the 
magnetic core of the transformer is another aspect to consider, as 
well as long-term heating and margins for transients of voltage and 
current. Simplified rating charts usually state  maximal  generator 
current and output power. Figure 3.13 illustrates the performance 
of two sample X-ray segments. Figure 3.13a represents an accept-
able match. Figure 3.13b demonstrates the deficiency of bright-
ness of the image for low tube voltages, caused by insufficient 
current delivery capacity of the generator. The “Iso-watt-point,” 
that is, the tube voltage above which full power can be generated, 
is shifted to higher values than the tube alone would allow for.

3.11  Electron Emitter Heating 
and Emission Control

Cathodes of most diagnostic X-ray tubes are operated at negative 
potential of either half the tube voltage in bi-polar settings or 
full tube voltage. (Only some mammography units operate the 
cathode at ground potential.) Therefore, cathode control volt-
ages for switching and electrostatic deflection, see below, and 
emitter heating power have to be generated at a negative high 
voltage level. Returning to Figure 3.5, the right picture shows 
emitter heating transformers which transform AC from ground 
to high-voltage potential. If compatible X-ray tubes comprise 
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FIGURE 3.13 Matching tube and generator characteristics. Although tube and generator power ratings are assumed equal for (a) and (b), (a) is the only 
acceptable combination.
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more than one filament, this unit has typically multiple (e.g., two) 
independent sets of solenoids, as shown. Other than in the dis-
tant past, the heating circuitry is typically current controlled to 
eliminate effects of contact resistance in the high-voltage plugs 
and in the tube, wire heating, and so on, and to allow for various 
cable lengths without the need to re-adjust the heating voltage. 
However, fatigue of the cathode filament causes an increase of 
the wire resistivity, see Behling (2016). Given a fixed heating 
current, the power dissipated rises over time (and with it the rate 
of evaporation). As a result, the tube current rises for a fixed heat-
ing current. The generator control electronics react and reduce 
the pre-programmed heating current per technique factor setting. 
Closed loop control steers the filament heating current accord-
ing to the desired tube current at a given tube voltage. During 
 adaptation, the generator is automatically programmed to prop-
erly control a newly mounted tube with its individual emitter 
characteristics, see Figure 2.15. Depending on the individual 
 tolerance situation, it may be necessary to re-adapt.

As a consequence of the characteristics of the metal and 
the high temperatures of the thermionic emitter during opera-
tion, the resistivity of the usual thermionic tungsten emitters 
is much lower at ambient temperature than during operation. 
Heating from ambient would take a relatively long time for the 
preparation of an exposure. Therefore, emitters are pre-heated, 
with some amperes, to temperatures slightly below the onset 
of  relevant electron emission when the system is in a stand-by 
state. This pre-heating also reduces other thermo-mechanical 
distortion, for example of the focusing geometry, from changing 
 cathode temperature.

3.12 Grid and Electrostatic Deflection Supply

The spectral integrity of the X-ray beam in pulsed operation 
may be impaired when the generator pulses the X-ray output by 
switching the high voltage on and off. For CT, cables are typically 
between 1 and 3 meters long, the tube is on for an entire expo-
sure of several seconds duration, and tube currents amount to 
hundreds of milliamperes. Thus, ramping up and down the cable 
charge is a relatively simple task. The X-ray spectrum is reason-
ably well defined, as it should be to guarantee a reconstructed 
image free of artifacts. However, the time required for charg-
ing and discharging of up to 40 meters long high-voltage cables 
and smoothing capacitances in angiography systems may be of 
the order of milliseconds, in particular when the tube current 
is low for dose saving, for example for fluoroscopy. Transition 
times may be of the same order as the shortest pulse lengths, 
as Figure 3.14 demonstrates. For a long period of transition the 
tube voltage remains below the required level while the tube cur-
rent is still high and the tube delivers X-rays to the patient. As 
the patient is getting more and more opaque the lower the tube 
voltage, the relationship between skin dose and detector signal 
worsens dramatically.

It is, thus, advised for dose reasons to reduce the tube cur-
rent instead of the tube voltage. The tube voltage and, with it, 
the X-ray spectrum will then remain untouched during the entire 
switching event. Unwanted patient dose does not appear. Indeed, 
can cathodes with limited current delivery capacity be switched 
through biasing of the thermionic electron emitter with respect to 

the focusing electrode in which it is embedded? A negative con-
trol voltage of a few kilovolts is typically applied to cut off the 
electron emission. A grid switch supply unit may be placed close 
to the tube inside the tube housing. This solution is preferred by 
Philips for high-performance tubes for interventional angiogra-
phy. The clean switching pattern is shown in Figure 3.15. Other 

Tube voltage

Generator output current

Tube current

Pulse control signal

0 time

110 kV, 45 mA

10 ms 20 ms

FIGURE 3.14 Disadvantage of pulsing the X-ray output for interventional 
fluoroscopic application by switching the tube voltage only. Compared with 
the desired pulse length, a long tail of production of soft X-rays during the 
decay of the high voltage drop appears. In this stage, the tube is still conduc-
tive and produces unwanted soft X-rays which enhance the skin dose of the 
patient without creating sufficient image data at the detector. Grid switching 
the tube current only solves this problem, see Figure 3.15, but requires addi-
tional electronics and tube features.
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FIGURE 3.15 X-ray pulsing for interventional angiography with a grid 
switch. The tube current is switched using a bias voltage in the cathode. 
The tube voltage stays constant. The tube delivers an optimal X-ray spec-
trum. Dose savings in comparison with voltage pulsing shown in Figure 3.14 
may amount to up to 20%.
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manufacturers place similar electronics in the high-voltage tank 
of the generator or additional intermediate units and feed con-
trol voltages through additional leads of the cathode high-voltage 
cable. Such a cable is shown in Figure 3.16.

For CT, the supply units for electrodes for electrostatic focal 
spot deflection (see Figure 2.21) are generally placed in the high-
voltage tanks.

3.13 Rotor Control

Rotor drives must match well with the connected tubes. 
Rotating frame tubes with their high-performance motors with 
exceptionally short air gaps pose other challenges compared to 
bi-polar rotating anode tubes, with air gaps of the order of 1 
centimeter across vacuum insulation and a tube frame made 
of glass, ceramics, or highly resistive metal. In an attempt to 
shorten start-up time, bi-polar tubes have been constructed 
which employ grounded rotors and rotating insulators. Air gap 
and magnetic reluctance are, thus, minimized. The rotor con-
trol has to match the different conditions. Otherwise, depend-
ing on the moment of inertia of the anode, rotor inductance, 
bearing friction, and stator inductance, an improperly designed 
rotor control may cause excessive heating of the tube assem-
bly. Other failure modes include insufficient final rotor speed in 
cases where the bearing friction is higher than expected. This 
may, in particular, happen for ball bearings with spring-thrust 
pre-load to avoid position dependent changes of the noise pat-
tern or for tubes with large imbalance of the anode and intrin-
sic resonance below the nominal rotor speed. Improper driving 
momentum may result in “trapping” of the rotor close to the 
resonance, when the bearing friction is maximal due to anode 
vibration.

Whilst anodes with ball bearing systems often feature coast 
times of an hour and need active braking by feeding DC current 
into the stator to save bearing life, the hydrodynamic friction 
of spiral groove bearings is several orders of magnitude higher. 
Mechanical friction losses may reach several hundred watts, 
depending on the stiffness of the bearing and its nominal rotor 
speed. Rotor drives for these tubes with liquid bearings have 
to deliver up to 1 kilowatt of electrical power. Their ramp-up 
characteristics are of less importance than for tubes with ball 
bearings. However, during the initial start-up, sticking friction 
of the resting bearing has to be securely overcome. Continuous 
rotation at full speed has to be maintained with minimized 
power.

Usually, three-phase drives are being used. More details can 
be found in Behling (2016), Chapter 6.2.3.1.

3.14 Magnetic Focusing

In addition to tube voltage supply, delivery of tube and elec-
tron emitter heating current, and rotor drive, the task setting 
for  modern generators has been extended to provide electrical 
energy for other loads, such as magnetic focusing and deflection 
systems. Particular challenges are the speed of deflection, elec-
tromagnetic compatibility, compactness, and energy efficiency.

Magnetic focusing and beam deflection were introduced on a 
broad scale in 2003 by Siemens for the Straton® tube. The tech-
nology was later extended to double quadrupole focusing by 
Philips for the iMRC CT tube in 2007 and, again, by Siemens in 
2013 for the Vectron® tube. Active control of the focusing param-
eters is necessary for these magnetic systems. Inductive load and 
eddy-currents induced in the material of the tube frame limit the 
deflection speed. Thus, the maximal voltage output which such a 
unit can deliver is of particular importance.

The vast majority of medical X-ray tubes, however, are 
focused electrostatically by properly formed electrodes which 
surround the thermionic electron emitter in the cathode. If the 
emitter and focusing electrode are on the same potential and as 
far as space charge effects can be ignored, the electron beam 
path is independent of tube voltage and no active control is nec-
essary. This changes when biasing is applied for electrostatic 
deflection or control of the focal spot size, see Behling (2016), 
Chapter 6.2.1.8.

3.15 Tube Temperature Supervision

Another task is safeguarding the integrity of the tube. As X-ray 
tubes usually do not comprise sophisticated intelligence, ther-
mal modeling and thermal supervision are either allocated to 
the  generator or to the X-ray system. Typically, multi-level finite 
element algorithms are implemented in most generators. These 
models predict temperatures for the end of the programmed 
application protocols and indicate potential thermal overload. 
Hazards from overheating the tube assembly are prevented by 
thermal switches or pressure switches at the tube housing, which 
feed failsafe  generator circuitry.

3.16 Dose Control

Interventional application requires automatic adjustment of the 
X-ray intensity, depending on the opacity of the volume to be 
X-rayed. Either the X-ray system controller or the generator may 
take the task of stabilizing the brightness of the image, with-
out losing contrast. The sample generator depicted in Figure 3.2 
has this function included. The software development requires 
 substantial effort and expertize. Dose signals are delivered from 
the image receptor, a flat panel detector, a vacuum image intensi-
fier, or an X-ray transparent ion chamber. Optimal contrast with 
minimal patient dose is achieved by starting with a relatively low 
tube voltage and a pre-defined tube current. Later, the generator 
adjusts the technique factors according to a pre-defined  strategy. 
Motion blur in cardiac application is avoided, as the pulse length 
is kept under a critical level, for example 10  milliseconds. 

FIGURE 3.16 High-voltage cable plug with four leads for supply of emit-
ter heating current of a single thermionic electron emitter and for deflection 
electrodes to steer the direction of the electron beam.
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The tube voltage is only raised to avoid photon starvation in the 
case when tube current and pulse length have hit programmed 
maxima. Aspects of tube life, control speed, image impression, 
detector performance, and so on, have to be considered.

3.17 Monoblocks

When limited instantaneous power and energy per patient are 
sufficient for the intended application, the high-voltage trans-
former, rectifier, and smoothing means may be small enough 
to place it into a single housing in combination with the X-ray 
tube. High-voltage cables and separate casings then become 
obsolete. Figure 3.17 depicts the interior of a so-called mono-
block for an exemplary mobile C-arm system. These devices 
are available with a stationary as well as a rotating anode tube. 
For the exemplary unit, AC current with a moderate frequency 
of  several kilohertz is supplied from an external power inverter. 
The X-ray tube is located in the metallic shielding cylinder close 
to the cover-lid of the device, shown at the bottom of the picture. 
Cylindrical coils left and right of the center constitute the posi-
tive (left) and negative (right) high-voltage transformer. Rectifier 
diodes and smoothing capacitors are covered with black foam, 
which bridges the entire unit from left to right. The stator coil is 
visible to the left of the tube, and one of the two filament supply 
transformers, one for each filament, is at the bottom right.

Monoblocks can also be found in legacy low-tier CT systems, 
mammography systems, and mobile general purpose X-ray 
equipment. Peak power rating and the maximal continuous heat 

dissipation are limited due to restricted space and surface area 
for cooling. The limited continuous heat dissipation in systems 
for surgery application may be further reduced by the blankets 
used to cover the unit and by hygienic considerations which 
would not allow the use of fans.
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4
Carbon Nanotube-Based Field Emission X-ray Technology

Lei Zhang, Jianping Lu, Yueh Lee, Sha Chang, and Otto Zhou

4.1 Introduction

4.1.1 Fundamentals of Field Emission

Field emission is an alternative mechanism to classical thermionic 
emission for electron generation (Wood 1897). It describes the 
phenomenon of electron tunneling from the surface of a  material, 
typically metal, into vacuum under an electric field. As illustrated 
in Figure 4.1, the combined effect of image force potential and the 
strong external electric field narrows the  effective potential barrier, 
so that electrons around the Fermi level would have a meaningful 
probability to escape from the surface to the vacuum level through 
the quantum tunneling effect. The stronger the external electric 
field, the narrower the energy barrier is. The emission current is 
mainly determined by the strength of the electric field and the 
type of material, and is quantified by the Fowler–Nordheim equa-
tion (Fowler and Nordheim 1928; Nordheim 1928a,b) as follows:

 
I aV exp

b
V

= −





2
3 2Φ /

β
 

where a and b are constants, I is the emission current, V is the 
applied voltage, Φ is the work function of the material and β is the 
field emission enhancement factor. The work function typically 
ranges from 2 to 5 eV for metals and depends strongly on the 
surface crystallographic structures (Hainfeld 1977). Detectable 
field emission starts at an extremely high local electric field, 
about 107–108 V/cm. In order to achieve such a high local field, 

a geometrically sharp tip or protrusion is commonly used to 
produce a largely intensified local electrical field (Fursey 2005). 
This geometrical effect is characterized by the field enhancement 
factor β, which is the ratio between the local and applied electric 
fields. The larger the β is, the higher the field strength enhanced 
at the emitting surface and, therefore, the lower the required 
applied voltage is for emission (Cheng and Zhou 2003).

Field emission cathodes have numerous advantages compared to 
thermionic cathodes. They operate at room temperature. The emis-
sion current responds instantaneously to the applied electric field 
and can be readily modulated and gated. The steady-state current 
density can reach as high as 105–106 A/cm2 locally at an emitter tip 
(Cheng and Zhou 2003; Fursey 2005; Ren et al. 2013). Commonly 
used field emitters include sharp metal tips (mainly tungsten and 
molybdenum), silicon, diamond, and, more recently, one-dimen-
sional nanotubes and nanowires (Fursey 2005). Electron field 
emission cathodes have been investigated as electron sources in 
various vacuum electronic devices such as electron microscopes, 
electron lithography, holography, amplifiers, field emission displays 
(FEDs) and X-ray generators, and so on (Gomer 1961; Hainfeld 
1977; Wang et al. 1998; Fursey 2005; Saitō 2010). For X-ray gener-
ation, early studies used sharp metal tips (Charbonnier et al. 1974; 
Hallenbeck 1974). By applying a pulsed high voltage between the 
cathode and the target, electrons were extracted and accelerated 
from the metal tips towards the target to produce X-ray radiation. 
These experimental tubes have a short lifetime of ∼200–300 expo-
sures and a slow repetition rate (Saitō 2010). X-ray generation using 
Spindt tips and diamond emitters has also been reported (Tang and 
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Deslattes 1998; Shefer et  al. 2000; Baptist 2001). The emission 
 currents achieved, however, were only of the order of microam-
peres (Rangsten et al. 2000; Ribbing et al. 2002).

4.1.2 Field Emission from Carbon Nanotubes

Carbon nanotubes (CNTs) are among the sharpest structures 
found in nature. The unique structure and physical proper-
ties, including high thermal and chemical stability and high 
electrical conductivity, make them ideal electron field emitters 
(Dresselhaus et al. 2001; Saito and Uemura 2000; Baughman 
et al. 2002; Zhou et al. 2002; de Jonge and Bonard 2004; Teo 
2007; Saitō 2010; Hamanaka et al. 2012). Due to the small radius 
of curvature at the tips as well as the high aspect ratio (∼103), the 
emission threshold field of CNTs is low, typically in the order of 
1–2 V/um. CNT emitters also demonstrate stable electron emis-
sion, even at high current levels. A single CNT or a CNT bundle 
can deliver a 1–10 microampere emission current (Wei et  al. 
2001; Wang et al. 2002; Zhang et al. 2004).

Some vacuum electronic devices including FED and X-ray 
tubes require electron sources with output currents in the milli-
amperes to amperes range, rather than microamperes. In these 
cases, macroscopic CNT cathodes consisting of an ensemble of 
CNTs, rather than an individual CNT, are needed. Several CNT 
cathode fabrication techniques have been developed, including 
direct chemical vapor deposition (CVD), screen printing and 
electrophoretic deposition (Oh et al. 2004; Oh and Zhou 2008; 
Calderon-Colon et al. 2009; Zhou et al. 2011). The field emis-
sion performance of a macroscopic CNT cathode depends on 
not only the microscopic structures of the individual CNTs, 
but also the higher level architecture of the  CNT assembly. 
The key materials parameters, including the type of CNTs 
(i.e., the tube diameter and the number of walls), defects and 
purity, spatial distribution and orientation of the CNTs, and the 
interaction of the CNTs with the supporting substrate, and so 
on, need to be considered (Cheng and Zhou 2003; Hamanaka 

et al. 2012). The effects of these materials’ parameters on the 
 emission  properties have been investigated and optimized to 
some extent.

Chemical vapor deposition (CVD) and screen printing pro-
cesses have been described extensively in the literature and 
are not repeated here. In the electrophoretic deposition (EPD) 
method, pre-synthesized CNTs are used as the starting material 
and are dispersed in alcohol, together with chargers (Oh et  al. 
2004; Qian et al. 2006; Oh and Zhou 2008; Calderon-Colon et al. 
2009; Zhou et al. 2011). Glass frits are added to the EPD ink as 
binders. Glass with printed Ag contact lines or metal plates is 
used as the substrate. The deposition procedure is illustrated in 
Figure 4.2 (Calderon-Colon et al. 2009). Under a DC electrical 
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FIGURE 4.1 A schematic illustration of the potential energy of electron 
U(x) (in eV) as a function of the distance x from the metal surface in an 
external static electric field. The effective energy barrier is sufficiently nar-
rowed that the electrons could tunnel through. Horizontal dotted line illus-
trates the energy barrier width for electrons at Fermi level to tunnel through.

Silver line

Glass

Glass substrate

Photoresist

Lithography

Electrophoretic
deposition

(a)

100 µm

(b)

100 µm

(c)

100 µm

Lifto�, vacuum
annealing and
activation

SU-8

SU-8

CNTs

CNTs

FIGURE 4.2 Illustration of the CNT cathode fabrication process using 
electrophoretic deposition method. Optical microscope image on the right 
indicates an elliptical cathode after: (a) photolithography, (b) CNT deposi-
tion and (c) liftoff with NMP and vacuum annealing. (The source of the 
material Calderon-Colon, X. et al. 2009. A carbon nanotube field emission 
cathode with high current density and long-term stability. Nanotechnology 
20:325707. doi: 10.1088/0957-4484/20/32/325707. Copyright Institute of 
Physics and Engineering in Medicine is acknowledged.)
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field, the electrically charged CNTs and the binders are driven to 
and deposited onto the substrate surface to form a composite film. 
After deposition, the cathode is sintered and activated before use. 
This EPD process, together with lithography, enables fabrica-
tion of CNT cathodes with variable geometries and dimensions, 
including multi-pixel cathode arrays. Figure 4.3 shows the scan-
ning electron microscope (SEM) images of a CNT cathode top 
surface before and after vacuum annealing and after the emitter 
activation process.

CNT cathodes fabricated using the EPD method have shown 
stability at both high current and high current density. Plots in 
Figure 4.4 illustrate the emission behavior of CNT cathodes of 
different dimensions, as well as data demonstrating a stable and 
high emission current (Calderon-Colon et al. 2009).

The CNT field emission technology has been investigated inten-
sively in research institutions and industry, especially for FED and 
X-ray generation (Murakami et  al. 2000; de Jonge and Bonard 
2004; Saitō 2010). In this chapter, we focus on the CNT X-ray 
technology and its potential applications in imaging and radio-
therapy. Most of the works described here were carried out by sev-
eral generations of students and trainees at the University of North 
Carolina at Chapel Hill (UNC-CH) and our industrial partners, 
especially XinRay Systems Inc. (Research Triangle Park, NC).

4.2   Carbon Nanotube Field Emission 
X-ray Technology

4.2.1 CNT-Based Field Emission X-ray Tubes

4.2.1.1 Tube Design

In general, the configuration of a CNT-based field emission 
X-ray source resembles that of a conventional thermionic X-ray 
tube. As illustrated in Figure 4.5, the main components inside 
the X-ray tube include a CNT field emission cathode, a gate elec-
trode, focusing lenses and a metal anode. Instead of heating the 
cathode filament, an electric field is applied between the cath-
ode and the gate electrode to extract the electrons from the CNT 
emitters. Under the high anode voltage, electrons are accelerated 
to bombard the anode surface for X-ray production. In some of 
the CNT X-ray sources, Einzel-type electrostatic focusing lenses 
are used to define the shape and size of the electron beam and 
the resultant focal spot on the anode. All components are sealed 
inside a stainless steel vacuum chamber with a window made of 
low attenuating materials. In the early laboratory testing devices, 

a small ion pump is connected to the vacuum chamber to pro-
vide continuous pumping during operation and to monitor the 
inside pressure. The more recent devices have eliminated the ion 
pumps.

4.2.1.2 Spatially Distributed Multi-Beam X-ray Arrays

The concept of spatially distributed X-ray sources has been pro-
posed and demonstrated in the past, with the purpose of improv-
ing the performance of tomography imaging systems where 
information from multiple viewing angles is required. This 
opens up the possibility of constructing stationary computed 
tomography (CT) and stationary digital tomosynthesis scanners, 
where all projection images can be collected without mechani-
cally moving the X-ray source, thereby increasing the spatial and 
temporal resolutions. To produce a scanning X-ray beam, sev-
eral approaches have been investigated, including steering the 
electron beam with an electromagnetic field (Lipton et al. 1984; 
Schmidt et al. 2006; Speidel et al. 2006), using multiple therm-
ionic cathodes (Luggar et al. 1999; Kris et al. 2009) and assem-
bling multiple single-beam X-ray tubes (Robb 1982). Due to the 
difficulties in steering the high energy electron beam, the first 
approach results in a very large X-ray delivering device, as in 
the case of electron beam CT (EBCT), or a source with a limited 
viewing angle. The second one has high power consumption; and 
it is presumably challenging to maintain the vacuum condition 
with an array of cathodes operating at high temperatures. The 
first dynamic CT, the Dynamic Spatial Reconstructor (DSR), was 
constructed by assembling a large number of individual X-ray 
tubes along a circular gantry (Robb 1982; Robb et al. 1983). The 
scanner produced the first dynamic CT image of a beating heart, 
demonstrating the potential of multi-beam CT, but is commer-
cially unpractical due to its size, weight, and cost.

The “cold-cathode” technology enables fabrication of arrays 
with the individual sources arranged in various geometries and 
configurations, based on the need of the imaging system design. 
The electron field emission mechanism allows the  individual 
X-ray beams to be controlled and programmed  electronically 
(as illustrated in Figure 4.6) with a near-instantaneous response 
(Yue  et  al. 2002). The ability to place multiple sources in 
pre- configured patterns opens up the opportunity to design 
 tomographic imaging systems with imaging geometries that 
 cannot be easily addressed with the rotating gantry approach 
using a single-beam X-ray tube. The electronic programmability 
enables prospectively gated tomosynthesis and CT imaging.

1 µm 2 µm
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FIGURE 4.3 SEM images of the top surface of the CNT cathode fabricated using the electrophoretic deposition method described in this chapter. Left: 
after deposition and before annealing; middle: after annealing; right: after annealing and activation. As shown, after the emitter activation process, the ran-
domly oriented CNTs become perpendicularly aligned to the substrate surface. (The source of the material Calderon-Colon, X. et al. 2009. A carbon nano-
tube field emission cathode with high current density and long-term stability. Nanotechnology 20:325707. doi: 10.1088/0957-4484/20/32/325707. Copyright 
Institute of Physics and Engineering in Medicine is acknowledged.)
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4.2.2 Current Status and Challenges

In the early stage of the CNT X-ray source development there 
were concerns and skepticism about whether the CNT cathodes 
can deliver the current required for imaging and whether they are 
stable under high anode voltages and a non-ideal vacuum envi-
ronment, where arcing is often inevitable and potentially detri-
mental. Depending on the specific modality, the current required 
for medical imaging varies from a few milliamperes to as high 
as an ampere, with the X-ray energy as high as 120–160 kVp. 
After considerable effort in research and development, the per-
formance of the CNT cathodes has been improved significantly. 
Today the operating tube currents of the CNT X-ray sources are 
not limited by the nanotubes, but rather by the heat load of the 

metal anodes, as in the case of the conventional thermionic X-ray 
tubes. For the  systems under evaluation for clinical imaging, the 
lifetimes of the CNT X-ray sources have not been a limiting fac-
tor (more details will be  discussed in the later sections in this 
chapter).

Several multi-beam X-ray source arrays have been manufac-
tured by XinRay Systems, with the individual sources arranged in 
an arc, a linear line, or as four sides of a square, as demonstrated 
in Figure 4.7. In these spatially distributed arrays the number of 
X-ray generating sources (also referred as focal spots or beams in 
this chapter) range from a few to as high as 250, while the maxi-
mum X-ray energy varies from 50 kV for mammography (Qian 
et al. 2012) to 160 kV for security inspection (Gonzales et al. 2014).
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FIGURE 4.4 (a) The field emission current (left) and current density (right) versus applied electrical field from cathodes of different sizes, measured in the 
parallel plate geometry. (b) Long-term stability test of a 2 × 15 mm2 CNT cathode with a pulsed emission current of 1 A (10 ms pulse width) at 0.1% duty 
cycle, measured in the diode mode with a fixed extraction voltage. (The source of the material Calderon-Colon, X. et al. 2009. A carbon nanotube field emis-
sion cathode with high current density and long-term stability. Nanotechnology 20:325707. doi: 10.1088/0957-4484/20/32/325707. Copyright Institute of 
Physics and Engineering in Medicine is acknowledged.) (Otto Zhou and Xiomara Calderon-Colon, Yahachi Saito (ed.): Carbon Nanotube and Related Field 
Emitters: Fundamentals and Applications. 2010. Copyright Wiley-VCH Verlag GmbH & Co. KGaA. Reproduced with permission.)
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Using a large number of field emission cathodes in an array 
poses new challenges that are not present in the single-beam X-ray 
tubes. One is the source-to-source consistency, including the volt-
age needed to extract the field emitted electrons, the size of the 
focal spot and the long-term performance/decay of the source. 
Large variations of these parameters degrade the performances 
of the system, including the image quality. Minimizing the cath-
ode-to-cathode variation requires continuous improvement of the 
CNT cathode fabrication technology and better understanding of 

the correlation between the structure of CNT and CNT cathode 
and the macroscopic field emission properties. The second chal-
lenge is the need for dedicated electronics to switch, scan and reg-
ulate the electron emission and, therefore, X-ray  generation. The 
operating cathode-gate voltage of a typical CNT X-ray source 
fabricated by XinRay Systems is in the range of a few hundred 
volts to 1–2 kV. Switching the potential on and off in a very short 
time and regulating the intensity of the X-ray  radiation during the 
exposure is technically challenging. Because the emission current 
depends exponentially on the applied  electrical field, a small vari-
ation in the cathode performance can lead to a large difference in 
the emission current if a constant electrical field is applied across 
all cathodes. To mitigate this issue, the applied electrical field is 
varied from cathode to cathode to achieve a constant output cur-
rent and, thus, X-ray dose rate. Dedicated electronics have now 
been developed to perform these tasks, but they tend to be costly.

The CNT X-ray source technology is now being evaluated 
for clinical imaging and preclinical radiotherapy applications. 
Prototype systems for dynamic micro-computed tomogra-
phy (micro-CT) (Cao et al. 2009, 2010; Lee et al. 2011); breast 
tomosynthesis (Qian et al. 2009, 2012; Tucker et al. 2013), chest 
tomosynthesis (Shan et al. 2015b) and intraoral dental tomosyn-
thesis imaging (Shan et al. 2015a); and security CT inspection 
(Gonzales et al. 2013, 2014) have been demonstrated. Recently, 
the technology has also been investigated for preclinical micro-
beam radiation therapy (MRT) for the treatment brain tumors 
in small animal models (Hadsell et al. 2013; Zhang et al. 2014a, 
2014b; Yuan et al. 2015). Some of the systems are currently under 
clinical evaluation through patient imaging studies (Lee and 
Kuzmiak 2013; Lee 2015; Broome 2016). A lightweight mobile 
digital radiography system using the CNT X-ray source was 
recently introduced at the 2016 Radiological Society of North 
America (RSNA) tradeshow in Chicago.

In the following sections, we introduce some of the sys-
tems under development/evaluation at the University of North 
Carolina at Chapel Hill. The specific designs and the properties 
of the CNT X-ray sources in these systems are discussed.
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FIGURE 4.5 The configuration of an X-ray tube with the CNT field emis-
sion cathode. G represents the gate mesh where the electrostatic potential is 
applied for electron extraction. F1 and F2 are focusing electrodes for cus-
tomizing the shape of the electron beam as well as the resultant focal spot 
on the anode. High voltages are applied between the cathode and anode for 
electron acceleration and X-ray generation. All parts are sealed inside an 
evacuated housing with a thin layer of window material as X-ray exit. The 
electronic control circuit is not shown here.
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FIGURE 4.6 A schematic illustration of a multi-beam X-ray source with five individually controlled CNT emitting pixels. (Reprinted with permission 
from Zhang, J. et al. Stationary scanning X-ray source based on carbon nanotube field emitters. Applied Physics Letters 86:184104. Copyright 2005b, 
American Institute of Physics.)
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4.3  Carbon Nanotube X-ray Technology 
in Imaging

4.3.1  Dynamic Micro-Computed Tomography 
(Micro-CT)

Micro-CT is now widely used for imaging of small animal models for 
biomedical research and drug development (see Section III, Chapter 
36 of this book). In vivo imaging of small animals is challenging 
due to their fine anatomical structures and image blurs caused by 
the rapid and large respiratory and cardiac motions. Physiologically 
gated imaging can reduce motion blur artifacts without compro-
mising the physiological parameters of interest. There are typi-
cally two methods to perform physiologically gated CT imaging, 
namely retrospective gating and prospective gating (Lee et al. 2011). 
Retrospective gated imaging requires taking multiple complete sets 
of projection images while acquiring the physiological (respira-
tory or cardiac) traces. Projections are sorted into bins based on the 
phases of physiological cycle during which they are captured, and 

reconstructed afterwards. This method is relatively time efficient, 
but results in a higher level of radiation dose. The other approach, 
prospective gated imaging, is to “freeze” the organ motion by expos-
ing the object of interest to X-rays only at a certain phase of the 
respiratory and/or  electrocardiogram (ECG) cycles. The CNT field 
emission technology with swift switching and precise pulse control 
is ideally suited for performing prospectively gated imaging.

A high resolution dynamic micro-CT scanner with the capa-
bility of prospective respiratory and cardiac gating has been 
developed using a micro-focused CNT X-ray source (Zhang 
et al. 2005a; Cao et al. 2009, 2010; Lee et al. 2011), as shown in 
Figure 4.8. The entire setup is self-contained inside a shielded 
enclosure. A cesium iodine-based flat panel detector (Hamamatsu, 
Japan) is mounted opposite to the CNT-based microfocus X-ray 
tube on a rotation gantry (Huber 430, Germany).

The design of the microfocus tube follows Figure 4.5 and has 
been described in detail in our previous publications (Liu et al. 
2006; Cao et  al. 2009). Briefly, the X-ray source consists of a 
CNT cathode, a gate electrode, an electrostatic focusing unit and 
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FIGURE 4.8 Left: a photo of the CNT field emission based microfocus X-ray tube used in the micro-CT scanner. Middle: a photo showing the main 
 components of the CNT micro-CT scanner including a rotating gantry, a CNT-based microfocus X-ray tube, a high resolution flat panel  detector, a high volt-
age power unit and a sample stage. The gantry and sample stage are mounted on an optical table. Right: a photo of the external appearance of the CNT 
micro-CT scanner Charybdis enclosed inside a painted shielding housing. (Adapted from the work of Cao, G. et al. 2010. Medical Physics 37:5306–12. doi: 
10.1118/1.3491806. doi: 10.1118/1.3491806. Copyright John Wiley & Sons, Inc. Reproduced with permission.)

FIGURE 4.7 Examples of CNT-based X-ray tubes with multiple sources and in curved (left), straight linear (middle) or square (right) geometries. 
(Authors of the chapter: Otto Zhou and Xiomara Calderon-Colon, Editor: Yahachi Saito: Carbon Nanotube and Related Field Emitters: Fundamentals and 
Applications. 2010. Copyright Wiley-VCH Verlag GmbH & Co. KGaA. Reproduced with permission.)
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a molybdenum anode with roughly a 12° tilting angle. The entire 
X-ray source is sealed inside a vacuum chamber with a 200 µm 
beryllium foil as an X-ray exit window. The tube has an isotopic 
effective focal spot size of 100 µm and can be operated reliably 
at a 50 kVp and 2 mA anode current. The flat panel detector has 
a pixel size of 50 × 50 µm. The scanner is equipped with physio-
logical monitoring sensors and user control interface for monitor-
ing the respiratory and cardiac signals which are used to gate the 
X-ray exposures and image acquisition, as shown in Figure 4.9. 
A commercial software Cobra (Exxim Computing Corp., CA) is 
used for CT image reconstruction. High-resolution CT images 

of beating mouse heart have been obtained at 15 ms temporal 
resolution and 6.21 p/mm spatial resolution at 10% system modu-
lation transfer function (MTF) (Cao et  al. 2010). Prospectively 
gated pulmonary imaging with high resolution has also been 
demonstrated (Lee et  al. 2011). Example mouse images recon-
structed from gated micro-CT scans are shown in Figure 4.10.

4.3.2 Stationary Digital Tomosynthesis Systems

Digital X-ray tomosynthesis is an imaging technique that creates 
a slice-by-slice reconstruction of the imaged object using a small 
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FIGURE 4.9 Left: illustration of timing diagram for dynamic gating method that the micro-CT scanner used to trigger the X-ray exposure and image 
acquisition; right: illustration of generating physiological trigger (from ECG signals or respiration signals) for image acquisition. (Reprinted from the work 
by Cao, G. et al. 2010. Medical Physics 37:5306–12. doi: 10.1118/1.3491806. Copyright John Wiley & Sons, Inc. Reproduced with permission.)
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FIGURE 4.10 Axial and coronal slice images of a mouse. Images were reconstructed from two consecutive scans of a single mouse using the same imag-
ing protocol at 62 × 62 × 62 µm3 isotropic voxel size. Images shown are from peak inspirations (a) and (c), and end expirations (b) and (d) in the axial and 
coronal views, respectively. The window and level for these images were chosen to highlight the differences between the two respiratory phases. (The source 
of the material Cao, G. et al. 2009. A dynamic micro-CT scanner based on a carbon nanotube field emission X-ray source. Physics in Medicine and Biology 
54:2323–40. doi: 10.1088/0031-9155/54/8/005. Copyright Institute of Physics and Engineering in Medicine is acknowledged.)
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number of projection images generated over a limited angular 
range. Tomosynthesis provides depth information of overlapping 
anatomical structures obscured in conventional 2D radiography, 
at a reduced radiation dose compared to a full CT scan. The tech-
nology is now used clinically for detection of breast cancer (see 
Section II, Chapter 20 of this book) and lung diseases, and so 
on (Markey 2012). Clinical studies have shown that tomosyn-
thesis significantly increases the breast cancer detection rate and 
reduces the recall rate, compared to full-field digital mammog-
raphy (FFDM) (see Section II, Chapters 19 and 20 of this book).

In the present commercial tomosynthesis systems, a single-
beam X-ray source is mechanically moved around the object over 
a limited angular span to collect the projection images needed for 
reconstruction in either a step-and-shoot or continuous-motion 
mode (Kopans 2007). Image blurring caused by X-ray focal spot 
and patient motion during imaging is a major limitation of digital 
tomosynthesis, compromising its ability to detect small objects 
such as microcalcifications in breast imaging.

The concept of stationary tomosynthesis is to replace the sin-
gle X-ray tube with a CNT X-ray source array to capture all the 
projection images needed for reconstruction by electronically 
activating the individual beams without any mechanical motion 
of the source, the detector or the patient. This would completely 
eliminate any image blur caused by X-ray focal spot motion 
and significantly reduce the tomosynthesis imaging time, which 
minimizes the effect of patient motion. In addition, the flexibil-
ity in the source array geometry allows tomosynthesis imaging 
geometries beyond the arc and straight line geometries used in 
the present mechanical gantry systems.

Prototype stationary tomosynthesis systems using the CNT X-ray 
source array technology have been demonstrated for breast imaging 
(Qian et al. 2009, 2012; Tucker et al. 2013; Gidcumb et al. 2014), 
chest imaging (Shan et al. 2015b) and, more recently, dental imag-
ing (Shan et al. 2015a). These devices are currently under clinical 
evaluation at the UNC hospital systems (Lee and Kuzmiak 2013; 
Lee 2015; Broome 2016). Here we provide a brief introduction of 
the prototype stationary breast tomosynthesis system.

4.3.2.1 Stationary Digital Breast Tomosynthesis

Digital breast tomosynthesis (DBT) is a relatively new imag-
ing modality for breast cancer detection. Clinical studies have 

shown that DBT by itself has a better sensitivity for mass, but 
less sensitivity for micro-calcification (MC), due to its lower spa-
tial resolution compared to FFDM. The present DBT systems are 
approved for use in the combo mode, either in combination of 
additional FFDM image or a synthetic 2D image generated using 
the same set of projection images for tomosynthesis reconstruc-
tion. The combo DBT has been shown to improve the breast can-
cer detection and reduce the recall rate compared to 2D digital 
mammography (Kopans 2007).

The motivation of our research is to improve the spatial reso-
lution of DBT to the level comparable or better than FFDM and 
to reduce tomosynthesis imaging time. The hypothesis is that the 
increased spatial resolution will improve the detection sensitivity of 
tomosynthesis for microcalcifications, to eliminate the need for the 
“combo mode” and reduce the imaging dose for patients. In collab-
orating with Hologic and XinRay, we have successfully constructed 
a stationary digital breast tomosynthesis (s-DBT) system by retro-
fitting a linear CNT X-ray source array into a commercial rotating 
gantry DBT device (Selenia Dimensions, Hologic Corp., MA), as 
shown in Figure 4.11 (see Section II, Chapter 23 of this book).

The linear CNT X-ray source array used in this system con-
tains 31 focal spots, spanning a distance of 370 mm from end to 
end, with an equal angular interval of 1° (Qian et al. 2012). The 
array is sealed inside an evacuated stainless steel housing, with 
a 1 mm thick aluminum window serving as the vacuum barrier 
and energy filter. The X-ray beams can be programmed individu-
ally in any time sequence to allow various imaging configura-
tions. The X-ray anode is tilted 16° and the entire X-ray tube is 
rotated 6°. The X-ray beams are collimated using both internal 
(inside the tube housing) and external collimators to ensure that 
the X-ray beam from each focal spot covers the whole flat panel 
detector.

In the present design, the modified Einzel-type electrostatic 
lens was utilized (Qian et  al. 2006). The experimentally mea-
sured isotropic focal spot size is 0.6 mm at the full-width-half-
maximum (FWHM). The variation between the focal spots 
is relatively small, as shown in Figure 4.12 (top). The emission 
current from each individual beam can be readily switched and 
regulated by the dedicated control electronics, which also com-
pensate for the difference in the transmission rate from the gate 
electrode (Figure 4.12  bottom). The tube power is dictated by the 
anode heat load. Stable operation at a 28 kVp anode voltage and 

X-ray tube on rotating gantry CNT X-ray source array

Compression paddle

Detector

Control console

FIGURE 4.11 Left: the original Hologic Selenia Dimensions DBT system with a rotating gantry; middle: schematic of the prototype s-DBT system with 
a linear CNT source array retro-fitted into the Hologic Selenia Dimensions scanner. Individual beams are illustrated; right: a photo of the s-DBT prototype 
installed at North Carolina Cancer Hospital (Chapel Hill, NC) for clinical trial.
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38 mA tube current was  demonstrated at the designed focal spot 
size, with extended lifetime. At a 27 mA tube current and 250 ms 
pulse width the CNT cathode showed no degradation during the 
entire measurement at 5% duty cycle (ratio of beam-on time over 
total length of test). This is equivalent to 400 minutes of total 
X-ray beam-on time or ∼100 000 tomosynthesis scans.

For the standard imaging protocol of 15 views over 14°, 
100 mAs dose and 2 × 2 detector binning, the projection resolu-
tion along the scanning direction increased from 4.0 cycles/mm at 
10% MTF in DBT to 5.1 cycles/mm in s-DBT at a magnification 

factor of 1.08 (as shown in Figure 4.13). The improvement is more 
pronounced for faster scanning speeds, wider angular coverage 
and smaller detector pixel sizes. The scanning speed depends on 
the detector, the number of views and the imaging dose. With a 
240 ms detector readout time, the s-DBT system scanning time is 
6.3 seconds for a 15-view, 100 mAs scan, regardless of the angu-
lar coverage, which can be further reduced using a faster detector.

The prototype s-DBT device (Figure 4.11 right) has been 
installed at North Carolina Cancer Hospital for patient imaging 
studies, setting an important milestone for the CNT X-ray source 
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array technology. In a comparison study using lumpectomy spec-
imens the s-DBT is shown to produce sharper images of micro-
calcifications compared to the continuous-motion DBT system, 
as illustrated in Figure 4.14 (Tucker et al. 2014). Currently the 
s-DBT is being evaluated against regular full-field digital mam-
mography in a clinical trial started in 2013 (Lee and Kuzmiak 
2013). Over 50 patients have been imaged so far.

4.4  Carbon Nanotube X-ray in 
Preclinical Radiotherapy

4.4.1  Cellular Irradiator and Multi-Pixel 
Micro-Radiotherapy System

Early examples of using carbon nanotube field emission cathodes 
for radiobiology and oncology studies include an electron beam 
irradiator for cellular irradiation (Chang et al. 2006; Bordelon et al. 
2008) and a multi-pixel micro-radiotherapy (micro-RT) prototype 

for small animal irradiation (Zhang et al. 2005b; Wang et al. 2007, 
2011; Schreiber and Chang 2009). The prototype single cell electron 
beam irradiator has a spatial resolution of ∼25 µm (electron beam 
FWHM) with variable dose rates of 1–100 Gy/s, using a single CNT 
field emission cathode of about 1 mm in diameter. A multi-pixel 
small animal micro-irradiator was constructed using a 2D array of 
CNT cathodes, a transmission-type anode and a beam collimator. 
Various irradiation field shapes and sizes can be formed by selec-
tively activating cathodes at different coordinates in the array.

4.4.2  Image-Guided Microbeam 
Radiation Therapy System

Microbeam radiation therapy (MRT) is an experimental pre-
clinical radiotherapy modality which uses parallel arrays of 
ultra-high dose radiation beams that are confined in microscopic 
beam width (Figure 4.15). It has demonstrated a high therapeutic 
ratio in preclinical studies using animals inoculated with human 

FIGURE 4.14 Comparison of the reconstructed images from s-DBT and DBT in human specimen study. (Photos adapted with permission from Tucker 
et al. 2014. Increased microcalcification visibility in lumpectomy specimens using a stationary digital breast tomosynthesis system. Proceedings of SPIE, 
Vol. 9033, 903316, Medical Imaging 2014. Copyright 2014 Society of Photo Optical Instrumentation Engineers.)
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FIGURE 4.15 Illustration of microbeam irradiation on a mouse brain (left) and human brain (right).
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FIGURE 4.16 Top left: a photo of the main components inside the vacuum chamber of the CNT-based microbeam irradiator. The electron trajectories from the 
cathode assembly, the location of the segmented focal line on the anode and the X-ray photon trajectories from the anode are also indicated. Bottom left: diagram 
(as seen from cathode assembly) showing how the multiple line segments produce microbeam paths that irradiate a sample from different angles. (Reprinted with 
permission from Hadsell, M. et al. A first generation compact microbeam radiation therapy system based on carbon nanotube X-ray technology. Applied Physics 
Letters 103:183505. doi: 10.1063/1.4826587. Copyright 2013, American Institute of Physics.) Right: the first prototype CNT-based MRT system with a CNT-based 
micro-CT scanner integrated to provide image-guidance for radiation delivery. The microbeam irradiator inside the shielding is shown as an insert. (The source 
of the material Zhang, L. et al. 2014a. Image-guided microbeam irradiation to brain tumour bearing mice using a carbon nanotube X-ray source array. Physics in 
Medicine and Biology 59:1283. doi: 10.1088/0031-9155/59/5/1283. Copyright Institute of Physics and Engineering in Medicine is acknowledged.)
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brain tumors (Slatkin et al. 1992, 1995; Laissue et al. 1998, 1999; 
Dilmanian et al. 2002, 2003). Previously, however, such extreme 
dosimetric  characteristics can be generated only using synchro-
tron light sources, which is the bottleneck for further preclinical 

and  clinical investigation. Using the distributed carbon nano-
tube source array  technology, a compact MRT system has been 
recently demonstrated (Zhou and Chang 2010; Hadsell et  al. 
2013, 2014; Chtcheprov et al. 2014; Zhang et al. 2014a, 2014b; 
Yuan et al. 2015), as shown in Figure 4.16. A micro-CT  scanner 
is integrated with the irradiator to provide on-board image- 
guidance for accurate radiation dose delivery.

The microbeam irradiator consists of a linear source 
array with five CNT cathodes, generating a long and narrow 
(0.142 mm × 160 mm) focal line on the anode. The system 
operates at a 160 kV anode voltage with a 30 mA tube current 
with high stability (as illustrated in Figure 4.17) and produces 
a 300 µm wide microbeam with an average in-beam dose rate 
of 1.2 Gy/minute at the entrance plane for animal irradiation. 
A three-beam dose profile recorded by Gafchromic EBT2 film 
(Ashland Advanced Materials, U.S.) is shown in Figure 4.18.

Therapeutic assessment of brain tumor bearing mice was 
conducted with the CNT-MRT prototype. Preliminary results 
demonstrated encouraging treatment effects in terms of tumor 
local control and mean survival time extension. Thus, MRT 
radiobiological evaluations were carried out, for the first time, 
using a non-synchrotron-based compact radiation source (Yuan 
et al. 2015). A histological slice with γ-H2AX staining showing 
the DNA double strand breaks induced by microbeam radiation 
is illustrated in Figure 4.19 (Zhang et al. 2014a). Optimization 
and validation in the system design is still ongoing to improve 
the system performance and, further, investigate the feasibility 
of developing a compact human MRT system for the effective 
control of brain malignancies in the clinic.
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5
Technology of Miniature X-ray Tubes

Fumio Okuyama

5.1 Introduction

The so-called field emission miniature X-ray tubes (FE-MXTs) 
are cutting-edge applications of nanotechnology, with massive 
potential in medicine and biology, as well as in microelectronics 
(Filip et al. 2013).

The medical importance of MXTs was first documented by 
Rangsten et al. (2000); the insertion of an X-ray source of minia-
ture dimensions into blood vessels or other body cavities would 
enable direct irradiation of a malignant tissue from the closest 
distance. This direct, or “targeted,” irradiation would do little 
damage to non-cancerous tissues surrounding the lesion.

Another important aspect of MXTs is related to the resolu-
tion in X-ray imaging. Usually, X-rays are generated by striking 
the metal target with accelerated electrons. As is well known, 
the  X-ray image resolution is critically dependent on the size 
of the electron-impact spot on the target, or the focal point; the 
smaller the focal point, the better the resolution is. Since the 
focal point size is reduced by narrowing the gap between target 
and electron source, miniaturizing X-ray tubes should dramati-
cally reduce the focal point size. MXTs would, thus, promise fine 
image resolution never attained to date with bulky X-ray tubes. 
Thanks to recent efforts of some research groups, MXTs as med-
ically/biologically promising tools are now around the corner.

5.2 Field-Electron Emission

Until now, no strict definition has been given to the dimensions of 
the “miniature X-ray tube.” Literally, the term “miniature” sim-
ply means “on a small scale” (Webster’s New World Dictionary, 

1966). Technologically, this general definition is too ambiguous. 
According to Rangsten et al. (2000), MXTs must be comparable 
with optical endoscopes in cross-sectional diameter; they should 
be 10 mm across or less.

Almost all the X-ray tubes being used in medical and techno-
logical practices are of “Coolidge-type,” which is solely based 
on the principle of bombarding a metal target with thermally 
emitted (TE) electrons accelerated to 50 keV or higher (Coolidge 
1913) (see Section I, Chapter 2 of this book).

Downsizing TE X-ray tubes to the miniature level is generally 
difficult to attain. The reason is that the tube wall is too close to 
the cathode, usually a “hot (∼2000°C) tungsten (W) filament,” to 
be thermally shielded. The best way to overcome this difficulty is 
to bombard the target with FE electrons.

Field-electron emission, abbreviated as “field emission” (FE), 
is a quantum mechanical process of electron tunneling; free elec-
trons at the Fermi level in a non-insulating solid tunnel through the 
potential barrier sloped at the negatively biased surface (Figure 
5.1). Since the probability of electron tunneling is insensitive to 
temperature, FE has also been called “cold emission.” Electron 
tunneling takes place at an electric-field strength of 107∼108 V/cm 
(Gomer 1961). To attain such an intense electric field, the electron 
source, or the FE emitter, has to be sharpened into a “tip” with a 
nanometric radius of curvature, as typically seen in Figure 5.2.

The FE process has been interpreted in terms of Fowler–
Nordheim (F–N) theory (Fowler and Nordheim 1928) (see 
Section I, Chapter 4 of this book). Very roughly, the F–N equa-
tion is expressed as

 J Aexp B E/= −[ ]/Ø1 2

 (5.1)
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where J, E, and Ø are electron current density (A/cm2), electric-
field strength (V/cm), and the work function of tip surface (eV), 
respectively. The letters A and B are constants. Since the current 
density and the field strength are proportional to total electron 
current (I) and applied potential (V), respectively, J and E in 
Equation 5.1 are usually replaced by I and V.

As seen in the above equation, the current density and, hence, 
the total current, is very sensitive to the work function change. The 
work function Ø is strongly dependent on the chemical state of the 
emitter surface and, therefore, its original value is not maintained 
in a non-ultrahigh vacuum (non-UHV) ambience, where a vast 
number of residual gas molecules repeat to adsorb on and desorb 
from the emitter surface to cause the work function to fluctuate. 
Strictly speaking, therefore, the FE process is defined in a UHV.

The electron current derived from a single tip is of an order of 
10−1 µA, which is too low to generate an X-ray image. A multiple 
FE emitter consisting of innumerable emitter tips, therefore, has 
to be used in FE X-ray imaging.

Conventional X-ray tubes are operated in the 10−3∼10−4 Pa 
region. As noted above, residual gas molecules present in such 
a non-UHV ambience interact with the tip surface to destabilize 
the electron emission. This gas-emitter interaction is striking for 
metallic emitters, usually of W, possibly because the common 
metals like W are chemically reactive (Sugie et al. 2001).

The FE X-ray generation was first described by Dyke and 
Dolan (1956). By operating their X-ray device in pulse-mode, 
they succeeded in recording “one-pulse” images of an oscillating 

lead pendulum. Unfortunately, their pioneering work saw no fur-
ther progress, due perhaps to the limited lifetime of their “comb-
type” W emitter in a non-UHV. This regrettable result indicates 
that the use of a non-metallic emitter is indispensable to building 
durable FE X-ray sources.

Carbon is a typical non-metallic material, which is conductive 
electrically. Since carbon is inert chemically, FE electron sources 
made up of carbon or a carbon-related material are less reactive 
with residual gas molecules and, hence, robust in a non-UHV 
operation. Indeed, the carbon nanotube (CNT) (Oberlin et al. 1976; 
Iijima 1991), a popular nanocarbon material, has been found to be 
the most promising among the field-emitter  materials ever tested. 
In 2000, Okuyama et al. hit on the idea of using CNTs to gener-
ate X-rays (Okuyama et al. 2000, unpublished), and this encour-
aged them to build an FE X-ray tube with a CNT emitter built-in 
(Sugie et al. 2001). With this device, X-ray radiography images of 
biological and non-biological samples could be recorded success-
fully. This was the first step to FE X-ray technology.

Transition metals, typically Co and Ni, have been known 
to catalytically induce CNT growth (Oberlin et  al. 1976; Josi-
Yacaman et al. 1993). Employed in the study cited above were 
multiple emitters composed of CNTs grown on a Co-deposited 
W wire (Tanemura et al. 2001). The CNTs were firmly adhered 
to and well aligned on the substrate. The alignment requirement 
arises from the fact that the electron beams from aligned  electron 
sources tend to yield highly resolved images (Filip et al. 2013).

Tanemura et  al. (2001) based their emitter preparation on 
“plasma-enhanced chemical vapor deposition” (PE-CVD). 
In  PE-CVD, the respective CNTs lengthen along the electric-
field lines in a DC glow discharge, thereby aligning themselves.

The above Co-induced emitters were always capped with 
a rounded Co crystal (Figure 5.3) and much more stable than 
metallic emitters in non-UHVs. However, the electron current 
that they emitted underwent a gradual decline with time, while 
fluctuating at an amplitude of ±10%. This unsteady  electron 
emission limited the emitters’ lifetime to around 80 min. While 
hunting for emitter materials with a longer lifetime, the author 

a
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FIGURE 5.1 Field-electron emission from a metallic surface (schematic). 
Electrons at the Fermi level tunnel through the potential barrier sloped at the 
negatively biased surface: a: vacuum potential level; b: slope of electric-field 
line; ∅︀: work function.

(a) (b)

FIGURE 5.2 A Mo wire with an electro-polished tip, (a) and its tip area, 
(b) observed by SEM. The arrow in (b) indicates dust.

FIGURE 5.3 Co crystallite capping a Co-induced CNT (TEM image). 
The arrow indicates the graphite layer covering the crystallite’s surface.
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(Okuyama et al. 2000, unpublished) came across an intriguing 
fact that, like Co and Ni,  palladium (Pd) catalyzes the growth 
of CNT-like fibers on Pd wires (Figure 5.4) (Senda et al. 2004). 
Figure 5.5a shows the transmission electron microscope (TEM) 
image of a Pd-induced CNT-like fiber, displaying a metallic 
crystallite located atop the fiber. By electron diffraction, this 
crystallite was determined to be a single crystal of Pd (Figure 
5.5b). Unlike CNTs, the fiber involves no inner cavity. In addi-
tion, no parallel lattice fringes are discernible at the fiber’s side 
edge; the fiber was composed of un-oriented graphite grains. 
This polycrystalline structure deviates from the definition of the 
carbon nanotubes. From now on, these fibers are referred to as 
the Pd-induced “carbon nanofibers” (CNFs) (Sakai et al. 2007).

The Pd crystallite atop CNFs are strongly facetted at their 
upper surface (see Figure 5.5a). Adjacent facetted crystal planes 
form a surface edge at their intersecting area. Field-electron 
emission from such a surface edge is enhanced markedly, due 
to the so-called “field-enhancement” (Gomer 1961). Indeed, the 
emitters comprising Pd-induced CNFs, or the “Pd-emitters,” 
emitted electrons far more abundant than the CNT-emitters 
under the same operating conditions.

More notably, the Pd-induced CNFs were enormously robust 
in non-UHV; they continued to field-emit electrons for 10 hours 
or longer, with no appreciable decline in intensity. At present, 
the author has no explanation as to why Pd-induced CNFs are 

less reactive with residual gases, but its practical importance is 
profound; it led to the successful construction of the prototype 
MXTs. The following sections deal with our 10 mm diameter 
and 5 mm diameter FE-MXTs in detail.

5.3  Constructing Field Emission 
Miniature X-ray Tubes

5.3.1 10 mm Diameter X-ray Tube

As mentioned in Section 5.2, the “miniature X-ray tubes” have 
to be less than 10 mm across. In 2004, we, or the author’s team, 
announced the construction of the prototype of 10 mm FE-MXT 
(Haga et al. 2004). A critical issue in this work was to solve how 
to prepare a Pd-emitter mountable in a narrow space within the 
MXT. Our option was to grow CNFs on the conically shaped 
tip of a 1 mm diameter Pd wire, by means of PE-CVD. As 
typically seen in scanning electron microscope (SEM) images, 
shown in Figure 5.6, the emitters so produced consisted of CNFs 
well aligned on the Pd-wire’s conical top end. (The wire shaping 
relied on mechanical polishing.)

Figure 5.7a shows the cross-sectional diagram of our 10 mm 
X-ray tube. The tube itself was machined from a Kovar rod, inside 
which the target and the emitter faced each other at a spacing of 
∼2 mm. A tungsten rod 2 mm across was half-embedded in a Cu 
rod to serve as the target (cf. the circular inset). The CNFs’ sub-
strate, or the Pd wire, was encased in a stainless steel tube, with 
its conical tip slightly protruding from the tube’s rounded end (see 
the  rectangular inset). The target was biased at a high positive 
potential, with the emitter grounded. The  target surface was hemi-
spherically machined to electrostatically attract electrons dis-
charged from the emitter. Also, the grounded tube wall deflected 
obliquely emitted electrons toward the target. Weak electron 
focusing was, thus, automatically achieved in this 10 mm tube.

The target potential was variable between 0 and 30 kV. 
The total electron current was 50 µA at the highest target poten-
tial, corresponding to a maximum power of 1.5 W. Figure 5.7b 
diagrammatically shows the X-ray generating circuit in the 
10 mm device. To prevent a current surge due to arcing, an resis-
tance-coil (RL) coupling was arranged between the target and 

FIGURE 5.4 CNFs formed on a Pd wire 30 µm across (SEM image).

(a)

50 nm

(b)

FIGURE 5.5 (a) TEM image of a Pd crystallite located atop a Pd-induced 
CNF. (b) Electron diffraction pattern from the crystallite, matching the (110) 
reflection from the face-centered cubic lattice of Pd. The arrows in (a) and (b) 
indicate, respectively, a [111] direction and a (111) spot. In contrast to the Co 
crystallite in Figure 3, no graphite layer is discernible covering this crystallite.

FIGURE 5.6 CNFs grown on the conical top end of a Pd wire (SEM 
image). The horizontal bar corresponds to ∼5 µm.
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the power supply. The tube was pumped down to ∼2 × 10−6 Pa 
with a compact  sputter-ion pump (ULVAC PST-030CU). At this 
pressure level, field-electron currents fluctuate invariably, inde-
pendently of emitter material. This stems from physical and/or 
chemical interactions of the electron-emitting site with residual 
gas molecules (Sugie et al. 2001). In the present case, the fluc-
tuation was ±7%–8%. Regardless of this current fluctuation, the 
overall current– voltage relationship showed little change. Hastily 
increasing the target potential was bound to induce arcing 
between the target and the emitter, so the target potential had to 
be increased as slowly as possible. After arcing, the electron cur-
rent was swiftly stabilized within the above fluctuation range, so 
long as the target potential was kept unchanged. To demonstrate 
the external configuration of the 10 mm tube, its photo image is 
given in Figure 5.7c. It is seen that the X-ray generating chamber 
was polyhedral in cross-section. Precise mechanical machining 
is indispensable to achieving this chamber structure.

Intriguingly, an arcing event never deteriorated the emitter’s 
quality. It is likely that only a limited number of CNFs were dam-
aged upon arcing, with the surviving CNFs compensating for the 
relevant current loss. This is the great advantage of multiple emit-
ters. (A single FE tip is totally damaged by single arcing.)

Figure 5.8 shows the energy spectrum of X-rays at an elec-
tron energy of 15 keV. The spectrum was exclusively comprised 
of WLα (tungsten-Lα) and WLβ (tungsten-Lβ) signals, with no 
Cu signal involved; almost all the electrons discharged from 
the emitter struck the target, despite its small size and the nar-
row emitter–target spacing. When  reducing the target potential 
to 10 kV or lower, the X-ray spectrum became continuous; the 
bremsstrahlung process was responsible for generating X-rays at 
lower electron energies.

X-ray radiography (XR) is a convenient way to non- destructively 
reveal the inner structure of solid samples. The 10 mm tube was 
applied to XR of a large-scale-integrated (LSI) circuit, a typical 
non-biological sample. Figure 5.9a shows the result at 15 kV. The 
image, projected on a photo-plate, is spectacularly clear, look-
ing like a photo image of a fine artistic pattern. Note that the 
individual lead wires have been fully resolved. In addition, the 
image was distortion-less; the geometry of the imaged area and 
its contrast are perfectly symmetrical with respect to the image’s 
center. In a partially enlarged image in Figure 5.9b, the respec-
tive lead wires are seen to be firmly adhered to the upper surface 
of their substrate electrode.

The lead wires were ∼20 µm across, ensuring that the 
 resolving power of the 10 mm tube was much better than 20 µm. 
This high image resolution was attained with no external focus-
ing of electron beams! Currently, the author cannot understand 
why the 10 mm tube was so good in image resolution.

In the biological example in Figure 5.10, the muscular tissues 
in a mouse leg has been imaged in some detail. The thin circu-
lar structures at the arrow-indicated area were possibly “pads” 
(Haga et al. 2004). Raw soft tissues, like the pads of quadrupeds, 
would be undetectable by TE imaging.

5.3.2 5 mm Diameter MXT

The electron-impact target in the 10 mm tube was of reflection 
type. In a reflection MXT, a planar window is located on the 
tube’s side wall. This inevitably increases the effective tube 
diameter. For an MXT to serve as a medical tool like an X-ray 
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FIGURE 5.7 (a) Cross-sectional diagram of the 10 mm X-ray tube. The 
emitter-target geometry and the emitter assembly are enlarged in the cir-
cle and the rectangle. (b) X-ray producing circuit. (c) External view of the 
10 mm tube (photo image). The arrow denotes the window. (The drawings 
in (a) and (b) were reprinted with permission from figures 2a and 2b in 
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endoscope, its overall diameter should be much smaller than 
10 mm. Reflection MXTs do not fulfill this demand. Our next 
project was, thus, to construct a transmission-type FE-MXT 
around 5 mm in cross-sectional diameter. This section discusses 
the design and the performance of such a “super-miniature X-ray 
tube” (SMXT) that we assembled (Senda, Sakai et  al. 2004). 
Most crucial in designing an SMXT was to devise an emitter 
assembly mountable in a very limited inner space.

As published elsewhere, the Pd-emitters pre-annealed in 
UHV have a very long lifetime in non-UHV environments; they 
continue to field-emit electrons for some hundreds of hours at 
∼10−6 Pa, with little current loss (Kita et al. 2004). This stable 
electron emission was maintained at pressures raised to the 
10−5 Pa region. We decided to use this improved Pd-emitter for 
SMXT. To install an emitter of this kind in a very small space 
within the SMXT, CNFs have to be grown on the sharpened tip 
of a thin metal wire. Pd wires themselves are difficult to electro-
polish, due to the chemical inertness of Pd, so CNFs were grown 
on a Pd overcoat sputter-deposited onto an electro-polished 
molybdenum (Mo) tip (Senda, Sakai et  al. 2004). In our tube 
design, the Mo wire had to be loaded inside a stainless steel pipe 
around 0.5 mm in inner diameter (cf. Figure 5.13b). To this end, 
a Mo wire 0.5 mm across was chosen as the substrate of CNFs. 
Since the emitter was a core element in the SMXT (Okuyama 
2010), its preparation process is described in detail below.

The PE-CVD chamber for preparing CNFs on-tip emitters was 
a simple vacuum diode, inside which a Mo wire ∼2 mm long 

with an electro-polished upper end was faced to a grounded disc 
electrode of Pd at a distance of around 10 mm. For its resistive 
heating, the Mo wire was spot-welded on a Ta wire (Figure 5.11a). 
The  chamber’s base pressure was kept in the 10−3 Pa region. 
Figure 5.11b,d shows schematically the procedure of growing 
CNFs on a Mo tip. In brief, biasing the substrate at positive 4 kV, 
while flowing argon (Ar) gases through the chamber, triggered 
a glow discharge, which produced Ar+ ions. These Ar+ ions 
bombarded the Pd plate to sputter-eject Pd atoms (Figure 5.11b). 
The ejected Pd atoms deposited on the Mo tip to form a Pd layer 
thereon (Figure 5.11c). The Pd-overlayer was around 100 nm 
thick for 10 min sputtering. Ar gases were then pumped out, fol-
lowed by growing CNFs on the substrate via a PE-CVD process 
(Figure 5.11d).

After the above serial processes, the Mo wire was carefully 
detached from the Ta wire and loaded in the SMXT. Figure 
5.12a,b shows a sample thus prepared, revealing CNFs densely 
covering the Mo tip.

Figure 5.13a shows a cross-sectional view of the present 
SMXT. Its main components were the emitter assembly and 
the grounded planar target located just before the electron 
source. The key element in the emitter assembly was a Kovar 
tube, 2 mm in diameter and 5 mm in length, on the front end 
of which had been welded a stainless steel tube around 5 mm 
in inner diameter (Figure 5.13b). Inside the stainless steel tube, 
the electron  emitter,  or a Mo wire having CNFs on its sharp-
ened tip, was accommodated. The open end of the stainless 
steel tube was machined so as to coarsely converge the electron 
beams  discharged from the CNFs. The entire emitter assembly 
was encased in a glass tube to be attached to the vacuum flange.

The target was a Cu film, ∼3 µm thick, laser-deposited onto 
the inner surface of aluminum (Al) foil, 0.1 mm thick. The best 
window material is Be, but at the time we had no technique 
to prepare a Be film of this thickness. The Al window was, 

(a)
1 cm

(b)

FIGURE 5.9 (a) XR image of an LSI recorded with the 10 mm tube. The 
image was projected on a photo-plate. (b) Trimming of a photographically 
enlarged image, revealing lead wires at their welded areas. Electron energy: 
15 keV; exposure time: 3 min.

0.8 mm

FIGURE 5.10 Mouse leg imaged by operating the 10 mm tube at 15 keV. 
Exposure time: 30 s. The arrow is explained within the text.
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therefore, our second best choice. The cathode potential was 
variable between 10 and 15 kV, and the electron current was 
around 50 µA at 15 kV, equivalent to 0.75 W. Operating the emit-
ter above this maximum power heavily damaged the target. The 
main pumping of the glass tube was done with the compact sput-
ter-ion pump used for the 10 mm tube. The tube’s inner pressure 

could be reduced to ∼2 × 10−5 Pa via a mild bake-out using a 
ribbon heater. At this pressure, the electron current fluctuated at 
an amplitude of ±5% at a fixed emitter potential.

As already noted, the resolution in X-ray imaging is a function 
of focal point size. In general, the focal point size is estimated 
by computer-simulating the electron beam trajectories, but this 

(a)

52 μm

(b) (c)

FIGURE 5.12 CNF growth on a Pd-deposited Mo tip. (a) As-polished substrate, (b) CNFs grown on the Mo tip through the procedure in Figure 5.11 and a 
high-magnification image at the tip area in (b). All were imaged by SEM.
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FIGURE 5.11 (a) Emitter assembly for growing CNFs on a Mo tip. Serial procedure of growing CNFs on a Mo tip (schematic). (b) Depositing Pd atoms 
onto the tip surface, (c) formation of Pd overlayer and (d) growing CNFs. Arrow-indicated in (a) is the Pd wire.
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technique was not feasible for our SMXT, due to the very com-
plicated structure of the emitter assembly. The focal point size 
was, therefore, roughly estimated in a simple experimental man-
ner. Specifically, after operating the SMXT for around 2 hours, 
the target was removed from the chamber, and the electron- 
bombarded area was inspected visually. A blackened spot around 
100 µm across was recognized, and very likely this spot was the 
focal point. If so, the focal point’s diameter would have been in 
the micrometer zone.

At the emitter potentials employed (10–15 kV), the X-ray 
 spectrum always consisted of intense CuKα and CuKβ signals 
superimposed on a continuous signal (Figure 5.14). In terms of 
energy, these characteristic signals are in the soft X-ray region; 
our SMXT would also have a possible use in soft X-ray science 
and technology.

The SMXT noted above was tested with some biological sam-
ples. Shown in Figure 5.15b,c, for example, are the XR images 
of thighbone–knee joints of mice (see Figure  5.15a). The for-
mer image was for a healthy joint, whereas the latter was for 
an inflamed one. The bone structure was somewhat disordered 
for the inflamed joint. TE-XR would be unable  to detect such 
a microscopic disorder in the bone network. Indicated by the 
arrow and the arrowhead in Figure 5.15b are  a bone filament 
around 0.05 mm across and a ligament, respectively. These, too, 
would not be resolved by TE imaging.

For our first FE X-ray tube reported in 2001, the exposure time 
had to be prolonged to 60 min or longer to image a biological 
sample. In contrast, imaging Figure 5.15b,c needed only several 
minutes. If an image intensifier was available, the  exposure time 
would have been milliseconds.

The SMXT was fixed to the supporting bench. Its inside 
 pressure could be monitored with a B-A gauge linked to the 

 vacuum flange. This type of X-ray tube has been called the “open-
type” tube. A great advantage of open-type MXTs is that they 
can be kept at ideal UHV (≦10−8 Pa) by continual ion- pumping. 
In ideal UHV, field-electron emission is perfectly stable, because 
of a negligible residual gas effect. This means, in turn, that open-
type FE X-ray tubes would have a limitless  lifetime. A long life-
time is crucially important in digital FE X-ray imaging (Qian et 
al. 2012), which would be a next- generation X-ray technology 
(see later).

In their medical practices, X-ray tubes are generally rotated, 
tilted and slid, for detecting and treating tumor tissues. To this 
end, the X-ray tube has to be vacuum-shielded to be linked 
to a gantry. Based on the experiences in fabricating the open-
type MXTs, we sealed-off a 5 mm tube. Figure 5.16a,b shows, 
respectively, the prototype of our “closed” SMXT (photo image) 
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FIGURE 5.14 Energy spectrum of X-rays generated by the SMXT. 
Electron energy: 10 keV. (Reprinted with permission from figure 2 in Senda, 
S., Sakai, Y. et al. Super miniature X-ray tube. Applied Physics Letters 
85:5679. AIP Publishing LLC. Copyright 2004, American Institute of 
Physics.)
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FIGURE 5.13 (a) Cross-sectional diagram of the SMXT and (b) the emit-
ter assembly. The arrow in (a) denotes the emitter assembly. The spacing 
between the emitter and the target was ∼2 mm. (Reprinted with permis-
sion from figure 2 in Senda, S., Sakai, Y. et al. Super miniature X-ray tube. 
Applied Physics Letters 85:5679. AIP Publishing LLC. Copyright 2004, 
American Institute of Physics.)

(a) (b)

5 mm

(c)

FIGURE 5.15 (a) Schematic representation of the thighbone knee joint of a 
mouse. (b) and (c) X-ray images of healthy and inflamed joints, respectively, 
recorded with our SMXT. The arrow and the arrowhead in (b) are defined 
within the text. The rectangle-delimited area in (a) roughly corresponds to 
the imaged areas in (b) and (c). The horizontal bar in (b) corresponds to 
∼5 mm. The rectangle in (a) denotes the imaged area. (Reproduced from 
Figure 8 in Filip et al. 2013 with permission from IOP Science.)
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and its cross-sectional diagram. This tube was equipped with a 
Be window of 0.1 mm thick. The window’s inner surface was 
coated with a Cu film, around 3 µm thick, which functioned 
as the target. This closed tube competed with the open-type in 
image resolution, imaging mice’s knee joints as clearly as it did 
the open tube. Regrettably, there was no means to measure the 
pressure inside the closed tube. Presumably, the pressure was in 
the 10−6 Pa region.

5.4 Related Topics

5.4.1 X-ray Catheter

The “X-ray catheter” (XC) is a general term given to X-ray tubes 
mountable in a catheter. The medical significance of XCs was 
first noticed by cardiovascular surgeons; the direct X-ray irradia-
tion retards the spontaneous contraction of a balloon inserted in 
a stenosed artery. Today, this principle is less important because 
balloons have been replaced by metal coils, or “stents.” Instead, 
a notion is spreading that XCs would have a promising use in 
intravascular or intracorporal treatment of tumors.

Some private companies like Xoft (San José, USA) are now 
marketing tiny X-ray tubes installed in a catheter. Their prime 
aim is the electronic brachytherapy of breast cancer (Dickler 
et al. 2007). The electron source installed in marketed XCs is 
the so-called “dispenser cathode.” In dispenser cathodes, an 
electro-positive element such as barium (Ba) is deposited onto a 
W filament, in order to lower the work function, and hence the 
operating temperature, of the emitter. (The operating tempera-
ture of dispenser cathodes is around 1000°C lower than that of 
true TE cathodes.) A disadvantage of dispenser cathodes is that 
deposited electro-positive atoms chemically react with residual 
gas molecules to de-activate the emitter. The dispenser cathode 

is, therefore, very limited in lifetime. The service lifetime guar-
anteed for marketed XCs is around 2.5 hours (Heo et al. 2012).

5.4.2 Triode-Type Miniature Tubes

Medical X-ray tubes currently in use are mostly of diode type. In 
diode tubes, the electron current is solely controlled by the poten-
tial difference between cathode and anode. In FE X-ray tubes, 
the electron current is exponentially dependent on the inter-
electrode potential, so a slight increase in the potential leads to 
a great increase in the electron current output, and vice-versa. 
Manually controlling the inter-electrode potential is, therefore, 
a delicate task for diode tubes. A promising means to control 
electron current is to place a “gate” electrode right in front of 
the cathode. Such an X-ray tube has been called a “triode tube.” 
Figure 5.17 shows the electrode arrangement in our reflection 
type triode tube published in 2004 (Senda et al. 2004a). The total 
electron current from the emitter was controlled by manipulat-
ing the gate electrode dial, without changing the electron energy. 
In this system, the target was positively biased at 30–80 kV, 
with the emitter grounded, and the gate potential was variable 
between positive 0 and 2.5 kV.

Triode miniature tubes are promising tools for investigating 
the radiation effect on biological tissues as a function of dose 
rate, but, unfortunately, installing a gate electrode was not pos-
sible for our SMXTs, because it required too sophisticated a 
technique.

In 2009, Heo et  al. proposed a triode SMXT for electronic 
brachytherapy of breast cancer. Although this work is profound 
in medical significance, it was reported in a one-page paper in 
a conference proceeding, affording no structural information 
on their device. Recently, the construction of a triode FE X-ray 
tube 6 mm across was announced by Jeong et al. (2013). Their 
miniature tube is of closed type with a CNT emitter built-in. 
Its pulse-mode operation is stable over 250 hours, at electron 
energies higher than 25 keV. Occasionally, however, the tube’s 
performance becomes unstable, due to the charging-up of the 
ceramic spacer insulating the emitter and the gate. Many techni-
cal difficulties will have to be cleared before triode FE-MXTs 
emerge in the medical field.

5.4.3 Application to Space Science

According to their 2004 paper, Sarrazin et  al., of the NASA 
Ames Research Center, were planning to develop an in-situ X-ray 
 diffraction (XRD)/X-ray fluorescence (XRF) device to probe 
physical and chemical states of planetary surfaces. The X-ray 
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FIGURE 5.16 Sealed-off SMXT (photo image) (a) and its cross-sectional 
diagram (b). (Reproduced from Figure 9 in Filip et al. 2013 with permission 
from IOP Science.)
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FIGURE 5.17 Schematic drawing of the X-ray producing circuit in our 
triode tube. (Adapted from Senda, S. et al. 2004. Review of Scientific 
Instruments 75:1366–8.)
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source in their analytical device was to be a miniature X-ray tube 
loading a CNT emitter. Currently, we have no  information on 
their recent result.

The Japan Aerospace Exploration Agency (JAXA) has a 
project on a lunar lander/rover mission (Ogawa et  al. 2007). 
An XRD/XRF instrument to be installed in the lander is remote-
controlled, and beams back geological data on lunar soils to 
the Earth. A key element in this XRD/XRF instrument is an 
FE-MXT with a built-in CNT emitter.

5.5  Future Prospect—Forward 
Reflection Miniature X-ray Tube

As already pointed out, reducing the tube dimension facilitates 
the reduction in focal point size. This would make miniature 
tubes intrinsically superior to bulk tubes in image resolution. For 
the SMXT in Figure 5.14, the focal point was ∼100 µm in diam-
eter, small enough to yield a high-resolution image. However, 
prolonging the emitter operation heated up the focal point area 
on the target, and the concern was that the focal point area would 
be pin-holed ultimately. Furthermore, the focal point deviated 
from the target’s center in this SMXT. This fact implies that our 
type of SMXTs are less suited for targeted radiation experiments 
because the X-ray radiating site is unable to be exactly located.

Focusing the electron beam is the prerequisite to achieve 
a high image resolution. In transmission MXTs, the target is 
grounded; electrons leaving the emitter linearly diverge toward 
the planar target. Electro-magnetic lenses have, therefore, to be 
placed outside the tube, but the lenses make the tube assembly 
bulky and heavy.

In 1997, the principle of “self-focusing” of electron beams 
was proposed by Nicolaescu et al. (1997). Underlying this prin-
ciple was that FE electrons emitted from a “concave” surface 
are “automatically” focused into a fine spot. Our concern was 
to design a reflection MXT having a front window, or the “for-
ward-reflection miniature X-ray tube” (FR-MXT) involving 

the self-focusing mechanism. In what follows, we discuss the 
FR-MXT structure designed with the aid of computer-simulation 
(Filip et al. 2013).

Figure 5.18a shows the basic concept of our FR-MXT system. 
This overall setup serves to build the computational software. In 
this electrode arrangement, the target, or the anode, is a metal-
lic rod with a hemi-spherical upper end, whereas the cathode 
is a spherical surface, on which electron-emitting projections, 
CNFs in our case, are patterned in an annular strip. The anode 
is positively charged, with the cathode grounded. The X-rays’ 
exit window is cut at the bottom of the “concave” cathode. The 
cathode gating is not included in the programming, because it 
needs a sophisticated technology. In truth, however, filtering 
the initial electron energies by gating has little significance in 
FR-MXT simulation. Specifically, when leaving the emitter’s 
proximity, electrons have an energy close to zero, independently 
of whether their energies are filtered or not. The electrons then 
fly in random directions and, after traveling a few nanometers 
away, they enter a region where local equipotential surfaces are 
smooth. From thereon, the electrons are accelerated along the 
electric-field lines and vertically hit the target with an energy 
determined by the anode potential. Thus, the non-uniformity in 
initial electron energies has little influence on the electrons’ tra-
jectories in the proximity of the cathode. In terms of kinetics, the 
electrons emerge from various points distributed on a smooth 
equipotential surface, or the “virtual cathode,” just in front of the 
respective electron-emitting tips.

A typical computed pattern is given in Figure 5.18b, in which 
the collar at the right-side ordinate denotes the potential distri-
bution in the device’s inner surface. The other numerical values 
at the left-side ordinate and the abscissa indicate distances in 
millimeters. As noted above, the computation was premised on 
the assumption that the electrons are vertically emitted from the 
 virtual cathode at zero kinetic energy. Figure 5.19 shows the elec-
tron trajectories simulated as a function of the cathode’s radius of 
curvature. It is seen that the electron-impact area is reduced with 
increasing the curvature. In Figure 20c, the electron beams are 
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focused into a single spot. This is precisely the “self-focusing” 
(S-F) mechanism.

Regrettably, the used version of COMSOL (COMSOL 
MULTIPHYSICS, Stockholm Sweden) software could not afford 
quantitative information; for example, the dependence of elec-
tron trajectories on the initial electron energy, the beam–beam 
interaction in the proximity of the target and, most importantly, 
the dimensions of the electron-impact spot on the target.

In the above tube design, the annular cathode surface has to 
be polished concavely in a pre-determined curvature. The com-
puter-aided polishing of a solid surface would make this possible. 
With the aid of our PE-CVD technique, CNFs are easily aligned 
on such a weakly curved metal surface.

If put to use in the future, forward-reflection FE X-ray tubes 
of compact size would be a key component in a digital tomo-
synthesis system (DTS) (Maltz et al. 2009; Qian et al. 2012). In 
this “state-of-the-art” technology, spatially distributed X-ray 
tubes are fixed to benches to collect projection images without 
rotating the X-ray tube assembly. Instantaneous power switching 
and pulse-mode operation are demanded for the respective X-ray 
tubes. Since the total electron current exponentially depends on 
the applied voltage (cf. Equation 5.1), any type of FE X-ray tube 
meets these demands. More important, the X-ray tubes com-
prising a DTS can be evacuated to ideal UHV (≦10−8 Pa) via 
 thorough bake-out.

In essence, FE is a physical process definable in UHV. In non-
UHV, residual gas molecules cause the emitter’s work function 

to fluctuate. In ideal UHV, where the residual gas effect is 
 negligible, the work function is maintained at the original value 
and, hence, the electron emission is kept stable. Thus, UHV 
X-ray tubes could have a limitless lifetime. (For FE-SEMs, the 
emitter’s lifetime is semi-permanent.)

An additional prospect is that coupling an FR-MXT with a 
zone plate could converge the X-rays passing through the win-
dow (Figure 5.20). This kind of X-ray device may open the door 
to the pin-point lead to the targeted irradiation of biological 
tissues.

5.6 Importance of Emitters

The topmost issue in field emission technology is always to 
control the quality of emitters. The “quality” means that the 
emitters prepared are uniform in FE property. This is valid 
for FE-MXTs as well; without this quality control, FE-MXTs 
would never be accepted in the medical and technological 
communities.

For the CNF on-tip emitters, their FE characteristic differs 
from emitter to emitter, even when they were prepared under the 
same external condition. The reason lies in the fact that the glow 
discharge itself is an uncontrollable phenomenon. Also, the Pd 
crystallites atop CNFs were widely scattered in dimension and 
geometry; only a handful of Pd crystallites were allowed to 
emit electrons. An inevitable consequence of limited electron- 
emitting sites is a lower X-ray dose rate.

Preferably, the electron emitters for FE X-ray tubes should 
be made up of periodically arrayed nanometric pins uniform in 
diameter and length. The most favorable emitters known to date 
are those proposed by the Cambridge (Minoux et al. 2005) and 
National Institute of Standard and Technology (NIST)/University 
Maryland (Kang et  al. 2013) groups. In the  former, CNT pins 
are vertically aligned on a planar substrate in perfect periodicity. 
This “Cambridge-type emitter” is now loaded in X-ray scanners 
manufactured by Camray Inc. (Shanghai, China.) In the latter, 
SiC nanopins are densely integrated on a micrometric  substrate. 
Both the techniques are grounded in fine surface processing. The 
FE emitters made up of such nanometric pixels seem to become 
the mainstream of X-ray generating emitters.

w

A

FIGURE 5.20 Focusing of X-ray beams by coupling an FR-MXT with a 
zone plate.

(a) (b) (c)

FIGURE 5.19 Electron-beam trajectories simulated for different curvatures of the cathode. The curvature increases in the order of (a), (b) and (c). The 
units of axes are the same as in Figure 5.18b for the respective figures. (Reproduced from Figure 14 in Filip et al. 2013 with permission from IOP Science.)
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5.7 Concluding Remarks

The FE-MXT technology is still in its infancy. For FE-MXTs to 
be truly practical, a range of technical issues have to be solved. 
An urgent one is to establish a less-expensive technique that 
provides us with emitters uniform in quality (see the preceding 
section).

In view of the comment of Rangsten et al. (2000) that a min-
iature X-ray source should be so small as to allow the insertion 
into vessels and other body cavities, the miniature X-ray tube 
may be defined as the X-ray version of the optical endoscope. 
What matches this definition are FR-MXTs equipped with the 
S-F function. Three-dimensional computer technology might aid 
in the designing of such a next-generation MXT.

Finally, the scientific basis of FE-MXTs is the “field-electron 
emission” (FE). Engineers should understand the nature of FE 
before stepping into FE X-ray technology.
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6
Technology of Pyroelectric X-ray Tubes

Susumu Imashuku

6.1 Introduction

Pyroelectric crystals, such as lithium niobate (LiNbO3) and lith-
ium tantalite (LiTaO3), exhibit an electric dipole moment because 
the center of positive charge of the pyroelectric crystal does not 
coincide with the center of negative charge. The electric dipole 
moment in the pyroelectric crystal changes by heating or cool-
ing the pyroelectric crystal. Thus, the surface of the pyroelec-
tric crystal becomes electrically charged when its temperature 
is changed. The electrical charging on the surface of the pyro-
electric crystal is immediately neutralized by suspended charges 
in air. In contrast, it takes a while, normally several minutes, for 
the electrical charge to be neutralized in a vacuum because the 
amount of suspended charges is quite small. Then, an electric 
field is produced between the surface of the pyroelectric crystal 
and other areas, such as components of the vacuum system. As a 
result, quite a small amount of the suspended charges (electrons 
and ions) is accelerated by the electric field of 106–108 V cm−1 
(Rosenman et al. 2000). The accelerated charges impact on the 
pyroelectric crystal and components of the vacuum system such 
as stainless steel, which produces secondary electrons. The sec-
ondary electrons are also accelerated by the electric field. In this 
manner, an electron beam is generated by changing the tempera-
ture of the pyroelectric crystal in a vacuum.

Utilizing this phenomenon, Brownridge first reported X-ray 
generation using pyroelectric crystals. He observed X-ray emis-
sion of an Au Lα line by changing the temperature of a pyro-
electric crystal of cesium nitrate (CsNO3) at 10−3 Pa residual gas 
pressure and using a gold foil as a target (Brownridge 1992). 
This marked the invention of the pyroelectric X-ray tube. After 
a report that X-rays were effectively emitted at a pressure of 
1 Pa using electrically charged insulating materials (Kawai et al. 
1998; Inada et  al. 2005), the pyroelectric X-ray tube emitted 
X-rays with total counts of 104 for a few minutes (Brownridge 

and Reboy 1999; Brownridge 2004). Geuther et  al. reported 
X-rays emission with an end-point energy (Duane–Hunt limit) of 
215 keV by placing paired LiTaO3 crystals (Geuther and Danon 
2005). Hiro et al. also observed characteristic X-rays of copper 
and zinc with high intensities by placing a brass plate on one of 
the paired LiTaO3 crystals (Hiro et al. 2010). Currently, Amptek 
Inc. (Bedford, MA, USA) have commercialized a portable pyro-
electric X-ray generator (http://amptek.com/). Pyroelectric crys-
tals have also been applied to instruments other than X-ray tubes, 
such as electron generators (Rosenman et al. 2000; Brownridge 
and Shafroth 2001; Brownridge et al. 2001; Bourim et al. 2004; 
Geuther and Danon 2005; Hockley and Huang 2012), ion gen-
erators (Geuther and Danon 2005; Hockley and Huang 2013), 
neutron generators (Naranjo et  al. 2005; Geuther et  al. 2006; 
Tornow et  al. 2008; Gillich et  al. 2009), X-ray fluorescence 
measurement setups (Kawai et al. 2005), X-ray absorption fine 
structure measurement setups (Mitsuya et al. 2006), X-ray imag-
ing apparatus (UK Patent, 2016), mass spectrometry (Neidholdt 
and Beauchamp 2007), and so on. In the next section, we will 
describe the application we realized utilizing a phenomenon of 
electron beam generation using a pyroelectric crystal: a change-
able target X-ray tube (Imashuku and Kawai 2012), an electron 
probe microanalyzer (Imashuku et al. 2011, 2013a), and a cath-
odoluminescence (CL) spectrometer (Imashuku et  al., 2013a). 
We will also explain phenomena related to electrical charging of 
materials in this chapter.

6.2 Pyroelectric X-ray Tube

In this section, we will describe a method to assemble a pyroelec-
tric X-ray tube and details on X-rays generated using the pyro-
electric X-ray tube. Figure 6.1a shows a photo and a schematic 
view of the pyroelectric X-ray tube we realized. A pyroelectric 
crystal of LiTaO3 was used for X-ray generation. The size of the 
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LiTaO3 single crystal was 3 × 3 mm2 in the x–y plane and 5 mm 
in the z-axis. We used an 8.3 × 8.3 mm2 Peltier device to change 
the temperature of the LiTaO3 crystal. The +z plane of the LiTaO3 
crystal was attached on the Peltier device using an electric con-
ductive adhesive (Figure 6.1b). In this case, we used a silver paste 
as the electric conductive adhesive. The whole face of the Peltier 
device where the LiTaO3 crystal was attached was painted with 
the silver paste to equalize electric potentials between the face 
of the Peltier device and the +z plane of the LiTaO3 crystal. The 
other face of the Peltier device was attached on a metal rod with 
the silver paste. The center of the metal rod had a hole to insert 
the wires of the Peltier device. The exit of the hole was sealed 
with a resin. A metal wire, such as copper wire, was connected 
between the face of the Peltier device where the LiTaO3 crystal 
was attached and the metal rod, and the metal rod was connected 
to the ground. Therefore, the electric potential of the +z plane of 
the LiTaO3 crystal was the same as the ground. Targets to gener-
ate X-rays were attached on a stage with gradients of 45° using a 
carbon tape. The stage was attached on a metal rod with the sil-
ver paste. Both the metal rods were connected to a T shape stain-
less steel vacuum flange using detachable vacuum joints. The 
vacuum flange had a hole with a diameter of 10 mm. Polyimide 
tape with a thickness of 60 μm was placed over the hole to seal 
and transmit generated X-rays. A vacuum pump was connected 
to the vacuum flange. The pressure inside the vacuum flange was 
kept at approximately 1 Pa using a rotary pump with a pump 
speed of 10 L min−1. The Peltier device was connected to 3 V 
(15,000 mAh) batteries. The LiTaO3 crystal was heated at 100°C 
for more than two minutes and then cooled by disconnecting the 
Peltier device from the batteries when we generated X-rays.

Figure 6.2 shows an energy dispersive X-ray (EDX) spectrum 
of X-rays generated from the pyroelectric X-ray tube. Titanium 
and silver plates were used as a target. A silicon PIN detector 
(X-123, Amptek Inc.) was set towards the hole of the pyroelec-
tric X-ray tube while obtaining the EDX spectrum, as shown 
in Figure 6.1c. The measurement duration was 90 seconds. The 
pyroelectric X-ray tube generated continuous X-rays, whose 
 end-point energy (Duane–Hunt limit) was approximately 40 keV. 
However, the intensities of X-rays with an energy of more than 
20 keV were weak because no Ag Kα line (22.16 keV) could be 
identified. Characteristic X-rays due to target materials (Ag Lα, 

Ti K lines) were clearly detected. In addition to these charac-
teristic X-rays, K lines of Cr, Fe, Ni, and Cu were detected. K 
lines of Cr, Fe, and Ni originated from the stainless steel vacuum 
flange. Cu K lines came from the brass stage for the target. These 
results indicate that electrons bombarded a broad area inside the 
vacuum flange, such as the stage for the target and the wall of the 
vacuum flange. Target materials in the pyroelectric X-rays tube 
can be easily changed by detaching the materials from the car-
bon tape on the stage. Thus, the pyroelectric X-ray tube works as 
a target changeable X-ray tube. Moreover, the pyroelectric X-ray 
tube will be portable by inserting a valve between the vacuum 
flange and vacuum pump and then detaching the vacuum pump 
from the valve once the pressure is sufficient to generate X-rays.

6.3  Pyroelectric Electron Probe Microanalyzer

If we place a sample whose composition is not determined on the 
stage in the pyroelectric X-ray tube instead of the target materi-
als, we can obtain information on the elements in the sample by 
measuring the characteristic X-rays generated from the sample. 
This analytical method is the same as electron probe microanal-
ysis (EPMA). However, if we set a sample in the pyroelectric 
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FIGURE 6.1 Photos of (a) the pyroelectric X-ray tube and (b) the electron source. (c) Schematic illustration of the pyroelectric X-ray tube. Polyimide tape 
(Kapton tape) with a thickness of 60 μm was used for the X-ray window.
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X-ray tube, we will detect characteristic X-rays of materials 
other than the sample, such as the stainless steel vacuum flange 
and the brass stage, as shown in Figure 6.2. This indicates that 
the electron beam in the pyroelectric X-ray tube also bombarded 
the wall of the vacuum flange and the brass stage. Thus, it is 
necessary to bombard electrons on a restricted focal spot of the 
sample to apply the pyroelectric X-ray tube to EPMA. In this 
section, we describe a method to focus the electric field in the 
pyroelectric EPMA.

We bombarded the electron beam in the pyroelectric EPMA 
on a restricted focal spot by placing an electroconductive nee-
dle on the pyroelectric crystal. Gold wire with a diameter of 
0.3 μm, cut with a nipper, was used for the needle. However, 
we still detected characteristic X-rays generated from the 
stainless steel vacuum flange and the brass stage because an 
electric field was produced between the surface of the needle 
holder and the area including the wall of the vacuum flange and 
brass stage. Then, we covered the needle holder with a material 
of low electric conductivity, high-vacuum grease, as shown in 
Figure 6.3, to prevent the production of the electric field. The 
distance between the tip of the needle and the sample was 2 mm.  
Other components of the pyroelectric EPMA are the same 
as the pyroelectric X-ray tube. In this case, we did not detect 
characteristic X-rays generated from the stainless steel vacuum 
flange and the brass stage, as shown in Figure 6.4. The inten-
sity of the characteristic X-rays from the sample titanium plate, 
increased by using the needle. These results indicated that an 
electric field was only produced between the tip of the needle 
and the sample and that the electron beam was bombarded on 
a restricted focal spot of the sample. We used a gold wire for 
the needle because it was not oxidized in air or in a vacuum. 
When we used tungsten wire for the needle, and at first, only 
characteristic X-rays from the sample were detected. However, 
the characteristic X-rays were not detected after several cycles. 
This is because an insulating oxide layer was formed on the 
surface of the tungsten wire and no electrical field was applied 
on the wire.

We next investigated the spot size of the electron beam by 
placing a fluorescent screen producing illumination on bom-
bardment of electrons on the brass stage. We captured a photo 
of the fluorescent screen using a small video camera which 
was introduced into the vacuum flange. We can understand 
from Figure 6.5 that the electron beam was bombarded on a 
restricted focal spot of the sample. The spot size was calculated 
to be approximately 300 μm from full-width at half-maximum 
(FWHM) of a distribution of the brightness of the illuminated 
area in Figure 6.5.

We demonstrated the application of the pyroelectric EPMA 
to elemental analysis of particles with a size of several hundred 
micrometers (Tornow et al. 2008; Gillich et al. 2009).

6.4  Pyroelectric Cathodoluminescence 
(CL) Spectrometer

We can generate an electron beam using a pyroelectric crystal, 
as described in the previous sections. In this section, we will 
describe a pyroelectric CL spectrometer which analyzes visible 
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light emitted from a sample as the result of electron bombard-
ment. A photo and schematic view of the pyroelectric CL spec-
trometer are shown in Figure 6.6. The setup of the pyroelectric 
CL spectrometer is almost the same as the pyroelectric X-ray 
tube. It differs in the fact that a glass view port is attached to the 
vacuum flange to capture an image inside the vacuum flange. The 
image is captured with a commercially available digital single-
lens reflex camera equipped with a close-up lens with a focusing 
distance of 100 mm.

The CL phenomenon occurs when electrons in the valence 
band are excited to the conduction band, impurity levels, or 
defect levels by electron bombardment, and the excited electrons 
return to the valence band. Therefore, a CL phenomenon occurs 
in insulating materials and semiconductors, while electric con-
ductors do not exhibit a CL phenomenon because they do not 
have an energy gap between the valence band and conduction 
band. Thus, CL analysis is limited in insulating materials and 

semiconductors (Yacobi and Holt 1990; Myhajlenko 1998; Gaft 
et al. 2005). Here, we describe elemental mapping of micro-par-
ticles of rare-earth fluoride using the pyroelectric CL spectrom-
eter. Figure 6.7a,b shows a photograph of HoF3, TbF3, and LuF3 
powders before bombardment with electrons and a CL image of 
the powders, respectively. The HoF3, TbF3, and LuF3 powders 
produced red, green, and yellow luminescence, respectively. 
The colors in the CL image are those of HoF3, TbF3, and LuF3 
because the peaks of the HoF3, TbF3, and LuF3 powders with 
high intensities in their CL spectra existed in red, green, and yel-
low, respectively, as shown in Figure 6.8. The strongest peaks of 
HoF3, TbF3, and LuF3 in the CL spectra were at 651 (red), 543 
(green), and 573 nm (yellow), respectively. The pyroelectric CL 
spectrometer can detect TbF3 particles of approximately 50 μm, 
as shown in the particle labeled as 3 in Figure 6.7b. Halides con-
taining rare-earth elements show significant strong CL. Thus, 
we also applied the pyroelectric CL spectrometer to detection 
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FIGURE 6.6 (a) Photos of the pyroelectric cathodoluminescence (CL) spectrometer and (b) schematic illustration of the pyroelectric CL spectrometer.
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FIGURE 6.7 (a) Photo of HoF3 (1), TbF3 (2 and 3), and LuF3 (4) powders before bombardment with electrons. (b) Cathodoluminescence (CL) image of HoF3 
(red), TbF3 (green), and LuF3 (yellow) powders with the pyroelectric CL spectrometer.
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of rare-earth elements in mineral ores (Imashuku et al. 2013a) 
and to distinguishing rare-earth magnets of neodymium–iron–
boron (NdFeB) magnets and samarium–cobalt (Sm-Co) magnets 
(Imashuku et al. 2016).

6.5  Mechanical Stress X-ray Emission 
(Imashuku et al. 2014a)

As described in the first section, the surface of a pyroelectric 
crystal is charged by changing its temperature. There is another 
method for the surface of a material to be electrically charged: 
applying mechanical stress on the surface of a piezoelectric 
crystal. Thus, if we apply mechanical stress on a piezoelectric 
crystal in a vacuum, X-ray emission might occur. We selected 

a single crystal of sucrose, normally called crystal sugar, as a 
piezoelectric crystal to generate X-rays. It is reported that com-
pression of sucrose in the atmosphere induces polarization of 
the electrical charge of sucrose and that optical light emission 
occurs due to excitation of nitrogen molecules (Eddingsaas 
2006). The phenomenon of light emission from sucrose has 
been reported for a long time, as Francis Bacon noted it in 1615 
(Bacon 1620).

Figure 6.9 shows a schematic illustration of an experimental 
setup for detecting X-rays by fracturing the crystal sugar. The 
crystal sugar was placed between two metal rods in a T shape 
vacuum flange. The crystal sugar was fractured by hitting the 
metal rod with a hammer. The center of the vacuum flange had 
a through-hole with a diameter of 10 mm. Polyimide tape was 
placed over the through-hole to seal inside the vacuum flange and 
transmit X-rays. X-rays were detected using a silicon drift X-ray 
detector (Voltex-EX, Radiant Detector Technologies, LLC) by 
placing the detector towards the through-hole. Pressure inside 
the vacuum flange was kept at 1 Pa.

Figure 6.10 shows the energy distribution of X-rays emitted 
by fracturing the crystal sugar. We detected X-ray emission by 
fracturing the crystal sugar. Most X-rays had energies less than 
12 keV and peaks were at around 5.0 keV. We also detected X-ray 
emission by fracturing a single crystal of quartz (Imashuku et al. 
2015), LiTaO3, Pb(Zn1/3Nb2/3)3-PbTiO3, and Li2B4O7. Among the 
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materials for which we confirmed X-ray emission by fracturing, 
crystal sugar had the highest intensity and energy.

6.6  Effect of Electrical Charging on the 
Scanning Electron Microscopy–Energy 
Dispersive X-ray (SEM–EDX) Spectrum

If the surface of a material is positively charged, electrons may 
collide with the surface. Therefore, a pyroelectric crystal causes 
X-ray generation in a vacuum by negatively charging its surface 
and bombarding electrons on materials (the target for the X-ray 
tube, the sample for EPMA). On the other hand, if the surface of 
a material is negatively charged, electrons may be decelerated 
or deflected from its surface. This phenomenon occurred when 
we performed scanning electron microscopy–EDX spectroscopy 
(SEM–EDX) analysis of insulating materials, except for very fine 
particles. In this section, we will describe the effect of electrical 
charging of insulating materials on SEM–EDX analysis and a 
method to prevent the electrical charging (Imashuku et al. 2013c; 
Sakatoku et al. 2012).

Figure 6.11 shows the EDX spectrum of a natural rubber glove 
(spectrum A). The end-point energy of the spectrum was much 
lower than the accelerating voltage of the electron gun in SEM 
(15 keV). Thus, the surface of the natural rubber glove was elec-
trically charged during the measurement. Conventionally, insu-
lating materials are coated with an electroconductive layer such 
as carbon or gold to prevent electrical charging during SEM 
observation. In this case, we dripped an ionic liquid diluted with 
ethanol (1 wt% 1-ethyl-3-methylimidazolium acetate [EMI-
CH3COO]) on the surface of the natural rubber glove to pre-
vent the electrical charging. We selected a diluted ionic liquid to 
prevent the electrical charging (Kuwabata et al. 2006) because 
we do not require special equipment for coating and the coated 
ionic liquid is removable by rinsing with acetone. It is confirmed 
by our previous study that we can obtain an EDX spectrum 
of insulating materials without electrical charging (Imashuku 
et al. 2012; Ze et al. 2011, 2012, 2013). The EDX spectrum of 
the natural rubber glove, the surface of which was coated with 1 

wt% EMI-CH3COO, is shown in Figure 6.11 (spectrum B). The 
surface of the natural rubber glove was not electrically charged 
because the end-point energy of the spectrum roughly coin-
cided with the accelerating voltage of the electron gun in SEM 
(15 keV). Thus, the characteristic X-rays detected in spectrum B 
(Si, S, Cl, Ca) originated from the natural rubber glove. By com-
paring spectrums A and B, we can understand that the intensity 
of the characteristic X-rays of Ca drastically decreased and that 
characteristic X-rays of Cu and Zr were additionally detected 
in spectrum A. These results indicate that electrons from the 
electron beam of the SEM are deflected from the natural rubber 
glove and that the deflected electrons then bombard the sample 
stage, as shown in Figure 6.12. Thus, characteristic X-rays of 
copper, contained in the sample stage (brass), were detected. 
Zirconium is used in the collimator of the X-ray detector we 
used in this study. Therefore, it is indicated that the zirconium 
of the collimator is excited by X-rays from the sample stage. In 
addition, electrons from the electron beam are decelerated on 
the natural rubber glove. Thus, as drawn with the broken lines 
in Figure 6.11, it is expected that spectrum A consists of a spec-
trum with an end-point energy of approximately 6 keV from the 
natural rubber glove and a spectrum with an end-point energy of 
approximately 11 keV from the sample stage. We then verified 
the expectation by obtaining an EDX spectrum of the natural 
rubber glove, the surface of which was coated with 1 wt% EMI-
CH3COO, at an accelerating voltage of 6 keV and an EDX spec-
trum of the copper plate at an accelerating voltage of 11 keV. 
The EDX spectra obtained are shown in Figure 6.11. The shape 
of the EDX spectra in Figure 6.12a and b were similar to those of 
the spectra with an end-point energy of approximately 6 keV and 
with an end-point energy of approximately 11 keV of the broken 
lines in Figure 6.11, respectively. Thus, this result is consistent 
with our assumptions that electrons from the electron beam were 
deflected from the natural rubber glove and that the deflected 
electrons then bombarded the sample stage. In contrast, when 
electrical charging of the natural rubber glove was prevented by 
coating its surface with diluted EMI-CH3COO, electrons from 

105

104

103

102

101

100

0 5
X-ray energy (keV)

In
te

ns
ity

 (c
ou

nt
s/

30
0 

s)

10 15

Zr Lα
S

CI

CaSi

(a)
(b)

Cu

FIGURE 6.11 Energy dispersive X-ray (EDX) spectrum of a natural rub-
ber glove (a) without and (b) with diluted EMI-CH3COO on its surface.

Electron

Sample

Sample
stage

–
– – –

–

FIGURE 6.12 Schematic illustrations of the electron beam when a sample 
is electrically charged.



137Technology of Pyroelectric X-ray Tubes

the electron beam were drained to the ground through the ionic 
liquid layer, the sample stage. Then, we were able to carry out 
SEM–EDX analysis of the natural rubber glove (Figure 6.13).
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7
History of X-ray Tubes

Rolf Behling

The history of medical X-rays has been treated before by numer-
ous authors and from a multitude of perspectives (Clark 1955, 
Assmus 1995, Stamer 1995, Hofman 2010a,b, Mould 2011, 
Gunderman 2012, Nascimento 2014, Behling 2016 and many 
others). An excellent source of original communications with 
W.C. Roentgen can be found in Zehnder (1935). The present text 
may further increase appreciation for the individuals involved 
and the technical advances which have led to the present level 
of technology, and demonstrate the impressive scientific ambi-
tion in the period of the discovery of X-rays more than 120 years 
ago. Behling (2016) provides a historic treatment of the topic and 
includes an in-depth description of the technology, part of which 
is treated also in Chapter 2 of the present volume with respect to 
vacuum electronics and in Chapter 3 for the supply electronics. 
The text of this chapter cites parts of Behling (2016) but also 
goes further.

The phenomenon of high voltage was known to the ancient 
Egyptians, for example, associated with the behavior of the 
 electric eel, as early as by 2750 b.c. The beginning of the mod-
ern history of artificial X-ray generation may be traced to the 
year 1644 when Torricelli carried out an experiment to create 
a vacuum. Torricelli filled a glass tube, sealed at one end, with 
mercury and inverted the tube over a dish; as some of the mer-
cury flowed in to the dish, it left a space at the closed end of a 
glass tube, creating vacuum. In 1657 in a popular experiment, 
Otto von Guericke engaged two tall horses in the (purposely 

failing) attempt to separate large evacuated “Magdeburger” half 
spheres. In 1705, Francis Hauksbee the elder, using his electro-
static high voltage generator, discovered flashes of light through 
partly evacuated bodies. More than a century before Roentgen’s 
experiments, the British scientist William Morgan may well have 
generated artificial X-rays in 1785 during his experiments on the 
insulating capabilities of vacuum (Clark 1955). When applying 
high voltage he observed the appearance of a greenish glow near 
the surface of the glass wall when he admitted a small quantity 
of air into a glass container, which had been evacuated to a lower 
air pressure before. Since the mid nineteenth century, after the 
invention of inductors, charging with tens of kilovolts and power 
of several hundred watts could be provided. Lead batteries deliv-
ered large enough electrical currents, which were interrupted on 
the primary side of the induction coils. Artists of science devised 
innovative, partly evacuated glass tubes, connected them with 
such electric supplies and demonstrated incredible and colorful 
effects in gas discharges. Windmills in a partial vacuum were 
turned by ion bombardment. Cathode rays, later identified as 
free electrons by John J. Thomson, were generated by Julius 
Plücker from 1858 and further investigated from 1869 by Johann 
Wilhelm Hittorf. Sir William Crookes deflected these charge 
carriers by magnetic fields. Philipp Lenard sent them through 
thin sheets of metal into free air. Thus, without their being rec-
ognized,  artificial X-rays of decent intensity would have been 
generated as side effects since at least the late 1850s.
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7.1 Fall 1895

Roentgen discovered the invisible light of X-radiation on the eve-
ning of Friday, November 8, 1895. Figure 7.1 shows him posing 
with one of his early X-ray sources.

A replica of one of these primitive tube-like artifacts is 
shown in Figure 7.2. A broad variety of such partially evacu-
ated glass instruments were commercially available at the time 
of Roentgen’s discovery.

Roentgen was busy repeating Lenard’s experiments on cath-
ode rays using an evacuated glass tube. According to his notes, 
this may have been a Crookes tube, a Hittorf tube, or a Lenard 
tube, used with a large Ruhmkorff inductor (Roentgen 1895). 
He operated the tube with such a combination of gas pressure 
and high voltage that its glass wall showed a greenish fluores-
cence (Wikipedia, Crookes tube). Figure 7.3 depicts Roentgen’s 
original laboratory setting. The usual darkness of the evening in 
the fall in Würzburg, Germany and the fact that he was known 
for his extreme sensitivity to light (Roentgen was partially color 
blind) and his ambition for photography may have helped him 
to sharpen his eyes. He noticed a peculiar yellowish-green glow 
of a sheet of cardboard placed near the tube. The cardboard was 
painted on one side with barium-tetracyano-platinate and acted 
as a scintillator screen in modern terms (Dyson 1990, Kuetterer 
2005, and Pavlinsky 2008). Roentgen’s intention was primarily 
to visualize cathode rays and ultraviolet light. Roentgen realized 
that when the spark inductor generated alternating high voltage 
and the glass tube fluoresced on its surface (Wikipedia, Crookes 
tube) that the glow of the scintillator screen persisted despite 
several crude measures taken to douse it. Visually opaque items 
downstream of the tube in the pathway to the screen did not 
 completely extinguish the glow, as Roentgen expected.

Roentgen observed the luminescence even when he pushed the 
screen up to two meters away from the obvious source. What 
caused the effect? Neither ultraviolet radiation nor cathode rays 
could be the invisible agent which activated the scintillator, 
because he had screened the light and the cathode rays from the 
tube by a sheet of black cardboard. Fortunately, he had refrained 
from using the usual zinc cage, like other researchers had done 
before, for instance to secure themselves from tube implosions. 
Any sheet of such metal would have probably cancelled the effect 
of the initially faint X-radiation.

Roentgen sent a brief note to his friend and colleague, the zool-
ogist Prof. Boveri: “I have discovered something interesting, but 
I do not know if my observations are correct,” (cited in Beneke 
1998). Roentgen admitted in 1896, that he did not know the true 
nature of the new “X-rays,” which were later named after him. 
Asked, what he thought in the very moment, when he discovered 
the strange luminescence, he responded with his peculiar lapi-
dary statement: “I did not think, I investigated.”

Shadows of objects became visible on the scintillator screen 
when the gas discharge in the tube was on, the residual gas pres-
sure was in the optimal range, and the voltage from the inductor 
reached a level of some dozen kilovolts. When the proper voltage 
level was reached and the spark gap was correctly adjusted, it 
emitted an audible crackle. The location of the shadows on the 
paper screen pointed to his tube as the source of the unknown 
agent rather than electric leads or other parts. X-rays obviously 

FIGURE 7.1 Prof. Dr. Wilhelm Conrad Roentgen, posing in January 1897 
for a statue in his honor, to be erected in Berlin, Germany with one of his 
early tubes. (Image courtesy of German Roentgen Museum, Remscheid-
Lennep, Germany.)

FIGURE 7.2 Replica of a very early version of an X-ray source, similar to 
the one in Roentgen’s hands in Figure 7.1. (Image courtesy of Philips.)

FIGURE 7.3 Hittorf’s inductor connected to an actively pumped X-ray 
tube. Picture of the original setting in the University of Würzburg, Germany. 
Roentgen evacuated down to a residual gas pressure of about 10-3 Pascal. 
The Hittorf inductor delivered a voltage of some dozen kilovolts peak, alter-
nating with 10–15 Hz. The operator had to apply sufficient experience to 
adjust gas pressure and high voltage just right. Too high a pressure quenched 
the cathode rays. The tube current was insufficient upon too low a pressure. 
Roentgen consumed dozens of tubes, cited in Kuetterer (2005) and Zehnder 
(1935, 66). (Image courtesy of the German Roentgen Museum, Remscheid-
Lennep, Germany.)
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emerged from the area on the glass wall that showed the bright-
est green fluorescence, where cathode rays, later identified by 
Thomson as jets of electrons, interacted with the glass. In addi-
tion, metal such as aluminum and platinum, which Roentgen 
had brought into the vacuum envelope, functioned as a target. 
Magnetic deflection of the cathode rays shifted the origin of the 
X-rays. In other terms, Roentgen invented the magnetic focal spot 
deflection, which has become a state-of-the-art  technical feature 
used to cancel out artifacts in modern computed  tomography 
 systems. The electric tube current was proportional to the inten-
sity of the luminescence of the scintillator screen. The shadows 
became sharper when the tube was further away from the object 
and the screen closer to the object. Roentgen understood the 
importance of the system magnification. The invisible transmit-
ting agent propagated rectilinearly. Its intensity fell  proportionally 
with the inverse square of the increasing distance to the glass 
wall. Initially, Roentgen failed to identify reflection or interfer-
ence. He derived an upper limit of the refractive index of alumi-
num of only 1.05. Much later, the deviation of the  absolute value 
from unity indeed turned out to be very small and even negative.

As mentioned before, cathode rays had already been the sub-
ject of a multitude of experiments since the 1850s. Most certain 
X-rays were generated as well by then. But, the scientific com-
munity had not taken  further notice. In an attempt to photograph 
electric sparks A. W. Goodspeed and his assistant W. N. Jennings 
made one of the first known X-ray exposures in 1890 in the lec-
ture room of the University of Pennsylvania in Philadelphia, 
USA. Some miraculous agent had fogged their boxed photo 
plates. Goodspeed  identified the real nature of the “destruction” 
of the photo plate only after Roentgen’s disclosure in 1896. The 
shadow image of two coins was mapped on two under-exposed 
circular areas (Hennig 1989, 60 and Kuetterer 2005, 41).

Roentgen was honored in 1901 with the very first Nobel 
Prize in physics. In his fascinating application to travel, 
he applied for “some days of vacation” and was eventually 
allowed to travel to Stockholm. After receiving the prize at 
the Royal Swedish Academy of Science, he silently removed 
himself from the ceremony before delivering the mandatory 
speech, and relinquished the prize money to his employer, the 
University of Würzburg. Following this kind of experience, the 
Royal Swedish Academy changed the order of ceremony: no 
prize before the speech. Roentgen rejected attempts to patent 
his discovery: in his eyes, it was owned by the public. He soon 
disclosed his results, and the benefits quickly spread through 
the medical and scientific communities. This transparency cer-
tainly saved lives, in particular, those of many of the victims of 
World War I. Roentgen’s discovery laid the basis for five more 
Nobel prizes: to M. von Laue in 1914, to W. G. Bragg and W. L. 
Bragg in 1915, to I. Barkla in 1917, to M. Siegbahn in 1924, and 
to A. Compton in 1927.

From the very early discovery, it took more than a decade to 
establish a realistic picture of the X-radiation. Initially, Roentgen 
had speculated, that they might be the long sought longitudinal 
waves in the postulated ether. Only in 1905, I. Barkla discovered 
polarized X-rays. This was a strong hint to its transversal wave 
nature similar to that of visible light. After the idea was born dur-
ing his skiing vacation, M. von Laue confirmed the interpreta-
tion as wave radiation by diffraction in a crystal lattice. With the 
discovery of interference-related reflection of X-rays from atomic 

planes by W. G. Bragg and W. L. Bragg in 1913 and the discovery 
of the small amount of refraction in 1917, the scientific community 
finally recognized X-rays as being light with short wavelengths 
between hundredths of nanometers and tens of nanometers (see 
Section IV, Chapter 49 of this book for phase-contrast-based 
X-ray imaging). Spectral separation became possible. Mosely ref-
erenced the atomic number of the elements that the anode con-
sisted of to “characteristic” lines in the spectrum. In order to close 
gaps in the periodic table of elements, several chemical elements 
were postulated and later discovered. One of them was element 
number 75, rhenium, identified in 1926 by W. Nodak, I. Tacke-
Nodak, and O. Berg. Rhenium much later became an important 
constituent of the target surface of rotating anodes in a blend with 
tungsten. The emerging field of quantum mechanics gave a reason 
for A. Compton’s theory on incoherent photon scattering in 1923. 
Henceforth, X-rays, too, were assumed to have two interpretations: 
the classic interpretation as electromagnetic waves and the quan-
tum mechanical interpretation as showers of charge-less photons.

7.2 The Early Days of X-rays

7.2.1 Industrialization from 1896

Following Roentgen’s discovery, hardware improved at an amaz-
ing pace. In January 1896, just a few weeks later, the news of 
the invisible light began to spread rapidly throughout the world 
press. Within a single year, more than a thousand articles were 
published. In the United States three students, O. L. Barringer, E. 
Hardie, and E. P. Porter, bribed a janitor to provide access into the 
laboratory at the Davidson College, North Carolina on the night 
of January 12, 1896. After three hours of fiddling with existing 
equipment they had produced their first intentional X-ray picture 
on the American continent. Barringer much later admitted: “We 
kept our picture and escapade a secret and it was not until later 
that we realized we were making history for the college instead 
of just breaking the rules” (Meggitt 2010).

On February 3, 1896 a diagnostic X-ray of the broken wrist 
of the local schoolboy Eddie McCarthy was taken at Dartmouth 
College, Hannover, NH, USA. Yale University in New Haven, 
Connecticut, USA, however, claimed that an X-ray image had 
been taken there earlier – on January 27, 1896.

In February 1896, newspaper articles inspired chief surgeon 
Hermann Kuemmell and his team at the “New General Hospital” 
in Hamburg-Eppendorf, Germany, established in 1879 and now 
named University Medical Center Hamburg-Eppendorf (UKE). 
After a sleepless night, he insisted on acquiring an X-ray apparatus 
“right away” (Kuetterer 2005, 42), and sent two of his assistants 
to the factory of the glass blower C. H. F. Müller in downtown 
Hamburg (Stamer 1995) to acquire suitable glass tubes. Müller 
excelled in copying Venetian glass goblets (Figure 7.4) and other 
glass art. Like many other companies worldwide, he was active in 
lighting the city with incandescent lamps and ran local electrical 
power stations. He also made vacuum tubes for scientific work as 
well as for “high-tech” illumination of the living rooms of the high 
society of the Victorian and Imperial age (Bergmüller 1990). The 
route to manufacturing X-ray tubes was prepared. Development 
lead times counted in days or weeks, about two orders of magni-
tude less than today.
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In 1927 C. H. F. Müller’s company was acquired by Philips. 
Figure 7.5 depicts an early X-ray tube of the Müller factory: 
Müller and part of his logistics staff are on the left. On the right 
are photographs of Prof. H. Gocht, one of the two shoppers from 
the General Hospital, and the still existing “old” entrance of the 
clinic where he worked as a surgeon. Gocht later continued his 

career as a leading radiographer. He died from radiation-induced 
cancer in 1938.

C. H. F. Müller was obviously the first commercial supplier to 
surgeons in a clinic. Figure 7.6 is a reproduction of a list of products 
from that time. Müller began experimenting with X-rays. An X-ray 
tube and an inductor were priced each at about a month’s salary of 
a docker in Hamburg’s harbor. After some delay, the large induc-
tor eventually arrived and the first clinical use at the New General 
Hospital in Hamburg began on March 20 (Fruehling and Vogel 
1995). Less than a week later, on March 26, 1896, Siemens and 
Halske filed the first-ever X-ray tube patent, DE91028 (Nascimento 
2014). The six weeks it took Müller from project start to market 
shipment has probably never been met again by any industrial R&D 
team. Two weeks later, the first improvements were in place. The 
cathode had been converted to a hollow mirror and the anticath-
ode, which today is called the target, was given a platinum coating 
(Kuetterer 2005, 49). A paper by Sydney Rowland on February 8, 
1896, in the British Medical Journal, cited in Mould (2011) illus-
trated the scarcity of good quality X-ray tubes: “The chief difficulty 
in making rapid headway consists in the scarcity of suitable tubes, 
the whole of the English stock having been bought up almost on 
the first receipt of the intelligence from Germany and of these but a 
small proportion have been found to be of any use. Fresh arrivals are 
daily coming in, and some are being made in Germany.” In 1901, 
Müller received the gold medal of the Roentgen Society in London 
for the best international X-ray tube. The “Roentgen-Müller” group 
celebrated their 100,000th tube in 1911. The company evolved to 
be the technology leader of medical imaging systems. Figure 7.7 
shows their glassblowing workshop in those days.

Many other companies and institutions began producing 
X-ray tubes as well (e.g., Kiuntke 2009). As mentioned above, 

(a)

(b)

(c)

(d)

(e)

(f )

C. H. F. Müller tubes
(Hamburg, Germany)

First clinical X-rays, March 20,
1896 (New General Hospital
Hamburg, Germany,
now UKE)

FIGURE 7.5 Worldwide clinical use of X-rays began on March 20, 1896 in an X-ray unit of the New General Hospital in Hamburg, Germany, now University 
Hospital Eppendorf UKE (Fruehling and Vogel 1995). The glass blower C. H. F. Müller delivered X-ray tubes for clinical installation by the later radiographer 
H. Gocht and his colleagues. The inauguration was delayed by shortage of inductors. (a) Early ion tube with gas regulator, (b) C. H. F. Müller, his company was 
later acquired by Philips, (c) Müller’s shipping group in downtown Hamburg, Germany (left to right): Memel, Biermann, Saubert, Schmidt, (d) radiographer 
Prof. Dr. H. Gocht, (e) photograph of the clinical use of X-rays, (f) the still existing old entrance of the New General Hospital in Hamburg, Germany, est. 1879.

FIGURE 7.4 Venetian glass goblet made by the company of C. H. F. 
Müller, Hamburg, Germany, which was acquired in 1927 by Philips.
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Siemens and Halske applied for the first patent on X-ray tubes 
on 26 March 1896. Reiniger, Gebbert, and Schall AG, Erlangen, 
Germany, which was acquired by Siemens in 1925, delivered 
tubes and scientific equipment to Prof. Roentgen as early as 1896. 
By November of the same year, Roentgen confirmed in a let-
ter to this manufacturer that the tubes were of good quality, not 
without asking for a discount. The company of E. Gundelach in 
Thuringia, Germany, another competitor, claimed to have pro-
duced 45,000 tubes by April 1905, C. H. F. Müller, Hamburg, 
Germany claimed 50,000. The first intentional producer of 
X-ray tubes in the United States was probably Machlett, New 
York, NY, established in 1897 and acquired in 1989 by Varian 
(Hirsch 1927).

Many types of glass X-ray tube were on the market. In partly 
tap-water-driven Geissler, Sprengel, Raps, and other pumps, 
mercury fell through capillary tubing and dragged the air out. 
Vacuum levels of 10 Pa (10−3 mbar), the mercury vapor pressure 
at room temperature, were achieved in pumping procedures of 
several hours.

X-ray tubes were far from perfect; most of them imploded 
sooner or later, overheated, or leaked air. Image quality was poor, 
and the radiation was unstable. Exposure times were measured in 
minutes or even hours, an eternity when compared with the time 

needed to create a projection view using a modern  computed 
tomography system. For optimal X-ray output, the greenish 
luminescence inside the tube had to be carefully monitored. The 
tube current was sensitive to the gas pressure inside the vacuum 
chamber (Figure 7.8 and Wikipedia, Crookes tube).

Manufacturers competed fiercely to build the most power-
ful and reliable tube, continuing to improve the characteristics. 
In the beginning, the technological driver was the production of 
gas discharge tubes. Clinical use developed in parallel. At first 
accidentally in 1896 and later intentionally in from 1898 onwards, 
X-rays were used for skin therapy. Initial attempts were made 
to inspect materials and uncover hidden voids in castings and 
false welding. The number of X-ray related patents was growing 
rapidly, for example, in Germany from 33 patents between 1897 
and 1900, to 98 between 1901 and 1906, and 187 between 1907 
and 1912, and so on, issued by a multitude of patent holders and 
inventors (Bergmüller 1990, 15).

7.2.2 Victims and Casualties

Technical enthusiasm initially concealed the hazardous down-
side of X-rays. As technology advanced, the severe biological 
harm caused by high doses of the new radiation became obvi-
ous (Meggitt 2010, Sansare et al. 2011). Many of the leaders of 
the technological advance, in particular surgeons, scientists, and 
manufacturing personnel, suffered without initially knowing the 
biological reason. Fiddling with X-rays became popular for those 
who could afford it. As if they were poisoned, the victims began 
suffering from skin burns, infections, hair loss, pain, and cancer. 
The German Roentgen museum in Remscheid holds the burned 
hand of a leading radiologist, who had always pre-adjusted 
exposure parameters for patients by first imaging his own hand. 
Figure 7.9 illustrates a radiographer’s office from 1905. High 
voltage generator and tube were largely uncovered – the tube on 
purpose to visually sense the tube current, the generator for the 
sake of work flow.

A memorial in the hospital of St. Georg in Hamburg, Germany, 
commemorates the at least 359 global casualties, which were not 
reported until 1960 (Vogel 2006). Figure 7.10 depicts a device 

FIGURE 7.6 Pictures from a product list from 1880 of the C. H. F. Müller 
Company in Hamburg, Germany.

FIGURE 7.7 Glass blowers workshop of the C. H. F. Müller Company in 
Hamburg, Germany in the 1920s. (Image courtesy of Philips.)
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which may still look familiar to some of us from childhood, an 
X-ray shoe fitter fluoroscope, and which may give us the creeps 
from modern perspective. Apart from electrical hazards, the 
X-ray dose applied per session was staggering, up to two orders 
of magnitude higher than from modern computed tomography 
(Tadinada 2014 and papers cited therein). American machines 
delivered an average of about 100 mSv of dose per 20 seconds 
session to the feet.

In the course of the first half of the twentieth century, the 
increasing quest for a reduction of the dose of ionizing radia-
tion received by both the patient and the radiologist triggered 
significant improvements of the beam quality. These improve-
ments were achieved by using X-ray filters and radiation shields 
against primary radiation, enclosing the X-ray sources, and 

using measures against scattered radiation, which the patient 
and other objects in the beam path emit in significant quantity.

7.3 Major Steps of Progress

7.3.1 Crookes Tubes

Several technical gaps limited clinical work flow and image 
quality of the “ion tubes.” The release of free electrons from an 
electrode was a difficult task. As electrons were produced by dis-
charge ionization of residual gas in the tube, the tube current 
rose steeply with increasing tube voltage. For maximal use of the 
cooling capacity of the anode, the opposite would be desirable: 
The higher the voltage, the lower the current should have been. 
The characteristics of the X-ray transparency of the body and 
the contrast generation of tissue also demanded higher current at 
lower tube voltage. However, this requirement necessitated read-
justment of the gas pressure, which was difficult at short notice. 
This gap between desire and technical possibility was bridged 
only 18 years after the beginning of the era of X-ray produc-
tion by W. D. Coolidge and J. E. Lilienfeld. Before, in the early 
days, an extra “anticathode” was arranged in the ion tubes to 
enhance the electron current density by removing negative space 
charge. By implementing this additional electrode, the trajec-
tory of the electrons became better defined and better focused 
onto the  target. The gas pressure in the tubes was all but stable, 
as built-in sub-components were contaminated. Heating of the 
anode and the glass wall released gas, enhanced the pressure and 
reduced the electron free path length. Electrons could not gain 
full speed, were scattered by gas molecules, and hit the anode 
with reduced mean energy. As this kinetic energy at impact 
determines the X-ray spectrum, softer X-rays were produced. 
On the other hand, upon the action of high electric fields, ions 
were implanted into the glass wall and other negative charged 

FIGURE 7.9 Radiologist’s office as in 1905. On the shelf in the back is 
a selection of five tubes of different “hardness,” that is, different residual 
gas pressure. (Courtesy of German Roentgen Museum, Remscheid-Lennep, 
Germany. Picture from the exhibition.)

4·10–2 Pa8·10–2 Pa 1.3·10–2 Pa 3·10–3 Pa 7·10–4 Pa 3·10–4 Pa 1.3·10–4 Pa –

640 mm

+

Soft HardNo X‐rays

FIGURE 7.8 Luminescence between electrodes of a tube with aluminum electrodes operated at 20 kV under various residual gas pressures of air. 
Decreasing gas pressure from left to right and degree of softness and hardness of the corresponding X-rays generated.
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electrodes and irrecoverably buried. Internal coating of the glass 
by evaporated and sputtered-off target material bound residual 
gas and removed it from the discharge. Over time, vacuum tight 
tubes cleaned themselves internally due to the irreversible loss 
of gas. With decreasing gas pressure, the tube current dropped, 
tube voltage and electron energy increased, and the X-ray tube 
became “harder.” Clinicians had a variety of tubes sitting on the 
shelf, sorted by their individual “hardness.” Soft tissue contrast 
was better with soft tubes. Highly contrasting bones could better 
be diagnosed with hard tubes at high inductor voltages.

Handling and use of these ion X-ray tubes demanded a com-
bination of extended skills in physics, electrical technology and 
experience, paired with medical knowledge. Radiographers were 
physicists in medicine. The operating glass tube was positioned 
above the patient, the wrapped photographic plate beneath. It was 
important to have control of the high voltage and observe the color, 
shape, and intensity of the gas discharges in the tube simultane-
ously. Only the proper adjustment of all the parameters by an expe-
rienced radiographer guaranteed acceptable image quality. The 
risks of electrical shock, tube implosion, and burns from the ion-
izing radiation were blended into a hazardous cocktail for patient 
and radiographer (Kemerink et al. 2012, Kemerink et al. 2013).

One of the major improvements was the invention of the gas 
“regulator,” a device which was attached to the tube. It contained, 
for example, sodium hydrate which released gas upon heating. 
Complete heating of the tubes had been proposed already in the 
early days for “softening” (Morton and Hammer 1896, cited in 
Kuetterer 2005). Later, tubes were returned to the manufacturer 
for flame heating of the regulator. The cycle began again. Self-
regulators were now introduced, which, as soon as the tube cur-
rent went down as a result of a reduced gas pressure, employed a 
spark-over from the cathode to the electrode of the regulator for 

heating. Another method was using platinum or palladium foils 
positioned in the glass wall to enhance hydrogen diffusion from 
the outside upon heating. Figure 7.11 illustrates the broad variety 
of ion tubes available by 1926.

7.3.2 Two Pulse Generators

High voltage supply was improved with the tubes. Although high 
voltage electronics merely provides conversion of voltage levels 
rather than creation, the term “generator” became common. The 
inductors delivered alternating voltage. When connected to lead 
accumulators, the primary current of a transformer, usually some 
tenths of amperes, was chopped by a mechanical circuit breaker. 
Other than with alternating current transformers, the iron core was 
open to create a large parasitic inductance. Among others, Deprez-
choppers, Neefs’ hammers, mercury choppers, and galvanic chop-
pers, which repeated explosion-like evaporation of sulfuric acid, 
were in use to chop the primary current (Kuetterer 2005, 79 ff). 
Useful X-rays were produced only during a small fraction of the 
cycle, when the anode was on highest positive potential. The volt-
age was limited by a spark gap. A severe disadvantage surfaced 
over time which triggered the next step of improvement. Upon 
voltage reversal, the anode became subject to destruction by ion 
sputtering, and, even worse, delivered no X-rays during this phase.

This problem was solved by connecting mechanical rectifiers, 
as shown in Figure 7.12, in series with the tube. The mechanical 
diodes employed a rotating electrode system, synchronized with 
the chopper. The rectifiers prevented voltage reversal. The ion 
consumption in the tube was slowed down and the tube remained 
more stable over time. Later, two pulse generators employing 
four diodes were generating two half-cycles of the high voltage 
instead of only one pulse per cycle (Kemerink et al. 2013, 2).

7.3.3 Legacy of Heat Units

The use of two pulse generators gave birth to the metric “Heat 
Units” meant to characterize the quality of heat management in 
X-ray tubes. Assuming a high voltage supply from a two-pulse 
generator, the absence of smoothing capacitors, and the absence 

FIGURE 7.11 Various types of X-ray tubes after 30 years of technology 
development. (Image courtesy of Philips.)

FIGURE 7.10 Shoe fitter Adrian Special, in use until middle of the 1960s 
at advanced shoe retailers.
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of efficient cooling, the gain of enthalpy of the anode of an X-ray 
tube during an X-ray exposure, stated in Heat Units, was defined 
as 1.41 times the product of peak voltage and average current, 
expressed in Joules. From today’s perspective, this  metric is 
related to outdated technology. Although the International 
Electrotechnical Commission (IEC) for very good reasons aban-
doned the concept of anode heat storage capacity in 2009, “Heat 
Units” still appear in recent data sheets and continue to mislead a 
large community of users. Chapter 2 treats the modern terminol-
ogy in more detail (see also Behling 2016).

7.3.4  Coolidge’s Thermionic Electron 
Production 1913

As mentioned above, the earliest electron sources for X-ray gener-
ation were electrodes bombarded with ions from gas  discharges. 

For more than 20 years since the discovery of X-rays in 1895, 
ion tubes with stationary targets were used and optimized. “Soft” 
tubes which allowed for high tube currents even at low tube volt-
ages delivered high soft tissue contrast. But, the image quality 
suffered from reduced penetrating power of the X-rays produced. 
Over time, soft tubes “hardened.” At some point, hard tubes failed 
totally, could not maintain a suitable gas discharge, and had to be 
replaced. Already in 1882 Goldstein had prevented such gas dis-
charges from extinguishing at low pressure by  heating the cath-
ode (Dörfel 2006, 5). This was early evidence that the thermionic 
Edison or Richardson effect of thermal ionization of the cathode 
was a suitable supplement or even a replacement for the gas dis-
charge. Around the year 1913, Coolidge and Lilienfeld (Coolidge 
1913, Lilienfeld 1914) proposed thermionic emission of electrons 
from hot tungsten. A tube of the Lilienfeld type, depicted in Figure 
7.13, is on display in the German Röntgen Museum, Remscheid-
Lennep, Germany. Following Coolidge and Lilienfeld’s work, 
tube  current and tube voltage could be controlled in an indepen-
dent fashion: this  feature is essential for balancing image qual-
ity and dose of  ionizing radiation. Likewise, X-ray intensity and 
X-ray spectrum could be optimized separately to minimize the 
patient dose of ionizing radiation and to employ the maximum of 
the thermal capacity of the anode. The Lilienfeld-tube marks the 
transition from ion tubes to tubes with pure thermionic generation 
of electrons, which was commercialized by Coolidge. In 1912, 
in his patent (US1082933), Coolidge disclosed the making of a 
ductile tungsten wire, which was initially intended for incandes-
cent lightbulbs, and targeted X-ray tubes in a second application 
(Figure 7.14). After his PhD exam at the University of Leipzig in 
Germany, Coolidge was working in the research labs of General 
Electric, and published his paper “A Powerful Roentgen Ray Tube 
with a Pure Electron Discharge” (Coolidge 1913).

A fierce fight on priorities and intellectual property rights 
between Coolidge, Lilienfeld and others broke out, who at about 
the same time had also proposed a heated cathode to lower tube 
hardness (Lilienfeld 1914). The patent conflict ended with a denial 
of Coolidge’s patent in Germany. Various companies (AEG, 
C.  H. F. Müller, General Electric, Koch and Sterzel, Siemens 
and Halske, and Veifa-works) fought about rights of commercial 
use of the improvement, while patent rights exchange contracts 
 further complicated the situation (Doerfel 2006). A picture of a 
tube of Coolidge type is in Figure 7.15.

Crooke’s tubes from C. H. F. Müller and others had improved 
as well. But, compared with high vacuum Coolidge tubes, ion 
tubes could not fully keep up with respect to stability, simplicity 
of use, and soft X-ray intensity and ionized residual gas as an 
electron source became obsolete.

After nearly two decades of tube usage and experience in 
balancing the X-ray spectrum, the “hardness,” cooling, regen-
eration, intensity, and fragility of the glass tubes, the thermionic 
generation of free electrons in vacuum enabled the control of 
X-ray intensity and spectrum nearly independently and reduced 
the complexity of usage. With higher voltage, the tube current 
could be reduced by reducing the temperature of the tungsten 
filament. With this degree of freedom on hand, first, the anode 
input power could be kept maximal at any exposure. Second, 
the sensitive, breakable anode could be better saved from over-
heating. As we will see later, a higher tube voltage intrinsically 
results in higher X-ray intensity per electron.

Cathode

Anode
X‐ray “softener”

(electron source and auxiliary
anode to pre‐ionize the residual

gas)

Focal spot, the source of X‐rays

FIGURE 7.13 Replica of a Lilienfeld tube. Thermionic emission of elec-
trons supported “softening” of the X-ray tube. As with Coolidge-type tubes, 
tube current and tube voltage could be adjusted independently.

FIGURE 7.12 Electro-mechanical high voltage rectifier from 1908. Three-
phase alternating current was rectified on high voltage potential by a syn-
chronously driven mechanical number of arc switches in air. (On display in 
the German Roentgen Museum, Remscheid-Lennep, Germany.)
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This new game-changing technology rocked the tube market. 
Based on Coolidge’s invention, diagnostic quality experienced a 
quantum leap, as did the work flow and the robustness of the pro-
cedure. Radiologists had previously needed a great deal of expe-
rience in handling of the tubes, adjustment of the voltage, and 
gas regeneration. Coolidge’s invention constituted a paradigm 
shift. Prof. H. Gocht (who was mentioned above in Section 7.2.1) 
stated after a lecture on the Coolidge tube: “This day constitutes 
a milestone of the X-ray technology,” and expressed that he was 
deeply moved. The technical skills of many radiographers and 
assistants became in part obsolete. The new simplicity widened 
the split between radiographers and engineers.

7.3.5 Goetze’s Line Focus 1918

The next breakthrough was the line focus of the surgeon Prof. Dr. 
Otto Goetze. His patent from 1918 was first used by C. H. F. Müller 
in their MEDIA tubes from 1922 onwards. The anode angle, which 
the anode surface makes with respect to the central beam, was 
reduced such that the practical field of view was just covered by 
the X-ray beam. To achieve a proper image resolution, it turned 
out to be sufficient to have the focal spot just appear small from 

the patient’s perspective. The real physical focal spot could well 
be long, as can be concluded from the long coil emitter used in 
the tube of Figure 7.15. From a flat angle with respect to the anode 
shadow, even a long rectangular focal spot appeared square. The 
beneficial isotropic angular intensity distribution of bremsstrah-
lung from reflection targets was another key ingredient. The inten-
sity of X-ray emission was not significantly reduced in the direction 
of the central beam, when compared with other take-off angles. A 
polar diagram revealed nearly isotropic intensity in all directions, 
with only a small exception close to the anode shadow. Here, the 
intensity dropped due to the so called “heel effect” (see Chapter 2, 
Figure 2.4). But, down to that point, the brightness of the focal spot 
was increasing, as the spot appeared shorter and shorter, the closer 
the take-off angle was to the anode shadow. This very special 
angular characteristic of X-rays emerging from thick targets was 
quite different, for example, from Lambert’s cosine law of thermal 
radiation. The benefit for the output of an X-ray tube was substan-
tial. The physical focal spot length and with it the heat loading 
could be greatly enlarged without compromising image resolution.

Another benefit was the tube current density that was now 
achievable without exceeding the space charge limits. From now 
on, electron emitters were shaped as lengthy coils of tungsten 

FIGURE 7.14 Coolidge’s US patent for GE for a thermo-ionic electron emitter made of a ductile tungsten wire.

Stationary anode

Tungsten wire coil inside the cathode cup

High vacuum, no gas regulator

FIGURE 7.15 Coolidge type tube with tungsten coil electron emitter which generates a modern rectangular Goetze focus. Tube current and tube voltage 
can be adjusted independently. The residual gas pressure is orders of magnitude lower than in ion tubes.
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wire, which delivered comparatively large currents even at low 
tube voltage. In 1923 Siemens patented a dual focal spot tube, 
which allowed optimization of spatial resolution when using 
the small focal spot and contrast resolution when using the high 
X-ray flux from the large focal spot. High current emitters gained 
particular importance for the upcoming rotating anode tubes, as 
we will discuss.

Before, the stationary focal spot remained the thermal weak 
point of high performance tubes, mainly due to the limited heat 
conduction and heat capacity of tungsten. Sophisticated cooling 
means for the back of the target were devised, such as tungsten-
in-copper brazed structures and water coolers. The heat was 
“boiled-off” by phase transition from liquid to vapor state. But, 
an about 1 mm thick layer of tungsten remained necessary as 
the first heat spreader. Some developers had tried to cool the 
 tungsten slab directly, but steam quenched the dissipation of 
heat. The gain of performance of stationary anode tubes leveled 
off over time.

7.3.6  Bouwers Commercialization of the 
Rotating Anode Tube 1929

In April 1927, Prof. Albert Bouwers of the newly established 
Philips “National Laboratory” in Eindhoven, The Netherlands, 
tried to circumvent the assets of Coolidge patents, and secure 
intellectual property for Philips (Boersma 2003). To avoid the 
harmful effects of X-rays widely experienced in earlier years, 
Bouwers adapted former ideas and shielded unwanted X-rays by a 
grounded metal center section around the focal spot. The Philips 
METALIX® was  the first successful metal center section tube. 
Glass insulation of the cylindrical tube was pushed to the ends, 
very similar to the introduction of ceramics insulators 60 years 
later.

Even more importantly, Bouwers took on the concept of the 
rotating anode X-ray tube, which probably originated with 
Robert W. Wood in 1897, who, by the way, also discovered the 
effect of field emission. In the “scientific and industrial report,” 
years 1898–99, we find in J.L. Bretońs book about cathode rays 
and X-rays “Rayons Cathodiques et Rayons X” (Breton 1897), a 
proposal for an X-ray focal spot which moves during radiography 
“in order to constantly change the emission point which, after-
wards, doesn’t have the time to heat up in a dangerous manner” 

(“de facon a changer constamment le point d’emission qui, par 
suite, n’a pas les temps de s’échauffer d’une facon dangereuse”). 
After E. Pohl had demonstrated a rotating anode tube at the 
2nd International Congress of Radiology in Stockholm in 1928, 
Bouwers initiated its commercialization by Philips in 1929. He 
based the development on the METALIX tube design platform 
and introduced a rotating copper anode with tungsten target 
surface, shown in Figure 7.16. Despite the risk of cold welding 
and getting “frozen” due to a lack of lubrication. A squirrel-cage 
motor with copper cylinder rotor transferred the mechanical 
torque from the stator coils outside the vacuum space to the cop-
per rotor inside the vacuum (Bouwers 1933). Figure 7.17 shows 
a reproduction from an early technical document about this tube 
and Figure 7.18 the close-up of a cut-away diagram. Since then, 
the concept of rotating anodes has become the basis for all mod-
ern high performance X-ray tubes.

The available instantaneous input power could be raised by 
more than an order of magnitude. Bouwers speculated: “One 
may expect that it will soon be possible to make satisfactory 
heart films in 0.02 second, which will probably open up new 
possibilities – for instance, in the line of X-ray cinematography,” 
(Bouwers 1933, 94).

Bouwers seems to have been an ingenious inventor rather than 
a passionate operations manager. His tubes initially turned out to 
be unreliable. The number of new technologies that accumulated 
in a single new product platform caused growing pains in the 
product series. Arguments with his management were inevitable 
(Boersma 2003). The rotating anode technology could not serve 
all of the demands of clinical practice. Bouwers noted a severe 
new technical challenge in his follow-up patent US 2081789 from 
1933: “However, difficulties are encountered in transferring the 
heat developed at the anode to the outside, as the connection of 
the rotary anode with the outer parts of the discharge is tube is 
through bearings, and the low-friction bearings, suited for this 
purpose, offer a high resistance in the heat conduction path.” 
Another issue was the short life time of the raceways and balls in 
high vacuum. Due to the hard pointed metal-on-metal contact and 
the absence of separating interlayers, the time of survival in prac-
tice was severely limited. Lead or silver coating improved the situ-
ation, but did not solve the issue totally. Lubricating grease would 
have destroyed the vacuum. Consequently, the anode had to be 
put at rest when the tube was idle. The rotor had to be accelerated 

FIGURE 7.16 Bouwers’ first rotating anode tube, type Rotalix, manufactured from 1929 by C. H. F. Müller, Hamburg, Germany, later Philips. 
(Image  courtesy of Philips.)
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before the exposure and decelerated afterwards. These additional 
steps hampered the work flow, created noise and vibration, and 
added heat to the tube assembly. Bouwers started with a small 
anode diameter. As the rate of average heat dissipation was infe-
rior to that of stationary anodes with their direct conduction cool-
ing through thick copper, anode heat  storage became a key metric 
for rotating anode tubes and remained so until new technologies 
appeared. Disk-like anodes allowed for higher speeds of the focal 
track. Siemens introduced the all-tungsten anode in 1933, which 
allowed for high temperatures and efficient cooling by heat radia-
tion, and enhanced the rotor speed to more than 90 Hz in 1934. 
The company introduced grid control of the electron emission, 
similar to the current modulation in radio tubes in 1937.

After World War II, rotating anode tubes were produced 
by many companies. A classical form developed. Due to the 

higher permissible power density in focal spot, exposure times 
dropped far into the sub-second regime. The outer circumfer-
ence of the larger anode disks allowed for storing more heat 
energy than before. Movie-like series of exposures became fea-
sible. In 1962 Siemens turned the all-tungsten anode into a com-
pound of molybdenum and a dense 1 mm thick layer of tungsten 
and rhenium alloy on top, and sped up to 140 Hz. Molybdenum 
was lighter and decreased inertia, while providing about the 
same volume specific heat storage capacity as tungsten. The 
anodes could be accelerated much faster by the magnetic drive. 
Later, Philips introduced the Trinodex all metal anode, a tri-
ple-layered heavily forged disk. Graphite-backed anodes were 
introduced. An example is shown in Figure 7.19. The brittle all-
tungsten body, which often broke, became obsolete. Rotating 
anode tubes in glass technology were about to mature.
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FIGURE 7.17 Leaflet with a cut-away view of the first rotating anode tube. (Adapted from the technical documentation.)
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FIGURE 7.18 Close-up of a cut-away model of the first rotating anode tube industrialized by Bouwers, Philips, in 1929. Instead of a disk the anode resem-
bled a comb-shaped grooved cylinder with long cooling fins attached to the rotor which were interleaved with stationary fins. This is similar to the design 
later employed by Varian in the late 1990s, see Figure 7.20.
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7.3.7  All Metal-Ceramics and Spiral Groove 
Bearing Tubes in the 1980s

After World War II, glass tubes for radiation therapy and non-
destructive testing had become available for tube voltages of 
more than 250 kV. As the charge state of the glass wall was 
not well defined – it could be negative upon electron impact or 
positive due to ion bombardment – large spacing of electrodes 
in all directions were inevitable to avoid puncture and current 
flow along the glass wall. The tube assemblies were bulky heavy 
 barrels of oil. Starting in the late 1970s, W. Hartl of Philips 
Hamburg, Germany and his team replaced glass for high perfor-
mance tubes by much more compact solutions of metal frames 
with ceramic insulators (Hartl 1990). This path was challeng-
ing and peppered with hurdles. After 1980, when the author had 
become a  member, the team went through a series of major cri-
ses and total failures. Repeatedly the ceramics flashed over at 
high tube currents and elevated temperatures. Rattling of bro-
ken ceramics could be heard from outside. Proper shielding of 
electrical triple points, improved processing, and better ceram-
ics fortunately solved the issues. A novel, robust technology 
emerged, and was enthusiastically received, in particular in the 
US market.

Since the introduction of the Bouwers tube, it took until 1989, 
until the poor heat conductivity, limited life time, and some-
times unpredictable production yield of ball bearings could be 
overcome (Behling 1990). Philips invented a vacuum-compat-
ible liquid metal spiral groove bearing. It was essential to find 
a material match between the liquid and the bearing members. 
The liquid had to have a low vapor pressure at temperatures of 
some hundred degrees and had to be kept inside the bearing by 
capillary forces. The adhesion, however, could not be made too 
large, as some liquid metals aggressively dissolve in other metals. 
An alloy of gallium, indium, and tin turned out to be optimal, 
kept in micrometer-sized gaps between bearing members made 
of molybdenum.

The first attempt in 1987 to process the novel spiral groove 
bearing tube prototype in the laboratory, however, again ended 
in disappointment. The nested bearing in the tube had been 
initially soaked with residual gas, and had released it into the 
volume such that high voltage could not be applied at all. The 
device appeared dead. Degassing and improved processing of 
the bearings solved this issue. Eventually, the product became 

a tremendous success. Later, Toshiba, Siemens, and GE intro-
duced spiral groove bearing tubes as well. Others have begun 
working on it.

Ball bearing tubes have seen major improvements as well. In 
1998, Varian (Salt Lake City, Utah, US) introduced a special 
kind of anode “cooling.” More than 40% of the electrons hit-
ting a tungsten target are backscattered from the focal spot into 
 vacuum. In glass rotating anode tubes, they are all forced to 
return to the anode. Due to negative charging of the glass wall 
they do not find alternative landing places. By US6115454, 
depicted in Figure 7.20, Varian patented a liquid-cooled  capture 
device on ground potential along with the anode to collect most 
of these electrons. The anode heat loading dropped by more 
than one third. On top of this, the anode surface was enlarged 
and cooling fins were used, which reached to the inside of the 
 rotating anode. Compared with earlier constructions, the effec-
tive radiating surface of the anode was about doubled. Varian 
continued to improve the coating of ball bearings, put the cen-
ter of gravity of the rotor in the middle between bearings, and 
achieved a high load capacity, which is essential for high speed 
computed tomography (CT) (see Section III, Chapter 32 of this 
book). CT gantry speeds had gone up and caused a centrifugal 
acceleration of a dozen times the gravitational acceleration. 
Cardiac CT came within reach.

7.3.8  Electron Beam Computed 
Tomography mid 1980s

In a quite different way, cardiac motion could be “frozen in” 
with a temporal resolution of down to 33 milliseconds per slice 
by electron beam computed tomography (EBCT) scanners 
from Imatron, San Francisco, CA. A stationary anode tube was 
shaped as a large vacuum container, which partly enclosed the 
patient. Figure 7.17 comes from a patent of 1982. An electron 
beam was generated at one end and directed magnetically in 
vacuum to a half annular anode around the patient. The patient’s 
heart was positioned in the center and in the plane which the 
anode ring defined. As the electron beam moved rapidly back 
and forth around the patient to make its way on the anode ring, 
X-rays emerged from the moving focal spot. The X-rays fanned 
through the patient and generated projections in the opposing 
half annular detectors. One of the many technical challenges of 
the EBCT tubes was the very long electron drift path and sig-
nificant space charge. A defined level of background residual gas 
was introduced, the ions of which compensated the negative elec-
tron space charge and stabilized the beam. In later versions, the 
 number of anode rings was enhanced to up to four for multi-slice 
 projections. GE and later Siemens later took over the Imatron 
activity (Figure 7.21).

Various challenges forced the decision to abandon the EBCT 
technology. Third-generation CTs in helical scanning mode, 
which comprised a continuously rotating source and a  rotating 
detector, became fast enough to enable cardiac CT as well. 
Multi-slice machines with enhanced patient coverage were intro-
duced, and EBCT was not effective with this technology. The 
fixed relation between scan speed and focal track speed limited 
the permitted thermal power density in the focal spot. As the 
tube current was  limited, the images were noisy. EBCT systems 
were dedicated cardio machines rather than versatile.

FIGURE 7.19 State-of-the-art rotating anode glass tube insert Siemens 
Opti® 150_30_50, equipped with a graphite-backed molybdenum-based 
metal anode with a tungsten-rhenium top layer.
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7.3.9 Rotating Frame Tubes 2003

Driven by the rapid rise of importance of CT, companies invested 
heavily. A team at Siemens started in the middle of the 1990s on 
revitalizing the former idea of a rotating frame tube. Following a 
patent from the mid 1940s by Waterton and Metropolitan-Vickers 
(Waterton and Metropolitan-Vickers 1945), the entire tube frame, 
including cathode, insulation, and anode was set into motion. The 
electron beam was steered and focused by a magnetic quadru-
pole and dipole system. Figure 7.22 is a picture of the Diablo-like 
tube insert sitting rotatable in a plastic form of the tube housing. 
The ball bearings were expelled out of the vacuum into lubricat-
ing oil. Other than in vacuum, the life span of bearings under 

oil became virtually unlimited. The anode disc was now a part 
of the tube envelope. Fixed at the center of the tube frame, the 
cathode was spinning along with a flat circular ceramics insula-
tor. A circular flat electron emitter was connected to high voltage 
potential. The electron beam which emerged normal to it was 
directed towards the outer focal spot track on the rotating anode 
by a stationary magnetic field. As in the previous proposal of 
1940, a quadrupole magnetic lens shaped the focal spot and a 
pair of dipoles allowed for focal spot deflection in all directions. 
As a means against partial volume artifacts in CT, an axial shift 
(“z-deflection”) of the focal spot could be added to an azimuthal 
“X-deflection.” Z-deflection was achieved by a radial deflection 
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of the focal spot which by projection to the plane of the tube win-
dow translated into an axial z-shift. Although the anode diam-
eter measured only 12 cm very large maximal heat conduction 
of several dozen kilowatts to oil was achieved by the fast spin-
ning body. By cooling through turbulent oil, the outer surface 
of the anode was always maintained close to oil temperature. A 
conceptual challenge was the large hydrodynamic friction of the 
tube body, which limits the focal track speed and with it the focal 
spot power density and may cause cavitation in the insulating oil. 
Another issue was the penetration of cracks from high thermal 
gradients through the anode body. A copper casting was added 
to the anode to avoid vacuum failures and penetration of cracks. 
The extreme compactness of this tube assembly helped design a 
dual source computed tomography system, which carried pairs 
of tube assemblies, heat exchangers, high voltage generators, and 
X-ray detectors on a single rotating CT gantry.

7.3.10  The Largest Commercial Anode 2005

Development projects for single slice CT, which were started in the 
1990s, were usually aiming at high energy throughput per patient 
(see Behling (2016), Chapter 5 for details). The result of one of 
these efforts has become a top-end CT tube from GE. Scan times 

were long in those days. The new tube, shown in Figure 7.23, was 
designed with the largest commercial carbon backed anode to date 
with a diameter of 238 mm. Only the cathode, supplied through 
a large pancake insulator shown to the left, was on high-voltage 
potential, the rest of the tube was grounded. An electron trap 
captured backscattered electrons, similar to the aforementioned 
Varian tube, although the cathode of the GE type reflected some 
of them back to the anode. The center of gravity of the anode rotor 
was also placed in the middle between the raceways of the ball 
bearings, to equalize the load. A squirrel-cage motor was placed 
in an extension of the tube frame for high motor  efficiency, all con-
nected to ground potential.

7.3.11 CT Requirements on the Move

As described above, CT has been the driving force for improved 
tube technology since its invention by Hounsfield in the early 
1970s. It experienced a revolution around the turn of the millen-
nium. The installed base of clinical systems went up by an order 
of magnitude during the two decades after 1990. The availabil-
ity of large multi-row detectors ignited a “slice war.” The gan-
try speed doubled within a decade. The demand for CT tubes 
increased substantially, in numbers as well as with respect to 
their performance. Increased detector coverage in the iso-center 
of the scanner resulted in reduced acquisition times. Requirement 
specifications changed dramatically. More than ever peak power 
emerged as a key parameter for cardiac CT and doubled within 
a decade. Tube current at reduced high voltage levels became 
important, as it already had been for general radiography and 
angiography applications. On the other side, the throughput of 
electrical energy per patient halved. The collimation of the X-ray 
beam could be widened such that more photons were captured by 
the detection system. In summary, the average energy through-
put per patient went down, and power and tube current went up.

7.3.12 The Highest Power Density CT Tube 2007

In favor of gaining focal track speed and based on the above 
insights, Philips abandoned the carbon backing of their  premium 

FIGURE 7.24 Philips iMRC® premium performance tube housing assem-
bly for CT. (Image courtesy of Philips.)

FIGURE 7.23 Tube housing assembly of the largest commercial CT tube 
for the GE VCT computed tomography. The tube is oil-cooled and has a 
238 mm graphite-backed tungsten–molybdenum–zirconium anode.

FIGURE 7.22 Siemens rotating frame tube Straton®. (Image courtesy of 
Siemens.)
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tier anode, which otherwise would limit the anode speed of rota-
tion. The iMRC® tube, as shown in Figure 7.24, was born.

A segmented and gradually recrystallized all metal titanium–
zirconium–molybdenum anode with a tungsten– rhenium top 
layer was introduced along with a novel generation of spiral-
groove bearings, now suspended rigidly on both ends to carry 
high centrifugal forces. The bearing design was a challenge. 
Without countermeasures, the “lubricant” liquid metal had two 
ends to escape from the bearing members, which it separated. 
The rotor was put on ground potential along with the anode disc 
to maximize the motor efficiency. Very high focal track speeds 
resulted in the highest available power density capability of 
the focal spot. Heat from backscattered electrons was removed 
by a stationary electron trap. A flat tungsten electron emitter, 
combined with magnetic focusing and deflection, allowed for 
comparatively high tube currents even at low tube voltage. 
This innovation is essential for dose saving in some CT exams. 
Unlike Siemens with their rotating frame tube, Philips opted 
for a straight electron drift path and made use of dual magnetic 

quadrupoles in series complemented by magnetic dipoles for 
deflection. All these improvements resulted in a very high elec-
tron compression factor. As the detector coverage of the CT 
system was enhanced, the physical focal spot had to be short to 
enlarge the anode angle. The high power rating allowed addi-
tion of a relatively thick radiation pre-filter of titanium upstream 
of the patient. Thus, patient dose was reduced despite the higher 
power. In late 2013, with its Vectron® tube, Siemens launched 
a very similar tube type and GE is expected to launch a novel 
tube as well for the top end of the Revolution® CT family.

The journey along the great bow of innovation since 
Conrad Roentgen’s discovery ends – for the time being – with 
Figure 7.25.
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8
Synchrotron Radiation X-ray Sources for 
Radiography and Tomography

Giorgio Margaritondo and Fauzia Albertin

8.1  Introduction to Synchrotrons 
and Free-Electron Lasers

Over almost 50 years, the most advanced applications of X-rays 
progressively shifted from conventional sources to synchrotron 
facilities (Margaritondo 1988, Margaritondo 1995, Bordovitsyn 
and Gushchina 1999, Margaritondo 2002, Wiedemann 2003, 
Willmott 2011, Winick 2012). More recently, the first X-ray 
free-electron lasers (FELs) were commissioned (Emma et  al. 
2010, Saldin Schneidmiller and Yurkov 2010, Margaritondo 
and Rebernik Ribic 2011, Rebernik Ribic and Margaritondo 
2012a,b), starting a new trend for applications that require high 
peak brightness and/or very short pulses.

During this process, the “synchrotrons” evolved from rather 
small facilities to gigantic laboratories, supported by hundreds of 
specialists, serving thousands of users, and housing some of the 
most sophisticated instrumentation in the science and technology 
of today. Their exploitation, unfortunately, often separates users 
from the core operation of the facility and from the underlying 
physics. This prevents many users from fully exploiting the amaz-
ing performances of modern synchrotrons for their research.

There is really no excuse for that, since the physics background 
of synchrotrons is quite simple and its presentation does not 
require a complicated mathematical formalism (Margaritondo 
1995). We present, here, a very simple description with some 
new elements, whose objective is to explain the properties most 
directly relevant to advanced X-ray imaging.
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The chapter is organized in the following way. First, we over-
view the most relevant properties and parameters of synchrotron 
sources. Second, we discuss the physics background of such 
properties, based on elementary electromagnetism and special 
relativity. Third, we deal with X-ray FELs and with their fun-
damental background. Fourth, we review the present evolution 
towards new types of sources besides FELs. Finally, we discuss 
the main characteristics of synchrotron beamlines dedicated to 
imaging techniques. The conclusions deal with the transfer of 
novel imaging techniques to laboratory-based sources, using as 
an example recent research on human heritage (Albertin et. al. 
2015a,b).

8.2  Synchrotron Sources: The Most 
Important Properties

The core of a synchrotron source (see Figure 8.1) is an elec-
tron accelerator of the “storage ring” class (Margaritondo 
1988, Margaritondo 2002). This consists of an injector, where 
 electrons are generated and pre-accelerated to a high energy—
corresponding to a speed close to that of light, c. From the 
injector, the electrons are sent into a closed path inside an ultra-
high-vacuum chamber. The electrons are kept in the closed path 
by a sophisticated system of bending and focusing magnets. 
The very low density of residual gas in the ultrahigh-vacuum 
chamber allows the electrons to keep circulating for tens of 
hours or days.

While circulating along the closed path, the electrons emit 
X-rays that are collected by beamlines (Figure 8.1) and conveyed 
to experimental chambers for a variety of practical applications. 
The emission occurs because of the effects of the magnet systems 
acting on the electrons. The simplest kind of magnet system is a 
bending magnet, that is, one of the devices that bend the trajec-
tories to keep the electrons in a closed path, causing centripetal 

acceleration. In recent decades, two more advanced kinds of 
magnet systems were introduced, undulators and  wigglers—to 
produce X-rays with very high intensity and spectral charac-
teristics not dictated by the trajectory-bending function. In our 
discussion, we will illustrate in detail the differences between 
wigglers, undulators and bending magnets and the main charac-
teristics of these systems.

The electron beam in a storage ring can be operated in two 
ways. In the first case, after the initial injection, the circulat-
ing electrons are progressively lost; this slowly reduces the 
electron beam current until it becomes unacceptably low. At 
this point, a new injection starts producing a new high-current 
electron beam.

In recent years, this operation mode has been replaced in 
the most advanced synchrotron sources by a second approach: 
“top-up.” The electron beam losses are continuously compen-
sated by new injections—so that the electron beam can circulate 
forever. This operation mode produces excellent stability and 
does not limit the duration of the experiments, so it is the most 
 preferable—whenever it is feasible.

The electron motion in the storage ring often corresponds to 
centripetal acceleration. This is the case, for example, when-
ever the trajectory is bent to keep the electrons in a closed path. 
Fundamental electrodynamics shows that a charge subject to 
acceleration must emit electromagnetic waves. This is the cause 
of synchrotron light emission. The emission causes the electrons 
to lose energy: without compensation, they would not be able to 
keep circulating around the ring. The energy loss is indeed com-
pensated by one or more radiofrequency cavities, devices that 
apply an electric field to periodically accelerate the electrons in 
the longitudinal direction.

The electromagnetic waves produced by the accelerated elec-
trons possess outstanding qualities, ideal for many different 
applications. The common cause of such qualities is relativity, 
which comes into play because of the very high speed and energy 
of the circulating electrons. For a typical synchrotron source, the 
corresponding γ-parameter γ = −1 1 2 2/ /v cz —equal to the 
relativistic energy divided by the rest energy moc2 (mo = electron 
rest mass)—has values from 103 to several thousands. Therefore, 
the properties of the emitted synchrotron radiation must take 
relativity into account.

What are these properties? First of all, the spectral range, 
which is typically centered in the short-wavelength X-ray 
region. Second, the extreme angular collimation that confines 
the emission to an exceedingly small range of directions. Third, 
the very small source size. Fourth, the high flux. Fifth, the 
combination of flux and angular collimation produces a very 
high brightness (or brilliance). Sixth, the emission geometry—
source size and angular collimation—corresponds to a high 
lateral coherence, often accompanied by a similarly high lon-
gitudinal coherence. Seventh, the emission has an interesting 
pulsed time structure. Finally, the emission mechanism results 
in a high degree of linear polarization and, in special cases, of 
elliptical polarization.

We shall now proceed to a detailed analysis of each of these 
properties. The analysis is performed for three kinds of emis-
sion devices found along a typical storage ring: bending magnets, 
undulators, and wigglers. Since undulators are the simplest, we 
will begin our discussion with them.

IS

BL
M

EC
BM

U

W 

RC

SR

FIGURE 8.1 Generic scheme of a synchrotron facility. IS = injector 
system; SR = storage ring (under vacuum); RC = radiofrequency cavity; 
BM = bending magnet; W = wiggler; U = undulator; BL = beamline; 
M = monochromator; EC = experimental chamber.



157Synchrotron Radiation X-ray Sources for Radiography and Tomography

8.2.1 Undulator Emission

An undulator (Figure 8.2) is a periodic series of magnets inserted 
along an otherwise straight portion of the closed trajectory of 
the electrons. The Lorentz force caused by the magnets forces 
the electrons to oscillate in the transverse direction, typically 
on the plane of the storage ring. Such oscillations correspond to 
an acceleration and therefore cause the emission of synchrotron 
light waves.

To treat this phenomenon, as for all relativistic effects, we 
must select appropriate reference frames—see Figure 8.3. One of 
them, R, is of course the laboratory frame, where the properties 
of the emission are observed and exploited. The second one is 
the inertial frame R′ that moves along the longitudinal direction 
z with the same speed as the longitudinal electron speed, vz. Note 
one subtle but non-negligible point: R′ is not the reference frame 
of the electron. In fact, the electron is transversally accelerated 
and its own frame is not inertial. Seen in the R′-frame, the elec-
tron is transversally accelerated and emits radiation.

Imagine now that we observe the electron passing through 
the undulator from the point of view of the longitudinal z-axis. 
Its transverse oscillations are reminiscent of those of electrons 
along a radio antenna. Taking (Figure 8.3) the x-direction of the 
R-frame in the plane of the storage ring and the y-direction per-
pendicular to it, we can calculate the transverse oscillations x(t) 
in the following way.

First, we assume that periodic magnetic B-field of the undu-
lator, which is in the y-direction, changes periodically along 
the longitudinal z-direction, in the R-frame, according to the 
equation:
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where L is the undulator period. The Lorentz transformation of 
the electromagnetic field shows that in the R′-frame the y-com-
ponent of the B-field is γBy. But the Lorentz transformation also 
gives an electric field in the x-direction:
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Considering the Lorentz transformation for the time, t = γt′, 
we have:
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This electric field causes a transverse force on the electron 
(whereas the magnetic field does not contribute to this force 

since the longitudinal speed is zero in the R′ frame and so is the 
Lorentz force):
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The corresponding transverse motion of the electron is derived 
from the fundamental equation of relativistic mechanics:
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where ′ = ′ ′p mdx dt  is the relativistic momentum (in the trans-
verse direction) and m the relativistic mass. Note that the trans-
verse motion of the electron in the R′-frame is at low speed, thus 
the mass m approximately equals the electron rest mass mo.

 Therefore:
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corresponding to the transverse motion in the R′-frame:
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This transverse motion is an oscillation similar to that of an 
electron along a radio antenna. It causes, in the R′-frame, the 
classic emission of electromagnetic waves with a power propor-
tional to the square of the acceleration. From Equation 8.7, the 
angular frequency of the emitted waves in the R′-frame is:
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and the wavelength is:
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(8.9)

the last approximation being valid since the electron moves 
longitudinally, in the laboratory frame, nearly at the speed of 
light.

e L 

FIGURE 8.2 An undulator, consisting of a periodic series of magnets (period 
L) that forces the electrons to slightly oscillate in the transverse direction.
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FIGURE 8.3 The two reference frames for the relativistic analysis of an 
undulator.
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Equation 8.9 shows that the emitted wavelength in the R′-frame 
equals the period of the undulator decreased by a factor 1/γ. Since 
γ is pretty large, this decrease moves the emission towards the 
short wavelengths of X-rays. And we shall see below that this is not 
the only factor pushing the emitted wavelengths in that direction.

One simple way to interpret Equation 8.9 is the following. At 
low longitudinal speed, the electron, subject to the undulator, 
would emit waves with a wavelength close to the undulator period 
L. But at relativistic longitudinal speed, the period L is seen by 
the electron decreased by the Lorentz contraction, becoming L/γ.

We must now find the emitted wavelength observed in the labo-
ratory R-frame. Due to the motion of the source—the  electron—
frequency and wavelength are subject to the (relativistic) Doppler 
shift. In the longitudinal direction, the corresponding frequency 
change is by a factor:
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the latter approximation being valid for vz ≈ c; thus:
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which corresponds to the wavelength:
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The implication of Equation 8.12 is clear: thanks to the com-
bination of two relativistic effects, Lorentz contraction and 
Doppler shift, the emitted wavelength observed in the laboratory 
equals the undulator period divided by a very large factor, 2γ2, 
and becomes very small—in the X-ray range. For example, an 
undulator period of 0.1 m and γ = 5 × 103 would give a wave-
length of 20 Å.

8.2.2 Angular Collimation

Relativity is also the key to understanding that the undulator 
emission is concentrated in a narrow cone around the longi-
tudinal direction. We can start again from the emission in the 
R′-frame, where the electron simply oscillates in the transverse 
direction. The emitted wave is the propagation of the pertur-
bation of the electromagnetic field caused by this oscillation. 
Specifically, if the wave propagates along a direction D (Figure 
8.4, top), its electric field (perturbation) occurs in a transverse 
direction, perpendicular to D. The transported power is propor-
tional to the square of the wave electric field. Thus, the power 
emitted in the direction D—at an angle ξ′ from the longitudi-
nal z′-axis—is proportional to the square of the projection of the 
electric field perturbation in the direction perpendicular to D. 
The projection is proportional to cosξ′, thus the power is propor-
tional to cos2ξ′. This is (Figure 8.4, middle) the classical emission 

pattern of a radio antenna, spread over a broad angular range 
from −π/2 to π/2.

However, when observed in the R-frame, this pattern changes 
radically. Note that for a radiation beam traveling at the angle ξ′ 
in the R′-frame:
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where ′cz  is the longitudinal component of the beam velocity. The 
Lorentz transformation changes ′cz  to c c v c v cz z z z z= ′ + + ′( ) ( )/ /1 2  
while not modifying the magnitude c. The angle ξ′ corresponds 
in the R-frame to the angle ξ, given by:
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The limit angles of the cos2ξ′ pattern, ′ = ±ξ πmax /2, thus cor-
respond in the R-frame to the limit angles ξmax = ± cos-1 (vz/c) 
These are very small angles, so that:
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Therefore, as shown in Figure 8.4, bottom, the natural angular 
spread of synchrotron radiation corresponds to ±1/γ, of the order 
of milliradians or less.

Furthermore, another effect makes the angular spread of the 
undulator emission even smaller than that of Equation 8.15. 
One should indeed take into account that the Doppler effect 
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cos2ξ ′

z

y

R

FIGURE 8.4 Top: undulator emission at an angle ξ′ in the R′-frame. 
Middle: classical cos2ξ ′ emission pattern in the R′-frame. Bottom: colli-
mated emission produced by relativity in the laboratory R-frame.
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at an angle ξ is not exactly equivalent to that in the longitudi-
nal direction. The Doppler factor for the frequency becomes 
1/[γ(1 − vz cos ξ/c)] (which equals the longitudinal factor for 
ξ = 0), and the corresponding emitted wavelength is:
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This means that an angular spread from zero to ξmax corre-
sponds to an absolute wavelength spread:
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and to a relative wavelength spread:
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What is the maximum possible value for Δλ/λ? To answer, 
consider that an electron going through the undulator emits a 
radiation pulse with a number of wavelengths equal to the num-
ber of undulator periods, Nu. The pulse length is Nuλ, thus the 
pulse duration is Nuλ/c. The Fourier theorem tells us that this 
corresponds to a wavelength bandwidth:
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Now, the relative bandwidth of Equation 8.18 cannot exceed 
that of Equation 8.19, thus:
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or:
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This is, indeed, a narrower angular spread than that of Equation 
8.15, since the number of undulator periods is high (sometimes 
exceeding 100).

8.2.3 Undulator Emission: Refinements

The simple discussion presented in the previous section can 
be refined in several different ways. For example, one can take 
into account the angular dependence of the emitted wavelength. 
This, in practice, has already been treated: the result is given by 
Equation 8.16.

One could imagine that the angular dependence of Equation 
8.16 could be used to obtain different wavelengths from an undu-
lator. This, however, is not easy since—as we have seen—the 
emitted intensity is practically confined to a small range of 
angles ξ. A much better approach is to use the longitudinal emis-
sion (ξ = 0) and to change λ by exploiting the fact that the emit-
ted wavelength depends on the undulator B-field—thus it can be 
tuned by changing Bo.

The relation between λ and Bo is not predicted by Equation 
8.12 because of the approximations used to derive it. However, 
it can be understood in very simple terms. In the R-frame, the 
emission is due to the transverse oscillations of the electrons 
caused by the Lorentz force. This force cannot make any work, 
thus it conserves the kinetic energy. This means that the onset 
of oscillations with the corresponding transverse speed must 
be compensated by a decrease of the longitudinal speed. Thus, 
the value of vz used to calculate the emitted wavelength must 
be corrected for this decrease. Since the transverse oscillations 
and their velocity increase with Bo, the correction becomes more 
important for larger Bo values.

Semi-quantitatively, we can see from Equation 8.7 that the 
transverse oscillation amplitude is proportional to Bo, and so is 
the transverse velocity vx = aBo, where a is a constant. The longi-
tudinal velocity, which was vz before the application of the undu-
lator B-field, becomes v v v a Bz x z o

2 2 2 2 2− = − . This new value 
must be used to calculate the wavelength based on Equation 8.12, 
which becomes:
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where:
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is the so-called “undulator parameter,” proportional to the B-field 
strength. Equations 8.22 and 8.23 do imply that the emitted wave-
length can be tuned by changing the B-field: this can be accom-
plished by changing either the current for electromagnets or the 
distance between the magnetic poles for permanent magnets.

According to Equation 8.19, an undulator does not emit a sin-
gle wavelength, defined by Equation 8.12 or, more precisely, by 



160 Handbook of X-ray Imaging

Equation 8.22. It instead emits a narrow, but not infinitely small, 
band of wavelengths of width Δλ, centered on the value defined 
by Equation 8.22. This gives another opportunity to tune the 
wavelength: using a monochromator to select the desired value, 
within the bandwidth.

The final refinement of our description of undulators concerns 
the undulator “harmonics.” The emitted wavelength was calcu-
lated above assuming the simple sinusoidal transverse motion of 
Equation 8.7 for the electrons. This motion led to only one fre-
quency (and wavelength) for the emitted wave. But the angular col-
limation of the emission makes the situation a bit more complex.

As shown in Figure 8.5, top, the emitted radiation can be visu-
alized as a very narrow torchlight. If the transverse oscillations 
of the electrons are large—that is, the B-field strength and the 
parameter K have high values—then the detected radiation is not 
sinusoidal but a series of pulses. This is actually the case of a 
wiggler, as we will discuss shortly.

As the B-field becomes weaker—as it is for an undulator—
and the transverse electron oscillations are smaller (Figure 8.5, 
bottom), the pulse series becomes less pronounced. Still, the 
detected wave is not purely sinusoidal. Its Fourier spectrum, as 
a consequence, contains not only the fundamental harmonic but 
also higher harmonics.

The corresponding emitted spectrum is illustrated in Figure 
8.6 for K = 1. As one can see, in addition to the fundamental 
harmonics given by Equation 8.22, there are the odd harmonics 
defined by:
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where n = 1, 3, 5, 7.…

Why only the odd harmonics? The reason is that the Fourier 
analysis of the detected wave should consider the wave (electric) 
field and not the intensity. The detected field consists of a series 
of alternating pulses in opposite directions, whose Fourier trans-
form only contains odd harmonics.

This, however, is strictly true for the longitudinal direction 
(ξ = 0); for other directions, even harmonics can be detected 
besides the odd one. Higher harmonics, even or odd, can be 
exploited to obtain wavelengths spanning a wide spectral range 
from the same undulator.

8.2.4 Bending Magnets

Before the advent of specialized magnet devices like undulators 
and wigglers, most applications of synchrotron radiation relied 
on bending magnets. Such magnets, in fact, are the required stor-
age ring components that control the circulation of electrons: they 
bend the trajectory to keep the electrons within a closed orbit.

The corresponding centripetal acceleration results in the 
emission of synchrotron radiation. In first approximation, this 
phenomenon is similar to the cyclotron emission by electrons cir-
culating along a circular orbit in a constant B-field. The curved 
path within a bending magnet can be regarded as a small portion 
of the circular cyclotron orbit.

In classical terms, the cyclotron frequency is ωc = eB/mo. This 
frequency, however, changes when the electron motion is relativ-
istic. Consider the R′-frame moving with the electron longitudi-
nal speed: the Lorentz transformation of the B-field gives another 
B-field (which produces no force since the longitudinal electron 
speed is zero) plus an E-field of magnitude given by Equation 
8.2. The corresponding force is −eγByvz, corresponding to the 
centripetal acceleration −movz

2/r (r = trajectory radius). This 
gives an angular frequency:

 
′ =ω

γeB
m

y

o  
(8.25)

The corresponding wavelength, again in the R′-frame, is:
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When observed in the laboratory R-frame, this wavelength is 
Doppler shifted by the usual factor 1/(2γ) (in the longitudinal 
direction, Equation 8.10), becoming:
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The same result can be expressed in terms of the trajectory 
radius r, noting that in the R-frame the Lorentz force −evzBy 
equals the relativistic mass γmo multiplied by the centripetal 
acceleration, −vz

2/r, thus:
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FIGURE 8.5 Top: large transverse oscillations produced by a strong B-field 
cause the detection of a series of emission pulses. Bottom: for weaker oscil-
lations, the pulse series tends to a continuously detected oscillating emission.
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FIGURE 8.6 The spectral emission of an undulator in the longitudinal 
direction, with a series of odd harmonics.
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and:
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Equation 8.29 implies that relativistic effects convert the mac-
roscopic magnitude of the bending magnet radius into very small 
wavelengths, in the X-ray range. However, the notion of a single 
emitted wavelength used in the above simplified analysis is not 
correct: let us see why.

First of all, the same arguments used to derive the angular diver-
gence of Equation 8.15 basically apply to bending magnets: the 
emission is confined to a narrow cone of angular width ≈2/γ. As 
shown in Figure 8.7, top, this means that at each passage through 
a bending magnet an electron behaves like an exceedingly colli-
mated torchlight, illuminating a detector only for a very short time.

Specifically, the illumination starts when the light cone first 
reaches the detector and ends when the cone exits the detector—
see Figure 8.7, bottom. The exit occurs because of the combined 
effects of the rotation of the cone and of the decreased distance 
between the electron source and the detector. Suppose that the 
first photons entering the detector were emitted at the time zero: 
the detected pulse begins at the time H/c, where H is the detector–
electron distance when the emission occurred. The cone rotates 
enough to exit the detector in a time τ equal to 2/γ divided by the 
electron angular velocity, vz/r = eBy/(γmo), that is, τ = 2mo/(eBy). 
The corresponding photons take an additional time (H − vzτ)/c 
to reach the detector, giving a total pulse duration:
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One of the consequences of the Fourier theorem is that a pulse 
of this duration has frequency components up to an upper limit 
roughly determined by 1/Δt. Thus, we can expect the emitted 

bending-magnet spectrum to have a broad frequency bandwidth 
with an upper cutoff ≈ γ2eBy/mo. The corresponding wavelength 
band has a lower cutoff at:
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Note that this result is related to that of Equation 8.29: in both 
cases, relativistic effects yield short wavelengths because of the 
large γ-factor.

Figure 8.8 shows the spectra of two different bending-magnet 
sources, exhibiting the low-wavelength cutoff and validating the 
basic conclusions of the above simplified discussion. One should 
note that, traditionally, the critical wavelength λc has not been 
defined as the “cutoff” value as we did above. A more rigorous 
definition is: “the value of λc is such that the power emitted at 
wavelengths <λc is equal to the power emitted at wavelengths 
>λc.” With this definition, one can show that the expression for 
λc becomes:
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which differs from Equation 8.31 only for the numerical propor-
tionality factor.

8.2.5 Wigglers

Like an undulator, a “wiggler” is a periodic series of magnets. 
The difference is in the bigger magnitude of the transverse elec-
tron oscillations, due to a stronger B-field. In order to quantify 
this notion, consider the emissions caused by the individual 
undulations or “wiggles,” referring again to Figure 8.5.

In the case of an undulator (Figure 8.5, bottom), the “wiggles” 
are not sufficient to bring the emitted light cone outside the 
detector. Instead of a series of short pulses of synchrotron light, 
the detector “sees” a longer pulse during the entire passage of the 
electron. Such a long pulse corresponds to a narrow frequency 
bandwidth, and therefore to a narrow wavelength bandwidth: the 
nearly-monochromatic emission typical of undulators.

The underlying physical mechanism is that the waves emitted 
during the individual “wiggles” combine constructively: this is 

Detector 
Bending
magnet 

≈2/γ

H

Pulse starts 

Pulse ends 

FIGURE 8.7 Top: the “torchlight” emission causes a detected pulse each 
time an electron passes through a bending magnet. Bottom: calculation of 
the pulse duration and of the corresponding emitted wavelength band.
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FIGURE 8.8 Spectral emission of two different bending magnets for two 
different values of the parameter γ.
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possible because of the small magnitude of the “wiggles.” The 
contrary is true for a wiggler: the transverse oscillations are large 
and the wiggles act as individual emitters. As seen in Figure 8.9, 
bottom, this produces a series of short synchrotron light pulses 
rather than a single, long one. In turn, the short pulses corre-
spond to broad frequency and wavelength bandwidths.

These properties are normally treated in terms of the undula-
tor K-parameter, presented above. The parameter is proportional 
to the B-field strength, and therefore related to the magnitude of 
the transverse oscillation. Low K-values correspond to undula-
tors, and larger ones to wigglers.

This transition, however, is quite fuzzy. K-values below one 
are pretty much in the “undulator” regime, and those above two 
to three in the “wiggler” regime. However, devices in the inter-
mediate K-range share the characteristics of both wigglers and 
undulators.

From the above discussion, one can realize that each “wiggle” 
of a wiggler acts essentially as a banding magnet source—and a 
wiggler is like a series of individual bending magnets. One may 
ask a question: why bother building wigglers if bending magnets 
are automatically available?

There are two main reasons. First, a series of bending mag-
nets produces a higher flux than an individual one. Second, a 
wiggler can have characteristics—like the B-field strength—
that one cannot find in a normal bending magnet. Indeed, the 
primary scope of a bending magnet is to keep the electrons in 
a closed trajectory. This mission dictates the bending magnet 
characteristics—whereas a wiggler has no such constraints. 
For example, wigglers can be used to produce very short wave-
lengths not delivered by the ordinary bending magnets in the 
ring lattice.

8.2.6 Source Size

The spectral emission makes the different types of synchrotron 
sources very useful for a wide variety of applications. However, 

in many cases, the spectral features are not sufficient: a good 
source must possess other virtues, and in particular, good geo-
metric characteristics.

Such characteristics include angular collimation and a small 
source size. We already saw that the emission process makes 
synchrotron radiation very collimated. What determines the 
source size?

The electrons themselves are irrelevant, since their dimension 
is extremely small. For an undulator or a wiggler, the electrons 
oscillations contribute to the source size in the transverse direc-
tion. For a bending magnet, the horizontal source size is deter-
mined by the acceptance angle of the corresponding beamline. 
Could one assume that the source size in the vertical direction is 
infinitely small? Likewise, could one neglect the source size for 
an undulator or a wiggler in the direction perpendicular to the 
oscillations?

The answer is negative in both cases because of a factor that 
we did not yet consider: the cross-section of the electron beam 
circulating in the ring. This cross-section is caused by the differ-
ences between the trajectories of individual electrons.

In an idealized case, one could (wrongly) imagine that all 
electrons circulate around the ring following the same path, the 
“reference trajectory.” But this is not true. First, the accuracy of 
the systems that control the electron trajectory is not infinite. 
And there is another important factor: synchrotron emission 
itself.

Indeed, the emission is a stochastic process: during one turn 
around the ring, a given electron may or may not emit one 
 photon—or more. If it does, it loses energy that is restored only 
later, when the electron passes through the radiofrequency cav-
ity. Because of the energy loss, the electron no longer follows the 
“reference trajectory.” And the electron bunch does not have an 
infinitely small size in any direction.

Even so, the transverse beam size remains very small, a few 
microns or even less. Likewise, the angular deflections from the 
reference trajectory are extremely limited. This is a remarkable 
result of modern accelerator science. If a car could be controlled 
with similar accuracy, it would not deviate from its ideal trajec-
tory by more than 0.01 mm over 10 km!

8.2.7 Emitted Flux

How much radiation is actually produced by a synchrotron 
source? A very high flux indeed, basically for two reasons.

First, the emission is not limited by possible source damage 
as in conventional X-ray sources. In a normal anode source, 
the emitters are electrons bound to a solid that can be melted 
by high power. On the contrary, in a storage ring the electrons 
are “free”—that is, circulating in vacuum and not attached to a 
solid—so the source damage is not an important limiting factor.

Second, one must consider again the effects of relativity. 
Consider again Equation 8.7 for undulators (a similar logic can 
be used for bending magnets and wigglers). We can readily see 
that the corresponding acceleration is proportional to γBo. The 
emitted power, being proportional to the square of the accelera-
tion, is proportional to γ2Bo

2.
For bending magnets, one can express this result in terms of 

the curvature radius r. Indeed, considering Equation 8.28, we 
conclude that:
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FIGURE 8.9 Top: for each passage of an electron bunch, an undulator pro-
duces a rather long emitted pulse (left) corresponding to a narrow wavelength 
bandwidth (right). Bottom: a wiggler produces, instead, a series of short 
detected pulses (left) corresponding to a broad wavelength bandwidth (right).
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Total emitted power ∝

γ 4

2r  
(8.33)

Therefore, the overall emission increases as the fourth power 
of the electron energy! The resulting, extremely high power is not 
always an advantage, since it creates severe stability problems 
for the optical components of a beamline—in particular its front-
end—and even for the specimens. Without appropriate cooling 
and other measures, the raw power of synchrotron radiation can 
actually melt the exposed surfaces!

8.2.8 Brightness

We already argued that the quality of a radiation source is deter-
mined both by its power and by its geometry. Can we account 
for all factors with a comprehensive parameter? The best is the 
brightness (or brilliance) b. This parameter can be understood 
with intuitive arguments but, as we shall see, also has fundamen-
tal physical roots.

Consider, by analogy, a source like a laser pointer. Its qual-
ity is related to the emitted flux F, which must be high enough 
for the spot to be visible (but not too high, to avoid eye dam-
age). However, a high flux is not sufficient. The pointer must also 
convey the flux into a small spot with a highly collimated light 
beam. Thus, the overall quality depends not only on the flux 
but also on the source size and on the angular divergence. The 
overall quality improves if these last two geometric parameters 
become smaller.

This naturally leads to the definition of brightness used for all 
radiation sources including synchrotrons. Calling Σ the source 
area and Ω the two-dimensional (solid) angular divergence, we 
have:

 
b

F
∝

ΣΩ  
(8.34)

However, for many synchrotron applications, the most inter-
esting aspect is not the overall brightness, but its value within a 
given wavelength band of width Δλ, corresponding to a relative 
bandwidth Δλ/λ. This is the so-called “spectral brightness:”

 
b

F
λ

λ
λ λ

∝
( )

( )ΣΩ Δ /  
(8.35)

where F(λ) is of course the flux emitted within Δλ. The most 
common units for this parameter are, in the case of synchro-
trons, photons per second per mm2 per mrad2 for a 0.1% relative 
bandwidth.

The spectral brightness of synchrotron sources is very high, 
not only because of the high flux but also thanks to the small 
source size and to the small angular divergence. Note, however, 
that in many cases (e.g., for bending magnets) the horizontal and 
vertical directions x and y are not equivalent as far as these geo-
metric parameters are concerned. It is thus preferable to identify 
the specific contribution to the brightness of each direction:
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F
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(8.36)

where σx is the source size along x, σξ the angular spread in the 
same direction (ξ denotes as above the angle in the plane xz), and 
σy and σψ are the corresponding quantities for the direction y. 
The products εx = σx σξ and εy = σy σψ are the so-called “emit-
tances” for the directions x and y. Therefore, a “low-emittance” 
source is a synonym of a source with high brightness.

The emittances of a synchrotron source are determined 
both by the emission process and by the electron beam geom-
etry: deviations from the reference trajectory indeed contribute 
not only to the source size but also to the angular spread. One 
can describe these latter contributions in terms of the “electron 
emittances,” parameters similar to the photon emittances that 
describe the electron beam geometry. The overall source emit-
tances are the combinations (more specifically, the convolutions) 
of the electron emittances with the emittance contributions from 
the emission process.

There is an important fundamental background for all these 
notions. One can treat the real space coordinates x and y, together 
with the angular coordinates ξ and ψ, as a “phase space.” This 
space possesses an important geometric property, the “Liouville 
theorem:” the overall emittances remain constant during the evo-
lution of a physical system—in our case the X-ray beam—in phase 
space. Coupled with the conservation of energy (i.e., neglecting 
the losses due, for example, to reflections), this means that the 
brightness remains constant along a synchrotron beamline.

This fundamental property has very practical implications. 
For example, a focusing device can change the source size but 
not the emittance; therefore, it causes an increase in the angular 
spread. And, in general terms, to concentrate radiation in a small 
spot, it is better to start with a low-emittance source, having a 
small size and a small angular spread.

The decrease of the source emittance was the target of decades 
of efforts in the development of new synchrotron sources. The 
consequences for brightness are rather spectacular. Figures 8.10 
and 8.11 show, for example, the spectral brightness curves for 
three different modern sources and the evolution of the bright-
ness over the 13 decades. We can appreciate that the historical 
increase of brightness is not saturating: more specifically, the 
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FIGURE 8.10 Spectral brightness of different sources at the ELETTRA 
facility in Trieste.
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peak brightness (to be distinguished from the time-averaged 
brightness) is currently being boosted by the new FEL sources.

8.2.9 Coherence

The discussion of the emission geometry is directly relevant to 
another property that is very important for X-ray imaging: coher-
ence. Indeed, many of the most powerful new radiology tech-
niques, generically denominated “phase contrast,” are based on 
coherence.

For an elementary introduction to this property, we can start 
from our everyday experience. When we observe the effects of a 
source of light, in most cases we see trivial phenomena like illu-
mination or penumbra. But, in some rare cases, we observe more 
exotic effects like the interference fringes of a thin soap layer. 
The difference between the two cases is linked to the source 
quality called, indeed, “coherence.”

One can loosely define coherence as “the property that makes 
it possible to observe effects related to the phase of the waves, 
like interference or diffraction.” Consider, for example, the 
interference fringes produced by a beam of light with only one 
wavelength λ, emitted by a point source, after passing through 
a screen with two slits (Figure 8.12). Constructive interference 
occurs when the optical path difference between photons passing 
through the two slits equals an integer number of wavelengths. 
Thus:

 optical path difference = ≈ =A A nsinξ ξ λ1 1  (8.37)

where A = distance between the slits, and n = 1, 2, 3,… The 
angular distance between the central (n = 0) bright fringe and 
the next (n = ±1) fringes is:

 
ξ

λ
1 =

A  
(8.38)

Assume now that the source does not emit only the wavelength 
λ but a band of wavelengths of width Δλ, centered at λ. The 
“blurring” of the wavelength corresponds to a “blurring” of the 
angular distance of Equation 8.38:
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(8.39)

When the blurring becomes comparable to the angular dis-
tance itself, individual fringes are no longer visible. Therefore, 
the condition for seeing the fringes is, from Equations 8.38 
and 8.39:
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(8.40)

or:

 

Δλ
λ

≤ 1
 

(8.41)

This condition is known as “sufficient longitudinal coherence” 
or “sufficient time coherence.”

If we take the condition of Equation 8.41, we can write it as:
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(8.42)

The quantity:

 
Lc =

λ
λ

2

Δ  
(8.43)

is called the “coherence length;” thus the condition for longitudi-
nal coherence is that:

 Lc ≥ λ  (8.44)

therefore, phase-related phenomena are no longer visible if the 
coherence length is shorter than the wavelength.

This is not, however, the only condition for seeing the fringes. 
Assume, in fact, that the source is not a point but has a finite 
size σx along the x-direction (defined in Figure 8.12). This would 
again “blur” the angular distance of Equation 8.38. In fact, the 
optical path in Equation 8.37 would have a spread caused by the 
different optical paths between the different points of the source 
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and the two-slit system. If D is the average length of this path 
(i.e., the average distance between the source and the slits), the 
corresponding angular blurring for the fringes is:

 
Δξ

σ
1 ≈ x

D  
(8.45)

Once again, the condition for observing the fringes is that Δξ1 
does not exceed ξ1:
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(8.46)

or:
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(8.47)

This is the condition of “sufficient lateral coherence” or “suf-
ficient space coherence” for the x-direction, complementary to 
that of longitudinal coherence.

Generalizing now from the two-slit system to diffraction phe-
nomena by any physical object, we can realize that such phenom-
ena are visible as long as the size of the object is small enough 
to satisfy a condition like Equation 8.47. Considering both trans-
verse directions x and y and the corresponding source sizes σx 
and σy, Equation 8.47 leads us to the notion of “lateral coherence 
area”:
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(8.48)

Phase-related phenomena are detectable if the objects caus-
ing them, that is, the slits, fall within Γc. Note that this is not an 
absolute condition but one that depends on the distance from the 
source, D.

The above discussion shows that a source is characterized 
by two different kinds of coherence: the “lateral coherence” or 
“space coherence” defined by the lateral coherence area, and 
the “longitudinal coherence” or “time coherence” defined by the 
coherence length. Both kinds of coherence are important as far 
as the practical detection of phase-related effects is concerned.

Combined together, the coherence area and the coherence 
length define the so-called “coherence length:”

 
V L

D D
c c c

x y x y
= =


















 =Γ

2 2 2 2 4λ
σ σ

λ
λ

λ
σ σ λΔ Δ

 
(8.49)

This is an effective parameter to simultaneously describe all 
kinds of coherence. Another important parameter is the “coher-
ent power.” Suppose that the (solid) angular divergence of the 
source is σξσψ. Only a portion of its emission can contribute 
to phase-related phenomena: the portion corresponding to the 
coherence area. The related solid angle at the distance D is 
Γc/D2. Thus, the fraction of the emission that participates in 
phase effects is the:
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(8.50)

This result, together with Equation 8.49, is the key to under-
standing the recently increasing importance of coherence-
related effects in synchrotron radiation. First of all, we see that 
in all the relevant parameters there is a power of the wavelength 
λ2 or λ4. This means that reaching a high coherence level, 
that is, a large coherence volume and a large coherent power, 
is much more difficult for short-wavelength X-rays than for 
 visible radiation. As a consequence, coherence-related effects 
were almost ignored in the first century after the discovery of 
X-rays.

Equations 8.49 and 8.50 show why this situation radically 
changed after the advent of synchrotron sources. Indeed, the 
decrease in the emittances that paved the way to the increase in 
brightness had a byproduct: the boost of the coherence parame-
ters. The improvements in the source geometry—size and angu-
lar spread—are now producing excellent coherence levels that 
open up outstanding new opportunities in X-ray imaging.

What is the limit of this improvement? Consider Heisenberg’s 
uncertainty principle applied to the transverse position x and to 
the transverse momentum px of a photon as it leaves the source:

 Δ Δx p hx ≥  (8.51)

Here, the position uncertainty corresponds to the source size, 
Δx = σx. The momentum magnitude is h/λ, and Δpx is given by 
the angular spread σξ:
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so that Equation 8.51 implies:
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or:
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 (8.54)

thus, the product of source size and angular divergence cannot be 
pushed below one wavelength. This quantum result is equivalent 
to the classical-optics Abbe’s “diffraction limit” (Helmholtz and 
Fripp 1876) that sets an absolute minimum for the resolution of 
conventional microscopes.

A source reaching this limit is said to be “fully coherent.” The 
most advanced storage rings are now fully coherent in a large 
portion of their emitted wavelength spectrum. This means that 
the coherence volume and the coherent power are very large; in 
particular, the coherence volume contains a very large number 
of photons and can produce phase-related phenomena that were 
formerly difficult to detect or simply undetectable.
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8.2.10 Time Structure

The dependence on time of the emission is a relevant param-
eter for time-resolved applications, including X-ray imaging. 
One should note, however, that for experiments not seeking time 
resolution the time structure is irrelevant: the radiation can be 
considered as practically constant (for top-up operation) or very 
slowly decreasing.

What is the time structure? The emitted synchrotron radiation 
consists of pulses. These are not produced by the passage of indi-
vidual electrons though the source point. In fact, the electrons 
circulating in the ring are grouped in bunches, and each pulse is 
collectively produced by the electrons in one bunch.

What causes the formation of bunches? We have seen that 
radiofrequency cavities along the ring are required to restore the 
energy lost by the electrons as they emit synchrotron radiation. 
A radiofrequency cavity applies an accelerating electric field—
a “kick”—each time a bunch of electrons passes through it. 
Assume, for simplicity, that only one electron circulates around 
the ring: the cavity must “turn on” at each passage of this electron. 
The typical ring circumference is several hundred meters, and the 
electron speed is ≈c, so the period of the cavity is of the order of 
104 s, indeed falling in the radiofrequency range.

The electrons that do not pass through the cavity when it is 
turned on cannot steadily circulate around the ring. This explains 
the formation of bunches and the corresponding time structure of 
the emission.

As shown in Figure 8.13, a typical time structure for bending-
magnet emission consists of short pulses separated by a longer 
period of time. The length of each pulse essentially corresponds 
to the length of each electron bunch divided by the longitudinal 
velocity, ≈c. The distance between pulses depends on the length 
of the ring and on the number of bunches that circulate around 
it. This number—as well as the bunch length—can be changed 
to respond to the needs of specific experiments. Typical values 
are 10−10 s (100 picoseconds) for the pulse duration and 10−9 to 
3 × 10−7 s (1–300 nanoseconds) for the pulse separation.

8.2.11  Polarization, Linear and Elliptical

Polarization is again a direct consequence of the radiation emis-
sion mechanism. Consider a bending magnet. In the laboratory 
R-frame, the motion of electrons is a portion of a circular curve. 
Seen from the horizontal plane of the storage ring, this appears 
as a straight line. It is easy to realize, therefore, that the polariza-
tion of the bending-magnet radiation emitted in the same plane is 
linear, with the photon electric field in the transverse x-direction.

The polarization, however, changes when radiation is not 
detected in the horizontal plane but at a finite angle with respect 
to it. Qualitatively, the electron appears to move along a por-
tion of an elliptical trajectory and produces elliptically polarized 
emission. Using this simple approach, one can also understand 
that the helicity (the rotation direction of the photon electric vec-
tor) is opposite for observation directions above and below the 
horizontal plane.

For a standard undulator or wiggler, the polarization is sim-
ply linear. This can be qualitatively understood in two different 
ways. First, in the R′-frame the electron behaves like a linear 
oscillator and produces linearly polarized radiation in all direc-
tions, like a straight radio antenna. Using the laboratory R-frame 
instead, the electrons move in a sinusoidal-like trajectory. We 
could imagine each half period of the sinusoidal path as simi-
lar to one-half of an elliptical trajectory, therefore producing 
elliptical polarization. But this is not entirely true, since for the 
subsequent half period the helicity changes and the nonlinear 
polarization components cancel out—leaving only linear polar-
ization in all directions.

How can we obtain elliptical polarization from a synchrotron 
source? Could we, for example, simply collect the emission of a 
bending magnet at a finite angle with respect to the horizontal 
plane? This is possible, but this is not an effective solution since 
the overall intensity decreases very rapidly as the angle from the 
horizontal plane increases.

The best alternative way is to use undulators or wigglers 
that do not simply produce transverse oscillations in only one 
direction, but more complicated paths such as elliptical spirals 
(helices). This solution has been successfully implemented in 
different synchrotron facilities.

8.2.12 Practical Performances

The characteristics of modern synchrotron sources are really 
amazing from many different points of view. The emission mech-
anism explained above produces, first of all, a very high power: 
for example, the 2.4 GeV storage ring SLS (Swiss Light Source) 
yields 0.2 MW. Such a power level, if unfiltered, is capable of 
damaging, melting, or vaporizing uncooled solids in its path.

This emitted power originates from a small source area and is 
highly collimated, thus producing a high brightness. Figures 8.10 
and 8.11 give an idea of the corresponding levels. In the case of 
SLS, the best undulator sources produce a brightness exceeding 
1020 photons/(sec mm2 mrad2) per 0.1% bandwidth.

The typical source size is very small, contributing to the high 
brightness. Typical values are a few micron or a few tens of 
microns (see again Section 8.2.6).

8.3 X-ray Free-Electron Laser (FEL) Sources

The main properties of a synchrotron source, in particular small 
size, angular collimation, and high brightness, may justify a 
question: is it a laser? The answer is negative, even if the term 
“laser” is not univocally defined. This name is indeed an evo-
lution of the term “maser,” acronym for “microwave amplifier 
by stimulated emission of radiation,” in which “light” replaces 
“microwaves.” Strictly speaking, therefore, a laser is a device 
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FIGURE 8.13 The typical time structure of bending-magnet emission.
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exploiting (optical) amplification and the phenomenon of stimu-
lated emission, that is, the emission of radiation triggered by pre-
viously existing radiation.

In that sense, a synchrotron source is not a laser. But there is 
another class of sources that partially matches the above defi-
nition: the FELs (Emma et al. 2010, Saldin, Schneidmiller and 
Yurkov 2010, Margaritondo and Rebernik Ribic 2011, Rebernik 
Ribic and Margaritondo 2012a,b). Although not based on stimu-
lated emission, FELs do exploit optical amplification, partially 
justifying the name “laser.” Initially implemented for infrared 
radiation, FELs have been recently extended to X-rays (Emma 
et al. 2010), producing unprecedented levels of peak brightness 
and other outstanding performances.

In order to understand the basic FEL mechanism, consider 
Figure 8.14. We see there a hypothetic radiation-emitting object: 
a bunch of electrons with an internal structure consisting of peri-
odically arranged planes perpendicular to the longitudinal direc-
tion. Suppose that this object enters a wiggler: contrary to an 
unstructured bunch, the emitted waves combine constructively, 
as long as the period of the series of planes equals the wavelength 
λ. But can this mechanism produce optical amplification, that is, 
the progressive intensity growth of a pre-existing wave?

The answer is positive and we can see why with a simple 
analysis (Margaritondo and Rebernik Ribic 2011, Rebernik 
Ribic and Margaritondo 2012a,b). From the discussion leading to 
Equation 8.7, we saw that an electron traveling in the wiggler (or 
undulator) oscillates in the transverse direction. We can call vx 
the corresponding transverse velocity in the laboratory R-frame. 
Suppose now that the electron travels together with a pre-existing 
wave of intensity I, moving in the longitudinal direction. If the 
wave (transverse) electric field is in the x-direction, its force can 
produce work. The corresponding power is proportional to the 
product of the electric field strength and of vx.

If the relative phase of the wave with respect to the electron 
oscillation is right, then the work and the power are negative: the 
electron transfers energy to the wave, amplifying its intensity. 
The energy transfer rate is given by the (negative) power, propor-
tional to the wave field and therefore to I . We could thus imag-
ine that the intensity would obey a law dI dt I/ ∝ , or, since 
z = vzt, dI dz I/ ∝ . The wave intensity would then increase as 
z2. This would give amplification, but not the one observed for an 
FEL—for which the z-dependence is exponential and not qua-
dratic (Margaritondo and Rebernik Ribic 2011, Rebernik Ribic 
and Margaritondo 2012a,b).

The cause of this discrepancy is one fact neglected in the 
above analysis: the creation of the periodically-arranged sheets 
of electrons. Why does this occur? The answer is again found 
in the wave–electron interaction. This time, we must consider 
not the electric but the magnetic field of the pre-existing wave. 
The combination of the transverse magnetic field with the trans-
verse electron velocity causes a longitudinal Lorentz force. As 
shown in Figure 8.15, this force “pushes” the electrons towards 
the nodes of the wave, transforming the unstructured electron 
bunch into a periodic series of planes, with period λ.

As the Lorentz force is proportional to the wave magnetic field, 
and therefore to I , the number of electrons in the planes—
which contribute to the wave amplification—is also proportional 
to I . Thus, the above-derived intensity change must be cor-
rected, becoming:
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(8.55)

which indeed gives an exponential law, as shown in Figure 8.16:
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where LG is called the “gain length” of the FEL.
The optical amplification, however, cannot go on forever as 

the electron bunch travels through the wiggler. The reason can 
be qualitatively understood in simple terms (Margaritondo and 
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FIGURE 8.14 Coordinated emission by a structured electron bunch in a 
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field of a previously emitted wave (dashed arrows) interacting with the trans-
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magnetic field (not shown).

I

Distance

Exponential
amplification

Saturation

Io

LG LS

FIGURE 8.16 Intensity increase along a free-electron laser (FEL), with 
amplification in the beginning, then saturation.



168 Handbook of X-ray Imaging

Rebernik Ribic 2011, Rebernik Ribic and Margaritondo 2012a,b). 
We have seen that the amplification corresponds to the transfer 
of energy from the electrons to the pre-existing wave. In turn, 
this transfer occurs only under specific conditions for the relative 
phase of the transverse oscillation with respect to the wave—that 
must correspond to a negative work. These conditions are related 
to a given value of the electron energy.

But, as the electrons transfer energy to the wave, their own 
energy decreases and the conditions for negative work progres-
sively disappear. Eventually, the energy transfer can actually 
occur in the opposite direction, from the wave to the electron. 
This puts an end to the amplification and to the related exponen-
tial increase of the wave intensity, as seen in Figure 8.16.

A good design for an FEL must take into account the satura-
tion mechanism. The length of the wiggler can be selected to be 
close to the distance at which saturation occurs—the so-called 
“saturation length” LS—so as to exploit the amplification mecha-
nism as much as possible.

8.3.1 Elements of FEL Theory

The empirical notions of the previous sections can be rigorously 
derived from theory, either at an advanced level (Pellegrini 2010, 
Saldin, Schneidmiller and Yurkov 2010, Geloni, Kocharyan and 
Saldin 2011, Amann, 2012, Svetina et al. 2013) or with simplified 
formalism (Margaritondo and Rebernik Ribic 2011, Rebernik 
Ribic and Margaritondo 2012a,b). We present here some of the 
main conclusions.

First, the emitted wavelength and the wavelength bandwidth 
are the same as those previously derived for undulators and 
 wigglers—see Sections 8.2.1 through 8.2.3. Second, the gain 
length that characterizes the optical amplification according to 
Equation 8.56 can be expressed as:
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L
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(8.57)

where L is, as before, the wiggler period, and ρ is the so-called 
“Pierce parameter:”
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where Bo is again the wiggler B-field amplitude, i the electron 
beam current and Σ the electron bunch cross-section. Note that 
the optimization, that is, minimization, of the gain length is not 
a trivial problem. In fact, Equations 8.57 and 8.58 show that LG 
is proportional to L−1/3. However, LG cannot simply be decreased 
by freely increasing the wiggler period, since this parameter also 
determines the emitted wavelength.

As to saturation, one can demonstrate (Pellegrini 2010, Saldin, 
Schneidmiller and Yurkov 2010, Geloni, Kocharyan and Saldin 
2011, Margaritondo and Rebernik Ribic 2011, Amann 2012, 
Rebernik Ribic and Margaritondo 2012a,b, Svetina et al. 2013) 
that:

 L L LS G G= ≈4 3 22π  (8.59)

8.3.2 Why Most Wigglers Do Not Behave Like FELs

The above analysis may generate the doubt that the amplifica-
tion mechanism is present for all periodic series of magnets in 
a synchrotron facility. This is not true, however: amplification 
requires special devices. There are several reasons for that: first, 
the amplification depends on the fine structure of the electron 
bunch, a structure that must be created and preserved. This 
imposes stringent conditions, for example, on the quality of the 
magnets and on the electron trajectories, which must originate 
from a very small electron source.

Furthermore, the trajectories are influenced by the stochastic 
emission of synchrotron radiation. Controlling this effect is dif-
ficult for storage rings, since the electrons have a long previous 
history of emission. The solution is much easier—in particular 
for X-ray FELs—for linear accelerators (LINACs). Indeed, in a 
LINAC, the electrons pass only once and have a very short previ-
ous history of emission.

Why, however, are X-ray FELs much more difficult to imple-
ment than infrared FELs? In fact, several decades passed 
between the commissioning of these two kinds of sources. This 
may look like a paradox. After all, the FEL mechanism involves 
microstructuring the electron bunch by shifting electrons inside 
it. Specifically, this requires moving the electrons by a distance 
comparable to the wavelength, which is much shorter for X-rays 
than for infrared waves.

The solution for this paradox is provided by relativity. Seen 
in the laboratory R-frame, the Lorentz force produced by the 
electron transverse velocity and by the magnetic field of the 
pre-existing wave causes a longitudinal acceleration. This accel-
eration is inversely proportional to the “longitudinal relativistic 
mass” γ3mo—a controversial, but nevertheless useful, concept. 
And we have seen (e.g., Equation 8.12) that the typical emitted 
wavelength of a wiggler is inversely proportional to γ2. Thus, to 
emit short-wavelength X-rays, one needs large values of γ, cor-
responding in turn to large longitudinal masses.

In simple words, to implement the FEL mechanism for X-rays, 
one must shift the electrons inside the bunch by a very short 
distance. But these electrons are very heavy in the longitudinal 
direction and therefore difficult to move around. Overall, the sec-
ond factor prevails and makes X-ray FELs much more difficult to 
implement than infrared FELs.

8.3.3 FEL Operation

There are, in practice, two ways to exploit the FEL amplifica-
tion: self-amplified spontaneous emission (SASE) (Pellegrini 
2010) or “seeding” (Geloni, Kocharyan and Saldin 2011, Amann 
2012, Svetina et al. 2013)—see Figure 8.17. To understand SASE, 
imagine an unstructured electron bunch entering a wiggler. The 
first waves are emitted, and their interaction with the electrons 
starts structuring the bunch. Amplification begins, so that the 
wave intensity increases.

The amplification occurs only if the relative phase of the wave 
and of the electron oscillation is right. Therefore, only certain 
initially emitted waves can produce an amplified, intense wave 
at the end of the wiggler. This point explains the mechanism but 
is also the main limitation of the SASE approach.

In fact, the initial wave emission as the electron bunch enters 
the wiggler is a stochastic process, which changes from bunch 
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to bunch. This means that the time shape changes from pulse to 
pulse—see again Figure 8.17. The corresponding Fourier spectra 
are also different, and the overall wavelength bandwidth Δλ is 
broad. According to Equation 8.47, this limits the longitudinal 
(time) coherence.

What are the practical consequences? For example, the shape 
fluctuations from pulse to pulse complicate the use of the FEL 
for time-resolved experiments, in which the emitted pulse is 
used as the time reference. Fortunately, the “seeding” approach 
of Figure 8.17, bottom, solves these problems.

The strategy consists (Geloni, Kocharyan and Saldin 2011, 
Amann 2012, Svetina et  al. 2013) of sending in the wiggler, 
along with the electron beam, a weak radiation pulse of con-
trolled shape produced by an independent emitter. This pulse is 
amplified by the FEL mechanism, yielding a significantly higher 
longitudinal coherence than SASE.

8.3.4 X-ray FELs and Imaging

One interesting question stemming from the wonderful progress 
in FEL technology is: how can these sources impact X-ray imag-
ing techniques? To respond, we must consider the three most 
important FEL characteristics: exceptionally high peak bright-
ness, full lateral coherence, and the short pulse duration.

The peak brightness can be exploited for mechanisms that are 
not linear with respect to the intensity, like two-photon absorp-
tion. At present, however, such mechanisms do not play a sig-
nificant role in imaging techniques. Such techniques primarily 
exploit the high signal-to-noise ratio, produced by the high aver-
age brightness. The X-ray FELs do increase the average bright-
ness with respect to previous sources, but not as dramatically as 
the peak brightness.

Lateral coherence is certainly important for imaging. In fact, 
all techniques related to the phase, such as phase contrast, can 
profit from the coherence of X-ray FELs—that reach the diffrac-
tion limit in their entire spectral range.

The short duration (in the femtosecond range) of the FEL 
pulses can be exploited by techniques that seek time resolu-
tion by using the pulses as the “start” time—including imaging 

approaches. The price, however, is the possible damage inflicted 
on the specimen by the extreme peak brightness.

Concerning this last point, one could adopt an interesting 
strategy, conceived for protein crystallography but possibly 
suitable for imaging. This consists of accepting the damage but 
taking the images in a time short enough to monitor the cor-
responding effects. This approach, based on the ultrashort pulse 
duration, seeks to retrieve the original features of the undamaged 
object from images taken during specimen explosion. The efforts 
currently dedicated to one-shot FEL imaging (Capotondi et al. 
2013) should assess the feasibility and possible limitations of this 
approach.

8.4 Other Types of Advanced Sources

The spectacular advances of X-ray FELs have captured much of 
the attention in recent years. However, significant progress was 
also made in other directions that must be mentioned due to their 
possible impact on imaging techniques.

8.4.1 Ultrabright Storage Rings

These are not entirely new sources, but new versions of existing 
ones. In many cases, a careful revision of the original magnet 
lattice reveals that modifications, ranging from very simple to 
rather complex, can boost the brightness above the previous lev-
els. One example of the first kind was the storage ring Aladdin 
of the Wisconsin Synchrotron Radiation Center (Moore et  al. 
2002), the birthplace of accelerators fully dedicated to syn-
chrotron radiation (Margaritondo 2008). Regrettably, after the 
increase in brightness, the facility was closed down because of 
lack of financial support.

More permanent will be the benefits of the brightness boost 
of other synchrotrons. Perhaps the most relevant is the European 
Synchrotron Radiation Facility (ESRF) in Grenoble (Revol et al. 
2014). Its reshaping is a stellar example of how a “senior” facility 
can have a new birth with the support of users, including those 
in X-ray imaging.

8.4.2 Energy-Recovery Machines

We already discussed the advantages of LINACs over storage 
rings—because of their lack of history of previous radiation 
emission that “warms up” the electron beam. Why, then, are 
LINACs not used more extensively as light sources?

The reason is the high cost. Basically, a storage ring uses a 
certain amount of operation money to create an electron beam, 
which then circulates for hours or days. The prorated cost for 
each use becomes, therefore, quite reasonable. The same is true 
for storage rings operating in the “top-up” mode.

A LINAC, instead, uses each beam only once, and the money 
needed to produce the beam makes its use very costly. Can this 
cost be decreased in some way? This is the objective of “energy 
recovery” machines (Bilderback, Hoffstaetter, and Gruner 2010).

The strategy consists of avoiding the loss of all the energy 
given to the electrons, by recovering part of it with adequate 
instrumentation during the electron deceleration. The energy can 
then be re-injected in the accelerator system and used to offset 

SASE Emission

Time

Seeding Emission

Time

FIGURE 8.17 Top: the self-amplified spontaneous emission (SASE) 
mode of free-electron laser (FEL) operation, based on the amplification of 
the radiation initially emitted when the electron bunch enters the wiggler. 
The corresponding pulse shape changes from pulse to pulse. Bottom: the 
 seeding mode of FEL operation, based on the amplification of an injected 
laser pulse, giving a stable pulse shape.
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the operation cost. The recovery is not complete, thus the cost is 
offset only in part. However, it can become substantially lower 
than for machines not recovering any energy at all.

8.4.3 Compton Backscattering Sources

The use of centralized facilities is often an obstacle to the wide-
spread adoption of synchrotron imaging techniques. The history 
of synchrotron radiation is full of examples, like coronary angi-
ography (Rubenstein et al. 1986): technical success did not lead 
to systematic applications because of this problem. The dream 
would be of small sources that could be hosted by small labora-
tories or hospitals.

Unfortunately, compact storage rings are affected by some 
fundamental problems in accelerator science. In essence, to rec-
oncile compact size, that is, a small bending magnet radius, with 
the emission of X-rays, one needs high magnetic fields. The cor-
responding machines tend to be unstable and therefore difficult 
to operate. They would typically require highly specialized per-
sonnel, defeating the purpose of making them compact.

Compton backscattering sources (Chen et al. 2007) could pro-
vide an alternate solution. As shown in Figure 8.18, Compton 
backscattering is produced by the interaction of a relativistic 
electron beam with a laser beam. In the R′-frame of the elec-
trons, the laser beam wavelength λL is subject to the Doppler 
shift, decreasing by a (longitudinal) factor 2γ. Subject to the elec-
tromagnetic field of the laser beam, the electrons oscillate and 
emit radiation. This emission, traveling in the direction opposite 
to the laser beam, has a wavelength λL/(2γ) in the R′-frame.

Seen in the laboratory R-frame, this wavelength is again 
Doppler shifted by the factor 2γ. Thus, a long-wavelength—
infrared or visible—laser beam can be converted to an X-ray 
beam of wavelength λL/(4γ2). This mechanism can be imple-
mented with a rather small, almost table-top, system.

Compton backscattering sources have been developed and 
even commercially offered, but they are not (yet) entirely estab-
lished. The forthcoming years will show their value and limita-
tions. In essence, they trade a lower level of brightness and lateral 
coherence with respect to storage rings with a compact size and 

limited cost. For many imaging applications, this could be a rea-
sonable compromise.

8.5 Elements of X-ray Imaging Beamlines

The link between the synchrotron source and its applications 
is provided by the beamlines, equipped with instrumentation 
to focus, measure, monochromatize, and otherwise control the 
emitted radiation. At the end of each beamline, there is an exper-
imental chamber with the required equipment to implement spe-
cific techniques. Nowadays, many experimental chambers are 
designed for a variety of different applications, so X-ray imaging 
scientists may have to share them with other types of users.

Before discussing the details, we would like to note that X-ray 
imaging is a relatively simpler technique than most other syn-
chrotron applications. When based on hard-X-rays, it can be 
implemented without a vacuum environment. And it does not 
require—except for specialized cases like photoemission spec-
tromicroscopy—filtering or analyzing secondary particles like 
the photoelectrons.

When planning a beamline for imaging, it is advisable to pre-
serve this simplicity as much as possible with a careful analysis of 
the real needs. One typical example is the coherence needed for 
in-line phase-contrast imaging (Hwu et al. 1999, Margaritondo 
and Tromba 1999). This technique is based on the enhancement 
of the edges between specimen regions with different X-ray (real) 
refractive index. The enhancement is due to fringes at each edge.

The conditions for detecting such fringes are similar to 
those  used in Section 8.2.9 to discuss coherence (Hwu et  al. 
1999, Margaritondo and Tromba 1999). Note, in particular, 
Equation 8.41: to detect the fringes and the corresponding edge 
enhancement—see for example Figure 8.19 (Charron et al. 2008, 
Tsai et al. 2014)—one needs only a very limited level of longitudi-
nal coherence (provided that there is sufficient space coherence).

The practical consequence (Hwu et  al. 1999, Margaritondo 
and Tromba 1999) is that an imaging beamline for in-line phase 
contrast can avoid the use of a monochromator to produce a small 
bandwidth Δλ. This simplifies the beamline, drastically reduces 
the costs, increases the brightness delivered to the sample, and 
decreases the time per image. The condition of Equation 8.21 
is automatically fulfilled, for example, by an undulator, without 
additional spectral filtering.

In the simplest case, a beamline for this type of imaging can 
simply deliver the emitted photons to the specimen, kept at atmo-
spheric pressure, with almost no processing. The only critical com-
ponent is the two-dimensional detector, for which very advanced 
technologies are now available (Wiza 1979, Clarke et  al. 1992, 
Hall and Lewis 1994, Gullikson, Gramsch and Szawlowski 1995, 
Moszynski et al. 2000, Sauli 2001, Ponchut 2006, Kraft et al. 2009).

8.5.1 Specialized Imaging Beamlines

Due to the variety of X-imaging techniques, beamlines dedi-
cated to them can have many different configurations. A com-
prehensive review is beyond the scope here, so we will present 
some general ideas on the requirements and on the correspond-
ing instrumentation.

Electron beam
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λL/(2γ )
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R-frame
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R’-frame
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FIGURE 8.18 Scheme of the Compton backscattering of a laser wave by a 
high-energy electron beam.
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The source for an X-ray imaging beamline can be either a 
bending magnet or an insertion device, wiggler or undulator. 
However, imaging tends to be performed at rather short wave-
lengths to enhance penetration into the objects. Therefore, rather 
than an ordinary bending magnet, the beamline can get its radia-
tion from a “superbending” magnet, that is, one with a larger 
B-field strength. This shifts the emitted wavelength range to the 
hard-X-rays domain, 1 Å or less. Likewise, the beamline can use 
a hard-X-ray-emitting wiggler as source.

The optical instrumentation along the beamline must be spe-
cifically designed for specialized imaging techniques, in particu-
lar those based on phase contrast. It must notably preserve the 
beam profile and the spatial coherence. For that, it follows cer-
tain general principles, such as minimizing the number of optical 
components, using components with low surface roughness, and 
not targeting extreme wavelength resolution.

One example of coherence preservation is the minimization of 
the roughness of the front-end window, which separates the beam-
line from the storage ring vacuum chamber. For this, rather than the 
usually adopted beryllium windows, one can use chemical vapor 
deposition (CVD) diamond windows (Hintermüller et al. 2010).

For the reasons discussed above, an X-ray imaging beamline 
should ideally provide both monochromatized and un-mono-
chromatized beams. Therefore, the monochromator should be 

removable from the X-ray beam path. The monochromator itself 
can be selected among the many different devices developed in 
the past decades for synchrotron radiation.

Because of the tendency to use short wavelengths, many of 
such monochromators are based on Bragg diffraction (or some-
times Laue diffraction) by very high-quality single crystals (van 
Bokhoven and Lamberti 2015). Fortunately, in recent decades, 
the stringent needs of the microelectronics industry produced 
silicon crystals of outstanding quality that can be adapted to syn-
chrotron monochromators.

However, the use of crystal diffraction to monochromatize a 
radiation beam is not trivial. As shown in Figure 8.20a, a simple 
rotating crystal would produce monochromatized wavelengths 
in different directions—very difficult to use, since one cannot 
easily move the exit slit together with the experimental chamber. 
This leads to the adoption of different strategies to keep the exit 
slit fixed.

Figure 8.20b,c shows two examples: a “channel cut” double-
crystal monochromator (Giannini and Tapfer 1996) and a fixed-
exit double-crystal monochromator (Yang et al. 1992, Bernstoff 
et al. 1995). The channel cutting produces the equivalent of two 
perfectly aligned crystals from a single high-quality crystal. Its 
rotation does give monochromatized wavelengths in the same 
direction. However, the distance between the incoming and exit-
ing beam still changes with the wavelength.

The use of two different crystals opens the door to a combina-
tion of different movements, including both rotations and transla-
tions, as seen in Figure 8.20c. The result is a fixed-exit direction 
and a fixed distance between the incoming and outgoing beams. 
Several different combinations of crystal rotations and transla-
tions were conceived and implemented in recent years, including 
(Hintermüller et al. 2010) horizontal translation, vertical transla-
tions, and yaw rotation for each crystal pitch.

FIGURE 8.19 In-line phase-contrast images of a Drosophila (top) and of 
a light-emission firefly organ, showing the typical effect of edge enhance-
ment. (Figure 8.19 adapted with permission from Charron et al. (2008) and 
Tsai et al. (2014). Copyrighted by the UPV/EHU Press and by the American 
Physical Society).
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FIGURE 8.20 (a) In a crystal monochromator, a simple rotation of a single 
crystal would produce monochromatized wavelengths in different directions; 
(b) A channel-cut crystal keeps the exit direction fixed but the distance between 
the entrance and exit beams varies; (c) With more complicated, coordinated 
rotation and translation motions of two crystals, the exit beam is kept fixed.
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Besides crystals, Bragg diffraction can be based on artificial 
multilayer coatings (Hintermüller et  al. 2010). These are nor-
mally produced using a high-quality crystal as the substrate. The 
use of multilayers of course increases the flexibility in selecting 
the periodicity of the Bragg-diffracting system.

Again considering the many techniques developed in recent 
years, an imaging beamline should offer several different con-
figurations to implement as many of them as possible. As men-
tioned, one of the simplest is in-line phase contrast based on edge 
enhancement (Hwu et al. 1999, Margaritondo and Tromba 1999). 
The tomographic version of this technique, however, requires an 
accurate device for sample rotation plus accurate sample posi-
tioning to avoid tomographic artifacts (Hintermüller et al. 2010).

Other X-ray imaging techniques use more complicated con-
figurations. For example, the so-called differential phase contrast 
(DPC) imaging requires a module with two gratings.

In many cases, X-ray imaging (or tomography) must be per-
formed on a microscopic scale. This requires the use of suitable 
lenses. However, X-ray lenses cannot exploit the refraction of 
transmitted beams. In fact, refraction is very weak at short wave-
lengths and larger wavelength soft X-rays are absorbed rather 
than transmitted. Special lenses must be used, and the most com-
mon choice is a Fresnel zone plate (FZP) (Wu et al. 2013).

Referring to Figure 8.21, an FZP is formed by a series of circular 
concentric absorbing rings on a transmitting substrate. The trans-
mitting zones separating the absorbing ones have radii rn, deter-
mined by the focusing conditions derived from Figure 8.21. For 
the first-order focal length f, constructive interference requires:
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and therefore:
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The nth transmitting zone has, for large values of n, a width:

 

1
2

2 2 1
2

1 1
1

2
1

2

n f n f
n f

n

n f
n

λ λ
λ

λ

− −( ) = − −










≈










( )

 =
λ f

rn2
 

(8.63)

Equation 8.62 shows that the radius of the FZP, which coin-
cides with the radius of the outermost zone, increases with the 
number of zones. However, Equation 8.63 implies that the width 
of the outermost zone decreases with n. At the same time, the 
thickness of the absorbing zones cannot be too small since the 
absorption of X-rays is weak. The outermost zone must then have 
a large thickness and a small width, that is, a large “aspect ratio.” 
The corresponding mechanical instability makes the fabrication 
of zone plates for X-rays a very challenging task.

In practice, the aspect ratio cannot exceed a value of 10 to 20. 
The corresponding number of zones—which also determines the 
spatial resolution (Wu et al. 2013)—and the width of the FZPs 
are rather limited.

Another important component of an X-ray imaging beam-
line is the X-ray detection system. This typically consists of a 
scintillator to convert X-rays into large-wavelength radiation 
and two-dimensional pixel detectors of the secondary photons 
produced by the scintillators. The technology of detectors made 
spectacular advances in the past 10 to 15 years, offering very 
large two-dimensional devices with excellent efficiency and lat-
eral resolution (Wiza 1979, Clarke et al. 1992, Hall and Lewis 
1994, Gullikson, Gramsch and Szawlowski 1995, Moszynski 
et al. 2000, Sauli 2001, Ponchut 2006, Kraft et al. 2009).

Complementary to the imaging beamlines are those dedicated 
to spectromicroscopy. This is the technique that combines spec-
troscopic analysis with spatial resolution. One example is photo-
emission spectromicroscopy (Margaritondo and Cerrina 1990), 
in which X-rays produce photoelectrons whose properties are 
analyzed with high lateral resolution.

The key property is the photoelectron energy, which corre-
sponds to the initial energy of the electron inside the specimen 
plus the X-ray photon energy. In turn, the initial energy is deter-
mined by the chemical element from which the photoelectron 
originates and by its chemical bonds. Photoelectron energy anal-
ysis with high lateral resolution thus produces spectromicroscopy 
“pictures,” reflecting not—or not only—the sample morphology, 
but mostly the chemical composition of its surface and its chemi-
cal bonds (Margaritondo and Cerrina 1990).

A large number of beamlines around the world are dedicated 
to photoelectron spectromicroscopy and to other kinds of spec-
tromicroscopy. The lateral resolution has made impressive prog-
ress in the past two decades, reaching levels suitable for cellular 
biology and even for nanoscience and nanotechnology.

Finally, we would like to mention the specialized synchrotron 
beamlines dedicated to medical diagnosis, most notably to coro-
nary angiography (Rubenstein et al. 1986) and to  phase-contrast 
mammography (Dreossi et  al. 2008). In addition to the spe-
cific instrumentation for the corresponding techniques, such as 
the patient positioning tools, these facilities require the infra-
structure to host the patients in a non-medical environment. 
Successful tests like the mammography program at Elettra in 
Trieste (Dreossi et al. 2008) demonstrate that this task is feasible.
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FIGURE 8.21 Scheme of a Fresnel zone plate (FZP).
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8.6  Final Remarks: X-ray Imaging 
in the Humanities

The new imaging techniques developed with advanced syn-
chrotron sources—in particular phase contrast—amount to 
a revolution in radiology, perhaps comparable to the advent of 
tomography (CT) scanning. The high flux, the high spatial reso-
lution, and the different exploitable contrast mechanisms make 
synchrotron facilities a most advantageous class of X-ray sources 
to perform imaging of details that are very small and/or offer 
limited X-ray contrast. Considering the very broad use of radio-
logical analysis, this revolution could have a very strong impact 
on areas ranging from medical diagnostics to materials science 
and the life sciences.

In addition, the impact now extends to new domains like the 
humanities. Advanced radiology is being applied, for example, 
to ancient manuscripts analyzed within the framework of the 
“Venice Time Machine” project (Albertin et al. 2015a,b)—an 
international collaboration targeting the digitization of the his-
torical collection in the Venice Archivio di Stato.

X-ray imaging offers potential advantages with respect to con-
ventional visual inspection, such as rapidity and being non-inva-
sive. Synchrotron sources offer marked advantages with respect 
to standard X-ray emitters, offsetting difficulties such as the low 
thickness of the ancient iron gall inks with respect to the thick 
handmade substrates.

Figure 8.22 (Albertin et al. 2015a,b) shows results obtained on 
a fifteenth century parchment exploiting different contrast mech-
anisms: absorption (Figure 8.22b), scattering (Figure 8.22c), 
and refraction (Figure 8.22d). In the absorption image, the red 
mercury-based ink (Cinnabar) in the top line is perfectly detect-
able whereas the iron-containing black ink (Iron gall) is hardly 
visible. This is consistent with the fact that mercury is a heavier 
metal than iron and therefore a stronger X-ray absorber.

Synchrotron sources compensate low absorption contrast, 
exploiting phase contrast to detect details otherwise almost 
invisible. Furthermore, refraction contrast reveals the local mor-
phology of the sample rather than the chemical composition (see 
Figure 8.22d).

Figure 8.23 shows another interesting example: radiology 
analysis of ancient watermarks. By exploiting the different 
 contrast mechanisms, we could remove the contributions of the 
ink, visible in the absorption image (Figure 8.23b), obtaining 
scattering-contrast and refraction-contrast images showing only 
the watermark (Figure 8.23c,d).

The above examples give only a very limited idea of the grow-
ing impact of X-ray techniques in the humanities. But they do 
convey an important message: although conventional sources 
may be more flexible for the analysis of specialized specimen 
collections, synchrotron sources still provide unique capabilities 
that boost the effects of the studies.
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9
X-ray Shutters

Naresh Gandhi Kujala

9.1 Introduction

The term “shutter” implies the deliberate introduction of material 
between the radiation source and an object to reduce the radiation 
intensity and, hence, damage to the object. However, attenuation 
and absorption of radiation are also important in radiotherapy 
and radiation processing, where the aim is to deliver a precise 
amount of radiation “dose” to a tumor or sample. It is easy to 
shield ion and electron sources; almost any material thicker may 
be used to stop all ions. Electrons are easily stopped by a few 
millimeters of any solid material.

X-rays are produced when accelerated electrons collide with 
solid matter. When X-rays interact with any form of matter, they 
are partly transmitted and partly absorbed. Their kinetic energy 
is transformed to bremsstrahlung radiation. Bremsstrahlung 
radiation has a broad spectrum of range of X-ray wavelengths. 
More details of X-rays production can found in Chapter 2 and 
Chapter 10 of this book. Any bremsstrahlung generated can be 
attenuated by materials like lead, tungsten, and so on.

In order to access the beamlines, sample chambers, and 
experiment hutches (end stations) while the X-ray machine is in 
operation, the radiation has to be blocked, allowing users to work 
without switching off the source. The number of X-rays pass-
ing through materials depends not only on the material thickness 
and density, but also on the absorption properties for the energy 
needed to be absorbed. As described in Section 1.1, the absorp-
tion coefficient depends on the atomic number (Z) for a given 
wavelength, so a higher Z value would be a better X-ray shutter. 
For this reason, molybdenum, lead, and tungsten are commonly 
used for the fabrication of X-ray shutters. When a shutter blocks 
X-rays, the photon energy is converted to heat that needs to be 
dissipated by cooling it. In addition, heat generated by absorption 
of radiation or transmitted from the source can induce thermal 
stresses.

For synchrotron sources, absorbing the undulator and 
 bremsstrahlung beam by photon shutter is integrated with a per-
sonal safety interlock (Moini et  al. 1989). The dose rate from 
the insertion device (undulator source) can be calculated by the 
equation (Frank 1988):

 D fNl X L L l= +/πα2
0 ( ),  (9.1)

where D = total dose rate in Sv/h; f = effective flux-to-dose 
conversion factor; α = 1/γ, the ratio of positron rest mass to its 
kinetic energy; N = number of positrons/second for the beam 
current; X0 = radiation length of air in centimeters; l = effective 
length of the straight section in centimeters; and L = distance 
from the end of the straight section in centimeters (at the point 
of observation).

The X-ray photon shutters are placed at the entrance of the 
experiment station for most of the laboratory X-ray sources. 
Typically, for synchrotron sources, the first optical enclosure 
(FOE) on synchrotron beamlines has an X-ray photon shutter 
that is used to protect the front-end optical components. Usually, 
there are three different types of X-ray beams defined: (1) white 
beam; (2) pink beam; and (3) monochromatic beam. There are 
X-ray photon shutters immediately downstream from the mono-
chromator to pass either the mono beam or the white-beam to 
the experiment station. The design of the photon shutter is inte-
grated with a white-beam photon stop, a safety stop, and a col-
limator. The white-beam consists of the high-power X-rays and 
the bremsstrahlung radiation. The white-beam photon stop is 
designed to absorb the high-power X-rays. The safety stop and 
collimator are designed to block the bremsstrahlung radiation. 
One has to design X-ray shutters depending on the position of 
shutter in the beamline.

Conventional X-ray beam shutters for synchrotron X-ray 
diffraction topography use rather low shutter speeds, with a 
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minimum exposure time of approximately 1 second. Since some 
single crystals have a very strong reflection capability, there are 
real-time applications that would benefit from very short expo-
sure times. Therefore, a high-speed shutter with a speed range 
from 1/100 second to a few seconds is very useful in synchrotron 
topographic experiments.

In this chapter, a detailed description of X-ray shutters is given, 
although it is not intended to enter into an elaborate account of the 
finer points of details involved in the many different makes and 
designs of shutters available. For such a description, the readers 
must refer to the more specialized text books and literature papers; 
here we present the different types of X-ray shutters design that have 
already been implemented and are working at different facilities.

9.2 Different Types of X-ray Sources

Laboratory X-ray sources that operate with a tube voltage in the 
range of 5 to 60 kV and a tube current in the range of 0 to 20 mA 
can be classified into two types: (1) X-ray tube sources (sealed 
tubes), and (2) rotating anode X-ray generator sources. There are 
higher energy sources, like synchrotron sources with an elec-
tron energy range of 2 to 8 GeV, and X-ray free electron laser 
(FEL) sources with an electron energy range of 8 to 17 GeV (see 
Section I, Chapter 8 of this book).

There are several commercial companies that sell the X-ray 
tube sources and rotating anode X-ray sources, such as Oxford 
Instruments (www.oxford-instruments.com), Newton Scientific 
(www.newtonscientificinc.com), Amptek, Inc. (amptek.com), 
Varian Medical Systems (www.varian.com), and Rigaku 
Corporation (www.rigaku.com). Table 9.1 shows the differ-
ent types of anode materials used for X-ray tubes and rotating 
anode X-ray generators (see Section I, Chapters 2 and 3 of this 
book). The applications of X-ray tube sources for radiological 
medical imaging are explained in detail in Section II (“X-ray 
Radiography”) of this book. The power produced by an X-ray 
tube source and a rotating anode X-ray generator source are in 
the range of 4 W to 12 kW, depending on the specification param-
eters of the source and its applications. The flux/intensity, power, 
and power density from synchrotron and X-ray FEL sources are 
higher than the laboratory X-ray sources. Figure 9.1 shows the 
world’s synchrotron light sources and X-ray FEL facilities. There 

are different types of X-ray sources based on their applications. 
The fluxes for X-ray tubes and undulators can be simulated using 
X-ray oriented program (XOP) software (Sanchez del Rio and 
Dejus 1997). Table 9.2 lists the websites for some of the tools 
used to calculate the attenuation length, X-ray transmission from 
different materials, X-ray reflectivity, flux calculations, and so 
on. X-ray photon shutters are typically designed and fabricated to 
match the power output of the source. For Sources like rotating 
tubes and bending magnet synchrotron beamline can be stopped 
by a thick water-cooled copper block. For sources like wigglers, 
the undulators of synchrotron sources produce very intense beam 
outputs; for such sources, the X-ray beam footprint is spread over 
an inclined surface of water-cooled material.

9.3 X-ray Shutter Design

X-ray equipment has become a major tool in research and quality 
control programs. Despite the advances in operating techniques 
and equipment design, the most common hazards are due to 
operator errors and equipment malfunctions. The potential for 
exposure to the primary beam is of major concern when evaluat-
ing potential radiation exposure. X-ray tube housing is equipped 
with an interlock that shuts off the tube if it is removed from 
the radiation source housing or if the housing is disassembled. 
The design of X-ray tube housing should be constructed in such 
a way that, with all shutters closed, the radiation measured at a 
distance of 5 cm from its surface is not capable of producing a 
dose in excess of 2.5 millirems in 1 hour. For systems utilizing 
X-ray tubes, this limit should be met at any specified tube rat-
ing. The engineering design of X-ray shutters are described by 
the (1) source strength, spectrum, angular distribution, spatial 
distribution, and time dependence for each type of radiation; and 
(2) maximum allowable dose and heating.

Almost every design and engineering of X-ray photon shutters 
is unique, each designed just well enough to stop photons of a 
particular source in the available space along the beamline at a 
fast-enough speed. For X-ray tubes and rotating anodes, a thick 
block of tungsten should do the job by inserting into the beam 
path, which should absorb almost all the photon flux and allow 
users to work safely at the sample chamber without turning off 
the source. The shutters are driven with a solenoid or pneumatic 

TABLE 9.1

Commonly Used X-ray Tube Target Materials

Kα Kβ

Target Material Atomic Number Wavelength (Å) Energy (keV) Wavelength (Å) Energy (keV)

Chromium (Cr) 24 2.29 5.42 2.08 5.94

Iron (Fe) 26 1.94 6.41 1.76 7.07

Cobalt (Co) 27 1.79 6.94 1.62 7.65

Nickel (Ni) 28 1.66 7.48 1.50 8.24

Copper (Cu) 29 1.54 8.01 1.39 8.92

Molybdenum (Mo) 42 0.709 17.5 0.632 19.6

Silver (Ag) 47 0.559 22.2 0.497 25.2

Tungstena (W) 74 1.48 (Lα) 8.40 1.28 (Lβ) 9.67

Golda (Au) 79 1.278 (Lα) 9.7 1.084 (Lβ) 11.43

a Tungsten and gold are in the Lα and Lβ emission spectrums.

www.oxford-instruments.com
www.newtonscientificinc.com
www.varian.com
www.rigaku.com
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actuator to move in and out of the beam path completely. To 
determine the best material to use for the photon shutter, one 
must consider the material’s properties when subjected to a tem-
perature gradient.

A safety photon shutter is a remotely actuated device that pre-
vents a photon beam from traveling down a beamline into an 
experiment station. When the shutter is closed, two shielding 
blocks are positioned to stop bremsstrahlung and the white-beam, 

although either will completely block the beam in isolation if 
designed to provide adequate shielding. Also, the personnel 
safety interlock system (PSS) detects any shutter failure through 
redundant switches, and takes appropriate measures to shut off 
the beam during a fault condition. All shutters are designed in 
the “fail-safe” mode such that, in the event of a power, commu-
nication, or mechanical system failure, the shutter will come to a 
closed state and will remain in the closed state.

Here, we discuss the shutter designs that are already installed 
and working at some of the synchrotron facilities, such as the 
Advanced Photon Source (APS) in Chicago, IL, PETRA III 
at Deutsches Elektronen-Synchrotron (DESY) in Hamburg 
Germany, and Swiss Light Source (SLS) at Paul Scherrer Institute 
(PSI) in Villigen, Switzerland. At the synchrotron source, the 
X-ray beam is produced by bending magnet, insertion device, 
canted undulator, and wiggler device. X-ray shutters are one of 
the critical components on the front-end of the photon beamlines 
at the synchrotron light sources. For bending magnet sources, a 
piece of water-cooled copper (Cu) backed by a piece of tungsten 
(W) struck at 90° incidence works nicely as a beam stop, can be 
moved automatically in and out of the beam, and can be controlled 
by a pneumatic cylinder or a solenoid valve using a control system.

At the APS synchrotron facility, photon shutters are designed 
for a dose rate of 2.5 µSv/h (0.25 mrem/h) at 30 cm from the 
downstream side of the shutter (Nian et  al. 1992a). However, 
for an incident beam of bremsstrahlung photons, it is assumed 
that half of the dose may be due to photoneutrons. Therefore, the 
design criteria adopted for the shutters was a photon dose rate of 
1.25 µSv/h (0.125 mrem/h) at 30 cm from the downstream sur-
face of the shutter.

CLS
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NSLS II
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SPring-8

PLS

SSRF
BSRFINDUS
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FIGURE 9.1 World’s synchrotron light sources (black text) and X-ray FELs (light gray text) in the picture. [CLS = Canadian Light Source; 
ALS = Advanced Light Source; SSRL = Stanford Synchrotron Radiation Lightsource; LCLS = LINAC Coherent Light Source; APS = Advanced Photon 
Source; NSLS II = National Synchrotron Light Source; CHESS = Cornell High Energy Synchrotron Source; JLAB = Jefferson Lab Free Electron Laser; 
LNLS = Laboratorio Nacional de Luz Sincrotron; MAX IV = MAX IV laboratory; SIBIR-1, 2 = Kurchatov Synchrotron Radiation Source; FLASH = Free-
Electron LASer in Hamburg; DESY = Deutsches Elektronen-Sychrotron; XFEL.EU = European X-ray Free-Electron Laser Facility; DLS = Diamond 
Light Source; ESRF = European Synchrotron Radiation Facility; SLS = Swiss Light Source; SWISSFEL = Swiss Free Electron Laser; FERMI = Free 
Electron laser Radiation for Multidisciplinary Investigations; BSRF = Beijing Synchrotron Radiation Facility; SSRF = Shanghai Synchrotron Radiation 
Facility; SPring-8 = Super Photon ring-8 GeV; SACLA = SPring-8 Angstrom Compact Free Electron Laser; PLS = Pohang Light Source; PFEL = Pohang 
Free Electron Laser; AS = Australia Synchrotron].

TABLE 9.2

Some of the X-ray Resources on the Web for Calculating Different 
Parameters for X-ray Sources

X-ray Resources
Parameter 

Calculations Website

1 The Center for X-ray 
Optics (CXRO)

X-ray attenuation length, 
X-ray transmission, 
and so on

http://henke.lbl.gov/
optical_constants/

2 Cornell High Energy 
Synchrotron Source 
(CHESS)

Flux calculators, Darwin 
width, energy analyser, 
and so on

http://www.chess.
cornell.edu/
calculator/index.
htm

3 National Institute of 
Standards and 
Technology (NIST)

Attenuations, scattering, 
and so on

http://physics.nist.
gov/PhysRefData/
FFast/html/form.
html

4 X-ray oriented 
program (XOP)

Synchrotron source 
spectra, transmission 
characteristic of optical 
components, and so on

http://www.esrf.eu/
Instrumentation/
software/
data-analysis/
xop2.4

http://henke.lbl.gov/optical_constants/
http://henke.lbl.gov/optical_constants/
http://www.chess.cornell.edu/calculator/index.htm
http://www.chess.cornell.edu/calculator/index.htm
http://www.chess.cornell.edu/calculator/index.htm
http://www.chess.cornell.edu/calculator/index.htm
http://physics.nist.gov/PhysRefData/FFast/html/form.html
http://physics.nist.gov/PhysRefData/FFast/html/form.html
http://physics.nist.gov/PhysRefData/FFast/html/form.html
http://physics.nist.gov/PhysRefData/FFast/html/form.html
http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4
http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4
http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4
http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4
http://www.esrf.eu/Instrumentation/software/data-analysis/xop2.4
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At APS, Undulator-A with a length of 2.5 m for 100 mA 
produced a total power of 5.2 kW; at a distance of 18.13 m, the 
photon shutter receives a heat flux of 500 W/mm2 at normal 
incidence. To withstand this power and power density from the 
source, the temperature distribution has been shown using the 
analytical solution with Gaussian heat flux. The material used 
is GlidCop. The thermal conductivity is 3.65 W/cm. The photon 

shutter is set at an angle of 1.5° to the beam path. More detailed 
information for design and thermal analysis can be found in the 
references (Shu et al. 1992; Job and Micklich 2005; Nian et al. 
1992b, 1994; Chang et al. 1995). Canted undulators at the APS 
synchrotron facility will produce the two beams in order to have 
two beamlines available for different applications. The details 
of design and analysis of photon shutters are explained in Jaski 
et al. (2002). The front-end has two fixed masks and two pho-
ton shutters (PS1 and PS2). Under closed-gap conditions, with a 
beam current of 200 mA, the total power will be 20.4 kW, with 
a peak power density of 281 kW/mrad2 at the normal incidence. 
In order to overcome such high power, a dog-bone shaped cross-
section design has been developed for the photon shutter; the 
design drawing can be seen in Figure 9.2. Here, we highlight 
some of the designed parameters. Due to the high heat load on 
the photon shutters, large temperature gradients and thermal 
stresses are evident. The shutters are fabricated by brazing the 
top and bottom halves together. The top half is made of oxy-
gen-free high thermal conductivity (OFHC) copper with a thick 
GlidCop face-plate brazed on it, with the bottom half made of 
only OFHC copper. The properties of GlidCop are shown in 
Table 9.3. The shutters have water-cooling channels to efficiently 
dissipate rejected heat into the cooling water and, thus, minimize 
the thermally induced stress in them. The temperature and stress 
results of photon shutters implemented for canted undulators are 
shown in Table 9.4.

XOP is widely used for undulators and bending magnet 
sources power and power density calculations, but there are other 
codes developed by M. Meron at APS from CARS-CAT SRUFF 
(Meron, unpublished) that are written and run in Interactive Data 
Language (IDL).

At the PETRA III synchrotron facility at DESY, an undulator 
of 5 m length with 100 mA of current produces a total power of 
7.5 kW, with a power density of 250 W/mm2 at 28 m from the 
source. A photon shutter has been designed as a slit system that 
will block the undulator beam with an integrated vertical shutter 
function. Figure 9.3 shows the photon shutter system and details 
of the design parameters. Drawings and thermal stress analysis 
can be found in Hahn et al. (2004, 2007). The upper and lower 
jaws are inclined by 4° to the primary beam with a water-cooled 
absorber made of GlidCop. The tungsten block behind absorbs 
the high energy beam. The open and closed states of the photon 
shutter system are controlled by a pneumatic cylinder.

GlidCop
Stress relief hoop

OFHC copper

Brazing joint
Brazing joint

.50 (12.70 mm)

.19 (4.76 mm) .36 (9.09 mm)

Ø.38 (Ø9.53 mm)

2.00 (50.80 mm)

FIGURE 9.2 Cross-section of dog-bone shaped photon shutter. (Reproduced from Jaski, Y. et al. 2002. Thermomechanical analysis of high-heat-load 
components for the canted-undulator front end. 2nd International Workshop on Mechanical Engineering Design of Synchrotron Radiation Equipment and 
Instrumentation (MEDI02), September 5–6, Advanced Photon Source, Chicago, USA. With permission.)

TABLE 9.3

Properties of GlidCop Material and OFHC Copper

Properties
GlidCop 
AL-15

GlidCop 
AL-25

GlidCop 
AL-60

OFHC 
Copper

Melting point (°C) 1083 1083 1083 1083

Density (g/cm2) 8.90 8.86 8.81 8.94

Thermal 
conductivity 
(watt/m/K)

365 344 322 391

Coefficient of 
thermal expansion 
(µm/m/°C)

16.6 16.6 16.6 17.7

Young’s modulus 
(GPa)

130 130 130 115

TABLE 9.4

Temperature and Stress Results of Two Photon Shutters for Canted 
Undulator Beamlines

Case
PS2 

(k = 2.76)
PS2 

(k = 2.62)
PS1 

(k = 2.76)
PS1 

(k = 2.62)

Peak incidental 
power density 
(w/ mm2)

10.4 9.8 12.7 12.0

Tmax on GlidCop (°C) 248 227 278 255

Tmax on OFHC 
copper (°C)

163 149 180 164

Twall (°C) 129 118 143 131

σeff (MPa) 347 317 394 360

Source: Reproduced from Jaski, Y. et al. 2002. Thermomechanical analysis 
of high-heat-load components for the canted-undulator front end. 
2nd International Workshop on Mechanical Engineering Design of 
Synchrotron Radiation Equipment and Instrumentation (MEDI02), 
September 5–6, Advanced Photon Source, Chicago, USA. With 
permission.
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The SLS PSI machine has electron energy of 2.4 GeV. The 
photon shutter design at SLS is capable of handling the full inten-
sity power load of 4 kW and a power density of 95 W/mm2 from 
the insertion device. The details of thermal and stress analysis 
are explained in Chen et al. (2001). The shutter head is a rect-
angular water-cooled OFHC copper block with embedded water 
channels. The shutter head is tilted by 3° with a horizontal plane 
and 15° at each end of the region. The shutter head is moved in 
the vertical direction by a pneumatic actuator. The test results 
show that the thermally induced strain will be less than 0.2%, 
which the photon shutter can withstand.

Several X-ray FEL facilities shown in Figure 9.1 are open-
ing up new doors for exciting scientific research. These facili-
ties are currently in the construction phase, commissioning, 
operation phase, or upgrade phase. The European X-ray Free-
Electron Laser Facility (European XFEL) is under construc-
tion in Hamburg and Schleswig-Holstein, Germany, second 
quarter of 2017 will be commissioning and user operation. 

This facility will generate extremely brilliant X-rays (peak 
brilliance = 1033 photons/s/mm2/0.1% BW) with ultrashort 
pulses up to 100 fs and with a repetition pulse rate at 4.5 MHz 
of spatially coherent X-rays with wavelengths down to 0.1 nm. 
The basic process to generate the X-ray pulses is self-amplified 
spontaneous emission (SASE), where electron bunches are 
generated by a high brightness gun, brought to high energy of 
up to 20 GeV (17.5 GeV is the energy foreseen for the standard 
mode of operation of the European XFEL facility) through a 
superconducting linear accelerator and passed through 200 m 
long undulators, where the X-ray pulses are generated. It will 
have 2700 pulses/train with a 100 ms repetition rate, as shown 
in Figure 9.4. For electron energy of 17.5 GeV with photon 
energy of 12.4 keV, it will have a peak power of 20 GW and 
an average power of 65 W. The design parameters of European 
XFEL front-end shutters are described in Sinn et  al. (2012). 
Figure 9.5 shows the photon shutter which is installed in the 
European XFEL tunnel for SASE1 beamline, which was 
designed and build by Reuter GmbH Company. The main 
components of the shutter are a power absorber B4C (the B4C 
[boron carbide] melting point is 2300°C, but carbon segrega-
tion to the surface occurs at about 1400°C), a collimator, and a 
thick tungsten block. The beam comes from left incidence on 
the surface of the B4C at a 8° grazing incidence. The B4C has 
side cooling with copper tubes to absorb the heat load on the 
B4C. The absorber B4C can be moved in and out of the beam 
path by using a pneumatic cylinder.

9.4 Applications of X-ray Shutters

The X-ray shutters described in Section 9.3 provide safety for 
the users and protect the beamline components. There is one 
difference between the X-ray safety shutters and an X-ray fast 
shutter: the X-ray safety shutters should be integrated into the 
safety interlock system, whereas a fast shutter must not neces-
sarily be integrated into the safety interlock system. There are 
two types of X-ray fast shutters: (1) a white-beam X-ray fast shut-
ter, and (2) a monochromatic beam X-ray fast shutter. In several 

Pocket for tungsten blade

Pocket for carbon
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Vertical drive and switching unit

FIGURE 9.3 Photon shutter system at PETRA III at DESY. (Reproduced 
from Hahn, U. et al. 2007. The generic beamline concept of the petra III undu-
lator beamlines. Ninth International Conference on Synchrotron Radiation 
Instrumentation, Daegu, South Korea, May 28–June 2, 2006. With permission.)
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beamlines, especially the protein crystallography beamlines, 
X-ray topography beamlines, and other beamlines where sam-
ples undergo radiation damage given the long exposure time of 
X-ray beam from synchrotron sources (Kelly et al. 2011), beam 
exposure must be controlled. In order to control the X-ray beam 
exposure, several beamlines have been implemented with mil-
lisecond-fast shutter opening to provide an accurate and repro-
ducible X-ray beam exposure, in addition to the X-ray photon 
shutters, whose response times are much slower. For biological 
and polymer samples at synchrotron sources, it is challenging 
to systematically control the exposure of the beam, because the 
damage occurs on a time scale of milliseconds. For studying the 
dynamics of biological motion, the shutter is required to improve 
image quality by reducing motion smear, and dose to the sample 
may be required for ethical, preservation, and safety measures 
(Brenner and Hall 2007; Holton 2009).

Imaging techniques like standard computed tomography (CT) 
(Kak and Slaney 1988), X-ray tomography (Morton et al. 1999), 
and four-dimensional micro-CT (Badea et al. 2009) are commonly 
used for biomedical imaging. More details about the computed 
tomography imaging systems can be found in Section III: X-ray 
Computed Tomography of this book. The imaging of physiologi-
cal motion at both micro- and macro-scale levels requires X-ray 
photons of short exposure times at high frame rates, which is not 
possible without high brilliance of the source. For such types of 
dynamic imaging, synchrotron sources provide the high brilliance.

Several approaches have been described in the literature for 
the fabrication and implementation of fast shutters in synchro-
tron facilities for a monochromatic X-ray beam. For example, 
(1) choppers based on a rotating crystal with an opening time 
of 0.23 µs (Norris et  al. 1992; Kosciesza and Bartunik 1999; 
McPherson et  al. 2002), (2) choppers based on a rotating cyl-
inder with an opening time of 2.4 µs (McPherson et al. 2000), 
(3) choppers based on a rotating disc that, in turn, is based on 
the DC servomotor and frequency-lock and combined with air 
bearing and an opening time of 2.1 µs (Gembicky et al. 2005), 
and (4)  galvanometer-based fast shutters based on galvanome-
ter-based motion systems with an opening time below 1 ms for 
monochromatic beams (APS 1-ID beamline).

The FLASH user facility in Hamburg, Germany, produces 
extremely bright tunable ultrashort laser pulses in the extreme 
ultraviolet and soft X-ray region (Ackermann et  al. 2007). It 
produces a flux of 1013 photons/pulse, with a pulse length of 10 
to 50 fs. For experiments related to solid-state physics, X-ray 
holography needs to select a single pulse. For this purpose, a fast 
mechanical shutter system has been developed that allows for the 
selection of individual photon bunch trains and has a repetition 
rate of ∼10 Hz. The details of this design can be found in Tiedtke 
et al. (2009). Figure 9.6 is a drawing of the mechanical layout of 
a fast shutter.

The white-beam X-ray topography gives information about 
the bulk microstructure of the crystal, and the transmitted dif-
fraction image can be recorded to a depth of several millimeters 
in the material. One important application of white-beam X-ray 
topography is crystal-based X-ray optics development for structure 
analysis/crystal orientation and industrial characterization of sin-
gle crystals and epitaxial materials. White-beam X-ray topography 
is based on Laue geometry (transmission geometry), and the dif-
fracted Laue pattern consists of diffracted spots. Due to the intense 

flux from the synchrotron source, the exposure time of the imaging 
process should be precisely controlled down to the millisecond.

Figure 9.7 shows the white-beam fast shutter at the 1-BM 
beamline of APS. The fixed-gap aperture of 70 mm horizon-
tally and 5 mm vertically is made of copper and mounted on the 
flange. Both sides of the flange are connected by bellows to allow 
the movement of the aperture in the vertical direction. The shut-
ter is driven by a linear actuator. Water cooling has been incorpo-
rated into the actuator to improve heat dissipation. More details 
about fabrication and test results can be found in Kujala et  al. 
(2013) and Macrander et al. (2016). The opening time of the fast 
shutter is 32 milliseconds, as shown in Figure 9.8.

9.5  Commercially Available X-ray Shutters

Sections 9.3 and 9.4 describe the design, implementation, and appli-
cations of X-ray shutters at different X-ray light source facilities. 
This section describes some of the commercially available compa-
nies who have designed and manufactured shutters presently used 
at different synchrotron facilities. Cedrat Technologies (http://
www.cedrat-technologies.com/) offers X-ray shutters designed 
with an aperture size of 0.3 mm × 5 mm (FPS200M series) with 
an exposure time of 2 ms, 0.7 mm × 5 mm (FPS400M series) with 
an exposure time of 4 ms, and 1.1 mm × 5 mm (FPS900M series) 
with exposure time of 10 ms, based on piezoelectric actuators for 

Linear drive

Servo motor

Slot winding
cylinder

Shutter blade

Stroke

Beam

FIGURE 9.6 Mechanical layout of the shutter. A programmable logic con-
troller (PLC) is used to steer a servo system based on an electronically com-
mutated (EC) low-voltage motor. To select a bunch-train, the motor is started 
at the time when one train passes the station. During the following 100 ms 
(for the 5 Hz repetition mode), the cylinder is turned by 180°, leading to a 
movement of the shutter by 48 mm to the fully open position, thus allow-
ing the passage of the preceding bunch-train. During the next 100 ms, the 
rotation continues to the 360° position, thus blocking the next bunch-train 
by pushing the shutter back to the fully closed position. (Reproduced from 
Tiedtke, K. et al. 2009. New Journal of Physics 11:023029, with permission.)

http://www.cedrat-technologies.com/
http://www.cedrat-technologies.com/
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a monochromatic X-ray beam that have been installed at ESRF 
beamlines in France, APS beamlines in the U.S., Soleil beamlines 
in France, Diamond beamlines in the UK, SPring-8 beamlines in 
Japan, and PETRA III at DESY in Germany.

Vincent Associates New York (https://www.uniblitz.com/) 
offers an XRS series of shutters for X-ray monochromatic beams, 

designed with attenuation rated to 30 keV using a translational 
blade mechanism. They are available with an aperture size of 
6 mm (XRS6 series) with an exposure time of 9 ms and a max-
imum operation rate of 50 Hz, 14 mm (XRS14 series) with an 
exposure time of 35 ms and a maximum operation rate of 10 Hz, 
and 25 mm (XRS25 series) with an exposure time of 30 ms and 
a maximum operation rate of 10 Hz.

NatX-ray, Saint Martin d’Heres,  France (http://www.natx-ray.
com/home.html) builds the X-ray shutters from IR to an X-ray 
monochromatic beam with an aperture of 12 mm × 12 mm, 
an exposure time of 17 ms, and a maximum operation rate of 
50 Hz. The shutter is based on a stainless steel head mounted 
on a stepper motor. To open and close the shutter, a 90° rotation 
is operated. An inductive sensor is placed to allow a homing of 
the motor at the start. The opening and closing of the shutter is 
defined by Ethernet with an electrical signal.

Huber X-ray Diffracted Equipment, Rimsting, Germany 
(http://www.xhuber.de/index.php?id=1&L=1) designs and man-
ufactures X-ray shutters (Module 3100.30) for monochromatic 
beams with an aperture of 6 mm that can be driven by a transis-
tor-transistor logic (TTL) input signal, and a manually and pro-
grammable opening time with an exposure time of <3 ms.

Xia LLC, Hayward, CA, USA (http://www.xia.com/) manufac-
tures X-ray shutters and filter systems (Models PFCU/PF4/PFS2) 
for monochromatic beams with an aperture of 20 mm × 80 mm 
that can be moved by pneumatic actuators controlled by electri-
cally operated valves by 50 to 100 psi (3.5–7 bar) of compressed 
air and with an exposure time of < 0.1 s.
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FIGURE 9.7 White-beam fast shutter at the 1-BM beamline of APS. (Reproduced from Kujala, N. et al. 2013. Journal of Physics: Conference Series 
493:012007. With permission.)
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FIGURE 9.8 Opening time of the X-ray white-beam fast shutter. 
(Reproduced from Kujala, N. et al. 2013. Journal of Physics: Conference 
Series 493:012007. With permission.)
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http://www.natx-ray.com/home.html
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Table 9.5 summarizes the commercial companies that cur-
rently design and manufacture the X-ray shutters. It also gives 
the papers published for the design, fabrication, and implementa-
tion of X-ray shutters in different light source facilities.

9.6 Summary and Conclusion

The X-ray photon shutter is a crucial component for person-
nel and equipment safety. A fail-safe design and the ability to 
indicate the open and closed positions are critical. The designs 
of the X-ray photon shutters at different synchrotron research 
facilities are mentioned in the previous sections, based on the 
literature and publications available from the respective facili-
ties. However, several facilities have upgraded their X-ray pho-
ton shutters for further optimization according to the needs of 
their beamlines. As described in the previous sections, there 
is no standard design for the photon shutter. One has to design 
the X-ray photon shutter according to their source parameters. 
Extensive thermal analysis and tests must be performed for the 
front-end photon shutters, based on the heat load and power den-
sity of the photon beam. Nevertheless, detailed thermal analysis 
must be undertaken for each device to assure that the design of 
the photon shutter is adequate.
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10
Calculation of X-ray Spectra

Gavin Poludniowski

10.1 Introduction

10.1.1 Spectral Modeling

The most important theoretical publications relevant to the inter-
actions of electrons and photons in an X-ray target were published 
during the 1920s to 1980s. It is perhaps surprising, therefore, that 
X-ray spectra modeling remains an active field for research. The 
fact that it is still active can be attributed to several factors:

• The problem of X-ray spectrum generation in a thick tar-
get is a coupled electron-photon transport problem and, 
hence, complicated to solve. The availability of increas-
ingly powerful computers has enabled new calculations, 
mostly based on the use of Monte Carlo simulations.

• Many of the theoretical results are derived using 
approximations and have regimes of validity that need 
to be considered in each application.

• The sheer variety of X-ray system designs and working 
energy ranges means that a model that is adequate in 
one application may be quite useless in another.

• Scientists working with X-ray beams want models that 
are simple and quick to use, and this requires ingenu-
ity in distilling the essential physics from the complex 
theoretical framework.

These factors will all be considered to some extent later in 
this chapter. As an illustration of the diversity in tube design, 
we direct the reader to other chapters of this book (in particular, 
Chapter 2: X-ray Tube Physics and Technology).
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10.1.2 Simplicity Versus Sophistication

There is a need for X-ray tube models in a wide variety of applica-
tions, and preferably models that generate spectra in a quick and 
simple manner. This raises the issue of simplicity versus sophisti-
cation. A scientist designing X-ray tubes in a commercial company 
might want to use a sophisticated Monte Carlo software program. 
This program would include a detailed geometry package capable 
of representing the tube design, a complete and accurate phys-
ics model for electron-photon transport, and it perhaps might also 
be capable of simulating the behavior of charged particles in the 
accelerating electromagnetic fields. A hospital physicist, on the 
other hand, might just want to know how the half-value layer 
(HVL) of the beam will change when the tube potential is raised 
from 70 to 90 kV. The complexity and sophistication required in 
modeling X-ray spectra, therefore, depends on the task at hand.

10.1.3 This Chapter

This chapter is concerned with the calculation of X-ray spectra 
emitted from target materials after bombardment with electrons. 
To enable any depth in coverage we must restrict our breadth. We 
will consider only X-ray sources that are thick target X-ray tubes 
with reflection geometries. This geometry is illustrated in Figure 
10.1, with several features of possible orientations annotated, the 
most critical being the “take-off” angle, θ. We are interested in 
the range of tube potentials spanning from 10 kV to 1 MV. Both 
the continuous X-ray spectrum and characteristic radiation are, 
therefore, important. The target material will be assumed to be 
tungsten (Z = 74) or a tungsten alloy, except for in mammogra-
phy systems, where the target may be molybdenum (Z = 42) or 
rhodium (Z = 45). Although this coverage of X-ray sources is 
restricted, it still addresses the most important varieties for the 
context of medical X-ray imaging, and it is also that in which the 
majority of spectrum models have been developed.

We will consider both the empirical and the so-called “semi-
empirical” spectrum models in this chapter, as well as the use of 
Monte Carlo simulations. Emphasis is placed on providing the 
reader with the necessary knowledge to select an appropriate model 
or software and assess its predictions in the light of its limitations. 
Mathematical detail is largely avoided and relegated to references, 
an exception being in the discussion of the important results of 
Kramers (1923) that gave birth to the many semi-empirical models.

10.2  Early Observations and the 
First Spectral Model

10.2.1 Early Experimental Insights

An X-ray spectrum is commonly specified in terms of photon 
flux per unit energy (Nk), intensity per unit energy (Ik), or inten-
sity per unit frequency (Iν). These three differential quantities 
can be related as

 N I k I hkk k v= =/ /  (10.1)

where k is the observed photon energy and h is Planck’s constant. 
Nowadays it is typical to see a spectrum expressed in terms of 
photon flux, but in the early literature the use of intensity pre-
dominated. For that reason, we will make use of both quantities. 
Note that we will be flexible in the use of the terms flux (fluence-
rate) and intensity (energy fluence-rate). These quantities may be 
expressed as per unit time, per incident electron, or per milliam-
pere-second (mAs).

The integrated intensity, I, can be defined as
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Experimental observations of these quantities can be classed 
as involving “thin” or “thick” targets (Dyson 1973, Chapter 2). 
In a thin target the impinging electrons are mostly transmitted 
through the target foil, with negligible loss of energy. In a thick 
target, however, the electrons interact through multiple processes 
and typically lose a substantial amount of energy or are com-
pletely stopped. Thin target experiments are of fundamental 
interest to understanding the nature of bremsstrahlung, but thick 
targets are more relevant to X-ray systems with massive anodes, 
such as medical X-ray tubes.

Early experiments in the 1920s to 1950s investigating X-ray 
emissions from electrons involved both thin targets (foils 
and gases) and thick targets (thick foils or massive anodes). 
Experiments with thin targets established the following impor-
tant points (Amrehn and Kulenkampff 1955):

• The intensity spectrum of bremsstrahlung is approxi-
mately independent of k, up to the high energy limit, 
where it falls to zero.

• The intensity is approximately proportional to the 
square of atomic number, Z (this relationship fails at 
low atomic numbers).

• The intensity is proportional to atomic density.

These three observations can be summarized as
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where na is the atomic density, C is a constant, V is the tube 
potential, and e is the electron charge. The high energy cutoff is 
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FIGURE 10.1 An illustration of the X-ray tube reflection geometry.
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called the Duane-Hunt law, but, in a quantum mechanical inter-
pretation, Ve is simply the kinetic energy of the electrons striking 
the anode. The approximate constancy of intensity with emission 
energy is illustrated in the experimental results for aluminium in 
Figure 10.2a. With thin targets it was further observed that the 
angular distribution of bremsstrahlung had minima in intensity 
in both the forward and the backward directions. The maximum 
was also found to shift towards the forward direction as the tube 
potential was increased.

Experiments with thick targets (Kulenkampff and Schmidt 
1943), in contrast, established that:

• The intensity spectrum is approximately proportional 
to (Ve − k) up to the high energy limit.

• The intensity of bremsstrahlung is approximately pro-
portional to Z.

These two observations can be summarized as
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where D is a constant, and the explicit dependency on atomic 
density is no longer present. The linear decline of intensity with 
photon energy (or frequency) is illustrated in Figure 10.2b, which 
shows experimental results for tungsten. Note that the observed 
angular anisotropy of bremsstrahlung emission was found to be 
much reduced for thick targets, although the residual anisotropy 
was seen to increase with rising V and falling Z.

10.2.2  The Kramers–Thomson–Whiddington Model

Kramers (1923) made the first important attempt at deriving the 
bremsstrahlung emission spectrum. He assumed a parabolic path 
for incident electrons, applied classical electrodynamics, and 
analyzed radiative emissions due to deceleration in the Coulomb 
potential of a nucleus. The resulting semi-classical cross-section 
for an electron, differential in photon energy k and in the non-
relativistic limit may be written as (Gould 2006, Chapter 6.1.2),
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where α is the fine-structure constant (≈1/137), Λ is the electron 
Compton wavelength (2.426 × 10−12 m), me is the electron mass, 
c is the speed of light, and Ti is the initial electron kinetic energy. 
This classical result is valid for “strong scattering,” where the 
atomic number of the target is high and the electron is traveling 
at non-relativistic speeds.

The intensity emitted from a thin target of thickness, δx, per 
incident electron, can, therefore, be approximated as
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Here, the intensity has been averaged over emission direction 
and defined at a distance r from the emission origin. This result 
reproduces the observed dependence of bremsstrahlung intensity 
on na and Z for thin targets, as well as its independence of k (see 
Equation 10.3).

The Kramers result can also be used to gain insight into thick 
target bremsstrahlung, with a little additional knowledge regard-
ing electron penetration in a target. Experiments in the early 
twentieth century with electron transmission through foils estab-
lished an approximate relation,
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where T(x) is the average kinetic energy of electrons trans-
mitted through a foil of thickness, x, given an incident elec-
tron energy T0 = Ve. Originally the average kinetic energy 
was defined as the most-probable energy. However, consis-
tent with more recent literature, we will interpret T(x) as the 
mean kinetic energy. Regardless, Equation 10.7 is known as 
the Thomson–Whiddington law (Whiddington 1912). The 
constant, b, varies slowly with T0, and defines an extrapolated 
electron range,

 R T bn ZTW a= 0
2 / .  (10.8)

Using Equations 10.7 and 10.8 in an integral of Equation 10.6 
over depth, we can find that the direction-averaged intensity 
spectrum for a thick target is
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Above, the relation: 2T(dT/dx) = bnaZ, has been utilized 
and was obtained by differentiating Equation 10.7. Equation 
10.9 reproduces the atomic number and X-ray energy depen-
dence noted experimentally for thick targets (see Equation 
10.4). The result will be referred to as the Kramers–Thomson–
Whiddington (KTW) model. In a first crude approximation, 
emission from a thick target can be assumed isotropic and, 
therefore, the direction-averaged intensity is simply the inten-
sity. In that case, the predicted photon flux (per incident elec-
tron) at a distance r is
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Inherent and added filtration of the spectrum has been 
accounted for by the addition of the exponential term, where µi 
is the linear attenuation coefficient of the ith filter material, and 
ti is the filter thickness. Given the crudity of approximations, 
we should be sceptical regarding the normalization factor in 
Equation 10.10. Nonetheless, the spectrum shape is reasonable. 
A comparison with an experimental spectrum is made in Figure 
10.3, for a tungsten target tube operated at 50 kV. It is logical 
that the KTW prediction is somewhat softer than experiment, 
due to the neglect of self-filtration of the spectrum by the target 
itself. Quantitatively, the KTW has been proved to be inadequate. 
However, as we shall see, it has been fruitful in inspiring a whole 
class of semi-empirical models.

10.2.3 Characteristic X-rays

Discussion of X-ray emissions has so far focused on the continu-
ous spectrum of bremsstrahlung. However, an important part of 
the spectrum can consist of characteristic X-rays emitted from 
the L- or K-shells of the target atoms. These can be produced 
by impact ionization of an atom’s inner shells by an incident 
electron with kinetic energy exceeding the edge energy (“direct” 
emission). They can also be produced following photoelectric 
absorption of an X-ray with energy above the edge (“indirect” 
emission). Edge energies increase with atomic number. For 
example: the L1 and K energies for molybdenum (Z = 42) are 2.9 
and 20.0 keV, respectively, while they take the values 12.1 and 
69.5 keV for tungsten (Z = 74) (Deslattes et al. 2003). Therefore, 
even for tungsten, L-lines are only visible in minimally filtered 
spectra. Some general observations about K-edge emissions are 
that (Dyson 1973, Chapter 3):

• The number of X-rays emitted per inner shell vacancy 
in the K-shell is less than unity, and this is termed the 
fluorescence yield, ωK; this yield increases with atomic 
number.

• The number of K-shell ionizations produced by direct 
compared to indirect mechanisms increases slowly 
with tube potential; this ratio also increases as the Z of 
the target is decreased.

• The direction of characteristic X-ray emission can be 
considered isotropic.

10.3 The Physics of Thick Target Bremsstrahlung

10.3.1 Electron Interactions in a Thick Target

In 1923, when Kramers derived his bremsstrahlung cross-section  
and proposed the KTW-model, the framework for quantum 
mechanical calculations was still being elaborated. Now, how-
ever, we have the benefit of nearly a century of insights. A dis-
cussion of X-ray models must summarize some of these. First, 
we know that the journeys electrons take through an X-ray tube 
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are varied, but almost invariably brief and violent. Ejected from 
a filament, focused by electromagnetic fields, and accelerated to 
a high energy by a large potential difference, each electron has 
already ridden a rollercoaster before it even strikes the target. 
The electron will then penetrate into the target to a depth that 
depends on its unique history of interactions. These interactions 
include (Leroy and Rancoita 2004):

• Elastic scattering from atomic nuclei, typically result-
ing in small angle deflections and with negligible 
energy-loss.

• Inelastic interactions with atomic electrons, leading to 
energy-loss through ionization and excitation.

• Bremsstrahlung emission, primarily due to interactions 
with target nuclei.

We are ultimately interested in X-ray emissions. However, 
X-ray emissions of significant energy are relatively rare for the 
energy range of interest. The proportion of energy-loss due to 
bremsstrahlung (radiation yield) can be approximated as (Koch 
and Motz 1959)
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We see that 100 keV electrons incident on tungsten lose only 
∼ 1% of their energy to bremsstrahlung. The penetration of elec-
trons into a target can, therefore, be assumed to be dominated by 
the two mechanisms of elastic and inelastic electron scattering.

10.3.2 Electron Penetration in X-ray Targets

A large number of interaction events typically occur before an 
electron is stopped in a target. An incident electron initially has 
a definite direction, defined by it orientation with respect to the 
surface (see Figure 10.1). Elastic scattering, however, soon leads 
to random deflections. The change with depth of the distribution 
of directions is complex to calculate and depends on both tar-
get atomic number and incident electron energy. At a sufficient 
depth, the angular distribution of electrons ceases to change, and 
this is one definition of the state of diffusion (Cosslett 1964).

Few electrons will penetrate beyond the depth of the 
Thomson–Whiddington range (RTW). Rather than working with 
this empirically-defined range, however, the concept of range in 
the continually slowing down approximation (RCSDA) will be used 
here. This is a more rigorously defined concept, corresponding to 
the total path-length traveled by an electron before coming to 
rest, if it were to lose energy continuously at a rate dictated by its 
stopping-power. A result of the deflected paths of electrons is that 
the depth penetrated by an electron is typically much less than its 
CSDA range. In general, the RCSDA for a material is around twice 
its RTW (Dyson 1973, App. 1).

Consider foils of a target material. Figure 10.4a shows the 
results of Monte Carlo simulations for the number of 100 keV 
electrons that would be transmitted through target foils of vary-
ing thickness. The data is presented for foils of high atomic num-
ber (tungsten) and for low (aluminum). Many of the electrons that 
are not transmitted through a foil are stopped in the material. 

However, a sizable fraction can be backscattered out of the tar-
get. Note that a lower transmission-depth is seen in tungsten as a 
fraction of its CSDA range, compared to aluminum. This stems 
from the fact that the ratio of elastic to inelastic cross-section 
increases with atomic number (Lenz 1954). The effect of this on 
the angular distribution of transmitted electrons can be seen in 
Figure 10.4b, where the mean electron angle is plotted against 
foil thickness. Diffusion is reached much more rapidly in tung-
sten (by 0.1 RCSDA) than in aluminum (by 0.3 RCSDA).

In massive targets, however, such as an X-ray tube anode, there 
is zero transmission. From the point of view of X-ray production, 
we are instead interested in the number of electron crossings 
through a plane at a given depth, per incident electron. This sta-
tistic is shown in Figure 10.5a for 100 keV electrons incident on 
tungsten or aluminum. The first thing to note is that the electron 
crossing number initially exceeds unity before decaying. This is 
principally because electrons interact and change directions and 
can cross any plane multiple times. The backscatter coefficient 
for each target is given by the electron number at zero-depth 
minus one (the initial electron). This yields backscatter coeffi-
cients of 0.50 and 0.14 for tungsten and aluminum, respectively, 
which are consistent with measurements (Ali and Rogers 2008).

0

45

40

35

30

25

20

15

10

5

0

0

0.2

0.4

0.6

Fr
ac

tio
n 

of
 e

le
ct

ro
ns

M
ea

n 
an

gl
e 

(d
eg

re
es

)

0.8

1(a)

(b)

0.1 0.2 0.3

W

Al

W
Al
TW range

0.4
Foil thickness (as fraction of CSDA range)

0.5 0.6 0.7 0.8 0.9

0 0.1 0.2 0.3 0.4
Foil thickness (as fraction of CSDA range)

0.5 0.6 0.7 0.8 0.9

FIGURE 10.4 (a) The transmitted fraction through foils of different thickness 
for aluminum and tungsten, and (b) the mean angle of the transmitted electrons 
with respect to the normal to the foil surface. Calculations made using the 
EGSnrc/BEAMnrc Monte Carlo code with an initial electron kinetic energy of 
100 keV, production cutoffs of 1 keV, and transport cutoffs of 5 keV. (Adapted 
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The distributions of electron energies (i.e., energy spectrum) 
at the diffusion depth and twice that depth are shown in Figure 
10.5b for both metals. It can be seen that there is a notable spread 
in energies. Although the shape resembles the “Landau curve” 
for cumulative random energy-loss (Leroy and Rancoita 2004), it 
is considerably broadened by various effects, including the vari-
able random paths traveled by the electrons reaching that point.

These results should give the reader an impression of the com-
plexity of electron transport in a target, due to the various types of 
interactions. The precise interplay of elastic and inelastic effects 
varies with atomic number, but electrons do not penetrate without 
deflection and few even reach the Thomson–Whiddington range. 
Further, many electrons backscatter out of the target and are lost. 
There is, therefore, no unique relationship between penetration 
depth and electron energy, such as the Thomson–Whiddington 
law prescribes (Equation 10.7).

10.3.3  The Bremsstrahlung Cross-section 
Differential in Photon Energy

Our discussion of the bremsstrahlung cross-section will be sim-
plified. Only emissions due to the interaction of an electron with 
a nucleus will be considered, this being the dominant mechanism 
for the energy range of interest. Further, summations over spin 
states of the initial electron and polarization states of the emitted 
X-ray are assumed. Although the beam from an X-ray tube is 
partially polarized, for most purposes in X-ray imaging this has 
little relevance. We refer the reader elsewhere for an introduction 
to the full complexity of bremsstrahlung (Quarles 2000).

Table 10.1 summarizes some major theoretical results for 
unpolarized electron-nucleus bremsstrahlung cross-sections. 
We refer the interested reader to the standard reviews of Koch 
and Motz (1959), Seltzer and Berger (1985), and Pratt and Feng 
(1985) for mathematical details. The theories are due to:

• Kramers (Classical)

• Sommerfeld (Dipole Approximation)

• Bethe–Heitler (Relativistic quantum mechanics in the 
“Born approximation”)

• Davies, Bethe, Maximon, and Olsen (DBMO) (Extreme 
relativistic limit)

• Pratt and coworkers (Partial Wave calculations)

Three important factors are highlighted in the table for each 
theory: (1) the applicable range of electron energies, (2) whether 
screening corrections are included, and (3) whether the result is 
Coulomb-corrected. Screening corrections account for the fact 
that a target atom is not a bare nucleus, but dressed in an elec-
tron cloud. The Coulomb correction accounts for the fact that 
a Coulomb potential (such as that of a nucleus) is long-range 
and distorts the incoming wave-function of the electron prior to 
bremsstrahlung emission.
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TABLE 10.1

Some Major Theoretical Results for the Electron-nucleus Bremsstrahlung Cross-section Differential in Photon Energy

Theory Energy Range Screened
Coulomb-
corrected

Kramers (1923) (Classical) Non-relativistic (Ti < 50 keV) No N/A

Sommerfeld (1931) (Dipole approximation) Non-relativistic (Ti < 50 keV) No Yes

Bethe and Heitler (1934) (Born approximation) Relativistic (All Ti) No No

DBMO (see Koch and Motz 1959) (Born + corrections) Extreme relativistic (Ti > 50 MeV) Yes Yes

Pratt et al. (see Tseng and Pratt 1971) Partial Wave Relativistic (Ti < 2 MeV) Yes Yes

Note: Where a theory in unscreened, it is required that: 2π Z/137βi/f ≫ 1. Where a theory neglects Coulomb correction, it is required that: 137 Z−1/3 ≫ EiEf/
mk, where Ei/f = m + Ti/f.
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As can be seen from the table, no single theory covers all 
electron energies, emission energies, and atomic numbers that 
could possibly be of interest. Seltzer and Berger (1985) published 
tabulations of the cross-section over a wide range of energies 
(1 keV to 10 GeV) and atomic numbers (Z = 1–92). To do so 
they were obliged to make use of different theories in different 
regimes. Between electron energies of 2 MeV (Partial Wave) and 
50 MeV (DBMO) where no suitable results were available, the 
data were interpolated. Their tables are commonly referred to 
as the “NIST” bremsstrahlung cross-sections (after the National 
Institute of Standards in the US).

If an easily evaluated mathematical expression is desired for 
the bremsstrahlung cross-section, some sacrifice in accuracy is 
required. A simple correction factor due to Elwert (1939) provides 
a rough amendment to the Bethe–Heitler formula (Heitler 1954). 
A standard way to express the differential cross-section, for tabu-
lation or plotting, is in terms of a “reduced” (scaled) cross-section:
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where u = k/Ti is the emitted photon energy relative to the ini-
tial electron energy, and βi is the initial electron energy in units 
of c. Figure 10.6a shows this quantity plotted for aluminum, from 

the NIST tabulations and for the Bethe–Heitler (BH) and Elwert-
corrected (EBH) predictions (at Ti = 50 keV). The Kramers 
cross-section is shown for reference. The effect of screening is to 
lower the cross-section, especially at the low-u region, while an 
effect of the Coulomb corrections is to raise the cross-section in 
the high-u region. The net result is a much flatter cross-section 
than predicted by Bethe–Heitler. For aluminum, the Elwert cor-
rection works well over much of the emission range. The same 
cross-sections are shown in Figure 10.6b for tungsten. The 
Elwert correction performs less well for high-Z materials, due to 
the stronger violation of the Born approximation.

10.3.4 Bremsstrahlung Angular Distribution

The bremsstrahlung cross-section differentials in photon energy 
referenced in Table 10.1 each have angular distributions associ-
ated with them. The angular distribution of emitted photons cor-
responding to Bethe–Heitler theory is usually referred to as the 
“2BN” formula (Born, Non-screened) following the nomencla-
ture of Koch and Motz (1959). There is a further notable related 
result referred to as the “2BS” distribution (Born, Screened) that 
includes screening corrections, but assumes extreme relativistic 
conditions and small angles. This latter result is, therefore, of lit-
tle interest for us, except for the fact that it has been implemented 
in a number of Monte Carlo codes. The DBMO angular distri-
bution is also presented in Koch and Motz (1959) and termed 
“2CS” (Coulomb-corrected, Screened). Finally, Kissel et  al. 
(1983) have published tabulations of “shape functions” (angular 
distributions) using a Partial Wave approach; we will give this 
the nomenclature “PW.”

The PW angular distributions are preferred and published 
in table form, but only available for electron kinetic energies 
<500 keV. However, the 2BN angular distribution performs rea-
sonably well, even at low energies and for high-Z targets, despite 
the assumptions of the Born approximation. Figure 10.7 shows 
the angular distributions for the emission of a 40 keV X-ray from 
50 keV and from 100 keV electrons in tungsten. The 2BN predic-
tions are quantitatively in disagreement with those of PW, but do 
show the same qualitative behavior.
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Observe from Figure 10.7 that the angular distributions for 
bremsstrahlung are far from isotropic, as was assumed in deriv-
ing the spectral flux in the KTW-model (see Equation 10.10). The 
extent to which this matters, however, in thick targets, depends 
on the extent to which the distribution of electron directions at 
depth in a target can be considered isotropic. If the electrons are 
in random diffusion, much of the anisotropy of bremsstrahlung 
washes out.

10.4 Spectral Models

10.4.1 Summary of Models

The results of the previous section allow us to proceed to a 
discussion of spectral models and their limitations. Table 10.2 
gives a summary of the semi-empirical and empirical models for 
which predictions will be presented later in this chapter.

10.4.2 Semi-empirical Models for Bremsstrahlung

The KTW-model for thick target bremsstrahlung (see Equation 
10.10) was only the first of many attempts to provide a simple 
model for the spectrum from an X-ray tube. A variety of semi-
empirical models have been proposed, based on the assumption 
that the electron kinetic energy can be expressed as a function 
of depth, x, in a target. Typically, this functional relational is 
expressed in terms of the Thomson–Whiddington law, provid-
ing a definite maximum range, RTW. The general mathematical 
form for the semi-empirical (SE) spectrum at a distance, r, is (c.f. 
Equation 10.9):
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where g(x, k) is a function optionally included to account for tar-
get self-filtration.

Soole’s work in the 1970s gives an insight into the struggle to 
find a workable mode based on Equation 10.13. The KTW result 
(Equation 10.10) had successfully reproduced the approximate 
empirical rule of Kulenkampff (Equation 10.4). Soole attempted 
an improvement of the model by including self-filtration in the 
model via the function (Soole 1972),

 g k x k xt( , ) exp( ( ) cos( ) sin )= − + −µ α β γ θ/  (10.14)

where µt(k) is the linear attenuation coefficient of the target, 
and x the depth of emission (see Figure 10.1 for the definition of 
angles). However, the resulting spectra were harder than those 
experimentally observed. Concluding that the bremsstrahlung 
cross-section was at fault, Soole’s subsequent work used an 
entirely purely empirical form for σk, inspired by the behavior of 
the Bethe–Heitler cross-section (Soole 1976).

Soon afterwards, Birch and Marshall (1979) published their 
model largely following Soole’s approach. Although they used 
the Thomson–Whiddington law to relate depth to electron 
energy, unlike Soole they chose to interpret the quantity dT/dx as 
true electron collision stopping-power. Their entirely empirical 
function for the bremsstrahlung cross-section was arrived at by 
trial-and-error, comparing predictions to measured spectra for 
two X-ray tubes at several operating voltages in the range of 30 to 
150 kVp. Their work has been widely influential, and formed the 
basis for the report Catalogue of Spectral Data for Diagnostic 
X-rays published by the Hospital Physicists’ Association (HPA) 
(Birch et  al. 1979), which provided data for mammography 
(tungsten and molybdenum targets) and general radiography 
and computed tomography (CT) (tungsten only). The model 
was again used in the updated report Catalogue of Diagnostic 
X-ray Spectra and Other Data (IPEM Report 78), published by 
the Institute of Physics and Engineering in Medicine (Cranley 
et al. 1997). The inclusion of a user-friendly software program to 
calculate spectra on a CDROM (IPEM78) has led to widespread 
usage around the world.

Tucker et al. (1991a) used the same model as Birch and Marshall 
(1979), excepting some fine details. They arrived at an empiri-
cal bremsstrahlung cross-section (70–140 kVp) by least-squares 
fitting to the experimental spectral data of Fewell et al. (1981). 
Tucker et al. (1991b) also published a mammography model for 
molybdenum based on the same approach (20–55 kVp). The 
model can be easily extended to model rhodium tubes. To this 
author’s knowledge, no software is being sold based on the Tucker 
models, but sufficient information is in the above references to 
reproduce the developers’ results. Note that the two models will 
be denoted here as TBC or TBW after the respective developers 
(Tucker, Barnes, Chakraborty or Wu)—or collectively as TBCW.

Finally, Blough et al. (1998) published a mammography model 
(25–50 kVp) and deserve mention for the attempt to return to the 
use of a physically meaningful bremsstrahlung cross-section. 
They used the non-relativistic limit of the Bethe–Heitler cross-
section and a correction to the Born approximation related to 
the Elwert factor. They demonstrated agreement with measured 
HVL values for tungsten, molybdenum, and rhodium targets. 
Again, the Thomson–Whiddington law was used to describe 
electron penetration.

TABLE 10.2

Some Major Semi-empirical and Empirical X-ray Tube Models

Model
Tube Parameters Target 
(kVp, Take-Off Angle) Notes

IPEM78 W (30–150 kV, 6–22°)
Mo (25–32 kV, 9–23°)
Rh (25–32 kV, 9–23°)

Semi-empirical (Cranley 
et al. 1997). Based on 
Birch and Marshall (1979)

TBCW W (70–150 kV, arbitrary angle)
Mo (20–50 kV, arbitrary angle)
Rh (20–50 kV, arbitrary angle)

Semi-empirical (Tucker 
et al. 1991a,b)

SpekCalc W (30–300 kV, arbitrary angle) Semi-empirical 
(Poludniowski 2007)

TASMICS W (20–640 kV, nominal 12°) Empirical model. Uses 
interpolation of Monte 
Carlo data (Hernandez and 
Boone 2014)

ASMIP W (18–42 kV, nominal 12°)
Mo (18–42 kV, nominal 12°)
Rh (18–42 kV, nominal 12°)

Empirical model. Uses 
interpolation of measured 
spectra (Boone et al. 1997)
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Since the range of semi-empirical models described so far have 
all relied on the Thomson–Whiddington law, let us re-examine 
its use. It was devised to fit the energy properties of electrons 
transmitted through a foil—a very different problem. The key 
assumptions in applying it to penetration in thick targets are that:

• All incident electrons travel in straight-lines coming to 
rest at the TW-range.

• There is a one-to-one relationship between penetration 
depth and electron energy.

As we have seen, neither of these assumptions is correct. The 
need for abandoning realistic bremsstrahlung cross-sections can 
ultimately be attributed to the misapplication of the Thomson–
Whiddington law to the problem. Note that the developers of 
semi-empirical models were not unaware of the limitations of 
their approach. Birch and Marshall (1979) commented that they 
deliberately neglected backscatter, assuming that these electrons 
hit the anode again, contributing off-focal radiation. Both Tucker 
et al. (1991a) and Blough et al. (1998) also explicitly commented 
on the deficiencies of their model for electron penetration. 
Despite the approach’s limitation, the final end product—a pre-
dicted spectrum—was generally useful, and in adequate agree-
ment with data. Semi-empirical models have been and still are in 
common  use around the world.

Setting the Thomson–Whiddington law aside, however, 
Poludniowski and Evans (2007) and Poludniowski (2007) pre-
sented a new approach. Their model can be expressed as,
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where ne(x) is the number of electron crossings at depth, x, per 
incident electron, and p(v|x) is the probability that an electron has 
a fraction v = Ti/T0 of its incident kinetic energy, given that it is 
at the depth x. Both ne(x) and p(v|x) were parameterized based on 
Monte Carlo calculation. The constant, d, is the mean diversion 
(the average rate of change of path-length with penetration depth); 
it can be calculated from the electron angular distribution at dif-
fusion and takes a value of around 2 in tungsten. The constant, E, 
is an empirical constant that can be adjusted to match the precise 
output of a particular X-ray tube (it takes a value of around 1). 
The bremsstrahlung cross-section used was a simplification of 
the Bethe–Heitler result, corrected by an improved version of the 
Elwert factor. This was judged as sufficiently close to the NIST 
cross-sections for practical purposes, and spectral predictions 
provided a reasonable match to experimental data. The imple-
mentation was simple enough that it could be used in much the 
same way as the above models. A software package, SpekCalc, 
based on the model, was released (Poludniowski et  al. 2009), 
covering an energy range of 30 to 300 kV. Currently a limited 
version of the software is available for free via web-download.

This concludes our overview of published semi-empirical 
bremsstrahlung models. Note that all the models described here 
assume that bremsstrahlung emission is isotropic. Although this 
assumption is manifestly incorrect (see Figure 10.7), the effects 

of anisotropy are in fact largely diluted by the wide distribution 
of directions of the emitting electrons (see Figure 10.4b). An 
accurate modeling of the heel effect, however, must always be in 
some doubt due to the assumption of isotropy.

10.4.3  Simple Models for Characteristic 
X-ray Production

We will not treat the topic of characteristic emission in thick tar-
gets in as much detail as bremsstrahlung. It is often considered 
of secondary importance to the continuous spectrum for imaging 
purposes, although its increased importance in mammography 
should be emphasized. Nonetheless, characteristic emissions 
must be considered, however crudely, even though none of the 
semi-empirical spectrum models discussed treat this contribu-
tion in an entirely satisfactory manner.

Experimental studies with thick targets over many years have 
shown the number of K-characteristic X-rays escaping the target 
varies with incident electron energy as approximately (Dyson 
1973, Chapter 3),
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where T0 is the incident electron energy and kK is the K-edge 
energy. The value of γ has been established as between 1.6 and 
1.7. The normalization factor, F, in Equation 10.16 will depend on 
take-off angle, θ, due to variable self-filtration.

Theoretical approaches to calculating the direct contribution to 
characteristic emissions (impact ionization) usually start from the 
theoretical formulae for electron collision stopping-power, taking 
the contributions from only the K-shell. The indirect contribution 
can be accounted for empirically by using experimental values 
for the ratio of indirect-to-direct emissions, but these ratios do 
change with target atomic number and incident electron energy.

A difficulty for the theoretical treatment of indirect production 
is that a model for the continuous spectrum is required, as all 
X-rays with energy above the K-edge can contribute. In a thick 
anode, around half of the X-rays emitted above the K-edge are 
re-absorbed in the target, potentially resulting in indirect charac-
teristic emissions. This has frequently been the starting point for 
models of the indirect contributions.

Green and Cosslett (1961) provide a semi-empirical result for 
the number of characteristic emissions per incident electron per 
unit solid angle,
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where B is the backscatter coefficient for the target material and 
b is the Thomson–Whiddington constant (see Equation 10.7). 
The first and second terms in the square bracket are the direct 
and indirect contributions, respectively. Note that the form of 
Equation 10.17 is in fact consistent with Equation 10.16, as,
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To provide quantitative accuracy on the variability of char-
acteristic fluence with take-off angle, it is necessary to correct 
for self-filtration in the target. One approach is to multiply the 
calculated characteristic production by a function, Fi(θ), repre-
senting the take-off angle dependent attenuation (Dyson 1973, 
Chapter 3). This can be expressed as,

 

F p x k x dxi K t i( ) ( )exp( ( ) sin )θ µ θ= −
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(10.19)

where pK(x) is the probability density that a characteristic emission 
is at depth x and µt(ki) is the target linear attenuation coefficient 
for the ith K-line (emission energy ki). The practical difficulty 
is in finding the appropriate form for pK(x). Note that indirect 
contributions will be spread over a much greater depth than the 
direct contributions, exceeding even the incident electron’s CSDA 
range. The emission depth function can be determined experi-
mentally, but is also amenable to Monte Carlo calculation.

Birch and Marshall (1979) simply took Equation 10.16 for the 
characteristic contribution, normalized by measured values for a 
particular tube. Therefore, the variation in filtration with take-off 
angle is neglected in their model. Tucker et al. (1991a) attempted 
an improvement. They linked characteristic emission depth to 
electron penetration using a model including the TW-law. The 
major objection to this approach is that, for a high-Z material, 
such as tungsten, the indirect characteristic contribution domi-
nates (see Equation 10.17), and the correlation of emission 
depth with electron penetration depth will be weak. In Blough 
et al. (1998), the treatment of direct impact ionization was rela-
tively rigorous. However, again the indirect contribution was 
neglected. This is somewhat more acceptable for molybdenum 
and rhodium targets (relatively low-Z) in which the direct con-
tribution to characteristic radiation predominates. Poludniowski 
(2007) constructed a model for the indirect contribution in tung-
sten, accounting for the smaller direct part through an empirical 
parameter. The lack of the inclusion of self-filtration for charac-
teristic emissions, however, must be seen as a limitation.

In summary, the characteristic portion of the spectrum is only 
treated adequately in all the semi-empirical models to the extent 
that a large error is acceptable.

10.4.4 Empirical Models

In a sense, empirical models for X-ray spectra have been with us 
for a long time. Spectra were published by a number of authors in 
the 1960s and 1970s (see Fewell and Shuping 1977). Fewell and 
coworkers produced catalogues that have become standard refer-
ences (Fewell and Shuping 1978; Fewell et al. 1981). To model 
any particular tube and output, the most representative tube 
could be selected from respected spectra tables, with interpola-
tion being performed between anode angles and tube potentials 
if necessary. The rise of semi-empirical models, however, which 
provided results using a fast and convenient computer program, 
emphasized the inconvenience of such an empirical approach.

Yet, given the theoretical problems and gross simplifications 
in semi-empirical models, it is legitimate to ask: why bother with 
them? If comprehensive enough tables are available, then a com-
puter program can be devised to fit or interpolate the spectral 
data. An empirical model to see widespread use is that by Boone 
and Seibert (1997). TASMIP (Tungsten Anode Spectral Model 
using Interpolating Polynomials) is based on the fitting of a poly-
nomial, for each energy bin, for the variation of fluence with 
kVp. The model made no (or few) physical assumptions and pro-
vided predictions for tube potentials of 30 to 140 kV. The fitting  
of the polynomials was performed using modified data taken 
from Fewell et al. (1981). A mammography model appropriate to 
tungsten, molybdenum, and rhodium targets followed (TASMIP, 
MASMIP, RASMIP – generically termed ASMIP here), for tube 
potentials of 20 to 42 kV.

More recently, Hernandez and Boone (2014) produced a new 
empirical model for tungsten tubes called TASMICS (Tungsten 
Anode Spectral Model using Interpolating Cubic Splines). In 
addition to extending the energy range (20–640 kV) and using 
a different interpolation technique, the fitting was performed on 
data generated from Monte Carlo simulations. This approach 
allowed precise definition of inherent filtration (0.8 mm Be) and 
target anode angle (12°), and did away with experimental uncer-
tainties (while introducing theoretical ones). Note that the spec-
tra of TASMICS are averaged over a broad field, unlike most 
models which nominally present on-axis spectra. The TASMICS 
program is available in the form of an Excel spreadsheet from 
one of the authors (J.M. Boone).

A disadvantage that can be leveled at the empirical approach 
is the likely errors in applying the predictions to a tube with a 
very different anode angle or take-off angle. However, truthfully, 
this is a criticism that can also be leveled at most semi-empirical 
models to some degree, due to their crude (or plainly incorrect) 
physical assumptions on electron penetration.

10.4.5 Monte Carlo Methods

Monte Carlo codes are the most powerful tool available for cal-
culating X-ray spectra. They solve the electron-photon transport 
problem by simulating the fates of a large number of hypotheti-
cal electrons (referred to as particle “histories”). A great deal 
more computation is required to calculate an X-ray spectrum 
using Monte Carlo techniques, compared to semi-empirical or 
empirical methods. However, in addition to greater potential 
accuracy, Monte Carlo allows the treatment of factors that are 
difficult to model in other ways, such as scatter and off-focal 
radiation.

It is important to understand, however, that there are limita-
tions to the method. The predictions are only as good as the phys-
ics models and algorithms included in the Monte Carlo computer 
code. A list of some of the major general-purpose Monte Carlo 
codes that have been used for calculating X-ray spectra is pre-
sented in Table 10.3. Although most of these code-systems base 
their bremsstrahlung cross-section on the NIST tables (Seltzer 
and Berger 1985) or the Partial Wave data on which they are 
based at low energies (Pratt et al. 1977), other aspects of their 
modeling are very different. One example is the bremsstrah-
lung angular distributions implemented. These vary between 
the codes, across the range of angular distributions mentioned 
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in Section 10.3.4 (2BN, 2BS, 2CS, Partial Wave and others). Our 
aim is not to recommend one code over the other, but point out 
the potential for disagreement.

An extreme example is presented in Figure 10.8. The abso-
lute spectral fluence is shown in Figure 10.8a for FLUKA and 
EGSnrc, for a tungsten anode tube operated at 100 kV. The 
continuous spectra are very similar, although FLUKA predicts 
a slightly higher absolute fluence. Observe, however, that the 
FLUKA prediction of characteristic emissions is slightly lower. 
The discrepancy for the characteristic emissions is considerably 
more pronounced in Figure 10.8b, for a molybdenum tube oper-
ated at 25 kV, where FLUKA predicts considerably fewer char-
acteristic emissions. The explanation for this is simple. At the 
time of writing, FLUKA (Version 2011) does not include electron 
impact ionization and, therefore, neglects the direct characteris-
tic contribution. In fact, the simulation of primary electrons with 
energy lower than 100 keV is not currently recommended with 
FLUKA due to limitations in electron transport and the model-
ing of atomic relaxations (Fassò et al. 2005).

In general, however, it can be expected that the normalized con-
tinuous X-ray spectra produced by each code system will be in 
close agreement for thick targets. This assumes appropriate choices 
of user-options are made (transport and production cuts, cross-
sections, and physics models). Moderate differences in the absolute 
fluence and in the variation of fluence with take-off angle can be 
expected. Larger differences in the characteristic sector are likely.

10.5 Comparison of Models

10.5.1 General Considerations

The assessment of X-ray tube models against measurements is 
fraught with difficulties. When trying to model a tube and com-
pare to experiment, a number of questions must be asked.

Inherent filtration. Does the manufacturer provide complete 
information on the inherent filtration? This is often only a nomi-
nal value. In reality, it can consist of a combination of oil, plastic, 
and glass (or beryllium), and possibly aluminum. Often stated in 
millimeters of aluminum, the quoted thickness of inherent filtra-
tion will only be truly equivalent to that thickness at a particular 
tube potential, if at all.

Added filtration. Does the manufacturer provide complete 
information on the added filtration? This may be stated at crude 
precision, for example, 0.2 mm Cu, which leaves substantial 
ambiguity on its value. The variations in composition and densi-
ties between alloys can also lead to ambiguity.

Tube potential. What is the degree of ripple for the X-ray tube 
at the operating tube current? Is it negligible? How close is the 
actual peak tube potential to the nominal value selected?

Anode angle and tilt. Is information on the anode angle avail-
able? Is this angle with respect to the measurement axis or is 
there an additional tilt?

Measurement conditions. The spectrum itself may be deter-
mined using an energy-resolving detector, but more commonly 
half-value layers will be determined using aluminum or copper 
attenuaters and a suitable ionization chamber. In either case, 
whether measurements are made under broad beam or narrow 
beam conditions and the focus-to-detector distance will impact 
on the measurements. The composition of any attenuaters, for 

TABLE 10.3

Five General-purpose Monte Carlo Codes Systems, Their Energy 
Ranges for the Transport of Electrons and Photons, and an Example 
Reference of Use to Calculate X-ray Spectra

Monte Carlo Code

Energy Range 
[keV] (Electrons 

and Photons)

Example use for 
Calculating X-ray 

Spectra

EGSnrc/BEAMnrc (Kawrakow 
et al. 2013)

1–107 Mainegra-Hing and 
Kawrakow (2006)

PENELOPE (Salvat et al. 2011) 10−2–106 David et al. (2012)

FLUKA (Böhlen et al. 2014) 1–1012 Taleei and Shahriari 
(2009)

MCNP (Goorley et al. 2012) 10−2–106 Hernandez and 
Boone (2014)

Geant4 (Allinson et al. 2006) 10−2–1011 Guthoff et al. (2012)

Note: Recent or typical references for the various families of Monte Carlo 
codes are given and may not refer to the precise version used in the 
corresponding example. The acronyms have the following definitions: 
EGSnrc (Electron Gamma Shower toolkit of the National Research 
Council, Canada), PENELOPE (Penetration and ENErgy LOss of 
Positrons and Electrons), FLUKA (FLUktuierende KAskade), MCNP 
(Monte Carlo N-Particle transport code) and Geant4 (GEometry ANd 
Tracking toolkit, 4th generation).
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FIGURE 10.8 FLUKA and EGSnrc fluence spectra for two X-ray tubes: 
(a) tungsten target with 14° anode angle at 100 kV with 1 mm Al filtration; 
and (b) molybdenum target with 14° anode angle at 25 kV with 0.03 mm Mo 
filtration. Fluence is scored in a 40 × 40 cm2 region at 1 m.
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example, high purity aluminum or aluminum alloy, is also 
pertinent.

Even if satisfactory answers to all these questions are obtained, 
there can be confounding factors. With age, vapor from the tar-
get material can deposit on the tube exit window or the anode 
surface can roughen, both of which increase the effective inher-
ent filtration. However, for many practical purposes, the situation 
is not so difficult. Usually, a representative spectrum is all that 
is desired, and this can be adjusted to match measurements by 
the addition or subtraction of a small amount of filtration. Note 
that one case where determining the absolute equivalent total fil-
tration is necessary is in the estimation of whether a particular 
X-ray unit is compliant with a recommended or manufacturer-
stated minimum.

A comparison of a number of models will be made, providing 
some insight into the strengths and weaknesses of the various 
approaches. Seven very different spectra will be calculated and 
compared with associated experimental values (see Table 10.4). 
The programs IPEM78, TASMICS and SpekCalc were used 
to output minimally filtered spectra. The models of TBCW and 
ASMIP were coded by this author using the published descriptions 
and data. TASMICS includes an inherent filtration of 0.8 mm Be, 
and this was stripped off. Likewise, the filtering effects of 0.5 mm 
Be and 1000 mm air were stripped off the ASMIP predictions. All 
spectra were then filtered by the stated materials of inherent and 
added filtration and air gap, using the NIST XCOM data (Berger 
et al. 2005). All spectra presented are normalized to unit fluence.

Calculations with the BEAMnrc/EGSnrc Monte Carlo code 
(Rogers et al. 2013) are also presented. A generic X-ray tube was 
simulated with no attempt to tailor to the specific tube in question 
other than in the target material and angle, filtration, and air gap.

In all cases half-value layers were calculated by convolving an 
energy fluence spectrum with the mass energy-absorption coef-
ficient for air (Hubbell and Seltzer 2004).

10.5.2 Rotating Target Tubes

To reduce the effective focal spot size, a shallow anode angle is 
typical in radiography tubes. The physical focal spot however 
remains small and so a rotating target anode is usually used 
for heat dissipation purposes. For our purposes, we need only 
observe that in general radiography and CT, the take-off angle 
for the central axis is typically in the range of 6° to 18°. As a con-
sequence, the self-attenuation of the X-ray beam by the target can 
be relatively large, and must be included in any spectrum model.

The IPEM78, TASMICS, SpekCalc, and TBCW models 
are presented in Figure 10.9a,b, for the F80 (80 kV) and F100 
(100 kV) spectra. The spectra have been presented at a 2 keV 
energy resolution to match the experimental data. The models 
all provide optically similar results, ranging from slightly softer 
(SpekCalc) to somewhat harder (IPEM78) predictions. Tables 
10.5 and 10.6 give the corresponding HVLs and the additional 
thicknesses of aluminum needed to match the experimental val-
ues. The Homogeneity Index (HI) is quoted after matching the 
first HVL. TASMICS, SpekCalc, and TBCW all provide similar 

TABLE 10.4

The Characteristics of Seven X-ray Tube Spectra

Code Target
Take-off 
Angle [°] Filtration [mm]

Potential 
[kV]

Focus-to-
detector [mm]

F80 (Fewell et al. 1981) W (rotating) 12.5 1.2 mm Al 80 1000

F100 (Fewell et al. 1981) W (rotating) 12.5 1.2 mm Al 100 1000

S100 (Seuntjens et al. 1987) W (fixed) 22 2.03 mm Al + 2.2 mm Be 100 6000

V300 (Verhaegen et al. 1999) W (fixed) 24 3 mm Al + 0.25 mm Cu + 0.4 mm Sn 300 1000

B41 (Blough et al. 1998) W (rotating) 14 1.29 mm Al + 0.06 mm Be 41 760

P25 (Pernicka et al. 1999) Mo (rotating) 20 0.8 mm Be + 0.03 mm Mo 25 1000

P30 (Pernicka et al. 1999) Rh (rotating) 20 0.8 mm Be + 0.025 mm Rh 30 1000
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FIGURE 10.9 Predictions of the IPEM78, TASMICS, SpekCalc, and TBC 
models for (a) the F80 and (b) F100 spectra. Experimental spectra are also 
shown. (Adapted from Fewell, T.R., R.E. Shuping, and K.E. Healy. 1981. 
Handbook of Computed Tomography X-ray Spectra. HHS Publication 
(FDA) 81-8162. Washington DC: U.S. Government Printing Office.)



197Calculation of X-ray Spectra

agreement with experiment, but IPEM78 over-predicts the HVL 
by in excess of 10%. The “harder” predictions of IPEM78 have 
also been remarked on elsewhere (Ay et al. 2005).

10.5.3 Fixed Target Tubes

In applications where spatial resolution requirements are less 
demanding or a flatter field is required, a large anode angle can 
be employed. Such tubes are often used in medical therapeu-
tic and in industrial applications, and operate at tube potentials 
ranging from tens to hundreds of kilovolts. These tubes typi-
cally have a fixed target and an anode angle in the range 18° to 
30°. Because of the larger anode angle, the self-attenuation of 
the X-ray beam by the target is less than in equivalent rotating 
anode tubes.

Figure 10.10a shows the predictions for spectrum S100 for the 
IPEM78, TASMICS, SpekCalc, and TBCW models (presented 
at 1 keV resolution). The S100 spectrum has the same tube 
potential and similar filtration to the spectrum F100 we have 
already examined. The discrepancies between models, however, 
are more marked here, with TASMICS now overestimating the 
HVL by 18% (see Table 10.7). This can be attributed to the larger 
anode angle (22°) compared to that of the simulations on which 
TASMICS is based (12°). Again, the IPEM78 model gives harder 

predictions than indicated by experiment, and SpekCalc and 
TBCW give the closest agreement.

The only semi-empirical models that extend their energy range 
above 150 kV are TASMICS and SpekCalc. The predictions of 
these models for spectrum V300 are compared in Figure 10.10b 
and Table 10.8. TASMICS does better here. Both it and SpekCalc 
are in reasonable agreement with each other and experiment. The 
reduced impact of the anode angle here can be attributed to the 

TABLE 10.5

Statistics for Four Spectrum Models in Comparison with those 
Measured for Tungsten Spectrum F80 (see Table 10.4)

Model
HVL1 

[mmAl]
% 

Difference
Δt 

[mmAl] HI
% 

Difference

Measured 1.79 — — 0.58 —

IPEM 1.99 +11.0% −0.22 0.59 +1.9%

TASMICS 1.87 +4.3% −0.09 0.59 +1.9%

SpekCalc 1.74 −2.9% +0.06 0.60 +2.8%

TBCW 1.76 −1.6% +0.03 0.60 +3.2%

EGSnrc 1.83 +1.7% −0.04 0.59 +2.5%

Note: The HVL is quoted for the nominal total filtration. The necessary 
adjustment in mm Al (Δt) to match the measured value is presented. 
The Homogeneity Index (HI) is quoted after the first HVL is matched 
to experiment.

TABLE 10.6

Statistics for Four Spectrum Models in Comparison with Those 
Measured for Tungsten Spectrum F100 (see Table 10.4)

Model
HVL1 

[mmAl]
% 

Difference Δt HI
% 

Difference

Measured 2.25 — — 0.55 —

IPEM 2.65 +17.6% −0.35 0.55 +0.09%

TASMICS 2.37 +5.6% −0.12 0.55 +1.32%

SpekCalc 2.22 −1.4% +0.03 0.55 +1.25%

TBCW 2.22 −1.1% +0.02 0.56 +3.1%

EGSnrc 2.33 +3.5% −0.08 0.55 +1.33%

Note: The HVL is quoted for the nominal total filtration. The necessary 
adjustment in mm Al (Δt) to match the measured value is presented. 
The Homogeneity Index (HI) is quoted after the first HVL is matched 
to experiment.
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FIGURE 10.10 Predictions of (a) the IPEM78, TASMICS, SpekCalc, and 
TBC models for the S100 spectrum, and (b) TASMICS and SpekCalc mod-
els for the V300 spectrum.

TABLE 10.7

Statistics for Four Spectrum Models in Comparison with Those 
Measured for Tungsten Spectrum S100 (see Table 10.4)

Model
HVL1 

[mmAl]
% 

Difference Δt E
% 

Difference

Measured 2.98 — — 49.5 —

IPEM 3.25 +9.1% −0.36 47.6 −3.9%

TASMICS 3.50 +17.6% −0.65 47.9 −3.2%

SpekCalc 3.11 +4.3% −0.16 48.1 −2.8%

TBCW 2.92 −2.2% +0.09 47.1 −4.8%

EGSnrc 3.16 +6.2% −0.11 48.2 −2.5%

Note: The HVL is quoted for the nominal total filtration. The necessary 
adjustment in mm Al (Δt) to match the measured value is presented. 
The mean X-ray energy (E) is quoted after the first HVL is matched to 
experiment.
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higher mean energy of the beam and the associated reduction in 
the importance of self-filtration.

10.5.4 Mammography Tubes

Mammography X-ray systems have evolved greatly over the 
decades, but usually operate over tube potentials ranging from 
20 to 50 kV. Tungsten anodes have been used historically, but 
rhodium and especially molybdenum are currently more rou-
tinely used. Half-field systems are common and, to obtain a 
large-enough field-size, the combination of anode angle and tilt 
needs to be large: >20°.

Figure 10.11a and Table 10.9 present predictions of IPEM78, 
TASMICS, SpekCalc, and TASMIP for the B41 spectrum (W 
target). The predicted spectra are fairly consistent, but all under-
estimate the measured HVL (by up to 10%).

Figure 10.11b,c and Tables 10.10 and 10.11 give the predictions 
(at 0.5 keV resolution) for IPEM78, TBW, and ASMIP models 
for spectra P25 (Mo target) and P30 (Rh target). TASMICS and 
SpekCalc cannot provide predictions for these target materials (see 
Table 10.2). Again, all models are consistent, but underestimate the 
HVLs (by 5%–10%). The EGSnrc spectra are shown in the figures 
to corroborate the predictions for the characteristic contributions.

Some observations can be made. First, at the energy range 
appropriate to mammography (<50 kV) the IPEM78 model is 
not appreciably harder than other models. Second, despite the 
ASMIP models being empirical and based on fitting to an older 
class of mammography units (12° anodes), they do not provide 
inferior predictions to other models that can account for large 
anode angles. Third, all models underestimate the experimental 
HVLs for these three example spectra (W, Mo, Rh), even the 
Monte Carlo simulations using EGSnrc. However, adding a small 
amount of filtration allows the models to closely match both the 
HVL and HI.

10.5.5 Tube Output Predictions

Even new X-ray tubes of identical models exhibit variations in 
experimentally determined tube output (µGy mAs−1 at 1 m). 
Further, the output of a tube can vary over its lifetime, due to the 
cumulative effects of continued use. Added to this is the fact that 
output is typically measured under broad beam conditions, where 
both scatter and off-focal radiation contribute to the measured 
air kerma—contributions ignored in most spectrum models. For 

these reasons, the prediction of output provided by any spectrum 
model must be regarded with caution (discrepancies >10% are 
not unusual). It is recommended, therefore, that normalization is 
applied to an experimentally determined output for the tube of 
interest, acquired at a representative set of exposure conditions. 
Under these circumstances, a user can expect that the relative 
changes with tube potential and filtration will then be predicted 

TABLE 10.8

Statistics for Four Spectrum Models in Comparison with Those 
Measured for Tungsten Spectrum V300 (see Table 10.4)

Model
HVL1 

[mmCu]
% 

Difference
Δt 

[mmCu] HI
% 

Difference

Measured 3.01 — — 0.81 —

TASMICS 3.14 +4.3% −0.22 0.77 −4.4%

SpekCalc 2.95 −1.8% +0.09 0.76 −5.7%

EGSnrc 2.84 −5.5 +0.23 0.78 −3.5%

Note: The HVL is quoted for the nominal total filtration. The necessary 
adjustment in mm Al (Δt) to match the measured value is presented. 
The Homogeneity Index (HI) is quoted after the first HVL is matched 
to experiment.
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with reasonable accuracy (to within around 10% over the diag-
nostic energy range).

As an illustration, the variation of output for a tube is depicted 
in Figure 10.12. The experimental data is attributed to measure-
ments at the Nation Physical Laboratory (Teddington, UK) and 
taken from Cranley et al. (1997) (IPEM Report 78). Added fil-
tration is either 1 mm or 4 mm of Al, and the tube potential is 
varied from 50 to 140 kV. The predictions for three models are 
shown (IPEM78, SpekCalc, TBCW) after normalization to agree 
at one data point (100 kV, 1 mm Al). All three models exhibit 

discrepancies, but the predictions are generally within a few 
percent.

10.6 Summary

As highlighted in the introduction, the sophistication of mod-
eling required for calculating X-ray spectra depends crucially 
on the task at hand. If it is required that the off-focal radiation, 
scatter, and the heel effect are accurately modeled, then Monte 
Carlo simulation is the most logical choice—if adequate infor-
mation on tube design is available. In other circumstances, an 
estimate of the spectrum on the central axis is all that is needed. 
In this case, the semi-empirical or empirical methods discussed 
in this chapter may be perfectly adequate. It is important to 
remember that each model has its own strengths and weaknesses. 
Understanding an underlying model and the results of its practi-
cal performance can greatly assist in assessing the appropriate-
ness of its use. Semi-empirical and empirical models, although 
crude, offer quick and simple calculations. As such, they are 
likely to remain in use for some time.
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11.1 Introduction

While the broad accessibility to computed tomography (CT) sys-
tems (see Section III, Chapter 32) and high-quality imaging tech-
nologies helped physicians in making better diagnoses, it also 
raised the question about the amount of radiation dose (see Section 
III, Chapter 38) received by patients (Lee et al. 2004; Brenner and 
Hall 2007; Hall and Brenner 2008). Over the last few decades, we 
have witnessed an increase in the number of CT scans of 10% per 
year in the USA, leading to up to 62 million CT examinations in 
2006 (Dawson et al. 2006). Although other medical examinations 
using X-rays contribute to the total dose received by the general 
public (see Section III, Chapter 66), relatively high effective doses 
involved during CT examinations account for half of all medical 
exposures (NCRP 2009). This figure calls for closer radiation dose 
monitoring during CT examinations. Nonetheless, the delivered 
dose to patients is not measured during examinations, but estimated 
by an industry standard established quantity called the computed 
tomography dose index volume (CTDIvol), embedded in commer-
cially available CT scanners. This quantity is calculated using mea-
surements performed with a 10 cm long ionization chamber (CT 
ion chamber) inserted into one of the two different sized cylindri-
cal polymethyl methacrylate (PMMA) phantoms representing head 
and body. The product of the CTDIvol value and its scan length, 
known as the dose length product (DLP), is another dose param-
eter commonly considered (Huda and Mettler 2011), but neither 
CTDIvol nor DLP is based on direct dose measurements on patients.

Various dosimeters can be used to measure dose at a patient’s 
skin, such as the thermoluminescent dosimeters (TLDs) 
(Cheung et al. 2007; Tyan et al. 2008; Chang et al. 2010) and the 

metal-oxide-semiconductor field-effect transistor (MOSFET) 
(Glennie et al. 2008; Verhaegen et al. 2008). Nonetheless, such 
point dose measurement devices, that assume homogeneous dose 
distribution within a volume, may underestimate or overestimate 
the actual dose delivered, particularly when multi-slice scanners 
are used for helical scans. Ion chambers were also commonly 
used for dose measurement during CT procedures; however, 
based on their design (relatively long cylinders), they integrate 
dose over a length, making their spatial resolution relatively 
small. Furthermore, they are typically inserted into specially 
designed phantoms (Dixon and Ballard 2007), rather than being 
used on patients. Chang et al. (2010) measured organ doses of an 
anthropomorphic phantom during multi-slice CT (MSCT) chest 
scans by using GR-100 TLDs attached to various parts of the 
organs. In a radiological optimization study, they found that the 
pitch value and tube current were the main parameters affect-
ing the organ doses of the phantom. They concluded that the 
increase in pitch value and reduction of tube current decreased 
the absorbed doses without impacting the image resolution and 
quality. Tyan et  al. (2008) used TLD-100H chips to measure 
surface dose distributions for 20 patients undergoing abdominal 
MSCT examinations. They found the effective doses and stan-
dard deviations to be 27.3 ± 4.1 mSv in male and 33.9 ± 9.6 
mSv in female subjects. Cheung et al. (2007) performed depth 
dose measurements using TLD detectors inserted into a phan-
tom, as well as surface dose measurements with additional TLDs 
on the surface of the phantom. They found that the dose to the 
lung had been 69% of the surface dose. Verhaegen et al. (2008) 
used MOSFET detectors and Monte Carlo simulations for deter-
mination of patient surface dose. A dose reproducibility of 5% 
and a mean loss of sensitivity with accumulated dose of about 
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10% were noted for the MOSFET detectors. Experiments with a 
stationary X-ray tube and contiguous axial scanning led to dif-
ferences limited to 9%. Ding and Coffey (2010) used MOSFET 
detectors to measure dose during cone beam CT (CBCT) acqui-
sitions (see Section III, Chapter 35). They found that the uncer-
tainty in measuring dose resulting from a kilovoltage beam used 
in image-guided radiation therapy (IGRT) was approximately 
20%. Glennie et al. (2008) have shown that MOSFET detectors 
can be useful in monitoring pediatric doses during interventional 
radiological procedures. Depending on a particular procedure, 
the highest recorded surface doses ranged from 2–150 mGy, 
which correspond to effective dose estimates in the range 0.4–3 
mSv. Long CT ion chambers (commonly with a 100 mm long 
cavity) have been used for the CTDI index measurements for 
years (AAPM 1990). However, Dixon and Ballard (2007) sug-
gested that a conventional ion chamber can be used for CTDI 
measurements as well. They have also illustrated a nontrivial 
shortfall of the CTDI100 concept, in good agreement with the 
existing data (Mori et al. 2005; Brady et al. 2010).

Several authors attempted to use films as a dose monitoring 
device during diagnostic radiology procedures. Tominaga et  al. 
(2011) reported on the utilization of the XV radiographic film 
(Kodak, Rochester, NY, USA) to measure the surface dose on 
phantoms during CT procedures. Although the method appears 
to be suitable for the phantom measurements, it is hard to foresee 
the use of radiographic films for patient dose monitoring in vivo. 
Radiochromic films, on the other hand, retained all of the advan-
tages of conventional silver halide films (two-dimensional dosim-
etry, thinness, ruggedness, permanent record), but without its 
numerous disadvantages, for example necessity of development 
and its impact on the readout signal (temperature and chemical 
composition of developer), non-tissue equivalence, sensitivity to 
visible light, strong energy dependence at low photon energies, 
etc. Brady et al. (2010) performed extensive dose measurements 
during CT procedures in transverse planes using XR-QA and 
TLD chips. First, they exposed XR-QA model GafChromic™ 
(Ashland, NJ, USA) films and TLDs at the center of two CTDI 
head phantoms and, then, an anthropomorphic phantom was used 
to emulate real pediatric patient geometry and scatter conditions. 
XR-QA film measured a heterogeneous dose distribution within 
the organ volumes. The extent of the dose distribution heterogene-
ity was not measurable with the TLDs, due to the limited number 
of TLDs loadable in the regions of the phantom organs. In this 
regard, XR-QA film demonstrated an advantage over the TLD 
method by discovering a 15% greater maximum dose to the lung in 
a region inaccessible by TLDs. Rampado et al. (2010) developed a 
radiochromic film-based method for the CTDI measurements. For 
beam collimation above 10 mm, differences between CTDI mea-
sured by film and CTDI measured by ionization chamber below 
9% were found for the Epson Expression 10000 XL document 
scanner, with an average estimated error of 5% at 1σ level. Tomic 
et al. (2010a,b) used the XR-QA film model to measure dose pro-
files and surface doses on the humanoid Rando phantom during 
CBCT acquisition on the Varian on-board imaging (OBI) system. 
The measurements showed that the surface doses per CBCT scan 
can range anywhere between 0.03–2.76 cGy, with the lowest sur-
face dose observed in the head and neck region, while the highest 
surface dose was observed for the pelvis spotlight CBCT protocol 
in the pelvic region, on the posterior side of the Rando phantom 

(Tomic et al. 2010b). Boivin et al. (2011) used the XR-QA film 
model to measure surface dose on patients for the four most com-
monly used CT protocols selected, covering three anatomical 
sites (Head, Chest and Abdomen). For each protocol, 25 patients 
undergoing planned diagnostic CT examination were recruited. 
Results showed that the mean skin dose at the anterior position 
for patients is 51  ±  6 mGy, 29 ± 11 mGy, 45 ± 13 mGy and 
38 ± 20 mGy for Head, Abdomen, Angio-Abdomen and Chest & 
Abdomen protocol, respectively. The obtained experimental DLP 
showed higher  values than CT-based DLP taken from the scanner 
console for body protocols, but lower values for the head protocol.

In this chapter, we describe a two-dimensional (2D) refer-
ence dosimetry protocol for dose measurements during diag-
nostic radiology procedures (using low energy photons) with 
the GafChromic (International Specialty Products, Wayne, NJ) 
XR-QA film model (Tomic et al. 2010a). The use of radiochro-
mic film provides a 2D dosimetry with high spatial resolution 
superior to point dose measurement detectors. As the XR-QA 
radiochromic film models contain a high Z component within 
their sensitive layer, they exhibit pronounced energy-dependent 
response to which we dedicated one section of this chapter. We 
will also present clinical applications, as well as several quality 
assurance applications of XR-QA film models.

11.2  Reference Radiochromic Film 
Dosimetry System

11.2.1 XR-QA2 GafChromic Film Model

A reference radiochromic film-based dosimetry protocol devel-
oped for diagnostic radiology beam qualities (Tomic et al. 2010a) 
will be presented. This protocol is based on a similar protocol 
previously established for EBT model GafChromic film and flat-
bed document scanners (Devic et al. 2005) used in high energy 
photon beams. The radiochromic film dosimetry system consists 
of XR-QA2 model GafChromic film and an Epson Expression 
10000 flatbed document scanner (Seiko Epson Corporation, 
Nagano, Japan). However, if any other scanner of radiochromic 
film model is used, the protocols described in Tomic et al. (2010a) 
and Devic et al. (2005) could be consulted by the user to design 
their own dosimetry protocol.

According to the manufacturer, the XR-QA2 model GafChromic 
film is specifically designed for dose measurements at low energy 
photons (20–200 kVp) and has a dynamic dose range from 0.1–20 
cGy. The film model is well suited as a quality assurance tool for 
applications in modern diagnostic radiology departments with-
out film processors. A radiation sensitive layer (25 µm thick) is 
attached to the 97 µm thick white (reflective) polyester. On top 
of the sensitive layer, there is a 20 µm thick pressure-sensitive 
adhesive layer to which a 97 µm protective yellow polyester is 
over-coated. As opposed to its predecessor (XR-QA film) whose 
sensitive layer contained CsBr, the sensitive layer of the latest 
product contains Bi2O3 as a substance to boost the photoelectric 
effect at low energies. Chemical  compositions of the various lay-
ers for both XR-QA and most recent XR-QA2 GafChromic film 
models are given in Table 11.1. While the information provided in 
Table 11.1 is gathered from either literature or directly from the 
manufacturer, for more accurate dose calculations (using Monte 
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Carlo simulations) the user is advised to contact the manufacturer 
and request the chemical composition for not only the film model 
used, but for the batch number in particular, as it was observed in 
the literature that for this film model compositions of the layers 
may vary from one film batch to another (Di Lillo et al. 2016).

11.2.2 Reference Irradiations

The response of the XR-QA model radiochromic film reference 
dosimetry system (change in reflectance, for example) is the 
most conveniently calibrated as a function of air kerma in air. 
The   calibration of device used to establish output of the X-ray 
source to be used for reference irradiations should be traceable to 
air kerma standards with one sigma uncertainty on the air kerma 
of less than 5%. Since most of the diagnostic radiology measure-
ment devices provide reading in terms of exposure (X) in Röntgens 
(R), the air kerma in air is obtained using the  following equation:

 
Kair

film air exp[cGy] 0.876[cGy/R] X [R]( ) = ⋅
 

(11.1)

Figure 11.1 illustrates the process of reference irradiations 
to XR-QA2 model GafChromic film with low energy photon 
beams. Due to significant energy-dependent response at low 
photon energies, the calibration procedure should start with the 
proper characterization of the beam by measuring the half-value 
layer (HVL) of the beam (Figure 11.1a). Once the output of the 
X-ray source is measured (Figure 11.1b) it is recommended to 
irradiate film pieces in the air (Figure 11.1c) and use the reference 
dosimetry protocol for the particular beam quality in  question 

(the AAPM TG-61 [Ma et al. 2001] or TRS-398 [Andreo et al. 
2000]). In this case, the reference quantity delivered to the film 
is air kerma in air, which is usually obtained by Equation 11.1. 
Pieces of the film should be placed at the very same point in space 
(Figure 11.1c) where the dosimeter for measuring the  reference 
output was placed (Figure 11.1b). Calibration of the film at the 
surface of plastic phantoms should be avoided due to uncertain-
ties associated with backscatter factors of plastic materials. Film 
pieces can be held in air at the surface of Styrofoam (an accept-
able air-equivalent material even at low photon energies), or they 
could be placed on two pieces of nylon monofilament spread 
between two plastic holders (Figure 11.1d) (Bekerat et al. 2014).

Conventional diagnostic X-ray tubes do not have monitor cham-
bers and deliver radiation based on current (mA) and time (sec) 
setting, commonly called the “mAs” setting, which, in turn, and 
depending on the X-ray tube properties, could be quite unstable. 
It is also very important to keep distances between ion chambers 
and film in all three experimental procedures, depicted in Figure 
11.1, as far as possible from the surrounding surfaces (walls, floor, 
ceiling) to decrease any influence from the room scatter radiation.

11.2.3 Measurement of Film Response

In order to create a calibration curve, pieces of the film should be 
scanned prior to X-ray irradiation with a document scanner using 
the reflection scanning mode. Scanning resolution should be cho-
sen in such a way that the used region of interest (ROI) over which 
the signal is averaged is at least 25 pixels (5 pixels × 5 pixels) in 
size. For example, if a deemed measurement resolution is 1 mm, 
one should scan the image with higher resolution, for example 

TABLE 11.1

Chemical Compositions of Various Layers in XR-QA (Old) and XR-QA2 (Current) GafChromic Film Models

Film Model

Layer Elemental Composition by Atomic %

H Li C N O Na S Ba Cl Bi Br Cs

XR-QA sensitive layer 54.6 4.86 27.1 3.3 7.35 1.43 1.43

XR-QA2 sensitive layer 56.2 1.0 27.6 1.6 11.7 22.3 0.1 1.7

Adhesive 56.9 0.48 33.2 9.4

Transparent yellow polyester 36.4 45.4 18.2

White polyester film base 33.8 42.3 21.6 1.18 1.18

X-ray source
beam quality

characterization

X-ray source
output

measurement

X-ray source X-ray source X-ray source

Attenuator
material

Diaphragm (Pb)

Ionization
chamber

Calibrated
ionization
chamber

XR-QA2
film

Ionization (monitor)
chamberTG-61

Radiochromic film
reference
irradiation

Phantom for
in-air irradiation

(a) (b) (c) (d)

FIGURE 11.1 Calibration procedure for XR-QA2 models GafChromic film for low energy photon beams. (a) X-ray source beam quality characterization; 
(b) X-ray source output measurement; (c) radiochromic film reference irradiation; (d) Phantom for in-air irradiation.



206 Handbook of X-ray Imaging

0.2 mm/pixel (that corresponds to 127 dpi, or dots per inch) in 
order to have a 5 pixel × 5 pixel ROI as a measurement point. 
The films should be subsequently irradiated in air (Figure 11.1c), 
by positioning them on a custom made phantom (supported by 
two pieces of nylon monofilament spread between two plastic 
holders) to minimize any scatter radiation. The irradiated films 
are then scanned after certain post-irradiation time (which is one 
of the important parameters of the protocol) using the same scan-
ning protocol as for the un-irradiated film pieces.

Scanned images can be used to calculate the response of the 
film pieces to irradiation using readily available imaging software 
(MATLABTM, MATH Works [Natick, MA], ImageJ) regarding 
the change in reflectance (ΔR). To minimize the effect of film 
non-uniformity, for every air kerma point one can sample mul-
tiple (N) ROIs on the same film piece (around the center of the 
radiation beam, Figure 11.2) and, for each ROI (i), the change in 
reflectance can be calculated as follows:

 
Δ = − = −



R R R PV PVi i

after
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before
i i

before after
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(11.2)

Using the error propagation expression, the uncertainty of this 
reflectance change for each ROI is:

 
σ σ σΔR 16

i
2

i
2

i before after

1
2

PV PV= ( )( ) + ( )( ) .
 

(11.3)

The average change in reflectance ( )ΔR  for every particular 
air kerma point can be calculated as a weighted mean:

 

Δ ΔR R ,i i

i 1

N

= ⋅( )
=

∑ ω
 

(11.4)

where the corresponding weights in the above averaging equa-
tion can be calculated as:
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and the corresponding standard deviation on ΔR becomes:
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To assess the accuracy of the radiochromic film dosimetry 
system, in the course of the calibration process (when the dose, 
or air kerma, delivered to the film is known), one should also 
sample additional ROI for determination of an “unknown” dose. 
Such a region is labeled as ROIx in Figure 11.2 and presented 
with a dotted line. Its corresponding change in reflectance and 
standard deviation can be obtained using the same formalism as 
described by Equations 11.2–11.6, with N = 1.

Radiochromic films change their optical density not only due 
to radiation, but under the influence of different environmen-
tal factors, like temperature, humidity or UV light and even 
stray cosmic radiation (Rink et al. 2008; Park et al. 2012). Use 
of a control film piece (film piece of the same size and shape 
as the measurement film pieces) that will not be irradiated but 
processed (scanned and analyzed) in the very same way as the 
 measurement piece and its response subsequently subtracted 
from the measurement film piece has been suggested in the lit-
erature (Aldelaijan et al. 2010, 2011; Devic et al. 2010). When the 
change in optical reflectance of the control (not irradiated) film 
piece is subtracted from the exposed one, one obtains the net 
reflectance change (netΔR):

 netΔ Δ ΔR R Rcontrol= −  (11.7)

with the corresponding standard deviation:

 
σ σ σnetΔ Δ ΔR R Rcontrol

= ( ) + ( )2 2

 
(11.8)

where σΔRcontrol
 is calculated over unexposed film piece using 

Equation 11.6. Finally, to obtain the air kerma based calibration 
curve, the air kerma values (Kair) are plotted as a function of the 
corresponding final reflectance changes (netΔR), calculated by 
Equation 11.7.

11.2.4 Calibration Curve

The calibration curve for the reference radiochromic film 
dosimetry system is commonly obtained by the fitting proce-
dure over air kerma in air points plotted as a function of netΔR. 
Various analytical functions were investigated in the literature, 
and the power function was found to provide the most opti-
mal solution with regards to uncertainty versus error analysis 
(Tomic et al. 2014):

 K net net n
air
air b R c R= ⋅ + ⋅Δ Δ  (11.9)

The requirements imposed upon the calibration function were 
that fitting curves must go through zero, as there is no reflec-
tance change when there is no irradiation, and that functions 

Before
irradiation

After
irradiation

ROI1

ROIX

ROI3

PVi
before, σ(PVi

before) PVi
after, σ(PVi

after)

ROI4

ROI5

ROI2 ROI1

ROIX

ROI3 ROI4

ROI5

ROI2

FIGURE 11.2 Sampling pixel data from scanned film images before (left) 
and after (right) irradiation.
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must be monotonically increasing. To estimate the uncertainty 
in air kerma determined from the film measurements using 
Equation 11.9, one may use the expression for error propagation 
(Bevington and Keith Robinson 1992):
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which neglects cross-correlations and in which y represents the 
functional form of the calibration curve, and xi are parameters 
and variables upon which it depends. If one divides contributions 
to overall uncertainty into two components (experimental and 
fitting) one may find that, for the calibration function given by 
Equation 11.9, the one sigma uncertainty becomes:
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In Equation 11.11 the quantity Kair
fit  refers to the air kerma value 

obtained from the film measurement using Equation 11.9. On the 
other hand, since the delivered air kerma during the calibration 
procedure is known a priori ( )Kair

fit , one can calculate the “true 
error” of the measurement with film as:

 
True Error air

fit
air
true

air
true=

−
⋅

K K
K

100
 

(11.14)

Figure 11.3 represents results of the calibration curve fitting 
procedure (left), uncertainty calculations (middle) and a com-
parison between true error and estimated one sigma uncertainty 
for the XR-QA2 GafChromic film-based reference dosimetry 
 system. For Equation 11.11 to be consistent with the established 

film dosimetry protocol, values for the total one sigma uncer-
tainty (given by Equation 11.3) must be greater than the true error 
in at least 2/3 of measurement points, which is clearly the case 
depicted in Figure 11.3 (right). One should also keep in mind that 
the fitting process results, which are given in Figure 11.3 (left), 
are carried out in two steps. During the first step, all three param-
eters (namely b, c, n) were fitted, while in the second step parame-
ter n can be fixed and, hence, its corresponding fitting uncertainty 
removed, but only as long as the resulting total uncertainty sur-
passes the true error with sufficient frequency (in 67% of cases).

11.2.5 Calculating Dose to Water

The formalism for converting the air kerma in air (free-in-air, 
as measured using film) via water kerma free-in-air into the 
dose in water at the surface can be based on the TG-61 protocol 
(Ma et al. 2001), as follows:
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where ( )Kair
film air is the air kerma in air as measured using calibrated 

film and Bw is the backscatter factor which accounts for the effect 
of phantom scattering (the ratio of water kerma at the surface of the 
phantom to water kerma free-in-air). The ratio of the mean mass 
energy absorption coefficient water to air, ( )µ ρen air/ w , is a function 
of half-value layer (HVL) of a given beam quality and is taken 
from the protocol (TG-61 or TRS-398) for every used beam qual-
ity. However, this approximation ignores the difference in photon 
fluence at the surface of the phantom compared to the spectrum 
free-in-air. With its significant constituent of Bi, the XR-QA2 
film is considerably energy  dependent, in contrast to other types 
of radiochromic film, such as the EBT3 film model, for example.

It was shown previously (Tomic et al. 2010a) that the full dose-
based conversion is in agreement with a kerma-based conversion 
to within 1%, despite the fact that the mass energy absorption 
coefficient ratios water to XR-QA type emulsion are very energy 
dependent. The results also showed that the difference between 
a complete dose conversion and a simplified version using mass 
energy absorption coefficient water to air data is less than 1% and 
can be ignored in diagnostic applications. Consequently, one can 
use the following simple equation:
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FIGURE 11.3 Results of uncertainty analysis for XR-QA2 GafChromic film-based dosimetry system using calibration curve fitting function given by 
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where ( )K w
air
film  represents the air kerma measured on the sur-

face or inside the phantom obtained from netΔR using the in-air 
 calibration curve obtained from Equation 11.9. However, one has 
to keep in mind that the formalism of converting a measured film 
signal into dose using Equation 11.16 applies only if the calibra-
tion curve (used to obtain ( )K w

air
film  was obtained with the same 

beam quality utilized in a given measurement of unknown dose 
(as will be discussed in the next section).

Equation 11.16 represents an approximation of converting the 
signal measured by the film into dose to water. The question 
may arise of how to determine dose to other tissues (bone in 
particular) using the same dosimetry formalism described above. 
Following the TG-61 protocol (Ma et al. 2001), one can deter-
mine the dose to bone tissue using the following expression:
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where ( )µ ρen water
bone/  represents the mass energy absorption coefficient 

ratio of bone to water that can be found in the TG-61 protocol  docu-
ment in Table X, page 887 (Ma et al. 2001). Table X lists free-in-air 
ratios of mass energy absorption coefficient ratios of  biological tis-
sue to water for various beam qualities, indicating that dose to the 
bone will be almost 4-times higher than the measured  dose to water 
for the beam qualities commonly used in diagnostic radiology.

11.3 Energy Dependent Response

In order to boost the sensitivity of the radiochromic film to be 
able to measure very low doses in the keV photon range, the man-
ufacturer deliberately added a high Z component to the sensitive 
layer to boost the photoelectric effect. While the sensitive layer 

of the previous XR-QA film model contained CsBr, the latest 
XR-QA2 GafChromic film model has Bi2O3 as a high Z compo-
nent within its sensitive layer.

Figure 11.4 illustrates the energy dependent response of the 
XR-QA2 GafChromic film model at Kair

air cGy= 8  (left), and 
calculated Kair

air  using Equation 11.9 for netΔR = 0.393 (right) 
as a function of effective energy for different beam quali-
ties (Tomic et  al. 2014). Insets in both figures correspond to 
beam qualities commonly used in CT scanners, that is, 4.03–
8.25 mm Al. Results presented in Figure 11.4 suggest that, 
in the effective energy range from 12.7–56.3 keV, the maxi-
mum change of the response of the XR-QA2 GafChromic film 
ranges from 0.222–0.420 in terms of netΔR at = 8 cGy, which 
is almost a twofold variation of the film’s response. This would 
correspond to a Kair

air  variation from 65 cGy to 6.7 cGy. If we 
concentrate only on beam qualities commonly employed in CT 
scanners (4.03–8.25 mm Al, insets in Figure 11.4), the relative 
variation in film response (netΔR at Kair

air  = 8 cGy) with respect 
to Kair

air , the central value of netΔR (at 46.9 keV) amounts to 
±5%. However, relative variation of air kerma in air (obtained 
using the calibration function given by Equation 11.9) calcu-
lated with respect to the central value of (at 46.9 keV) amounts 
to ±14%. This means that, if one would use only one calibra-
tion function (given by Equation 11.9) with fitting parameters 
determined at one beam quality (in the middle of the energy 
range), the systematic error introduced in the reference radio-
chromic film dosimetry system could be as high as 14%.

11.4 Clinical Applications

The most apparent clinical application of radiochromic film 
would  be a measurement of the surface dose for patients 
 undergoing imaging procedures. The XR-QA model GafChromic 
film has been used for surface dose measurements on patients 
during CT diagnostic (Boivin et al. 2011) as well as IGRT CBCT 
imaging procedures (Tomic et al. 2010a). While the application 
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of the film is straightforward, by taping a film piece on the skin 
of the patient using paper tape (thinner tape is highly recom-
mended), the interpretation of the measured results needs certain 
caution. This is particularly important when comparing results 
obtained with different dosimeters, as each of them may have 
a different effective point of measurement. It was shown in the 
literature that, even at high energy photon beams (6 MV), differ-
ent detectors may provide a different measured dose within the 
first millimeter of the patient skin, due to a high dose gradient 
within the buildup region (Devic et al. 2006). Low energy photon 
beams (used for imaging) exhibit an even steeper dose gradient 
within first millimeter of the patient skin, and the composition 
of the XR-QA2 GafChromic film model has a more profound 
effective point of measurement due to the presence of the high 
Z components within the sensitive layer. Figure 11.5 illustrates 
the water equivalent depth of measurement with XR-QA2 film 
model for two possible film orientations placed on the patient 
skin. Assuming that the effective point of measurement is in the 
middle of the sensitive layer, one can find that the water equiva-
lent depth (when the corresponding layer depths are scaled by 
their physical densities) are identical, that is, 175 microns, despite 
the fact that the physical depth is not the same. However, film 
pieces are usually attached to the patient skin with tape, the 
thickness of which should also be included in the effective point 
of measurement.

Reporting the effective point of measurement with radio-
chromic films (in general) is important for two reasons. For 
practical dose assessments, both ICRP Publication 60 (1991) 
and the ICRU (1985) recommend a skin depth of 0.07 mm, 
which mostly matches the interface between the epidermis and 
dermis  layers of the skin. Clearly, if the XR-QA2 film model 
is used, the reported dose will be at a point deeper than the 
reference one. If  needed, one may have to measure the per-
cent depth dose for a given imaging procedure (single beam, 
rotating fan beam or cone beam) in order to scale the dose 
measured at the effective point of measurement for a particular 
dosimeter to the reference skin dose point of 70 microns. On 
the other hand, when one attempts to compare surface dose 
results measured using different dosimeters, knowledge of the 
effective point of measurement for each dosimeter is crucial, in 
order to explain possible differences between obtained values 
due to significant dose gradients at the surface of either phan-
toms or patients.

Figure 11.6 illustrates placement of the film strips at the sur-
face of the Rando phantom using paper tape. The very same 
methodology can be used to position film pieces on the surface of 
the patient. In addition to the surface dose measurements, when 
performing film dose measurements with the Rando phantom, 
one could also place the film strips between the phantom slabs 
and, in such a way, measure dose distribution through the phan-
tom for a given imaging technique.

Figure 11.7 (left) represents an axial CT slice of a patient 
thorax with a film strip affixed to the anterior aspect of the 
patient. The high Z component within the film makes it visible 
on the CT scan image, but it does not produce any significant 
loss of image quality. Figure 11.7 (right) illustrates the result 
of surface dose measurement of a patient who underwent a CT 
scan of the chest with the help of contrast agent, whereby the 
beginning of the film piece receives a slightly higher dose dur-
ing a pre-scan used by the operator to monitor the arrival of the 
contrast agent. The rather pronounced modulation of the dose 
measured is a consequence of the pitch factor used in helical 
scanning.

Figure 11.8 illustrates the impact of pitch and collimator 
 opening on dose modulation measured with radiochromic film 
strips placed at the surface of Catphan phantom for two colli-
mator openings (20 mm, top and 40 mm, bottom) on two CT 
scanners (16-slice scanner, top and 64-slice scanner, bottom). 
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For pitch values smaller than one, the overlapped beam path will 
result in relatively broad maxima, being slightly narrower for a 
smaller collimator opening. On the other hand, for pitch values 
larger than one, a so-called “candy cane stripe” dose pattern is 
observed, with dose maxima being wider for larger collimator 
openings.

A few important conclusions can be deduced from Figure 11.8. 
First, it is apparent that dose distributions towards the edges of 
the longitudinal scanning region are smaller than in the middle. 
While this can be explained by the lack of scattering dose con-
tributions, it is important to keep in mind that, no matter what 
dosimeter is used, the scanning length (and/or integration length) 
could have a significant impact on the measured dose quanti-
ties, like dose length product (DLP) or computed tomography 
dose index (CTDI). Significant dose modulation observed in 
Figure 11.8 can also explain a non-reproducibility in dose mea-
surements by some other dose meters; MOSFET in particular, 
but also CTDI chambers, as their reading will also depend on 
the actual position of the fast rotating X-ray tube at the very 
 beginning of the scan.

With the outbreak of IGRT, dose measurements with XR-QA 
film models were extended from diagnostic radiology procedures 
to the new imaging application in radiation therapy. Figure 11.9 
compares dose distributions obtained through Rando phantom 
in the head region during a diagnostic CT scan (top) and clini-
cal CBCT scan in both lateral (left) and vertical (right) direc-
tion. It is of note that the dose values and profiles look similar, 

while the image quality for the CBCT images is slightly lower, 
due to the  significantly higher scattering present in the cone 
beam geometry. Figure 11.10 (top) shows results of dose profile 
measurements using film strips positioned through the Rando 
phantom within the pelvis region using the Pelvis CBCT scans. 
The bottom of Figure 11.10 shows measured surface doses for 
 prostate  cancer patients at anterior (bottom-left) and lateral 
 (bottom-right) aspects of patients undergoing IGRT.

Boivin et al. (2011) reported on in vivo surface dose measure-
ments during diagnostic CT examinations using XR-QA model 
GafChromic film. They found the mean skin dose at the ante-
rior aspect of the patients to be 5.1 ± 0.6 cGy, 2.9 ± 1.1 cGy, 
4.5 ± 1.3 cGy and 3.8 ± 2.0 cGy for head, abdomen, angio-
Abdomen and chest and abdomen CT protocols, respectively, for 
patients imaged on GE Lightspeed VCT 64 (General Electric, 
Fairfield, CT). On the other hand, Tomic et al. (2010c) reported 
on in vivo measurement results for prostate and rectum can-
cer patients undergoing the IGRT using the same XR-QA film 
model. They found the anterior dose to be in a range from 1.60 
cGy in larger and up to 3.17 cGy in smaller patients, while the 
lateral dose was ranging from 1.63 cGy in larger and up to 2.68 
cGy in smaller patients. Although their investigation showed 
that 3D conformal therapy with a reduced margin in all three 
 directions can be used for prostate and rectal cancer patients 
undergoing daily CBCT-based IGRT, they concluded that such 
benefit must be weighed against dose delivered to patients during 
CBCT acquisition.
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11.5 Quality Assurance Measurements

Apart from the convenient use for surface dose measurements, 
radiochromic films could also be used for a number of qual-
ity assurance (QA) procedures on CT scanners. Figure 11.11 
demonstrates XR-QA film pieces irradiated during three 
QA   procedures: a) laser light versus radiation congruence; 
b) positioning accuracy of table index; and c) beam profile and 
beam collimation. While for the first test (Figure 11.11a) the 
visual inspection can be considered adequate, the other two 
tests would require distance and intensity measurements. For 
the second test ( positioning accuracy of the table) one may use 
either a simple ruler and measure physical distance between 
radiation strips or (to improve measurement accuracy) one 
could scan the images and use imaging manipulation software 
(ImageJ, MATLAB) to more accurately measure the distance 
between radiation strips.

For the third test (Figure 11.11c) direct measurement of 
the collimator opening using a ruler could also be an option. 
Nevertheless, in order to improve the accuracy of the measure-
ment and to provide information about the shape of the beam 

profiles, one should use image manipulation software. The beam 
profiles can be reconstructed from the scanned images (using 
the very same protocol described above for the reference film 
dosimetry) in terms of change in reflectance (ΔR). However, as 
the film response is not linear, one has to keep in mind that the 
ratio of ΔRs does not represent the ratio of doses, as is the case 
with an ionization chamber response. This means that, if the 
particular QA procedure requires measurement of relative dose 
 profiles, one would have to convert film response (ΔR) into a 
dose,  following the protocol outlined in Section 11.2, and then 
perform normalization.

In certain situations, one may decide that only a relative dose 
distribution (for the sake of QA tests) is needed. In this case, 
the overall calibration process depicted in Figure 11.1 could be 
avoided, and one may decide to use the linearization of the film 
response process described by Tomic et al. (2014):

 D a net am netT= ⋅ ⋅ = ⋅⋅T exp ψ  (11.18)

where ψ can be calculated from the measured change in trans-
mittance (or reflectance). However, Equation 11.18 should be 
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verified first by a simplified linearity verification test. A known 
amount of time (mAs) on kilo-voltage units can be delivered to 
several film pieces. The calibration function given by Equation 
11.18 can be fitted to find parameter m, which then verified 
that the new response function ψ is linear with respect to mAs 
(“dose”) prior to implementation. This procedure alleviates the 
need for the first step in reference radiochromic film dosimetry, 
depicted in Figure 11.1a.

Recently, the use of radiochromic films was suggested for 
computed tomography dose index (CTDI) measurements during 
CT (Rampado et al. 2010), CBCT (Kim et al. 2011), or both CT 
and CBCT (Quintero et  al. 2014) imaging procedures. While 
the modification of the existing CTDI phantoms may appear 
straightforward (as depicted in Figure 11.12), one should pay 
attention when cutting the CTDI phantom rods in half that the 
width of the cut is as close to the physical thickness of the film 
strip as possible. If the cut is thinner than the film slice, it will 
be almost impossible to insert the rod/film assembly into the 
phantom hole. On the other hand, if the cut is larger than the 
film thickness,the presence of air gaps may hamper the accu-
racy of the measurements. While the 10 cm long CTDI chamber 
has become a standard for such measurements over the years, 
the use of radiochromic film strips offers several distinct advan-
tages. First, all five measurements (one in the center of the CTDI 
phantom and four at 1 cm depth from the periphery) can be per-
formed during a single scan. Second, there is no stem effect 
that, under complex experimental conditions, could be hard to 

estimate. Finally, the irradiated film strips (even just scanned 
images) represent not only a permanent record, but they also 
provide information about the dose modulation along the CT 
scan direction.

Figure 11.13 depicts the film strip of XR-QA model 
GafChromic film irradiated within the peripheral hole of the 
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FIGURE 11.11 Use of XR-QA2 model GafChromic film for quality assur-
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FIGURE 11.12 Modified CTDI phantom to accommodate measuring film 
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CTDI phantom. When the response of the film is converted to 
dose, the obtained dose profile could be used for calculation 
of dose integral over 10 cm length, which can then be used for 
 calculation of the CTDI100 value, from which CTDIw (weighted) 
and CTDIvol (volume) can be calculated (AAPM TG-23 2008).

Figure 11.14 demonstrates the difference between tabulated 
and measured CTDI values for 20 different CT scanners for the 
body (Figure 11.14 top) and head (Figure 11.14 bottom) scanning 
mode. On the first 10 CT scanners, CTDI phantoms were scanned 
with a 10 cm longitudinal scanning range for body scan protocol, 
while, for the head protocol, a 5 cm scanning range was used. 
For both body and head scans, the integration length over dose 
profiles (as suggested in Figure 11.13) was shorter than 10 cm, 
which is a prerequisite for the CTDI100 definition. Accordingly, 
the obtained integrals were scaled to match the required integra-
tion length of 10 cm. It is of note that shorter scans (head proto-
col) lead to more frequent differences outside of the acceptable 
range (±20%). For the remaining 10 CT scanners, the scanning 
range was 15 cm for both body and head protocol, allowing for 
a full 10 cm integration length, as indicated in Figure 11.13. It is 
worth noting that, for all the scanners, the difference between 
measured and tabulated values is within the acceptable limits. 
Figure 11.14 suggests that the measured CTDI values can be 

significantly affected (amongst numerous other factors) by the 
 scanning length.

Figure 11.15 shows the positional dependence of dose profile 
modulation within the CTDI phantom. While the dose profiles 
at peripheral positions (Figure 11.15 top) can vary significantly 
as a function of collimation and pitch during a CT scan, dose 
profiles at the center of the phantom (Figure  11.15 bottom) 
maintain the same parabolic form, irrespective of the scan-
ning parameters, except for the magnitude of the measured 
dose. To  overcome  several drawbacks of the CTDI concept, 
Dixon (2003) suggested the use of a small volume thimble 
ion chamber to measure an equilibrium dose at the center of 
a 30 cm long cylindrical phantom. However, this tempting 
replacement of the CTDI has not materialized yet, for several 
reasons. The new equilibrium dose concept requires replace-
ment of the existing CTDI phantoms with a new phantom 
that is almost twice as long; 30 cm as opposed to the current 
16 cm long CTDI phantoms. Also, all the manufacturers are 
still reporting the CTDIvol on their CT console software rather 
than the equilibrium dose. Therefore, it is expected that the 
concept of CTDI will remain in practice for a while.

11.6 Conclusions

Radiochromic film provides a two-dimensional dosimetry tool, 
allowing high-resolution dose distribution measurements with 
the one sigma dose measurement (conversion of reflectance 
change into dose) uncertainty below 2% for clinical CT doses 
(1–10 cGy). It is important to keep in mind that both XR-QA 
and XR-QA2 GafChromic film models are accompanied by a 
significant energy dependent response for beam qualities used 
for X-ray-based diagnostic imaging purposes. Using a calibration 
curve for one beam quality, while measuring dose in another one, 
could lead to significant errors. The reference dosimetry proto-
col based on film exposure calibration in terms of “air kerma 
in air” simplifies both the calibration procedure and reference 
dosimetry measurements. The results from a full Monte Carlo 
investigation of the dose conversion of measured film dose at 
the surface into dose to water or water kerma at the surface of 
the phantom indicate that, for typical beam qualities used at kVp 
beam qualities, this conversion can be approximated by simple 
mass energy absorption coefficient ratios water to air. While the 
most appropriate function for the calibration curve of the refer-
ence radiochromic film dosimetry would be the power function, 
the relative dosimetry could be performed by linearizing the 
exponential response function.

In vivo surface dose measurements can be easily performed 
by simply taping film pieces at the patient surface. In addition 
to in vivo measurements, “film dosimetry” can be easily imple-
mented into numerous quality assurance procedures. The two-
dimensional nature of film dosimetry reveals the heterogeneous 
nature of dose deposition, which can explain part of the varia-
tion in measurement reproducibility with point type dosime-
ters. Film measurements might be necessary to improve and 
validate a new dosimetry model bound to replace the homoge-
neous CTDI model.
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12
Computed Radiography

Nobukazu Tanaka and Junji Morishita

12.1 Introduction

Analog radiographic systems using a combination of screen 
and film (SF) have been used for interpretation and diagno-
sis for many years, through the use of photographic plates and 
film since the discovery of X-rays by Roentgen (see Section II, 
Chapter 17 of this book). For SF systems, the appropriate dose 
level is determined to acquire optimal radiographic densities of 

film for each examination because each screen and film has a 
limited range of sensitivity to X-rays. Therefore, patient dose has 
been determined in response to the range of each SF system.

On the other hand, digital radiographic (DR) systems, as typi-
fied by computed radiography (CR) systems, were introduced in 
clinical practice in conjunction with conventional SF systems 
from the 1980s onwards. CR using a photostimulable phosphor 
(PSP) plate was first commercialized by FUJIFILM Corporation 
(Japan) in the early 1980s (Sonoda et al. 1983) and is still widely 
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used in clinical practice throughout the world. Furthermore, 
Agfa HealthCare, Konica Minolta, Lumisys, Carestream (former 
Kodak), and other manufacturers have introduced CR systems in 
the last three decades. The early CR systems are used in clinical 
practice as a substitute for SF systems.

DR systems, including CR systems, generally have many 
advantages, such as acquisition, preservation, transferability, and 
so on, of image data using computer technology, compared to 
conventional SF systems from a viewpoint of cost and through-
put for X-ray examinations in hospitals. A much wider dynamic 
range of approximately 10,000 is one feature of image quality 
for DR systems, while SF systems have a dynamic range of just 
several hundred, approximately. Moreover, the dynamic range 
of DR systems can be shifted and/or fixed freely depending on 
exposure dose levels. This controllable-wider-dynamic range 
of DR  systems enables us to produce digital projection images 
with optimal photographic density or brightness, regardless of 
dose levels. However, the under- or over-exposure can reduce 
or increase the patient dose. In addition, DR systems have com-
pany-specific characteristics of sensitivity and image  quality. 
Therefore, it is important to correctly understand the character-
istics of DR  systems to acquire useful images in diagnosis and 
reduce patient dose.

This chapter describes the basic concepts, including new 
 technologies, image processing technologies, and image  qualities, 
of CR systems.

12.2  The Basic Concept of Computed 
Radiography Systems

CR systems consist of a PSP plate and a CR reader. A CR system 
uses an integrated computer system to provide the X-ray detec-
tion and display functions achieved by a conventional SF  system. 
The PSP plate, as an imaging detector for a CR system, is simi-
lar to the conventional screen used in a SF system in terms of 

the amplification and conversion of X-rays to light. For conven-
tional SF systems, light emitted from the screen directly exposes 
the film. For CR systems, on the other hand, the X-rays form a 
latent image on the PSP plate. The stored signal (latent image) 
is scanned by a laser beam in the CR reader to form the digital 
image (Rowlands 2002, Schaetzing 2003, Seibert et al. 2006).

CR images are acquired and displayed through four main 
stages: (I) X-ray exposure on the PSP plate (latent image for-
mation); (II) detection and collection of photostimulated lumi-
nescence (PSL); (III) signal processing; and (IV) image display, 
respectively, as shown in Figure 12.1. In step (I), a latent image 
is formed by absorbing the X-rays in the PSP plate. X-ray energy 
deposited in the PSP plate causes local electrons to be trapped 
at lattice defects in the PSP crystal lattice. This local electron is 
called a color center or F-center. In step (II), the exposed PSP 
plate undergoes a readout process to produce X-ray images using 
a CR reader. Trapped electrons on the PSP (latent image) are 
stimulated by laser-beam scanning and are subsequently emit-
ted as PSL. The PSL, which is proportional to the number of 
released electrons, is captured by a light guide assembly adja-
cent to the PSP plate. Subsequently, a photodetector coupled to 
the light guide amplifies the PSL signals and converts them into 
the corresponding electrical signals. Finally, the erasure system 
removes the majority of the remaining latent signals using high-
intensity white light. This four-step operation can be repeated 
many thousands of times for the same PSP plate. In step (III), 
pre- and post-processing must be performed to produce an image 
optimal for diagnosis (see Section 12.3). In step (IV), a post-
processed image is displayed on a printed film using a dry-laser 
imager or electronic display devices such as a cathode-ray tube 
(CRT) monitor or a liquid crystal display (LCD).

CR systems can be grouped into two main types, namely the 
cassette type and the integrated type (built-in type). For the 
cassette type, a PSP plate is inserted in a cassette and is sub-
sequently exposed. The exposed PSP plate enclosed with the 
cassette is manually moved from the radiography suite to the 
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FIGURE 12.1 Illustration of the basic process for image acquirement of a computed radiography system.
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CR reader. Various cassette sizes are prepared for the purpose 
of each body part, namely 18 × 24, 15 × 30, 24 × 30, 35 × 35, 
35 × 43 cm2, and so on. Another advantage of the cassette type 
is that cassette type PSP plates enable us to perform full leg and/
or full spine imaging by using an elongated cassette or a combi-
nation of  cassettes. For the integrated type, on the other hand, a 
PSP plate, integrated with a CR reader, is recycled by reading 
and erasing without human intervention. An automated reading 
 system might produce an increase in unsharpness due to geo-
metric blurring because the PSP plate is placed under the top 
of a table. Although pixel sizes of PSP plates vary by manufac-
turer, they are approximately 100 µm for general radiography 
and 50 µm for mammography. A PSP plate for mammography 
using a phase-contrast technique from one manufacturer has a 
pixel size of 25 µm (Yamazaki et al. 2008, Matsuo et al. 2012).

12.2.1 Photostimulable Phosphor Plate

The PSP plate is also called an imaging plate (as a product of 
FUJIFILM Co.) or a storage phosphor plate.

A PSP plate consists of a surface protection layer, a PSP layer, 
and a backing layer. PSP grains are combined with a binder and 
deposited on a substrate. Typical binder materials include nitro-
cellulose, polyester, acrylic, or polyurethane. A typical backing 
material is polyethylene terephthalate. To adjust image quality 
in response to the reflectivity and absorptivity of the backing 
plate itself, black or white backing plates are sometimes used 
(Rowlands 2002). The following section describes the specifica-
tions of a PSP plate.

12.2.1.1 Materials of Photostimulable Phosphor (PSP)

The PSL phenomenon is the release of stored energy within a 
PSP by stimulation with visible light (Rowlands 2002, Seibert 
et  al. 2006). The materials used, such as sulfide and alkali 
halides, produce PSL. There are desirable characteristics for 
optimal PSP materials in radiography, namely the stimulation–
absorption peak at a wavelength produced by lasers, the stimu-
lated emission peak readily absorbed by common photodetector 
input phosphors, and the preservation of the latent image with-
out significant signal loss. A type of PSP material that satisfies 
these characteristics is alkali-earth halides. Europium-activated 
barium fluoro bromide (BaFBr: Eu2+) was initially used as a PSP 
material. Thereafter, the family of phosphors BaFX: Eu2+, where 
X is a halogen such as chlorine (Cl), bromine (Br), iodine (I), 
or their mixture, has been investigated and widely developed. 
Figure 12.2 shows an example of a close-up photograph of PSP 
material of BaFX: Eu2+ (X = Cl, Br, or I) (Takahashi 2002). 
This material is made up of a powdered structure.

In terms of X-ray absorption efficiency of PSP material, the 
K-absorption of 37.4 keV for barium is low compared to those 
of the calcium tungsten oxide (CaWO4, tungsten: 69.5 keV), for 
conventional regular-type screen, and terbium-doped gadolin-
ium oxysulfide (Gd2O2S: Tb, gadolinium: 50.2 keV), for ortho-
type rare-earth screen, employed in SF systems. Therefore, the 
PSP material of barium-based phosphor will have higher X-ray 
absorption efficiency for comparatively low energy X-rays of 
approximately 35–50 keV. Below and above this range, how-
ever, the response will be the opposite (Seibert et al. 2006). 

In addition, thallium-doped rubidium bromide (RbBr: Tl) and 
europium-activated cesium bromide (CsBr: Eu2+) as PSP materi-
als, which have K-absorptions different from BaFX: Eu2+, are 
newly designed to form a needle-structure layer. Thus, various 
incident X-ray beam qualities on the PSP plate usually deter-
mine different detector characteristics at every K-absorption of 
PSP material. The specifications of needle-structured PSP plates 
are discussed in Section 12.2.3.1.

12.2.1.2 Spectra of Stimulation and Emission Lights

To acquire an image with high quality, it is important to convert 
exposed information in the PSP plate into PSL as much as pos-
sible. Figure 12.3 shows examples of spectra for emission and 
stimulation light of commonly used PSP materials of BaFX: Eu2+ 
(X = Cl, Br, or I) (Takahashi 2002). The wavelengths of the emit-
ted PSL peaks of BaFX: Eu2+ are around 400 nm. The wave-
lengths of the emitted PSL peaks for needle-based PSP materials, 
RbBr: Tl and CsBr: Eu2+, are 433 and 440 nm, and are slightly 
longer than those of the family of BaFX: Eu2+ (Rowlands 2002). 
On the other hand, the wavelength range for stimulation must be 
isolated from that for emitted PSL. The wavelengths of the family 
of BaFX: Eu2+ for stimulation lights are approximately from 550 
to 700 nm. The wavelengths of RbBr: Tl and CsBr: Eu2+ are 685 

10 μm

FIGURE 12.2 An example of a close-up photograph of a powder-based 
photostimulable phosphor material (BaFX: Eu2+ (X = Cl, Br, or I)). 
(Courtesy of FUJIFILM Medical Co., Ltd.), Adapted from Figure 14b in 
Takahashi, K. 2002. Fujifilm Medical Review 11, 22–40.)
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and 725 nm, respectively (Rowlands 2002). The laser beam for 
stimulation is described in detail in the  paragraph “Laser beam 
for stimulation” (Section 12.2.2.1)

12.2.1.3 Fading

One of the disadvantages of image acquisition for CR systems 
is the fading phenomenon. Fading occurs when there is a delay 
between X-ray exposure of the PSP plate and scanning by a CR 
reader, or the stored X-ray signal information on the PSP plate 
decreases over time. This occurs because the electrons detrap. 
This fading phenomenon is a possible problem for portable 
radiography using a number of cassettes at a time in a hospital 
ward. There are reports on fading of CR systems (Akdeniz et al. 
2005, Seibert et al. 2006, Shetty et al. 2011). After about 10 min-
utes, the latent image fades more slowly (Akdeniz et al. 2005). 
Another report indicated that fading was obvious after a delay of 
between 24 and 36 hours (Shetty et al. 2011). To prevent this, the 
delay time between exposure and the readout process should be 
kept to a minimum.

12.2.2 Computed Radiography Reader

A CR reader essentially consists of a laser beam for stimulation, 
laser-scanning optical system, transition system of PSP plate, 
PSL collecting system, and signal processing system. This sec-
tion describes these systems in detail.

12.2.2.1 Laser Beam for Stimulation

To improve X-ray utilization efficiency and acquire a high 
image quality, it is important to convert latent-image informa-
tion deposited on a PSP plate into the highest possible PSL 

signal (Rowlands 2002, Schaetzing 2003, Seibert et  al. 2006). 
The range of excitation wavelength for BaFX: Eu2+ (X = Cl, Br, 
or I) is near 400 nm, as described above. PSL light from the 
PSP material can be obtained efficiently by irradiation with a 
red light (wavelength λ: near 600 nm). Red wavelengths are well 
matched to the stimulation spectrum of the PSP screen and are 
isolated enough from the emitted wavelengths. Early CR sys-
tems employed a helium–neon (He–Ne) gas laser (wavelength: 
λ = 633 nm in the red) to stimulate the trapped electrons in the 
PSP screen. However, recent CR systems use a semiconductor 
(diode) laser (wavelength: λ = 670–690 nm in the red). A semi-
conductor laser has some advantages compared to a conventional 
gas laser. One is that the output intensity of a semiconductor 
laser can be controlled electrically; on the other hand, a gas laser 
needs an additional external device such as an electro-optical or 
electro-acoustical modulator. Other advantages are that semi-
conductor lasers are more compact, energy efficient, and have a 
longer operational lifetime than the gas lasers.

12.2.2.2  Laser-Scanning Optical System 
and Transition System

The basic components of a laser-scanning optical system for 
conventional point-scanning (flying-spot scan) readout technol-
ogy are a stimulating laser source, a beam splitter, an oscil-
lating beam deflector, an F-theta (F-θ) lens, and a cylindrical 
mirror (Sonoda et  al. 1983, Seibert et  al. 2006). A focused 
laser beam is routed through these various optical components 
before scanning the PSP plate (Figure 12.4). The transport 
stage moves the PSP plate to a direction perpendicular to laser-
beam scanning (Figure 12.4) (Iwasaki ed. 2002). This latter 
direction is often called the sub scan, slow scan, page scan, 
cross line, or translation direction.

Photomultiplier tube
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Polygon mirror 
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Semiconductor
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Photostimulable phosphor plate 
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Photostimulated
luminescence 

Photostimulable phosphor plate 
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Analog-to-digital (A/D) converter 
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direction to laser
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FIGURE 12.4 Mechanism of basic construction of the Fuji computed radiography system. (Courtesy of FUJIFILM Medical Co., Ltd., Adapted from 
Figure 2.6 in Iwasaki, N. ed. 2002. FCR Image Processing Instruction Manual, partial modifications by authors.)
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12.2.2.3 Light Collecting System

PSL light emitted from PSP plates must be collected effec-
tively for conversion into an electrical signal. The light collect-
ing system consists of an optical light guide and photodetector 
(Figure 12.4). Since the emitted PSL spreads in all directions, 
the light collecting system is placed as near the surface of the 
PSP plate as possible to collect more PSL. The original CR 
systems developed by FUJIFILM Co., which employ a point-
scanning technology, usually use an acrylic light pipe as a light 
guide. The head of the pipe is wide and thin to cover the entire 
width of the screen while the other head is tapered to fit the 
entrance aperture of the photodetector. The role of the photo-
detector, typically performed by a photomultiplier tube (PMT), 
is to convert the PSL light transferred from the light guide into 
an electrical signal. PMTs can achieve high signal gain, low 
internal noise, and low dark current. In addition, their sensitive 
range is well matched to the wavelength range (near 400 nm) of 
PSP signals emitted from the PSP plate. Fortunately, PMTs are 
less sensitive to the wavelength (approximately 600–700 nm) of 
the stimulating laser. Thus, PMTs also act as an additional filter 
for removing the stimulated lights from the detected signal. The 
electronic dynamic range (minimum to maximum signal output) 
of the PMT is much greater than for the PSP plate, and light 
intensity variations that correspond to the incident exposure on 
the PSP plate respond linearly over a range of 1–10,000 or “four 
orders of magnitude” (Rowlands 2002, Schaetzing 2003, Seibert 
et al. 2006).

12.2.2.4 Signal Processing System for Digitization

A basic flow chart of the process for digitization of the CR sys-
tem is shown in Figure 12.4 (Rowlands 2002, Schaetzing 2003, 
Seibert et al. 2006). The first step after PMT processing is loga-
rithmic amplification. A logarithmic amplifier can reduce the 
dynamic range before digitization and provides better visual-
ization on a computer monitor. The second step is to filter the 
signals. An anti-aliasing filter (low-pass filter) can prevent alias-
ing errors and eliminate fixed pattern noise of an anti-scatter 
grid arising from grid lines perpendicular to the scan direction. 
The third step is digitization of the analog signal. Digitization 
converts continuous analog signals into discrete digital signals, 
which have digital (pixel) values. This is a two-step process, 
namely, sampling and quantization using an analog-to-digital 
(A/D) converter. Firstly, the sampling interval determines the 
location and sampling aperture of the PSP. Next, quantization 
determines the average pixel value corresponding to the signal 
amplitude within each sampled region.

12.2.3  Development of New Technologies 
for Improvement of Image Quality

Since the commercial introduction of CR systems, there have 
been a number of improvements in both PSP plates and CR 
readers (Rowlands 2002, Schaetzing 2003, Seibert et al. 2006, 
Schaefer-Prokop et  al. 2009). This section describes examples 
of new technologies for improvement of CR systems. Studies on 
image quality improvement using these technologies from a user 
perspective are introduced in Section 12.4.

12.2.3.1  Needle-Structured Photostimulable 
Phosphor Technology

For conventional powder-state (powder-based) PSP plates with 
amorphous phosphor crystals suspended in a binder, it is diffi-
cult to improve both X-ray absorption efficiency and resolution. 
Using a thinner PSP layer decreases X-ray absorption efficiency 
but increases spatial resolution, while for a thicker PSP layer the 
opposite occurs. A needle-structured (needle-based) PSP plate 
was invented by Konica Minolta (Japan) to achieve a good bal-
ance between X-ray absorption efficiency and resolution. The 
needle structure is made by evaporating the PSP in a vacuum. 
The result is that the PSP crystallizes into longer-column-shaped 
crystals. An example of a close-up photograph of a needle-based 
PSP material is shown in Figure  12.5. The resulting structure 
acts like a light guide by reducing lateral spreading of the PSL. 
This means that the needle structure allows for thicker PSP lay-
ers with improved X-ray absorption efficiency while maintaining 
higher resolution. Figure 12.6 shows an illustration and sche-
matic of the intensity and spreading of emitted PSL in powder-
based and needle-based PSP plates.

For materials with a needle structure, it is not easy to employ 
BaFX: Eu2+ (X = Cl, Br, or I) due to its complex chemical com-
position. Firstly, RbBr: Tl, which has a simple chemical compo-
sition, was employed for the built-in type of CR system (Leblans 
et al. 2001). However, needle-based PSP plates with RbBr: Tl did 
not show better image quality compared to powder-based PSP 
plates using BaFX: Eu2+ (X = Cl, Br, or I) because of the lower 
X-ray absorption efficiency of RbBr: Tl. Recently, CsBr: Eu2+has 
been employed as a material for needle-based PSP plates and 
is commercially available (Schaetzing et al. 2002). The needle-
based PSP plate with CsBr: Eu2+ has many advantages including 
higher X-ray absorption, stimulability, erasability, and so on.

12.2.3.2 Dual-Side Reading Technology

It is also important to increase the X-ray absorption efficiency 
in the PSP plate for improvement of radiographic noise. The 
dominant factors of radiographic noise in a CR system are the 
X-ray quantum noise and light photon noise of the PSP plate. It is 
well known that the thicker PSP layer reduces the amount of PSL 
that is recorded per X-ray. In a conventional single-side reading 
(SSR) system, reflected PSL is only detected by a PMT arranged 
in front of the PSP. Thus, PSL emitted at a deeper position in 
the PSP layer is detected poorly. As one of the most innovative 

FIGURE 12.5 Close-up photograph of a needle-based photostimulable 
phosphor material. (Courtesy of Konica Minolta Inc., Adapted from Figure 
2 in Yanagita, T. et al. 2008. Konica Minolta Technology Report 5, 35–38.)



224 Handbook of X-ray Imaging

solutions to this matter, the dual-side reading (DSR) system 
was developed and introduced by FUJIFILM Co. (Arakawa 
et al. 1999, 2000). For the DSR system, the PSP plate consists 
of a thicker PSP layer and a transparent support compared to 
the thinner PSP layer and opaque support of the SSR system. 
A CR reader has two light guides, which are coupled to PMTs, 
located at the front and back of the PSP plate. Figure 12.7 shows 
 illustrations of a conventional SSR system and an innovative 
DSR system (Tsuda et al. 2014).

This DSR system can achieve high X-ray absorption effi-
ciency by detecting both sides of the plate. In addition, using 
optimized spatial filter-based addition of the two recorded sig-
nals, it is possible to achieve a high signal-to-noise ratio (SNR). 
Integrated type CR products with a pixel size of 100 µm for gen-
eral  radiography and cassette type with a pixel size of 50 µm 

for mammography and general radiography have been developed 
and are commercially available.

12.2.3.3 Line-Scanning Technology

Conventional laser-beam raster-scanning technology usually 
employs point-scanning technology, as mentioned above. This 
technology, which is used in both SSR and DSR light collect-
ing systems, sequentially scans a spot laser beam at each pixel 
location for a constant time (laser-beam scanning direction) 
over a moving PSP plate (direction perpendicular to laser-beam 
 scanning) (Figure 12.8a). The throughput of a spot-scanning 
system is determined by a trade-off between scanning time and 
image quality. A higher scanning speed improves throughput, 
while degrading image quality because less PSL is recorded. To 
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FIGURE 12.7 Illustration of (a) single-side reading (SSR) and (b) dual-side reading (DSR) computed radiography systems. (Adapted from Figure 1 in 
Tsuda, N. et al. 2014. Radiol Phys Technol 7, 310–315.)
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avoid this trade-off, a novel line-scanning technology, which con-
sists of a line-light source (a linear array of solid-state laser diodes 
for stimulation) and a charge-coupled device (CCD) sensor (an 
array of solid-state photodiodes for acquiring the emitted PSL), 
was introduced (Figure 12.8b) (Schaetzing et al. 2002, Arakawa 
et al. 2003). For this technology, the line-light source moves and 
scans the whole area of the PSP plate; not each point but each line 
at a constant time. Line-scanning excitation of PSP and readout of 
PSL can reduce scanning time (readout time) compared to a point-
scanning technology without limiting signal decay lag. This sys-
tem can efficiently collect emitted light onto a CCD sensor line by 
line. Recently, line-scanning technology combined with needle-
based PSP plates was introduced and is commercially available.

12.3 Image Processing

The conventional SF system, which emitted light from a screen 
directly exposed to film, has a fixed input/output (X-ray inten-
sity/photographic density of film) relationship for each system. 
On the other hand, a DR system is able to modify the image 
by various image processing. There are two types of image pro-
cessing, namely, pre- and post-processing. Pre-processing is 
automatically performed simultaneously with image acquisition. 
Post-processing technology is performed after image acquisi-
tion and can be changed by the end-user to improve visibility 
and diagnostic accuracy. Both technologies are very important 
to produce clinically adequate images. Since each manufacturer 
has specific names and functions for image processing, this 
 section describes only the concepts of CR image processing.

12.3.1 Pre-Processing

It is important to obtain appropriate images with optimal den-
sity or brightness and contrast in both SF and DR systems. 
As stated above, it is difficult to determine optimal exposure 
conditions (tube current-time product and tube voltage) for a 
SF system. On the other hand, DR systems have a function of 
automatic adjustment for density or brightness and contrast for 
variations in exposure conditions. As follows: (I) the segmenta-
tion area and exposure field are recognized and determined by 
a specific image recognition algorithm; (II) the acquired image 

data are normalized by analyzing the image histogram (Seibert 
et al. 2006). These processes depend on the ingenuity of each 
manufacturer. This analysis will enable us to obtain stable photo-
graphic density or brightness and contrast of radiographs.

12.3.2 Post-Processing

Since X-ray images are varied for each body part and/or expo-
sure conditions, it is desirable to utilize suitable image process-
ing. In general, processing is applied for contrast enhancement 
(gradation processing), spatial frequency enhancement, dynamic 
range compression, and multi-scale multi-frequency enhance-
ment algorithms. Although each manufacturer provides recom-
mended parameters for each X-ray examination, end-users can 
also change its parameters arbitrarily.

Contrast enhancement by gradation processing or windowing 
enables us to adjust the density or brightness and contrast of the 
output image by way of an operating characteristic curve, relat-
ing pixel value and photographic density. The gradation curve 
can be modified to various shapes, for example, linear, sigmoid, 
and/or inversion.

Enhancement of spatial frequency is an important function 
to maintain image sharpness. The response function generally 
decreases with increasing spatial frequency. For example, in 
chest radiography, it is useful to compensate for unsharpness by 
enhancing the edges of a vaguely-outlined image  structure such 
as bone trabeculae, pneumothorax, other high-detail character-
istics, and so on. The unsharp-masking technique is well known 
as a spatial frequency enhancement (Loo et al. 1985, Jouan 1999, 
Seibert et al. 2006).

Dynamic range compression compensates dark shadows 
and/or bright highlights while maintaining appropriate bright-
ness and contrast in the region of interest. This technique will 
improve the contrast under the diaphragm in a chest radiograph 
and overall image contrast can be improved without saturation 
(Loo et al. 1985, Seibert et al. 2006).

Recently, more advanced image processing techniques 
employing multi-scale analysis for CR systems have been 
widely used. Selectable linear or non-linear amplification of 
each frequency band allows operation of the output image in 
terms of advantages of spatial frequency enhancement and 
dynamic range compression technique. Figure 12.9 shows six 
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FIGURE 12.8 Illustration of (a) point-scanning and (b) line-scanning reading technologies.
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radiographs of an  anthropomorphic chest phantom with and 
without post- processing techniques. The specifications of these 
processing technologies are shown in Table 12.1. Multi-scale 
processing technologies are regarded as the first choice to 
achieve contrast and edge enhancement over all areas of the 
image because of the flexibility of the algorithm over wide mul-
tiple frequency ranges (Seibert et al. 2006).

12.3.3 Other Image Processing

There are other technologies, such as noise suppression 
(Couwenhoven et  al. 2005, Yamada and Murase 2005) and 

anti-scatter-grid line removal techniques (Belykh and Cornelius 
2001, Lin et al. 2006), used to improve diagnostic performance 
beyond that described above. Figure 12.10 shows anthropomor-
phic chest phantom radiographs with and without anti-scatter-
grid line removal techniques. This technique demonstrates the 
advantage of removal of an artifact by a grid line.

On the other hand, there are other advanced image process-
ing technologies to promote the efficiency of diagnosis accuracy, 
such as dual-energy radiography (Ishigaki et  al. 1988, Brettle 
and Cowen 1994, Kimme-Smith et al. 1999) and computer aided 
diagnosis (CAD) (Doi 2005, 2006), by utilizing digital imaging 
and computer technology.

TABLE 12.1

Examples of Different Post-Processing Parameters Using a Fuji Computed Radiography Console: Anthropomorphic 
Chest Phantom Radiographs in Figure 12.9 Were Obtained Using These Parameters

Gradation Processing Frequency Processing Dynamic Range Control

(a) GT: A (Linear) General frequency processing RE: 0.0 No technique

(b) GT: E (Non-linear for chest) General frequency processing RE: 0.0 No technique

(c) GT: E (Non-linear for chest) General frequency processing RE: 0.2 General dynamic range control DRE: 0.4

(d) GT: E (Non-linear for chest) General frequency processing RE: 3.0 General dynamic range control DRE: 0.4

(e) GT: E (Non-linear for chest) General frequency processing RE: 6.0 General dynamic range control  DRE: 0.4

(f) GT: E (Non-linear for chest) Multi-objective frequency processing MRE: 0.2 Multi-dynamic range control MDE: 0.4

GT: gradation type; RE: frequency  enhancement degree; DRE: degree of dynamic range control enhancement; MRE: degree of multi-
frequency enhancement; MDE: degree of multi-dynamic range control enhancement.

(a) (b) (c)

(d) (e) (f )

(a) (b) (c)

(d) (e) (f )

Figure 12.9 Examples of anthropomorphic chest phantom radiographs (multipurpose chest phantom N1 “LUNGMAN,” Kyoto Kagaku Co., Ltd., Kyoto, 
Japan) for whole and close-up right lung. Each post-processing parameter (a) to (f)  corresponds to those in Table 12.1.
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12.4 Evaluation of Image Quality

Evaluations of images are divided into two major methodologies: 
objective and subjective methods (Samei 2003a, Doi 2006) (see 
Section I, Chapters 14 and 15, and Section II, Chapter 24 of this 
book). Objective evaluation involves measurements of physical 
properties such as contrast, resolution, noise, and so on. On the 
other hand, subjective methods involve visual assessment, such as 
the detectability of signals observed on a display device. This sec-
tion describes objective and subjective characteristics of CR sys-
tems. First, physical imaging properties, such as the characteristic 
curve, modulation transfer function (MTF), Wiener spectrum 
(WS), noise equivalent quanta (NEQ), and detective quantum 
efficiency (DQE), are discussed and compared to conventional SF 
systems. Recently, the International Electrotechnical Commission 
(IEC) published methodologies for determining the image qual-
ity of general radiography, including mammography, using stan-
dard X-ray beam qualities (IEC 61267 Ed. 1.0 1994, IEC 62220-1 
Ed. 1.0 2003, IEC 61267 Ed. 2.0 2005, IEC 62220-1-2 Ed. 1.0 
2007). The image qualities of CR systems are discussed along 
with the IEC method. Second, detectability and/or visibility of 
CR systems, in terms of receiver operating characteristic (ROC) 
analysis and by use of test phantoms containing simple objects 
(signals) with a uniform background, are discussed.

12.4.1 Characteristic Curve

Characteristic curves, shown as the input/output relationship in 
an imaging system, have been widely used in both DR systems 
and conventional SF systems. The input/output relationships of a 
DR system are divided into four main components according to 
the image-forming process. Fujita et al. (1989a) reported charac-
teristic curves in different components of the CR system, namely: 
(I) the detector characteristic (upper right); (II) the digital char-
acteristic (upper left); (III) the display characteristic (lower left); 
and (IV) the overall characteristic (lower right) curves, respec-
tively, as shown in Figure 12.11.

(I) The detector characteristic curve shows the relationship 
between X-ray intensity and PSL generated from the PSP; it 
is proportional to intensity, increasing over four-digit X-ray 
intensity. (II) The digital characteristic curve is the relationship 
between PSL and pixel value. Since the relationship between 
the PSL and X-ray intensity is found to be widely linear, as 

 previously mentioned, the curve is commonly represented as the 
relationship between X-ray intensity and pixel value. The  digital 
characteristic curve is proportional to the logarithm of the 
relative detector dose in comparison with the sigmoid shaped 
 characteristic curve of the SF system (Figure 12.12). The curve 
can also be freely varied by changing user-adjustable parame-
ters, for example sensitivity and latitude, as described previously. 
Two measuring methods, namely the time-scale method which 
changes the output time (Fujita et  al. 1989a,b, Morishita et  al. 
1989) or the inverse-square method which changes the source-to-
image detector distance (Fujita et al. 1989b), are usually used to 
control X-ray intensities for measuring the curve. The curve can 

(a) (b)

FIGURE 12.10 Example of close-up anthropomorphic chest phantom 
radiographs (a) with and (b) without the anti-scatter grid line removal 
technique.
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be used for linearization of the system when evaluating imag-
ing characteristics such as the presampled MTF and digital WS. 
(III) The display characteristic curve indicates the relationship 
between pixel value and density of film or brightness of an elec-
tronic display device. Note, in this instance, we refer to the film 
printed using a dry-laser printer. Today, image interpretation has 
largely shifted to soft-copy readings with use of display devices 
such as CRT or LCD monitors. (IV) The overall characteristic 
curve indicates the relationship between the input X-ray intensity 
and the output density of the film or brightness of the display 
device.

12.4.2 Spatial Resolution

Spatial resolution is an index of sharpness of image. During image-
formation, unsharpness of the image arises from the geometric 
unsharpness of the focal spot, detector specifications, movement 
of objects, and so on. In these factors, the dominant source of 
unsharpness of a CR system is the detector performance. The 
degradation of spatial resolution for SF systems was mainly due 
to the spreading of emitted light in the screen phosphor layer. For 
CR systems, on the other hand, there are  various components that 
degrade resolution properties, such as the X-ray detector (PSP 
plate), image reader, A/D converter, filtering  process, and image 
display device. Thus, it is necessary to investigate each compo-
nent to evaluate the system overall. This section first describes 
the factors determining the  resolution property of a CR system. 
Then, a basic evaluation methodology for a DR system and the 
characteristics of CR systems are described.

12.4.2.1 Factors Affecting Spatial Resolution

The dominant factor affecting the spatial resolution of the CR 
systems is the characteristics of the PSP itself. The response 
characteristic of the PSP material is a trade-off between spatial 
resolution, X-ray sensitivity, and radiographic noise. PSP plates 
with a thinner layer will have a higher spatial resolution, but with 
higher noise levels because of lower X-ray absorption efficiency 
(Samei 2003b). In comparison, PSP plates with a thicker layer 
will have poorer spatial resolution and less noise. Therefore, 
there are two PSP types suitable for use: namely, a PSP plate 
with less X-ray absorption but superior sharpness due to the 
structure of the phosphor and less diffusion of light in the thin-
ner phosphor for, for example, mammography and another PSP 
plate with high X-ray absorption for, for example, general radi-
ography. The diffusion of the incident X-ray itself in the PSP is a 
minor  factor. On the other hand, there are four factors affecting 
spatial resolution including the diameter of the laser-beam spot, 
diffusion of the laser beam in the PSP, afterglow of the PSL, and 
the frequency characteristic of the logarithmic amplifier (Tanaka 
et al. 2013). The first two factors will affect the spatial resolution 
isotropically. The latter two factors would be influenced in the 
 laser-beam scanning direction only.

12.4.2.2 Modulation Transfer Function

The spatial resolution of imaging detectors has been evaluated by 
measurement of the MTF in the spatial frequency domain in both 

DR systems and conventional SF systems for many years. DR sys-
tems, including CR systems, consist of various components such as 
a detector system, data acquisition system, image processing tech-
nology system, and display device. Therefore, the MTFs of each 
component exist and the overall MTF is expressed by the following 
Equation 12.1 (Giger and Doi 1984, Fujita et al. 1989b, 1992).
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where u and v are spatial frequencies in the horizontal and  vertical 
directions, * is the convolution integral, m and n are integers. 
Δx and Δy are sampling distances in the horizontal and verti-
cal directions, and they are commonly the same value. Note that 
although horizontal and vertical directions are frequently used in 
the laser-beam scanning direction and direction perpendicular to 
laser-beam scanning, it is not universally true. The product of the 
analog MTF and sampling aperture MTF is called “presampled 
MTF” (originally called the presampling MTF). The convolu-
tion integral of the presampled MTF and the Fourier domain 
comb function is called the “digital MTF.” Since both the digital 
MTF and overall MTF include aliasing, the  digital MTF may not 
always indicate the correct resolution properties and cannot be 
used for comparison with other MTFs. Giger and Doi (1984) pro-
posed and defined the presampled MTF for measurement of the 
inherent MTF for DR systems. The presampled MTF includes 
the unsharpness of the detector itself, the unsharpness of the 
sampling aperture before A/D conversion, and the geometric 
unsharpness, if not negligible. Although the theory of MTF is not 
fully applicable to DR systems due to the lack of shift invariance, 
the presampled MTF has been widely used for evaluation of DR 
systems, including CR systems, to date. Sones and Barnes (1984) 
reported the measurement method for the presampled MTF for a 
DR system using tungsten or similar wires. Next, an originally-
devised slit method for measurement of the presampled MTF is 
determined by averaging the two Fourier transforms (FTs) and 
line spread functions (LSFs) obtained with center and shifted 
alignments of the slit images (Fujita et al. 1985, 1989a). A newly-
devised method to determine the FT as a composite of the LSF 
with a finer effective sampling distance is now more commonly 
used. The method using the composite LSF can be applicable 
to FTs of angulated slit, edge, and/or square-wave test patterns.

Fujita et  al. (1989b, 1992) and Dobbins et  al. (1995) investi-
gated the MTFs of CR systems using the angulated slit method. 
In both their papers, the LSF in the laser-beam scanning direc-
tion is different from the direction perpendicular to the laser-
beam scanning (Figure 12.13). Fujita et  al. (1989a, 1992) 
reported that the presampled MTFs in the laser-beam scanning 
direction were lower than in the perpendicular direction for pixel 
sizes greater than 150 µm (Figure 12.14). Dobbins et al. (1995) 
compared different combinations of CR readers and PSP plates 
with standard and high resolution. In early CR readers, the presa-
mpled MTF in the scanning direction was lower than that in the 
perpendicular direction. In advanced models at that time, there 
was no significant difference in presampled MTFs between the 
two directions in PSP plates with either standard or high reso-
lution. There are other reports on the differences in the MTF 
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between the two directions using the slit method (Kengyelics 
et al. 1998a,b, Bradford et al. 1999). Bradford et al. (1999) com-
pared two manufacturers’ CR systems. In their results, the dif-
ference in MTFs between the two directions for a manufacturer’s 
CR system was smaller than that for the other manufacturer’s CR 
system. Although dependent on the characteristics of the PSP 
plates and CR readers for each manufacturer, this difference in 
the two directions is mainly due to the afterglow caused by lag-
ging photostimulated luminescence (Fujita et  al. 1989b, 1992). 

The afterglow will increase the effective  sampling aperture size 
in the laser-beam scanning direction.

IEC report No. 62220-1 (IEC 62220-1 Ed. 1.0 2003), published 
in 2003, suggests the use of the angulated edge method as a uni-
fied method for measurement of presampled MTF, as a substitute 
for the conventional slit method. Recently, Tanaka et al. (2013) 
measured the presampled MTFs of CR systems for two manu-
facturers at four edge profiles (a–d regions in Figure  12.15). 
The  horizontal (regions a and b in Figure 12.15) and vertical 
(regions c and d in Figure 12.15) directions correspond to the 
laser-beam scanning direction and direction perpendicular to 
the laser-beam scanning. In their results, presampled MTFs in 
a manufacturer’s CR system indicated different shapes between 
region a (transition from the low to the high intensity) and region 
b (transition from the high to the low intensity), even when both 
were in the scanning direction (Figure 12.16). Figure 12.17 shows 
an example of edge spread functions (ESFs) for a PSP plate and 
a CR reader with different shapes in regions a and b. Note that 
the ESF of region b was flipped for ease of comparison between 
regions a and b. They mentioned that the difference in results 
is attributable to the frequency characteristic of the logarithmic 
amplifier in regions a and b. For the other manufacturer’s CR 
system, on the other hand, the presampled MTFs in regions a and 
b indicated similar  values. Fetterly et al. (2002) and Fetterly and 
Schueler (2003) also reported similar results for two profiles in 
the laser-beam scanning direction. Therefore, presampled MTFs 
using the edge method should be measured in at least four direc-
tions for  accurate evaluation of the resolution properties for CR 
systems.
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FIGURE 12.15 Photographs and radiographs of an edge device. The a to 
d regions of interest indicate the regions for measurement of the presampled 
modulation transfer function (MTF), and the arrow indicates the scanning 
direction of the laser beam. (Adapted from Figure 1 in Tanaka, N. et al. 
2013. Radiol Phys Technol 6, 474–479.)
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There are some reports on the comparison of newly devel-
oped needle-based PSP plates and conventional powder-based 
PSP plates (Mackenzie and Honey 2007, Marshall et al. 2012). 
Mackenzie and Honey (2007) reported that the presampled MTF 
of a needle-based PSP plate in combination with a line-scanning 
technology (high-speed scanning technology) was higher than 
that of a powder-based PSP plate with a conventional point-
scanning technology. Marshall et al. (2012) also mentioned that 
the presampled MTF of a needle-based PSP plate with a line-
scanning technology was higher than those of powder-based 
PSP plates with a point-scanning technology for SSR and DSR 
systems.

For direct comparison of the DSR and SSR systems, there 
are some reports on the effect of different X-ray beam quali-
ties. Monnin et al. (2006) found that the presampled MTFs of 
the DSR system were lower than those of the SSR system in 
both the laser-beam scanning direction and direction perpen-
dicular to laser-beam scanning at a tube voltage of 66 kV for 
pediatric radiology. Riccardi et al. (2007) reported the results 

of two X-ray beams, RQA 5 (additional filtration: 21 mm Al, 
half-value layer: 7.1 mm Al) and RQA 9 (additional filtration: 
40 mm Al, half-value layer: 11.5 mm Al) (IEC 61267 Ed. 1.0 
1994). Their results indicated that the presampled MTFs of the 
SSR and DSR systems were similar for the RQA 9 spectrum. 
On the other hand, the presampled MTF of the SSR system 
was slightly higher than that of the DSR system for the RQA 
5 spectrum. For the different X-ray beam qualities, the presa-
mpled MTF of the SSR system at RQA 5 was slightly higher 
than that at RQA 9. The X-ray photons will deposit their energy 
more deeply into the PSP layer as the X-ray beam hardens. The 
higher X-ray energy emitted from deeper layers will increase 
lateral spreading of the laser beam. For the DSR system, how-
ever, there was no significant difference in the presampled MTF 
between RQA 5 and RQA 9. They predicted that the optical fea-
tures of the DSR system, with optimization of the particle size 
and the binder, result in reduced scattering of light in both the 
surface and deeper positions in the PSP layer. For mammogra-
phy, Fetterly and Schueler (2003) (edge method) and Ideguchi et 
al. (2004) (slit method) measured the presampled MTFs of the 
DSR and SSR systems, respectively. Ideguchi et al. (2004) also 
investigated the effect of the oblique incidence of X-rays on the 
PSP plate between the chest-wall and nipple sides on MTF mea-
surements. Their results indicated that the degradation of presa-
mpled MTF in oblique incident for the DSR system was more 
apparent than for the SSR system due to the thicker phosphor 
thickness of the PSP plate used in the DSR system. Rivetti et al. 
(2009) reported that the presampled MTF of the DSR system 
was considerably lower than the MTF of the SF system.

12.4.3 Noise Properties

CR systems have the ability to produce images with optimal 
photographic density or brightness regardless of under- or over- 
exposure levels because detected signals with a wide dynamic 
range can be modified by advanced image processing tech-
niques. One of the most important factors affecting image noise 
is the radiation exposure. Although it is our goal to keep the 
patient dose to a minimum, the higher noise level associated with 
lower doses will have a negative impact on the visibility of low-
contrast signals. Images with lower radiographic noise require 
higher exposure to the detector (and hence higher patient dose). 
Thus, it is important to understand the noise characteristics of 
CR systems and the tradeoff between noise level for diagnosis 
and patient dose. This section describes various noise compo-
nents and evaluation methods for the CR system.

12.4.3.1 Factors Affecting Noise

The dominant factors in the inherent noise sources of the DR 
system can be divided into two major groups: quantum noise 
and fixed noise (Samei 2003b, Mackenzie and Honey 2007). The 
radiographic noise is heavily affected by quantum noise, as with 
the SF system. Quantum noise can be divided into primary noise, 
secondary noise, and excess noise. For the CR system, the pri-
mary quantum noise source is related to variations in the number 
of X-ray photons absorbed by the PSP layer. This primary noise 
source follows the Poisson distribution. The secondary quantum 
noise is related to the number of emitted PSLs. The excess noise 
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is added noise generated in the absorption process of X-ray pho-
tons. This excess noise results from the variation in the location 
and grain of the individual absorption events. It is described by 
the work of Swank (1973) and Lubberts (1968).

Fixed noise, on the other hand, includes additive electrical 
noise (e.g., dark current), multiplicative structure noise (e.g., 
granularity of detector), and aliasing noise. The electronic noise, 
such as dark current, is independent of the signal and exists even 
if the PSP plate has not been exposed. The structure noise arises 
from sensitivity variations related to the granularity of the detec-
tor’s PSP material and is proportional to the square of the signal.

12.4.3.2 Wiener Spectrum

There are mainly two traditional methods for noise evaluation: 
namely, measurements of root mean square (RMS) granularity 
and WS. The WS (or, equivalently, the normalized noise power 
spectrum [NNPS]) describes the fluctuation of the signal around 
the mean dose value measured in a uniformly exposed image, as 
a function of spatial frequency (cycles/mm). The WS is used in 
calculation of the NEQ and DQE described below. This section 
describes the characteristics of the WS.

There are many investigations on measurement of the WS 
for CR systems (Dobbins et al. 1995, Kengyelics et al. 1998a,b, 
Bradford et  al. 1999, Fetterly and Hangiandreou 2000, Samei 
and Flynn 2002, Rivetti et  al. 2010, Tsuda et al. 2014). In the 
results, the WS decreases with increasing detector dose. The WS 
values display an asymmetry between the laser-beam scanning 
direction and the perpendicular direction in many cases. The WS 
in the laser-beam scanning direction usually decreases rapidly at 
higher spatial frequencies. This is due to the presence of a low-
pass (anti-aliasing) filter to suppress the interference patterns of 
aliasing (Dobbins et al. 1995, Kengyelics et al. 1998a,b, Fetterly 
and Hangiandreou 2000, Samei and Flynn 2002, Rivetti et  al. 
2010, Tsuda et al. 2014) (Figure 12.18).

For other manufacturers, there are other reports that the WS 
in the laser-beam scanning direction was lower than that in the 
perpendicular direction, even for low spatial frequencies such 
as 1 cycle/mm (Bradford et al. 1999, Fetterly and Hangiandreou 
2000).

There are also some reports of WS differences for CR readers 
and PSP plates which employ new technologies. For compari-
son of needle-based PSP plates and powder-based PSP plates, 
Mackenzie and Honey (2007) reported that the WS of a needle-
based PSP plate with a line-scanning technology indicated supe-
rior performance compared to a powder-based PSP plate with 
a spot-scanning technology (Figure 12.19). Rivetti et al. (2010) 
compared five different CR systems under an X-ray beam qual-
ity of RQA 5. Their results indicated that WS of needle-based 
PSP plates with a line-scanning technology and powder-based 
PSP plate with a point-scanning technology for the DSR system 
were lower than powder-based PSP plates with a point-scanning 
technology for the SSR system. For mammography, Marshall 
et al. (2012) compared a needle-based PSP plate to a powder-
based PSP plate with the DSR system under various exposure 
conditions. Their results indicate that the WS of the needle-
based PSP plate was lower than that of the powder-based PSP 
plate for a DSR system, especially under higher exposure 
conditions. They also analyzed in detail the various noise 

components as a function of detector dose, including quantum 
noise, structure noise, and electronic noise. The needle-based 
PSP plates demonstrated lower structure noise compared to the 
powder-based PSP plates at higher exposures (Figure 12.20).

For direct comparison of the SSR and DSR systems under 
general radiographic exposure conditions, Fetterly and Schueler 
(2006) reported the WS of the SSR system for the built-in type 
with a pixel size of 100 µm and the DSR system for the cassette 
type with a pixel size of 100 µm under an X-ray beam quality of 
RQA 5. Riccardi et al. (2007) also measured the WS at X-ray beam 
qualities of RQA 5 and RQA 9 using the same two plate types as 
Fetterly and Schueler (2006). Monnin et al. (2006) evaluated the 
WS of the DSR system for the cassette type at three different 
X-ray beam qualities, namely, 60, 66, and 73 kV for pediatric 
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radiography. Their results indicated that the WS at a beam quality 
of 60 kV was lower than the other two beam  qualities with identi-
cal detector air kerma. Tsuda et al. (2014) investigated the useful-
ness of dose reduction using the DSR system for adult patients in 
general radiography. In their results, the radiographic noise of the 
DSR system indicated superior performance (lower WS value) 
compared to the SSR system under the identical incident detec-
tor air kerma. This is due to the thicker phosphor and collecting 
system from both front- and back- sides which results in larger 
X-ray absorption efficiency and better detection of the PSL. They 
also compared differences in pixel size (50 and 100 µm) of the 
DSR system for general radiography. Their results indicated 
that the WS for the DSR system with a pixel size of 100 µm was 
slightly higher than that with a pixel size of 50 µm and lower 
than that for the SSR system with an output pixel size of 100 µm. 
For mammography, Fetterly and Schueler (2003) compared the 
WS between the DSR and SSR systems for PSP plates of the 
high resolution type. Although both systems indicated the WS 
decreased as exposure increased, significant noise improvements 
were not observed in higher  exposure regions. A further increase 
of detector dose leads to no improvement of image noise due to 
the contribution of structure noise.

12.4.4  Noise Equivalent Quanta, Detective 
Quantum Efficiency

For measurements of NEQ and DQE for CR systems, digital 
characteristic curve, presampled MTF, and digital WS need to 
be acquired, as identified above. In addition, entrance air kerma 
per unit area is also needed to calculate the DQE.

The NEQ, which is the square of the output SNR, (S/N) out
2 , 

provides the equivalent number of quanta that contribute to an 
output image for a given noise level, assuming an ideal detector. 
The NEQ of the CR system is usually expressed by the following 
Equation 12.2:

 

NEQ

[(log ) ] /

=

=

(S/N)

e G presampled MTF /digital WS
out

p P P

2

10
2 2 2× × ∆

== presampled MTF digital WS/ E E
2

∆ /

 (12.2)

where Gp is the gradient of the digital characteristic curve, digital 
WSΔP/P and digital WSΔE/E are the WS in terms of pixel value and 
the relative X-ray intensity, respectively.

On the other hand, the DQE is defined as the ratio of the 
square of the output SNR, (S/N) out

2 , to the square of the input SNR, 
(S/N) in

2 . The DQE quantifies the information gathering capacity 
of the imaging system. Thus, the DQE is a metric of the uti-
lization  efficiency of the radiation dose in the image-formation 
process. The DQE is expressed by the following Equation 12.3:

 

DQE =
=

(S/N) /(S/N)

NEQ/q
out in
2 2

 (12.3)

where q is entrance air kerma per unit area.
There are some reports on the measurement of the NEQ and 

DQE for conventional CR systems as a function of dose (Tsai 
et al. 1989, Dobbins et al. 1995, Samei and Flynn 2002). These 
results indicate that the NEQ increases as detector dose increases, 
while DQE decreases (Figure 12.21).

Tsai et  al. (1989) compared the NEQ and DQE of an early 
Fuji CR system to those of a SF system. Samei and Flynn (2002) 
reported the DQEs of three manufacturers’ CR systems, study-
ing the effects of differences in pixel sizes, tube voltages, and 
measuring directions. Their results indicate that the DQEs in all 
systems decrease as pixel size increases due to the higher WS 
values. They indicated that the reasons for higher WS values for 
larger pixel sizes are due to the difference in scanning time, and 
to noise aliasing with reducing limiting frequency between large 
and small pixel sizes. On the other hand, different pixel sizes con-
tribute little to the presampled MTFs, because the over-sampling 
methodology to remove the effect of sampling was employed 
for measurement. DQE decreases as tube voltage is increased, 
especially at lower frequencies. These results were attributed to 
a slight elevation of NPS values at higher tube voltage. In many 
cases, different measuring directions depend on both the presa-
mpled MTF and the WS. Thus, DQE at each spatial frequency 
varies between the laser-beam scanning direction and the direc-
tion perpendicular to laser-beam scanning.

Fetterly and Schueler (2006) and Riccardi et al. (2007) com-
pared the DQEs of DSR and SSR systems for general radiogra-
phy. Fetterly and Schueler (2003) also evaluated the DQEs of the 
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DSR system to the SSR system for mammography. Their results 
consistently indicated that the DQE of DSR systems was higher 
than that of SSR systems, especially at lower spatial frequency, 
due to the improved efficiency of the light collecting system from 
the front- and back- sides of the PSP plate.

There are some reports on the improved efficiency of the 
thicker PSP layers of needle-based PSP plates. Rivetti et  al. 
(2010) indicated that DQEs of needle-based PSP plates with line-
scanning technology and powder-based PSP plate with point-
scanning technology for the DSR system were roughly twice as 
high as those of the powder-based PSP plates with point- scanning 
technology for the SSR system (Figure 12.22). Schaetzing et al. 
(2002) reported the DQEs of three systems, namely, a needle-
based PSP plate with line-scanning technology, a powder-based 
PSP plate with line-scanning technology, and a powder-based 
PSP plate with spot-scanning technology. In their results, the 
needle-based PSP plate with line-scanning technology indicated 
a better DQE performance compared to the other two systems. 
In addition, the DQEs of the needle-based PSP plates with line-
scanning technology between the scan ( direction of movement 
of the CCD) direction and the sub-scan (parallel to the CCD 
array) direction (Figure 12.8b) were compared. The DQE in 
the scan direction was lower than that in the sub-scan direction. 
Mackenzie and Honey (2007) reported similar results. Marshall 
et  al. (2012) reported the DQEs for three mammographic CR 
systems. The DQE of the needle-based PSP plate was higher 
than that of the powder-based PSP plate for the SSR system at all 
spatial frequencies. The DQE of the powder-based PSP plate for 
the DSR system was comparable to that of the needle-based PSP 
plate at lower spatial frequencies, but dropped rapidly at higher 
spatial frequencies. For the different target/filter combinations, 
the DQE of the Mo/Rh combination was slightly superior to that 
of the W/Rh combination due to the lower energy beam.

In the equation of NEQ, the gradient of the digital character-
istic curve and presampled MTF are dose-independent charac-
teristics for the CR system. Thus, NEQ depends primarily on 
the WS as a function of detector dose. The NEQ consistently 
improves with increased detector dose, until detector satura-
tion occurs. On the other hand, DQE decreases as detector dose 

increases. Note the resolution and noise characteristics included 
in the NEQ and DQE depend largely on the structure and thick-
ness of the PSP layer as well as the pixel size. The NEQ and 
DQE include the input/output relationship, resolution, and noise 
characteristics. Therefore, although the NEQ and DQE are usu-
ally used to compare CRs’ characteristics, they may not neces-
sarily represent an optimal image quality index because higher 
resolution or lower radiographic noise are different for each body 
part (e.g., for chest, abdominal, or bone radiographs, or for mam-
mograms). It is noted that the above-mentioned image qualities 
exclude the effects of image processing and image display. The 
next section introduces the detectability and visibility of CR 
systems, which includes the image processing technology and 
display device.
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five computed radiography (CR) systems from three manufacturers under 
exposure conditions of 10 µGy. Each line indicates (I) a powder-based 
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respectively. Note that thicknesses of the PSP layers are different for all 
systems. (Adapted from Figure 8(c) in Rivetti, S. et al. 2010. Med Phys 37, 
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12.4.5 Detectability

In order to provide high image quality, needed for diagnosis, it is 
also important to perform visual evaluations in conjunction with 
physical measures. This section introduces the detectability and/
or visibility of clinical images, anthropomorphic images, and 
simple phantom images for general radiography and mammog-
raphy in conventional and new CR systems.

12.4.5.1 General Radiography (Chest, 
Bone, Neonates, Portable)

There were some early reports on the comparison of CR sys-
tems and SF systems. For observer performance using simple 
test objects in early experimentation, Higashida et  al. (1998) 
investigated the detectability of low-contrast objects for general 
radiography. Dobbins et  al. (1992) and Launders and Cowen 
(1995) compared threshold perception for chest radiography. In 
an ROC study of bedside chest radiography, Kundel et al. (1997) 
compared three types of X-ray images, namely, a SF system, 
and hard- and soft-copy images of a CR system. Their results 
demonstrated that there are no significant differences among 
the  methods. For another report on chest radiography, Oda et al. 
(1996)  investigated  optimal tube voltage.

For chest radiographs using a needle-based PSP plate, 
Berger-Kulemann et  al. (2012) demonstrated that the needle-
based PSP plate can reduce the dose by 50% compared to 
the powder-based PSP plate for adult supine chest radiogra-
phy. Cohen et  al. (2011) indicated that the needle-based PSP 
plate allows a dose reduction of 20% compared to the powder-
based PSP plate for neonatal portable chest radiography. For 
bone radiographs, Gruber et al. (2011) indicate that the results 
for visibility of knee images using a needle-based PSP plate 
offers a dose reduction of approximately 25% compared with 
a powder-based PSP plate. For a contrast-detail study, Körner 
et al. (2006) compared the needle-based PSP plate with a line-
scanning technology to the powder-based PSP plate with a spot 
scanning technology using a contrast-detail (CD) phantom. 
Their results indicate that needle-based PSP plates are superior 
to powder-based PSP plates. For evaluation of the DSR system, 
Carlander et  al. (2008, 2010) reported on the clinical useful-
ness of the DSR system for premature neonates chest radiog-
raphy. Tagashira et al. (2008) demonstrated the usefulness of 
multi objective frequency processing for detection of simu-
lated lung abnormalities by ROC analysis in the DSR  system. 
Tsuda et  al. (2014) investigated low-contrast detectability for 
adult general radiographs using a CD phantom for the DSR 
system and indicated superior observer performance compared 
to the SSR system under four exposure conditions, although no 
 statistical differences were observed.

Recently, automated analysis of a CD phantom, which 
reduces inter- and intra-observer variability, was introduced 
as a  convenient alternative to observer performance tests. 
Figure  12.23 shows automated analysis contrast-detail curves 
for five CR  systems reported by Rivetti et al. (2010). The con-
trast-detail curve at the lower left of the graph provides superior 
threshold contrast. In their results, improved technologies such 
as needle-based PSP plates with line-scanning technology and 
powder-based PSP plate with the DSR system offered superior 

low-contrast performance compared to conventional powder-
based PSP plates with the SSR system.

12.4.5.2 Mammography

There were some early reports which compared CR and SF 
system performance in mammography. Higashida et  al. (1992) 
investigated the detectability of simulated microcalcifications for 
a CR system, which had a pixel size of 100 µm, with and without 
the unsharp masking technique by ROC analysis. Their results 
indicated that the unsharp masking technique was a slight 
improvement compared to the unprocessed technique, but was 
considerably lower in accuracy than the conventional SF system. 
Shaw et al. (1998) reported that the SF system indicated  superior 
observer performance in detection of small simulated microcal-
cifications. On the other hand, Brettle et al. (1994) concluded that 
the clinical performance of CR systems was comparable to SF 
systems. Cowen et al. (1997) also demonstrated that visibility of 
microcalcifications in CR systems, regardless of the limiting res-
olution property, was comparable to SF systems. Thus, the use of 
CR systems for application in mammography has been discussed 
for many years.

There were also some reports on detectability improvements 
for mammography. Ideguchi et al. (2004) compared the detect-
ability of simulated microcalcifications displayed on dry film 
between different pixel sizes: 50 µm with the DSR system and 
100 µm with the SSR system by an ROC analysis. Their results 
indicated that the detection for a pixel size of 50 µm was sig-
nificantly superior to that for a pixel size of 100 µm (p < 0.05). 
Rivetti et  al. (2009) investigated observer performance of 
 contrast-detail mammography (CDMAM) phantom images for 
a DSR system (displayed on dry film) in comparison with a SF 
system. They indicated that the CR  system had superior per-
formance in larger disk diameters compared to the SF system, 
but had inferior performance in smaller disk  diameters. They 
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FIGURE 12.23 Comparison of contrast-detail curves for five computed 
radiography (CR) systems under exposure conditions of 10 µGy. Each line 
indicates (I) a powder-based photostimulable phosphor (PSP) plate for a 
dual-side reading (DSR) system, both (II) and (III) CR systems combines 
both the needle-based PSP plate (needle-structured photostimulable phos-
phor technology) and the line-scanning technology, (IV) a powder-based 
PSP plate for a single-side reading (SSR) system, and (V) a powder-based 
PSP plate for a SSR system, respectively. Each line corresponds to that in 
Figure 12.22. (Adapted from Figure 9 in Rivetti, S. et al. 2010. Med Phys 37, 
440-448, partial modifications by authors.)
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also demonstrated that DSR system could reduce by 35% dose 
compared to standard dose. Yakabe et  al. (2010) investigated 
potential dose  reductions using a DSR system for detectability of 
simulated microcalcifications displayed on a 3-mega pixel LCD. 
They reported achieving a 50% dose reduction. Marshall et al. 
(2012) compared the threshold gold disk of CDMAM phantom 
images using an automatic analysis between a needle-based PSP 
plate with a SSR system and powder-based PSP plates with DSR 
and SSR  systems. They concluded that the performance of the 
threshold gold disk for the needle-based PSP plate was superior 
to the  powder-based PSP plates.

12.5 Summary

Digital imaging has progressed on a global scale with the rapid 
advancement of computer technology. The development of CR 
systems has brought about a considerable effect on diagnostic 
imaging over the last 30 years with the establishment of hospital 
information systems (HIS), radiology information systems (RIS), 
and picture archiving and communication systems (PACS). The 
image quality of CR systems has continued to improve. On the 
other hand, direct- and indirect-conversion type flat-panel detec-
tor (FPD) systems have been challenging CR systems since their 
development in the 1990s. SF systems, CR systems, and FPD 
systems coexist in clinical practice in the present day. However, 
digital imaging systems are becoming  increasingly dominant 
because of their convenience in terms of image preservation and 
transfer, the advantages of image- processing technology, and 
developments in high-quality medical-grade monitors for soft-
copy reading. Although there are some reports that the image 
quality of FPD systems is superior to that of the CR systems 
(Floyd et al. 2001, Rong et al. 2001, Ludwig et al. 2002, Bacher 
et  al. 2003, Rivetti et  al. 2006), the CR system has continued 
utility. Lightweight PSP plate cassettes can be used in a variety 
of rooms, for example in portable radiography, which has a broad 
utility. Also, CR is useful for performing full leg and full spine 
radiography using elongated cassettes, as previously mentioned. 
Thus, CR systems were repeated development of broad utility 
and high image quality, and are still used in clinical practice. 
Therefore, it is more important to constantly understand the 
characteristics of CR systems, compared to other FPD systems.

This chapter mainly introduces the characteristics of the CR 
system with a focus on image quality and detectability. Newer 
technologies, such as needle-based PSP plates, dual-side read-
ing systems, and line-scanning technology, result in higher 
image quality. The newer CR system provides excellent diag-
nostic capabilities coupled with advanced image-processing 
technology.
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13
Photon-Counting Detectors for X-ray Imaging

Michela Esposito

13.1 Introduction

From the first radiograph ever produced of Frau Röntgen’s hand 
(Röntgen 1896a,b) (see Section II, Chapter 17 of this book), to most 
of the X-ray detectors commonly used today in medical imaging, 
X-ray detection devices are based on energy integrating technolo-
gies (Yaffe and Rowlands 1997; Rowlands and Yorkston 2000; 
Russo 2004; Esposito et  al. 2011a; Esposito et  al. 2014). When 
energy integrating detectors (EIDs) are irradiated with polychro-
matic X-ray sources, they record a signal proportional to the sum 
of the energy of every photon, thus the information carried by the 
energy of individual photons is lost. In energy integrated images, 
high energy photons weigh more than low energy ones, the latter 
creating higher contrast between tissues, and Poisson noise from 
high energy photons is enhanced. Additionally, dark current and 
noise sources (electronic noise, Swank noise, etc.) are added to the 
signal (see Section I, Chapter 14 of this book). As a result, EIDs are 
limited in terms of signal-to-noise ratio (SNR) and dynamic range.

Photon-counting detectors (PCDs) have the potential to 
overcome these issues by processing incoming X-ray photons 

individually. By means of dedicated electronic circuits, based 
on the use of one or more detection thresholds, PCDs can pro-
cess the signal generated by individual photons, recording either 
deposited energy (spectroscopic systems) or an incremental 
count (simple photon counting systems). For the latter, each 
photon contributes with the same weight to the image forma-
tion, while, for the former, each photon can be weighted propor-
tionally to its energy, thus resulting in contrast enhancement. 
Additionally, an appropriate choice of detection thresholds for 
PCDs allows for full noise rejection, leading to higher SNR, 
allowing for long acquisition times, and resulting in an extended 
dynamic range.

The improvement in SNR from integrated imaging to simple 
photon counting has been shown for a mammographic phan-
tom in a prototype setup to be as high as 1.1 for high contrast 
details (breast tissue/calcifications) and 1.2 for low contrast 
details (breast tissue/adipose tissue) (Giersch et  al. 2004). For 
spectroscopic detectors, the use of energy weighting factors, 
such as weighting the contribution of each photon to the final 
image by an energy dependent factor (Tapiovaara and Wagner 
1985; Giersch et al. 2004; Karg et al. 2005), can lead to a further 
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improvement in SNR (an enhancement of a factor 1.2 and 1.4 for 
mammographic high and low contrast details, respectively) and 
has the potential to reduce dose (Giersch et al. 2004).

Nonetheless, it is of note that, for PCDs, the enhancement in 
SNR due to single quantum processing is strongly dependent on 
the assumption of having a PCD with a zero dead time,* as an 
increase in dead time would lead to a decrease in SNR (Alvarez 
2014). Additionally, PCDs can provide means to reject Compton 
events scattered at large angles (Pedersen et al. 1997), leading to 
a reduction in dose when compared to mammographic imaging 
systems using anti-scatter grids (Säbel and Aichinger 1996).

A further advantage of using PCDs for X-ray imaging, com-
pared to EIDs, is related to the different conversion and signal 
detection mechanisms these two technologies rely on.

In fact, most EIDs are indirect detection systems, where 
incoming radiation is converted into visible light by means of 
a scintillating material and, subsequently, the generated optical 
photons are detected by photodiodes in the pixelated detector. 
PCDs, in the majority of cases, work as direct detection systems, 
although some examples of PCDs coupled to scintillators do exist 
(Dierickx et al. 2016). Direct detection is a single-stage process, 
where incoming radiation generates electron-hole (e-h) pairs in 
the semiconductor detector volume, which are then collected at 
the detector electrodes. When comparing these two approaches 
to image formation, it is of note that scintillating materials 
require a higher energy for generation of optical photons than 
commonly used semiconductors for e-h pairs generation,† result-
ing in a weaker signal that, together with optical losses within 
the scintillator material and at the interface with the sensor, lead 
to a reduction in the achievable SNR. Furthermore, optical pho-
tons spread laterally as they cross the scintillator and the amount 
of spread depends on the depth of interaction, introducing an 
energy dependent blurring or loss of spatial resolution (Evans 
et al. 2002; Borasi et al. 2003; Monnin et al. 2005).

Spectroscopic capabilities in PCDs can also allow for new 
quantitative X-ray imaging modalities, such as K-edge X-ray 
imaging, where the dependence of X-ray attenuation on energy 
can lead to material identification (Roessl and Proksa 2007), 
K-edge imaging with simultaneous contrast media (Schlomka 
et al. 2008; Taguchi and Iwanczyk 2013), and molecular tomog-
raphy as a means for functional computed tomography (CT) 
imaging, by using heavy metal nanoparticles bound to targeted 
bio-molecules (Jaffer and Weissleder 2004; Hyafil et al. 2007).

In the last two decades, a number of PCDs have been devel-
oped for medical imaging applications and, although most of 
the PCDs currently available are benchtop experimental set ups, 
some PCDs have been commercialized (Åslund et al. 2007) or 
tested in the clinical environment (Iwanczyk et  al. 2009). The 
most common technological choice for photon counting imag-
ing is hybrid pixel detectors, although some other options are 
available including edge-on silicon strip detectors (Beuville et al. 
1998; Xu et  al. 2013a,b). The rest of the chapter will focus on 
the design choices, performance, and limitations of hybrid pixel 

* Dead time is defined as the minimum amount of time occurring between 
two events, in order for these events to be detected as separate events.

† For caesium iodide (CsI:Tl), a scintillator commonly used in X-ray imag-
ing, an energy of ∼20 eV is required to generate a single optical photon. 
For Silicon only, 3.6 eV are needed to generate an e-h pair.

detectors as PCD for X-ray imaging. Properties and limitations 
of semiconductor sensors for PCDs will be reviewed in Section 
13.2. The rationale behind electronics design for PCDs and a 
review of current designs will be presented in Section 13.3. An 
outlook for future developments and challenges related to PCDs 
will be discussed in Section 13.4.

13.1.1 From High Energy Physics to Medical Imaging

Hybrid pixel detectors were originally developed for High 
Energy Physics experiments, to provide two-dimensional posi-
tion sensitive detectors, i.e., pixelated detectors, for collider 
experiments. In fact, linear detectors, such as silicon strip detec-
tors, were limited by ambiguities in identifying event positions 
at high occupancy (Anzivino et  al. 1988). When using linear 
detectors, at least two orthogonal layers are necessary to identify 
the position in space where an event has occurred. The need for 
unambiguous event identification at high luminosity triggered 
the development of pixelated detectors, which required a com-
plete electronic chain in each pixel. The level of miniaturization 
required, together with the need to create an electronic contact 
between the semiconductor pixels and their own electronics, were 
the main technological challenges to be addressed in the devel-
opment of hybrid pixel detectors. The first hybrid pixel detector 
was developed at CERN (Conseil Européen pour la Recherche 
Nucléaire, Geneva, Switzerland) in 1991 by the RD19 collabo-
ration (Heijne et  al. 1988, 1994), to be used for High Energy 
Physics experiments (WA97 (Alexeev et al. 1995) and DELPHI 
(Becks et al. 1997) experiments). Between 1998 and 2006, four 
experiments (ATLAS, CMS, ALICE, and LHCb) were installed 
on the Large Hadron Collider at CERN, and had hybrid pixel 
detectors, totaling more than 100 million pixels (Delpierre 2014). 
The advantages of this detector technology, such as full noise 
rejection, high readout speed, high detection efficiency, and 
being capable of energy selection, made hybrid pixel detectors 
attractive for medical and biological applications. Consequently, 
a number of hybrid pixel detectors dedicated to X-ray imaging 
were developed.

13.1.2 Basic Principles of Photon Counting Detection

A photon counting hybrid pixel detector is a two-dimensional 
semiconductor array of pixelated anodes, which act as micro-
scopic sensitive elements, namely pixels. Each sensitive element 
is connected to its individual readout electronic chain, provided 
by an application-specific integrated circuit (ASIC). A hybrid 
pixel detector consists of two superimposed layers. The top layer 
is the detecting material or sensor, in which X-rays can interact 
and their interaction is detected. The bottom layer is the read-
out electronics, and defines the segmentation and pixel pitch of 
the PCD. Sensor material and readout electronics are processed 
on two different substrates, and are electrically connected via 
the so-called bump-bonding and flip-chip techniques, realized 
by placing a drop (with a diameter in the order of 10–20 µm) 
of solder material (e.g., In, PbSn, Au) between two metal pads 
attached to sensor and ASIC. Each pixel of a hybrid pixel detec-
tor needs individual bump-bonding. A cross-sectional view of 
a hybrid pixel detector is shown in Figure 13.1, comprising a 
pixelated semiconductor sensor and a readout ASIC (Medipix2 
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chip). Each pixel cell of the readout ASIC features a complete 
signal processing cell. The readout of the processed digital signal 
from each individual pixel is driven by dedicated circuits placed 
at the chip periphery. When radiation quanta deposit their energy 
in a semiconductor detector material, e-h pairs are created as 
a result of ionization. Free electrons and holes are separated in 
the detection material by an externally-applied electric field. As 
a result of this, charge carriers drift and diffuse towards their 
respective pixel electrode and possibly their neighbors. This 
electric signal, proportional to the number of electron-hole pairs 
generated in the sensor volume, is then processed by the pixel 
readout electronics.

13.2 Semiconductor Materials for PCDs

Hybrid pixel detectors for High Energy Physics experiments have 
traditionally relied on the use of Silicon (Si) as detection material, 
because of its relatively low mass (Z = 14), uniformity across 
large wafers, reliability, and cost. However, the low energy of 
diagnostic X-ray spectra (20–120 keV) represents a challenge for 
thin (300 mm–1 mm) Si sensors. For this reason, a range of both 
elemental and compound room-temperature semiconductors 
have been proposed as detecting media for hybrid pixel  detectors. 
These include, gallium arsenide (GaAs) (Hamann et  al. 2015), 

cadmium telluride (CdTe) (Seller et al. 2011; Koenig et al. 2012), 
cadmium zinc telluride (Wilson et al. 2007; Barber et al. 2015), 
high purity germanium (HPGe) (Pennicard et  al. 2013, 2014), 
and mercury iodide (HgI2) (Schieber et al. 1999; Liao et al. 2013).

Compound semiconductors in particular, first used in 1945 for 
the detection of alpha particles and X-rays with silver chloride 
(AgCl) crystals (Van Heerden and Milatz 1950), have the potential 
to be grown with properties, such as a high atomic number and 
a wide energy bandgap, to suit the specific application they are 
designed for. Nonetheless, growth of high performance compound 
semiconductors is still limited by difficulties in producing chemi-
cally pure and structurally perfect crystals (Del Sordo et al. 2009).

The main physical properties of elemental and compound 
semiconductors used in PCDs are listed in Table 13.1.

Image quality in X-ray imaging, and specifically detection 
quantum efficiency (DQE) (Dainty and Shaw 1974), largely 
depend on two parameters: intrinsic detection efficiency (DE) 
and charge collection efficiency (CCE). The former is a com-
bination of absorption efficiency and thickness of the material 
used as the detection medium. The latter is defined as the ratio 
between the effective amount of charge collected, per interac-
tion, at the readout electrodes and the amount of charge depos-
ited by the radiation quantum interacting in the detector sensitive 
volume. To maximize the DQE, both DE and CCE need to be as 
close as possible to 1.

Sensor chip (e.g., silicon) 

High resistivity n-type silicon 
p-type
silicon layer

Flip chip
bonding with
solder bumps 

Electronics chip Single pixel
read-out cell

Aluminum layer 

+

–

FIGURE 13.1 Cross-section of a hybrid pixel detector (Medipix2). A depleted semiconductor sensor is bump-bonded to a dedicated ASIC. The ASIC 
provides per-pixel circuits for signal discrimination and readout. (Reproduced with permission from Medipix collaboration; http://medipix.web.cern.ch.)

TABLE 13.1

Physical Properties of Elemental and Compound Semiconductors Used in PCDs

Material Si GaAs CdTe Cd0.9Zn0.1Te HPGe HgI2

Atomic numbers 14 31, 33 48, 52 48, 30, 52 32 80, 53

Density (g/cm3) 2.33 5.32 6.20 5.78 5.33 6.4

Bandgap Eg (eV) 1.12 1.43 1.44 1.57 0.67 2.13

Electron lifetime-mobility τe µe (cm2/Vs) >1 10−5 10−3 10−3–10−2 >1 10−4

Hole lifetime-mobility product τh µh (cm2/Vs) ∼1 10−6 10−4 10−5 >1 10−5

Ionization energy W (eV/e-h pairs) 3.62 4.2 4.43 4.6 2.96 4.2

Resistivity (Ωcm) 104 107 109 1010 50 1013

http://medipix.web.cern.ch
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Figure 13.2a shows the intrinsic DE for a number of semicon-
ductor materials of commonly used thicknesses at diagnostic 
energies (20–120 keV). For a 1-mm thick Si sensor, DE drops 
sharply for X-ray energies higher than 15 keV, with a DE of 40% 
at 25 keV (mammography) and below 5% at 80 keV (general 
radiology). High-Z semiconductors offer a much higher DE over 
the diagnostic range: all the high-Z materials reported in Figure 
13.2a have a DE close to 100% at 25 keV, while still offering a 
relatively high DE at higher energies (83% for CdTe, 30% for Ge, 
13% for GaAs at 80 keV), making them well suited in the whole 
diagnostic range.

In addition to their higher cross-section for photon absorp-
tion, high-Z sensors have the advantage of a low cross-section 
for Compton scattering in the diagnostic range. Figure 13.2b 
shows the cross-section for photoelectric effect and Compton 
scattering for CdTe and Si. For Si sensors, Compton scatter-
ing is the dominant mechanism of interaction from ∼56 keV, 
while, for CdTe sensors, the photoelectric effect is dominant 
up to ∼250 keV. The Compton effect is an incoherent scatter-
ing process between a photon crossing a medium and quasi-free* 
atomic electrons. Energy and momentum lost by the interacting 
photon is transferred to the electron, which is emitted at a given 
angle while the photon is scattered from its original trajectory. 
There is a maximum kinetic energy that can be transferred in 
a Compton collision (the so-called “Compton edge”), which 
corresponds to scattering events where the photon is backscat-
tered and the recoil electron is emitted in the direction of the 
impinging photon. Compton scatter events deteriorate both spec-
troscopic and imaging performance of the detection system. In 
fact, photons undergoing inelastic scattering will deposit a vari-
able amount of energy in the detector, leading to the creation 

* Atomic electrons are defined as quasi-free when, to a first approximation, 
their binding energies do not affect the interaction, and can be neglected 
in calculations.

of low energy tails (up to the Compton edge) in the measured 
spectrum. Additionally, Compton-scattered photons can undergo 
other interactions in the detector volume and be absorbed in a 
location different from where the initial interaction took place, 
resulting in decreased spatial resolution. Hence, high-Z detec-
tors, for which the photoelectric effect is the dominant process 
at diagnostic energies, have the potential to offer better spectro-
scopic and imaging performance.

13.2.1 Fluorescence

Although a high cross-section for photoelectric effect has advan-
tages in terms of imaging performance, fluorescence X-rays emit-
ted as a result of photoelectric effect can be a limiting factor for 
high-Z sensors. When an X-ray of energy hν undergoes the pho-
toelectric effect, the interacting photon is absorbed in the interac-
tion with the atom, which in turns emits an  electron with kinetic 
energy Ke = hν − Be, with Be being the binding energy of the 
atomic electron (see Section I, Chapter 1 of this book). However, 
when electrons are ejected from an atomic shell, a vacancy is cre-
ated within that atomic shell,  leaving the atom in an excited state. 
This triggers a readjustment of the electrons from other shells to 
fill the vacancy, leading either to the atom emitting one or more 
Auger electrons (non- radiative transition) or to the emission of 
characteristic fluorescence X-rays (radiative transition).

While Auger electrons can travel a very short path within the 
detector, fluorescence X-rays can have a much longer mean free 
path, resulting in considerable changes in the spatial distribution 
of the charge cloud, thus affecting spatial and spectroscopic per-
formance, especially for fine pixelated detectors. The probability 
of non-radiative transition, with emission of Auger electrons, is 
high for low-Z materials and decreases with atomic number Z. 
At Z ≈ 30, the probability of radiative and non-radiative tran-
sition is almost equal. The probability of emitting fluorescence 
photons per K-shell vacancy, namely the K-fluorescence yield, is 
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FIGURE 13.2 (a) Detection efficiency (DE) for a number of semiconductor materials of commonly used thicknesses. (Reproduced with permission 
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shown in Figure 13.3 as a function of the atomic number, calcu-
lated by means of an empirical formula proposed by Hagedoorn 
and Wapstra (1960). K-fluorescence yield values, for some of the 
semiconductors commonly employed in PCDs, are reported in 
Figure 13.3. While Si has a moderate K-fluorescence yield (4%), 
high-Z materials are strongly affected by fluorescence emis-
sion. Fluorescence yield is above 50% for GaAs and above 80% 
for CdTe. An additional parameter to consider when evaluating 
the effect of fluorescence X-rays in hybrid pixel detectors is the 
energy of the emitted photons.

Fluorescence photons are emitted with an energy correspond-
ing to the difference between the outer and the inner atomic 
shells interested by the readjustment of the atomic electrons, as 
a consequence of a photon interacting via photoelectric effect. 
For high-Z materials, this energy difference, and thus the energy 
of the fluorescence X-rays, is relatively high (∼10 keV for Ga 
and As, ∼23 keV for Cd and ∼27 keV for Te), compared to just 
1.7 keV for Si. The relatively high energy of these characteristic 
X-rays results in a long mean free path: (∼40 µm for Ga, ∼50 µm 
for As, ∼110 µm for Cd, and ∼60 µm for Te) (Tlustos 2005). 
Mean free paths for fluorescence X-rays in high-Z materials are 
comparable to commonly used pixel pitches (∼50 µm), result-
ing in an appreciable deterioration of spatial and spectroscopic 
imaging properties of PCDs.

13.2.2 Charge Trapping

Another significant effect limiting the performance of high-
Z semiconductors in PCDs is charge trapping. Semiconductor 
defects can temporally trap electrons and holes as they drift 
towards the electrodes, resulting in a reduction of CCE. Charge 
trapping also entails that X-rays interacting at different depths 
in the sensor produce a different amount of induced charge, due 
to the different fraction of charge trapped along the path to the 
electrodes.

High-Z semiconductors are largely affected by charge trap-
ping, with a lifetime for both electrons and holes several orders 
of magnitude lower than Si. However, charge trapping also 
depends on the time needed for charge to be collected, and 
effectively the parameter that governs CCE is the mobility-
lifetime product µτ. Values of mobility-lifetime product for 
several elemental and compound semiconductors are reported 
in Table 13.1.

For a planar detector of thickness, T, subject to a uniform 
electric field, E, and neglecting charge de-trapping, CCE, as the 
ratio between the collected charge, Q, and the photo-generate 
charge, Q0, is given by the Hecht equation (Hecht 1932; Knoll 
2010, p.480)
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where λe = µe τeE and λh = µh τhE are the mean drift lengths for 
electrons and holes, respectively, and x is the interaction position, 
that is, the point in space where charge deposition occurs. Values 
of CCE for Si, CdTe, and GaAs are shown in Figure 13.4 as a 
function of the normalized interaction position, x. Typical values 
of detector thickness, T, and electric field, E, were used: a sensor 
thickness of 1 mm and an electric field of 3000 V/cm were used for 
Si and CdTe, while a thickness of 0.5 mm and an electric field of 
6000 V/cm were assumed for GaAs. While Si shows a CCE very 
close to 100% with a mean drift length λe ∼ λh ∼ 3 × 103 cm, 
CdTe (λe ∼ 3 cm, λh ∼ 0.3 cm) has a CCE close to 100% for 
charge deposited near the collection electrodes (x = 0) which then 
decreases to ∼85% for x = T. Among the materials compared 
in Figure 13.4, GaAs shows the lowest CCE, ranging between 
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FIGURE 13.3 K-fluorescence yield as a function of the atomic number Z 
calculated by means of an empirical formula proposed by Hagedoorn and 
Wapstra (1960). Values for some semiconductors used in hybrid pixel detec-
tors are also reported.
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∼70% and ∼15%, with a mean drift path of λe ∼ 0.06 cm and 
λh ∼ 0.006 cm for electron and holes, respectively.

Strategies to mitigate charge trapping by shortening the time 
needed for full charge collection include reducing the sensor 
thickness (which also results in a reduction of the DE), increas-
ing the electric field within the sensor, and using semiconductors 
with high charge mobility (Pennicard et al. 2011). Pixel geometry 
also has the potential to mitigate the effects of charge trapping. In 
fact, when pixels are small compared to the sensor thickness, the 
weighting field that surrounds small pixels, conceptualized by 
the Shockley-Ramo theorem (Shockley 1938; Ramo 1939), is of 
considerable magnitude only close to the pixel electrodes. Thus, 
charge carriers will induce a significant signal to the electrodes 
when they are in close proximity. In a sensor irradiated from 
the cathode, the signal will be generated only in the first few 
hundred micrometers, far from the pixel anodes. If a material 
has much lower electron trapping, which is the case in Cd(Zn)Te 
for example, the holes will drift to the cathode without inducing 
a significant signal at the anodic electrodes. Therefore, the signal 
will be almost exclusively induced by the electrons, effectively 
overcoming limitations arising from charge trapping in high-Z 
semiconductors. In addition to mitigating charge trapping, small 
pixel detectors also will have a fast signal rise-time, allowing for 
a fast-analog readout without ballistic deficit effects.* This effect 
is referred to as the “small pixel effect” (Sellin 1999; Wilson et al. 
2007). However, while small pixels are desirable to mitigate a 
charge trapping mechanism, there is a trade-off between advan-
tages related to the small pixel effect and disadvantages related 
to charge sharing in fine pixelated detectors (see Section 13.3.3).

13.2.3 Polarization

Polarization is a phenomenon occurring in semiconductor detec-
tors leading to a time-dependent decrease in CCE, affecting 
both pulse height spectrum and count rate (Siffert et  al. 1976; 
Szeles et al. 2007). It is thought to be related to trapping and re-
trapping of the charge carrier, which produces alterations in the 
space-charge distribution and in the electric field profile across 
the detector (Malm and Martini 1974; Siffert et al. 1976; Niraula 
et al. 2002). It has, however, been reported that, with operation at 
high bias voltage and low temperature, it is possible to mitigate 
polarization effects (Niraula et al. 2002).

13.2.4 Technological Limitations

High-Z semiconductor materials, offering a high DE in the diag-
nostic energy range, could be the detector of choice for PCDs 
in medical imaging. However, several technological limitations 
represent a bottleneck in the development of large area and high 
count rate high-Z PCDs. Single crystals CdTe wafers are cur-
rently limited to 3′ wafers for a 1-mm thickness, and also suffer 
from poor uniformity due to tellurium inclusions and disloca-
tions, and require a low temperature bump-bonding process 
(Szeles 2004). CdZnTe, despite offering a resistivity of one or 
two orders of magnitude higher than CdTe, thus a much reduced 
leakage current and a lower degree of polarization compared to 

* Ballistic deficit refers to the loss of signal amplitude at the shaper output, 
produced by incomplete integration of the signal.

CdTe (Del Sordo et al. 2009), is still limited by the presence of 
extended defects (including secondary phases, sub-grain bound-
aries, dislocations). This leads to degradation in charge transport 
properties and uniformity of response, resulting in a decreased 
energy and spatial resolution (Parker et  al. 1999; Bolotnikov 
et al. 2007; Hossain et al. 2010).

GaAs has the advantage of delivering a low leakage current, 
because of its high bandgap energy, but it is significantly affected 
by a high concentration of defects leading to charge trapping and, 
consequently, to a reduction of the CCE (Ayzenshtat et al. 2001) 
(see Figure 13.4). Ge, conversely, can be produced in high purity 
crystals, but its operation requires cooling (∼−70°C) to limit 
leakage current due to the low bandgap energy. Additionally, 
pixilation and bump-bonding are procedures not fully developed 
for Ge sensors (Pennicard et al. 2013, 2014).

13.3 ASIC Design

13.3.1 General Principles for ASIC Designs

Although a number of different ASIC circuits exist for pixel 
readout of PCDs, some basic design principles can be high-
lighted. A schematic diagram of a typical pixel cell for a hybrid 
pixel detector is shown in Figure 13.5. The sgnal collected at 
the pixel anode is amplified by a charge sensitive preampli-
fier. The amplified signal reaches a shaper which shapes the 
signal with a given time constant and also works as a low-
pass filter, to improve SNR. N adjustable discriminators and 
N counters are provided for signal discrimination. When the 
shaped signal exceeds the discriminator threshold, the relevant 
counter is increased by one. This information is stored in the 
digital section of the pixel cell until it is readout by the off-chip 
readout electronics. The number of counts in a given energy 
window, defined by the values of two consecutive discrimina-
tor thresholds, is obtained by subtraction of the counts regis-
tered by the two discriminators. If a double threshold is used 
per each energy window, such as a high and low threshold, the 
achievable energy windows are N/2, with N being the number 
of discriminators. Conversely, if only a low threshold is used 
for each energy bin, the achievable number of energy windows 
is N. In addition to global threshold values, a per-pixel fine 
tuning of thresholds is generally implemented by means of in-
pixel  digital-to-analog-converters (DACs), in order to minimize 
pixel-to-pixel variations, due to mismatches and non- uniformity 
in the  manufacture process. The use of N thresholds is the most 
common choice and usually the fastest approach to energy dis-
crimination. A different approach to spectroscopic imaging 
with PCDs is provided by Time-over-Threshold (ToT) measure-
ments, which relies on the proportionality between energy and 
width of the amplified pulse. This architecture, implemented 
in the Timepix (Llopart et al. 2007), Timepix3 (Poikela et al. 
2014), and Dosepix (Zang et al. 2015) detectors, will be further 
discussed in Section 13.4.3.

13.3.2 Dead Time and Pile-Up

Pulse pile-up represents a serious limitation for PCDs in the 
high flux conditions (109 photons mm−2 s−1) required for X-ray 
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imaging (Taguchi et al. 2011; Roessl et al. 2016). Given that pulse 
processing requires a finite time to be completed, pulse pile-up 
occurs when a second photon is detected in a pixel while the 
signal from the first photon is being processed. Depending on 
the time at which the second photon is detected with respect to 
the first one, peak pile-up or tail pile-up events can occur.

For a peak pile-up event, two photons are detected in quasi-
coincidence, resulting in a single event been detected at a higher 
energy. When the second detected photon arrives on the tail of 
the preceding pulse (tail pile-up), it will distort the shape of the 
pulse, recording a lower energy in the case of bipolar-shaped 
pulses and higher energy for unipolar-shaped pulses (Wielopolski 
and Gardner 1976). Effectively, both peak pile-up and tail pile-up 
result in loss of counts (known as dead time losses), a deviation 
from the linear behavior for count rate, and deteriorated spectro-
scopic performance (Frojdh et al. 2014). Two analytical models 

have been proposed to describe the dead time losses based on the 
pulse processing electronics used, referred to as paralyzable and 
non-paralyzable models (Knoll 2010, p.119).

Response of so-called paralyzable and non-paralyzable 
 systems to pile-up events are show in Figure 13.6a. Each of these 
two systems has a characteristic dead time (τ), due to the amount 
of time needed for the electronics to process the detected pulse. 
Given a certain arrival time of incoming photons (shown in the 
top inset of Figure 13.6a), events occurring in the dead time of 
the previous event are not accounted for in paralyzable systems 
(middle inset of Figure 13.6a), and the dead time is extended by 
kτ, with k being the number of events occurring in the dead time 
of the first detected pulse. Non-paralyzable systems, on the other 
hand, still disregard pile-up events, but are not affected by these 
in terms of dead time (bottom inset of Figure 13.6a). For both 
systems, however, pile-up events produce dead time losses. In the 
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example of Figure 13.6a, only half of the events interacting in 
the detector can be detected by the two systems. Following from 
this model, dead time losses can be modeled as a function of 
the true event rate, n, and detector characteristic dead time, τ 
(Wielopolski and Gardner 1976; Yu and Fessler 2000; Knoll 
2010, p. 119). The detected count rate, m, for a non-paralyzable 
system can be written as m = (n/(nτ + 1)), while this quantity 
becomes m = ne−nτ for paralyzable systems. Detected count 
rates as a function of the true event rate, in the case of paralyz-
able and non-paralyzable systems, are displayed in Figure 13.6b 
for a dead time, τ = 600 ns, and also compared with the behavior 
of an ideal system with zero dead time. For very low values of the 
true event rate, small differences are visible among the three sys-
tems, but, as the true event rate increases, both paralyzable and 
non-paralyzable systems show a dead time loss, with an under-
estimate of the event rate. Non-paralyzable systems approach an 
asymptotic value for true event rate, n = 1/τ, at which the detec-
tor just finishes one dead period, due to an event detection, before 
the next dead period starts. For paralyzable systems, on the other 
hand, the detected count rate increases up to a certain maximum 
and then decreases, due to the multiple extensions of the dead 
time following an initially detected event. Techniques to correct 
for dead time losses, both hardware and software-implemented, 
have been developed (Upp et al. 2001; Westphal 2008).

The dead time of a readout chain is strictly linked to the so-
called peaking time, that is the time needed for a shaped sig-
nal to go from baseline to peak, which in turn depends on the 
timing constant of the shaper and the charge carrier drift time. 
Assuming a symmetrical shape for the shaper output, the theo-
retical minimum dead time (τ) is twice the peaking time; how-
ever, this value tends to be larger in practice. A simple strategy to 
reduce dead time and, thus, increase the efficiency of the detector 
at high fluxes, is reducing the peaking time. However, peaking 
time cannot be reduced arbitrarily. In fact, peaking time should 
include the time required to collect all the charge generated by 
ionization of primary and secondary X-rays, including fluores-
cence X-rays. Another simple approach to reduce the dead time 
is reducing the pixel size, as every pixel will be exposed to a 
reduced event rate. However, this approach could easily lead 
to degradation of the spectroscopic performance due to charge 
sharing (see Section 13.3.3) (Ballabriga et al. 2016).

Other options to increase the counting efficiency at high fluxes 
include specific ASIC design solutions. The Pilatus3 ASIC 
(see Section 13.4.6) features an instant retriggering technology 
(Loeliger et  al. 2012), developed to overcome the dead time 
losses due to paralyzation observed in its predecessor Pilatus2 
(Trueb et al. 2012). The instant retriggering scheme implements 
the idea of overcoming paralyzation due to pile-up by retroac-
tively partitioning the pulse into ideal single photon pulses. A 
more detailed description of this architecture can be found in 
Section 13.4.6. It is of note, however, that the instant retriggering 
scheme is applicable to monochromatic sources only (synchro-
tron sources), as it requires a fixed time interval for resampling 
(or dead time), which is given by the width of a single monochro-
matic photon pulse.

A different approach to overcome paralyzation due to high 
fluxes is related to the combined use of low and high thresholds 
(Kraft et  al. 2012), based on the observation that high fluxes 
paralyze high level threshold. The method involves combining 

information from conventional thresholds with measurements 
from a last threshold placed at an energy higher than the end-
point of the X-ray spectrum, which will paralyze only at very 
high count rates. This approach has the advantage of providing 
full resolution spectroscopic data in low flux regions and count 
rate information for high fluxes. A further solution, based on the 
use of clocked discriminators (Gustavsson et al. 2012), was pro-
posed for use in edge-on silicon strip detectors (Liu et al. 2015). 
After detection of a hit by a low threshold, the system is sam-
pled every clock cycle for a certain amount of time. If the signal 
exceeds any threshold, a digital register is set and the counter 
corresponding to the highest threshold exceeded is recorded. 
Following reset, the system is ready to accept a new pulse. This 
architecture effectively works as a peak finder. When high fluxes 
are expected, once the peak of the first incoming photon has 
been found, the shaper can act as a filter and reset its own signal 
to the baseline so that there is no reminiscence of the previous 
events, and successive events can be detected within a single 
readout cycle. The dead time in this case is given by the number 
of system clocks occurring between event detection and pulse 
reset, proportionally to the height of the shaped pulse and, thus, 
detected energy. This pixel architecture, effectively, makes the 
system non-paralyzable, with a reduced dead time compared to 
conventional architectures: a 60-ns dead time has been reported 
with a 40-ns peaking time (Gustavsson et al. 2012).

13.3.3 Charge Sharing

As X-rays interact in the semiconductor volume, a charge cloud is 
generated and drifts towards the collection electrodes in the elec-
tric field produced by the applied voltage. As the charge cloud 
migrates, it increases its size due to diffusion and effects of the 
Coulomb force. When a photon interacts closer to the edges of a 
pixel, charge can be split (shared) across multiple adjacent pix-
els, each of which detects a signal lower than the original one. 
In addition to diffusion, other physical effects contributing to 
charge sharing are: range of primary and secondary particles, 
fluorescence X-rays, and bremsstrahlung radiation. Although 
charge sharing can be an advantage for particle detection, as it 
can improve spatial resolution (Esposito et al. 2011b,c) and allow 
for tracking and particle identification (Bouchami et  al. 2011; 
Urbar et al. 2011; Gwosch et al. 2013), in the field of X-ray imag-
ing, charge sharing has been shown to produce a degradation in 
energy resolution (Norlin et al. 2006; Ponchut 2008; Russo et al. 
2009), and it has been considered a limiting factor in develop-
ing energy sensitive X-ray imaging detectors with high spatial 
resolution (Nilsson et al. 2007; Marchal et al. 2010). Several off-
line correction schemes have been proposed to mitigate the effect 
of charge sharing (McMullan et  al. 2007; Nilsson et  al. 2007; 
Jakubek et al. 2008a; Esposito et al. 2011b,c). Hardware imple-
mentations of charge sharing correction algorithms are also avail-
able, and they are based on charge summation schemes, which 
are able to perform summation of charge spread across adjacent 
pixels. A charge summation scheme was implemented for the 
first time in the Medipix3 chip (Ballabriga et al. 2011), and sub-
sequently implemented for the PIXIEIII (Bellazzini et al. 2015), 
X-Counter PC (Ullberg et al. 2013), and the AGH_Fermilab (Maj 
et al. 2015) detectors. The charge summation pixel architecture 
of Medipix3 will be further discussed in Section 13.4.4.



247Photon-Counting Detectors for X-ray Imaging

13.4  Review of Hybrid Pixel Detectors 
for Photon Counting Imaging

A review of some hybrid pixel detectors for photon count-
ing X-ray imaging is provided in this Section. This list should 
not be considered exhaustive, as the purpose of this review is 
to  highlight  challenges, design solutions, and, ultimately, the 
technological development path, which can lead to achieve a 
clinically usable photon counting imaging system. For a more 
comprehensive list of the PCDs available, the reader is referred 
to Table 13.2.

13.4.1 Medipix1

The first Medipix collaboration (Medipix1) was established in 
1997 between CERN, the University of Glasgow, the University 
of Freiburg, and the University and Istituto Nazionale di Fisica 
Nucleare (INFN) of Naples and Pisa, to develop the first hybrid 
pixel detector dedicated to medical imaging. The resulting cir-
cuit was a small prototype detector consisting of 64 × 64 pix-
els with a 170 µm pitch. Each pixel was equipped with a single 
discriminator for energy thresholding with a 3-bit adjustment 
threshold, and a 15-bit counter (Campbell et al. 1998). The chip 
was read out by a custom I/O interface (MUROS-1) (Bardelloni 
et  al. 2000). Several proofs of concept for use in medical and 

biological applications were provided by assembling the 
Medipix1 circuit on both GaAs (Schwarz et al. 1999; Abate et al. 
2001; Amendolia et al. 2001) and Si sensors (Fornaini et al. 2001; 
Ponchut et al. 2002; Tlustos et al. 2003).

13.4.2 Medipix2

Following the successful proof of concept of Medipix1, the 
Medipix2 collaboration was formed in 1999 to build a high 
contrast and high resolution PCD for medical imaging. The 
Medipix2 chip was built on a 256 × 256-pixel matrix with a 
55 µm pitch. Benefiting from the fast progress in Complementary 
Metal-Oxide Semiconductor (CMOS) technology, which made it 
possible to achieve enhanced pixel functionalities together with a 
smaller feature size, the Medipix2 chip, fabricated using the IBM 
0.25 µm technology, was able to incorporate a more complex 
electronic chain in a smaller pixel cell, compared to its predeces-
sor (Llopart et al. 2002). A schematic diagram of the Medipix2 
pixel cell is shown in Figure 13.7.

The first stage of the pixel cell is a charge preamplifier, which 
integrates the signal generated in the bump-bonded sensor by 
interacting X-rays. The resulting voltage is then compared with 
two thresholds, whose value is set at the circuit periphery by 
two 10-bit DACs. The two thresholds can be further adjusted 
pixel-by-pixel by using two in-pixel 3-bit adjustment DACs, to 
minimize pixel-to-pixel variations due transistor mismatches 

TABLE 13.2

Detector Specification Comparison for a Number of PCDs

ASIC Reference Pixel Pitch (µm) Matrix
No. of 

Thresholds
Tile-Up Capability 

(No. of Sides)
Noise

(e− rms)
Count Rate 

(Mcps/Pixel)

Medipix1 Campbell et al. (1998) 170  64 × 64 1 NA 170 2

Medipix2 Llopart et al. (2002) 55 256 × 256 2 3 140 1

Medipix3 (SPM) Ballabriga et al. (2007) 55 (110)a 256 × 256 2 3 80 2.5

Medipix3 (CSM) Ballabriga et al. (2007) 55 (110)a 256 × 256 2 3 174 0.5

Timepix Llopart et al. (2007) 55 256 × 256 ToT 3 75 1

Timepix3 Poikela et al. (2014) 55 256 × 256 ToT 3 62 10−3

PIXIE II Bellazzini et al. (2013) 60 512 × 476 2 2 50 0.5

PIXIE III Bellazzini et al. (2015) 62 512 × 402 2 2 50 (SPM)
100 (CSM)

1

Pilatus I Brönnimann et al. (2003) 217  44 × 78 1 3 75 NA

Pilatus II Kraft et al. (2009) 172  60 × 90 1 3 123 4

Pilatus III Loeliger et al. (2012) 172  60 × 90 1 3 123 12

XPAD1 Pangaud et al. (2010) 330  25 × 24 1 3 350 1.5

XPAD2 Pangaud et al. (2007) 330  25 × 24 1 3 350 1

XPAD3 Pangaud et al. (2008) 130  80 × 120 1 3 174 2

Eiger Radicci et al. (2012) 75 256 × 256 1 3 160 4.2

SiemensPCb Kappler et al. (2010) 64 225 2 NA NA 40

SamsungPC Kim et al. (2012) 60 128 × 128 3 0 50 NA

AGH Fermilab Maj et al. (2015) 100  18 × 24 2 0 84 (SPM)
168 (CSM)

NA

Philips Chromaix Steadman (2010) 300  16 × 16 4 2 400 38

Hexitec Jones et al. (2009) 80 250 × 250 NAc 3 NA 10−3

Note: SPM, single pixel mode; CSM, charge summing mode; ToT, working in time over threshold.
a Possibility of binning 2× binning for increased spectroscopic performance.
b Edge-on silicon strip sensors.
c Digitalization of pulse amplitude is conducted off-chip.
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arising from manufacturing processes. If the collected signal 
falls between those two thresholds, a pulse is sent to a double 
discrimination logic. The chip is driven by an enabling signal, 
referred to as a “shutter” in Figure 13.7. If the shutter signal is 
active, the pulse produced by the double discrimination logic 
increments the clock of a 13-bit pseudo-random counter by one. 
If the shutter signal is low, the pseudo-random counter works as 
a shift register and all the pixels in one column are connected 
for readout. The front end electronics were designed to collect 
either electrons or holes, so that sensors collecting holes, such as 
CdTe or CdZnTe (Chmeissani and Mikulec 2001; Pellegrini et al. 
2006; Pennicard et al. 2014), could be read out by this chip in 
addition to electron collecting sensors (e.g., Si, GaAs) (Schwarz 
et al. 1999; Llopart et al. 2002; Mikulec et al. 2003; Campbell 
2011). The minimum detection threshold was reported to be as 
low as ∼1000 e− for both hole and electron collection (Llopart 
and Campbell 2003). With a maximum readout frequency of 
200 MHz, this chip produced a power consumption in the order 
of 500 mW, with a supply voltage of 2.2.V. (Llopart et al. 2002).

Several readout interfaces were developed, based on a num-
ber of technologies including: commercial PCI cards (San 
Segundo  Bello et  al. 2003; Mettivier et  al. 2006), USB inter-
face (Holy  et  al. 2006; Vykydal et  al. 2006), parallel readout 
(Maiorino et  al. 2006; Ponchut et  al. 2007), Gigabit optical 
links (Fanti et al. 2007), and Low Voltage Differential Signaling 
(LVDS) drivers (Vykydal et al. 2008).

The Medipix2 chip, as a fine pixelated detector, is affected by 
charge sharing, that is charge spread across adjacent pixels (see 
Section 13.3.3). Several studies have been conducted to model 
the effect of charge sharing in the Medipix2 chip when bonded 
to Si sensors (Quarati et al. 2005; Norlin et al. 2006) or CdTe 
sensors (Pellegrini et al. 2006, 2007). Charge sharing is expected 
to deteriorate imaging performance in terms of SNR, MTF 
(Modulation Transfer Function), and DQE (Bisogni et al. 2003; 
Bartl et al. 2008). Nevertheless, it is possible to limit charge shar-
ing by increasing the low threshold value of the Medipix2 chip, 
resulting in improved imaging performance (Michel et al. 2006; 

Durst et al. 2007). Although raising the discrimination threshold 
allows improvement in imaging performance, this would result in 
decreased detection efficiency, thus increased dose to the patient 
(Chmeissani and Mikulec 2001). Limitations in imaging perfor-
mance arising from charge sharing, as well as the availability 
of algorithms for suppression of charge sharing (Nilsson et  al. 
2006; Ponchut 2008), triggered the development of the Medipix3 
chip (see Section 13.4.4).

Although the Medipix2 detector was developed as a counting 
detector, the combined use of low and high discrimination thresh-
old allows for energy discriminating imaging with a narrow 
discrimination window (1.4 keV) (Tlustos et  al. 2006). Energy 
windowing has the potential to improve SNR (Rosso et al. 2007) 
and allows for energy weighting (Karg et al. 2005; Butler et al. 
2008) and spectral imaging (Butler et al. 2008). Due to the lim-
ited imaging area of the Medipix2 detector (1.4 cm × 1.4 cm), 
X-ray imaging applications of this detector are restricted to 
small animal imaging (Belcari et al. 2007). Alternatively, they 
require mosaic-tiling of either sensors (Blanchot et al. 2006) or 
of images, acquired with detectors stepping across the sample 
(Bellazzini et  al. 2013). In the clinical field, a prototype large 
area mammographic system (25 cm × 19 cm) was developed 
by tiling a number of Medipix2 sensors. This imaging system 
showed a significantly higher MTF when compared to conven-
tional mammography detectors (Blanchot et al. 2006).

13.4.3 Timepix

Within the Medipix2 collaboration, a new sensor (Timepix) 
was designed in 2005 and produced in 2008 (Llopart et  al. 
2007; Campbell 2011) to offer time of arrival measurements 
when combined with gaseous detectors (van der Graaf 2007). 
However, it appeared evident in the design phase that the time 
measurement capabilities could be used for direct spectroscopic 
measurements when the chip was bonded to a semiconductor 
sensor. The Timepix chip features the same number of pixels 
and pixel pitch as Medipix2. A schematic of the Timepix pixel 
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readout is shown in Figure 13.8a. Each pixel is provided with an 
analog section with a charge sensitive preamplifier and a single 
threshold discriminator, and a digital section with a time-based 
synchronization logic and a 14-bit counter with overflow control 
logic. An external reference clock, diffused on the whole matrix 
in less than 50 ns, is used to generate the clock signal that incre-
ments the in-pixel counter.

Each pixel can work in one of three different modes. Counting 
mode: the number of incoming X-rays is counted, similarly to 
Medipix2; Arrival time mode: the counter works as timer and 
measures the X-ray arrival time; Time-over-Threshold (ToT) 
mode: the counter works as Wilkinson-type analog-to-digital 
converter (ADC), allowing direct energy measurements in each 
pixel. Figure 13.8b shows the ToT mode. If the preamplifier gen-
erates a signal above the discrimination threshold (triangles), the 
discriminator produces a logic signal during the time the signal 
is above the threshold. The counter records a hit for each clock 
during the time when the discriminator output is high (black 
squares). Since the preamplifier signal height is related to the 
amount of collected charge and its width is related to the height 
by the characteristic time of the signal shaper, a longer signal at 
the output of the preamplifier corresponds to a large amount of 

collected charge. Practically, in ToT mode, Timepix is able to 
measure the amount of charge deposited in the sensor by measur-
ing the length of the preamplifier pulse. Timepix has the same 
dimensions, readout architecture, and floor plan as Medipix2, 
allowing almost full backward compatibility with all the exist-
ing Medipix2 readout systems. The total power consumption is 
comparable with Medipix2 (∼425 mW), with a supply voltage 
of 2.2 V. The noise is ∼100 e− rms, and the minimum detect-
able signal is ∼650 e− (Tlustos 2005). For PCDs based on dis-
crimination thresholds (e.g., Medipix2), the minimum dead time 
achievable is estimated to be twice the peaking time (see Section 
13.3.2). For ToT PCDs, dead time can be significantly higher, as 
preamplifier output signals are required to return to the base-
line for ToT measurements. ToT PCDs are intrinsically limited 
in terms of their capability to deal with high flux applications.

Several calibration procedures have been proposed for energy 
calibration of ToT measurements (Jakubek 2009, 2011; Ponchut 
et  al. 2013; Schioppa et  al. 2014). The relation between ToT 
and energy is non-linear and largely affected by pixel-by-pixel 
variations and mismatches, requiring a per-pixel calibration, and 
charge sharing correction. Regardless of the practical complica-
tions of this procedure, excellent spectroscopic capabilities have 
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been reported for Timepix with an energy resolution (rms) of 5% 
at 60 keV (Jakůbek et al. 2009) and 0.6% at 5.5 MeV (Jakubek 
et al. 2008a,b) when bonded to Si sensors, and 10.6% at 27 keV 
and 3.9% at 77 keV (Maneuski et  al. 2012) when bonded to a 
CdTe sensor. Although the capability of spectroscopic imaging 
(Dudak et al. 2015) and material discrimination (Jakubek 2009) 
has been demonstrated for Timepix, the major drawbacks arising 
from the relatively high dead time have limited its applicabil-
ity to X-ray imaging. A newer version, Timepix3 (Poikela et al. 
2014), has been designed to provide more accurate timing infor-
mation and is focused on particle tracking applications in High 
Energy Physics experiments.

13.4.4 Medipix3

Fine pixelated detectors are affected and strongly limited in their 
imaging and spectroscopic performance by charge sharing. To 
address this, the Medipix3 collaboration was formed in 2005 to 
develop a fine pitch hybrid pixel detector with inter-pixel com-
munication to mitigate the effect of charge sharing at the pixel 
level.

The Medipix3 chip was designed as a fine pixelated matrix 
(256 × 256 pixels with a 55 µm pitch) (Ballabriga et  al. 2007, 
2011, 2013) using a commercial 0.13 µm CMOS process. It can 
be configured to work in fine pitch mode, where each 55 µm pixel 
is read out by the corresponding pixel element of the ASIC, or 
in spectroscopic mode, where four pixels are binned. In spec-
troscopic mode, four pixels in the semiconductor sensor array 
are connected to only one ASIC pixel, effectively increasing the 
pixel pitch to 110 µm. With this modality, up to eight thresholds 
and eight counters are available for each 110 µm pixel, leading to 
improved capabilities in energy selection and reduction of dead 
time, respectively.

The Medipix3 chip can either work in single pixel mode, 
where each pixel works in a simple photon counting regime inde-
pendently from its neighbors, or in charge summing mode, where 
charge summing circuits and arbitration logic are used to correct 
charge sharing effects. Furthermore, the chip can work either in 
high gain mode, corresponding to a reduction in noise and linear-
ity, but at the expense of the maximum count rate achievable due 
to larger pulses, or low gain mode, which entails a higher noise 
level but improved linearity and a shorter dead time. These two 
gain modalities benefit from detection of low and high energy 
signals, respectively.

A schematic diagram of the charge summing algorithm is 
shown in Figure 13.9a. When a charge cloud is generated in the 
sensor, due to X-ray interaction, the readout ASIC compares each 
pixel output with a low discrimination threshold. If one or more 
pixels exceed this threshold, the pixel that detected the highest 
signal is kept as the spatial location of the event, while the other 
pixels are suppressed to preserve spatial resolution. To assign a 
signal height to the event, the signals from each group of four 
neighboring pixels are summed at the so-called “sensing nodes.” 
The summed signal is compared with a summation threshold. 
If at least one of the four nodes surrounding the pixel assigned 
to the event exceeds the summation threshold, the counter is 
incremented by one. It is of note that, for this charge summation 
algorithm to work effectively, hit pixels must be adjacent. This 
reflects the condition where charge sharing is produced by the 

dimensions of the charge cloud or low energy fluorescence X-rays, 
but would be partially ineffective in the case of charge sharing 
due to high energy fluorescence X-rays that can be detected in 
a non-adjacent pixel compared to the primary event. This is of 
particular concern for high-Z sensors, where the K-fluorescence 
yield is relatively high and the mean free path of the produced 
X-rays larger than the pixel pitch (Pennicard et al. 2011).

A schematic of the Medipix3 pixel cell is in Figure 13.9b. 
Each pixel is provided a charge sensitive preamplifier (based on 
the Krummenacher architecture (Krummenacher 1991) that can 
handle both positive and negative input charges), and a shaping 
amplifier that converts the input voltage into a number of current 
copies, which are then sent to the summing nodes, common to 
neighbor pixels, and effectively placed at the pixel corner. Two 
discriminators, provided with a 5-bit adjustment DAC to mini-
mize threshold dispersion across the detector matrix, and two 
counters are placed in each pixel. Counters can be configured to 
work as 1-bit, 4-bit, or 12-bit counters. Additionally, it is possible 
to benefit from a 24-bit counter, and thus an extended dynamic 
range, if using only a single threshold. An arbitration circuit is 
provided for implementing the charge summing modality. The 
arbitration circuit of the pixel detecting the highest charge sum 
compared to its neighbors performs the charge arbitration deci-
sion. When the signal coming from a given discriminator wins 
the arbitration decision, a pulse increments the corresponding 
pixel counter. Data acquisition can be performed either sequen-
tially or continuously. When working in sequential mode, both 
discriminators and counters are available for each readout cycle. 
Conversely, in sequential mode only one threshold and counter 
can be used in any readout cycle, while the discriminator and 
counter are read out. With about 1600 transistors per pixel, the 
power consumption of the Medipix3 chip is 900 mW in charge 
summing mode and 600 mW in single pixel mode, the latter 
being comparable to Medipix2. A noise level of ∼70 e− rms 
is reported for this sensor when working in single pixel mode 
(Ballabriga et al. 2013).

The effectiveness of the charge summation algorithm of 
Medipix3, based on inter-pixel communication, is shown in Figure 
13.10. X-ray spectra (120 kVp, W target) were measured with the 
Medipix3 chip bump-bonded to a 2 mm thick CdTe sensor for 
single pixel mode (SPM) and charge summing mode (CSM). 
Measured spectra are also compared with simulated spectra, one 
of which includes a low-pass filter whose parameters were empiri-
cally set to reproduce the measured spectra (Koenig et al. 2014).

The spectrum obtained in SPM over-estimate the simulated 
spectrum (Monte Carlo simulation, MC) and the spectrum 
obtained in CSM at low energy and underestimate these two at 
high energies. This effect arises from charge sharing. The effect 
of charge sharing is strongly mitigated in CSM. Additionally, the 
Cd- Kα fluorescence peak at 23 keV is visible in both measured 
spectra. For the CSM spectrum the peak appears more clearly 
while, in SPM, it is visible as a shoulder at low energies, due to 
charge sharing. Tungsten fluorescence peaks (W-Kα and W-Kβ), 
clearly highlighted in the simulated spectrum (MC), are visible, 
although not resolved, in CSM mode, and are absent in SPM.

Capabilities of spectral imaging have been demonstrated for 
the Medipix3 detector (Walsh et al. 2011, 2013; Hamann et al. 
2015), as well as material identification of up to three tissue types 
(Ronaldson et al. 2012).
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13.4.5 Large Area Medipix-Based Imaging Systems

The limited imaging area for all the chips of the Medipix fam-
ily (1.4 cm × 1.4 cm) represents an important limitation for these 
sensors to be used in clinical applications that require signifi-
cantly larger areas (e.g., 40 cm × 40 cm for chest radiography, 
25 cm × 30 cm for mammography). The imaging area of PCDs 
is limited by the ASIC dimensions, which in turn is limited by 
the reticle used for the lithographic CMOS processing. A pos-
sible approach to produce larger ASICs would be using reticle 
stitching, based on the use of a mask reticle that is stepped and 

repeated, in whole or in part, across a silicon wafer, to create mod-
ularly different sectors of a large circuit (Turchetta et al. 2011). 
However, reticle stitching limits the CMOS processes available, 
and often entails a low yield, inversely proportional to the chip 
area, due to density of defect points and impurities. Currently 
the Medipix and Timepix ASICs are designed to be 3-side but-
table (i.e., chips can be abutted on only three sides) and bump-
bonded to a monolithic semiconductor sensor of the requested 
size. The fourth side, that cannot be used for mosaic-tiling, is 
used for periphery circuits and wire bonding for I/O connections, 
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limiting the tiling possibilities of the device to one double row 
of chips (a 2 × N configuration) (Fornaini et  al. 2003). At the 
interface between two adjacent abutted chips,  sensor pixels are 
stretched so the detection efficiency is preserved at the expense 
of the spatial resolution (Campbell et al. 2016). Several examples 
of large area detectors resulting from assemblies of multiple 
Medipix chips have been reported: MAXIPIX, featuring 5 × 1 
or 4 × 4 arrays of Medipix2 chips (Ponchut et al. 2011); Widepix, 
using a 10 × 10 array of Timepix chips (Jakubek et  al. 2014); 
Lambda, with a 2 × 6 array of Medipix3, notably bump-bonded 
to high-Z semiconductor including Ge (Pennicard et  al. 2013); 
and Excalibur, consisting of three modules of 4 × 4 Medipix3 
chips (Marchal et al. 2013). To overcome the limitations in imag-
ing area arising from having a dedicate side of the chip for I/O 
pads, significant effort has been put into the development of the 
Through Silicon Via (TSV) process to produce edge-less chip 
modules that can be 4-side tillable with minimum dead space 
(Vykydal et al. 2008; Henry et al. 2013).

13.4.6 Pilatus

In 1998, the Swiss Light Source (SLS) synchrotron and the Paul 
Scherer Institute (PSI) joined efforts to develop a large area photon 
counting chip for X-ray experiments at SLS. Pilatus I was proto-
typed in 2002, featuring a 80 mm × 36 mm monolithic Si sensor 
(300 µm thick) bump-bonded to a mosaic-tiling of 2 × 8 Pilatus 
I ASICs (Brönnimann et al. 2003), and a subsequent larger ver-
sion offering a 21 cm × 24 cm imaging area (Broennimann et al. 
2006). However, to overcome a number of shortcomings related to 
this design, a second version was developed. The Pilatus II chip 
(Kraft et al. 2009) was a 60 × 97 pixel matrix with a 172 µm pitch, 
using a commercial 0.25 µm CMOS process. The individual chips 
can be tiled in a 2 × 8 configuration to form a so-called Pilatus 

II module. These modules can be further tiled to achieve larger 
areas. The largest Pilatus II assembly features 6 million pixels, 
covering a 43 cm × 45 cm imaging area (Kraft et al. 2009). The 
chip is bump-bonded to a 320-µm thick Si sensor. Each pixel cell 
of the Pilatus II chip comprises a preamplifier, with high and low 
gain setting, a shaper, and a single threshold discriminator, fol-
lowed by a 20-bit counter. The single threshold of the discrimina-
tor can be adjusted by a 6-bit in-pixel ADC, reducing the threshold 
dispersion from 343 eV to ∼50 eV over 105 pixels. The high count 
rate requirements for synchrotron applications made it necessary 
to develop a count rate correction algorithm to reduce the dead 
time losses at high fluxes (Trueb et al. 2012).

To provide a more robust solution to the dead time losses, a 
design solution to avoid paralyzation due to pile-up was included 
in Pilatus III. The Pilatus III readout ASIC is based on Pilatus II, 
with the addition of an instant retriggering scheme and a better 
handling of the counter overflow, in order to increase the count 
rate (Loeliger et  al. 2012). The instant retriggering scheme is 
based on the idea that it is possible to avoid paralyzation by por-
tioning the actual signal pulse into a sequence of nominal single 
photon pulses. In this scheme, the pulse signal is re-evaluated 
several times during a read out cycle, and, if a pile-up event is 
detected, counters are retriggered and able to detect successive 
photons arriving within the same readout cycle. The time period 
between consecutive re-evaluations is effectively the dead time 
of this architecture, and has to be chosen to match the width of 
a single photon pulse. The basic principles of the instant retrig-
gering technology are shown in Figure 13.11a. The first  diagram 
shows the signal pulses generated by incoming photons, includ-
ing a single photon event, a pile-up of two events, and a pile-
up of multiple events, which exceed a detection threshold. The 
output of the discriminator and counter for a conventional PCD 
are shown in the second and third diagrams. The effect of the 
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paralyzation is clear: the dead time extension, following the 
detected photon, paralyzes the system, and results in the follow-
ing photons not being detected. The output of the discriminator 
and counter for a PCD with instant retriggering technology is 
reported in the fourth and fifth diagram.

A predefined dead time interval is started after the first photon 
has been detected and repeated for as long as the signal pulse is 
above threshold. The counter is retriggered for each new dead 
time interval, and multiple pulses within the same readout cycle 
can be separated. The improvement in terms of sustainable count 
rate is show in Figure 13.11b. A Pilatus III, tested with and with-
out the retriggering capability, and a Pilatus II detector were 
exposed to 10-keV X-rays at the Australian synchrotron with a 

flux up to 108 photons pixel−1 second−1. The three systems show 
comparable behavior at very low fluxes, but, as flux increases, the 
differences become appreciable. Both Pilatus II and Pilatus III 
without the retriggering readout scheme behave as paralyzable 
systems, with an observed versus true count rate curve featur-
ing a maximum (see for comparison Figure 13.6b). The use of 
the retriggering scheme makes the system non-paralyzable (see 
Figure 13.6b) and greatly improves counting efficiency, with a 
maximum observed count rate of 12 × 108 and 4 × 108, with and 
without retriggering, respectively.

The Pilatus detector has been mainly designed for synchro-
tron applications; however, proof of principle for the use of these 
detectors in X-ray imaging have been reported (Bech et al. 2008).
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13.4.7 XPAD

Development of the XPAD (X-ray Pixel Chip with Adaptable 
Dynamics) started in 1990 at the Center de Physique des 
Particules de Marseille (CPPM, France) by the electronic design 
team who worked on the hybrid pixel detectors for the DELPHI 
experiment at LEP (CERN) (Pangaud et al. 2010). XPAD1 was 
released in 1998 and featured 25 × 24 pixels with a 330 µm 
pitch. Each pixel cell consisted of a charge sensitive pream-
plifier, a differential discriminator with a 4-bit DAC for fine 
tuning of the threshold level for each individual pixel, a 16-bit 
overflow digital counter, and a readout system (Blanquart et al. 
2000). The XPAD1 was affected by a large dispersion at the 
input of the discriminators (∼3500 e−), that could be reduced to 
(∼1100 e−) using the 4-bit threshold tuning. A second version, 
XPAD2, was manufactured in 2002 to mitigate the large disper-
sion of the pixel offset, by increasing the number of in-pixel 
DAC bits (from 4 to 6) and other issues occurring at the counter 
level (Delpierre et al. 2002). XPAD2 was designed to be mosaic-
tiled and up to eight sensors, bump-bonded to a 500 µm thick Si 
sensor, could be read out together, covering an imaging area of 
68 mm × 68 mm (Delpierre et al. 2007a). A CT scanner based 
on the XPAD2 chip (PIXISCAN) was built at CPPM (Delpierre 
et  al. 2007b) for small animal imaging, showing the capabil-
ity to detect in-vivo millimetric cancerous lesions at low dose 
(Debarbieux et al. 2010), although limited by the large pixel size 
(330 µm pitch).

The XPAD3 chip represented a major redesign, abandon-
ing the obsolete AMS-0.8 µm CMOS process in favor of the 
more modern IBM-0.25 µm. The pixel pitch was smaller than 
the one used in its predecessors (130 µm over a pixel matrix 
of 120 × 80), to provide higher spatial resolution (Pangaud 
et al. 2008). Two versions were designed: one that could accept 
positive carriers (XPAD-S), from Si or GaAs for example, 
and another for electron collection (XPAD3-C). The energy 
range at which those two chips work is also different: from 5 
up to 25 keV for XPAD3-S, and across a 60 keV window for 
XPAD3-C (Berar et al. 2009), with the lower limit being set by 
the electronics noise (<140 e−) and the higher limit set by the 
absorption efficiency of the sensor. For example, for a 500 µm 
thick Si sensor, the thickness chosen for XPAD3-S, the detec-
tion efficiency at 25 keV, is only 25%. The input charge is ampli-
fied by a sensitive preamplifier and, subsequently, integrated in 
an operational transconductance amplifier (OTA) that converts 
the voltage into a current, which is then passed to the current 
mode discriminator.

The discriminator, at the selection stage, receives the 
 output  of  the OTA, together with currents for the global 
threshold and in-pixel adjustment values. Incremental counts 
are then sent to the 12-bit counter with overflow manage-
ment, and then  transferred to an in-pixel local memory for on-
flight   readout. The local memory can be accessed while the 
main pixel  counter is in operation. The frame rate achievable 
with this sensor is 500 frames per second, while the maximum 
flux it can handle has been reported to be as high as 2 × 106 
photons/  pixel/s (Pangaud  et  al. 2008). Although XPAD3 has 
been mainly designed for synchrotron applications, the capa-
bility for use in K-edge CT has been reported (Cassol Brunner 
et al. 2013).

13.5 Conclusions

Over the last two decades, significant advances in microelec-
tronics, sensors’ manufacturing, and interconnection techniques 
for small pixels have made the realization of direct-conversion 
photon-counting detectors for X-ray imaging possible. Detectors 
with fine pitch pixels, high detection efficiency, and on-pixel intel-
ligence can now be realized. The advantages of such detectors in 
the field on X-ray imaging have been discussed in this chapter. 
Noise rejection, low leakage current, and energy resolving capabil-
ities make PCDs a potential improvement over conventional X-ray 
imaging modalities, by delivering higher image quality with lower 
dose. Furthermore, PCDs pave the way for the introduction of new 
imaging modalities, such as K-edge imaging for tissue identifica-
tion and functional CT. The success of several prototype PCDs 
has attracted commercial interest, leading, for example, to the 
commercialization of Medipix2 through technological transfers to 
several companies including PANalytical* and X-ray Imatek,† and 
the creation of spin-off companies, including Dectris‡ for the PSI 
detectors, and Pixirad§ for the PCDs developed at the University of 
Pisa and INFN. Major manufacturers of X-ray imaging equipment 
are currently developing CT  systems based on PCDs, including 
Siemens (Kappler et al. 2012) and Philips (Steadman 2010).

Nonetheless, there are still several areas of improvement for 
PCDs needed to translate into clinical practice. Semiconductor 
sensors for clinical use require a large area, good uniformity, and 
low concentration of defects to mitigate charge trapping, increase 
charge carrier mobility, and, consequently, reduce peaking time 
in order to sustain high fluxes.

The capability of sustaining high count rates is an essential 
feature for clinically usable PCDs, as any counting inefficiency 
will lead to an increased dose to the patient. Several strategies 
to deal with high fluxes have been reviewed, but there is still 
a need to develop faster PCDs. For these detectors to be suc-
cessfully translated into clinical practice, they need to provide 
large  imaging areas required by medical applications. Current 
PCDs are limited by the dimension of their ASICs and by  having 
only three sides available for mosaic-tiling. There is increas-
ing attention towards the development of TSV technology for 
fine  pixelated detectors, with the aim of manufacturing ASICs 
that can be tiled seamlessly on all four sides to build large area 
 detectors with full area coverage.

To have large area PCDs, efforts should be made to reduce 
power consumption, especially for high-Z sensors, to avoid dete-
rioration of detector performance arising from variations in leak-
age current, saturation of the front end electronics, and increased 
pixel-to-pixel variations. Further developments in CMOS process-
ing and reduction of the feature size could lead either to smaller 
pixels or to the integration of more in-pixel complex circuitry.

Medipix3 has set an example of the achievements that can derive 
from on-pixel intelligence. Further development of on-pixel intel-
ligence with functionalities for on-the-fly image pre-processing at 
pixel level, online dose monitoring and adaptive modalities could 
be greatly beneficial to a number of X-ray imaging applications.

* PANalytical, Almelo, The Netherlands. http://www.panalytical.com
† X-ray Imatek, Barcelona, Spain. http://www.xray-imatek.com
‡ Dectris, Baden-Daettwil, Switzerland. https://www.dectris.com
§ Pixirad, Pisa, Italy. http://www.pixirad.com
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14
Image Quality

Ian A. Cunningham, Tomi F. Nano, and Terenz Escartin

The known risks associated with exposure to radiation and 
the need for high-quality radiographic images to ensure accu-
rate diagnoses make it essential that X-ray imaging systems be 
designed and maintained to provide high-quality images for low 
acceptable exposure levels. The ability of an X-ray detector to 
produce high signal-to-noise ratio images is described by the 
detective quantum efficiency (DQE). This chapter discusses the 
fundamental principles of the DQE and provides a summary of 
important linear systems concepts required to understand and 
interpret its meaning, including the modulation transfer function 
(MTF), line-spread function (LSF), sampling, signal aliasing, 
and noise aliasing. An introduction to cascaded-systems anal-
ysis is provided as a means of understanding signal and noise 

properties of X-ray detectors and generating theoretical models 
of the DQE. These models are important to establish perfor-
mance benchmarks and to help guide the development of new 
detectors. It is shown there remains a large difference in DQE 
values between detectors in use today, and highlights the impor-
tance for informed purchase decisions and ongoing maintenance 
to ensure continuing high standards of care.

14.1 Introduction

X-ray based imaging systems have been under development for 
over 100 years, since the discovery of X rays by Röntgen (1896), 
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and the complete dependency of modern medicine on X-ray 
technologies continues to motivate research to improve costs, 
efficacy, and safety. While the health benefits of diagnostic radi-
ography to patients are enormous, potential health risks from 
incorrect diagnoses and exposure to ionizing radiation makes it 
critical that X-ray imaging systems be designed, manufactured, 
and maintained to provide the best possible image quality, while 
exposing patients to low acceptable levels of radiation.

The past two decades have seen a dramatic shift from film-
screen based X-ray imaging systems to digital technologies. 
These digital systems generally consist of a converter layer in 
which incident X-ray quanta interact and deposit energy, and a 
sensor layer in which charges liberated either directly (e.g., from 
a photoconductor such as selenium) or indirectly (e.g., from the 
absorption of light generated in a phosphor or scintillator such 
as cesium iodide) contribute to a signal measured by an array of 
sensor elements. The output image generally consists of a two-
dimensional matrix of numerical values.

Exposure to radiation is associated with a carcinogenic risk 
that is assumed to increase linearly with absorbed dose and is 
estimated as approximately 5 × 10−5 per mSv of whole-body 
exposure. While the risk is generally very low for individual 
examinations (typically between 10−6 and 10−4), it has been 
estimated that approximately 1 in 200 of all cancer deaths at 
present are attributable to radiation exposure from diagnostic X 
rays (Berrington de González and Darby 2004). These risks are 
accepted because the immediate benefits of medical imaging are 
compelling and assumed to outweigh the risks (see Section IV, 
Chapter 66 of this book for radioprotection issues).

Achieving high-quality images is particularly important for 
difficult diagnostic tasks. For example, screening mammogra-
phy may require the detection of subtle lesions and fine image 
structures. A recent study of cancer detection rates in a breast 
cancer screening program showed that digital radiography (DR) 
systems (direct and indirect types) performed better than com-
puted radiography (CR) systems (for CR, see Section I, Chapter 
12 of this book), resulting in a 30% higher cancer detection rate 
(4.7 per 1000 versus 3.4) (Chiarelli et al. 2013, 2015; Yaffe et al. 

2013), with the difference attributed to differences in image 
quality and, in particular image, signal-to-noise ratio (SNR).

Image noise refers to random variations in image brightness 
that may obscure low-contrast structures in the image. These 
 variations may be caused by technical limitations of the X-ray 
detector or from the random nature of X-ray production and detec-
tion. Figure 14.1a illustrates a typical high quality mammography 
image. In comparison, Figure 14.1b shows the same image after 
blurring to simulate a loss of spatial resolution, and image noise 
has been added to Figure 14.1c to simulate a loss of SNR. It is 
clear from this illustration that both a loss of  spatial resolution 
and loss of SNR lead to reduced image quality,  making it more 
difficult to visualize low-contrast structures and fine details.

Due to the statistical nature of X-ray production, transmis-
sion, and detection, image quality is related to the number of 
X-ray  photons detected. For these reasons, the number of pho-
tons, N, detected in a specified region is Poisson-distributed, so 
that the variance (in repeated similar measurements) is equal 
to the mean, σN N2 = , corresponding to a measurement SNR 
of N . As a direct consequence, image quality SNR can gen-
erally be improved by increasing patient radiation exposures. 
Unfortunately, higher patient exposures do not ensure higher 
image quality, as some system deficiencies such as low quantum 
efficiency (fraction of incident  photons detected) can be masked 
by increasing patient exposures. In the breast cancer screening 
study, the average radiation dose with CR was greater than that 
with DR, even though image quality with DR was better.

To achieve the best possible images, it is, therefore, critical 
that facilities establish acceptance testing of new equipment and 
ongoing quality assurance programs to ensure manufacturers’ 
specifications are maintained. Most quality assurance programs 
are designed to identify common system artifacts and character-
ize metrics of performance, such as spatial resolution and the 
ability to see low-contrast objects of various sizes.

The purpose of this chapter is to introduce metrics that are 
used to characterize image quality and system performance, and 
identify key physical factors that determine performance charac-
teristics. In particular, the modulation transfer function (MTF) 

(a) (b) (c)

FIGURE 14.1 (a) Typical high-quality X-ray mammogram. (b) Degraded mammogram illustrating reduced spatial resolution (reduced MTF). (c) Degraded 
mammogram illustrating reduced image signal-to-noise ratio (reduced DQE). (Original image courtesy of T.M. Deserno, Department of Medical Informatics, 
RWTH Aachen, Germany.)
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and detective quantum efficiency (DQE) are key metrics, and 
described in detail here.

14.2 Background

Starting in the 1940s, there was much scientific interest in classi-
fying the signal and noise performance of various optical detec-
tors such as television cameras and photoconductive devices. 
Rose (1946, 1948a,b) and contemporaries (Fellgett 1949; Jones 
1949; Zweig 1964) showed image SNR is ultimately limited by 
the statistical properties of the number of quanta used to pro-
duce the image, with image quality increasing with the number 
of quanta. The quantum efficiency of a detector describes the 
fraction of incident quanta that interact, and is an important indi-
cator of detector performance, imposing an upper limit on image 
quality. However, other physical processes may further degrade 
image SNR, and Rose proposed the concept of a useful or equiv-
alent quantum efficiency. This is what we now call the detective 
quantum efficiency (DQE) (Jones 1949; Zweig 1965) given by

 
DQE

NEQ
=

No

,
 

(14.1)

where NEQ is the noise equivalent number of quanta, given by 
NEQ = SNR2, and No is the average number of quanta incident 
on the detector.

Imaging detectors consist of an array of sensor elements that 
are rarely completely independent of each other. This results in a 
sharing of image signals between elements that results in a blur-
ring of images. For this reason, performance metrics must be 
described as a function of spatial frequency (described below). 
The DQE was described as a function of spatial frequency to the 
medical imaging community by Shaw (1963, 1978) and Dainty 
and Shaw (1974) for the description of X-ray film-screen systems. 
They showed that image quality (in terms of the SNR) could be 
expressed in terms of an equivalent number of quanta per unit 
area, independent of the imaging technology used. We now call 
this the noise equivalent quanta (NEQ):

 NEQ SNR( ) ( ),u u= 2
 (14.2)

where u is the spatial frequency variable in cycles/mm. The NEQ 
describes the number of quanta per unit area required to pro-
duce a specified SNR with an ideal imaging detector, and is a 
system-independent measure of image quality describing how 
many quanta an image is “worth.” Knowing that the squared 
SNR obtained with an ideal detector is equal to qo , the average 
number of quanta per unit area, incident on the detector, gives 
our primary definition of the DQE as

 
DQE

NEQ
( )

( )
.u

u
qo

=
 

(14.3)

The DQE can be viewed as the ratio of what an image is worth 
(in NEQ) to what it cost (number of X-ray quanta incident on the 
detector).

14.3 Linear Systems Theory

In this section, linear systems theory is introduced and a 
description is given of important principles and relationships 
required to characterize system performance in the spatial 
frequency domain. While most results are expressed in one-
dimensional geometry in terms of position x and spatial fre-
quency u, similar relationships hold true in two dimensions in 
terms of position vector r and spatial frequency vector k. In 
this section, it is assumed the detector acts as an ideal noise-
free system, and only X-ray quantum noise will affect image 
quality.

A linear system implies the output signal scales with the input 
signal. If a system has a transfer characteristic, S{ }, such that 
an input h(x) produces an output S{h(x)}, then for any two inputs 
h1(x) and h2(x) the system is linear if and only if

 S h x h x S h x S h x{ ( ) ( )} { ( )} { ( )}1 2 1 2+ = +  (14.4)

and

 S ah x aS h x{ ( )} { ( )}=  (14.5)

for any real constant a.

14.3.1 Impulse–Response Function, IRF

An impulse input δ(x − xo) has unity area and negligible width 
(Figure 14.2). The corresponding output, S{δ(x − xo)}, is called 
the impulse-response function (IRF) of the system. That is,

 IRF { )}( , ) (x x S x xo o≡ δ − .  (14.6)

The shape of the IRF is arbitrary, and defined to have unity area.
The IRF can be used to determine the expected output from a 

linear system. If an input, h(x), is approximated with a very large 
number of impulses on spacings, Δx (Figure 14.3), small relative 
to the width of the IRF and scaled by h(x)Δx to preserve area, the 
output S{h(x)} is the superposition of an IRF for each impulse:

Spatial domain     (a) (b) Spatial domain     

δ (x − xo)

IRF(x − xo)
↓↓

xx

xxxo

xo

δ (x − x1) + δ (x − x2)

IRF(x, x1) + IRF(x, x2)

FIGURE 14.2 (a) An impulse input δ(x − xo) results in an impulse–
response function output IRF(x, xo). (b) For linear systems, the output is the 
superposition of multiple impulse responses.
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S h x h x j x xj

j

{ ( )} ( , ) .≈
∞

∞

∑ IRF Δ Δ
=−  

(14.7)

In the limit of Δx → 0, the summation becomes the integral

 
S h x h x x x dx{ ( )} ( ) ( , ) ,=

−∫ ′ ′ ′IRF
∞

∞

 
(14.8)

which is called a superposition integral. Equation 14.8 is a full 
description of the expected output signal from a linear system for 
any input, h(x).

14.3.2 Linear and Shift-Invariant (LSI) Systems

An important special case of linear systems exists for systems 
that also have a shift-invariant* impulse–response function. The 
IRF can, therefore, be expressed in terms of this one shifted 
argument, given by:

 IRF , IRF( ) ( ).x x x xo o⇒ −  (14.9)

and the superposition integral simplifies to:

 
S h x h x x x dx{ ( )} ( ) ( ) ,= −

−∫ ′ ′ ′IRF
∞

∞

 
(14.10)

which is called the convolution integral. It is a complete descrip-
tion of the expected output of a linear and shift-invariant system 
for any input, h(x).

14.3.3 Convolution Integral

The convolution integral is of fundamental importance in the 
imaging sciences. It gives the expected output signal when any 
input, h(x), is passed through any LSI system. A general state-
ment of the convolution of h(x) with f(x) is

* Shift invariance means the IRF is identical for all positions in an image, 
such that spatial resolution and contrast are the same at all image posi-
tions. This may fail near image edges, and the LSI approach is sometimes 
restricted to regions where these edge effects can be ignored.

 
d x h x f x x x h x f x( ) ( ) ( ) ( ) ( ).= − = *

−∞

∞

∫ ′ ′ ′d
 

(14.11)

Selected properties of the convolution integral are listed 
in Table  14.1. The left column of Figure 14.4 illustrates how 

h(x)

x

Δx

0 Δx 2Δx 3Δx 4Δx 5Δx

...

FIGURE 14.3 The signal h(x) is approximated with a large number of 
scaled delta functions, each with area h( jΔx)Δx.

TABLE 14.1

Properties of the Convolution Integral, where (d/dx)f(x) = f ′(x) and 
Π(x/a) Is a Rectangular Function of Width, a, Centered at x = 0

Commutative:

f(x) * h(x) = h(x) * f(x)

Distributive over addition:

f(x) * [h1(x) + h2(x)] = f(x) * h1(x) + f(x) * h2(x)

Associative:

f(x) * h1(x) * h2(x) = f(x) * [h1(x) * h2(x)]

Multiplication with a constant:

a[f(x) * h(x)] = af(x) * h(x) = f(x) * ah(x)

Convolution with an impulse:

f(x) * δ(x − xo) = f(x − xo)

Differentiation of a convolution:

d
dx

f x h x f x h x f x h x[ ( ) ( )] ( ) ( ) ( ) ( )* = * = *′ ′

Integration of a convolution:

f x h x x f x x h x x( ) ( ) ( ) ( )* =
− − −∫ ∫ ∫d d d

∞

∞

∞

∞

∞

∞

Differentiation as a convolution:

f x f x x′( ) ( ) δ′( )= *

Integration as a convolution:

f x x f x
x
aa

a

( ) ( )
/

/

d = *










−∫ ∏
2

2

= D(u)= d(x)

x u

×T(u)*IRF(x)

x u

Spatial domain Spatial frequency domain
(magnitude)

h(x) H(u)

x u

FIGURE 14.4 Signal-transfer characteristics can be represented equiva-
lently as either a convolution with IRF(x) in the spatial domain (left column), 
or as multiplication with T(u) in the spatial frequency domain (right column).
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a  sinusoidally varying signal might be passed through the 
 convolution integral.

14.3.4 System Characteristic Function, T(u)

The need to evaluate the convolution integral in Equation 14.11 
limits the physical insight it provides towards understand-
ing system performance. A more useful approach comes from 
examining the special case of an input, h(x) = ei2πux, that varies 
sinusoidally with position, expressed as a complex exponential. 
The output is given by

 
S e x e dxi ux i u x x{ } ( ( )2 2π π=

−∞

∞
−∫ IRF ′) ′,′

 
(14.12)

 
=

−∞

∞
−∫e x e dxi ux i ux2 2π πIRF ,( ′) ′′

 
(14.13)

where the final integral is recognized as being the Fourier trans-
form of IRF(x), which we call T(u). Therefore,

 S e T u ei ux i ux{ } ( ) ,2 2π π=  (14.14)

showing that the output is identical to the sinusoidal input scaled 
by the (possibly complex) characteristic function, T(u), as illus-
trated in Figure 14.4. The impulse–response function and the 
system characteristic function are Fourier pairs:

 T u F x( ) ( ){ }.= IRF  (14.15)

The Fourier transform decomposes a function into sinusoidal 
basis functions. If a specified input, h(x), has the Fourier trans-
form, H(u), then h(x) can be expressed as the inverse Fourier 
transform of H(u), and the corresponding output is

 

S h x S H u e dui ux{ ( )} ( ) .=










−∫ 2π

∞

∞

 
(14.16)

Representing the output as d(x) and noting that d(x) = h(x) * 
IRF(x) gives

d x h x x x dx( ) ( )IRF( ) ,= −
−∫ ′ ′ ′

∞

∞

 
(14.17)

 
=

−∞

∞
−

−∞

∞

∫ ∫H u e x e dx dui ux i ux( ) ( )2 2π πIRF ,′ ′′

 
(14.18)

=
−∫ H u T u e dui ux( ) ( ) .2π

∞

∞

 
(14.19)

Also, since the inverse Fourier transform gives 

d x D u e dui ux( ) ( ) ,= ∫ −∞
∞

2π

 D u H u u( ) ( ) ( ).= T  (14.20)

This is a key result. It shows that signal-transfer character-
istics of an LSI system can be expressed either as convolution 
with IRF(x) in the spatial domain, or equivalently as multipli-
cation with T(u) in the spatial frequency domain. The Fourier 
components, H(u), of the input are passed unchanged through the 
system, other than a scaling by T(u). This relationship is illus-
trated graphically in Figure 14.4, and shows that image contrast 
is, in fact, a function of frequency and fully described by T(u). 
In many situations, expressing an imaging problem in the spatial 
frequency domain offers a complimentary perspective to what 
is obtained from a spatial domain analysis. The ability to move 
 fluently between the two domains is essential to being able to 
solve many imaging problems.

14.3.5 Modulation Transfer Function

Closely related to the characteristic function, T(u), is the modula-
tion transfer function (MTF), defined as

 
MTF( )

( )
( )

.u
T u
T

≡
| |

0  
(14.21)

The MTF has tremendous practical value. For instance, if the 
IRF is a real-only even function (often true with quantum-based 
imaging systems), both the MTF and characteristic function are 
also real and even functions, and the MTF is a complete descrip-
tion of the expected system response within a scaling factor. 
However, if the IRF is asymmetric, the characteristic function 
is partly odd and complex. The MTF is a useful but incomplete 
description of such a system, because it does not include the 
 system “phase” information.

The function

 
OTF( )

( )
( )

u
T u
T

≡
0  

(14.22)

is sometimes called the optical transfer function (OTF), and 
retains this phase-transfer information.

14.3.6 Cascading Processes

Imaging systems are complex, and often better described as a 
cascade of multiple processes. Each process has an input, out-
put, and well-defined characteristic function. For instance, when 
one LSI process described by the IRF, IRF1(x), is cascaded into a 
second described by IRF2(x), the associative property of the 
 convolution integral gives

 

d x h x x x

h x x h x x

( ) [= *
= =

*
* * *

( ) ( )] ( )

( ) [ ( ) ] ( ) (

IRF IRF

IRF IRF IRF
1 2

1 2 )),  
(14.23)

where IRF(x) = IRF1(x) * IRF2(x) and

 D u H u T u T u H u T u( ) ( ) ( ) ( ) ( ) ( ),= =1 2  (14.24)
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where T(u) = T1(u)T2(u). The MTF of the cascaded process, 
therefore, is

 
MTF( )

( ( )
.u

T u T u
T T

=
| |
| |

1 2

1 20 0
( ) ( )

)  
(14.25)

The MTF is not multiplicative if the characteristic function has 
an imaginary term (asymmetric IRF).

14.3.7 LSI Systems in Two Dimensions

The concepts discussed so far have all been expressed in terms 
of the one-dimensional variables x and u, but are more generally 
described in two- (or more) dimensional variables, (x, y) or r, and 
(u, v) or k.

14.3.7.1 Point-Spread Function

The point-spread function, p(x, y), describes the system response to a 
point impulse response. This is equivalent to the impulse–response 
function, although not all authors normalize to unity area. When 
normalized, the two-dimensional point-spread function (PSF) and 
two-dimensional characteristic function are Fourier pairs:

 F }( ) ){ , ( .p x y T u,v=  (14.26)

14.3.7.2 Line-Spread Function

The line-spread function (LSF) describes the response of a sys-
tem to a line delta function, normalized to unity area. This is 
seen if we consider a line impulse extending forever in the y 
direction as δy(x). The response is given by the two-dimensional 
convolution integral:

LSF( ) ,x x x x y y dx dyy= ′ ′ ′ ′ ′δ ( )PSF( )− −
−∞

∞

−∞

∞

∫∫
 

(14.27)

 
= ,PSF( ) ,x y dy

−∫ ∞

∞

 
(14.28)

for a normalized PSF. The LSF describes the response of a sys-
tem in one direction, when details of the response in the orthogo-
nal direction have been “integrated out,” and is normalized to 
unity area by definition.

Taking the Fourier transform of both sides and evaluating for 
υ = 0 gives

 

F x x y e dydxi ux uy{LSF )} PSF( ( , ) ( )= − +

−∞

∞

−∞

∞

=
∫∫ 2

0

π

υ  
(14.29)
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and

 
MTF MTF F{LSF( )} .( ) ( ),u u x= =| |

=
υ

υ 0  
(14.31)

14.3.8 Image Wiener Noise Power Spectrum

Fourier methods are also key for describing noise in imaging 
systems. This section describes how Fourier methods are used, 
and how to develop an understanding of image noise in both the 
spatial and spatial frequency domains.

14.3.8.1 Parseval’s Theorem

An important relationship given by Parseval’s theorem (Papoulis 
1991) states

 
f x g x dx F u G u du* ( ) ( ) * ( ) ( )

− −∫ ∫=
∞

∞

∞

∞

 
(14.32)

for wide-sense stationary (WSS) noise processes (mean 
and  correlation are the same in all parts of the image). 
From the Fourier relationships, f(x) ★ g(x) ⇔ F(u)G(u) and 
f(x) ★ g(x) ⇔ F(u)G(−u), when f(x) and g(x) are real-only, 
G(−u) = G*(u) and, therefore,

 f x g x F u G u( ) ( ) ( ) ( )� ⇔ *
 (14.33)

and

 f x g x F u( ) ( ) | ( )| .� ⇔ 2

 (14.34)

The intensity of a quantity is often proportional to the square 
of the amplitude, as the “energy” or “power” of an electrical 
signal may be proportional to the square of the voltage or cur-
rent, respectively, and kinetic energy is proportional to velocity 
squared. It is, therefore, common to talk about the “energy” of 
an image signal as being the integral of the square of the image 
signal:

 
E f x dx F u du= =

− −∫ ∫| ( )| | ( )| ,2 2

∞

∞

∞

∞

 
(14.35)

which is a statement that “energy” is conserved by the Fourier 
transform.

When we talk about “noise power” in an image, we are  talking 
about the mean-square value of the fluctuation of a signal about 
its mean value due to random noise. In the Fourier domain, W ud�( ) 
is the Wiener “noise power spectrum” (NPS) of the random func-
tion, �d x( ):

 
W u

X
D u D u

X
Dd X

X X
X

X�
� � �( ) ( ) lim*= = | |lim ( ) ,

→∞ →∞

1 1 2

 
(14.36)

where ∼ indicates a random variable and �D uX ( ) is the Fourier 
integral of �d x( ) evaluated over distance X.

14.3.8.2 Wiener–Khinchin Theorem and NPS

The Wiener–Khinchin theorem (Papoulis 1991; Barrett and 
Myers 2004) provides another key Fourier relationship for the 
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description of WSS image noise. If �d x( ) is a zero-mean random 
function describing fluctuations in image brightness, then:

 

� � � �D u D u d x d x e dx dxX X

XX

i u x u x* ( )( ) ( ) ( ) ( )1 2 1 2
2

1 2
1 1 2 2= ∫∫ −π

 

(14.37)
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(14.38)

 

= ∫ K x e dx Xd

X

i ux
�( ) .2π

 

(14.39)

Thus, the Wiener–Khinchin theorem gives the noise power 
spectrum of �d x( ) as:

 
W u

X
D u x e dxd X

X d
i ux

� �
�( ) lim ) ( )= | | =

−∫→∞ ∞
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π1 2 2( K

 
(14.40)

in units of [�d x x2( ) ] and, more generally, the Wiener NPS and 
autocovariance are Fourier pairs:

 K x W u( ) ( ).⇔  (14.41)

14.3.9 Digital Systems

Digital images consist of a matrix of numerical values that rep-
resent image brightness on a uniformly-spaced grid of picture 
elements (pixels). One consequence of this is that both signal and 
noise may exhibit spectral aliasing artifacts, as described in this 
section. As before, use is made of a graphical approach to repre-
sent image signals in both spatial and spatial frequency domains. 
Discrete samples are represented by Dirac δ functions scaled by 
discrete numerical sample values. One-dimensional geometry is 
assumed for simplicity, but results are easily extended into two- 
(or more) dimensions.

14.3.9.1 Sampling and Aliasing

A continuous function, d(x), can be approximated using a set 
of discrete values, dn, using the sifting property of δ functions 
(Bracewell 1978), which says the value of d(x) at x = xo is given 
by d x d x x x dx

x x
( ) ( ) ( )

= −∞
∞

= ∫ −
0

0δ . It follows, therefore, that 

d(x) can be evaluated at uniformly-spaced positions with a two-

step process:

 1. Multiplication of d(x) by a set of δ functions at the 
desired sample points.

 2. Integration over each resulting scaled δ function.

The first step is illustrated in Figure 14.5. Each horizontal 
pair forms a Fourier pair, related through the Fourier transform 
(not the discrete Fourier transform). The function, d(x), may be 
bounded (have finite spatial extent) or not, but it is assumed that 
its Fourier transform, D(u), exists. As shown in the left column, 

d(x) is multiplied by Σδ(x – nxs), an infinite set of δ functions 
at uniform spacing, xs, resulting in the sequence of scaled δ  
 functions, d†(x):

 

d x d x x nx d x nx
n

s n s

n

†( ) ( ) ( ) ( )= − = −
=−∞

∞

=−∞

∞

∑ ∑δ δ
 

(14.42)

where d dn x nxs
=

=
( )x . The † notation is used to indicate a sam-

pled function represented as a sequence of scaled δ functions. 
While d(x) is typically a dimensionless quantity, d†(x) has units 
of [d(x)x−1], and is a generalized function (δ functions have units 
inverse to the argument). The area of each scaled δ function is 
equal to the corresponding sample value.

The Fourier transform of d†(x), as shown in the lower right of 
Figure 14.5:

 
F{ ( )} ( ( )d x D u u u nus s

n

† )= * −
=−∞

∞

∑ δ
 

(14.43)

 

= + ±














=

∞

∑u D u D u nus s

n

( ) ( ) ,
1  
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with units of [d(x)], where D(u) is the Fourier transform of d(x), 
and us = 1/xs is the sampling frequency. Thus, sampling in the 
spatial domain has resulted in scaling of D(u) by us, and the 
creation of spectral aliases. The aliases overlap if D(u) extends 
beyond |u| < us/2, where us/2 is the sampling cutoff frequency. If 
aliasing occurs, frequency components above us/2 are “folded” 
into frequencies below us/2, resulting in aliasing artifacts. 

= d†(x) = ∑n dnδ(x − nxs) = us[D(u) + ∑n D(u ± nus)]

−us us
x u

×-∑n δ(x − nxs) *us ∑n δ(u − nus)

−us us
x u

Spatial domain Spatial frequency domain
(magnitude)

d(x) D(u)

x u

FIGURE 14.5 The sampled form of d(x) is represented as 
d d x nxn n s

†( )x = −=−∞
∞Σ δ( ) and consists of a sequence of δ functions 

scaled by the value of d(x) at positions x = nxs, where n is an integer over 
−∞ ≤ n ≤ ∞. Spectral aliasing occurs when the aliases overlap in the 
spatial frequency domain, that is when the spectrum D(u) is non-zero for 
|u| ≥ us/2, where us = 1/xs is the sampling frequency.
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Figure 14.6 shows an example of spectral aliasing. As the spokes 
of the star pattern approach the center, they consist of frequen-
cies greater than us/2, resulting in the Moiré pattern near the hub.

The second step is to integrate across each δ function in d†(x) 
to determine its area. There are many ways to do this, but a con-
venient method is to weight the integration with a sinc function 
centered on the desired δ and having zeros at all other δ func-
tions. Knowing that xδ(x) = 0, for a δ function at x = xo we obtain
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(14.45)

This process is, therefore, a convolution, corresponding to a 
low-pass filter in the spatial frequency domain that suppresses 
all frequencies above the sampling cutoff frequency, u = us/2.

14.3.9.2 Noise Aliasing

The effect of sampling on the Wiener NPS is determined by rec-
ognizing that random sample values scaling uniformly spaced 
δ functions form a random function with periodic behavior and 
statistical properties that are invariant to a shift of a multiple of 
the sample spacing, xs (Gardner and Franks 1975; Papoulis 1991; 
Cunningham 2000). Such a process is called wide-sense cyclo-
stationary (WSCS) if the mean and correlation are invariant to 
the shift. For example, if �d x( ) represents a WSCS random pro-
cess that is represented by the digital samples � �d dn = ( )nxs  at 
uniform spacing, xs, then �d†( )x  given by

 

� �d x d x nxn s

n

†( ) ( )= −
=−∞

∞

∑ δ
 

(14.46)

is an infinite train of scaled δ-functions, and is a WSCS ran-
dom process with period xs. The covariance of �d†( )x  is K �d† ( )x  
given by
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K δ δ

 (14.47)

with units of [ ( ) ]�d x2 2x− , where K xd�( ) is the autocovariance of 
�d x( ). Similarly, the Wiener NPS, W ud�†( ), is given by
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 (14.48)
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with units of [ ( ) ]�d x x2 1− ,  where us = 1/xs is the sampling 
 frequency. It is important to note that these units are different 

from those of W�d ( )u , which are [ ( ) ]�d x x2 . Note the similarities 
and differences to signal aliasing in Equation 14.44.

14.4 Cascaded-Systems Theory

Quantum-based imaging systems generate images through a 
cascade of random physical processes. For example, X-ray inter-
actions and energy absorption are random processes. Light gen-
eration in a phosphor is another, as is collection and detection of 
light. However, within the assumptions of LSI systems with WSS 
or WSCS noise processes, system performance can be described 
using a cascade of simple physical processes. In this section, it is 
shown that a few elementary processes can be cascaded to produce 
accurate models of performance that make a connection between 
system design parameters and DQE. This work is based on early 
studies of noise transfer by Shockley and Pierce (1938), Mandel 
(1959), and Zweig (1964, 1965), extended to the Fourier domain 
by Rabbani et al. (1987) and Rabbani and VanMetter (1989), and 
more recent contributions (Cunningham et al. 1994; Siewerdsen 
et al. 1997; Cunningham and Shaw 1999; Yao and Cunningham 
2001; Zhao et  al. 2001; Cunningham and Yao 2002; Ganguly 
et  al. 2003; Sattarivand and Cunningham 2005; Hajdok et  al. 
2008; Friedman and Cunningham 2010; Yun et al. 2013a,b).

14.4.1 Elementary Processes

The input to a cascaded model is a distribution of X-ray quanta 
incident on a detector. Representing each photon as a Dirac δ 
function, a distribution of incident quanta can be described as the 
random point process, �q x( ), where

 

�
�

q x x xi

i

N

( ) ( ).= −
=

∑δ
1  

(14.50)

In the point process notation, the points may represent 
 locations of image quanta or events, as described in each case.

14.4.1.1 Quantum Gain

Quantum gain (Figure 14.7) represents a conversion from one 
type of quantum to another, such as conversion of X-ray quanta 

FIGURE 14.6 Digital X-ray image of a star pattern showing aliasing arti-
facts that cause the Moiré pattern near the hub.
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to optical quanta in a radiographic screen, where each interact-
ing quantum is converted to �g  secondary quanta and �g is a ran-
dom variable characterized by a mean g  and variance σg

2  . It is 
assumed �g  has the same mean and variance for each interacting 
X-ray photon. For the radiographic screen, this also requires that 
all incident X-ray quanta have the same energy. A spectrum of 
energies can be accommodated by integrating results over the 
spectrum.

The process of quantum gain can be represented as

 
� ��q x gq xout in( ) ( ),=  (14.51)

where mean and Wiener NPS are transferred as

 q g qout in=  (14.52)

 
W g W u qg inout in( ) ( ) ,k = +2 2σ

 (14.53)

respectively.

14.4.1.2 Quantum Selection

Quantum selection (Figure 14.8) is a special case of quantum 
gain in which �g is a Bernoulli random variable that can assume 
sample values of 0 or 1 only, representing the probability α. 

The variance is given by σ α αg g g2 2 2
= − = −� � ( )1 :

 
� �q x q xout in ( )( ) = α  (14.54)

 q qout in= α  (14.55)

 W u W u q qout in in in( ) [ ( ) ] .= − +α α2

 (14.56)

Figure 14.9 illustrates a sparse quantum image, qin(r) (left), 
being passed through a quantum selection process with a prob-
ability, α = 0.5, resulting in the output quantum image, qout(r) 
(right). The quanta in qin(r) are uncorrelated and, hence, the input 
NPS is given by W qin in( )k = , and the output NPS is given by

 W qout in.( )k = α  (14.57)

14.4.1.3 Quantum Scatter

Image-blurring mechanisms including scattering of optical 
quanta in a radiographic screen are fundamentally quantum- 
scattering processes. That is, each quantum is randomly relocated 
to a new position, with a probability described by the normalized 
PSF of the blur. This differs from the blur described by a lin-
ear filter, which can be viewed as a redistribution of signal by 
weights, as described by the convolution integral, while scatter 

Spatial domain

q∼in(x) = ∑ δ(x − x∼i)
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g∼ − σg
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x

x

x

N
∼

= q∼out(x) = ∑ g∼δ(x − x∼i)
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FIGURE 14.7 Quantum gain is a random process in which each input 
quantum in �qin ( )r  is converted into �g  output quanta in �qout ( )r . While each δ 
function has unity area in both input and output, scaled δ functions represent 
multiple impulses at the same location. The output dashed lines indicate 
gain standard variation.
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FIGURE 14.8 Quantum selection is a special case of quantum gain in 
which each quantum is selected or not according to the random variable �g , 
where �g  has a value of 0 or 1 only and mean α.

Output Input 

FIGURE 14.9 Illustration of the quantum selection process in two 
 dimensions. In this example, half of the points in the input image, qin(r), are 
transferred to the output image, qout(r).
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must be viewed as a redistribution by probabilities (Figures 14.10 
and 14.11). This distinction has been recognized for some time 
(Dainty and Shaw 1974; Wagner 1977; Barrett and Swindell 
1981; Sandrik and Wagner 1982; Metz and Vyborny 1983), but 
noise transfer relationships were first described by Rabbani et al. 
(1987), and later using point process theory by Barrett and Myers 
(2004).

The output of a scatter stage is always a point process such as 
a quantum image, and transfer properties given by

 
� �q x q x p xsout in ( )( ) ( )= *  (14.58)

 q qout in=  (14.59)

 W u W u q T u qout in in( ) [ ( ) ] ( ) ,= − | | +in
2

 (14.60)

where *s represents the scatter operator, and p(x) and T(u) are the 
normalized scatter PSF and characteristic function, respectively.

14.4.1.4 Linear Filter

Convolution operations are represented as linear filters in the 
cascaded model, describing deterministic blurring operations. 
For example, integration of secondary quanta in sensor elements 
can be represented as convolution with a rectangle, h, with width 
equal to that of a sensor element. The input can be either a point 
process, �q x( ), or an analog signal, but the output is always an 
analog signal. Transfer relationships are given by

 d x q x p xout in( ) ( ) ( )= *  (14.61)

 d Aqout in=  (14.62)

 W u W u P uout in | | ,( ) ( ) ( )= 2

 (14.63)

where p(x) is the filter kernel, A p u du= ∫ −∞
∞

( )  is the kernel area, 
and P(u) is the Fourier transform of p(x).

14.5 Detective Quantum Efficiency

As mentioned above, the DQE is our primary metric of detector 
performance and, thereby, image quality for a specified expo-
sure, given by Equations 14.2 and 14.3:

 
DQE

NEQ
,( )

( )
u

u
qo

=
 

(14.64)

where NEQ(u) is the noise equivalent quanta expressed as a func-
tion of spatial frequency, and qo  is the number of X-ray quanta 
incident on the detector per unit area. Shaw (1963) showed that 
the NEQ could be expressed on an absolute scale by expressing 
image noise in terms of a number of Poisson-distributed input 
photons per unit area:
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in units of [q ], where SNR(u) is the image SNR, and G is the 
system gain relating qo  to output, d . Therefore,
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Interpretation of the NEQ provides a great deal of insight 
regarding the information content of an image. For instance, 
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FIGURE 14.10 Quantum scatter is a random process in which each input 
quantum in �q xin ( ) is randomly relocated by �x ′  to a new position in q xout ( ) , 
according to the PSF, p(x′).

Initial positions      
After scatter positions

FIGURE 14.11 In a scatter process, image quanta are relocated by a ran-
dom displacement. Some quanta near the edges have been scattered out of 
the displayed image area. In this example, the scatter PSF is not symmetric.
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Wagner et  al. (1974), Wagner (1977), and Wagner and Brown 
(1985) showed that, for the detection of an object, Δs(x), having 
frequency components, ΔS(u), the NEQ is directly related to the 
“ideal observer SNR,” SNRi, according to (Medical Imaging– 
the Assessment of Image Quality 1996):
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i

o

S u u du

q S u u du

2 2

2

= Δ

= Δ
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−∞

∞

∫

∫

( )

( ) ( ) ,
 

(14.68)

describing what can and cannot be seen in a noise-limited image. 
Maybe more importantly, it indicates that image quality will be 
maximized by maximizing the DQE at spatial frequencies of 
importance.

14.5.1 Cascaded Models of DQE

14.5.1.1 Model 1: Light Generation in Phosphor

Complex processes can often be represented as a cascade of these 
simple processes to determine models of the DQE. For example, 
a radiographic phosphor with quantum efficiency α converts 
each interacting X-ray into a large number of optical quanta. The 
optical quanta are subsequently scattered before they leave the 
phosphor. If we assume a thin transparent phosphor (ignoring 
Swank noise and Lubberts effect), we can represent the distribu-
tion of light as a cascade of quantum selection, gain, and scatter 
stages, as illustrated in Figure 14.12. The output random process, 
�qout ( )x  and corresponding transfer relationships are given by

 
� ��q x gq x p xo sout ( ),( ) ( )= *α  (14.69)

 q gqoout ,= α  (14.70)
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where �qo( )x  describes the distribution of incident X-ray quanta, 
�g  is the conversion gain relating the number of interacting X-ray 
quanta to the number of light quanta that will eventually leave 

the phosphor, and p(r) describes the scatter of light. The DQE of 
this simple detector is, therefore, given by
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where εg g g= −σ2 1/  is sometimes called the gain “Poisson 
excess,” in that it describes how much the gain variance is greater 
than a Poisson gain.

Figure 14.12 shows sample input and output functions passing 
through this model. On the left is a distribution of incident X-ray 
quanta. On the right is a sample output describing the distribu-
tion of detected secondary light quanta exiting the screen.

The cascaded approach can be used to describe more sophisti-
cated models. See Hajdok et al. (2008) for a model of Swank noise, 
Yao and Cunningham (2001), and Yun et al. (2013b) for a model 
that includes thick detectors, additive readout noise, broad X-ray 
spectra, and escape and reabsorption of scatter photons from 
photoelectric, Compton, and coherent scatter in the  detector, and 
Friedman and Cunningham (2010) for the effects of converter lag.

14.5.1.2 Model 2: Ideal Sensor Array

A second cascaded model is shown in Figure 14.13, consisting 
of a distribution of quanta incident on an ideal sensor array. 
The  DQE of this detector can be predicted by examining the 
transfer of signal and noise from input to output.

The input to the model at step 0 is �qo( )x , a random distribution 
of X-ray quanta incident on the detector. We must assume shift 
invariance and WSS noise processes requiring �qo( )x  be uni-
formly distributed over an infinite detector, which we represent 
as having width, L, in the limit L → ∞.

Therefore, N q Lo o= . The Wiener NPS of �qo( )x  is W u qo o( ) = .
As illustrated in step 1, this detector counts all X-ray photons 

incident in each detector element. The number of photons inter-
acting in the nth element of width, a, and scaled by a constant, k, 
representing detector gain, is given by

0 1
0

0.2

0.2

0.4

0.4

0.6

0.6

0.8

0.8

1

0 1
0

0.2

0.2

0.4

0.4

0.6

0.6

0.8

0.8

1

FIGURE 14.12 Conversion of incident quanta into a cluster of secondary quanta can be represented by cascading quantum selection, gain, and scatter 
stages. Input quanta (left) are uncorrelated in this example, but the resulting secondary quanta are not (right).
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and * represents a convolution operation. The Wiener NPS is 
given by

 W u k q a aud o( ) ( ).= 2 2 2sinc  (14.75)

The process of evaluating �d( )x  to obtain the set of discrete 
detector values from all elements is illustrated in step 2:

 

� � �d x d x x na d x na
n

n

n

†( ) ( ) ( )= − = −∑ ∑δ δ( ) ,

 

(14.76)

resulting in a series of δ-functions scaled by element values, �dn . 
The Wiener NPS of �d†( )x  is determined by noting that �d†( )x  
is a wide-sense cyclostationary random process, since the 
mean and autocovariance are periodic with shifts of na. Thus, 
while signal aliasing is described as a convolution of �D( )u  with 
1
a

u n anΣ δ( )− /  to get �Dd† ( )u  at step 2, in the spatial frequency 

domain, noise aliasing is described as a convolution of Wd(u) 
with 1

2a
u n anΣ δ( )− / .

The Wiener NPS is, therefore, given by
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= k qo
2 .  (14.79)

The final result comes from the property of sinc-functions 
that an infinite sequence of sinc(au) functions, shifted by integer 
 multiples of au, sums to unity.

The MTF and DQE performance of this detector design can 
be determined from these results. For example, the pre-sampling 
MTF is determined as the ratio of the output to input mean signal 
in the spatial frequency domain, while ignoring aliased terms, 
normalized to unity at u = 0:

 MTF( ) sinc( ).u au=  (14.80)
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FIGURE 14.13 Illustration of the propagation of signal and noise through a cascade of steps representing an ideal sensor array. Left: signal propagation 
in the spatial domain. Center: signal propagation in the spatial frequency domain. Right: corresponding Wiener NPS. The left and center columns in each 
row represent Fourier pairs.
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The corresponding DQE is determined as:
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q W u do d

=
2

� �
†

†
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(14.81)

The average of scaled δ-functions in the angle brackets is 
�d

a
d† =

1
, giving

 DQE( ) sinc ( )u au= 2 .  (14.82)

This result shows that a simple idealized detector is not nec-
essarily a perfect detector for producing high SNR images. In 
this example, noise aliasing causes the DQE to follow a sinc2 
shape, dropping to the value sinc / /2 21 2 4 0 41( ) ( ) .= ≈π  at the 
sampling cutoff frequency, u = 0.5/a. Image noise would appear 
to have a high-frequency structure, something that is common 
to selenium-based detectors that typically suffer from noise 
 aliasing, as described by this model.

14.5.2 Experimental DQE Measurements

Equation 14.67 provides a convenient form for practical measure-
ments of the DQE, requiring a measurement of: (i) MTF; (ii) qo; 
and (iii) W u d( )/ 2.

Guidelines for the measurement of each have been described 
by IEC 62220-1 series of standards by the International 
Electrotechnical Commission. Figure 14.14 shows DQE curves 
obtained on five new radiographic detectors. At low spatial fre-
quencies, important for visualizing large image structures, the 
DQE differs by a factor of approximately 2×. This means the 
system with the lowest DQE requires twice the patient exposure 
to produce the same image quality at low frequencies. Of greater 
concern is at high spatial frequencies, where the same system 
requires 20× the exposure for visualizing small structures and 
fine detail. These results illustrate the wide range of image 

 quality that may be achieved with different imaging systems, 
and the importance of making an informed purchase decision 
and to ensure imaging systems are maintained to achieve the best 
 possible DQE values over their useful life.
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15
Image Quality in Attenuation-Based and 
Phase-Contrast-Based X-ray Imaging

Timur E. Gureyev and Yakov I. Nesterets

15.1  Introduction: Attenuation and 
Phase-Contrast X-ray Imaging

Quantitative details of the interaction of an X-ray beam with a 
weakly scattering non-crystalline sample can usually be evalu-
ated in terms of the integrals of the complex refractive index, 
nλ(r) = 1 − δλ(r) + iβλ(r), along the X-ray trajectories, where 
r = (x, y, z) are the spatial Cartesian coordinates and λ is the 
wavelength (Paganin 2006) (see also Section IV, Chapter 49 of 
this book). For hard X-rays, the refractive index decrement δλ for 
most materials is very small (of the order of 10−6 or less), hence the 
refraction angles are small too and it is usually possible to approx-
imate the X-ray trajectories through a sample by straight lines. 
For simplicity, let us consider first the case of a monochromatic 
X-ray wave with unit intensity propagating along the direction of 
the optic axis z (Figure 15.1). Phase shifts, ϕλ( , )r⊥ 0 , r⊥ = ( , )x y
, that the sample (which lies completely in the half-space z ≤ 0) 
introduces into the transmitted X-ray beam upon transmission 
through the sample, are proportional to the projections (line inte-
grals) of the real part of the refractive index, while the distribution 
of the logarithm of transmitted X-ray intensity in the object plane, 
Iλ( , )r⊥ 0 , is proportional to projections of the imaginary part:

 

ϕ π λ δλ λ( , ) ( ) ( , )r r⊥ ⊥

−∞

= − ∫0 2

0

/ dz z

 

(15.1)

 

ln ( , ) ( ) ( , )I z zλ λπ λ βr r⊥ ⊥

−∞

= − ∫0 4

0

/ d

 

(15.2)

When the incident wave is not plane, the integration in 
Equations 15.1 and 15.2 must be carried out along the normals to 
the incident wavefront.

As conventional radiographs represent the intensity distribu-
tion in the transmitted beam, Iλ( , )r⊥ 0 , they can only provide 
information about the imaginary part, βλ(r), of the refractive 
index and are insensitive to its real decrement, δλ(r). The latter 
quantity is related to the phase of the transmitted beam, as seen 
from Equation 15.1. On the other hand, in-line phase-contrast 
imaging (Nugent et  al. 1996; Wilkins et  al. 1996; Fitzgerald 
2000) allows one to measure this phase and, consequently, to 
reconstruct the distribution of the real part of the refractive index 
in the sample. In order to accomplish such a reconstruction, one 
needs to have an accurate quantitative model relating the trans-
mitted phase distribution, ϕλ( , )r⊥ 0 , to the in-line intensity dis-
tribution, I zλ( , )r⊥ , collected in the image plane z = R2. One such 
model is given by the finite-difference form of the Transport of 
Intensity equation (TIE) (Teague 1983; Van Dyck and Coene 
1987; Roddier 1990; Cowley 1995; Nugent et al. 1996; Gureyev 
and Wilkins 1998; Paganin and Nugent 1998; Gureyev 1999; 
Gureyev et  al. 1999, 2006b; Paganin et  al. 2002; Wu and Liu 
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2003; Paganin 2006), which, in the case of a quasi-spherical inci-
dent wave (Figure 15.1), can be written as follows:

M I M R I R I2
2 0 0 0λ λ λ λψ( , ) ( , ) [ ( , ) ( , )]r r r r⊥ ⊥ ⊥ ⊥ ⊥ ⊥= − ′∇ ⋅ ∇  (15.3)

where ψ λϕ πλ λ( , ) ( , ) ( )r r⊥ ⊥=0 0 2/  is called the eikonal (cor-
responding to the decrement of the optical path length which 
occurs due to the transmission of X-rays through the object rela-
tive to that in vacuum), ∇ = ∂ ∂⊥ ( , )x y  is the transverse gradient 
operator, R′ is the effective propagation (or “defocus”) distance, 
R′ = R1R2/(R1 + R2), R1 is the source-to-object distance, R2 is the 
object-to-detector distance and M = (R1 + R2)/R1 is the geomet-
ric image magnification. Note that the plane wave case can be 
formally obtained by setting M = 1 in Equation 15.3, which cor-
responds to a very distant source (R1→∞).

In the case of polychromatic and/or spatially partially coherent 
illumination, Equation 15.3 can be generalized to (Paganin and 
Nugent 1998; Gureyev 1999; Gureyev et al. 2004, 2006b):

M I M R I R I2
2 0 0 0( , ) ( , ) [ ( , ) ( , )]r r r r⊥ ⊥ ⊥ ⊥ ⊥ ⊥= − ′∇ ⋅ ∇ ψ  (15.4)

where I R I R P M D( , ) ( , ) ( , )r r r r r⊥ ⊥ ⊥ ⊥ ⊥= ∫∫ −2 2λ λ λ λ� � �d d  and 
I I P D( , ) ( , ) ( , )r r r r r⊥ ⊥ ⊥ ⊥ ⊥= ∫∫ −0 0 1λ λ λ λ� � �d d  are the measured 
polychromatic intensities in the image plane and the object plane, 
respectively, P Mλ( , )r⊥  is the point-spread function (PSF) of the 
imaging system (it depends on the detector resolution, X-ray 
source size and the geometric factors R1 and R2), Dλ is the spectral 
sensitivity of the detector and ψ( , )r⊥ 0  is the generalized (polychro-
matic) eikonal of the transmitted wave in the object plane (Gureyev 
et al. 2004). The generalized eikonal of a polychromatic wave is 
defined as a solution to Equation 15.4 with appropriate boundary 
conditions (Gureyev et al. 2004). It can be shown that, when the 
intensity distribution in the object plane does not vary strongly, 
the generalized eikonal can be expressed simply as the weighted 
average of the eikonals of its monochromatic components, that is, 
ψ ψ λλ λ( , ) ( , ) ( , ) ( , )r r r r⊥ ⊥ ⊥ ⊥= ∫0 0 0 0I Id /  (Gureyev et al. 2004).

Equations 15.3 and 15.4 imply that the contrast of images 
collected at some distance from the object is proportional to 
that distance and to the derivatives of phase distribution in the 
transmitted X-ray beam. For the purpose of understanding the 
mechanisms of in-line X-ray image formation, it is important to 
appreciate that, because of this differential nature, in practice 

in-line images often display an inherent “edge-enhanced” con-
trast. While the presence of characteristic sharp black-white 
fringes at the regions corresponding to rapid change of refrac-
tive index can be useful for detection of particular features in 
the sample, in general it means that the relationship between 
the refractive index and the image contrast in in-line imaging is 
more complicated than in conventional (absorption-based) radi-
ography. Accordingly, the problem of quantitative reconstruction 
of the three-dimensional (3D) distribution of the complex refrac-
tive index inside the sample requires solution of the so-called 
“phase reconstruction” problem, that is, solution of Equations 
15.3 or 15.4 with respect to the eikonal. The projected values of 
both the real and imaginary parts of the refractive index can then 
be obtained from Equations 15.1 through 15.3, which contain two 
unknown distributions, Iλ( , )r⊥ 0  and ψ λϕ πλ λ( , ) ( , ) ( )r r⊥ ⊥=0 0 2/
. Consequently, at least two different images are required in gen-
eral for the unambiguous reconstruction of these two unknown 
quantities. Such images can be collected at two different defocus 
distances or for two different incident X-ray energies or spec-
tra (although, strictly speaking, the latter case requires some a 
priori knowledge about the energy dependence of both quanti-
ties, Iλ( , )r⊥ 0  and ψλ( , )r⊥ 0 ) (Gureyev et al. 2006b). As follows 
from Equation 15.1, the reconstructed phase images may be iden-
tified with the quantitative maps of projected distribution of the 
real part of the complex refractive index. In medical radiogra-
phy, these maps can be used to determine the projected spatial 
distribution of electron density in the samples (see Section IV, 
Chapters 50 through 53 of this book).

If the transmitted intensity I Iλ θ λ θ, ,( ) ( , )obj r r⊥ ⊥≡ 0  and phase 
ϕ ϕ π ψ λλ θ λ θ λ θ, , ,( ) ( , ) ( , )obj /r r r⊥ ⊥ ⊥≡ =0 2 0  have been determined 
after illuminating the sample from multiple incident angles, θ, 
conventional tomographic methods can be used for the recon-
struction of the 3D distribution of the complex refractive index, 
nλ(r). For example, in the simplest case of plane monochromatic 
incident waves, one has:
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where Iλ,θ and ϕλ,θ are the reconstructed (e.g., using Equation 15.3) 
intensity and phase of the transmitted wave in the object plane 
for the incident plane wave with uniform intensity, Iλ

in, propagat-
ing at angle θ − π/2 with respect to the z axis (Figure 15.1) and F 
denotes the two-dimensional (2D) Fourier transform with respect 
to the transverse spatial coordinates (x, y) (Raven et  al. 1996; 
Cloetens et  al. 1997, 1999). The phase reconstruction step can 
sometimes be incorporated into the computed tomography (CT) 
reconstruction procedure (Wolf 1969; Devaney 1986; Bronnikov 
1999, 2002; Mayo et al. 2003; Anastasio et al. 2005; Wu and Liu 
2005; Gureyev et al. 2006a,c; Myers et al. 2007a,b). This can lead 
to improved signal-to-noise in the reconstructed results, while 
preserving the spatial resolution.

An analog of Equation 15.5 in the case of polychro-
matic incident  radiation can be easily obtained in the case 
of weakly absorbing objects, for which the approximation 
ln( ), ,I I I Iλ θ λ θ

obj in obj in/ /≅ − 1 can be applied with sufficient accuracy 
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FIGURE 15.1 Generic layout and main geometrical parameters of in-line 
(propagation-based) phase-contrast imaging and CT.
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for all wavelengths present in the relevant X-ray spectrum (Myers 
et al. 2007b). If such an approximation is not accurate enough 
under the conditions of a given experiment, a direct application 
of Equation 15.5 or its analog for the absorption-only case can 
lead to the so-called beam hardening artefacts which reflect 
the non-linearity of the dependence between the incident and 
transmitted X-ray spectra (softer X-rays are typically attenuated 
more strongly than harder X-rays upon transmission through the 
sample) (Natterer 1986; Kak and Slaney 2001). Beam hardening 
artefacts typically result in “cupping” of the reconstructed dis-
tribution of the absorption coefficient inside the object (Kak and 
Slaney 2001). Note that beam hardening does not occur in the 
case of monochromatic incident radiation, which is often used in 
synchrotron-based CT experiments (the synchrotron sources are 
so bright that it is often possible to monochromatize the incident 
X-rays, reducing their total intensity by a factor of 1000 or more 
and still have sufficient flux in order to perform CT scans within 
a reasonably short time).

As both the phase and intensity in the object plane are required 
for the reconstruction of the complex refractive index in accor-
dance with Equation 15.5, one generally needs to collect at least 
two images at each incident angle, θ, either at two different defo-
cus distances or for two different incident X-ray spectra. Known 
exceptions to this rule, where a single image per view angle is 
sufficient for an exact reconstruction, are represented by the fol-
lowing three cases.

 1. Conventional (or “contact”) transmission X-ray imag-
ing and CT, which can be viewed as a limit case of in-
line imaging, in which the sample-to-detector distance, 
R2, is negligibly small. Here X-ray refraction effects do 
not contribute to the registered images and, as a result, 
only the (projection of the) imaginary part, βλ(r), of the 
complex refractive index is reconstructed.

 2. The opposite case is represented by the so-called pure-
phase objects which exhibit negligible absorption at the 
X-ray energies used in the experiment. Here only the 
(projection of the) real decrement, δλ(r), of the complex 
refractive index contributes to the image contrast and 
can be reconstructed in in-line imaging experiments.

 3. Finally, there is a class of samples characterized by 
a fixed proportionality relationship between the real 
and imaginary parts of the refractive index decrement 
(Paganin et al. 2002):

 δ β γλ λ λ( ) ( )r r/ =  (15.6)

  where γλ does not depend on r. Obviously, this relation-
ship reduces the number of unknown 3D distributions 
from two to just one (assuming that γλ is known a pri-
ori) and, therefore, a single projection is sufficient for 
the reconstruction of both intensity and the phase. Such 
objects are sometimes called “monomorphous.” In fact, 
the above classes (a) and (b) can be formally viewed 
as special cases of class (c), with γλ = 0 and γλ = ∞, 
respectively.

The assumption of monomorphicity is valid for objects com-
posed of a single material (Paganin et al. 2002; Mayo et al. 2003) 

and for objects composed of light elements (Z < 10) illuminated 
by high energy (60–500 keV) X-rays (Wu and Liu 2005). The 
latter case corresponds to the fact that, for suitably high X-ray 
energy, the scattering properties of most light-element materials 
can be well approximated by the corresponding electron density, 
with no nuancing needed to account for the effects of atomic, 
chemical or nuclear structure: at sufficiently high energies 
almost all light-element materials become one material, namely 
“electron jelly,” as far as X-ray scattering is concerned (Wu and 
Liu 2005). The value of the monomorphous representation of 
the complex refractive index for TIE-based phased retrieval is 
in the following relationship (valid under the projection approx-
imation) between the phase and intensity distributions in the 
object plane:

 ϕ γλ λ λ( , ) ( ) ln ( , )r r⊥ ⊥=0 2 0/ I  (15.7)

(here we assumed for simplicity that Iλ
in = 1). Substituting 

Equation 15.7 into the generic TIE, Equation 15.3, one arrives at 
the following “monomorphous” form of the TIE (Paganin et al. 
2002):

  
M I M R R I2
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21 4 0λ λ λγ λ π( , ) ( ) ( , )r r⊥ ⊥ ⊥= − ′ ∇
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(15.8)

Given the inherent sensitivity of the phase retrieval methods 
based on the TIE to noise in the input images, the technique pro-
posed in Paganin et al. (2002) on the basis of Equation 15.8 was 
an important development as it allowed a stable and quantitatively 
accurate recovery of the phase from a single in-line image con-
taining realistic amounts (several percent) of noise. To date, this 
“monomorphous” TIE method (also known as “homogeneous 
TIE” or “TIE-Hom”) appears to be by far the most successful 
one in X-ray imaging applications of the TIE. The remarkable 
stability of the method has been explained by the fact that it 
optimally combines the sensitivity of the phase-contrast to high 
spatial frequency components of the transmitted complex ampli-
tude, provided by the second term on the right-hand side (r.h.s.) 
of Equation 15.8, with the complementary sensitivity (provided 
by the first term on the r.h.s. of Equation 15.8) of the absorp-
tion contrast to the low-frequency components. Mathematically, 
when γλ > 0, this equation corresponds to a strictly positive 
partial differential operator whose spectrum is separated from 
zero and, therefore, it does not have zeros in the corresponding 
contrast transfer function at low spatial frequencies. However, 
this useful property can only be attained for a special class of 
objects (transmitted complex amplitudes), namely those sat-
isfying Equation 15.7 or, slightly more generally, the equation 
∇ = ∇⊥ ⊥ ⊥ ⊥ ⊥ϕ γλ λ λ λ( , ) ( ) ( , ) ( , )r r r0 2 0 0/ /I I . Due to the propor-
tionality of the attenuation and phase shifts generated by samples 
obeying Equation 15.7, the phase can be retrieved from a single 
defocused image (Paganin et al. 2002), which is, of course, an 
extremely useful property as it allows one to avoid experimental 
problems related to image co-registration due to possible insta-
bilities of the incident beam, optical elements and/or the sample, 
as well as significantly simplify the data acquisition compared 
to phase retrieval methods requiring the acquisition of multiple 
images. The applicability of this method to monomorphous sam-
ples only is the main limitation of the method.



278 Handbook of X-ray Imaging

A number of different methods for TIE-based phase retrieval 
have been proposed and tested for generic (non-monomorphous) 
objects (Wolf 1969; Teague 1983; Devaney 1986; Van Dyck 
and Coene 1987; Roddier 1990; Cowley 1995; Nugent et  al. 
1996; Raven et  al. 1996; Cloetens et  al. 1997, 1999; Gureyev 
and Wilkins 1998; Paganin and Nugent 1998; Gureyev 1999; 
Gureyev et al. 1999, 2004, 2006b; Paganin et al. 2002; Wu and 
Liu 2003; Paganin 2006). These methods usually require more 
than one image collected either at different defocus distances 
(Teague 1983) or at the same distance, but at different radia-
tion wavelengths (Gureyev et  al. 2004). While being formally 
mathematically well-posed (Gureyev and Nugent 1996), these 
methods suffer from the generic low-frequency instability inher-
ent to phase retrieval using the TIE. As mentioned above, this 
instability is tightly related to the requirement for the propaga-
tion contrast to be low in order for the TIE approximation to 
be valid. Although quantitatively accurate phase retrieval from 
multiple defocused images of a generic object has been robustly 
demonstrated in both the visible light region (Barty et al. 2000; 
Paganin et al. 2004) and also for paraxial electron wavefields in 
the context of transmission electron microscopy (Bajt et al. 2000; 
De Graef and Zhu 2001), as far as we are aware this success 
has never been reproduced convincingly with X-rays, despite a 
number of attempts. It appears that one of the main difficulties 
in performing accurate TIE-based phase retrieval from multiple 
defocused X-ray images is in the variation of the incident illu-
mination, which tends to be more pronounced for X-ray sources 
compared to high-quality visible light sources. While the change 
in the incident intensity can often be at least partially compen-
sated by using appropriate “flat field” images (collected at the 
same defocus distances, but without the sample), the change in 
the phase distribution of the incident illumination generally can-
not be corrected for, except, perhaps, for the lowest tilt and defo-
cus aberrations that can be detected and corrected in software by 
comparing the positions of image boundaries. The other aberra-
tions of the illuminating beam usually end up as artefacts in the 
reconstructed phase, which often overwhelm the true signal from 
the sample. Another difficulty, which makes X-ray TIE imaging 
using multiple defocused images significantly more difficult than 
the corresponding problem using either visible light or electrons, 
is the “aspect ratio problem” and the associated difficulty in 
image registration: for visible light the defocus distance between 
adjacent planes requires a small defocus (measured relative to 
the pixel width), for electrons the required defocus is moderate, 
but not excessive, but for X-ray imaging the required defoci rela-
tive to pixel width can be massive (e.g., defocus distances on the 
order of meters are typical for phase-contrast imaging (PCI) of 
biomedical specimens, which is five orders of magnitude larger 
than typical pixel sizes of tens of microns).

The above issues regarding noise robustness are fairly stan-
dard for reconstructive imaging under low signal-to-noise condi-
tions. One of the most powerful tools for dealing with this type 
of problem is the use of a priori information. Obviously, in order 
to maximize the usability of a phase retrieval method, one would 
generally want to minimize the amount of a priori information 
required for successful performance of the method and, whenever 
possible, use only generic information, such as for example the 
positivity of the real and imaginary parts of the complex refrac-
tive index. Given the success of the monomorphous TIE method, 

it appears useful to try to extend its positive traits, namely the 
use of absorption contrast for regularizing phase retrieval at low 
spatial frequencies, to generic samples. Even though for generic 
samples one cannot assume that the ratio of the real to imaginary 
part of the refractive index is constant throughout the sample, it 
should be possible in most cases to estimate the upper and lower 
limits of this ratio, for example from a priori knowledge of the 
expected material constituents of the sample. By constraining 
this ratio one should be able to eliminate at least some of the 
phase artefacts, thus improving the stability of the phase retrieval 
(Gureyev et al. 2015b).

To date, phase-contrast CT has been proven to possess the fol-
lowing advantages compared to conventional CT:

 1. Potentially reduced absorbed X-ray dose due to the reli-
ance on refraction, rather than absorption, as a contrast 
mechanism (Cloetens et al. 1996; Wilkins et al. 1996; 
Pogany et al. 1997; Fitzgerald 2000).

 2. Better stability with respect to high spatial frequency 
noise in experimental projections (Bronnikov 1999, 
2002; Gureyev et al. 2006c; Myers et al. 2007a).

 3. Achromaticity and, as a consequence, potential absence 
of beam hardening artefacts (Wilkins et al. 1996; Myers 
et al. 2007).

 4. Improved “locality” (which is understood as the ability 
to perform region-of-interest or “zoom” CT in objects 
that are larger than the field of view of the imaging sys-
tem), providing a further potential for the reduction of 
absorbed radiation dose (Gureyev et al. 2007).

15.2  Spatial Resolution and Signal-to-
Noise Ratio of an Imaging System

There are many known definitions of the spatial resolution of an 
imaging system (see e.g., Born and Wolf 1980; Barrett and Myers 
2004). Most of these definitions apply only to particular types 
of imaging systems, and some also imply the use of a specially 
prepared sample (e.g., “resolution pattern”) that has to be imaged 
in order to evaluate the performance of the system. Nevertheless, 
there is one approach to the spatial resolution based on the notion 
of point-spread function (PSF), which is more generally applica-
ble than the rest. Moreover, it is possible to show that most other 
definitions of spatial resolution can be reformulated using the PSF 
formalism, at least in the case of linear shift-invariant (LSI) imag-
ing systems (see Section I, Chapter 14 of this book). If the system 
is linear, but not shift-invariant, then the PSF becomes dependent 
on a point in the image; such a position-dependent PSF is known 
as Green’s function (Barrett and Myers 2004). If the system is 
not linear, then the situation becomes much more complicated. 
However, in the present chapter we will limit our consideration 
to LSI systems only. Until recently it was generally accepted that 
the PSF-based approach to spatial resolution is only useful for 
incoherent LSI imaging systems. However, it has been demon-
strated recently that suitable modifications of the PSF approach 
can be applied to many partially coherent systems, if one con-
siders separately, for example, the “amplitude” and the “phase” 
PSFs (which are sometimes called “propagators”) (Nesterets and 
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Gureyev 2016). Therefore, here we adopt the approach to spatial 
resolution which is based on the notion of PSF.

Consider a simple model for formation of images in a LSI 
imaging system which involves a stochastic incident flux of 
imaging particles and a linear filter function describing the 
deterministic action of the imaging system. Here the fluence of 
particles (i.e., the particle density) registered by the imaging sys-
tem will typically result from interaction of particles emitted by 
a source with a scattering object (sample) that is being imaged, 
but we leave the analysis of effects for later in the text. Different 
realizations (instances) of images registered by the system under 
the same conditions correspond to different sample functions of 
the stochastic detected particle fluence distribution Sin(x), x∈Rn, 
where n is the dimensionality of the image. Note that here we 
generalize the concept of an imaging system to any positive 
integer dimension n which can be convenient, for example for 
description of 3D imaging. We will call the expectation value 
(ensemble average), Sin( )x , the “input signal.” The difference, 
�S S Sin in in( ) ( ) ( )x x x= − , is the corresponding “noise process.”

The action of an arbitrary n-dimensional linear LSI imaging 
system can be described by a general convolution equation:

 
S T S din( ) ( ) ( ) ,x x y y y= −∫

 
(15.9)

where x, y∈Rn, Sin(x) and S(x) are the intensities of the input 
 photon fluence and the output image, respectively, and T(x) is a 
(non-negative) PSF. It follows immediately from this definition 
that the PSF is the response of the system to a δ-function like 
input:

 
T T d( ) ( ) ( )x x y y y= −∫ δ

 
(15.10)

In other words, PSF defines how a sharp input signal is blurred 
by the system. Therefore, it is common to define the spatial reso-
lution, Δx, of an imaging system in terms of the “width” of its 
PSF, for example as the standard deviation of the PSF:
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Here, the factor 4π/n is introduced for normalization purposes 
(see Table 15.1), ||f ||p = (∫|f(x)|pdx)1/p is the usual Lp norm, and we 
have assumed for simplicity that T(x) ≥ 0 is properly centered 
with respect to x = 0, that is, its first integral moment is equal 
to zero.

Following the ideas discussed in Goodman (1985), Mandel 
and Wolf (1962) and elsewhere, it is also possible to define 
the spatial resolution of the LSI system by an alternative 
expression:
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The results of calculation of (Δx)2 and (Δ2x)2 for some popular 
PSFs shown in Table 15.1 demonstrate that the spatial resolution 

TABLE 15.1

Spatial Resolution Associated with Different PSFs
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Source: Gureyev, T. et al. 2016. Spatial resolution, signal-to-noise and information capacity of linear imaging systems. 
Optics Express 24:17168. With permission of Optical Society of America.

Note: All PSFs are normalized such that ||T(x;σ)||1 = 1.
a The overhead “∧” symbol denotes the Fourier transform.
b The function χ σ σ[ , ]− n ( )x  is equal to 1 when |xj| < 1 for all j = 1, 2, …, n, and is equal to 0 elsewhere.
c In this row: An = (n/2 + 1)Γ(n/2 + 1), Cn = 2nΓ(n/2)n(n + 2)/(n + 4)n/2+1. Note that 1 12/Cn

n/ > .
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defined by Equation 15.12 produces similar and, in some cases 
more natural, results compared to the more conventional defini-
tion given by Equation 15.11.

Another important characteristic describing the quality of an 
image is the signal-to-noise ratio, SNR(x), which can be defined as

 
SNR

S
( )

( )
( )

x
x
x

=
σ  

(15.13)

where S ( )x  is the mean output signal (i.e., the statistically aver-
aged intensity distribution in the image) and σ2(x) is the variance 
of S(x) (i.e., the second integral moment of the noise process, 
�S S S( ) ( ) ( )x x x= − ). This is a very important characteristic of 
any image, which is determined by the incident flux of photons, 
as well as the system’s PSF. This SNR can be calculated by col-
lecting multiple (many) noisy realizations of the same image and 
performing proper statistical analysis. If real experimental data 
are acquired, this approach can be time consuming and very 
costly. If, instead, a single (noisy) image is available, SNR can 
be approximated, assuming that image noise is a spatially quasi-
stationary process, so that the statistical properties of noise are 
the same in all points within some sub-regions of the image (as 
a minimum requirement, these sub-regions have to be uniform 
and their linear dimensions have to be large compared to the 
correlation length of noise). Then a single value of SNR can be 
attributed to each of these sub-regions by using spatial averaging 
in place of ensemble averaging (in close analogy with ergodicity, 
where the ensemble average is replaced by the time average).

It is possible to show (Gureyev et al. 2016) that, if the SNR spa-
tially varies slowly compared to the PSF (i.e., if SNR(x) is almost 
constant over distances comparable with the width of the PSF), then
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where SNR Sin in in
2 2 2= ( ) ( )x x/σ  and ( ) || || || ||

/
Δ2 1

2
2
2 1

x T Tin in in

n
= ( )/ ,  

Tin(x) ≥ 0, are the “intrinsic” SNR and PSF  of  the  photon 

fluence  incident on the imaging system. Note that, by defini-
tion, the  autocorrelation function of the intrinsic PSF, Hin(x) 
= ∫Tin(y)Tin(x +  y)dy, is directly related to the degree of correla-
tion of the incident fluence, Sin(x) (Gureyev et al. 2016).

It is obvious from Equation 15.14 that the SNR and the spa-
tial resolution are intimately related. Indeed, one can always be 
traded for the other. By applying a low-pass filter to an image, it 
is usually possible to increase the SNR at the expense of spatial 
resolution. The opposite is also true: by applying a high-pass filter 
(deconvolution) to an image, it is sometimes possible to improve 
the spatial resolution at the expense of SNR. These effects are 
demonstrated in Figures 15.2 through 15.4.

This obvious dependence of the spatial resolution on the 
SNR sometimes leads to claims that, in general, the spatial 
resolution cannot be objectively defined. The argument goes 
that, at least in the absence of noise, a typical image can be 
deconvolved with the system’s PSF to achieve an arbitrary fine 
spatial resolution. However, in reality, no image can be com-
pletely free from noise (this is ultimately a consequence of the 
quantum nature of electromagnetic radiation). A deconvolu-
tion is known to be a mathematically ill-posed operation which 
inevitably amplifies the noise. Therefore, it is impossible in 
practice to achieve an infinitely fine spatial resolution, even if 
the PSF is known exactly and the image has a lowest possible 
level of photon noise (corresponding to vacuum fluctuations of 
the electromagnetic field).

15.3  Imaging Quality and Information 
Capacity of an Imaging System

In view of the above arguments given at the end of Section 
15.2 about the inter-relationship between noise and spatial res-
olution, it is useful to introduce the following dimensionless 
quantity (de Hoog et al. 2014; Gureyev et al. 2014a,b, 2015a, 
2016; Nesterets and Gureyev 2015), which incorporates both 
the noise propagation and the spatial resolution properties of 
LSI systems:

Photon source Sample

A
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n2

n2

n3

n3

n4

n4

n0

Detector

SNR2 =  n1 + n1 ≅ 2γ n0
∆x = A/2

SNR′2 =  n1 + n2  + n3  +  n4 

SNR2
= = = SNR′2

≅ 4γ n0

2γ n0 4γ n0

(A/2)

SNR2 =  n3 + n4 ≅ 2γ n0
∆x = A/2

∆x′ = A

A ∆x′∆x

FIGURE 15.2 Basic trade-off between SNR and spatial resolution (in the case n = 1).
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The quantity QS was termed the “intrinsic imaging quality” 
characteristic (per single particle) of the imaging system. Note 
that, in Equation 15.15, although both SNR(x) and S ( )x  can vary 
across the image, they have been assumed “quasi-stationary,” 
that is, approximately constant within the width of the PSF. It 
turns out that, under these conditions, in the case of Poissonian 
photon statistics, the imaging quality QS is constant across the 
image (Gureyev et al. 2016) and is equal to the ratio of the two 
spatial resolutions defined in Equations 15.11 and 15.12:
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In other words, the intrinsic imaging quality characteristic can 
be expressed purely in terms of the system’s PSF alone. It is easy 
to verify that the functional in the right-hand side of Equation 
15.16 is bi-invariant with respect to multiplication of the PSF or 
its argument by any positive constant. Therefore, QS is indepen-
dent from the height or width of the system’s PSF, and depends 
only on its functional form (see Table 15.1). It was proven in de 
Hoog et  al. (2014) that the intrinsic imaging quality is always 
bounded from above, that is, the inequality

 Q T CS n
2 1( ) ≤ /  (15.17)

holds and is exact (i.e., the constant 1/Cn is the minimal pos-
sible one) for LSI systems with point-spread functions, 
T(x), having finite mathematical expectation, variance 

Image with 20%
Poisson noise
SNR = 5

(a) (b)

(c) (d)

5-pixel wide
Gaussian �lter
SNR = 40

9-pixel wide
median �lter
SNR = 32

9-pixel wide
top-hat �lter
SNR  = 43

FIGURE 15.3 An increase of SNR, as a result of a low-pass filter, leads to lower spatial resolution.

10-pixel wide PSF
1% noise
SNR = 60
∆x = 10 pixels

Wiener deconv.
reg. = 0.52 (optim.)
SNR = 47
∆x = 7 pixels

Wiener deconv.
reg. = 1.e–9
SNR = 0
∆x = 1 pixel

Richardson–Lucy
iter. = 214
SNR = 54
∆x = 8 pixels

(a) (b)

(c) (d)

FIGURE 15.4 An improvement of the spatial resolution, as a result of image deconvolution, leads to lower SNR. Two popular methods were used: Wiener 
deconvolution (https://en.wikipedia.org/wiki/Wiener_deconvolution), with different values of the regularization parameter, and Richardson–Lucy deconvo-
lution (https://en.wikipedia.org/wiki/Richardson-Lucy_deconvolution), with an optimal number of iterations. The last image (d), in particular, demonstrates 
that the definition of spatial resolution may be useless without a reference to the corresponding SNR.

https://en.wikipedia.org/wiki/Wiener_deconvolution
https://en.wikipedia.org/wiki/Richardson-Lucy_deconvolution
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and  energy. Cn = 2nΓ(n/2)n(n + 2)/(n + 4)n/2+1 is called 
the Epanechnikov constant (Epanechnikov 1969; de Hoog 
et  al. 2014; Gureyev et  al. 2014b). The maximum, that is, the 
equality Q T CS n

2 1( ) = / , is achieved on Epanechnikov PSFs 
TE(x) = (1 − |x|2)+ (Epanechnikov 1969; de Hoog et  al. 2014), 
where the subscript “ + ” denotes that TE(x) = 0 at points where 
the expression in brackets is negative. Note that C1 = 6(π/125)1/2 
≅ 0.95 and Cn→0 monotonically when n→∞. Although the defi-
nition of the intrinsic quality was originally introduced for LSI 
systems (Gureyev et  al. 2014b), later it was extended to some 
non-linear systems. One such example, studied in Nesterets and 
Gureyev (2015), corresponded to the case of the ideal observer 
SNR (Barrett and Myers 2004) in the famous Young double-slit 
diffraction experiment. Examples of the spatial resolutions Δx 
and Δ2x, as well as the corresponding intrinsic imaging quality 
values, are given in Table 15.1 for some well-known functional 
forms of PSF.

Let us consider the values of the spatial resolution, the SNR 
and the intrinsic imaging quality in the case of in-line phase-
contrast imaging and CT. It can be shown (Nesterets et al. 2005; 
Gureyev et al. 2008) that, in the case of a generic in-line imaging 
system depicted in Figure 15.1, we have:
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is the variance of the PSF of the in-line imaging system shown 
in Figure 15.1, σsrc is the variance of the spatial distribution of 
the source intensity, σdet is the variance of the detector PSF and

 
N RF = ′2 2πσ λsys /( )

 (15.20)

is the Fresnel number corresponding to the width of the system’s 
PSF. The corresponding SNR in in-line imaging systems is equal 
to (Gureyev et al. 2008):
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where c1 and c2 are some fixed positive constants of the order of 
one. Note that the definition of SNR here is somewhat different 
from the generic one given in Equation 15.13 above. The SNR in 
Equation 15.21 was defined (Gureyev et al. 2008) as the ratio of 
“signal” and “noise” corresponding to the integral of the absolute 
values of the image intensity, after subtraction of the uniform 
background, over the area covered by the first Fresnel fringe pro-
duced by an ideal “phase edge” with the maximum phase shift 
ϕmax (see details in Gureyev et al. 2008).

As demonstrated in Nesterets et al. (2005) and Gureyev et al. 
(2008) and elsewhere, Equations 15.18–15.21 can be very useful 
for evaluation and optimization of in-line imaging systems. In 
particular, calculating the intrinsic imaging quality, as defined 

in Equation 15.15 (for planar images, n = 2), from Equations 
15.18–15.21, we obtain:
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The most important feature of Equation 15.22 is the existence 
of an absolute upper bound for the intrinsic imaging quality in 
the case of in-line imaging, in agreement with the general result 
given by Equation 15.17. As, under the validity conditions of 
Equation 15.22, the coefficient Ω = c3|ϕ|max < 1 has the meaning 
of the X-ray scattering power (which is equal to the product of 
the scattering coefficient and the sample length and is also equal 
to the fraction of the incident photons that are scattered by the 
sample on average) of the straight edge, the result in Equation 
15.22 is an agreement with the general result for weakly scatter-
ing objects (Gureyev et al. 2016). Therefore, while it is possible 
to vary the spatial resolution and the SNR in in-line imaging, 
by varying the source-to-sample and the sample-to-detector dis-
tances, the ratio of the SNR to the product of the spatial resolu-
tion and the square root of the incident fluence cannot exceed an 
upper limit which depends only on the scattering power of the 
object. Importantly, the radiation dose is also an integral part of 
this relationship, contributing to Equation 15.22 via the average 
photon fluence in the image. Therefore, another way to interpret 
Equation 15.22, and its more general form, Equation 15.17, is to 
say that they express the limit for possible trade-offs between the 
spatial resolution and the SNR, at a fixed level of the incident 
photon fluence (and, hence, the radiation dose).

Equations 15.17 and 15.22 are also related to the problem of 
extraction of information about the imaged object in an imag-
ing (or, more generally, scattering) experiment. Obviously, the 
ultimate goal of biomedical X-ray imaging is the extraction of 
the maximum amount of relevant information about the sample 
from an imaging experiment with a minimal possible radiation 
dose delivered to the sample (which is usually also linked to the 
shortest exposure time). The relationship between the intrinsic 
imaging quality, QS, and the Shannon information capacity of 
an imaging system has been studied in Gureyev et  al. (2015a, 
2016). Recall, that the information capacity (expressed in bits) 
per single imaging particle of an imaging system is equal to

 C M n M n SNR OS ( , ) . ( )[log ( )]2 2 2
20 5 1= +/ 〈 〉  (15.23)

both in the case of Gaussian and Poissonian photon statistics 
(Cox and Sheppard 1986; Gureyev et al. 2008), where M2 = An/
(Δ2x)n is the number of resolution units (“pixels”), with the spa-
tial resolution defined according to Equation 15.12, 〈SNR2〉 is the 
value of the square of the SNR averaged over all pixels and O(1) 
is some function which is limited from above by a positive con-
stant of the order of one for any values of M2 and n . The defini-
tion of the information capacity simply means that the value

 X M n SNRn C M n MS( , ) ( , ) /
2

2 22 2 2= ≅ 〈 〉  (15.24)

corresponds to the total number of distinguishable images that 
the system is capable of producing using n  photons. Indeed, on 



283Image Quality in Attenuation-Based and Phase-Contrast-Based X-ray Imaging

an intuitive level it is easy to appreciate that the average SNR 
determines the number of distinguishable signal levels in a 
pixel. Then, given M2 independent pixels, the system is generally 
capable of representing SNRM2  distinct images. Equation 15.24 
makes this intuitive idea rigorous.

At the same time, it can be shown that the square of intrinsic 
imaging quality is equal to (Gureyev et al. 2015a, 2016):

 Q M n M n SNRS
2

2 2
2( , ) ( )= / 〈 〉  (15.25)

The obvious similarities and differences between Equations 
15.23 and 15.25 determine the relationship between the informa-
tion capacity and the intrinsic quality of an imaging system. In 
particular, the following inequality always holds (Gureyev et al. 
2015a):
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Given the fact that the constant Cn
−1 is only slightly larger than 

one (e.g., for planar images we have 1/C2 = 9/8), the inequality 
(Equation 15.26), in the case of a large number of photons, basi-
cally means that the number of bits of information that an imag-
ing system can encode cannot exceed the number of imaging 
particles (photons) used in the system. In other words, we can say 
that the information capacity of an imaging system is ultimately 
limited by the maximum allowed radiation dose.

In the case of imaging with very small numbers of photons, 
Equation 15.26 actually contains a kind of “paradox:” it is possi-
ble to arbitrarily increase the information capacity of an imaging 
system with a fixed number of photons by increasing the num-
ber of resolution units (pixels) (this effect is due to the presence 
of the term M2O(1) in the right-hand side of Equation 15.26). 
Indeed, any fixed number of photons can in principle be directed 
to more and more “new” pixels, thus creating more new images. 
In most practical situations, this paradox does not have any con-
sequences, as it only becomes relevant when the total number of 
pixels is of the same order as the total number of photons in the 
image (so that every pixel receives only a few photons, on aver-
age). Nevertheless, this paradox shows some internal mathemati-
cal issues with the definition of Shannon’s information capacity. 
Just as in the case with spatial resolution, there are many other 
definitions of the information capacity, for example based on 
Maximum Likelihood and Fischer information (see e.g., Barrett 
and Myers 2004). On the other hand, the intrinsic imaging qual-
ity, QS, while representing a similar characteristic of imaging 
systems as the information capacity, does not allow mathemati-
cal paradoxes of this kind, as QS is invariant with respect to the 
number of resolution units (pixels) and the total number of pho-
tons (or the dose). In that sense, QS may provide a more conve-
nient description of the quality/capacity of an imaging system.

15.4 X-ray Dose and Its Role in Image Quality

X-ray radiation is an ionizing radiation, that is, it produces ion-
ization in the illuminated object. Ionization is the process in 
which one or more electrons are liberated during collision of the 

ionizing particles (e.g., X-ray photons) with atoms or molecules 
of the object.

In the medical context, the effect of an ionizing radiation on 
matter is usually quantified by absorbed dose, D, which is (ICRU 
2011) “the quotient of dε  by dm, where dε  is the mean energy 
imparted by ionizing radiation to matter of mass dm.” The unit 
for absorbed dose is J/kg and the special name for the unit of 
absorbed dose is gray (Gy). In addition to the absorbed dose, 
which is a point quantity, an “integral” characteristic of the ion-
izing radiation is widely used, namely the mean absorbed dose 
(also known as specific energy). The latter is (ICRU 2011) “the 
quotient of ε by m, where ε is the energy imparted by ionizing 
radiation to matter in a volume of mass m.” It has the same unit 
and special name as the absorbed dose.

Due to its harmful effect on the objects, especially in biomedi-
cal applications, it is imperative to use as low an X-ray absorption 
dose as practical (see Section II, Chapter 29, Section III, Chapter 
38, and Section IV, Chapter 66 of this book). It is relatively easy to 
obtain high-quality X-ray images if the dose and the exposure time 
are unlimited; the challenge is to obtain an image with the highest 
possible quality at the lowest possible dose and shortest exposure.

The absorbed dose can be written as follows,

 D S E en= ( )µ ρ/  (15.27)

where S is the fluence of uncharged particles of energy E and 
µen/ρ is the mass energy-absorption coefficient. Using Equation 
15.27, absorbed dose, D, in any other material than air, is related 
to that in air, Dair, as follows:

 D Dair en en air= ( ) ( )µ ρ µ ρ/ / /  (15.28)

Equation 15.28 is exact and is widely used for local dose mea-
surements in anthropomorphic phantoms, by inserting small 
ionization (or other dosimetric) devices inside the phantom and 
collecting their readings during exposure of the phantom with 
X-rays.

Alternatively, numerical simulations of the interaction of 
X-rays with matter are very popular as they allow quick and 
accurate calculations of local and mean absorbed doses for 
a numerical phantom, for different imaging conditions. As an 
example, a numerical breast phantom is schematically depicted 
in Figure 15.5 (Dance 1990; NCRP Report 147 2004). The mean 
absorbed dose (in mGy) of the glandular tissue, Dr, having radius 
r (in cm) and located inside a cylinder of radius Rout (in cm), 
consisting of adipose tissue (fat), simulating the skin layer, can 
be calculated as follows (Johns and Yaffe 1985; Nesterets and 
Gureyev 2014):
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Here, E is the X-ray energy (in keV), Sin is the incident photon 
fluence (in photons per cm2), ρr is the mass density of the glan-
dular tissue (in g/cm3) and Rabs,r is the fraction of X-ray energy 
incident on the phantom and absorbed in the glandular tissue. 
The latter was calculated using Monte Carlo (MC) simulations 
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and the results are shown in Figure 15.6. The chemical compo-
sitions for the skin layer and glandular tissue used in the MC 
simulations are presented in Table 15.2.

It can also be argued (see our discussion in Section 15.3) that the 
ultimate quantity of interest for imaging experiments is the total 
information capacity of an imaging system, which corresponds to 
nC M nS ( , )2 , rather than the information capacity per single particle, 
C M nS ( , )2  (see Equation 15.23). In terms of imaging quality, a quan-
tity similar to the information capacity is represented by the “total 
imaging quality,” n Q M n R S Q M nS out in S

1 2
2

1 2
22/ /( , ) ( , )= , where 

2Rout is the diameter of the irradiated surface of the object. When 
attempting to maximize this value, it is essential to remember that 
the radiation dose, although proportional to the number of pho-
tons incident on the sample, also depends on the energy E of these 
photons. For example, in the case of the numerical breast phantom 
considered above, the dose in Equation 15.29 can be written in a 
more compact form as

 D R r R E S Eout r abs r in= κ ρ( , , ) ( ),  (15.30)

where the coefficient κ depends only on the geometry and 
mass density of the phantom. An optimization problem can be 
formulated, for example, as that of maximizing the quantity 
S Q M nin S

2
2( , )  at a fixed value of D (absorbed energy per unit 

entrance area).

Note that the definition of imaging quality used above implies 
the use of an ideal photon-counting detector, which explains the 
fact that photons with different energy bring the same amount of 
information or “image quality” per particle. The expression will 
be different for energy integrating detectors, at least in the case 
of polychromatic radiation, where photons with different energy 
will make different contributions to the “signal.”

The definition of the “signal” can also be modified. Indeed, it 
is sometimes argued that the “true information,” which is readily 
accessible to a human observer, corresponds not to the absolute 
level of intensities in different detector pixels, but to the image 
contrast. When that premise is accepted, then the SNR in the 
above considerations is replaced by the contrast-to-noise ratio 
(CNR).

TABLE 15.2

Chemical Composition and Mass Densities of the Materials Present 
or Emulated in the Phantom

Substance
Composition (Formula 

or Weight %)
Mass Density 

@20°C (g/cm3)

Polycarbonate C16H14O3 1.2

Glycerol C3H8O3 1.261

Calcium chloride 
1 M

Ca 3.69 1.086

Cl 6.53

H 10.05

O 79.73

Ethanol 35v% H 11.75 0.956

C 15.07

O 73.18

Paraffin oil H 14.86 0.827–0.890

C 85.14

Water 
Gland tissue

H2O 1

H 10.2 1.04

C 18.4

N 3.2

O 67.7

S 0.125

P 0.125

K 0.125

Ca 0.125

Adipose tissue H 11.2 0.93

C 61.9

N 1.7

O 25.1

S 0.025

P 0.025

K 0.025

Ca 0.025

Glandular tissue 
(50w% adipose, 
50w% glandular)

H 10.7 0.982

C 40.15

N 2.45

O 46.4

P 0.075

S 0.075

K 0.075

Ca 0.075

Source: Hammerstein, G. R. et al. 1979. Radiology 130:485–91.
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FIGURE 15.5 A schematic diagram of the numerical phantom used for 
mean glandular dose calculations.
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FIGURE 15.6 Energy dependencies of the parameter Rabs,r, specifying the 
fraction of the X-ray energy incident on the phantom, shown in Figure 15.5, 
and absorbed in the glandular tissue forming a cylinder of radius r, for dif-
ferent radii of the phantom (also see text).
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15.5 Variants of Definitions of SNR and CNR

Different definitions of feature contrast are used by various 
authors (or even the same authors) in absorption (transmission) 
images. These definitions are not restricted to 2D projection 
images. For instance, they are equally well applicable to recon-
structed CT slices and CT volumes.

The following definition of image contrast is usually used in 
pure absorption images, when the feature of interest is small 
compared to the whole object and, hence, quantifies the relative 
deviation of the feature value from the local background:

 
C I I Ib f b1 ≡ −| |/

 (15.31)

where I f  is the mean (ensemble averaged) image value within 
the feature support and Ib  is the mean image value in the back-
ground, near the feature.

An alternative definition is found to be useful in phase- 
contrast imaging (in particular, in propagation-based PCI), when 
the combined effect of absorption and phase-contrast should be 
quantified at the feature edges/boundaries:

 C A I I I I2( ) ( ) ( )max min max min≡ − +/  (15.32)

where Imax and Imin are the maximum and minimum values of 
the mean (ensemble averaged) image, in region A. If the effect of 
absorption has to be separated from phase-contrast, the contrast 
in Equation 15.32 is typically split into the absorption (a) and 
phase-contrast (p) components:

 
C I I I Ia b f3, max min( )≡ − +| |/

 (15.33)

where I f  and Ib  are measured sufficiently far from the edges (and 
phase-contrast fringes) and

 
C I I I I I Ip b f3, max min max min( | |) ( )≡ − − − +/

 (15.34)

Note that all above definitions, including C1, C2(A) and C3,{a,b}, 
are dimensionless, regardless of the units of the image values. 
It is worth noting that, while all possible values of C1 are in the 
range from zero to infinity, all possible values of C2(A) and C3,{a,b} 
are in the range from zero to one.

The above definitions of contrast operate in terms of ensemble 
averaged intensities and do not take into consideration random/
stochastic noise (noise, for short). The latter is usually quantified 
by a single parameter, its standard deviation. Noise has a detri-
mental effect on the diagnostic value of X-ray images. This man-
ifests itself in the fact that low-contrast features in noisy images 
become less noticeable/resolved. The effect of noise on contrast 
resolution, that is, the ability to resolve small grayscale incre-
ments in noisy images, can be quantified by contrast-to-noise 
ratio (CNR), which is usually defined as
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where, as above, I f  is the mean image value in a region-of-
interest (ROI) located within the feature support, Ib  is the mean 
image value in a ROI within the local background of the feature 
and σf and σb are the standard deviations of If and Ib in the con-
sidered ROIs. The ROIs are typically chosen in uniform parts of 
the image and, hence, the CNR in Equation 15.35 does not take 
into account phase-contrast. By analogy with Equation 15.32, an 
alternative definition of CNR in region A can be introduced,
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(15.36)

where, as above, Imax and Imin are the maximum and minimum 
image values in region A, and σA

2  is the spatially averaged vari-
ance of noise in region A, σ σA A AdS S2 2≡ ∫ / .

Rose (1948) used a test pattern consisting of disks on a uni-
form background. The disks along any row decrease in diameter 
by a factor of two for each step. The disks in any column have the 
same diameter, but vary in contrast stepwise by a factor of two. 
The (relative, as opposed to absolute one used above) contrast 
is defined as C F F Frel b d b≡ −( )/ , where Fd is the mean quanta 
fluence in the region of a disk and Fb  is the mean quanta fluence 
in the uniform background. If the quantum noise is uncorrelated 
and satisfies Poisson statistics, then, for a given value of Fb , all 
of the disks to the upper left of some diagonal in the test pattern 
should be visible and all of those to the lower right should not. 
As the mean photon fluence Fb  is increased, the diagonal bound-
ary between visible and invisible disks moves to the right and, in 
particular, should move from one diagonal of disks to the next for 
a factor of four increase in Fb .

Rose (1948) introduced a signal-to-noise ratio, SNRRose, where 
the signal is defined as the absolute change of the mean num-
ber of photons within a disk with respect to the mean number of 
photons within the same area of the disk, Sd, in the background, 
that is, ( )F F Sb d d− , and noise is the standard deviation of the 
number of photons within the area Sd in the background, that is, 

F Sb d :
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(15.37)

Rose (1948) found that, in order for a disk to be visible to 
(detectable by) a human observer, the SNR should be at least 
five. Although restricted to a special case of a circular disk on a 
uniform background and uncorrelated Poisson noise, Equation 
15.37 correctly predicts the relationship, in a feature detection 
task, between the feature contrast, the feature linear size and 
the mean background photon fluence. In particular, if the fea-
ture contrast or the feature linear size is decreased by a factor 
of two, the threshold (minimal) photon fluence (and, hence, the 
radiation exposure) is increased by a factor of four (in planar 2D 
images).

The ratio
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(15.38)
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is often called “figure of merit” (FOM). One can see that this 
quantity is somewhat similar to the intrinsic imaging quality, as 
defined in Equation 15.15, but the FOM does not take the spatial 
resolution into account. Of course, it is also possible to consider 
F(x)/Δx, and the latter quantity indeed represents a useful char-
acteristic of an image quality which, unlike the intrinsic imaging 
quality, takes into account the properties of the sample. Indeed, 
the imaging quality QS is defined via the properties of the imag-
ing system alone (see Equations 15.15 and 15.16) without any ref-
erence to the imaged sample. On the other hand, it is obvious that 
the contrast in an image will depend substantially on the imaged 
sample, provided that the incident illumination is suitably uni-
form (which can be improved by division of the sample images 
by the flat field images) and the detection system does not have 
obvious defects (which can also be partially corrected by various 
pre-processing steps, such as the subtraction of the dark current, 
replacement of “hot” or “cold” pixel intensities by the suitably 
weighted averages from neighboring pixels, etc.). Consequently, 
the CNR, FOM and F(x)/Δx will strongly depend on the proper-
ties of the sample. This can be a very useful property, if an imag-
ing system needs to be optimized for a particular imaging task 
and a certain class of samples (see e.g., Nesterets et al. [2015], 
where both QS and F(x)/Δx are evaluated for different samples).

Another related question is that of the imaging quality of 
“raw” versus processed images. We have already mentioned 
some typical “pre-processing” steps that are routinely applied in 
biomedical imaging, such as flat field and dark current correc-
tions and substitution of known “bad” pixel values. The typical 
result of the first two pre-processing operations can be formally 
described as
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(15.39)

where S(x), Sdark(x), Sflat(x) and Spproc(x) are the raw, dark, flat 
and pre-processed images, respectively (in practice, both Sdark(x) 
and Sflat(x) are usually averaged over multiple frame acquisition 
under the same conditions). It follows from Equation 15.39 that 
the pre-processed signal will always have the expected value of 
1 in the areas where the direct beam falls onto the detector with-
out any influence of the sample. Therefore, this pre-processed 
signal no longer has Poisson statistics, even if the “raw” signal 
had it. This means that the notion of “signal” is “trivialized” 
by the pre-processing transformation defined by Equation 15.39, 
and all the essential statistical information is shifted into the 
image noise. This is particularly true in the case of such “indi-
rect” or “reconstructive” imaging techniques as CT. Indeed, the 
images of interest in this case are represented primarily by the 
reconstructed 2D slices or 3D volumes, which can show the spa-
tial distribution (inside the sample) of the imaginary part of the 
complex refractive index, β(r), or the linear absorption coeffi-
cient, µ(r) = (4π/λ)β(r), or the Hounsfield units,
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Consider, for example, the form of CT reconstruction that 
results in the 3D distribution of β(r), as described, for example, 

by the imaginary part of Equation 15.5 (which corresponds to 
the well-known FBP algorithm in Natterer [1986]). Here the 
“signal” in the reconstructed images will be a function of the 
pre-processed projection data, Spproc(x;θ), where θ corresponds 
to projection angles. This “reconstructed signal” represents the 
values of β(r) in the imaged sample and the amplitude or strength 
of this signal has nothing to do with the quality of the imaging 
system. The dependence of the corresponding CNR or SNR on 
the quality of the imaging system, including its spatial resolution 
and noise amplification properties, will be encoded in the cor-
responding noise term. Therefore, in Section 15.7 below we will 
focus on the behavior of the noise propagation in CT imaging 
systems, with and without in-line phase-contrast.

15.6 Image Quality in Statistical Decision Theory

In this section, we briefly overview the statistical decision 
theory (Barrett and Myers 2004) and the associated objective 
image quality assessment. A more detailed analysis of these 
topics can be found in ICRU Report 54 (1996), Beutel et  al. 
(2000) and Barrett and Myers (2004). Despite physical differ-
ences, all medical imaging modalities share a common feature 
that they map various physical properties of the imaged subject 
into variations of some other properties of their images. For 
instance, in X-ray radiography, 3D spatial distribution of the 
linear attenuation coefficient is converted into 2D modulation 
of the transparency of processed X-ray film or into 2D signal 
on the output of a flat-panel detector. In both cases the sub-
ject is illuminated by an essentially uniform X-ray beam. The 
success of an imaging method strongly depends on its ability 
to provide correct medical diagnosis of the subject using the 
image data. First, one should specify what information from 
the image is required to make a medical decision. This con-
stitutes a task. The majority of medical tasks can be split into 
two groups: classification tasks and estimation tasks. Roughly 
speaking, the former consists of labeling different regions of 
the image (e.g., normal tissue versus abnormal tissue), while 
the latter deals with measuring some physical characteristics 
of the subject using the image. In what follows we restrict our 
consideration to the simplest classification tasks, with just two 
underlying hypotheses from which the image data might be 
drawn, known as binary decision problems.

After formulating a task, the next step is to decide how this 
task is realized, that is, how the required information is going 
to be extracted from the images. The means by which this is 
done is referred to as the observer. In many cases the observer 
for a classification task is a human, for example a radiologist that 
assesses X-ray images. However, the observer does not have to 
be a human; computer algorithms or mathematical formulae can 
also be observers.

Finally, for a given task and observer, one needs to define 
quantitative figure(s) of merit for task performance. For a 
 classification task such as medical diagnosis, the perfor-
mance is usually defined in terms of the average error rate as 
well as the costs associated with them. In a binary classifica-
tion task such as tumor detection, where only two outcomes 
from the image assessment are possible, that is, tumor pres-
ent or absent, there are also two kinds of error. The first error 
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appears when the observer detects a signal (e.g., a tumor) in 
the image that does not contain it, this is a false-positive deci-
sion. The  second error is when the observer misses the signal 
that is present in the image, a false-negative decision. There 
are several ways of formulating the task performance in terms 
of the decision errors. One approach, widely used in medical 
imaging,  consists of presenting the trade-off between the false-
positive and false-negative decisions in the receiver operating 
characteristic (ROC) curve (Barrett and Myers 2004). Another 
approach to specifying a figure of merit for a classification 
task is to  estimate costs associated  with incorrect decisions, 
as well as benefits  associated with correct decisions. Then the 
performance of an imaging system can be defined in terms of 
the  average cost associated  with the classification task and the 
 chosen observer.

In the statistical decision theory, minimization of the 
 average cost results in the decision rule that can be written as 
follows,
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where Λ(g) ≡ pr(g|H2)/pr(g|H1) is called the likelihood ratio (a 
scalar random variable that depends on the image g), pr(g|Hi) is 
the probability of observing a given image g when the hypoth-
esis Hi is true and α is a threshold that is expressed in terms of 
the costs of errors and correct decisions as well as the a priori 
probabilities, pr(Hi), of the two hypotheses (Barrett and Myers 
2004). If one wants to minimize the average probability of error 
(this is equivalent to minimizing the average cost, provided that 
no costs are associated with correct decisions and equal costs 
are assigned to both kinds of error), the optimal threshold is 
α = pr(H1)/pr(H2). When the observer has no information about 
the a priori probabilities of the hypothesis, pr(H1) and pr(H2), 
then the unbiased assumption would be that they are equivalent 
and Equation 15.41 becomes

 
D

D H H

D H H
=

>
<






1 1 2

2 1 2

, pr( | ) pr( | )

, pr( | ) pr( | )

g g

g g
 

(15.42)

Equation 15.42 is called a maximum likelihood criterion, 
because the observer chooses the hypothesis which results in the 
greatest likelihood of the image. A test that can be written in 
the form of Equation 15.41 is called a likelihood ratio test and 
the observer that performs this test properly is called an ideal 
observer. The important properties of the likelihood ratio, as 
well as of the ideal observer, are reviewed in Barrett and Myers 
(2004).

A test statistic such as the likelihood ratio, when applied to 
random images of the same class (e.g., abnormal images of 
subject/s with tumor or normal images of healthy subject/s) is a 
random scalar satisfying some probability density function. In 
general, the probability density functions of the two classes of 
images are overlapping, and one measure of this overlap is the 
signal-to-noise ratio associated with the test statistic (Λ or its 
logarithm, λ = lnΛ, in the above considered case of the ideal 
observer),
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where 〈λ〉i and σi
2  are the mean value and the variance of the den-

sity function for class i (i = 1, 2). We restrict our consideration 
to the simplest case of the binary classification task of discrimi-
nating between two known exactly non-random signals/images, 
the so-called signal-known-exactly/background-known exactly 
(SKE/BKE) problem, distorted by additive Gaussian noise. The 
first hypothesis, H1, is that the measured (noisy) image g is an 
image of a non-random object f1. Under the second hypothesis, 
H2, the measured (noisy) image g is an image of a non-random 
object f2:
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where s1 and s2 are the known non-random images of the object 
f1 and f2, respectively, and n is the noise. In the case of correlated 
Gaussian noise, the likelihood of g under the j-th hypothesis is 
the multivariate (M-dimensional) Gaussian distribution,
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where Kn = 〈nnt〉 is the autocovariance matrix of noise and 
det(Kn) is the determinant of the matrix Kn. It can be shown 
(Barrett and Myers 2004) that, ignoring the scalar terms inde-
pendent of the measured data g, the log-likelihood ratio λ′ of 
these probability density functions is

 
′ = − −λ ( ) ( )g s s K gn2 1

1t

 (15.46)

Equation 15.46 describes the well-known prewhitening 
matched filter (PWMF) which first pre-whitens the data g (i.e., 
removes correlations of noise in different pixels/points) and then 
performs a matched filtering with a pre-whitened difference sig-
nal. Note that, since the test statistic in Equation 15.46 is a linear 
transformation of a multivariate Gaussian random data g, λ′(g) is 
also Gaussian. One can then confidently use the SNR in Equation 
15.43 as a measure of the test performance (Barrett and Myers 
2004):

 SNR t
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2 1
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2 1( ) ( )s s K s sn  (15.47)

In the special case when the noise in the data is uncorrelated, 
the covariance matrix of noise is [ ]Kn mn m mn= σ δ2 , and the SNR 
becomes,
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Note that the above Equations 15.44 through 15.48 correspond 
to the case of discrete images. For analytical analysis of the 
imaging system quality, one needs to use a variant of the SNR 
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that is applicable to continuous data. In the above considered 
case of SKE/BKE with additive stationary (in wide sense) noise, 
such that the autocovariance function of noise is wide sense sta-
tionary, Kn(r, r′) ≡ <n(r)n*(r′)>  = Kn(r − r′), the SNR of the 
ideal observer can be conveniently written in the Fourier space 
as follows (Barrett and Myers 2004):
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where the overhead “∧” symbol denotes the Fourier transform 
and Wn(u) is the noise power spectrum (Goodman 1985; Barrett 
and Myers 2004) which, according to the Wiener–Khinchin 
theorem, is the Fourier transform of the wide sense stationary 
autocovariance function of noise.

15.7  Noise and Image Quality in In-line 
Phase-Contrast Imaging and CT

As indicated above in Section 15.2, signal-to-noise ratio (SNR), 
Equation 15.13, is an important quantitative characteristic of 
image quality. For a given object and imaging modality, SNR in 
projection X-ray images depends strongly on the level of noise 
present in the images and the latter is usually quantified by its 
variance. By applying different image processing algorithms, the 
variance of noise (as well as other characteristics of noise) can be 
changed significantly. We call the process of changing the char-
acteristics of noise, during image processing, noise propagation.

A detailed theoretical analysis of noise propagation in the 
in-line imaging method using the Contrast Transfer Function 
(CTF) algorithm has been carried out by Chou and Anastasio 
in individual radiographs (Chou and Anastasio 2009) as well 
as in tomographic slices (Chou and Anastasio 2010). In their 
study (Chou and Anastasio 2009), the authors derived analytical 
expressions describing the second-order statistics of the recon-
structed absorption and phase images in their continuous and 
discrete forms. Using the images’ covariance matrices and con-
cepts from statistical decision theory, they evaluated the effect 
of the image noise statistics on signal detectability, for differ-
ent imaging geometries. In their subsequent work (Chou and 
Anastasio 2010), the authors extended this formalism to the case 
of phase-contrast CT (PCT). This formalism can, in principle, be 
applied to other imaging methods. However, it requires intensive 
numerical calculations for each set of imaging parameters and 
does not include simple expressions for such noise characteristics 
as variance and pixel-wise signal-to-noise ratio.

In this section, we use a different approach to describe noise 
propagation, based on the noise power spectrum (NPS) formal-
ism described below, in Section 15.7.1. In Section 15.7.2, using 
a monomorphous TIE phase retrieval algorithm (discussed in 
Section 15.1) the NPS is propagated from the phase-contrast radio-
graphs to the reconstructed contact radiographs. Subsequently, 
in Section 15.7.2, by applying a filtered back  projection (FBP) 
CT reconstruction algorithm to the reconstructed contact radio-
graphs, the NPS is further propagated to the CT reconstructed 
slices. By integrating the NPS, the variance of noise in the recon-
structed contact radiographs as well as in the tomographic slices 
is obtained, in a simple analytical form.

15.7.1  Noise Power Spectrum and 
its Basic Properties

All experimentally acquired images contain noise. The nature 
of the noise can be different and strongly depends on the proper-
ties of the radiation source and the detection system. A detailed 
review of this topic can be found in Barrett and Myers (2004). In 
what follows, we ignore the issue of detector efficiency as a func-
tion of X-ray energy. We also restrict our consideration to noise 
associated with Poisson photon counting statistics, thus implic-
itly assuming a Poisson X-ray source and a photon-counting 
detector in the imaging system.

Also, we assume that noise in projection images of an object 
is approximately spatially stationary, that is, the statistical prop-
erties of noise are spatially shift-invariant. Although in reality 
the noise in any non-uniform and/or finite image is never strictly 
stationary, it can be very accurately treated as stationary as long 
as the contrast in the image is weak and the size of the image is 
significantly bigger than the width of the noise autocorrelation 
function. If, however, the contrast in the image is strong, but the 
intensity, as a function of the spatial location in the image, is 
slowly varying on the length scale of the noise autocorrelation 
function, then the corresponding noise can be treated as quasi-
stationary (Barrett and Myers 2004).

An important characteristic of random noise is NPS that, in 
the case of one-dimensional (1D) noise n(x), is defined as follows 
(Section 8.2.5, Barrett and Myers 2004):

 

W u
L

x n x iuxn
L L

L

( ) lim ( )exp( )
/

/

=
→∞ −∫

Δ 1
2

2

2 2

d π

 

(15.50)

where the triangular brackets denote an ensemble average. It 
should be noted that Wn(u) is defined for non-stationary as well 
as stationary random noise. However, some transformations of 
NPS are more straightforward in the case of stationary noise. For 
instance, convolution of a 1D image, I(x), containing noise with 
some point-spread function, which can be conveniently presented 
as filtering in Fourier space, ˆ ( ) ˆ( ) ˆ( )I u I u T uT = , results in the fol-
lowing simple transform of the corresponding NPS (Barrett and 
Myers 2004),

 W u W u T unn,T ( ) ( )| ( ) |= ˆ 2

 (15.51)

In the case of quasi-stationary noise in a non-uniform image, 
its NPS (in a one-dimensional case) depends on the spatial 
coordinate, x, via a scaling factor, Wn(u; x) = I(x) Wn,0(u), where 
Wn,0(u) is the NPS in a sample-free (uniform) image and I(x) is 
the normalized image intensity (divided by the corresponding 
flat field).

Two other important characteristics of random noise are its 
mean En and variance stdn

2, that, in 1D case, can be defined as 
follows,
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and
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For any continuous 1D noise distribution with zero mean (we 
will implicitly assume this hereafter), its variance stdn

2 is related 
to the corresponding noise power spectrum, Wn(u), as follows,*

 

std duW un n
2 =

−∞

+∞

∫ ( )

 

(15.54)

Taking into account that all real images are finite and discrete, 
their NPS is discrete and periodic, in the Fourier space, with the 
period 2Um = h−1 defined by the image pixel size, h. Assuming that 
the image size (in pixels) is large enough, so that the NPS is finely 
sampled, one can estimate the variance of noise using the follow-
ing integral (which is more convenient for analytical analysis pre-
sented below than the summation over discrete Fourier spectrum),
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In particular, for uncorrelated (white) noise, Equation 15.55 
gives the following simple result:

 W hstdn wht n wht, ,= 2

 (15.56)

Similarly to Equation 15.55, for any discrete two-dimensional 
(2D) noise distribution with zero mean, the variance of random 
noise is related to the corresponding noise power spectrum, 
Wn(u,v), as follows:
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15.7.2  Effect of TIE-Hom Phase Retrieval on 
Noise in Projection Radiographs

Propagation-based imaging (PBI) (Snigirev et al. 1995; Wilkins 
et  al. 1996) is the simplest PCI method that does not require 
any optical elements between X-ray source, object and detec-
tor. In this section, we restrict our consideration to the case of 
a plane monochromatic wave incident on the object. However, 
the results obtained here can be easily extended to the case of a 
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divergent polychromatic beam (e.g., spherical wave) incident on 
the object. The former case is usually attributed to synchrotron 
X-ray sources, while the latter case is typical for (microfocus) 
laboratory X-ray sources.

In this section, we analyze the effect on noise of a widely used 
phase retrieval approach, based on the TIE (Teague 1983). We 
apply this approach to monomorphous objects, that is, the objects 
in which the ratio γ = δ/β is spatially invariant (see Section 15.1 
for details). This property results in the following linear depen-
dence between the phase shift, ϕ, and the attenuation function, B, 
induced by the object (the latter is related to the object’s contact 
image, I0, I0 = exp(−2B)):

 ϕ γβ= −  (15.58)

Hereafter, we implicitly assume that all projection images 
of an object (including contact and phase-contrast images) are 
divided by the corresponding flat fields (i.e., images collected 
without the object) or, more precisely, we assume a plane incident 
wave with unit intensity.

The TIE approach (Teague 1983), applied to a monomorphous 
object (see Equation 15.58), relates a contact image, I0, of the 
object and an in-line phase-contrast image, Iz, collected at some 
distance, z, from the object, downstream in the propagation 
direction of the X-ray beam (Paganin et al. 2002):

 
ˆ ( , ) [ ( )]ˆ ( , )I u v z u v I u vz = + +1 2 2

0πγλ  (15.59)

where λ is the X-ray wavelength. Following Paganin et al. (2002), 
we will call this equation TIE-Hom. Equation 15.59 allows one 
to reconstruct the contact image, I0, of the object using only one 
phase-contrast image, Iz.

Using Equation 15.59 and a 2D analog of Equation 15.51, 
noise power spectrum in the reconstructed contact image, Wn,0, 
is related to noise power spectrum, Wn,z, in the corresponding 
phase-contrast image as follows,

 
W u v

W u v
z u vn

n z
,

,( , )
( , )

[ ( )]0 2 2 21
=

+ +πγλ  
(15.60)

In turn, noise power spectrum in the phase-contrast image can 
be written as follows,

 W u v MTF u v Wn z det n wht, ,( , ) ( , )= 2

 (15.61)

where MTFdet is the modulation transfer function (MTF) of the 
detector and Wn,wht is the noise power spectrum of uncorrelated/
white noise, which, in view of Equation 15.57, can be expressed 
in terms of its standard deviation, stdn,wht, as follows,

 
W h std h Nn wht n wht ph pxl, , ,= =2 2 2 /

 (15.62)

Hereafter, we assume that the only source of noise in projec-
tion images is the photon counting noise satisfying Poisson sta-
tistics. Hence, std Nn wht ph pxl, ,

2 1= / , where Nph,pxl is the number of 
photons per detector pixel (recall that all projection images are 
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assumed to be divided by the corresponding flat field; and the 
phase-contrast is assumed to be weak).

Propagation of the variance of random noise from a phase-
contrast image to the corresponding contact image obtained with 
the use of TIE-Hom phase retrieval is described by Equation 
15.57, with the noise power spectrum, Wn,0, given by Equations 
15.60–15.62,

 std std F A bn n wht TIE, , , ( , )0
2 2

0=  (15.63)

where A is a dimensionless parameter depending on the object’s 
optical properties and on the imaging conditions,

 A zU z hm≡ =πγλ π γλ2 24( )/ /  (15.64)

and
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(15.65)

Here, b is a dimensionless parameter (or a vector of param-
eters) that describes the MTF of the detector.

It is worth mentioning some useful properties of the function 
FTIE,0:

 1. In the case of an ideal detector, with MTFdet ≡ 1 
(b = 0), this function depends only on the dimension-
less parameter A and can be very accurately approxi-
mated (for any A) by the following formula,

 F A ATIE , ( , ) [ ( ) ]0
10 1 4≈ + −/π  (15.66)

  The relative error of the approximate solution in 
Equation 15.66 does not exceed 1.1%.

 2. For Gaussian MTF of the detector, 
MTF u v h u v Udet m( , ) exp ( ) ( )det= − +



2 22 2 2 2 2π σ / / , and 

a contact image, A = 0, the function FTIE,0 depends 
only on the dimensionless parameter b = σdet/(2h) and 
is written as follows,

 F b erf b bTIE , ( , ) ( )[ ( ) ( )]0
20 4 2 2= π π π/ /  (15.67)

  where erf(x) is the error function, 
erf x t dt

x
( ) exp( )/≡ ∫ −2 1 2

0
2/π . For instance, for 

b = ½, Equation 15.67 gives FTIE,0(0, 1/2) ≈ 0.08, and, 
as expected, FTIE,0(0,0) = 1.

 3. For large values of A, A ≫ 1, the function FTIE,0 in Equation 
15.65 is well approximated by the following simple 
expression (in which we neglect the effect of the MTF of 
the detector, compared to the effect of phase retrieval)

 
F A b F A ATIE

A
TIE, ,( , ) ( , ) ( )0

1
0

10 4≅ ≈ −

�
π /

 
(15.68)

In order to quantify the reduction of noise in projection 
images, as a result of performing phase retrieval, we introduce 
a gain factor,

 
G A b

std
std

F b F A bTIE
n cont

n
TIE TIE,

,

,
, ,

/( , ) [ ( , ) ( , )]0
0

0 0
1 20≡ = /

 
(15.69)

where stdn,0 is the standard deviation of noise in a phase retrieved 
phase-contrast image and stdn,cont is the standard deviation of 
noise in the corresponding unprocessed contact image (of the 
same object, for the same radiation dose).

Dependencies of the function, FTIE,0, and the corresponding 
gain factor, GTIE,0, on the parameter A, for various values of 
parameter b, are shown in Figure 15.7. The dependencies have 
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FIGURE 15.7 (a) Dependencies of the function F0 (describing the reduction of the variance of uncorrelated noise as a result of the combined effect of the 
detector’s MTF and a phase retrieval algorithm) and (b) the gain factor G0 (describing the reduction of the standard deviation of noise as a result of applying 
the phase retrieval algorithm) on the dimensionless parameter A = (π/4) γλz/h2 in PBI phase retrieval using TIE-Hom, for various values of the parameter 
b = σdet/(2h) characterizing the Gaussian MTF of the detector. (The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied 
Physics, 2014 and Institute of Physics is acknowledged.)
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linear (in the log-log scale) asymptotic behavior at large val-
ues of A, namely, FTIE,0 ∼ A−1 and GTIE,0 ∼ A1/2, in accordance 
with the theoretical results given by Equations 15.66–15.69. 
Moreover, in the case of an ideal detector (with MTFdet = 1, 
which corresponds to b = 0), Equation 15.66 very accurately 
describes FTIE,0 and GTIE,0 for all values of A.

TIE is usually valid for λz/h2 ≤ 1 and γ is usually much greater 
than one, so that typically A is much greater than one, A ≫ 1. 
For example, for soft materials (composed of light chemical ele-
ments) and hard X-rays (with the energies higher than 20 keV), 
the ratio γ is of the order of 103. The typical value of σdet/(2h) for 
most 2D X-ray detectors is about ½. One can see from Figure 
15.7 that, in the case of A = 103, the gain factor is then of the 
order of 10.

Equation 15.68, which is valid for large values of A, A ≫ 
1, allows one to investigate/predict the behavior of the variance, 
stdn,0

2 , of noise in a phase retrieved projection image. Indeed, 
substituting Equation 15.68 in Equation 15.63, and taking into 
account that std Nn wht ph pxl, ,

2 1= / , one obtains,

 
std

h
N zn

ph pxl
,

,
0

2
2

≅
γλ

 
(15.70)

 1. Effect of pixel size, h. If the propagation distance, z, 
and X-ray wavelength, λ, are the independent (primary) 
parameters describing the imaging system then, accord-
ing to Equation 15.70, the variance of noise is inversely 
proportional to the photon fluence Nph,pxl/h2 (and, hence, 
to the radiation dose) and does not depend on the pixel 
size, h. On the other hand, if the Fresnel number, 
NF = h2/(λz), is the primary parameter describing the 
imaging system and one fixes it, so that h2/(λz) = const, 
then, according to Equation 15.70, the variance of noise 
is inversely proportional to the product of the photon 
fluence and the pixel area, h2. This behavior of noise is 
similar to that in the case of conventional radiography. 
In this latter case, in order to preserve the level of noise 
in a contact radiograph (while varying the pixel size of 
the detector), the incident photon fluence (and radiation 
dose) should be inversely proportional to h2.

 2. Effect of object-to-detector distance, z. Equation 15.70 
indicates that the standard deviation of noise in a phase 
retrieved projection image is inversely proportional to 
the square root of the distance. For instance, in order to 
decrease the magnitude of noise twofold, the distance 
should be increased fourfold.

 3. Energy dependence. There are three terms in Equation 
15.70 that depend on the X-ray energy: stdn,wht, γ and 
λ. Except for the trivial behavior of the wavelength, 
λ ∼ 1/E, both stdn,wht and γ depend on the object’s com-
position and stdn,wht also depends on the thickness of 
the object. When considering medical imaging, it is the 
radiation dose delivered to the object that eventually 
limits the image quality. However, there is always an 
optimum energy that minimizes the standard deviation 
of noise in a projection image of an object, for a fixed 
radiation dose delivered to the object. This optimum 
energy strongly depends on the imaged object (in terms 

of its composition as well as its physical dimensions). 
Note, however, that it is not the noise in an image of an 
object that is of practical value, but rather the signal-to-
noise ratio that quantitatively characterizes the quality 
of the image (e.g., in terms of detectability of some fea-
tures in the object).

In order to validate the theoretical formalism presented above 
in this section we performed a series of numerical experiments 
using a simple numerical phantom. The phantom presents a cyl-
inder with diameter D consisting of a uniform mixture of glan-
dular and adipose tissues (Hammerstein et al. 1979) in the weight 
proportion 50/50. X-ray optical properties of the phantom were 
calculated using X-ray data from the NIST website (NIST X-ray 
data). Two diameter values have been used in the simulations, 
D = 2 and 8 cm, respectively. In-line phase-contrast images of 
the cylinder have been simulated by numerically calculating the 
Fresnel integral applied to the complex amplitude of the wave in 
the object plane. The propagation distance z was 100 cm. The 
images were calculated for several X-ray energies, including 20, 
25, 30, 35, 40 and 45 keV. The projection approximation has been 
used to calculate the phase shift and the attenuation induced in 
the transmitted wave by the phantom. The resultant pixel size, h, 
in the projections was 10 µm.

A single sinogram has been created for each projection dataset. 
Poisson noise has been generated in the sinograms using certain 
values for the mean absorbed dose delivered to the phantom. Two 
doses were used in the numerical simulations, 5 and 500 mGy. For 
each sinogram, a processed copy was created using a 1D imple-
mentation of TIE-Hom phase retrieval algorithm (so that a single 
row of the detector was phase retrieved for each projection view). 
The resultant phase retrieved projections (2048 and 8192 pixel 
wide for 2 and 8 cm phantoms, respectively) contained intensity 
values and have been analyzed by calculating the standard devia-
tion in the center of the projections (where the attenuation was 
the strongest) and in the background (where the attenuation was 
zero). The results of this analysis are summarized in Tables 15.3 
and 15.4.

Figure 15.8 shows experimental gain factors calculated using 
standard deviations from Tables 15.3 and 15.4, as well as theo-
retical values (solid black line) calculated assuming 1D phase 
retrieval with TIE-Hom. It should be emphasized that the gain 
factors calculated using the results of the numerical experiments 
are in good agreement with those obtained using our theoretical 
formulae, Equations 15.63–15.70. Moreover, though the standard 
deviation of noise varies across a phase-contrast image and the 
corresponding phase retrieved image (due to the average inten-
sity variation in the images), the gain factor is shift-invariant. 
This is qualitatively explained below.

As was mentioned in Section 15.7.1, if the intensity in an image 
is slowly varying (as in most real images) then the corresponding 
noise in the image is quasi-stationary (Barrett and Myers 2004), 
with the autocorrelation function well approximated by a product 
of two factors: a slowly varying factor due to slow variations in 
average intensity and a short-range function describing correla-
tion between neighboring points. Phase retrieval using TIE-Hom 
preserves this quasi-stationarity because its point-spread func-
tion, PTIE(x,y) (corresponding to the Fourier filter in Equation 
15.50), is essentially spatially localized:
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P x y P r K r l lTIE TIE TIE TIE( , ) ( ) ( ) /= = ( )0

22/ π
 

(15.71)

where K0 is the zeroth order modified Bessel function of the second 
kind, r = (x2 + y2)1/2 is the radial coordinate and lTIE = (1/2)(γλz/π)1/2 
is the characteristic length scale of the variation of this point-spread 
function (note that function K0 exponentially decreases at large val-
ues of its argument and its standard deviation is equal to 2lTIE).

We should re-emphasize at this point that knowledge of stan-
dard deviation of noise in an image is not sufficient for quantifying 
image quality. A relative characteristic, such as, for example, SNR 
is required for this purpose. In our analysis below, we use two defi-
nitions for SNR in projection images. In the first definition, mean 
intensity in a pixel is treated as signal and the standard deviation of 
noise in the same pixel is treated as noise, so that the SNR is simply,

 SNR I stdn= /  (15.72)

Alternatively, SNR can be defined as follows,

 SNR I t std SNR tn′ = = ×µ µ/ ( )  (15.73)

where I µt is the contrast in the projection image associated with 
a small feature (of thickness t) located inside or on the surface of 
the object and µ is either the difference of the linear attenuation 
coefficient of the feature and of the object or the linear attenua-
tion coefficient of the feature, respectively.

Using Equation 15.70, one can write, in the case of TIE-Hom 
(and large A, see Table 15.5),

 
SNR I h zNTIE inc pxl≅ −3 2 1 1 2/

,
/( )γλ

 (15.74)

TABLE 15.4

Standard Deviation of Noise in Phase-Contrast (stdn,wht) and Phase Retrieved (stdn,0) Projection Images of the Cylindrical Phantom with a 
Diameter of 8 cm

Dose E, keV 20 25 30 35 40 45
I(e) 1 1 1 1 1 1

I(c) 0.005653 0.03361 0.07398 0.1114 0.1413 0.1645

500 mGy stdn wht
e
,

( ) 0.05056 0.05121 0.04951 0.04713 0.04498 0.04326

stdn wht
c
,

( ) 0.003801 0.009388 0.01347 0.01573 0.01691 0.01754

stdn
e
,

( )
0

0.008114 0.008324 0.008404 0.008298 0.008133 0.008141

stdn
c
,

( )
0

0.0006213 0.001548 0.002279 0.002752 0.003075 0.003312

5 mGy stdn wht
e
,

( ) 0.5056 0.5121 0.4951 0.4713 0.4498 0.4326

stdn wht
c
,

( ) 0.03801 0.09388 0.1347 0.1573 0.1691 0.1754

stdn
e
,

( )
0

0.08208 0.08441 0.08279 0.08216 0.08257 0.08155

stdn
c
,

( )
0

0.006249 0.01544 0.02272 0.02754 0.03077 0.03305

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.

Note: Superscript (e) and (c) correspond to pixels outside (exterior) and in the center of the cylinder’s projection, respectively. 

TABLE 15.3

Standard Deviation of Noise in Phase-Contrast (stdn,wht) and Phase Retrieved (stdn,0) Projection Images of the Cylindrical Phantom with a 
Diameter of 2 cm

Dose E, keV 20 25 30 35 40 45
I(e) 1 1 1 1 1 1

I(c) 0.2742 0.4281 0.5215 0.5777 0.6131 0.6368

500 mGy stdn wht
e
,

( ) 0.03732 0.03202 0.02778 0.02465 0.02259 0.02126

stdn wht
c
,

( ) 0.01954 0.02095 0.02006 0.01874 0.01769 0.01697

stdn
e
,

( )
0

0.005966 0.005571 0.004896 0.004331 0.004083 0.003998

stdn
c
,

( )
0

0.003195 0.003465 0.003394 0.003266 0.003241 0.003193

5 mGy stdn wht
e
,

( ) 0.3732 0.3202 0.2778 0.2465 0.2259 0.2126

stdn wht
c
,

( ) 0.1954 0.2095 0.2006 0.1874 0.1769 0.1697

stdn
e
,

( )
0

0.06249 0.05303 0.04704 0.04413 0.04172 0.03920

stdn
c
,

( )
0

0.03172 0.03402 0.03404 0.03323 0.03239 0.03209

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.

Note: Superscript (e) and (c) correspond to pixels outside (exterior) and in the center of the cylinder’s projection, respectively.
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It should be noted that, in the case of phase retrieval using 
TIE-Hom (with A ≫ 1), SNRTIE does not depend on the pixel size, 
h, if the propagation distance, z, is fixed. Note, however, that if 
the Fresnel number is fixed, that is, NF = h2/(λz) = const, instead 

of fixing the propagation distance z, then SNRTIE is proportional 
to the pixel size, exactly as in conventional (contact) images (see 
Table 15.6 for details).

For a given mean absorbed dose, Dabs, delivered to an object, 
the corresponding number of photons, Ninc,pxl, incident onto a nor-
mal surface area, S = h2 (equal to the area of one detector pixel), 
of the object can be calculated as follows (Johns and Yaffe 1985),

 
N ph pxl D

h L
Einc pxl abs, [ ] [ ]

[ ] [ ] [ ]
.

−
−

−=
×

1
2 3

101 602 10
mGy

cm cm gcmρ
[[ ]keV Rabs

 (15.75)

where Rabs is the fraction of the incident energy absorbed by the 
object and L and ρ are the mean thickness over the (uniformly) 
irradiated part of the object and the mass density of the object, 
respectively.

We applied Equations 15.72–15.75 to the same numerical 
cylindrical phantom that was used in the numerical analysis 
presented above, in this section. Figure 15.9 shows SNR versus 
X-ray energy, for two values of the phantom’s diameter, D = 2 
and 8 cm, for the radiation dose Dabs = 1 mGy. Figure 15.9a,c,e 
shows SNR values in the center of projection images (where 
the attenuation is the strongest) calculated using Equations 
15.74 and 15.75. For comparison, Figure 15.9b,d,f shows SNR 

TABLE 15.5

Theoretical Values of the Gain Factor in the Case of 1D Phase Retrieval (Used in Numerical Experiments) and 2D Phase Retrieval 
Using the TIE-Hom Algorithm

E, keV 20 25 30 35 40 45

γ 1761 2148 2332 2372 2327 2243

Aa 857.4 836.8 757.1 659.8 566.6 485.3

GTIE,0 1Db 6.106 6.069 5.919 5.719 5.505 5.296

GTIE,0 2Dc 33.056 32.657 31.064 29.003 26.879 24.878

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.

Note: Perfect detector (b = 0) with the pixel size h = 10 µm and the propagation distance z = 100 cm were used. 
a A = (π/4)γλz/h2.
b GTIE,0,1D(A, b = 0) = 21/2[(1 + A)−1 + arctan(A1/2)/A1/2]−1/2.
c GTIE,0,2D(A, b = 0) ≅ [1 + (4/π)A]−1/2.
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FIGURE 15.8 Theoretical (solid black line) and experimentally measured 
(symbols) gain factors due to TIE-Hom phase retrieval algorithm. Index (e) 
and (c) corresponds to pixels outside and in the center of the cylinder’s pro-
jection, respectively.

TABLE 15.6

Comparison of Several Key Characteristics of Noise in Conventional (Absorption) Projection Images and Phase 
Retrieved (Using TIE-Hom) PBI Images

Method Conventional PBI: TIE-Homa

stdn,0
2 ∼ 1/(Φph,inc × h2) ∼ 1/Φph,inc

SNR2 ∼ (Φph,inc × h2) ∼ Φph,inc

Gain for γ = 103 1 10

Gain for γ = 102 1 ≈ 3.5

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of 
Physics is acknowledged.

Note: Here Φph,inc is the photon fluence (the number of photons incident per unit cross-sectional area) in the incident beam. Realistic 
detector with b ≡ σdet/(2h) = ½ is assumed.

a Assuming fixed propagation distance z. If the Fresnel number is fixed then the h-dependence coincides with that of the conventional 
CT reconstruction. Gain values, G A b z hTIE , ( , ) .0

21 1 2 0 08� = ≅/ /γλ , correspond to a ≡ (π/4)λz/h2 = 1 (so that A = γ).
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values calculated using the alternative definition (Equation 
15.73) assuming that a small feature (of thickness t = 0.5 cm) is 
located on the surface of the cylinder and has the same linear 
attenuation coefficient µ as the cylinder.

Apparently, there is an optimum energy (which depends on 
the object’s attenuation properties and size as well as on the 

imaging modality and the corresponding phase retrieval algo-
rithm) at which SNR is maximal. Figure 15.9 indicates that 
(i) the optimum energy increases with the object’s size; (ii) 
the corresponding maximal SNR quickly decreases with the 
object’s size; (iii) the optimum energy that maximizes SNR 
(Equation 15.72) is slightly higher compared to the optimum 
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FIGURE 15.9 SNR calculated using Equations 15.74 and 15.75 (left) and using Equations 15.73–15.75 (right). Conventional (absorption) images (a, b), 
as well as phase retrieved images using TIE-Hom with fixed propagation distance, z = 100 cm (c, d) and TIE-Hom with fixed Fresnel number, NF = 1 (e, 
f). Mean absorbed dose Dabs = 1 mGy and ideal detector (b = 0) with the pixel size h = 10 µm were used in the calculations. (The source of the material 
Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is acknowledged.)
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energy that maximizes SNR′ (Equation 15.73); and (iv) the 
optimum energy that maximizes SNR in images collected at 
the fixed propagation distance (Figure 15.9c,d) is lower com-
pared with that for images collected at varying propagation 
distances, assuming that the Fresnel number is fixed (Figure 
15.9e,f). In the latter case (Figure 15.9e,f), the maximal SNR 
values are more than two times bigger than in the former case 
(Figure 15.9c,d).

Phase retrieval improves (increases) SNR (in comparison with 
the corresponding contact image) by the same gain factor G0 that 
has been introduced above (Equation 15.69), in order to quantify 
the improvement (decrease) of the standard deviation of noise. 
According to Table 15.5 (displaying results for the TIE-Hom 
phase retrieval, with 100 cm propagation distance and 10 micron 
pixel size) the gain factor is of the order of 5–6 in the case of 1D 
phase retrieval and 25–33 in the case of 2D phase retrieval (this 
case is illustrated in Figure 15.9).

Importantly, unlike the standard deviation of noise, the gain 
factor is dose independent. It depends only on the phase retrieval 
algorithm (through its Fourier filter) and detector’s properties 
(via detector’s MTF). Also, we would like to emphasize the fun-
damental difference, in terms of the relationship between the 
variance of noise and the photon statistics, of the conventional 
radiography and in-line phase-contrast imaging combined with 
TIE-Hom phase retrieval. These relationships follow directly 
from our theoretical analysis presented above in this section and 
are summarized in Table 15.6. Also shown in Table 15.6 are the 
typical gain values for PBI.

15.7.3  Effect of TIE-Hom Phase Retrieval 
on Noise in CT Images

In this section we investigate the effect of TIE-Hom phase 
retrieval on the variance of noise in CT slices reconstructed from 
in-line phase-contrast projections. In particular, we estimate the 
noise reduction gain defined as the ratio of the standard deviation 
of noise in a phase retrieved CT slice to the standard deviation of 
noise in the corresponding CT slice reconstructed from contact 
images. However, first we derive a simple expression for the vari-
ance of noise in CT slices reconstructed from contact projections 
with white noise.

15.7.3.1  Effect of Filtered Back Projection 
CT Reconstruction on Noise

As in the rest of this section, we restrict our analysis to the case 
of a plane monochromatic wave incident on the object. We also 
assume that the projection approximation can be applied to cal-
culate the attenuation and the phase shift acquired by the wave 
upon transmission through the object, that is,

B x y k x y x y k x yθ θ θ θβ δ( , ) ( )( , ), ( , ) ( )( , )′ = ′ ′ = − ′P Pϕ  (15.76)

where k = 2π/λ and the X-ray transform (projection) (Natterer 
1986, 9) of a real-valued function f(x, y, z) is defined by 
( )( , ) ( , , ) ( sin cos ),Pθ δ θ θf x y dx dz f x y z x x zD′ = ∫ ∫ ′ − −−∞

+∞
−∞
+∞

 
and rotation is carried out around the y-axis. Given projections 

(Pθ f)(x′,y) for all view angles θ∈[0,π], the function f(x, y, z) can 
be uniquely reconstructed using the FBP reconstruction formula 
(Natterer 1986, 102),
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If CT reconstruction of the linear attenuation coefficient 
µ = 2kβ is carried out using the FBP reconstruction formula, 
Equation 15.77, from a finite (but sufficiently large) number of 
continuous projections, then 2D noise power spectrum, Wn,µ 
(u,v), in a reconstructed continuous slice is related to 1D power 
spectrum, Wn,0(ξ), of stationary noise in an individual con-
tact projection, as follows (Riederer et al. 1978; ICRU Report 
54 1996),

 
W u v W

N
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a
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π
ξ ξ= = 0

 
(15.78)

where ξ is the radial spatial frequency defined as ξ = +u v2 2 , 
Na is the number of equidistant angular positions over the 
angular interval of 180 degrees at which the CT projection data 
are acquired. It is worth mentioning the different dimension-
ality of Wn,µ (L0) and Wn,0 (L1). The variance of noise in the 
reconstructed (continuous) slice can then be calculated using 
Equation 15.57 and accounting for the radial symmetry of the 
noise power spectrum in CT slices reconstructed using the FBP 
algorithm:

 

std d Wn n, , ( )µ µπ ξ ξ ξ2

0
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∞

∫
 

(15.79)

When deriving an expression for the variance of noise in a CT 
slice reconstructed from discrete projections, one can use one of 
the following two alternative approaches. In the first approach 
proposed in Kijewski and Judy (1987), analysis is carried out 
in Fourier space (continuous). In this case, one should explic-
itly take into account the periodic structure of NPS of discrete 
projections and the filtering effect of interpolation during the 
back projection step. In the second approach used, for example 
in Faulkner and Moores (1984) and Davis (1994), one directly 
operates with discrete Fourier transforms. Using either of the two 
approaches, one can easily obtain the following general expres-
sion for the variance of noise in a CT slice:
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0
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(15.80)

where an explicit form of the NPS depends on the used Fourier 
filter, G(ξ) (e.g., ramp, Hanning, etc.) (Riederer et al. 1978) and 
on the interpolation scheme utilized in the back projection step. 
For example, in the case of nearest-neighbor (NN) interpolation 
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and linear interpolation (LI), the corresponding expressions for 
the NPS are written as follows:
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(15.81)
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Using Equations 15.80, 15.81, and 15.56 and ramp filter, 
G(ξ) = ξ, one easily obtains the following analytical expression 
for the variance of noise in a CT reconstructed slice contain-
ing the spatial distribution of the linear attenuation coefficient, 
assuming uncorrelated (white) Poisson noise in projection images 
with the standard deviation stdn,wht:
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N h
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a
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(15.83)

Equation 15.83 was found to be in excellent agreement with 
the numerical results obtained using an implementation of the 
FBP CT reconstruction algorithm with NN interpolation (in 
the back projection step) and applied to flat field (i.e., without 
an object) projections with generated Poisson noise of differ-
ent levels (in the range of 0.5%–4%) (Nesterets and Gureyev 
2014).

It is worth mentioning that an implementation of the FBP algo-
rithm with LI in the back projection step produces less noise in 
the reconstructed slices. Using Equations 15.80, 15.82 and 15.56 
and ramp filter, G(ξ) = ξ, a formula for the variance of noise in 
a reconstructed slice can be easily obtained (the same formula 
was obtained in Davis [1994] using discrete representation of the 
ramp filtering):
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For our subsequent analysis we introduce a noise power spec-
trum, Wn,µ(u,v,w), for three-dimensional (3D) noise distribution 
in the CT reconstructed volume containing the linear attenu-
ation coefficient. This 3D NPS is related to a 2D noise power 
spectrum, Wn,0(ξ,w), in the corresponding contact 2D projections 
as follows (hereafter we restrict our consideration to the case of 
ramp filter and NN interpolation, although 3D NPS for alterna-
tive filters and interpolation schemes can be easily constructed, 
by analogy with Equations 15.81 and 15.82),
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By analogy with Equation 15.80, the variance of noise in the 
reconstructed volume is written as follows:
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Below we investigate the effect of the TIE-Hom phase retrieval 
algorithm on noise propagation from phase-contrast projections 
to the reconstructed CT volume.

15.7.3.2  Effect of TIE-Hom Phase Retrieval 
on Noise in CT Volume

Using Equations 15.86 and 15.60–15.62, the variance of noise in 
a reconstructed CT volume is related to the variance of uncor-
related noise in the corresponding phase-contrast projection 
images, as follows:
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where A and b are defined in Section 15.7.2 (see Equation 15.64 
and accompanying text) and
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Equation 15.87 is a direct extension of Equation 15.83 to the 
case of CT reconstruction from phase-contrast projection data; it 
takes into account the resolution of the detector (via its MTF) as 
well as the TIE-Hom phase retrieval.

Below we provide some analysis on the function FTIE, similar 
to that carried out in Section 15.7.2:

 1. In the case of a perfect detector, with MTFdet ≡ 
1 (b = 0), the function FTIE depends only on the dimen-
sionless parameter A. Moreover, for large values of A, 
that is, A ≫ 1, FTIE can be approximated as follows,
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 2. For a Gaussian MTF of the detector, 
MTF u v b u v Udet m( , ) exp ( )= − +
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tact image, A = 0, the function FTIE depends only on 
the dimensionless parameter, b ≡ σdet/(2h), and is writ-
ten as follows,
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  For instance, for b = ½, Equation 15.90 gives FTIE(0, 
1/2) ≈ 0.012 (for comparison, FTIE (0,0) = 1).

 3. For large values of A, that is, A ≫ 1, and Gaussian MTF of 
the detector, the function FTIE in Equation 15.88 is well 
approximated by the following expression (that, unlike 
Equation 15.68, depends not only on A, but also on b),

F A b
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  where γE = 0.577 216 is the Euler’s con-
stant and Ei(n,x) is the exponential integral, 
Ei( , )n x dt e txt n= ∫

∞ − −
1 . Considering the sum in the curly 

brackets, γE + ln(x) + Ei(1,x), it is worth mentioning that 
(i) for large values of x, x > 2 (b ≥ 1/4), the exponential 
integral is small compared to the first two terms and can 
be neglected, so that γE + ln(x) + Ei(1,x) ≈ γE + ln(x); 
and (ii) in the opposite case of small x, x < 0.1 
(b ≤ 1/20), this sum is well approximated as follows, 
γE + ln(x) + Ei(1,x) ≈ x. Using this latter property, one 
can see that, in the case of ideal detector (with b = 0), 
Equation 15.91 converts to Equation 15.89.

In order to quantify the reduction of noise in CT reconstructed 
slices as a result of applying TIE-Hom phase retrieval to in-line 
phase-contrast projections, prior to FBP CT reconstruction (with 
respect to CT reconstruction from unprocessed contact projec-
tion images of the same object with the same radiation dose), we 
introduce the following gain factor,
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(15.92)

Dependencies of the function FTIE and the corresponding gain 
factor GTIE on the parameter A, for various values of the param-
eter b (describing Gaussian MTF of the detector), calculated 
using Equations 15.88 and 15.92, are shown in Figure 15.10. The 
dependencies have almost linear (in the log-log scale) asymptot-
ics at large values of A, in accordance with the theoretical results 
given in Equations 15.89–15.92.

TIE is usually valid for λz/h2 ≤ 1 and γ is usually much bigger 
than one, so that A ≫ 1.

For example, for soft materials (composed of light elements) 
and hard X-rays (with the energy larger than about 20 keV), the 
value of γ is typically of the order of 103. The typical value of 

the ratio σdet/(2h) is about ½. One can see from Figure 15.10 that, 
in the case of A = 103, the gain factor is of the order of 50–60. 
It should be emphasized that the TIE-Hom algorithm can be 
formally applied to in-line phase-contrast projections collected 
using such imaging conditions that violate validity of the TIE, 
that is, when λz/h2 > 1. In this case the variance of noise still 
satisfies Equation 15.87 and the gain factor G is described by 
Equation 15.92. Note, however, that, as soon as the TIE validity 
conditions are violated, the accuracy of the corresponding phase 
retrieval can be significantly degraded so that the subsequent 
CT reconstruction will contain large systematic (non-random) 
errors. Requiring λz/h2  ≤  1, this imposes an upper bound on 
the noise gain factor G that is achievable with the TIE-Hom 
phase retrieval algorithm (see also discussion on this issue in 
Nesterets and Gureyev [2014]): Gmax ≈ 0.3γ.

Equation 15.91, valid for large values of A (A ≫ 1), allows 
one to present the variance of noise in a reconstructed slice as 
follows,
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where C(b) = γE + ln[(2πb)2] + Ei[1, (2πb)2] is a constant that 
depends only on the detector’s parameter b.

 1. Effect of the pixel size. If the photon fluence, Nph,pxl/h2, 
in the phase-contrast images is fixed (so that the radia-
tion dose delivered to the object is fixed) then, accord-
ing to Equation 15.93, the standard deviation of noise 
in the reconstructed slice depends on the pixel size via 
the following term, stdn,µ ∼ [ln(A) – 1 – C(b)]1/2. For 
instance, assuming b = ½ and, hence, C = 2.8667, 
then, if the original value of A was 103 and the pixel 
size is increased by a factor of 2 so that the new value 
of A becomes 250, the standard deviation stdn,µ would 
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FIGURE 15.10 (a) Dependencies of the function F (describing the reduction of the variance of noise in a CT slice as a result of the combined effect of the 
detector’s MTF and a phase retrieval algorithm) and (b) the gain factor G (describing the reduction of the standard deviation of noise in a CT slice as a result 
of the phase retrieval) on the dimensionless parameter A = (π/4) γλz/h2 in combined PBI phase retrieval (using TIE-Hom) and CT (FBP), for various values 
of the parameter b = σdet/(2h) characterizing the Gaussian MTF of the detector. Note that A = aγ. (The source of the material Nesterets, Ya. I. and T. E. 
Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is acknowledged.)
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be reduced by a factor of [(ln103 – 3.8667)/(ln250 – 
3.8667)]1/2 ≈ 1.3556. For comparison, in the case of 
a perfect detector, with b = 0 and, hence, C = 0, the 
corresponding factor would be [(ln103 – 1)/(ln250 – 
1)]1/2 ≈ 1.1431. Thus, in a small range of large A (≫1), 
the standard deviation of noise is almost independent of 
the pixel size.

 2. Effect of object-to-detector distance, z. According to 
Equation 15.93, the standard deviation of noise in a 
reconstructed slice is approximately inversely propor-
tional to the distance.

 3. Energy dependence. There are three variables in 
Equation 15.93 that depend on the X-ray energy: Nph,pxl, 
γ and λ. The same qualitative analysis, which has been 
presented in Section 15.7.2, is applicable to this case as 
well. More detailed analysis of the energy dependence 
of SNR will be presented below.

The theoretical formalism presented above, in this section, has 
been validated using numerical experiments involving the same 
numerical phantom and the imaging conditions that have been 
used in Section 15.7.2. In total, 720 and 2880 projection images 
(in the angular range of 180 degrees) have been calculated for the 
2 and 8 cm phantoms, respectively. The resultant pixel size, h, in 
the projections was 10 µm. A single sinogram has been created 
for each projection dataset. Poisson noise has been generated 
in the sinograms using a certain value for the mean absorbed 
dose delivered to the phantom. Two doses have been used in the 
numerical simulations, 5 and 500 mGy. The corresponding pho-
ton numbers per single detector pixel in an individual projection, 
in the beam incident on the object, as well as the average photon 

numbers per single pixel, in the beam incident on the detector, 
are summarized in Tables 15.7 and 15.8.

For each sinogram, a processed copy was created using a 
1D implementation of TIE-Hom phase retrieval algorithm. 
All sinograms were subsequently processed using the FBP CT 
reconstruction algorithm. The resultant reconstructed slices 
(2048 × 2048 and 8192 × 8192 pixels for 2 and 8 cm phantoms, 
respectively) contain β values and have been analyzed by calcu-
lating the mean value and the standard deviation in the center of 
the cylinder’s cross-section and near its edge (using 256 × 256 
and 1024 × 1024 regions for the 2 and 8 cm phantoms, respec-
tively). The results of this analysis are presented in Figures 15.11 
through 15.14 and Table 15.9.

Figure 15.11 shows measured values of the standard deviation 
of noise in the center (squares) and near the edge (circles) of the 
phantom, in the slices reconstructed using unprocessed contact 
projections. Figure 15.11 also shows the corresponding theoreti-
cal values for the standard deviation of noise (solid line) calcu-
lated using Equation 15.83 with std Nn wht inc pxl, ,

2 1= − , where Ninc,pxl is 
the number of photons per single detector pixel (per single projec-
tion) in the beam incident on the object; these are given in Tables 
15.7 and 15.8. The theoretical values here completely ignore the 
attenuation of the incident beam by the object. As a result, they 
do not match the experimentally measured values. It is clear that, 
in order to obtain accurate theoretical estimates for stdn,µ, proper 
correction for attenuation of the incident beam in the phantom is 
required. The following considerations have been used in order to 
derive a corresponding correction factor:

 1. The variance of noise in phase-contrast projection 
images is proportional to intensity, std In z z, ~2

TABLE 15.7

Photon Statistics in Individual Projection Images (720 Projection Views) of Cylindrical Phantom with a Diameter of 2 cm

Dose E, keV 20 25 30 35 40 45

〈I〉 0.3928 0.5340 0.6149 0.6624 0.6920 0.7116

Rabs 0.4655 0.2742 0.1720 0.1161 0.0853 0.0671

500 mGy
Ninc,pxl 718 975 1296 1645 1960 2213

〈Ndet,pxl〉 282 521 797 1090 1356 1575

5 mGy
Ninc,pxl 7.18 9.75 12.96 16.45 19.6 22.13

〈Ndet,pxl〉 2.82 5.21 7.97 10.9 13.56 15.75

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.

Note: 〈I〉 is the mean intensity in an individual projection image. Rabs is the fraction of the incident energy absorbed by the object. Pixel size h = 10 µm. 

TABLE 15.8

Photon Statistics in Individual Projection Images (2880 Projection Views) of Cylindrical Phantom with a Diameter of 8 cm

Dose E, keV 20 25 30 35 40 45
I 0.06516 0.1213 0.1783 0.2239 0.2577 0.2827

Rabs 0.8546 0.7013 0.5463 0.4243 0.3383 0.2780

500 mGy Ninc,pxl 391.2 381.3 407.9 450.2 494.2 534.4

〈Ndet,pxl〉 25.49 46.26 72.75 100.79 127.35 151.09

5 mGy Ninc,pxl 3.912 3.813 4.079 4.502 4.942 5.344

〈Ndet,pxl〉 0.2549 0.4626 0.7275 1.0079 1.2735 1.5109

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.

Note: 〈I〉 is the mean intensity in an individual projection image. Rabs is the fraction of the incident energy absorbed by the object. Pixel size h = 10 µm. 
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 2. Phase-contrast is usually small compared to inten-
sity in the corresponding contact image, see Equation 
15.50, so that in the noise analysis we can neglect 
phase- contrast, std In z, ~2

0

 3. Hence, the variance of noise in phase retrieved pro-
jections is approximately proportional to the contact 
intensity, std In, ~0

2
0

 4. Sinograms contain not intensities, but their negative log-
arithms, S0 =  − lnI0, with the corresponding variance 
of noise written as follows, std I std In S n, , ~2

0
2

0
2

0
1≅ − −

 5. Back projection step for each reconstructed pixel is 
essentially an integration of the sinogram S along 
a sinusoidal trajectory, so that the variance stdn,µ

2  
of noise in a pixel of the reconstructed slice can be 
approximated as follows (assuming a 180 degree scan), 
std F d I rn, ,~ [ sin( )]µ

π
θπ θ θ θ2 1

0 0
1

0≡ ∫ −− − , where r and 
θ0 are the polar coordinates of the pixel. In the case of 
a cylindrical object having the radius R and the linear 
attenuation coefficient µ, the correction factor, Fcyl, is 
calculated as follows,
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(15.94)

This correction factor is a function of two dimensionless argu-
ments, the ratio r/R and the product µR. In particular, for edge 
pixels (for which r/R ≈ 1) one has,

F d R I R L Rcyl e,

/

( ) exp( cos ) ( ) ( )= = +∫2 2 2 2
0

2

0 0/π θ µ θ µ µ
π

 (15.95)

where I0 is the modified Bessel function of the first kind and 
zeroth order and L0 is the modified Struve function of the zeroth 
order. For central pixels (for which r/R ≈ 0) one has,

 
F Rcyl c, exp( )= 2µ

 (15.96)

Correction factors, calculated using Equations 15.95 and 
15.96 for the two values of the diameter of the cylinder, are 
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FIGURE 15.11 Measured standard deviation of noise in the reconstructed slices using unprocessed projection data (squares and circles) and the corre-
sponding theoretical values calculated using Equation 15.83 (solid line) and corrected for attenuation in the object (dash and dash-dot lines), as discussed 
in the text. Index (c) and (e) correspond to central and edge pixels, respectively. (The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of 
Physics D: Applied Physics, 2014 and Institute of Physics is acknowledged.)
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FIGURE 15.12 Measured standard deviation in the reconstructed slices using phase retrieved projection data (squares and circles) and the corresponding 
theoretical values calculated without correction for attenuation in the object (solid line) and with the correction (dash and dash-dot lines), as discussed in the 
text. Index (c) and (e) correspond to central and edge pixels, respectively. (The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics 
D: Applied Physics, 2014 and Institute of Physics is acknowledged.)
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FIGURE 15.13 Mean β values in the reconstructed slices versus the exact β values in the case of unprocessed projection images (a) and phase retrieved 
projection images using TIE-Hom (b). Index (c) and (e) correspond to central and edge pixels, respectively. The energy range is 20–45 keV. (The source of 
the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is acknowledged.)
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shown in Table 15.10. Theoretical values of the standard devia-
tion of noise, corrected for attenuation in the phantom using 
Equations 15.95 and 15.96, are shown in Figure 15.11 with dash 
and dash-dot lines, for central and edge pixels, respectively.

Analysis of Figure 15.11 allowed us to make the following 
conclusions:

 1. As long as the photon statistics in projection images 
are sufficient to approximate the Poisson probability 
distribution of noise with a Gaussian distribution, as, 
for example, in the case of 2 cm diameter and 500 mGy 
dose, a perfect match is observed between the experi-
mentally measured and the theoretically predicted 
(using correction factors from Equations 15.95 and 
15.96) values of stdβ.

 2. In the opposite case, that is, when the photon statistics 
in projection images are strongly Poissonian (the aver-
age number of photons per pixel is less than 10), as, 
for example, in the case of 8 cm diameter and 5 mGy 
dose (see Tables 15.7 and 15.8 for details), no match is 
observed between the experimentally measured and the 
theoretically predicted values of stdβ.

Figure 15.12 shows measured values of the standard deviation 
of noise in the centre (squares) and near the edge (circles) of the 
phantom, in the slices reconstructed using phase retrieved (using 
TIE-Hom) phase-contrast projections. Figure 15.12 also shows 
the corresponding theoretical values for the standard deviation 
of noise calculated using the 1D version of Equation 15.87 with-
out correction for attenuation in the object (solid line) and using 
correction factors (dash and dash-dot lines) given by Equations 
15.95 and 15.96.

Analysis of Figure 15.12 allows us to make the following 
conclusions:

 1. In the majority of considered cases (with only one 
exception, represented by the cylinder with 8 cm 

TABLE 15.10

Correction Factors, Fcyl, in the Case of a Cylindrical Phantom with Diameters of 2 and 8 cm

D, cm E, keV 20 25 30 35 40 45

2 Fcyl,e 2.46 1.776 1.545 1.44 1.382 1.347

Fcyl,c 3.663 2.342 1.921 1.734 1.634 1.573

8 Fcyl,e 64.624 13.409 6.905 4.953 4.098 3.637

Fcyl,c 179.987 30.077 13.624 9.046 7.125 6.119

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.
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FIGURE 15.14 Gain values in the reconstructed slices due to TIE-Hom 
phase retrieval. Theoretical values calculated using Equation 15.92 are 
shown with a solid black line. Index (c) and (e) correspond to central and 
edge pixels, respectively. (The source of the material Nesterets, Ya. I. and 
T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of 
Physics is acknowledged.)

TABLE 15.9

Theoretical Values of the Gain Factor in PCT, in the Case of 1D Phase Retrieval (Used in Numerical Experiments) and 2D Phase 
Retrieval Using TIE-Hom

E, keV 20 25 30 35 40 45

βexact, × 10−10 3.200 1.678 1.073 0.7755 0.6050 0.4961

γ 1761 2148 2332 2372 2327 2243

Aa 857.4 836.8 757.1 659.8 566.6 485.3

GTIE,1D
b 105.5 103.6 96.3 87.0 77.8 69.4

GTIE,2D
c 321.2 314.1 286.9 253.2 220.6 191.8

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: Applied Physics, 2014 and Institute of Physics is 
acknowledged.

Note: Perfect detector (b = 0) with the pixel size h = 10 µm and the propagation distance z = 100 cm were used in simulations. 
a A = (π/4)γλz/h2.
b GTIE,1D(A, b = 0) = (2A/3)1/2[arctan(A1/2)/A1/2 − (1 + A)−1]−1/2.
c GTIE,2D(A ≫ 1, b = 0) is ≅ A[(3π/8)(lnA − 1)]−1/2.
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diameter and 5 mGy dose at 20 keV) noise statistics in 
the phase retrieved projections are well approximated 
by the Gaussian distribution (as a consequence of 
weighted averaging over a large number of pixels dur-
ing phase retrieval and the central-limit theorem). As 
a result, a good match is observed between the experi-
mentally measured and the theoretically predicted (and 
corrected for attenuation) values of stdβ.

 2. Even when noise statistics in the phase retrieved pro-
jections are not strictly Gaussian, as, for example, is 
the case for 8 cm diameter and 5 mGy dose at 20 keV, 
the relative error between the experimentally measured 
and the theoretically predicted values of stdβ does not 
exceed 25%.

 3. Theoretical results presented in Figure 15.12 match the 
corresponding experimental values much better than 
do the theoretical results presented in Figure 15.11.

Figure 15.13 shows the average values of the imaginary part 
β of the refractive index of the cylinder, in the center and at the 
edge of the reconstructed slices. Results shown in Figure 15.13a 
correspond to reconstruction from conventional (contact) projec-
tions, while results in Figure 15.13b correspond to reconstruction 
from phase retrieved (using TIE-Hom) propagation-based phase-
contrast images. Analysis of Figure 15.13 shows that:

 1. PCT produces more accurate results than conven-
tional CT.

 2. In the case of poor photon statistics, as for example in 
the case of the cylinder with 8 cm diameter and 5 mGy 
dose (for all energies in the range 20–45 keV), β val-
ues reconstructed using conventional CT are incorrect. 
This is due to the used sinogram creation procedure 
which assigned zeros to sinogram values, −lnI, for 
projection image pixels with zero intensity values. As 
a result, the sinograms and the β values, reconstructed 
using FBP, are strongly underestimated.

 3. PCT effectively solves the problem of poor photon 
statistics, stated in the previous item, since the phase 
retrieval step results in local smearing of projection 
images and in significant reduction of the number of 
pixels with zero intensity. The only case in our numeri-
cal experiment that resulted in significant reconstruc-
tion errors was {8 cm, 5 mGy, 20 keV, central pixels}, 
which had the poorest photon statistics.

Figure 15.14 shows the experimental (symbols) as well as the 
theoretical (solid black line) values for the gain factor, calculated 
using Equation 15.92. Analysis of Figure 15.14 indicates that the 
quality of match between the experimental and the theoretical 
gain values correlates with the quality of match between the 
experimental and the theoretical values for stdβ, in conventional 
CT (see Figure 15.11 and the related analysis). In particular, with 
the exception of the cases with very low photon statistics in pro-
jection images, the theoretically estimated gain factors are in 
a very good agreement with the corresponding experimentally 

measured gain factors. Importantly, there is no need for correc-
tion for attenuation in order to calculate the theoretical gain fac-
tors properly. This is because the correction factor in Equation 
15.94 equally affects the standard deviation in the slices recon-
structed from conventional (contact) projection, as well as the 
standard deviation in the slices reconstructed from the corre-
sponding phase retrieved phase-contrast projections.

We complete our numerical analysis by comparing the SNR 
values, defined as SNR = 〈β〉/stdn,β, in the PCT reconstructed 
slices calculated using the experimentally measured values of 
〈β〉 and stdn,β, shown in Figures 15.12 and 15.13, respectively, 
and the corresponding theoretical estimations. The SNR values 
in the two sub-regions of the reconstructed slices, that is, at the 
center of the slice and in a small area near the boundary of the 
cylinder, are compared in Figure 15.15. Theoretical data points 
include the uncorrected values of SNR (solid line), as well as the 
values corrected for the attenuation (dash and dash-dot lines).

Analysis of Figure 15.15 indicates a very good match of exper-
imental and theoretical SNR values. The only exception is the 
case {8 cm, 5 mGy, 20 keV}, which corresponds to the poorest 
photon statistics in projection images. This misbehavior corre-
lates well with the results presented in Figures 15.12 and 15.13. It 
should be emphasized that, in the case of 8 cm diameter cylinder, 
without correction, theoretically calculated SNR values predict 
a wrong optimal energy (in the considered range 20–45 keV), 
namely 20 keV. On the other hand, the experimental and the 
corrected theoretical results indicate that the optimal energy 
(amongst the six considered values) is 30 keV.

We conclude this section by a quantitative comparison of con-
ventional (absorption) CT imaging and in-line phase-contrast 
CT imaging utilizing the TIE-Hom phase retrieval method. 
These two methods are applied to the cylindrical phantom used 
throughout this section. The comparison is carried out in terms 
of the SNR in the tomographic slices (containing the distribution 
of the linear attenuation coefficient µ) reconstructed using the 
FBP algorithm. The SNR is defined as follows, SNR = µ/stdn,µ, 
and the standard deviation of noise in the reconstructed slices 
is calculated using the analytical formulae derived in Section 
15.7.3.1 and this section. Figure 15.16 shows the SNR versus the 
X-ray energy, in the center of tomographic slices of the phan-
tom, reconstructed from contact projections (Figure 15.16a) as 
well as from TIE-Hom phase retrieved propagation-based phase-
contrast  projections (Figure 15.16b,c). In the case of PBI, either 
the propagation distance z was fixed to 100 cm (Figure 15.16b) or 
the Fresnel number NF = h2/(λz) was fixed at 1 (Figure 15.16c). 
The detector pixel size was h = 10 µm and the mean absorbed 
dose was Dabs = 1 mGy.

It should be noted that, in contrast to the results presented in 
Figure 15.15 (where 1D phase retrieval has been carried out), 
Figure 15.16b,c shows SNR in the case of 2D phase retrieval. 
As a result, even with a smaller dose, 1 mGy (Figure 15.16b) 
instead of 5 mGy (Figure 15.15b,d), one obtains better SNR 
in the  reconstructed slices. Indeed, according to Table 15.9, 
approximately a 3-fold increase of the gain factor is observed 
in the case of the 2D phase retrieval, compared to the 1D phase 
retrieval. This results in the same improvement in SNR, which 
increases by approximately a factor of 3. On the other hand, a 
5-fold dose reduction results in 51/2-fold reduction in the SNR. 
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Thus, approximately a 1.3-fold overall improvement of SNR is 
observed in Figure 15.16b in comparison to Figure 15.16b,d.

Analysis of Figure 15.16 shows that, regardless of the imaging 
modality and imaging conditions, the optimum energy that maxi-
mizes SNR increases with the object’s size. At the same time, the 
corresponding maximal SNR decreases with the object’s size. 
Note, however, that SNR reduction in the case of CT reconstruc-
tion is very modest in comparison with the corresponding SNR 
reduction observed in individual projection images (see Figure 
15.9 for details).

In order to improve the SNR in reconstructed slices one could 
consider increasing the detector pixel size, h. Note, however, 
that, according to our analysis carried out at the beginning of 
this section, in the case of PBI with subsequent phase retrieval 
using TIE-Hom, the SNR is almost independent of the pixel size 
(as long as the free-space propagation distance is fixed), while 
the corresponding gain factor is approximately inversely propor-
tional to the second power of h. This means that, by increasing 
the detector pixel size one decreases the corresponding gain fac-
tor compared to conventional contact imaging and, eventually, 
there may be no benefit in using phase-contrast projections in 

place of conventional (contact) projection images for large detec-
tor pixel sizes.

Figure 15.16c shows the SNR in the slices reconstructed using 
TIE-Hom, but, instead of fixing the free-space propagation dis-
tance, as in Figure 15.16b, the Fresnel number NF = h2/(λz) = 1 
is fixed, thus providing maximum performance of the TIE-Hom 
phase retrieval for all X-ray energies. This approach results in a 
significant increase of the optimum X-ray energy and a notice-
able improvement in the SNR, compared to the case with a fixed 
propagation distance shown in Figure 15.16b. Also, when the 
Fresnel number is fixed, the corresponding SNR in the slices 
reconstructed using TIE-Hom phase retrieved projections is 
proportional to the second power of the pixel size (exactly as in 
the case of CT reconstruction from contact projection images). 
This indicates that, by increasing the pixel size, the difference 
between the maximum SNR in the slices reconstructed using 
contact (absorption) projections and that in the slices recon-
structed using PBI projections plus TIE-Hom (with NF = const) 
can only increase while the relative gain is retained. The lat-
ter was estimated to be around 0.3γ. Applying this result to the 
case of the cylindrical phantom with the diameter of 8 cm at 
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Physics is acknowledged.)



304 Handbook of X-ray Imaging

the optimum energy of 30 keV (see Figure 15.16b), we see that 
the (relative) ratio γ for the breast tissue (a mixture of gland 
and  adipose tissues) is about 800 and, hence, the upper limit on 
the gain in propagation-based phase-contrast CT is about 240, 
regardless of the pixel size.

Note also that, in order to keep the Fresnel number NF = h2/
(λz) unchanged, for a fixed X-ray energy, this might involve 
very large propagation (object-to-detector) distances, z ∼ h2/λ. 
For instance, at 30 keV (λ ≈ 0.4 × 10−4 µm) and h = 10 µm, 
the corresponding distance is z ≈ 2.5 m and is relatively easy 

TABLE 15.11

Comparison of Several Key Characteristics of Noise in the CT Reconstructed 
Volume for Two Imaging Methods: Conventional and PBI

Method Conventional CT PBI CT: TIE-Homa

(stdrec,µ)2 ∼ 1/(Φph,inc h4) ∼ 1/(Φph,inc h0)

SNR2 ∼ (Φph,inc h4) ∼ (Φph,inc h0)

Gain for γ = 103 1 ≈ 58

Gain for γ = 102 1 ≈ 9

Source: The source of the material Nesterets, Ya. I. and T. E. Gureyev, Journal of Physics D: 
Applied Physics, 2014 and Institute of Physics is acknowledged.

Note: Here, Φph,inc is the photon fluence (the number of photons incident per unit cross- sectional 
area) in the incident beam. Realistic detector with b ≡ σdet/(2h) = ½ is assumed.

a Assuming fixed z. If the Fresnel number is fixed then the h-dependence coincides with that of 
the conventional CT reconstruction. Gain values, GTIE(A ≫ 1, b = 1/2) ≅ A{0.012/[(3π/8)
(ln A − 3.8667)]}1/2, correspond to a ≡ (π/4)λz/h2 = 1 (so that A = γ).
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to manage. For a larger pixel size, h = 20 µm, the correspond-
ing distance becomes approximately 10 m, which can only be 
realized at specialized (large) imaging facilities, such as syn-
chrotrons. Also, by increasing the sample-to-detector distances, 
attenuation of the X-ray beam by the air gap between the sample 
and detector is increased and may significantly affect the resul-
tant gain. This attenuation can be significantly reduced if the 
gap between the sample and detector is in vacuum or filled with 
some inert gas.

Also, we would like to emphasize the fundamental difference, 
in terms of the relationship between the variance of noise and 
the photon statistics, of the conventional (absorption) CT and in-
line phase-contrast CT combined with TIE-Hom phase retrieval. 
These relationships follow from our theoretical analysis pre-
sented above in this section and are summarized in Table 15.11. 
Also shown in Table 15.11 are the typical gain values for the 
in-line PCT method.

15.7.4 Summary 

We presented an approach, based on the noise power spectrum 
formalism, for quantifying noise in phase retrieved X-ray radio-
graphs, as well as in phase-contrast computed tomography. 
Using this approach, in-line phase-contrast imaging in combi-
nation with a popular TIE-Hom phase retrieval algorithm has 
been analyzed and compared with conventional (contact) imag-
ing in terms of the noise in the reconstructed projections and 
CT images. In particular, simple analytical formulae have been 
derived for the variance of noise. The formalism has been vali-
dated by numerical simulations. Recently, some of the analytical 
results obtained in this work have been successfully validated 
in experiments performed at the SYnchrotron Radiation for 
MEdical Physics (SYRMEP) beamline of the Elettra synchro-
tron (Gureyev et al. 2014a).

A gain factor has been introduced in order to evaluate the 
improvement of image quality, in terms of the variance of noise, 
due to phase retrieval. Dependence of the gain factor on the fun-
damental imaging parameters, such as the detector resolution 
and the X-ray energy, has been investigated. Importantly, in the 
case of the PBI method and the TIE-Hom phase retrieval algo-
rithm, it was found that the maximum possible gain in reducing 
the standard deviation of the noise in the resultant images is of 
the order of 0.3(δ/β) and, thus, is completely determined by the 
optical properties of the object.

Relationships between the variance of the noise, the detector 
pixel size (resolution) and the incident photon fluence (which is 
proportional to the radiation dose) have been established for the 
TIE-Hom algorithm, in phase-contrast radiography as well as 
in tomography. In general, these are found to be different from 
those in conventional (absorption) radiography and tomography.

A simple characteristic of the image quality has been utilized 
in our analysis, namely pixel-wise SNR, and its dependence on 
the X-ray energy has been analyzed. It has been found that an 
optimum energy exists that maximizes the SNR and this opti-
mum energy, in general, depends on the imaging method as well 
as on the object’s dimension and composition.

While in this work we have not considered the issue of detec-
tion efficiency, this may constitute an interesting subject for a 

future investigation. Indeed, most real detectors lose efficiency 
with energy according to the stopping power of the sensi-
tive layer. This would reduce SNR for a given dose and, thus, 
would affect the optimal energy values for a real experiment. 
This effect can effectively be accounted for by multiplying the 
number of incident photons per detector pixel Ninc,pxl calculated 
using Equation 15.75 by the detection efficiency of the detector 
(if known).

The proposed formalism has been successfully applied to 
other imaging modalities and phase retrieval methods (Nesterets 
and Gureyev 2014). It may also be useful in the analysis of signal 
detectability by an ideal and/or human observer, when applied to 
images obtained using phase retrieval algorithms.
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16
Inverse Compton Scattering X-ray Sources

Luca Labate, Paolo Tomassini, and Leonida A. Gizzi

16.1 Introduction

In this chapter, we discuss a relatively novel class of X-ray sources, 
collectively referred to as inverse Compton scattering (ICS) sources. 
The underlying physical process, namely the inverse of the Compton 
scattering process, involves the scattering of an electron off a pho-
ton beam, resulting in  the creation of higher energy photons (see 
Section I, Chapter 1 of this book). In general, ICS sources (also 
sometimes simply called Thomson or Compton scattering sources, 
as we will clarify in the next Section) are, thus, based on the colli-
sion between a high brightness electron beam and a high intensity 
laser pulse, as schematically shown in Figure 16.1. The laser pulse 
e.m. wave induces the electrons of a colliding beam to oscillate, 
much in an analogous way to what an undulator or wiggler does. 
The striking difference, however, appears when one compares the 
electron energy required to get X-ray photons from the different 
classes of sources. For instance, an electron energy of about 5 GeV 
is required to get 1 Å wavelength radiation using a 2 cm period 
undulator, while only 25 MeV electrons are needed for the same 
final photon energy, when exploiting the Thomson scattering pro-
cess with a 1 µm-wavelength colliding pulse.

We defer until the next Section a more quantitative discussion 
of the physics of the process; for the moment, it is enough to 
mention that the energy of the scattered photons, EX, is related 
to the energy of the initial photons (EL) and to the γ factor of the 
electrons by the equation E EX L� 4 2γ . It can, thus, be easily 
verified that photon energies in the X-ray region can be obtained 
by letting electron bunches with typical energy in the range 
from a few tens up to a few hundreds of MeV collide with opti-
cal (EL ∼ 1 eV) photons. Given the low value of the Thomson 

scattering cross-section (see, for instance, Jackson 1999), both a 
high luminosity electron bunch and a high intensity/energy pho-
ton beam are needed, although, at the same time, the intensity of 
the laser pulse has to be kept below a certain threshold in order 
to preserve the monochromaticity of the resulting X-ray beam, as 
will be made clear in the next Section. Both these requirements 
can be fulfilled with the electron accelerators and laser systems 
available nowadays, so that ICS sources have been being increas-
ingly studied and developed over the past few years. A notewor-
thy feature of this kind of X-ray source is the reduced footprint 
compared to 3rd and 4th generation (storage ring synchrotrons 
and free electron lasers [FEL]) sources (see Section I, Chapter 8 
of this book). Indeed, an ICS source can feature a size as small 
as a few tens of meters; this has to be compared, for instance, 
to sizes of a few hundreds of meters of a typical medium-size 
synchrotron facility; of course, this also results in a reduced 
overall cost. Ideally, an ICS source can, thus, be fitted into, for 
instance, a university campus or a mid-size research infrastruc-
ture. Of particular importance here would be the availability of 
such a kind of X-ray source in large-size hospitals. In fact, as 
will be made clear in the next Section, the X-ray spectrum of ICS 
sources can feature a good degree of monochromaticity and tun-
ability, stimulating the study and development of novel protocols 
in both radiodiagnostics and radiotherapy. Furthermore, unlike 
X-ray tubes, whose X-ray emission is only tunable to a rather 
limited extent, ICS sources exhibit a pretty high level of spec-
tral and spatial control. Indeed, in addition to the photon energy, 
which can be tuned by changing the electron bunch energy, other 
properties can be tuned, including the X-ray polarization, the 
source size, and the bandwidth. Each of these properties can be 
indeed modified by acting, respectively, on the scattering laser 
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polarization, the size of the interaction area, the electron energy 
spread. Although a deep discussion of these topics is outside the 
scope of this chapter, an overview of the above features can be 
grasped by the discussion of the next section.

The most commonly employed quality parameter of an X-ray 
source is the so-called peak spectral brightness, providing the 
number of photons delivered per unit time, unit area, and unit 
solid angle in a given (usually 0.1%) bandwidth (see, for instance, 
Attwood (1999), for details on the implications of this definition). 
The graph in Figure 16.2 shows the peak spectral brightness of 
X-ray sources of different kinds, including the typical figures for 
ICS sources recently developed or under development (notice 
that FEL sources, typically featuring (or expected to feature) 
much higher brightness, do not appear in the graph). ICS sources 

can compete in the region above 20 keV with mid-size syn-
chrotrons (such as, for instance, ELETTRA [Italy]), and above 
100 keV, even with large-size synchrotrons such as APS (USA), 
ESRF (France), Spring8 (Japan), and DESY Petra III (Germany), 
among the few facilities worldwide capable of delivering X-ray 
beams with energy in excess of 100 keV.

In the remaining of this Chapter, we will first provide a con-
cise discussion of the fundamental physics of ICS sources (next 
Section), followed by a brief overview of the “conventional” 
machines developed or under development worldwide. By the 
term “conventional” here we mean X-ray sources, based on 
Thomson scattering, where the electron bunch is provided by a 
conventional linear accelerator (LINAC). As a matter of fact, in 
the past decade, a novel process of electron acceleration, called 
laser wake-field acceleration (LWFA), has been investigated and 
developed. This technique is currently able to deliver electron 
bunches with up to around 100 MeV−1 GeV energy in a stable 
and reproducible way (see, for instance, Esarey et al. 2009). For 
the sake of the present discussion, two of the most noteworthy 
features of the LWFA process are to be stressed: (a) the tiny 
acceleration lengths typically needed for reaching such energies, 
basically made possible by the huge accelerating gradients which 
can be established in a plasma; and (b) the intrinsic temporal syn-
chronization between the Thomson scattering laser pulse used 
in an ICS source and the electron accelerator, driven itself by a 
laser pulse. These two features allow the study and development 
of “all-optical” (i.e., based only on a laser pulse as the primary 
driver), very compact X-ray sources. Such a type of sources will 
be presented in Section 16.4. Incidentally, it must be mentioned 
that LWFA electron accelerators also allow other radiation gen-
eration mechanisms (e.g., betatron or bremsstrahlung emission) 
to be exploited, which only require a single laser pulse, thus con-
siderably simplifying the required setup. Despite their “intrin-
sic” nature and simplicity, these processes allow very collimated 
X-ray beams to be produced, and, thus, high brightness values to 
be obtained, in contrast, for instance, to X-ray tubes. All-optical 
sources based on these processes will be also briefly discussed 
in Section 16.4.

Finally, we will briefly mention a possible application in X-ray 
imaging which could easily take advantage of the peculiar fea-
tures of all-optical ICS sources.

16.2 The Physics of ICS Sources

Compton scattering from free electrons is an electrodynamical 
process in which each particle radiates, while interacting with 
an electromagnetic wave (Esarey et  al. 1993; Lau et  al. 2003; 
Tomassini et al. 2005). From the quantum-mechanical point of 
view, Thomson scattering is a limit case of hard photon emission 
by an electron absorbing one or more photons (Compton scat-
tering), in which the energy of the scattered photon is negligible 
with respect to the electron energy. Since most of the sources 
discussed in this chapter fulfill this condition, we will preferen-
tially use the term Thomson scattering (and Thomson source) 
from now on. Unlike Compton scattering, Thomson scattering 
process can be fully described within the framework of classical 
electrodynamics, both in the linear and nonlinear (i.e., when the 
electron absorbs more than one photon) regime.
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FIGURE 16.1 Conceptual scheme of an ICS source. The electron bunch trav-
els in the +z direction and is set to collide with a photon beam at an angle αL.
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The four main parameters of the Thomson scattering 
process of a pulse by a single free electron are the elec-
tron energy E0 = γ0mc2, the normalized pulse amplitude, 
a I0

10
0
28 5 10= . × − λ , the pulse duration, T, and the collision/

scattering angles. For the sake of the following discussion, the 
pulse intensity, I, and the wavelength, λ0, are expressed in W/
cm2 and µm, respectively. The pulse amplitude, a0, affects the 
momentum transferred from the laser pulse to the electron, 
which is linked to the number of pulse photons absorbed by the 
electron. In the case, a0 1� , only one photon is absorbed, and 
the resulting electron motion always admits a reference frame 
in which the quivering is nonrelativistic. This is referred to as 
linear Thomson scattering. If a

0
1>∼  the quiver motion becomes 

relativistic and the laser pulse magnetic field plays a role in the 
particle dynamics, generating a “figure eight” motion that results 
in the generation of harmonics (see, for instance, Macchi 2013). 
This is the nonlinear Thomson scattering.

The geometry most frequently used for the production of high 
fluxes of X/γ radiation is the backscattering (see Figure 16.3), 
which means that laser pulse and electrons experience a head-
on collision generating radiation moving (almost) in the same 
direction of the electrons. In Figure 16.3, the incoming (laser) 
photons move in the negative z direction and interact with bunch 
electrons in the neighborhood of the axes origin, while electrons 
move in the positive z direction; the resulting X/γ photons are 
emitted with a positive z momentum component. ϑ and ϕ are the 
azimuthal and polar angle, respectively, and the laser is supposed 
to be polarized along x. As we will show below, the scattering 
angle, ϑ, is the most important geometric factor in the linear 
regime, while more structured output profiles usually emerge in 
nonlinear Thomson scattering.

Once the kinematics of a single electron have been fully 
extracted by the particle’s dynamics, the distribution of the scat-
tered photons in the far-field can be evaluated by means of the 
classical retarded-potential integration (Esarey et al. 1993)
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where dΩ stands for the solid angle, dΩ = sin ϑ dϑ dϕ, EX is 
the scattered photon energy, h and α are Plank’s and fine struc-
ture (α � 1 137/ ) constant, respectively; and n = (sin ϑ cos ϕ, 
sin ϑ sin ϕ, cos ϑ) is the unit vector oriented as the output photon 
wavevector. Finally, kinematic variables, position r(t) and veloc-
ity v(t), are referred to laboratory frame.

16.2.1  Linear Thomson Scattering 
by a Single Electron

In the linear regime (a
0

1� ), the transverse quivering of the elec-
trons is always nonrelativistic, thus ruling out the magnetic field 
dynamic effect. The picture is, therefore, quite simple, since each 
trajectory is nothing but the superposition of a sinusoidal transverse 
quivering and a straight path (the unperturbed electron’s trajectory). 
Such a quivering occurs with a frequency, νx, much higher than the 
laser pulse frequency, ν0 = hc/λ0, since electrons move relativisti-
cally backwards with respect to the pulse propagation. The geom-
etry of the scattering by a single electron is depicted in Figure 16.4.

Each electron moves with a secular trajectory supposed to 
have a small deviation angle, ϑe, from the z-axis, with azimuthal 
phase angle, ϕe, in the xy plane. Angles ϑe and ϕe are relevant in 
scattering output, since the angular distribution of the photons 
generated by that electron is peaked almost exactly in (ϑe, ϕe), 
that is, in the same direction of the electron generating them.

In practical applications of Thomson scattering, a well col-
limated electron bunch is employed. Moreover, relativistic 
contraction imposes that the scattering angle, ϑ, can deviate at 
most by a quantity inversely proportional to the Lorentz electron 
gamma factor, γ0 1� , so that both ϑ and ϑe are very small. 
Furthermore, for application oriented setups, the laser pulses 
have long duration T compared to λ0/c, so that the so-called Small 
Angle Long Pulse (SALP) approximation holds (Tomassini et al. 
2005). As an example, we can consider a 50 fs Ti:Sa long pulse 
(T = 133λ0/c) colliding with a 30 MeV electron bunch with 
transverse normalized emittance of 1 mm mrad, focused down 
to a 20 µm focal spot. Electrons of the bunch are expected to 
have transverse characteristic momentum, p m ce⊥ � 0 1. , while 
longitudinal momentum is p m ce� � 60 , resulting in an inci-
dence angle, ϑe p p� ��⊥ ≈/ /1 600 1. The scattering angle is 
expected to deviate from ϑe, at most by a quantity 1/γ0, so that 
ϑ � 1 is fulfilled too.

xx

z

θ ϕ
y

x/γ  photon

x/γ  photon

y
Laser p

ulse

e-beam

FIGURE 16.3 Geometry of the backscattering setup. Electron beam and 
laser pulse collide in the neighborhood of the axes origin and generate scat-
tered photons, mostly emitted with a small scattering angle, ϑ. ϕ is the polar 
angle used throughout the discussion.
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The evaluation of the scattered photons distribution by 
a single electron by means of Equation 16.1 in the case 
ao e� � �1 1 1, ,ϑ ϑ , and T c� /λ0 leads to (linear SALP 
approximation):
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Equation 16.2 can be easily understood if divided into three parts. 
The last one (the δ function) gives the X/γ photon energy once the 
geometry is fixed; this is the incoming laser photon energy multi-
plied by a (relativistic) upshift U( ) ( ( ) )γ ϑ γ γ ϑ0 0

2
0

2 24 1, = +� �/ . Since 
the angle �ϑ ϑ ϑ ϑϑ ϕ ϕ= + − − /( cos( ))2 2 1 22e e e  is the azimuthal 
angle deviation of the outcoming photon from the incoming electron 
direction, the relativistic upshift U is maximum (4 0

2γ ) when the pho-
ton is emitted exactly in the electron forward direction. The central 
part of Equation 16.2 describes the flux dependence of the emitted 
photons on the angle �ϑ , and drops do zero when � �ϑ γ1 0/ . This 
means that, as we have anticipated before, the output photons are 
emitted into a cone of aperture �ϑ γ≈ 1 0/ . For the above-mentioned 
example, the 30 MeV electrons will emit most of the photons within 
a cone of aperture ≈1/60 rad. Finally, the first part, αN ac 0

2, Nc being 
the number of pulse cycles, Nc = cT/λ0, affects the total number of 
scattered photons by each electron. Since a I0

10
0
28 5 10= . × − λ  

and I E T wlaser= 2 0
2/( )π , the number of scattered photons is simply 

proportional to the factor E wlaserλ0 0
2/ , where Elaser is the laser pulse 

delivered energy and w0 the minimum waist, respectively.
We summarize in Table 16.1 the main parameters (energy and 

divergence) of an X-ray beam produced by the linear Thomson 
scattering in the case of 30 MeV and 300 MeV electron beams 
colliding with a typical Ti:sapphire laser pulse (details provided 
in Table 16.2).

16.2.2  Linear Thomson Scattering 
by an Electron Bunch

In order to estimate the incoherent X/γ photon distribution gen-
erated by an entire electron bunch, we need to sum up the con-
tribution of the independent electrons. This can be done either 
analytically or numerically, depending on the quality of the bunch 
information we have. Semi-analytical (Tomassini et al. 2008) or 
Monte Carlo (CAIN code, [Chen et al. 1995]) codes can accurately 
simulate each (macro) particle dynamics. Nevertheless, analytical 
results are useful for the understanding of the final photon distri-
bution dependence on the pulse/bunch parameters, which can be 
useful for optimization of the source (Oliva et al. 2010).

The main parameters of the bunch are the mean energy, 
Emean = mc2γmean, energy spread, σE, length, σz, transverse size, 
σr, and normalized emittance, εn. The mean energy is the first 
parameter to be set for the tuning of the X/γ source peak energy; 
bunch size is deeply linked to the pulse size and controls the 
number of scattered photons NX. Finally, energy spread and emit-
tance are the main bunch parameters to deal with for the source 
energy bandwidth estimation.

A further key parameter is just the geometrical acceptance of 
the collimator, which is placed after the interaction point. In the 
case of good-quality beams, the geometrical acceptance, θmax, is 
the most important parameter, controlling not only NX, but also 
the energy spread of the final photon burst. If the beam diver-
gence is much smaller than θmax, the integration of Equation 16.2 
over the scattering angles and the phase space of a Gaussian 
electron bunch yields an analytical relationship between the col-
lected photons number and the acceptance angle through
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where Ψ = γmeanϑmax is the normalized acceptance, and F is 
an overlapping factor between the bunch and the pulse (see 
Tomassini et  al. 2005). In the case Ψ = 1, exactly half of the 
maximum number of photons can exit the collimator; moreover, 
since NX saturates for Ψ � 1 , the photon flux rapidly decreases 
for Ψ =γϑ � 1 .

The photon energy spectral bandwidth depends on Ψ, too. Since 
the uphift factor, U( ) ( ( ) )γ ϑ γ γ ϑ0 0

2
0

2 24 1, = +� �/ , decreases with 
γϑ, a rough estimate of the bandwidth is ∆ Ψ ΨE EX X/ /� 2 21( )+ , 
which shows a Ψ dependence close to that of NX (see Figure 16.5). 
This, unfortunately, means that, if we need to reduce the energy 
spread of the X/γ photons, we need to choose a small aperture 
collimator, causing a proportional reduction of the flux, that is, 
∆E E N NX X X X max/ /( )� �Ψ2  for Ψ � 1. In high monochro-
maticity sources, beam quality effects must be addressed too. In 
this case, a useful estimate of the full width at half maximum 

TABLE 16.1

Maximum Energy and Divergence of the X-ray Beam Resulting 
from the Collission of 30 MeV and 300 MeV Electron Beams 
with the Laser Beam of Table 16.2

Electron 
Energy, Ee

Maximum X/γ 
Energy, EX Aperture

30 MeV 
(γ0 ≃ 60)

22 keV (X-ray) �ϑ γ≈ ≈1 0/ 20 mrad

300 MeV 
(γ0 ≃ 600)

2.2 MeV (γ-ray) �ϑ γ≈ ≈1 0/ 2 mrad

TABLE 16.2

Main Parameters of the Scattering Laser Beam Considered in the Calculations Leading to the Results of Table 16.1

Laser Parameters

Energy Elaser Waist, w0 Duration, T Wavelength, λ0 Amplitude, a0

Flux Factor, 

αN ac 0
2

1 MeV 25 mm 500 fs 0.8 µm 0.3 0.13
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(FWHM) bandwidth can be deduced by integration of Equation 
16.2 with a standard Gaussian phase space of the beam, obtaining

 Δ + Δ + Δ ⊥E E p mcX X/ / /� Ψ2 22 γ γ ( )  (16.4)

where the second and third term (Δp mc⊥ ⊥ ⊥/ / )� ε σ  are related 
to the energy and transverse momentum spread, respectively.

16.2.3  Nonlinear Thomson Scattering

Nonlinear effects arise when a particles trajectory gains 
a  second  harmonic longitudinal quivering driven by the 
pulse magnetic field. In the case of a flat-top pulse, analyti-
cal results  are  available (Esarey et  al. 1993; Lau et  al. 2003; 
Tomassini et al. 2005), but their description is outside the scope 
of this book. We just stress here that nonlinear effects show 
their signature with

• Generation of harmonic in the X/γ spectrum

• Downshift of the peak energy (for each harmonic)

• Spectral broadening

• Structured dependence of the flux on ϑ and ϕ

Harmonic generation comes from the integration of the longi-
tudinal term, exp[i sin(2ω0t)] in Equation 16.1. Each nth harmonic 
is peaked at an energy 4 10

2
0

1
2 0

2γ nE a/( )+ , which is actually 
lower than a multiple of 4 0

2
0γ E . This is due to the longitudinal 

ponderomotive force of the pulse that reduces the longitudinal 
momentum of the particle while quivering. A secondary effect of 

such a force is a spectral broadening due to the pulse amplitude 
varying radially, thus pushing back with a variable strength elec-
trons moving with different radii.

We conclude this section reporting the results of a full simula-
tion of a weakly nonlinear X-ray source obtained by backscatter-
ing of a Ti:Sa pulse (λ0 = 0.8 µm) with a 70 MeV electron bunch. 
The bunch, whose parameters are summarized in Table 16.3 and 
whose phase space distribution in shown in Figure 16.6a, has 
been considered as obtained using the state-of-the-art technol-
ogy of conventional RF accelerators. The laser pulse parameters 
are listed in Table 16.4.

The simulation was performed using the Thomson scattering 
Simulation Tools (TSST) code (Tomassini et al. 2008), consider-
ing a normalized acceptance, Ψ = 0.5, that is, a maximum azi-
muthal angle, θmax = 3.6 mrad. The spectrum was truncated at 
the second harmonic, since higher harmonics gave a negligible 
contribution.

During the interaction with the electron bunch, the laser 
pulse partially focuses/defocuses, since its Rayleigh length, 
Z wR = = .π λ0

2
0 2 5/ mm , is comparable with the bunch FWHM 

length (about 1.5 mm). After the head-on collision, a total num-
ber of 6.5 × 107 photons with peak energy 110 keV and spectral 
bandwidth 20 keV FWHM are collected by the detector per each 
laser shot, as summarized in Table 16.5.

The simulation results interestingly show that nonlinear 
effects are clearly visible, even at a0 ≃ 0.3, that is in a weakly 
nonlinear regime. The spectrum of the second harmonic (Figure 
16.6b) is broader than the one of the first harmonic, due to the 
fact that  second harmonic photons emerge off-axis (Figure 
16.6c). Moreover, unlike first harmonic, the second one exhibits 
an angular distribution strongly depending on the polar angle ϕ 
(Figure 16.6d,e).

We conclude this section stressing that the presence of har-
monics can be detrimental for application purposes (in the sim-
ulation above, for instance, around one photon over 60 comes 
from the second harmonic), so that a fully linear regime is pref-
erable when the spectral purity is a key issue. In order to get at 
the same time a sufficiently high average flux, low energy-per-
shot pulses and recirculation schemes have been proposed so far 
(Dupraz 2014).

Finally, a few words about the duration of X-ray pulses produced 
by Thomson scattering. Due to relativistic effects, this quantity 
depends, in a backscattering configuration, on the electron bunch 
length solely; it is roughly given by T = σb/c, where σb is the root 
mean square (r.m.s.) bunch length. Commonly employed elec-
tron bunches produced by radiofrequency (RF) accelerators have 
lengths of 300 to 3000 µm, so that conventional ICS sources have 
a duration in the range 1 to 10 ps. Electron beams generated by 
laser-plasma wake-field acceleration (see Section 16.4) are much 
shorter instead, with typical lengths in the range 0.5 to 1.5 µm, 
thus generating radiation in the femtosecond scale (2–5 fs).
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TABLE 16.3

Electron Bunch Parameters Used for a Full Simulation of a Weakly Nonlinear X-ray Source

Charge Length RMS Radius RMS
Mean 

Energy
Energy 

Spread RMS
Transverse 

Momentum RMS Emittance

0.5 nC 700 µm 14 µm 70 MeV 0.4% 0.1 mc 1.2 mm mrad
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16.3  An Overview of “Conventional” ICS 
Sources under Development

As said in the Introduction, the development of X-ray sources 
based on the Thomson scattering is very recent. In this section, 
we will briefly discuss a few examples of such sources based 
on “conventional” electron acceleration technologies, that is on 
radiofrequency LINAC acceleration stages (possibly followed by 

a storage ring). Roughly speaking, two broad classes of architec-
tures for such sources can be identified. The first one typically 
employs a LINAC, accelerating charges of the order of a few 
nC, and a J-class laser system. Both the electron bunches and the 
laser pulses are focused down to a few tens of micrometer spots 
at the interaction point (IP). The repetition rate of such a kind of 
sources is of the order of 100 Hz. A different scheme, proposed 
in 1998 (Huang et al. 1998), is based upon the use of a compact 
storage ring and an optical cavity, which intersect each other in 
at least one point. This scheme allows higher repetition rates (up 
to a few tens of MHz) to be reached.

Table 16.6 shows a list of ICS sources in operation or under 
construction worldwide; for further details, see Bruni et  al. 
(2009). Since most of the sources appearing in the list actually 
rely on existing accelerator research facilities (thus, generally 
speaking, featuring large sizes), we restrict our attention here to 
a few projects specifically aimed at developing compact sources 
for users, employing small electron accelerators developed on 
purpose.

An ICS source based on the first achitecture listed above is 
under construction, as a dedicated user facility, at the University 
of Calabria (Italy). The source, dubbed STAR (“Southern Europe 
Thomson source for Applied Research”), features an RF LINAC 
delivering 0.5 nC charge, 60 to 85 MeV electron bunches and 
0.8 J energy, 10 to 20 ps duration laser pulses. The X-ray photon 
energy is expected to be tunable in the range from a few tens 
up to around 160 keV, with a bandwidth of 10% in a “high flux” 

TABLE 16.4

Laser Pulse Parameters Used for a Full Simulation of a Weakly 
Nonlinear X-ray Source

Energy
Duration 
FWHM Waist, w0 Peak Intensity I Amplitude, a0

1 J 250 fs 25 µm 1.6 × 1017 W/cm2 0.27

TABLE 16.5

Results of the Simulation of a Weakly Nonlinear Thomson Source, 
Carried out Using the TSST Code

Collected Photons 
at Ψ = 0.5 Peak Energy

FWHM Energy 
Spread @1ω Nphot@1ω /Nphot@2ω

6.5 × 107 110 keV 20 keV (18%) 63

Source: Adapted from Tomassini, P. et  al. 2008. IEEE Transactions on 
Plasma Science 36:4.
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operation regime (1010 ph/s at 100 Hz) or down to 1% in a “small 
bandwidth” operation regime (109 ph/s at 100 Hz). Figure 16.7 
shows a sketch of the STAR layout hosted into the “accelera-
tor” bunker, with the acceleration cavities, the RF guides, and 
the beam optics, up to the interaction point (between the electron 
and laser pulse) vacuum chamber. The main building of the facil-
ity, hosting the accelerator bunker, the laser system, and the first 
user station, features an overall footprint of around 50 × 25 m2.

As an example of the second architecture discussed above, we 
can mention the ThomX project, which aims at the construction 
of a source in the energy range 50 to 90 keV in Orsay (France) 
(see, for instance, Bruni et  al. 2009, 2011). Figure 16.8 shows 
a conceptual scheme of the machine. In particular, it features 
a 50 MeV LINAC accelerator stage (employing a photo-injector 
as an electron-gun) and a small storage ring to obtain a high 
repetition rate (basically set by the ring circumference). As said 
above, such a scheme is the most commonly adopted one for 
sources aiming at producing high average fluxes. The electron 
bunches circulating into the ring are set to collide with laser 
pulses injected into a 4-mirrors Fabry-Perot cavity; this solution 
is used in order to achieve a sufficient energy amplification of the 

scattering laser pulse (Variola et al. 2011b). The ThomX machine 
is expected to deliver X-ray photons with energy in the range 
50 to 90 keV, with a bandwidth of 10%, a divergence lower than 
2 mrad, at a repetition rate of 20 to 40 MHz. The average photon 
flux is expected to be of the order of 1011 to 1013 ph/s, depending 
on the operation regime selected. From Figure 16.8, the overall 
footprint of the final machine can also be estimated. As it is vis-
ible, the footprint of this kind of source can be noticeably lower 
than for a synchrotron installation.

We just mention, at this stage, that several other projects are 
ongoing worldwide, aimed at developing small size, high aver-
age rate ICS X-ray sources based on RF LINAC acceleration. 
In essence, these projects mostly differ from each other for the 
electron acceleration and/or storage technology and for the laser 
beam manipulation, ultimately resulting in different figures as 
for the repetition rate, X-ray beam divergence and/or coherence, 
pulse-to-pulse jitter, and so on (see, for instance, Graves et  al. 
2014; Xu et al. 2014).

Finally, we mention the first commercial machine based 
on Thomson scattering, currently developed by Lyncean 
Technologies, Inc., and dubbed CLS (Compact Light Source) 

TABLE 16.6

List of Some of the “Conventional” (See Text) ICS X-ray Sources in Operation or under Study/Development

Project/Source Name Type Energy (keV) Flux (10% Bandwidth) Source Size (µm)

PLEIADES (LLNL) LINAC 10–100 107 (10 Hz) 18

SLAC LINAC 20–85

Waseda University LINAC 0.25–0.5 2.5 × 104 (5 Hz)

AIST, Japan LINAC 10–40 106 30

Tsinguha University LINAC 4.6 1.7 × 104

LUCX (KEK) LINAC 33 5 × 104 (12.5 Hz) 80

MIT project LINAC 3–30 3 × 1012 (100 MHz) 2

SPARC-PLASMONX LINAC 20–380 2 × 108–2 × 1010 0.5–13

TERAS (AIST) Storage ring 1–40 5 × 104 2

Lyncean Tech Storage ring 7–35 1012 30

TTX (THU China) Storage ring 20–80 1012 35

ThomX, France Storage ring 50 1013 (25 MHz) 70

FIGURE 16.7 Sketch of the STAR layout. (After Bacci, A. et al. Proceedings of IPAC2014. http://inspirehep.net/record/1313765/files/wepro115.
pdf?version=1.) 

http://inspirehep.net/record/1313765/files/wepro115.pdf?version=1
http://inspirehep.net/record/1313765/files/wepro115.pdf?version=1
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(Lynchean Technologies, Inc. 2015, see also [Eggl et al. 2016]). 
A conceptual scheme of the machine can be found on the com-
pany website. The machine uses a storage ring, much like in 
the ThomX case, to get a high repetition rate of the electron 
bunch, produced by a photocathode and accelerated by a few RF 
LINACs, to collide with a low power laser system, also injected 
into an optical cavity to reach a level of about 100 kW of circu-
lating power. This “room size” machine is expected to feature, 
beside a somewhat continuously tunable energy spectrum and 
high spatial coherence, a bandwidth of a few percent and a mod-
erate (few mrad) diverging beam at a maximum photon energy 
of about 35 keV. The average X-ray flux is expected to be of the 
order of 1012 ph/s, and the source size around 100 µm. The unof-
ficially declared cost of such a machine is close to 10 M euros.

16.4 All-Optical X-ray Sources

All-optical generation of X-ray and γ-ray radiation relies on 
the possibility to achieve effective electron acceleration using 
lasers and plasmas. This possibility was explored systematically, 
since the demonstration of high power laser amplification in the 
last decades of the twentieth century. However, it was with the 
impressive progress of high power laser technology initiated by 
the introduction of the Chirped Pulse Amplification (CPA) con-
cept (Stickland and Mourou 1985), that laser-plasma accelera-
tion reached the first significant milestones (Geddes et al. 2004; 
Faure et al. 2004; Mangles et al. 2004). These achievements are 
now leading to the realization of new large laser systems within 
the framework of the Extreme Light Infrastructure (ELI) that, by 
the end of this decade, will start paving the way to the explora-
tion of new physical domains toward the electron-positron pair 
creation and the possibility to reach the critical field of quan-
tum electrodynamics (Schwinger 1951). At the same time, the 

control of ultra-high gradient plasma acceleration (Giulietti et al. 
2002; Faure et al. 2004; Leemans et al. 2006) is being pursued 
further and advanced schemes are being proposed for the future 
TeV linear collider (Leemans et al. 2010). Meanwhile, existing 
laser-plasma accelerating schemes are being considered for the 
development of novel radiation sources. All-optical X-ray free 
electron lasers (X-FEL) are already being explored (Gallacher 
et al. 2009), with encouraging chances of success in the medium 
term. In this context, a design for a new European Research 
Infrastructures of the H2020 Framework Program named 
European Plasma Research Accelerator with eXcellence In 
Applications (EuPRAXIA) has recently being established. The 
program (http://www.eupraxia-project.eu/home.html, 2016) aims 
at developing compact and advanced X-ray sources based upon 
compact laser-plasma acceleration. Meanwhile, more afford-
able configurations, still based upon laser-driven high energy 
electrons, including bremsstrahlung, Betatron, and Thomson 
scattering, are being explored, established, and applied to dif-
ferent fields. In this section, we first give a summary of these 
techniques, based entirely on intense laser light and compact and 
scalable schemes, and we then focus our attention to the experi-
mental development of Thomson scattering sources. Before 
entering the discussion of radiation generation, an introduction of 
the basic theory and experimental requirements of laser-plasma 
acceleration is given.

16.4.1 Laser-Plasma Acceleration

In laser-plasma acceleration (LPA), a high intensity ultra-short 
pulse is focused in a gas to induce laser wakefield accelera-
tion (LWFA) (Tajima and Dawson 1979). In the classical pic-
ture of LWFA, a longitudinal electron plasma wave is excited 
by the ponderomotive force associated to the laser pulse. The 
electron plasma wave exhibits a longitudinal electric field and 

Accelerating section 50–70 MeV Electron gunDiagnostic station
and beam dump

Triplet for
emittance measurement

Energy spread
measurement

Injection matching
Beam dump

Injection and extraction system

Interaction region
Compton interaction

RF cavity

X-rays
for users

FIGURE 16.8 Layout of the ThomX machine. (After Variola, A. Proceedings of IPAC, 2011a. https://www.lal.in2p3.fr/IMG/pdf/weoaa01.pdf.)

https://www.lal.in2p3.fr/IMG/pdf/weoaa01.pdf.
http://www.eupraxia-project.eu/home.html
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has a phase velocity set by the group velocity of the laser pulse, 
v cg p L= − /1 22 21( )ω ω/ , where ω πp e en e m= /1 224( )/  is the elec-
tron plasma frequency, with ne being the electron plasma density, 
e and me the electron charge and mass, respectively, and ωL is 
the laser angular frequency (Atzeni and Meyer ter Vehn 2004). 
Electrons in phase with the wave are accelerated until, traveling 
faster than the electron plasma wave, they overcome the acceler-
ating field of the wave and start experiencing a decelerating field. 
This mechanism yields a maximum accelerating distance equal 
to the so-called dephasing length, given by:

 
L nd

L

p
p m= . ,− / −ω

ω
λ λµ

2

2 18
3 2 23 2�

 
(16.5)

where n18 is the electron density in units of 1018 cm−3, and λµm is 
the laser wavelength in micrometers. At high laser intensity, this 
classical scenario is significantly modified and numerical simula-
tions provide detailed description of plasma wave excitation and 
evolution, as well as electron injection and acceleration. The most 
compact configuration to obtain GeV-range electron bunches 
from laser-plasma interaction is based upon a gas-jet of a few 
millimeters, working in the so-called blowout regime (Pukhov 
and Meyer ter Vehn 2002; Gordienko and Pukhov 2005).

As shown in Figure 16.9 (right), a short (cτ < λp/2) and intense 
(a0 > 2) laser pulse expels the plasma electrons outward, creat-
ing a bare ion column. The blown-out electrons form a narrow 
sheath outside the bubble, and the space charge generated by the 
charge separation pulls the electrons back, creating a bubble-like 
wake whose size is λ ωb pa c� 2 0 /  and the dephasing length 
becomes Ld L p b= 2 3 2 2/ /( )ω ω λ . Here a0 = eAL/mc2 is the normal-
ized vector potential of the laser. For sufficiently high laser inten-
sities (a0 3 5 4> . ÷ ) electrons at the back of the bubble can be 
injected in the cavity and experience a maximum accelerating 
field of E GW nacc[ ] � 100 18

1 2/ . Therefore, the maximum energy 
gain is given by (Pollock et al. 2011):

 W GeV E L P nmax acc d TW[ ] = . ,/ − /� 0 37 1 3
18

2 3

 (16.6)

It can be shown that, according to this result, a matched 
condition (acceleration over the entire dephasing length) to 
achieve 1 GeV electron energy requires an electron density of 
2 × 1018 cm−3. At this relatively high electron density, experi-
ments show that laser beam quality is the key parameter to enable 
a satisfactory propagation, but a range of processes still play a 
crucial role in the propagation. Diagnostic techniques aimed 
at characterizing the propagation dynamics and unveiling the 
microscopic features of accelerating structures in the plasma are, 
therefore, needed to gain control over the acceleration process.

In this context, special attention is being dedicated to the con-
trol of self-injection of electrons. Recently, several mechanisms 
have been identified and implemented to control injection of elec-
trons in a well-formed wake wave, which can be broadly divided 
into three categories, depending on the basic physical mecha-
nism responsible for injection, as shown in Figure 16.10. Here, 
the objective is to achieve a localized injection of electrons with 
a limited longitudinal spatial extent, to ensure reduced energy 
spread of accelerated electrons. Wave breaking is certainly the 
most fundamental process leading to injection of electrons in a 
plasma wave. While transverse wave breaking (Bulanov et  al. 
1997) suffers from a delocalized injection of electrons and con-
sequently large energy spread, longitudinal wave breaking via 
down-ramp (Bulanov et al. 1995) density-transition (Tomassini 
et  al. 2003) certainly provides more localized injection and 
limited energy spread of electrons. Activation of such injection 
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FIGURE 16.9 Laser–gas interaction. Left: Artist’s view of laser interaction with a gas-jet. Right: Plot of the electron density showing the ion cavity gener-
ated by the intense laser propagating behind the laser pulse. The electron bunch injected in the bubble and accelerated by the longitudinal electric field is 
also visible. (After Gizzi, L.A. et al. 2009. Nuovo Cimento C 32:433.)

Wave breaking Ponderomotive Ionization injection

FIGURE 16.10 Principal electron injection mechanisms divided schemati-
cally according to the underlying fundamental physical process currently 
being explored to provide localized injection and narrow electron energy 
spread.
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schemes require accurate control on shape and profile of electron 
distribution that can be achieved using custom gas targets and 
plasma tailoring. Recent successful implementations of this prin-
ciple yielding very localized injection have been demonstrated 
which rely on plasma lensing (Gonsalves et al. 2011) and shock-
front in gas jets (Buck et al. 2013).

Ponderomotive injection (Umstadter et al. 1996; Esarey et al. 
1997) also enables a high degree of control on the exact loca-
tion of injection, but requires significantly more complex experi-
mental configurations with additional laser pulses. In contrast, a 
simple technique to enhance electron injection is the so-called 
ionization injection (Chen et al. 2006), in which field ionization 
properties of some gases are exploited to increase electron den-
sity in the bubble. Recent advances of this scheme also enable 
control of the spatial distribution of ionization injection and con-
sequent smaller energy spread. Indeed, it is the dramatic devel-
opment of these injection techniques which is currently enabling 
generation of narrow energy spread electrons with high energy, 
up to the multi GeV, uniquely by laser techniques. More effort is 
needed in this direction and perspectives in the near future are 
that injection and acceleration up to the 5 GeV energy range will 
be stable and accurate, as required to drive a new generation of 
radiation sources for applications.

16.4.2  Basic All-Optical Schemes of 
Broadband X-ray Generation

Before exploring the details of X-ray generation by Thomson 
scattering, we describe two alternative techniques, namely 
bremsstrahlung and Betatron emission which currently pro-
vide robust approaches to development of all-optical radiation 
sources. In both cases broadband radiation is generated either 
by scattering off an external target material or by oscillations of 
the accelerated bunch in the wakefield structure. In the case of 
bremsstrahlung, a charged particle makes a Coulomb collision 
with the nuclei of atoms of the scattering material undergoing 
acceleration and emitting radiation with a continuous photon 
energy spectrum that extends up to approximately the electron 
rest energy times the γ factor of the incident electron. For value of 
γ > 1, the photons are emitted in the forward direction in a cone 
of aperture of approximately 1/γ. The total radiated power scales 
as Z2 and can account for a conversion of a significant fraction of 
the electron energy into photon energy. Practical bremsstrahlung 
sources extend from the keV range, as in the X-ray tube, up to 
the multi MeV range. In the latter case, the high energy elec-
tron bunch, accelerated by a LINAC, hits a converter, typically 
a tungsten or a tantalum plate, and generates γ-rays with photon 
density as high as 1 ph/eV/s. Alternatively, high energy electron 
bunches produced using compact plasma accelerators driven 
by lasers can be used in place of LINAC generated electrons. 
All-optical, laser-based bremsstrahlung X-ray and γ-ray sources 
have already been explored (Gizzi et al. 1996, 2001) and success-
fully tested using self-injection electron bunches (Giulietti et al. 
2001, 2008). Figure 16.11 shows a schematic set up of a typical 
laser-driven γ-ray source used in Giulietti et al. (2008). Here the 
source was used to activate a gold sample in the 8 to 17.5 MeV 
photon energy range of the giant dipole resonance. A total flux of 
4 × 108 photons per joule of laser energy was estimated through 
activation measurements which makes this class of sources the 

brightest bremsstrahlung source in the considered photon energy 
range.

In this context, photon yield can be significantly enhanced if 
multiple bunches are generated in laser wakefield acceleration 
for a single laser pulse. In fact, in the experimental conditions 
explored in Giulietti et al. (2008), the laser pulse undergoes self-
phase modulation and compression that leads to the excitation 
of a nonlinear plasma wave with multiple buckets with a similar 
amplitude. Injection and acceleration occurs in each bucket and, 
consequently, multiple electron bunches of high energy electrons 
are generated at each laser shot, as shown in Figure 16.12.

A similar setup is being considered for other applications 
like imaging and nondestructive testing of thick objects. In 
this case the source size is a very relevant parameter that must 
be optimized to enhance spatial resolution of the imaging 
technique. Recent studies (Ben-Ismaïl et al. 2011a) show that 
a source size as small as 30 µm can be obtained, placing the 
bremsstrahlung converter a few millimeters from the gas-jet 
downstream the bunch propagation direction to perform high 
resolution γ-ray imaging of bulky and dense objects (Ben-
Ismaïl et  al. 2011b). An additional feature of all-laser-driven 
sources is the intrinsic ultra-short pulse duration which, com-
bined with the potentially high degree of compactness, makes 
this class of sources unique and potentially advantageous for 
applications in a wide range of fields, both in industry and in 
basic research.

In the case of Betatron radiation, generation of X-ray radia-
tion originates from the transverse oscillation of the electron 
bunch in the acceleration cavity, due to the strong restoring force 
directed toward the longitudinal laser propagation axis, as shown 
schematically in Figure 16.13. The typical photon energy of this 
emission is similar to the undulator type radiation character-
ized by a wavelength of the oscillation, λ γ λβ = 2 0 p, where 
λ π ω µp p ec n= = . × −2 1 05 1021 1/ m is the electron plasma wave-
length, with ne being the electron plasma density in units of cm−3. 
Photon energy up to the keV range can be easily achieved for 
electron energy up to 1 GeV.

This radiation mechanism was first observed in 2004 (Corde 
et al. 2013), and is currently being regarded as a very promis-
ing mechanism for X-ray imaging up to the keV range. In fact, 
the effective small source size typical of this emission process 
makes phase–contrast imaging possible, as recently demon-
strated both at 5 keV (Wenz et  al. 2015) and earlier at higher 
photon energies of 10 keV (Kneip et al. 2011) and above 20 keV 
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FIGURE 16.11 Schematic setup of a bremsstrahlung source based upon 
a laser-plasma source of high energy electrons. A tantalum converter is 
placed in the proximity of the gas-jet target where the transverse size 
of the laser-accelerated electron bunch is as small as a fraction of a 
millimeter.
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approximately (Najmudin et al. 2014). Although betatron emis-
sion typically exhibits a broadband spectrum in the keV range, 
higher photon energy can be achieved in conditions of enhanced 
transverse electron oscillations, as demonstrated in Cipiccia 
et  al. (2011), where parameters of the accelerating cavity were 
modified in such a way to enable overlapping of the electrons 
with the rear of the laser pulse. In this way, the betatron motion 
was resonantly excited, and the resulting oscillation amplitude 
was found to increase significantly, leading to an enhanced X-ray 
photon energy.

16.4.3  Toward Narrow Band Emission: Thomson 
Scattering in the Laboratory

While bremsstrahlung and betatron radiation offer a poten-
tially effective solution for broadband emission, other appli-
cations require high spectral density X- and γ-rays. In this 
scenario, a very demanding application is the Nuclear Resonance 
Fluorescence (NRF), due to the small spectral width of nuclear 
resonance transitions, but medical imaging may also strongly 
benefit from narrow band X-rays. In this case, Thomson sources 
may be the proper solution, provided sufficient photon yield can 
be achieved, given the low intrinsic scattering efficiency of this 
mechanism.

Nuclear applications require bandwidths as small as <0.1%, 
where the present state of the art is 2%, and spectral density as 
high as 104 photons/s/eV. Generation of radiation via Thomson 
scattering of a laser pulse by energetic counter-propagat-
ing electrons was initially proposed in 1963 (Milburn 1963; 
Bemporad et  al. 1965) as a quasi-monochromatic and polar-
ized photons source. Nevertheless, the above requirements are 
very demanding in terms of electron bunch features, includ-
ing energy spread, emittance, and charge. In view of this, new 
large installations based on state-of-the-art accelerator tech-
nology are being proposed to fulfill these requirements. A few 
examples have been discussed above. The estimated cost of 
such installations is currently in the range of a few tens up to 
100 M euro. Such new sources (Albert et  al. 2010) are based 
upon the use of high energy LINACs and high power lasers 
or free electron lasers (Sandorfi et al. 1983) to generate γ-rays 
via Thomson scattering. Other applications, including material 
and medical imaging applications, are less demanding in terms 
of bandwidth, while still requiring high photon fluxes to limit 
exposure times and access low-scattering efficiency processes. 
In this scenario, the use of laser-plasma accelerated electrons 
has also been explored (Walsh et al. 2009) and is regarded as 
a possible way to make radiation sources far more accessible 
than current LINAC based sources, aiming at compactness and 
versatility, while still offering performances well beyond the 
current state of the art.

“All-optical” Thomson scattering is being considered here, 
in which a high intensity laser pulse is set to collide with a 
laser-accelerated electron bunch. In a pioneering experiment 
(Schwoerer et al. 2006) carried out at the Jena Laser Facility in 
2006, all-optical Thomson scattering (TS) in the 1 keV X-ray 
region was first demonstrated using a compact configuration with 
a relatively low degree of freedom for optimization and using poor 
quality laser-accelerated electron bunches, still affected by 100% 
energy spread. Since then, laser-plasma acceleration has seen a 
dramatic improvement of electron beam parameters and process 
control; laser-accelerated electrons can now exceed 4 GeV peak 
energy (Leemans et  al. 2014), with energy spread well below 
10%, while generation of 100 MeV scale electrons with record 
values of the energy spread close to 1% is now routinely achieved 

–17.8

17.8

Laser

1617 1668 2417 2474

42 MeV

0 0

30

60

90

Px
 (m

c)

120

150

180

3

ne
nc

5
×10–2

x (mm)x (mm)

y 
(m

m
)

FIGURE 16.12 Particle-in-cell simulation of nonlinear wakefield excitation and acceleration of multiple bunches. This regime, explored in Giulietti et al. 
(2008), provides efficient conversion of laser energy into high energy electrons and bremsstrahlung radiation.
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FIGURE 16.13 A pictorial view of the physical principle behind the beta-
tron radiation emission. Electrons injected in the longitudinal field of the 
accelerating bubble-like structure oscillate around the axis due to the restor-
ing force and emit radiation in the forward direction.
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in many laser facilities. Moreover, new schemes are being pro-
posed to control injection and optimize acceleration, which are 
now being implemented to further improve the quality of laser-
accelerated electrons in order to enable reliable laser-driven elec-
tron acceleration, even with relatively small laser systems. With 
the development of ultra-intense lasers, interest in this process 
has grown, and the process is now being exploited as a bright 
source of energetic photons from UV to γ-rays and attosecond 
sources in the full nonlinear regime. Thomson scattering in the 
linear regime has also been proposed to attain the angular dis-
tribution of a monochromatic electron bunch (Leemans 1991). 
Moreover, experimental methods have been proposed to measure 
the length of a monochromatic electron bunch and to measure 
the energy spectrum of a single bunch eventually characterized 
by a wide energy spread or, alternatively, to measure the angu-
lar distribution of a single bunch with a known energy spectrum 
(Tomassini et  al. 2003). These new experimental methods are 
based on X-ray detectors having both a good spectral and angu-
lar resolution (cooled charge-coupled device [CCD] camera used 
in the single photon counting regime) (Labate et al. 2002).

In this section, we will review the status of laboratory demon-
stration of all-laser-driven Thomson scattering sources, based on 
laser-driven electron beams scattering off intense laser pulses. 
We will describe the main experimental configurations used and 
their potential for future development of an industrial source. 
Figure 16.14 shows a conceptual view of an all-optical Thomson 
scattering source, based upon a counter-propagating configura-
tion of two ultraintense laser pulses focused in a gaseous target. 
One of the pulses propagates toward the electron bunches, gen-
erated by the other pulse, producing radiation along the bunch 
propagation direction. The counter-propagating configuration 
is obtained either using two separately compressed laser pulses 
with controlled energy, or by splitting the main laser pulse in 
two pulses, with an independent focusing configuration. In this 
case, particular care must be taken in arranging the splitting con-
figuration where one, or both laser pulses may suffer from phase 
front distortions introduced by the beam splitter.

Indeed, a different configuration has been proposed and 
demonstrated (Ta Phuoc et al. 2012) which is based on a single 
laser pulse reflecting off a plasma mirror placed in the proxim-
ity of the plasma acceleration region. In this configuration, the 
single laser pulse propagates through the gas-jet accelerating 
electrons and is reflected back by a thin foil placed a few mil-
limeters downstream, well before significant defocusing of the 
beam occurs. In this way, the reflected laser pulse will be set to 
collide head-on with the accelerated electron bunch, leading to 
Thomson scattered radiation. By using this scheme, Ta Phuoc 

et al. (2012) were able to demonstrate broadband generation of an 
X-ray beam with photon energy up to several hundreds of keV, 
with a spectral brilliance of 1 × 1021 photons s−1 mm−2 mrad−2 
(per 0.1%BW) at photon energies of 100 keV. This technique was 
further expanded (Döpp et  al. 2015) to higher photon energy 
and a quasi-monochromatic regime centered at approximately 
500 keV. Compared to the scheme of Figure 16.14, the plasma 
mirror configuration is much simpler and robust, free from com-
plex beam alignment procedures. The price to pay for this com-
plexity is the lack of flexibility in controlling the scattering laser 
pulse independently from the electron accelerating laser pulse. 
This is particularly important when trying to control focal spot 
size, pulse duration, and laser intensity to optimize scattering 
yield and spectral properties.

Indeed, as discussed above, photon yield in the linear regime 
scales as ao

2. On the other hand, values of ao > 1 give rise to 
 nonlinear effects, which strongly affect the spectrum of the X-rays. 
Therefore, for a given transverse size of the electron bunch and 
FWHM of the laser pulse, we obtain the laser energy required 
in the scattering pulse to obtain optimum photon production. As 
an example, if we set ao = 0.3, corresponding to an intensity of 
2 × 1017 W/cm2, we find that, for realistic values of the scattering 
pulse focal spot diameter of 25 µm or 50 µm, the energy required 
is 115 mJ and 450 mJ, respectively. This value increases up to 
almost 2 J for a FWHM of 100 µm. From the point of view of 
the accelerating laser pulse, a stable self-injection with moderate 
energy spread requires ao > 1 over a long distance in the plasma. 
This can be achieved with long focal length optics characterized 
by large diameter focal spots. Ultimately, a pulse energy exceed-
ing 1 J and a 30 fs pulse duration are typically required. Both 
these conditions on the scattering and accelerating laser pulses 
suggest that the ideal laser system for the investigation of all-
optical Thomson scattering is capable of delivering in excess of 
2 J of energy, possibly in two independently controllable pulses.

Thomson scattering experiments require spatial and temporal 
overlap of the electron bunch and the scattering laser pulse at 
the collision point. In the case of laser wakefield acceleration, 
location of the collision point relative to the acceleration region 
requires a careful evaluation based on the electron bunch cross-
section and scattering pulse focal spot and Rayleigh length, ZR, 
as shown in Figure 16.15. Ideally, a collision point set just at the 
end of the accelerating region would avoid depletion of electron 
bunch properties, In fact, free propagation of the accelerated 
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FIGURE 16.14 Conceptual set up of all-optical X-ray generation. One 
laser pulse (right) is focused in the proximity of a gas target and acceler-
ates electrons. The other counter-propagating pulse is focused (from the left) 
on the accelerated electron bunch to produce X-rays propagating along the 
electron bunch propagation direction.
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FIGURE 16.15 Temporal and spatial overlapping of Thomson scattering 
pulse and electron bunch must be controlled to optimize X-ray scattering, 
taking into account electron bunch evolution beyond the accelerating region 
and scattering pulse focal spot and Rayleigh length.
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bunch may result in an increase of transverse and longitudi-
nal size, as well as higher emittance and higher energy spread. 
However, at the exit of the accelerating region, electron bunches 
have very small transverse and longitudinal size, typically a few 
micrometers and a few femtoseconds, which would set demand-
ing conditions on the scattering laser pulse.

Current experiments typically use a collision point set a few 
millimeters downstream of the accelerating region, where elec-
tron bunch transverse size is a few tens of micrometers, a value 
easily achievable for the diameter of the scattering pulse. In the 
original paper by Chen et al. (2013), the first to report the gen-
eration of inverse Compton sources from independent, colliding 
laser pulses, the collision point was set 1 mm after the exit of 
the plasma, where the focal spot of the 800 nm scattering pulse 
spot size was 9 µm, the normalized intensity was ao = 4, and the 
overlapping (emitting) region was estimated to be 5 µm. In that 
experiment, scattering with a 250 MeV cutoff energy electrons 
enabled generation of photons with a peak energy of 1.2 MeV. 
The beam brightness was estimated to be of the order of 1 × 1019 
photons s−1 mm−2 mrad−2 (per 0.1%BW) at photon energies rang-
ing from 0.9 to 1.4 MeV.).

Significantly higher photon energy was achieved by Sarri et al. 
(2014) using a F/2 off-axis parabola (OAP) to focus the 18 J, 42 fs 
scattering pulse 10 mm downstream from the exit of the gas tar-
get, where the electron bunch transverse size was 30 µm, and the 
average normalized intensity was ao = 2. Scattering off LWFA 
electrons with energy up to 600 MeV resulted in Thomson 
scattering photons with energy from 6 to 20 MeV, the highest 
energy obtained so far with all-optical Thomson scattering. In 
that experiment, the peak brilliance was estimated to be as high 
as 1.8 × 1020 photons s−1 mm−2 mrad−2 (per 0.1%BW) at photon 
energies around 15 MeV.

Liu et  al. (2014) achieved similar photon energy with lower 
peak electron energy, using a frequency doubled, 400 nm opti-
cal scattering pulse. In fact, as discussed above, the scattered 
photon energy scales linearly with the incident photon energy, 
making it possible to boost the output photon energy by using 
higher frequency scattered radiation. This can be obtained by 
frequency doubling the scattering pulse using nonlinear con-
version in crystals. It should be pointed out, however, that, in 
the case of ultra-short pulses, frequency doubling may strongly 
affect the properties of the laser pulse, perturbing the transverse 
phase, and finally limiting focusability and Strehl ratio. Liu et al. 
(2014) used a separate optical compressor to control focal spot 
quality of the frequency doubled pulse by tuning the chirp of 
the pulse to obtain the highest focused intensity. Ultimately, the 
frequency doubled scattering pulse was set to produce 54 mJ in a 
300 fs laser pulse, focused in a 15 µm focal spot on a broadband 
electron spectrum peaked at approximately 400 MeV, to achieve 
approximately 3 × 105 photons with an energy peaked at 9 MeV.

On the other hand, depending on the perspective applica-
tion, tuneability of the X-ray photon energy may be an impor-
tant option of a source. According to the discussion in Section 
16.2, the frequency of the scattered radiation can be tuned by 
changing either the electron energy or the scattering photon 
energy. Powers et  al. (2013) achieved tuneability by changing 
the peak energy of the electron bunch in the range from 50 MeV 
to 200 MeV. They exploited the square root dependence of the 
accelerating electric field upon the electron density that occurs 

in LWFA to tune the bunch peak energy. In fact, by changing the 
electron density in the range from 2 × 1017 cm−3 to 2 × 1018 cm−3 
in a 0.5 mm long accelerator stage, Powers et al. (2013) were able 
to achieve tuneability of the scattered X-rays in the range from 
70 keV to approximately 1 MeV. In their case, the peak bril-
liance of the X-ray beam was 3 × 1018 photons s−1 mm−2 mrad−2 
(per 0.1%BW) for 70 keV beams and 1 × 1019 photons s−1 mm−2 
mrad−2 (per 0.1%BW) for the 1 MeV beam.

In the case of medical applications, the sub-50 keV range is 
more likely to have practical applications in several areas of 
diagnostic imaging. All-optical Thomson scattering X-ray emis-
sion with tunability in the 5 to 42 keV range was demonstrated by 
Khrennikov et al. (2015) using a different technique to vary the 
electron energy. They use a recently established technique called 
shock-front injection (Buck et al. 2013), which exploits the prop-
erties of a sharp down-ramp of the electron density of the plasma 
to localize electron injection (Tomassini et al. 2003). Tunability 
of the electron energy in the 17 to 50 MeV range was achieved 
by Khrennikov et al. (2015) by shifting the position of the down-
ramp along the plasma to control acceleration length. With the 
collision point set 1.4 mm downstream into the vacuum and a 
normalized laser intensity of the scattering beam of ao = 0.9, 
the resulting peak X-ray brilliance was found to be in the range 
between 2 × 1019 and 7.4 × 1020 photons s−1 mm−2 mrad−2 (per 
0.1%BW) for the 5 to 42 keV X-ray photon energy range.

Finally, special attention deserves the detection of X-ray 
and γ-ray radiation generated by all-optical Thomson sources. 
Current experiments show that peak brilliance of these sources 
in the MeV region exceeds 1020 photons s−1 mm−2 mrad−2 0.1% 
bandwidth. Also, as discussed above, the spectral properties of 
these sources is of great interest for investigation of scattering 
processes at high fields. Therefore, besides calorimetric mea-
surements aimed at measuring the total scattered energy, detec-
tors should enable accurate spectroscopic investigation. This can 
be achieved using the scintillation detectors in the single photon 
counting regime accumulating photons over many laser shots 
and assuming reproducibility of the source. In general, single 
shot measurements are required and current detection techniques 
are limited. One possibility (Corvan et al. 2014) is to exploit the 
Compton scattering effect in low Z materials to convert γ-ray 
photons into electrons and recover the photon spectrum from the 
electron spectrum.

16.5  An Application of an All-Optical 
ICS Source to Advanced Imaging

As an example of the capabilities opened up by compact ICS 
sources, we briefly discuss in this Section an application of an all-
optical (laser-driven) source, which takes advantage of the short 
duration (100 fs) of the X-ray pulses produced with such a source. 
As said above, all-optical schemes, employing a laser pulse for 
both the electron acceleration and the Thomson scattering, hold 
the promise to allow very compact, monochromatic and tunable 
X/γ sources. Here we discuss the study of a micro-computed 
tomography (CT)/radiotherapy (RT) platform for small animals, 
capable to perform both absorption-based and in line propaga-
tion-based phase-contrast 2D/3D imaging and, most importantly, 
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to dynamically image the beating heart (Panetta et al. 2008). As a 
matter of fact, this latter is not a trivial task and actually requires 
a high spatial and temporal resolution, due to the small sample 
size and the relatively high heart rate of mice and rats. The study 
is carried out by a collaboration involving the National Institute 
of Optics and the Institute of Clinical Physiology of the italian 
National Research Council, as well as the University of Naples 
and the Italian National Institute of Nuclear Physics. In detail, 
the system will be based upon an all-optical Thomson scattering 
source operating in the 10 to 50 keV range. The source will be 
used for propagation-based phase-contrast X-ray imaging, using 
a high resoluton, pixelized CdTe photon counting system placed 
2 meters downstream of the sample. A conceptual scheme of the 
scanner prototype is shown in Figure 16.16. The animal will be 
placed on a supporting plastic cell which rotates around a verti-
cal axis. Physiological signals from the animal cell will be sent to 
a multi-channel analog acquisition system with an ad converter 
and sampling frequency >2 kHz, in order to enable retrospective 
binning of the projection data in each cardiac and/or respiratory 
phase. The source-to-axis distance and the axis-to-detector dis-
tance is optimized to achieve the best trade-off between mag-
nification and field-of-view. The final reconstruction voxel size 
varies in the range of 50 to 150 µm, depending on the geometrical 
magnification and spatial rebinning. The scanner will operate in 
rotational step-and-shoot mode by acquiring several projections 
at a frame rate of 1 to 10 fps (the Thomson X-ray source runs at 
a 10 Hz rep rate). Due to the extremely short duration of each 

pulse (≈10−10 times shorter than typical R-R interval in small 
animals), the likelihood that two different pulses will overlap in 
the same time bin of the cardiac cycle is negligible; hence, the 
maximum number of nonoverlapping time bins will only depend 
on the total number of pulses acquired (i.e., constrained by the 
total absorbed dose and the total duration of the experiment). 
This technique, made possible by the short pulse duration of the 
X-ray pulses, will open new possibilities in the field of cardiac 
imaging of small rodents, overcoming limitations of the current 
4D micro-CT systems reaching temporal resolutions ≈8–10 ms/
bin due to the limitation of pulse duration of conventional X-ray 
tubes and temporal resolution of X-ray detectors.

16.6 Summary and Conclusions

In conclusion, we have discussed in this chapter a novel class of 
X-ray sources, based on the so-called Thomson (or Compton) 
scattering between an electron bunch and a laser pulse. This 
process provides a method to get X-ray photons using electron 
bunches with energy much smaller than the one required in syn-
chrotrons, where the X-ray emission is induced using an undula-
tor or wiggler. This, in turn, leads to the need for much smaller 
accelerating sections, thus allowing much more compact sources 
to be realized. A further improvement to this scenario comes 
from the recent development of laser-driven electron accelera-
tors, which is rapidly driving the practical demonstration of a 
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new class of all-optical, compact X/γ-ray radiation sources. 
Recent experiments clearly show increasing control over source 
properties and promising achievements in the near future.
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17
Wilhelm Conrad Röntgen: The Discovery of X-rays 
and the Creation of a New Medical Profession

Uwe Busch

Wilhelm Conrad Roentgen’s discovery of X-rays was of immense 
importance and has changed the world, not only in the dimen-
sions of medical science and applications, but in many different 
ways. The application of X-rays opened up a new and vast hori-
zon of opportunities and inspiration in the research of natural 
science.

17.1 A Child in Lennep

Wilhelm Conrad Röntgen was born in the Town of Lennep, Am 
Gänsemarkt, on March 27, 1845. His parents, Friedrich Conrad 
(1801–1884) and Charlotte Constanze (1806–1888), lived in an 
elegant house that for more than thirty years had served both as 
their residence and as the premises for the Röntgen textile trad-
ing business. However, in 1848, as revolution spread through 
Germany, the Röntgen family relocated to the Netherlands, pre-
sumably for business reasons. Wilhelm spent the greatest part 
of his childhood in Apeldoorn, where his parents sent him to a 
private school. He was to take over his parents’ business after 
finishing secondary school.

In 1862, Röntgen’s parents enrolled him in the Technical 
School at Utrecht, where he lived in the house of Dr. Jan Willem 
Gunning (1827–1900), one of the teachers. Gunning was a friend 
of Wilhelm’s father, and also lectured in chemistry at the univer-
sity. He nurtured Wilhlem’s fascination for the natural sciences. 
Wilhelm was denied the satisfaction of earning a proper school 
leaving certificate that would have entitled him to register at uni-
versity. Young Wilhelm was expelled in 1863, allegedly because 
of a caricature a classmate had drawn of one of the teachers.

17.2 An Acquaintanceship with Physics

When he audited lectures at the University of Utrecht, Röntgen 
learned from one of his fellows, Carl Ludwig Wilhelm Thormann, 
that the newly founded “Polytechnikum” in Zurich would be 
accepting students on the basis of an entrance examination, even 
if they did not have a school leaving certificate. Röntgen grasped 
the opportunity and began studying mechanical engineering. His 
student days in Switzerland during 1865–1869 proved to be piv-
otal. Röntgen earned his diploma in mechanical engineering, but 
changed subjects when he entered graduate studies: In 1869 he 
earned his doctorate in physics. Decisive here was his making the 
acquaintance of a young physics professor, August Kundt (1839–
1894). Röntgen remembers him as the person “who introduced me 
to physics and who banished any uncertainties about my future” 
(Glasser, 1995, p. 56).

17.3 The Second Great Love of His Life

Zurich was important to Röntgen, not only as the site of his stud-
ies. It was in Zurich that he met the innkeeper’s daughter, Anna 
Bertha Ludwig (1839–1919). Röntgen promptly fell in love with 
Bertha. Only after Bertha had passed a private housekeeping 
exam at the parental home Röntgen’s parents give their consent, 
and the engagement was made official in 1869. On January 19, 
1872, Wilhelm and Bertha exchanged vows in Apeldoorn. The 
wedding was a private affair for the Röntgens. The bride’s par-
ents, apparently because they were beneath the Röntgen family’s 
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social standing, were not on the guest list. Forty-seven years of 
marriage followed. Later, at an advanced age, Bertha became 
chronically ill, and her husband nursed her until her death in 1919.

17.4 In Kundt’s Laboratory

Röntgen started his career in August Kundt’s laboratory. He 
was one of the important German physicists in the nineteenth 
century. After completing his dissertation, Röntgen accompa-
nied his mentor Kundt to Würzburg in 1870, where the assis-
tant helped him set up a new laboratory. In 1872 (Alsace had 
just become German, as a result of the Franco-Prussian war), the 
German Imperial Government founded a national elite university 
in Strasbourg. The university actively recruited young scientists. 
August Kundt relocated to Strasbourg, and Röntgen followed him 
once again. Here he earned both his “habilitation,” an advanced 
academic degree in Germany that entitles the holder to accept 
a university professorship, and his teaching certificate. His first 
call to a teaching chair took him to Hohenheim in 1875. He was 
disappointed by his assignment there as a professor of mathemat-
ics and physics. He missed the work in the laboratory and, in 
1876, returned to Strasbourg. In 1879, he entered his first full 
professorship at the Ludwigs University in Giessen. In the field 
of physics, however, it was a second-rate university at that time.

17.5 The Reclusive Experimenter

During his time as a professor in Giessen (1879–1888), Röntgen 
had his own research institute. He quickly earned a name as 
an excellent experimenter and finicky lecturer. His studies in 
mechanical engineering served him well. In Giessen, however, 
experimental physics was just a secondary science. Only a few 
advanced students attended the exercises in the laboratory in 
addition to the “main curriculum.” Röntgen was, nonetheless, 
able to make some significant discoveries while in Giessen. One 
example is “dielectric convection,” an important building block 
for the theory of electromagnetism, just emerging at that time. 
He received a call to Würzburg in 1888. The number of students 
in Würzburg was greater, and that brought in higher lecture fees. 
The vibration-free building was superbly suited for precision 
research efforts. As a physicist, Röntgen was quite idiosyncratic 
in his work. He was not keen on extended lectures and scientific 
conventions. His publications enjoyed only a lukewarm recep-
tion. Colleagues even accused him of a lack of creativity.

17.6  The Revelation of a Single Night: 
The Discovery of Röntgen Rays

“I had revealed nothing to anyone about my work; I 
told my wife I was doing something that, if they heard 
about it, would make people say: Röntgen has gone 
mad.” (Wilhelm Conrad Röntgen to Ludwig Zehnder, 
January 15, 1896)

What happened on the night the discovery was made? There is 
still some uncertainty about the exact circumstances that prevailed 

on the evening of November 8, 1895, since Röntgen directed that 
a part of his effects be burned after his death. Detailed detective 
work is needed to reconstruct the events. What happened on that 
November night in 1895? At that time, many physicists were exam-
ining the nature of electron rays or cathode rays. It is probable that, 
while experimenting with just those cathode rays, Röntgen acciden-
tally saw the puzzling luminescence of a piece of paper coated with 
a light-sensitive, fluorescent substance (barium platino-cyanide). 
It was lying at some distance from a gas-discharge tube he was 
working with at the time. The fluorescence did not fade, even after 
Röntgen shielded the tube with cardboard. The researcher recog-
nized at once that he had stumbled onto something entirely new.

In the days and nights after his discovery, Röntgen carefully 
researched the properties of the new rays. He examined them so 
exactly and thoroughly, in fact, that it was not until 17 years later 
that his research was augmented by any additional basic find-
ings. Among his fundamental determinations was that the rays 
could penetrate almost everything—including the hand of his 
wife Bertha, but not her bones. The bones left a shadow on a 
photosensitive plate. Röntgen recognized the magnitude of his 
discovery, and described his research results in a publication “On 
a new kind of rays.” (Rontgen, 1895) Physicians and scientists 
were thrilled. Within a few days, the news of Röntgen’s findings 
travelled around the world. Röntgen became the first “superstar” 
of science (Busch and Mödder, 2008).

17.7 Stardom for a Reluctant Scientist

At a single stroke Röntgen was in the spotlight of publicity. The 
awards, honors, and requests poured in. It became ever more dif-
ficult for Röntgen to maintain his usual working schedule in the 
laboratory. More than ever before, Röntgen closed himself off, 
not only from the public, but also from his fellow scientists. In 
1900, Röntgen accepted a call to Ludwig Maximilian University 
in Munich. With this he reached the zenith of his academic career. 
In 1901, with the bestowing of the Nobel Prize, he received the 
scientific award of the greatest monetary value. Growing fame 
also included a dark side, however. The argument about who 
first discovered the rays pursued him into old age. Since X-rays 
had always existed, and Röntgen was merely the first person to 
perceive and examine them, some research colleagues also laid 
claim to the discovery (Goodspeed, 1896).

17.8 Loneliness and Death

The years during and after World War I brought wrenching 
changes in Röntgen’s life. In 1915, with the death of biologist 
Theodor Boveri, he lost a long-standing friend. On October 31, 
1919, Röntgen’s wife Bertha died. That is when Röntgen retired 
from teaching and gave some thought to his last will and testament. 
He left his scientific publications and his Nobel Prize medal to the 
University of Würzburg. However, he directed that his collected 
notes and personal documents be burned, in order to protect his 
privacy. He reduced social contacts almost solely to the widow and 
daughter of his friend Theodor Boveri (1862–1915) in Würzburg.

Röntgen, who had experienced the founding and the end of 
the German Empire, found little good about the post-war years. 
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Politically, Röntgen felt closer to the monarchy than to the democ-
racy of the Weimar Republic, born out of revolution. Runaway 
inflation during the first years of the Weimar Republic devalued his 
fortune. In 1923, at the age of 78, Röntgen died in Munich.

17.9 One Profession—Differing Science Cultures

The physical fundamentals and the biological effects of the new 
rays were largely unknown at the end of the nineteenth century. 
At the beginning, everyone who used X-rays in any way was an 
experimenter. Differing scientific cultures—medicine, physics, 
and engineering—came together at this new interface.

Right from the first year after the rays were discovered, 
physicians from a number of specialties began to use X-rays 
for medical purposes. They were pioneers, exploring new ter-
rain. They purchased X-ray equipment at their own expense 
and started experimenting. These pioneering radiologists con-
verted basement rooms and pantries in hospitals to create mod-
est X-ray examining rooms or “studios.” These were the seeds 
for the X-ray departments and later entire institutes. The first 
one ever was in Glasgow in 1896. Properly equipped examina-
tion rooms couldn’t be set up fast enough to keep pace with the 
acceptance of this technology in medicine. The initial exami-
nation devices were really quite touching in their simplicity. 
The X-ray tubes were just set up on a stand while the patients 
stood in the room, or they sat on simple chairs or normal tables 
and held the photo plates against their own bodies. However, 
before World War I the technology had not yet become stan-
dard in medicine. Only gradually did radiology gain a fixed 
place in general medicine (Thomas and Banerjee, 2013).

The triumphal advance of radiology as a diagnostic tool was 
followed by the creation of an independent professional specialty 
with its own defined requirements. At the outset, the roentgen-
ologist or radiologist (both terms mean the same thing) fulfilled 
various roles: he was a physician and assistant, and at the same 
time photographer and mechanic, archivist and registrar. These 
widely varied assignments gave rise to a number of differing pro-
fessions after 1900: the radiologist as a medical specialist, the 
X-ray nurse, the X-ray photographer, and the X-ray technician.

The First World War marked an important turning point in the 
early phase of experimentation with the rays. The army of mil-
lions of injured and maimed soldiers in the trenches contributed 
to X-rays being widely used. New models were tried out, and the 
relevance of the technology and the young profession to society 
was demonstrated. At the same time, in the civilian world, the 
spread of health insurance promoted radiology, since the costs 
for X-rays were covered. Radiology was recognized as an inde-
pendent medical specialty after the end of World War I. The first 
chairs were established at the universities. The profession of the 
X-ray nurse—later technician—arose as a part of this new group 
of experts (van Tiggelen, 2013).

17.10 Early Successes of a New Discipline

Regarding the history of the new discipline radiology, the year 
1896 played an important role in the development of X-ray diag-
nosis and in the first applications of radiotherapy. During one 

year after the discovery, a total of 49 books, brochures, and 
1044 scientific essays were written on the scientific aspects and 
possible applications of the newly discovered rays. A multitude 
of these publications dealt specifically with the possibilities of 
application in medicine (Glasser, 1995, pp. 325–367).

Due to technical conditions, the application of X-rays had to be 
limited first to the description of the bone structure in the range 
of the extremities. The localization of foreign bodies, fractures, 
luxations, and bone diseases were of great importance for the 
field of surgery. Thus, numerous anatomic changes, as well as 
diseases of the skeleton, could be recognized by means of radio-
graphs and, with the increasing level of knowledge, it was pos-
sible to treat these more successfully (Eisenberg, 1992).

The Scottish pioneer John MacIntire (1857–1923) succeeded 
in taking an X-ray of a thorax organ in situ for the first time. Due 
to an exposure time of 60 minutes and rather blurry radiographs, 
the diagnosis was accordingly very limited and based on details, 
such as the form and size of the heart, position of the diaphragm, 
large shadows caused by pleural fluid, translucence by pneumo-
thorax, broadening of the mediastinum, and the description of 
the thorax skeleton (MacIntire, 1896a).

First attempts to use contrast agents were done in Vienna. 
Eduard Haschek (1875–1947) and Otto Lindenthal (1872–1947) 
used a Teichmann mixture, which consists of lime, cinnabar 
(mercury), and petroleum, to take a radiograph of blood vessels 
of an amputated hand (Haschek and Lindenthal, 1896).

Urologists were highly interested in the application of X-rays. 
In July 1896, John MacIntire was able to take a radiograph of a 
kidney stone. The subsequent operation confirmed this diagnosis 
(MacIntire, 1896b).

The first research into radiological diagnostics of gynecology 
was performed by the American obstetrician Edward Parker Davis 
(1856–1973). To answer the question whether the skeleton of a 
fetus can be recognized by x-rays within the mother’s womb he 
placed the skull of an infant at term in the female bony pelvis upon 
a sensitized x-ray plate. After an exposure time of one and a half 
hours he received the first gynecological radiograph (Davis, 1896).

The first dental radiograph was taken by Otto Walkhoff 
(1860–1934) and Friedrich Giesel (1852–1927) in Braunschweig, 
Germany. Small pieces were cut from the commercial film plates 
and subsequently again wrapped light-proof. The first intraoral 
X-ray took an exposure time of some 25 minutes (Williams, 1897).

The dermatologist Leopold Freud (1868–1943) in Vienna was 
the first to perform radiotherapy. His patient was a small girl. 
She was disfigured by a big mole which looked like an animal’s 
hide on her neck and back. This impairment was so serious that 
her parents asked to remove her hair by using X-rays. Within a 
period of 10 days the girl was being irradiated 2 hours every day. 
However, a short time later, serious skin injuries arose, such as 
reddening, swellings, and blisters. During further progress, a big 
ulcer with central necrosis developed (Freud, 1897).

17.11 Radiology Today

In the last two decades, however, the practice of diagnostic radi-
ology has been transformed almost beyond recognition. The 
technical advances in diagnostic radiology have transformed 
clinical practice, and have been nothing short of astonishing. The 
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subject of diagnostic radiology is now very large, and  radiology 
 departments are involved in all areas of modern patient care 
(Thomas et al., 2005). The developments in radiology have been 
the result of a fruitful interaction between the basic sciences, 
clinical medicine, and the manufacturers. We now have interven-
tional radiology, ultrasound, computed tomography (CT), mag-
netic resonance imaging (MRI), positron emission tomography 
(PET), and hybrid technologies like PET-CT and PET-MRI.

The traditional contrast media have been replaced by mod-
ern agents, and X-ray film is disappearing and is being replaced 
by an electronic image. The introduction of PET scanning and, 
more recently, molecular imaging has led to great advances in 
functional imaging. This area of imaging is likely to play a major 
role in the future, as we try to evaluate functional and pathologi-
cal changes observed in tissues. Such an approach could revolu-
tionize cancer diagnosis and follow-up. We are now moving to a 
position where diagnosis is made by non-invasive imaging, and 
treatment is by minimally invasive surgery.

The way radiologists work has changed beyond recognition 
over the past 20 years. Greater clinical involvement and multi-
disciplinary teamwork is leading to better patient care and out-
comes. It is crucial that radiologists continue to play a central 
role in patient management and treatment in this digital age, 
and do not become overwhelmed by the massive technological 
advances (Busch et al., 2005).
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18
History of Radiology

Adrian M. K. Thomas

18.1 Introduction

Following initial astonishment when X-rays were discovered, 
they were soon used in clinical practice transforming our under-
standing of the body in health and disease. Following the period 
of the pioneers, there was a long period of classical radiology. 
The 1970s can be seen as a golden decade and modern radiology 
is giving an increasing understanding of disease processes and 
opportunities for novel interventions.

18.2  Wilhelm Conrad Röntgen and the 
Discovery of the New Rays

In the nineteenth century there was a great scientific interest in pass-
ing electrical currents across evacuated glass bulbs, partly initiated 
by the work of Michael Faraday. As Silvanus Thompson pointed 
out, in addition to the visible spectrum there are other waves that 
bring no sensation to our eves and yet are light waves (Thompson 
1897). Thompson knew that the spectrum extended invisibly in both 
directions, below the extreme red and beyond the extreme violet. It 
should therefore have come as no great surprise that new invisible 
rays were discovered by Wilhelm Conrad Röntgen in 1895; however, 

it took some time to realize that these rays were of a similar nature to 
visible light, but with a shorter wavelength. So, why were the X-rays 
not discovered before 1895? X-rays had certainly been produced by 
both William Crookes and Arthur Goodspeed, but neither had real-
ized what they had accomplished. It was on November 8, 1895 that 
Röntgen noted that when a current was passed across an evacuated 
glass bulb a barium platinocyanide screen was seen to fluoresce 
(see Section I, Chapter 17 of this book). On December 28, 1895, 
Röntgen submitted his manuscript On a New Kind of Ray outlining 
the essential features of the new radiation to the Würzburg Physical 
Medical Institute (Röntgen 1896). The new discovery aroused 
both considerable interest and disbelief, and was greeted by many 
with considerable incredulity and early descriptions made pains to 
reassure the public that this was indeed a serious discovery by a 
respected scientist (Guy and Thomas 1995). Röntgen only ever gave 
one public lecture on the discovery, which was on January 23, 1896 
to the Physical-Medical Society. In his 1895 paper Röntgen wrote:

May not the new rays be due to longitudinal vibrations in 
the ether? I must admit that I have put more and more faith 
in this idea in the course of my research, and it now behoves 
me therefore to announce my suspicion, although I know 
well that this explanation requires further corroboration.

CONTENTS

18.1 Introduction .............................................................................................................................................................................. 331
18.2  Wilhelm Conrad Röntgen and the Discovery of the New Rays ............................................................................................... 331
18.3 The First X-ray Department .....................................................................................................................................................332
18.4 William Morton ........................................................................................................................................................................ 333
18.5  Early Image Interpretation: Skeletal Development and Variations..........................................................................................334
18.6 Anomalies and Variations ........................................................................................................................................................336
18.7 The Cryptoscope and Fluoroscopy ..........................................................................................................................................337
18.8  Early Uroradiology and Clinico-Radiological Correlation ......................................................................................................339
18.9 The Coolidge Tube ...................................................................................................................................................................340
18.10 The Potter–Bucky Diaphragm..................................................................................................................................................340
18.11  Victims or Martyrs? The Radiological Radiation Victims ......................................................................................................342
18.12  The Martyrs’ Memorial in Hamburg .......................................................................................................................................342
18.13 Classical Radiology ..................................................................................................................................................................343
18.14 Angiography .............................................................................................................................................................................344
18.15 H.C. Orrin and His Atlas ..........................................................................................................................................................344
18.16  Charles Dotter and the Origins of Interventional Radiology ...................................................................................................348
18.17 Godfrey Hounsfield and the CT Scanner .................................................................................................................................348
18.18 PACS .........................................................................................................................................................................................350
18.19 Teleradiology ............................................................................................................................................................................ 351
18.20 Conclusions ............................................................................................................................................................................... 351
References ............................................................................................................................................................................................ 352



332 Handbook of X-ray Imaging

Röntgen was awarded the first Nobel Prize for physics in 
1901, and produced only three papers on what were to be called 
X-rays. In these three papers Röntgen gave a full account of the 
new rays, and little was added until the work of Max von Laue, 
who in May 1912 passed a fine pencil beam of X-rays through a 
copper sulfate crystal and recorded the diffraction pattern on a 
photographic plate. The pattern consisted of a large number of 
well-defined spots, which were arranged in intersecting circles 
around the central beam, demonstrating that X-rays were elec-
tromagnetic waves of short wavelength, and von Laue was justly 
awarded the Nobel Prize for Physics in 1914.

The discovery of X-rays, the new photography, caused great 
excitement in the popular press, as well as in the medical and sci-
entific communities as the potential of the new discovery became 
apparent.

18.3 The First X-ray Department

Following the discovery of the X-rays in 1895, Röntgen sent cop-
ies of his paper with accompanying sample radiographs to scien-
tists throughout the world, including the physicist Lord Kelvin 
in Glasgow, and Arthur Schuster in Manchester (Schuster 1932). 
Kelvin gave the paper to J. T. Bottomley, who then worked with 
a doctor John Macintyre. In January 1896 Macintyre lectured 
to Glasgow University on “The New Light—X-rays,” and by 
March of that year had obtained the consent of the managers of 
Glasgow Royal Infirmary to start an X-ray department, which 
was the first in the world. Macintyre made the first radiographic 

demonstration of a renal calculus, which was proven at surgery. 
In 1897 the first issue of the new journal Archives of Clinical 
Skiagraphy (the forerunner of the British Journal of Radiology) 
contained three papers by Macintyre. In 1897 Macintyre made 
his famous demonstration of the cine-radiological study of the 
frog’s leg to the Royal Society of London (Figure 18.1), and also 
corresponded with Röntgen who gave him an X-ray tube.

It was in 1897 that the famous New Electrical Pavilion opened 
at the Glasgow Royal Infirmary (Figure 18.2) (Macintyre 1903), 
and the rooms were fitted up with the most modern and up-to-
date apparatus (Figure 18.3a,b). Electricity was supplied either 

FIGURE 18.1 Cineradiograph of frog’s leg. (Adapted from Macintyre, J. 1897. Archives of Skiagraphy 1, 37.)

FIGURE 18.2 Electrical Pavilion, Glasgow Royal Infirmary. (Adapted 
from Macintyre, J. 1903. Archives of the Roentgen Ray 7, 101–102.)
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by the 250 V mains supply from Glasgow Corporation, or from 
the department’s own generator. Patients could either attend the 
department or could be examined in the wards or operating the-
atres, since these were all wired for electricity. The department 
provided both electrical (electro-therapeutic) and  radiological ser-
vices. The radiological services included plain film radiography, 
radiotherapy, foreign body localization, and stereoscopic radiog-
raphy. In general the first X-ray departments arose from hospital 
electrical or photographic departments, and were broadly similar 
and provided radiography (Figure 18.4) and fluoroscopy (Figure 
18.5). Note should be made of the absence of either radiation or 
electrical protection for the tube, operator, and patient.

It is very interesting to see how very contemporary the 
concerns of Macintyre, and the other pioneers, are. By 1903 
Macintyre was already saying that the new building from 1897 
was being fully utilized, and that the number of staff had been 
increased to examine the large number of cases. In 1897 the 
Electrical Pavilion had been built as large as possible, and by 
1903 the demands upon it were far in excess of what could be 
accommodated. The department was staffed by two medical 
officers, an unqualified assistant, and a number of nurses. It is 
important to note that the role of the radiological nurse can be 

seen as crucial right back to the earliest days of radiology depart-
ments, and that nurses are not a recent addition to radiology.

By 1903 the Electrical Pavilion was taking 2000 radio-
graphs each year and performing many fluoroscopic examina-
tions. Macintyre himself felt that the most important addition 
to the  hospital was the electrotherapeutic department. In 1903 
Macintyre was also looking forward to the rebuilding of the 
 hospital and was hoping, as many generations of radiologists 
were to do in subsequent years, for still greater facilities. This 
was to be a recurrent theme, and successive generations of 
 radiologists have pressed for more resources.

18.4 William Morton

William J. Morton was an important early figure in radiology in 
the U.S. Morton had the splendid title of “Professor of Diseases 
of the Mind and Nervous System and Electro Therapeutics” at 
the New York Post Graduate Medical School and Hospital. His 
book The X-ray or Photography of the Invisible (Morton 1904) 
(Figure 18.6) was written in collaboration with Edwin Hammer, 
who was an electrical engineer. This book is important because it 
is the first book on radiology written by a physician, and Morton 
covers all areas of radiology known at the time with speculations 
about potential future uses for the new rays. Morton makes the 
very pertinent observation that:

In teaching the anatomy of the blood vessels the X Ray 
opens out a new and feasible method. The arteries and 
veins of dead bodies may be injected with a substance 
opaque to the X Ray, and thus their distributions may be 
more accurately followed than by any  possible  dissection. 
The feasibility of this method applies equally well to the 
study of other structures and organs of the dead body. 
To a certain extent, therefore, X Ray photography may 
replace both dissection and vivisection. And in the liv-
ing body the location and size of a  hollow organ, as for 
instance the stomach, may be ascertained by causing the 
subject to drink a harmless fluid, more or less opaque to 
the X-ray, or an  effervescent mixture which will cause 
distension, and then taking the picture.

(a) (b)

FIGURE 18.3 (a and b) X-ray apparatus, Glasgow Royal Infirmary: radiography from above. (Adapted from Macintyre, J. 1903. Archives of the Roentgen 
Ray 7, 101–102.)

FIGURE 18.4 An arrangement for fluoroscopy. Note the absence of electri-
cal and radiation protection. (Adapted from Hébert, A. 1897. La Technique 
des Rayons X. Georges Carré et C Naud, Paris.)
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This passage is quoted in full because Morton’s words are 
so perceptive. In this very early book, written less than a year 
 following the discovery, Morton is not only predicting later 
contrast gastrointestinal studies, but also the use of radiology 
in the equivalent of modern virtopsy (virtual autopsy). It is 

worth noting that pioneers so often realize the exact signifi-
cance and importance of their observations, and those who 
come after then build on this solid foundation. Morton had 
immediately seen that the radiological examination of the 
body, either living or dead, could produce more information 
than could be found in either the operating theatre or the 
pathology department.

18.5  Early Image Interpretation: Skeletal 
Development and Variations

It might be thought that the interpretation of these early images 
would be straightforward. In reality nothing was further from 
the truth. This is illustrated in the life of Charles Thurstan 
Holland, who was a major figure in early radiology, and who 
the President of the First International Congress of Radiology. 
Holland worked as a general medical practitioner in Liverpool 
from 1889, and following the discovery of X-rays he was 
approached by the pioneer orthopedic surgeon Robert Jones. 
As Holland recollected “In the beginning of 1896 Robert Jones 
visualized some of the possibilities of radiography in respect to 
his own work” (Holland 1937). His first radiograph was made on 
May 29, 1896 and was “My first X-ray. My own hand” (Figure 
18.7). This involved a 2  min exposure using a 3 in. coil and five 
Grove cells. The total number of plates he took in 1896 was 261. 
Holland radiographed many conditions including foreign bod-
ies, arthritis, fractures, a stillborn fetus (Figure 18.8), “mummy 
bird,” a fish to show bones, and a series of hands to demonstrate 
bone growth (Figure 18.9) (Holland 1923). While his apparatus 
may look very primitive today, the difficulties that he overcame 
and the skills that he showed cannot be overemphasized. As 
Holland recalled “There were no X-ray departments in any of the 
hospitals. There were no experts. There was no literature. No one 
knew anything about radiographs of the normal, to say nothing 
of the abnormal.” Writing in 1938, R. E. Roberts was able to say 

FIGURE 18.6 The X-ray or Photography of the Invisible. (Adapted from 
Morton, W. J. 1904. The X Ray or Photography of the Invisible and its Value 
in Surgery. American Techinical Book Company, New York.)

FIGURE 18.5 Radiography of the hand. Note the absence of both electrical and radiation protection. (Adapted from Hébert, A. 1897. La Technique des 
Rayons X. Georges Carré et C Naud, Paris.)
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that “In spite of the inadequate apparatus which was available, 
and of the lengthy exposures required, some of Holland’s early 
radiographs of small parts compare very favourably with many 
of those seen nowadays, taken with much more costly equip-
ment” (Burrows 1986).

On September 1, 1896, Holland was able to examine a full-
term stillbirth (Figure 18.8). He was fascinated to see the bony 
ossifications, particularly of the hands and feet. He noted the 
absence of ossification of the epiphyses, and immediately real-
ized the role that X-rays could have for anatomical studies and 
observing skeletal growth. He started collecting radiographs at 
different ages and in September 1896 showed them at the British 
Association meeting in Liverpool.

This work on bone age was developed by John Poland, a sur-
geon from the Miller Hospital in Greenwich. In his bone age 
atlas (Poland 1898), Poland pointed out that the actual devel-
opment of the ossification centers differed quite considerably 
from that which had been previously described (Figure 18.10). 
Poland had a particular interest in epiphyseal anatomy, and con-
siderable effort was being made in the late nineteenth and early 
twentieth Century to understand the anatomy of the developing 
epiphyses and its radiographic appearances. Eugene Corson, 
a surgeon from Savannah, Georgia, U.S. wrote to Poland 
on November 21, 1900, admiring his book The Traumatic 
Separation of the Epiphyses and enclosing some reprints, 
including one from the November 1900 Annals of Surgery on 

FIGURE 18.7 Thurstan Holland: “My first X-ray. My own hand,” 1896. 
(Adapted from Holland, C. T. 1923. Journal of the Röntgen Society. 19, 
1–25.)

FIGURE 18.8 Stillborn fetus, radiographed on September 1, 1896. 
(Adapted from Holland, C. T. 1923. Journal of the Röntgen Society. 19, 
1–25.)

FIGURE 18.9 The hand of a child at age of 1 year. Radiographed on 
September 17, 1896. 2-minute exposure, 6″ coil. (Adapted from Holland, C. 
T. 1923. Journal of the Röntgen Society. 19, 1–25.)
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“A Skiagraphic Study of the Normal Membral Epiphyses at 
the Thirteenth Year.” Corson had written that “The X-ray will 
prove to be a valuable aid in the study of many points of normal 
anatomy,” and that “The bone relationships in joints, the vari-
ous joint movements, and the different steps in bone develop-
ment can all be studied in a striking way by the X-ray.” It was 
the clarity of radiography that so very much impressed Colson 
(Figure 18.11), who commented that “the discovery of Röntgen, 
a discovery which makes possible and easy and an absolutely 
correct diagnosis where previously uncertainty and error out-
weighed definite knowledge.”

Indeed accurate information on normal child and skeletal 
development would be essential following the establishment of 
well-baby clinics, school health programs, and the routine health 
examination of children that were to be developed in the first 
half of the twentieth century. It was in 1921 that T Wingate Todd, 
from Cleveland, Ohio, U.S. began his studies of human growth 
and development (Todd 1937). In 1931, three-month-old chil-
dren were introduced into the program and children up to the 
age of 14 years were introduced into the study until the summer 
of 1941. Todd published his Atlas of Skeletal Maturation (Hand) 
in 1937. This groundbreaking book used data from the study 

group and also children from public (i.e., state run) schools and 
various social agencies, and Todd found measurable differences 
between these two groups. In 1950 William Walter Greulich and 
D. Idell Pyle, who were both anatomists from Stanford, pub-
lished Radiographic Atlas of Skeletal Development of the Hand 
and Wrist, with a second edition appearing in 1959 (Greulich and 
Pyle 1959). This book is a classic and remains the standard over 
60 years later.

18.6 Anomalies and Variations

As described, on December 4, 1896 Holland had radiographed 
a 7-month fetus and various congenital deformities were shown 
clearly (Figure 18.8) (Holland 1923). Variations from the nor-
mal, either as congenital abnormalities or normal variants, were 
only poorly understood at that time, and indeed the majority of 
normal variations were unknown before X-rays were introduced, 
and it was largely due to the work of Alban Köhler of Wiesbaden 
that variations were first descried.

Köhler was a founder member of the German Röntgen Society 
and president in 1912. The Lexikon der Grenzen der Normalen 
und der Anfänge des Pathologischen im Röntgenbilde was first 

FIGURE 18.11 Illustration by Eugene Corson. (From November 1900 
Annals of Surgery on A Skiagraphic Study of the Normal Membral 
Epiphyses at the Thirteenth Year.)

FIGURE 18.10 Boy aged 17 years. 1-second exposure. John Poland com-
mented that “In this instance the epiphyses of the metacarpal bones and pha-
langes of finger and thumb, though fully developed, have not, as in the two 
preceding skiagrams (radiographs), joined their respective shafts.” (Adapted 
from Poland, J. 1898. Skiagraphic Atlas Showing the Development of the 
Bones of the Wrist and Hand. Smith, Elder, London.)
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published in 1910 (Köhler 1910) and went through a number of 
German editions and received the highest Röntgen award in 
Germany, the Rieder Gold Medal. The book was enormously influ-
ential and an immediate classic. Instead of reproducing radiographs 
the book was illustrated using line drawings (Figure 18.12). It was 
translated into English in 1931 appearing as Röntgenology, The 
borderlands of the normal and early pathological in the Skiagram 
with a second edition appearing in 1935 (Köhler 1931, 1935).

The work of Köhler was continued by Theodore Keats from 
Charlottesville, Virginia, U.S. His Atlas of Normal Roentgen 
Variants That May Simulate Disease first appeared in 1973 and 
is currently in its 9th edition. It is a modern classic and its pres-
ence in most, if not all radiology departments, is a witness to its 
value (Keats 1992). As each new imaging technique develops, 
normal and abnormal appearances need to be learned afresh. 
The lesson learnt was that if we do not understand the normal 
then we cannot recognize the pathological. If normal variations 
are mistaken for pathology, then this leads to inappropriate inter-
ventions and surgery for non-existent conditions such as dropped 
organs (visceroptosis) and floating kidneys. We enter the realm 
of fantasy surgery for made-up diseases with radiologists com-
pounding the problems.

18.7 The Cryptoscope and Fluoroscopy

When Röntgen discovered X-rays in 1895, he observed their 
effect on photographic glass and on fluorescent salts. These fluo-
rescent effects could be observed by holding a coated screen in 
front of an object. It was Thomas Edison who had the idea of 

placing a tapering box over the screen with the opening covered 
by some soft dark material to fit the face closely and to exclude 
light (Figure 18.13). An object placed in front of the screen will 
then be shown clearly using X-rays, and this hooded box or cryp-
toscope was particularly valuable for looking at the chest and 
thicker parts of the body, particularly in the early days of low-
powered apparatus (Thomas and Banerjee 2013). With a strongly 
active X-ray tube the cryptoscope would enable the operator to 
see the bones in the hands clearly when standing even 10–12 
feet away from the tube. As can be seen in the image from 1896 
(Figure 18.14), the danger of the cryptoscope in the early years 
was related to the lack of protection around the X-ray tube, the 
lack of protection for the operator, and the habit of the early 
radiologists to use their own hand as a test object to check the 
adequate functioning of their apparatus. While Edison did not 
develop any injuries his assistant Clarence Dally was not so 
lucky. Dally developed severe changes in his hands related to the 
use of the cryptoscope, and sadly he died in 1904 as a radiology 
martyr after prolonged suffering, and Edison stopped working 
on X-rays because he thought they were too dangerous.

In spite of the dangers, the cryptoscope remained in use for 
many decades into at least the 1950s. Presumably, this was partly 
related to its ease of use. The figure (Figure 18.15) shows an 

FIGURE 18.12 Drawing of the development of the epiphyses of the shoul-
der on radiographs. (Adapted from Köhler, A. 1910. Lexikon der Grenzen 
des Normalen und der Anfänge des Pathologischen im Röntgenbilde. Lucas 
Gräfe & Sillem, Hamburg.)

FIGURE 18.14 The use of the cryptoscope. (Adapted from Meadowcroft, 
W.H. 1896. The ABC of the X-rays. Simpkin, Marshall, Hamilton, 
Kent: London.)

FIGURE 18.13 The cryptoscope, probably 1940s vintage.
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FIGURE 18.15 An advertisement from the British Journal of Radiology in 1942 advertising the Victor handheld cryptoscope.
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advertisement from the British Journal of Radiology in 1942 
advertising the Victor handheld cryptoscope.

18.8  Early Uroradiology and Clinico-
Radiological Correlation

The changing role of our imaging techniques is quite interest-
ing. Traditionally, our radiological techniques were used to con-
firm a clinical diagnosis, and since the technique was often quite 
invasive it was only applied when there was a reasonable chance 
of the examination being positive. So, for example, in the diag-
nosis of ureteric calculus, the technique in the late nineteenth 
century as used by Edwin Hurry Fenwick (Fenwick 1908), a 
urologist and pioneer of cystoscopy, was as follows: the surgeon 
performed a cystoscopy and a ureteric bougie with wax on its 
tip was passed up the ureter. If the wax was scratched when 
removed this was evidence of the presence of a stone. This was 
not a technique to be undertaken lightly, nor was it particularly 
accurate. Following the discovery of X-rays, Hurry Fenwick was 
an enthusiastic supporter of the new technique. A radio-opaque 
ureteric bougie was passed in to the ureter and a radiograph was 
made. The position of an opacity in relation to the ureter could 
be determined with confidence and a phlebolith distinguished 
from a ureteric calculus (Figure 18.16). Hurry Fenwick com-
mented on the distressing situation with the failure of operative 
surgery when a kidney was opened and damaged to remove a 
stone when it was no longer in the kidney and was now in the 
ureter. Hurry Fenwick estimated that this happened in about 
30% of cases when the X-ray expert was not called upon to help 
in the diagnosis. The X-ray expert (radiologist) can “guide the 
urinary surgeon (urologist) with a precision unattainable before 
the introduction of the (X-ray) method is without cavil.” Hurry 
Fenwick was writing in 1908 when the techniques used were 

still quite primitive and before the introduction of retrograde or 
intravenous pyelography.

He was one of the first to practice clinical-radiological- 
pathological correlation (Figure 18.17), correlating the clinical 
findings with the radiography and then with the operative findings.

FIGURE 18.16 Early radiograph by Hurry Fenwick from the London 
Hospital showing left ureteric catheter and the calcification shown not to 
be ureteric.

FIGURE 18.17 Clinico-radiological correlation by Hurry Fenwick shown on blackboard drawing. (Adapted from Fenwick, E. H. 1908. The Value of 
Radiography in the Diagnosis and Treatment of Urinary Stone, A Study in Clinical and Operative Surgery. J&A Churchill, London.)
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One of the problems of modern radiology is that with the 
increasing availability of techniques, the level of indication for 
a given procedure has dropped. So a CT scan of the head is now 
used as part of a confusion screen, and even a short time ago a 
CT head scan was difficult to request without specific indica-
tions. A traditional invasive technique such as a lumbar myelo-
gram or radiculogram would only be used if the likelihood of 
finding an abnormality was quite high since the examination was 
unpleasant and entailed risks. Part of the problem is that the sig-
nificance of radiological findings is more difficult to determine 
as the threshold for investigation falls. So with a high clinical 
probability of an abnormality, the utility of MRI scanning in the 
lumbar spine is good and there is a high chance of finding abnor-
malities that may be surgically treated. As scanning is now used 
for more general causes of back pain, the clinical significance of 
the findings is more difficult to assess.

18.9 The Coolidge Tube

The early X-ray tubes were gas or ion tubes. The cathode was a 
simple cup and their working depended of the ionization of the 
gas inside the glass bulb. Although they worked well, their func-
tion was unpredictable and the radiographer needed to know the 
tube and how a particular tube functioned in use. The function 
of the tube varied with its use and before use the tube needed to 
be seasoned.

In 1906 William Coolidge discovered how to make molyb-
denum and tungsten ductile—this was a major discovery. Prior 
to this, these metals were seen as being unworkable because 
they were far too brittle. The ductile tungsten could be made 
into good lamp filaments replacing the earlier carbon filaments. 
When working with X-ray tubes, Coolidge found a particular 
tube that worked well when the cathode became heated (Anon 
1919, Miller 1963, Liebhafsky 1974). Coolidge worked with 
Irving Langmuir who was studying electron emissions from hot 
tungsten  filaments. It was found that even in the highest vacuum 
the electron emission was stable and reproducible. It occurred 
to Coolidge that this could be adapted for use in the X-ray tube. 
In his notebook of December 12, 1913 Coolidge wrote that “I 
L (Langmuir) tells me that in his study of the Edison Effect, 
current from the hot cathode is greater with vacuum of.01 or.02 
micron than at higher pressure (except in case of argon). I will 
try this at once in an X-ray tube in which I can heat the cathode.”

The first new tube (Figure 18.18) was used by the well-known 
U.S. radiologist Lewis Gregory Cole of New York and was dem-
onstrated at a dinner in a New York hotel on December 27, 1913. 
The new tube was enclosed in an open-topped lead glass bowl. 
Up to this point the X-ray generators had a capacity consider-
ably higher than the older X-ray tubes could endure. With his 
characteristic modesty, Coolidge wanted to call the new design 
of tube the “GE Tube”; however, Lewis Cole proposed the name 
of “Coolidge Tube” and this is what stuck.

Coolidge wanted to test the new tube on human subjects and 
so used himself as a test subject as so many had done before him 
with disastrous effects. While this went well initially Coolidge 
became concerned when the hair on his back started to fall out. 
Coolidge therefore obtained an embalmed leg from a local physi-
cian. When Coolidge had finished his experiments, he took the 

leg to the company’s incinerator for disposal. Coolidge threw the 
leg in to the incinerator with no explanation. The operator did not 
know much English and opened the incinerator, and as the cover-
ing came apart he was horrified to see a human leg. He was con-
vinced that he had come across a dreadful crime and he called 
the company police. A detective then visited Coolidge and he had 
to give a very lengthy explanation! Further experiments on the 
tube resulted in the observations that the radiographic contrast 
deepened on the tube voltage and that the resolution depended on 
the size and position of the focal spot.

It might be imagined that the new Coolidge tube would rapidly 
sweep away the old ion/gas tubes. In fact the gas tubes survived 
for a considerable period of time. They were readily available 
and relatively cheap. So as an example, in G C Aimer’s catalog 
a standard gas tube retailed at £7 15 s 0 d (£7.75). The Coolidge 
tube sold at £40, more than four times the cost. Aimer was forced 
however to admit that “the Coolidge tube has certain advantages 
over the gas tube.”

18.10 The Potter–Bucky Diaphragm

In the history of invention, two discoveries may be synergistic, 
with neither as good without the other. Coolidge developed a 
new way of making an X-ray tube, and Gustav Bucky invented a 
different way of making the X-ray image, and these discoveries 
combined helped to define and perfect classical radiography.

It had been realized early on that scattered radiation resulted 
in blurring of the radiographic image. In 1903, Otto Pasche from 
Switzerland had suggested trying to block the secondary rays by 
using a slit-like device between the patient and the X-ray tube 
(Moehring 1964). However, it was not until 1913 that Bucky, a 
German radiologist, designed a honeycombed and grid-like dia-
phragm that he placed between the patient and the X-ray plate 
(Holbeach 1921). This metal lattice had individual cells which 
allowed the primary X-rays from the focal spot of the X-ray 
tube to pass directly through to the film. Secondary scattered 
radiation was blocked by being absorbed by the metal strips. 
The major disadvantage was that the grid was visualized on the 
X-ray plate and obscured some of the findings.

FIGURE 18.18 The Coolidge or vacuum tube.
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Bucky came up with a possible solution, which was to move his 
grid and therefore the shadows of the strips would no longer be 
visible. It is interesting that quite independently in 1917 Eugene 
Caldwell from New York had the same idea of moving the grid 
to remove the shadows. A third investigator, Hollis Potter from 
Chicago, was unaware of the previous publications and presented 
his ideas at meetings of the American Roentgen Ray Society 
(ARRS) in 1915. Potter described a diaphragm which he adapted 
for fluoroscopy and which consisted of a rotating circular disc 
with radiating strips to absorb the scatter.

These early grids with the criss-cross pattern were neither suc-
cessful nor popular. However, Potter understood that a moving 
wire did not cast a shadow on an X-ray plate, and so he realized 
that this would also happen if a lead strip which moved uniformly 
across the beam were used. Potter created a series of parallel 
strips and although this should only have absorbed a portion of 
the scattered radiation, Potter found that not only was the total 
amount absorbed similar to that of the criss-cross Bucky grid, 
but that it was also much easier to manufacture (Figure 18.19).

This new device was marketed as the Potter–Bucky Diaphragm 
and was announced in February 1917 at the ARRS. Potter dem-
onstrated the use of this apparatus to show the lumbar spine, hips 
and pelvis, and renal calculi. It is famously recorded that at one 
meeting after Potter had shown his work, one radiologist was so 
surprised by the quality of the images that he accused Potter of 
touching up the negatives!

There was a certain delay in making the apparatus commer-
cially available because of discussions about the priority of the 
discovery. However, in 1921 the Potter–Bucky diaphragm was 
finally marketed and was immediately accepted by the radiologi-
cal profession. While the image of the pelvis from 1921 is excel-
lent, it should be noted that the exposure time was 12 seconds 
(Figure 18.20).

(a) (b)

FIGURE 18.19 (a and b) The principles of the Potter–Bucky interception of scattered rays by a grid, and using a Coolidge tube. (Adapted from Holbeach, 
C. H. 1921. Journal of the Röntgen Society, 17, 179–181.)

FIGURE 18.20 A normal pelvis from 1921 using the Potter–Bucky 
diaphragm and a Coolidge tube using a 12 sec exposure. (Adapted from 
Holbeach, C. H. 1921. Journal of the Röntgen Society, 17, 179–181.)
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One effect of the new grid was to hasten the demise of X-ray 
photographic glass plates since using the new Potter–Bucky 
diaphragm larger films could be used with limited effects 
from scatter and the consequent blurring. Scatter was more 
the problem with larger than smaller films and traditionally 
radiologists were restricted to smaller plates. The smaller the 
plate and therefore the volume irradiated the less scatter was 
generated. The reason that a cone had been introduced over the 
X-ray tube was to reduce the irradiated volume and therefore 
the scatter.

18.11  Victims or Martyrs? The 
Radiological Radiation Victims

Following the use of X-rays, it became apparent that many were 
being injured. The exact cause of harmful effects was related 
to three factors. They were ionizing radiation, electrical injuries 
with pre-shockproof apparatus, and chemical processing.

There had been an awareness of the harmful effects of ion-
izing radiation from the earliest days, and within three months 
of Röntgen’s first paper there had been reports appearing in the 
literature of the harmful effects of ionizing radiation. However, 
it took some time to introduce effective guidelines and recom-
mendations. In June 1915, the Röntgen Society, which was a 
forerunner of the British Institute of Radiology (BIR), held a 
meeting to discuss protective guidelines for those involved in 
X-ray work. The meeting was opened by the pioneering medi-
cal physicist Professor Sydney Russ. A single sheet entitled 
“Recommendations for the Protection of X-ray Operators” was 
issued in November 1915 and this was the first British code of 
practice. Many radiographers had been recruited during the First 
World War, and Sidney Russ was concerned that many of the 
novices could suffer injuries. Matters were brought to a head in 
March 1920 when Dr. William Ironside Bruce of Charing Cross 
Hospital died of radiation-induced aplastic  anemia (Figure 18.21). 
A letter appeared in The Times of London on March 29, 1921 by 
the British radiologist Robert Knox who was trying to calm the 
current public anxiety over the medical use of radiation. So as an 
example, when the radiographer Kathleen Clara Clark entered 
the profession in the early 1920s her family tried strongly to 
dissuade her from entering such a dangerous profession. Knox 
announced the appointment of a standing committee, which 
subsequently became the British X-ray and Radium Protection 
Committee, and the major figure behind this was Sydney Russ 
who had been appointed to the Joel Chair of Medical Physics at 
the Middlesex Hospital. Russ remained joint secretary for the 
whole period of the life of the committee. The committee in its 
31 years of existence showed itself to be of great scientific and 
economic benefit: it was hugely influential and was the model for 
other such groups.

18.12  The Martyrs’ Memorial in Hamburg

There is a monument to the X-ray and radium martyrs of all 
nations located in the grounds of St. George’s Hospital in 

Hamburg, Germany (Thomas and Banerjee 2013). Heinrich 
Albers-Schönberg was a German pioneer who worked at this hos-
pital, and who had died of radiation injuries in 1921. The mon-
ument was set up in 1936 by the German Röntgen Society 
following the recommendation of Hans Meyer of Bremen. The 

FIGURE 18.21 Newspaper clipping of the death of Dr. Ironside 
Bruce, 1921.
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initial column records 169 deaths before 1936, and additional 
names were added in the mid 1950s (Burrows 1986).

A poignant example of the injuries sustained is seen in a 
wristwatch presented to Corporal Edward Wallwork Royal 
Army Medical Corps who was a radiographer working at the 
King George Military Hospital in London during the First 
World War (Figure 18.22a,b). All three radiologists who made 
the presentation died of radiation-induced disease, and all 
three are recorded on the Radiological Martyrs’ Memorial in 

Hamburg. The wristwatch is a poignant reminder of the suffer-
ings and risks of the pioneering generation of radiographers and 
radiologists.

It was inscribed:

Presented, To Corporal E. Wallwork RAMC, By 
Doctors Ironside Bruce, Stanley Melville and, 
Harrison Orton as a token of appreciation of his work 
in the X Ray Department of the King George Hospital 
1915–1919.

As J. H. Gardiner said in his presidential address to the 
Röntgen Society in 1916: “The most active and earnest of our 
workers were the worst victims” (Gardiner 1916). Ernest Wilson 
a radiographer from the Royal London Hospital, who died in 
1911, said that he was not a martyr to science, but a victim since 
a martyr knows what to expect (Scott 1910).

The inscription on the Martyrs Memorial reads:

To the Röentgenologists and Radiologists of all 
Nations.

Doctors, Physicists, Chemists, Technical Workers, 
Laboratory Workers and Hospital Sisters who gave 
their lives in the struggle against the diseases of 
mankind.

They were heroic leaders in the development of the 
successful and safe use of X-rays and radium in medi-
cine. Immortal is the glory of the work of the dead.

18.13 Classical Radiology

By the 1920s radiology was passing from the early stage of the 
pioneers and classical radiology was being established. Now, 
are historical changes the result of the action of individuals of 
genius and destiny, or are there are social and cultural trends and 
would the discoveries and developments have happened anyway 
because the time was right? However I think it’s not a question 
of either/or but rather of both/and. We have individuals of genius 
working within a historical stream.

Modern medical imaging has replaced many of the older 
classical radiological techniques and these are now disap-
pearing from our memories. These older techniques often 
involved considerable technical skills from both radiologists 
and radiographers, and many years were spent in the perfec-
tion of skills.

Examples of older techniques include bronchography, and 
 retroperitoneal air studies.

In bronchography the bronchial tree was opacified with an 
opaque medium using a variety of techniques. The examination 
was unpleasant for the patient and there was therefore a high 
threshold of referral for performing the examination. The first 
experimental bronchogram was performed by Karl Springer 
from Prague in 1906. Over the years, many contrast agents were 
used including colloidal silver and bismuth. In the classical 
 technique, iodized oil was used, commonly introduced by tra-
cheal injection. Contrast agents could also be introduced using a 
catheter (Figure 18.23), bronchoscope, or dripped over the back 
of the tongue.

(a) (b)

FIGURE 18.22 The remarkable wristwatch. (a) Face of the wristwatch and 
(b) reverse of the watch with the dedication.

FIGURE 18.23 Right bronchogram performed using an oily contrast agent 
introduced using a catheter in the trachea.
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In retroperitoneal air studies the tissues around the kid-
ney is outlined by gas (Thomas and Banerjee 2013). Paul 
Rosenstein from Berlin and Humberto Carelli from Buenos 
Aires described the technique independently in 1921. A 10 cm 
needle was used to make a retroperitoneal injection. Rosenstein 
injected 600 ml of oxygen and Carelli about 200–400 ml of 
carbon dioxide. The examination was introduced in the days 
before the intravenous urogram to show the kidney. Rosenstein 
emphasized that it was “important that the radiologist became 
independent of the clinician for these pictures.” Rosenstein said 
that this technique was of value in various conditions includ-
ing determining the presence of one or both kidneys and look-
ing for displacements of the kidneys. This would diagnose the 
“floating kidney” which was thought to be a cause of symptoms 
as a part of visceroptosis. In later years the technique was com-
bined with tomography to show the adrenal gland. The exami-
nation illustrated was performed in 1943, and in this case the 
gas was injected directly into the retroperitoneum with a long 
needle (Figure 18.24).

18.14 Angiography

Clinical angiography developed from post-mortem angiog-
raphy with the first procedure being performed in January 
1896 by the physicist Edward Haschek and his medical friend 

Dr. T. O. Lidenthal who injected a calcium carbonate emulsion 
(Teichmann’s mixture) into the severed arm from a cadaver 
(Doby 1976). The arteriogram exposure was for 57 min, which 
is not unreasonable when one remembers the low power of the 
apparatus that was then available. This procedure was performed 
in Vienna, and the radiograph can be seen at the Museum in 
the Josephinum. Sigismund Exner was professor of physics at 
the University of Vienna and was a friend of Röntgen, and had 
received a personally dedicated copy of the first communication 
and a collection of radiographs.

The angiographic work in Vienna was soon followed by 
work of the group in Sheffield in England (Anon 1896). Professor 
Hicks, who was the Principal of Firth College in Sheffield, and 
Dr. Addison, achieved both a renal and a hand arteriogram 
(Anon 1896). The delicate branching pattern of the arteries in the 
kidney and hand were shown in a similar manner to those that 
have been demonstrated in Vienna a few weeks earlier.

18.15 H.C. Orrin and His Atlas

The first X-ray atlas of the arteries of the body was written by H. 
C. Orrin, and was published in 1920 (Orrin 1920) as The X-ray 
Atlas of the Systemic Arteries of the Body. The book is illus-
trated with beautiful radiographs (Figures 18.25a,b and 18.26). 
The book was designed to be used by students of  anatomy, surgi-
cal anatomy, and operative surgery. It was intended to provide a 
series of natural illustrations of the systemic arteries in continu-
ity, and precisely as they exist in situ in the undissected body. 
The aims of the book were therefore purely anatomical in nature. 
Orrin wrote in his introduction that:

No matter how well dissection is performed, com-
plete continuity of the vessels; their exact relationship 
to bones; their finest terminal branches; the series of 
anastomosis into which they enter are seldom if ever 
accurately displayed or intelligently appreciated by 
dissection alone.

Orrin therefore echoed the earlier words of Morton. 
The  atlas  was accompanied by a full set of stereoscopic 
 radiographs (Figure 18.27), “which provide the only possible 
means of accurately rendering visible the points and details 
 specified.” It is interesting that in 1920 Orrin recognized the 
value of what is now 3D angiography.

It was thanks to the work of Portuguese radiologists that the 
goal of practical angiography in the living was fully realized 
(Veiga-Pries and Grainger 1982). The leader of this Portuguese 
team was Egas Moniz, who was the Professor of Neurology 
in Lisbon. Moniz was physically severely handicapped by 
 topaceous gout and was therefore unable to make any vascu-
lar injections himself; however, he meticulously planned his 
research project on the localization of cerebral tumors. He was 
dissatisfied with the recently developed technique of ventricu-
lography, which he found could make a correct diagnosis in less 
than a third of patients. Moniz had been aware of the pioneer 
work of the Frenchmen Jean Sicard and Jacques Forestier in 
early angiography. After his initially efforts to opacify the brain 
failed, he started performing intra-arterial injections. He had 

FIGURE 18.24 The kidney outlined in this direct puncture retroperitoneal 
air study performed in 1943 at Hillingdon Hospital by Dr. Rohan Williams.
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(a) (b)

FIGURE 18.25 Injected vessels of the upper half of fetus. (a) Vessels of upper half of fetus and (b) vessels of lower half of fetus. (Adapted from Orrin, H. C. 
1920. The X-ray Atlas of the Systemic Arteries of the Body. Bailière, Tindall and Cox, London.)

FIGURE 18.26 Injection detailing the coronary vessels. (Adapted from Orrin, H. C. 1920. The X-ray Atlas of the Systemic Arteries of the Body. Bailière, 
Tindall and Cox, London.)
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surmised that if he could concentrate radiopaque material in the 
brain then the brain itself would be visible on radiographs, and 
knowing that bromides were used as sedatives, since they accu-
mulated in the brain they might show up on radiographs. Moniz 
gave large amounts of bromides orally but showed nothing. He 
then tried injecting bromide into a carotid artery but apart from 
giving the patient a headache he again showed nothing. Next 
he thought of opacifying the brain by intravenous or paren-
teral administration of a variety of agents, giving large doses of 
lithium bromide and strontium bromide. After these techniques 

failed he tried using intra-arterial injections using an iodide 
salt. Iodine was chosen because its atomic weight is higher than 
bromine’s. After many difficulties, he was successful using a 
25% solution of sodium iodide with bilateral carotid artery cut 
downs. His successful patient, on June 28, 1927, was the ninth 
in his series, a young man with a pituitary tumor. Moniz (1931) 
shows the head positioned for angiography (Figure 18.28), and 
angiogram (Figure 18.29).

In 1929 Moniz’s surgical colleague Reynaldo dos Santos, 
Professor of Surgery in Lisbon, introduced percutaneous Trans 

FIGURE 18.27 Stereo radiographic pairs. (Adapted from Orrin, H. C. 1920. The X-ray Atlas of the Systemic Arteries of the Body. Bailière, Tindall and 
Cox, London.)
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lumbar aortography (TLA) by direct aortic puncture with injec-
tion of a sodium iodide solution. Dos Santos et al. (1932) described 
the technique (Figure 18.30). The radiograph (Figure 18.31) shows 
abnormal vascularity in a sigmoid tumor; also note the station-
ary grid lines. Trans-lumbar aortography remained a standard 
for vascular imaging until the 1980s. Other members of Moniz’s 
team were equally innovative and successfully  introduced 
 pulmonary angiography (by Lopa de Carvalho and Almeida 
Lima), lymphography (by Hernani Monteiro), phlebography (by 
Joäo Cid des Santos, the son of Reynaldo) and portal venography 
(by Sousa Pereira). The Portuguese School therefore introduced 
many aspects of clinical angiography in the 1930–1950 period, 

FIGURE 18.28 The head positioned for cerebral angiography. (Adapted 
from Moniz, E. 1931. Diagnostic des Tumeurs Cérébrales et épreuve de 
l’Éncephalographie Artérielle. Masson et Cie, Éditeurs, Paris.)

FIGURE 18.29 Cerebral angiogram (arterial phase). (Adapted from 
Moniz, E. 1931. Diagnostic des Tumeurs Cérébrales et épreuve de 
l’Éncephalographie Artérielle. Masson et Cie, Éditeurs, Paris.)

FIGURE 18.30 Technique illustrating lumbar aortography. (Adapted from 
Dos Santos, R., A. C. Lamas, and J. P. Caldas. 1932. Artériograêhie des 
Membres et de l’Aorte Abdominale. Masson et Cie, Éditeurs, Paris.)

FIGURE 18.31 Lumbar aortogram for sigmoid tumor showing abnor-
mal vascularity. The needle is visible in the upper abdominal aorta, and 
stationary grid lines are clearly visible. (Adapted from  Dos Santos, R., A. 
C. Lamas, and J. P. Caldas. 1932. Artériograêhie des Membres et de l’Aorte 
Abdominale. Masson et Cie, Éditeurs, Paris.)
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but the international adoption of their techniques was severely 
delayed by the Second World War.

Trans lumbar arteriography was replaced by catheter angiog-
raphy from either the femoral or brachial/radial route. The use of 
a catheter began in 1929 when Werner Forssmann introduced a 
well-oiled ureteral catheter via an antecubital vein into his own 
right atrium (Doby 1976). It was in 1931 that Moniz, de Carvalho, 
and Almeida Lima using the Forssmann method demonstrated 
the pulmonary vasculature with an injection of sodium iodide 
(Moniz and de Carvalho 1932). The next major development 
related to the method of delivery of contrast medium into vessels 
and the heart chambers was achieved by Sven Seldinger in 1956, 
working at the Karolinska Clinic in Stockholm. He introduced 
the needle-guide wire-catheter replacement technique that per-
mits selective catheterization and injection of most vessels from 
a simple puncture. This technique is now routine for many pro-
cedures requiring catheter access.

Now diagnostic angiography has been superseded by non-
invasive imaging such as Doppler ultrasound, and CT and MR 
angiography. Angiography is now reserved for access for inter-
ventional procedures.

18.16  Charles Dotter and the Origins 
of Interventional Radiology

The development of interventional radiology depended on a 
number of factors. These include modern image intensification 
so that radiologists were no longer working in the dark, modern 
contrast media that were neither non-toxic nor painful, and the 
technology to produce wires, catheters and balloons.

It was on January 16, 1964 that Charles Dotter performed 
the first ever percutaneous transluminal angioplasty (PTA) 
(Thomas et al. 2005). In the early years of radiology the pur-
pose of vascular catheterization was diagnosis; however, fol-
lowing the work of Charles Dotter catheterization increasingly 
came a prelude to intravascular intervention. At that time our 
ability to diagnose vascular disease was far greater than our 
ability to treat.

Dotter’s first patient was a bedridden 82-year-old woman with 
peripheral vascular disease and a pulseless and ulcerated foot. 
Dotter performed diagnostic angiography and an atheromatous 
obstruction of the superficial femoral artery was demonstrated. 
All seemed hopeless and the surgeon had recommended ampu-
tation, but the patient had refused surgery. Dotter performed a 
percutaneous trans femoral catheter dilatation, and he recorded 
that is took only a matter of minutes and was without difficulty. 
When the dilating catheter was removed good pulses were pal-
pable for the first time in the lower leg and foot. Subsequent angi-
ography revealed that the stenosis was no longer present. There 
was immediate diminution in pain, discoloration and coldness 
of the foot, and during the week after the procedure there was 
rapid healing of the skin changes, including the ulceration of the 
lower leg. A follow-up angiogram was performed on February 6, 
1964 at 3-weeks post-procedure and the lumen remained patent. 
At 8 months the patient was mobile, the ulceration was gone, the 
gangrenous toes had separated and the sites were healed. The 
patients’ pain disappeared and she was able to walk until she 
died three years later.

Dotter wrote that “Despite the frequency and importance of 
arteriosclerotic obstruction, current methods of therapy leave 
much to be desired. Nonsurgical measures, however helpful 
they may be, provide the patient little more than an opportunity 
to live with his disease” (Dotter and Judkins 1964). Following 
successful dilatation Dotter said that “the patient will happily 
announce the return of adequate blood flow to the troubled 
extremity.” Dotter recorded that the procedure could sometimes 
be completed in 10 or 15 minutes. It is worth noting that Dotter 
recorded that failure of his technique was not associated with 
harm to the patient.

Dotter stated that “It seems reasonable to expect that the trans-
luminal technique for recanalization will extend the scope of 
treatment beyond the limits of present-day surgery. The method 
offers early treatment of the ischemic leg. In view of its simplic-
ity and low morbidity, it is now feasible to treat intermittent clau-
dication without waiting for more serious symptoms to occur or 
collateral circulation to develop.” He predicted that PTA would 
become the treatment of choice for patients suffering from arte-
riosclerotic ischemia of the lower extremities.

The technique of PTA became known as “Dottering,” and 
Dotter had considerable success in Europe and other places. 
Unfortunately, in the U.S. the technique was not to become popu-
lar until the middle of the 1970s and many saw it as a short-lived 
fad. There was a reluctance on the part of surgeons in the U.S. to 
refer patients—a well-known request to Dotter for a left femoral 
arteriogram has underlined and in capitals on the request form 
the comment “VISUALIZE BUT DO NOT TRY TO FIX!”

There has been a blossoming of interventional radiology since 
the time of Charles Dotter including the use of balloon catheters 
and stents, and many traditional surgical techniques have been 
avoided or replaced.

18.17 Godfrey Hounsfield and the CT Scanner

It is difficult to overestimate the impact that the EMI/CT scanner 
has had on medicine. The neuroradiologist James Bull said in 
1977 that Godfrey Hounsfield’s invention was the most important 
advance in radiology since Röntgen had radiographed his wife 
Bertha’s hand in November 1895 (Bull 1977). Within five years 
of the introduction of the EMI scanner there were CT machines 
throughout the world, and the technique was rapidly adopted 
into clinical practice. It is now difficult to imagine how medicine 
was practiced before the introduction of CT scanning. Illustrated 
is the brochure for the EMI1010 scanner “the most advanced 
system for neuroradiological examinations” and is signed by 
Hounsfield (Figure 18.32).

The history of the development of CT is complicated (Bull 
1981, Webb 1990). The need for tomography lies in the fact that 
in conventional radiography a three-dimensional object is dis-
played as a two-dimensional image with no depth information. 
Classical tomography was well developed by the 1950s, the pio-
neer work having been done by Bernard Zeides des Plantes and 
published in the 1930s. In classical tomography the X-ray source 
and the detector both move and the points of pivot all lie in the 
same plane. Objects out of the plane are blurred and those at 
the level of the pivot are in focus. This tomographic image gives 
information in one plane and helps in diagnosis.



349History of Radiology

The award of the Nobel Prize for Medicine and Physiology to 
Godfrey Hounsfield and Allan Cormack in 1979 emphasized the 
arrival of the new technique of CT, although there were many 
others who had worked in this field. The mathematical basis for 
image reconstruction started with Johann Radon who published 
in 1917 his work on the “Radon transform” with the idea of 
reconstructing a function from a set of projections therefore plays 
a significant role in the development of computed tomography.

In the mid-1940s Shinji Takahashi in Japan had worked on 
the principles underlying rotational radiography and developed 
sinograms. In 1957, B. I. Korenblyum and his co-workers build a 
medical CT scanner in Kiev in the then USSR. In 1960, William 

Oldendorf made experiments to demonstrate the feasibility of CT 
scanning using a rotating phantom made of nails and mounted on 
a track. In the early 1960s, David Kuhl and Roy Edwards devel-
oped an apparatus for emission CT scanning. It is very interest-
ing to observe the number of disconnected workers considering 
the same problem but coming from different directions.

Cormack developed the basis of what became CT scanning, 
and developed a mathematical approach looking at the problems 
of variations in body tissues that are important in radiotherapy. 
In 1957, he made experiments using a phantom that had circu-
lar symmetry, and by 1963 Cormack was ready to make experi-
ments on a phantom that did not have circular symmetry. The 

FIGURE 18.32 The brochure for the EMI-scanner CT1010 signed by Sir Godfrey Hounsfield.
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results were presented for publication in graphical form and 
were  published in 1964 (Cormack 1964). There was almost 
no response to the publications, and certainly there was no 
 commercial interest.

In the 1960s, Hounsfield was working at EMI Ltd in Hayes, 
Middlesex (Bates et al. 2012). He was interested in pattern rec-
ognition. He considered a closed box with an unknown number 
of items inside that could be looked at from multiple directions 
using a radiation source and a radiation detector. The results of 
the transmission readings could then be analyzed by a computer 
and presented as a slice in a single plane. Hounsfield developed a 
mathematical approach in a process of reconstruction. The origi-
nal apparatus was simple and resembled that used by Cormack 
and was a simple lathe holding the object to be examined. The 
early experiments were made using Perspex phantoms of vary-
ing complexity. It took nine days to take the picture and fifteen 
minutes computing time to reconstruct the picture. Following the 
use of Perspex phantoms a section of human brain in a Perspex 
box was examined. Most of the pictures from the lathe bed were 
scanned in 1969 and 1970.

Hounsfield looked at practical applications and approached 
the Department of Health in London in 1968. He met Cliff 
Gregory and Gordon Higson, who were scientific advisers at the 
Department of Health and Social Security (DHSS). Hounsfield 
was then introduced to Evan Lennon, a radiological adviser 
who knew Frank Doyle from the Hammersmith Hospital. Doyle 
gave Hounsfield two lumbar vertebrae of different densities. 
Hounsfield examined the vertebrae and returned to Doyle with 
computer printouts of numbers in the coronal plane of the ver-
tebral body. Hounsfield had already worked out a scale of num-
bers and Doyle was impressed with the result. Lennon also made 
contact with two other radiologists, James Ambrose and Louis 
Kreel. Ambrose was a neuroradiologist from Atkinson Morley’s 
Hospital in South London and Kreel was from the Royal Free 
Hospital, subsequently moving to Northwick Park Hospital in 
Harrow where he did pioneer work using the EMI body scanner. 
Ambrose later discovered that Hounsfield had been previously 
dismissed by an eminent London radiologist as a crank.

It became apparent that EMI would not spend any more money 
without the support and a contribution from the DHSS. Work 
continued on specimen radiography and then on January 14, 
1970 there was a meeting at the DHSS between the three radiolo-
gists and Dr. Evan Lennon, Mr. Cliff Gregory and Mr. Gordon 
Higson. The initial results were promising and it was agreed to 
produce a prototype brain machine to be located at Atkinson 
Morley’s Hospital.

The prototype scanner was installed at Atkinson Morley’s 
Hospital on October 1, 1971. It is quite remarkable that Hounsfield 
went in one jump from the primitive lathe bed apparatus to the 
prototype CT scanner. This prototype looks very similar to our 
modern CT scanners and the original is on display in the Science 
Museum in South Kensington, London, UK. The scanning time 
was 4 minutes per slice and the slice thickness was a little over 
1 cm. There was no computer attached to the machine and the 
data was taken by car on magnetic tape to be analyzed by EMI at 
Hayes. The data was reconstructed using an ICL 1905 mainframe 
computer and a picture with an 80 × 80 matrix took 20 minutes 
to reconstruct. It would have been possible to have reconstructed 
the data using a 160 × 160 matrix but that would have taken very 

much longer. The first patient scanned was a 41-year-old woman 
with a possible frontal lobe tumor. The data was acquired and the 
tapes were sent to EMI. The results were returned after 2 days. 
The cystic tumor in the left frontal lobe was clearly shown, and 
Ambrose said the result caused Hounsfield and himself to jump 
up and down like football players who had just scored a winning 
goal (Ambrose 1996). The preliminary results were presented 
at the 32nd Annual Congress of the BIR, which was held at 
Imperial College in April 1972. The paper produced a sensation 
and the first press announcement was in The Times on April 21, 
1972 (Ambrose 1973, Ambrose and Hounsfield 1973, Hounsfield 
1973). EMI then started the production of a brain machine and 
made five: one for the National Hospital, Queen Square, one for 
Manchester, one for Glasgow and two for the United States, one 
for the Mayo Clinic and the other for Massachusetts General 
Hospital. All machines were installed in the summer of 1973. 
Radiology was changed forever.

CT scanning has continued to develop since the 1970s. Spiral 
CT represents a significant advance in the technology of CT 
scanning and has significantly increased the clinical value of 
CT. The first clinical cases and performance measurements were 
presented as work in progress by Willi Kalender, Peter Vock 
and Wolfgang Seissler at the 75th anniversary meeting of the 
Radiological Society of North America in 1989 (Vock et al. 1989, 
Kalender et al. 1989, Kalender et al. 1990). The development of 
spiral CT and multi-slice scanning was made possible by the 
advances in computing. Data no longer have to be taken away for 
analysis but can be reconstructed almost instantaneously. There 
are remarkable results with modern multi-slice scanners with 
improved spatial resolution with virtual endoscopy and faster 
scanning enabling complex dynamic studies. This dramatic 
improvement was made possible because of the provision of 
higher continuous X-ray power and improvements in computers.

18.18 PACS

The idea of Picture Archiving and Communication Systems 
(PACS) started in the early 1980s (Lemke et  al. 2000). 
An attempt was made to create a fully filmless radiology depart-
ment at St Mary’s Hospital in London. Funding was requested 
from the DHSS and in June 1985 the Minister of Health prom-
ised assistance. However, it became apparent that the technology 
in 1985 was not adequate for the task proposed. There was no 
filmless X-ray cassette, no clear means to rapidly transmit the 
vast amount of data and little knowledge about the role of image 
compression. In 1987 David Alison at Hammersmith Hospital 
became interested in developing an entirely filmless hospital, 
and this coincided with technological developments. The British 
government gave a grant in 1990 and computed radiography 
was introduced in 1993, with Hammersmith Hospital becoming 
 filmless in 1996.

Developments were taking place in other hospitals in Europe. 
In the Netherlands, Dr. Bakker and others worked on “The Dutch 
PACS Project.” This was sponsored by the Ministry of Health 
Care and based at Utrecht University Hospital and was carried 
out from 1986 to 1989 with the aim of evaluating a Philips PACS 
prototype and to research the relationship PACS and Hospital 
Information Systems (HIS), the quality of diagnostic images 
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and assessment of technology. The first “digital reading room” 
was built at Utrecht University Hospital with the first coupling 
of PACS-RIS (Radiology Information System). They accom-
plished the complete digitization of a small medical intensive 
care unit and the images and reports could be accessed at all 
times. The referring clinicians were very enthusiastic about the 
project since the radiological images were easily accessed with-
out delay. It was concluded that earlier availability of radiologi-
cal images would increase the speed of diagnosis and treatment, 
which would reduce the average length of inpatient stay. At that 
time it was concluded that PACS at Utrecht University Hospital 
would be approximately four times as expensive as conventional 
radiography; however, they estimated that by the year 2000 the 
cost of PACS would be the same as that of a conventional film-
based system.

One of the few multivendor PACS installations began in 
1986 at the University Hospital of Brussels working with the 
Multidisciplinary Research Institute for Medical Imaging 
Science. The University of Brussels was concerned about com-
munication in hospitals and particularly communication between 
systems and also between users and systems. Working with oth-
ers they were concerned with modeling the PACS-HIS coupling, 
evaluating image transfer using high-speed networks, developing 
network structures, developing a multimedia software database 
which would enable intelligent information retrieval and design-
ing an adaptive user interface to increase diagnostic efficiency.

The first PACS Project in Austria started 1985 as a proj-
ect between Siemens and the Department of Radiology in the 
University Hospital of Graz (Hruby 2001). The Department of 
Radiology at Graz had developed an in-house RIS and they con-
tacted Siemens in 1985 to initiate a PACS pilot project. The aim 
of this PACS-RIS was for a sequential implementation, which 
would meet the needs of both radiologists and clinicians. There 
would be digital acquisition, storage and communication of 
radiological images from all imaging modalities and there was 
gradual introduction of softcopy reporting and filmless working. 
The group in Graz were probably the first in Europe to produce 
an operational PACS-RIS coupling. This culminated at the end 
of the 1980s in the new Danube Hospital in Vienna, which was 
filmless and fully digital. The installation began in 1991, and it 
was proven that at this time the costs of digital radiography were 
no greater than a conventional department.

The changes in computing technology and its influence on 
radiology has been a rapid revolution. It has developed from a 
fruitful cooperation between radiology departments, industry 
and government ministries, with no one group able to do it by 
themselves. PACS is no longer confined to academic depart-
ments and film stores and racks of hard copy reports are now 
only a receding memory.

18.19 Teleradiology

The first used of teleradiology was probably in 1959 when 
Alberta Jutra linked two hospitals in Montreal (Gitlin 1986). The 
hospitals were five miles apart and Jutra used a coaxial cable to 
share videotaped fluoroscopic studies. Jutra was very perceptive 
and suggested a network connecting hospitals to doctor’s offices 
to facilitate the exchange of radiological information, and he 

emphasized the need “to determine the efficiency, usefulness and 
economy of Roentegenologic telecommunication.” There were 
further developments in the 1960s and following an airplane 
crash at Logan Airport in 1962 a new medical department was set 
up at the terminal by Kenneth Bird. Bird connected Logan with 
the Massachusetts General Hospital which was 2.7 miles away 
using a telemedicine link. This microwave link was used by R. 
Murphy and co-workers in 1970 to transmit chest radiographs for 
remote interpretation. Murphy selected 100 chest radiographs of 
patients from a TB hospital, and a panel of 3 reached agreement 
in 92 of the cases and when compared to the radiology report 
there was 77% agreement. Further studies were performed in the 
1970s using a slow-scan television and images sent on ordinary 
telephone lines and while images were acceptable for low-resolu-
tion nuclear medicine images they were not acceptable for radio-
graphs. By 1976 Lewis Carey in Ontario (Carey 1985) was using 
the Hermes satellite to investigate interactive telecommunica-
tion within a regional health care system. Over 5 months Lewis 
Carey and his team provided 297 radiological consultations, and 
remarkably gave live supervision to 14  television fluoroscopic 
examinations which were being  performed by a radiologic tech-
nician. Carey concluded that the consultation service was 90% as 
effective when compared to direct film viewing.

There were more teleradiology studies in the 1980s in the U.S. 
(Gitlin 1986), with a large field trial in 1982 located at the Malcolm 
Grow Hospital in Andrews Air Force Base, which served as a cen-
tral location providing radiographic interpretation to one civilian 
and three military clinics. The radiographs were scanned using 
a video camera and the digitized X-ray images from the remote 
clinic were sent via telephone lines to the central medical center, 
and the radiological report was returned again by telephone lines. 
The results of the trial were successful and in 1984 the Uniformed 
Services University in Bethesda, Maryland replaced to Malcolm 
Grow Hospital as the hub linking the four sites. In the 1984 study, 
a matrix density 1024 × 1024 pixels was used. The radiographs 
were scanned and converted to a digitized image. The results of 
the 1982 and 1984 trials were very encouraging with only a few 
discrepancies between the video and film reports.

In 1985 Lewis Carey reviewed teleradiology and was predict-
ing that “Improved access to radiologists, 24 hours a day, will 
provide a level of service heretofore not possible.” This has 
proven to be the case and studies are now routinely reported by 
radiologists at home or transmitted between hospital sites for 
reporting.

18.20 Conclusions

We are now so accustomed to modern imaging that we do not 
realize how difficult it was to make even what now are quite 
straightforward diagnoses a few decades ago. Peripheral vas-
cular disease, bronchiectasis, renal disease and pelvis masses 
can be elegantly demonstrated non-invasively. There is a steady 
increase in workload, and many more patients are now referred 
for high-resolution CT to exclude bronchiectasis than were ever 
referred for bronchography. This has resulted in a paradigm 
shift. Traditionally there was invasive diagnosis and invasive 
treatments. We now have non-invasive diagnosis and minimally 
invasive therapy. Indeed the one implies and leads to the other. 
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Minimally invasive therapy needs an accurate pre-intervention 
diagnosis so that the procedure can be planned and executed.

In some respects the 1970s can be seen as a golden decade 
for radiology with many new techniques becoming available. In 
1979 Robert Steiner asked who would have thought 10 years ago 
that such momentous developments were possible (Steiner 1979). 
There were many who felt the diagnostic radiology had reached 
its peak and ultimate goal and that there were no further room for 
new ideas and developments. How wrong they were in their ideas 
and predictions. We are only at the beginning of the application 
of these newer techniques: it is quite impossible to predict how 
far they will advance our abilities to establish ever more accurate 
and definitive diagnoses.
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19
Digital Mammography

Adriano Contillo and Angelo Taibi

19.1 Introduction

To this day, mammography represents the main imaging modal-
ity for early detection of breast cancer. The chapter will provide a 
thorough treatment of the basic physical principles and the tech-
nological aspects of X-ray digital mammography. A general intro-
duction to the biophysical properties of the tissues composing the 
breast and of their interactions with X-rays (see Section II, Chapter 
28 of this book), together with an introduction to the concept of task-
dependent detection performance, will be given in Section 19.2. 
Afterward, Section 19.3 will describe the geometrical specifications 
of a mammography device and the adaptation of the spectral com-
position of X-ray beams (and consequently the filtration choices) 
from the case of general radiology to the one peculiar to mammog-
raphy. Section 19.4 is devoted instead to the calculation of the radia-
tion dose imparted to the breast (see Section II, Chapter 29 of this 

book), to the application to the case at study of the most commonly 
used objective metrics for image quality evaluation (see Section II, 
Chapter 24 of this book), and to the description of the physical phan-
toms dedicated to their measurement (see Section IV, Chapters 55 
and 57). A discussion dedicated to the various X-ray imagers used 
in digital mammography, driven from a treatment of the physical 
effects on which their detection properties are based, will be covered 
by Section 19.5 (see Section II, Chapter 23 of this book). Moreover, 
an overview of the up-to-date techniques for image display and pro-
cessing (see also Section IV, Chapter 64 of this book), followed by 
a general description of computer-aided detection algorithms (see 
also Section IV, Chapter 60), will be given in Section 19.6. Finally, 
the last section of the chapter will be devoted to the introduction 
of advanced techniques stemming from digital mammography, like 
contrast-enhanced digital mammography, dual energy digital mam-
mography, and breast density measurement, focusing on both the 
promising features and the unresolved issues of these techniques.
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19.2 Physics of Breast X-ray Imaging

As a general feature, radiographic imaging represents an effective 
tool for diagnostics, being able to provide remarkably detailed 
clinical information without the need for technically difficult or 
highly invasive physical procedures. However, among the sub-
fields of radiology, mammography involves an additional com-
plication: since the various tissues composing the breast exhibit 
very similar X-ray attenuations, radiographic images often show 
extremely low contrast between the different regions of the 
breast, hindering radiologists from effective feature  recognition. 
As a consequence, contrast resolution still represents a challenge 
in mammography, together with the requirements of high spatial 
resolution.

The aim of this section is to provide a concise physical descrip-
tion of the interaction between breast tissues and X-rays.

19.2.1 Tissues Composing the Breast

A healthy human breast is composed of a complex system of 
fibroglandular structures, globally identified as the parenchyma, 
embedded in adipose tissue. The latter is radiologically lucent 
and appears dark in a mammogram, whereas the former is more 
opaque, and results in brighter areas. The fibroglandular (often 
shortened to glandular) tissue constitutes the dense portion of the 
breast and contains high concentration of epithelial and stromal 
cells, as well as collagen (Millis et al. 1999).

While the adipose tissue is in general biologically inert, the 
fibroglandular tissue is the most sensitive to radiation-induced 
carcinogenesis. The reasons for such differentiation are twofold. 
First, epithelial and stromal cells are subject to mutagenic and 
mitogenic effects that can be responsible for breast cancer. Then, 

being composed of the same kind of cells as the fibroglandular 
ones, even pathological tissues exhibit similar attenuations, and 
sometimes the mammographic appearance of nonpalpable breast 
cancer are associated to architectural distortions. Figure  19.1a 
shows an example of a mammogram with an architectural 
distortion.

Due to the issues explained above, breast density has become 
one of the main factors to be taken into account when pre-
dicting breast cancer in individuals (Gail et  al. 1989). Other 
factors include present age, age at menarche, age at first live 
birth, number of previous benign breast biopsies, and number 
of first-degree relatives with breast cancer. From an opera-
tional point of view, breast density is defined by radiologists 
as the percentage of the breast area comprising glandular tis-
sues, but, since most up-to-date protocols are based on empiri-
cal formulas expressing cancer risk as a function of such 
parameters, national health institutes had to adopt standard-
ized density classification methods. An example is provided 
by the American College of Radiology, which published the 
Breast Imaging-Reporting and Data System (BI-RADS) Atlas 
(Sickles et  al. 2013), containing a qualitative classification of 
breast density into four categories: (a) almost entirely fatty; (b) 
with scattered areas of glandular density; (c) heterogeneously 
dense; and (d) extremely dense. Benefits and limitations of the 
BI-RADS classification are reviewed in Obenauer et al. (2005) 
and Burnside et al. (2009).

Breast density represents a useful, yet qualitative way to 
describe the composition of a breast. A more quantitative descrip-
tion makes use of the Glandular Fraction (GF), or glandularity, 
of a breast of given thickness which is locally composed of an 
adipose thickness tA(x, y) and a glandular thickness tG(x, y), (x, y) 
indicating the spatial coordinates. It is defined as the mass frac-
tion of glandular tissue and is given by the ratio

(a) (b)

FIGURE 19.1 Details of two exemplary mammograms in the mediolateral oblique view (see Section 19.3), exhibiting an architectural distortion (a) and 
microcalcifications (b). (Courtesy of GE Healthcare.)
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where ρA(x, y) and ρG(x, y) indicate the densities of adipose and 
glandular tissues, respectively. The reader is referred to Ng 
and Lau (2015), where GF is labelled volumetric breast density 
(VBD), for a review on the history of breast density measure-
ments. The glandular fraction constitutes, by definition, a quan-
titative evaluation of the actual breast composition, and it was 
shown to be strongly correlated to the (area-based) breast density 
estimate, although the relationship between the two exhibited a 
significant nonlinearity caused by the systematic overestimation 
intrinsic to the latter method (Kontos et al. 2010). Moreover, the 
glandular thickness can be treated as a local variable and evalu-
ated pixelwise, so as to achieve more accurate measurements 
of breast density. Such a path will be followed in Section 19.7, 
within a review of the most advanced techniques stemming from 
digital mammography.

A separate comment is needed for a distinct type of breast 
imaging feature, microcalcifications. These are deposits of cal-
cium oxalate or phosphate, typically ranging from 50 to 500 
microns in size, that appear as bright spots in a mammogram. 
They can be scattered throughout the breast, or occur in clus-
ters. Usually, they simply indicate the presence of tiny benign 
cysts, but can also signify the presence of cancer at early 
stages and, therefore, must be detectable by a mammography 
device. Figure 19.1b shows an example of a mammogram with 
microcalcifications.

19.2.2 Interaction with X-rays

As said above, a breast is composed of tissues with similar atten-
uations. With the sole exception of microcalcifications, these tis-
sues are rather soft, and do not require highly penetrating X-rays 
in order to be imaged efficiently. In fact, the typical energies 
of mammographic X-rays lie around 20 keV, much below the 
ones necessary for other radiographic examinations. Figure 19.2 
shows the measured values of the linear attenuation coefficients 
of the various breast tissues in the selected energy range.

Aside from the already discussed similarity among the attenu-
ations of the tissues, the plot provides important information 
about their energy dependence: it is apparent that the differ-
ences tend to grow as the energy decreases. The explanation 
for such behavior is to be found in the fact that, as extensively 
explained in Chapter 1, the high energy portion is dominated by 
the Compton effect, which is rather insensitive to the chemical 
composition of the irradiated material. On the other hand, the 
low energy portion of the plot is dominated by the photoelec-
tric effect, characterized by a larger intermaterial variability. As 
long as soft tissues are concerned, the transition between the two 
regimes takes place around 25 keV. As an example, Figure 19.3 
depicts the described transition for water.

There is another argument in favor of the low energy regime. 
In the case of photoelectric effect, where a photon uses up all 
of its energy to eject an electron from an atom, there will be 
no scatter photons (although the electron will move around and 
ionize neighboring atoms). In the case of Compton effect, where 
a photon hits an atom and ionizes an electron, but does not use 
up all of its energy, it will scatter in a different direction with a 
lower energy. If it reaches a different region of the detector, it 
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will result in a blur of the image. Engineering solutions for mini-
mizing this blurring effect will be described in Section 19.3, but 
a wise energy selection is advisable nevertheless.

The bottom line of the above discussion is that the energy of 
the incoming X-ray should be lowered as much as possible, in 
order to maximize the information content of the image. On the 
other hand, Figure 19.2 also shows that the absolute values of 
the attenuation coefficients increase towards low energies, and 
a higher attenuation implies that a larger portion of the beam 
energy is absorbed by the breast, which in turn could result in 
an increased risk of developing cancer. The measurement of 
the radiation dose imparted to the patient will be described in 
detail in Section 19.4. The coexistence of these competing effects 
entails the necessity of an energy optimization procedure, which 
will also be defined in Section 19.4.

19.2.3 Feature Detection

As one can imagine, the ultimate goal of radiological imaging 
is the detection of the pathological signs within the tissues. It 
has already been stressed that such a definition comprises a wide 
range of different features, ranging from small and dense lumps 
to broad architectural distortions of the fibroglandular structure. 
Therefore, radiologists are supposed to face a number of differ-
ent detection tasks, which makes any evaluation of an imaging 
chain both subject- and reader-dependent (Williams et al. 2006). 
Having said that, any detection task can be thought of as a distri-
bution of decision variables based on the pertinent feature, each 
value associated to one particular image. One can visualize such 
a distribution as the superposition of two distributions, one cor-
responding to the normal (negative) population, and the other to 
the abnormal (positive) population. This situation is depicted in 
Figure 19.4.

As shown in Figure 19.4, these distributions typically have 
some overlap, due to noise factors in the visualization and evalu-
ation process. Readers must establish a decision threshold, below 
which an image is considered negative and above which it is 
considered positive. The location of this threshold determines 

the sensitivity of the reader, defined as the fraction of positive 
cases that are correctly identified as such, as well as its specific-
ity, defined like the former with respect to negative cases. The 
measurement of sensitivity and specificity for varying decision 
thresholds is the basis of the receiver operating  characteristic 
(ROC) methodology. The ROC curve is a graph describing the 
relationship between the sensitivity and the  complement to 1 
of the specificity of the reader (i.e., true-positive fraction ver-
sus false positive fraction). Two hypothetical ROC curves are 
 illustrated in Figure 19.5.

All ROC curves contain the points (0,0) (perfect specific-
ity, but zero sensitivity by calling all examinations negative) 
and (1,1) (perfect sensitivity, but zero specificity by calling all 
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examinations positive). In between, the curve reflects the trade-
off between sensitivity and specificity as the reader varies the 
decision threshold. Therefore, moving along a particular ROC 
curve means changing the approach taken in reading an image, 
rather than the quality of the images or the reader. In Figure 19.5, 
curve B is higher than curve A, implying that reader B performs 
better than A. The ROC methodology constitutes an extremely 
useful tool for performance evaluation analyses, with applica-
tions to a broad range of diagnostic tasks. For a more extensive 
discussion, the reader is referred to the specific literature (Hanley 
and McNeil 1982; Beutel et al. 2000; Swets 2014).

19.3 X-ray Beams

This section is devoted to the discussion of the technical aspects 
involved in the irradiation of the imaged breast, from the geo-
metrical properties of the mammography device to the beam 
quality of X-rays. That represents the first half of the imaging 
chain, the second half being the detection process, which will be 
discussed in Section 19.5.

19.3.1 Geometry

For the sake of the present discussion, the device can be sche-
matically divided into a source block and a detector block. The 
former hangs over the patient, emitting the X-ray beam from 
above. The latter is also used as a support for the breast during 
the examination. Typical Source-to-Detector Distances (SDD) 
range from 60 to 70 cm. Figure 19.6 provides a schematic repre-
sentation of the configuration.

The source block is composed of the X-ray tube, a collima-
tor, and an added filtration stage. Only half of the cone beam is 
actually irradiating the breast, the rest being shielded by a proper 
collimation, and in addition the tube is tilted inwards by a small 
angle, so as to project the focus of the beam on the chest wall side 
of the detector and attenuate the intensity towards the outmost 
areas, following the law of inverse squares. Such a tilted configu-
ration is meant to counterbalance the fact that the chest side is the 
thickest part of the breast, responsible for greater X-ray attenua-
tions. Another source of disuniformity is the so-called heel effect 
(Bushberg et al. 2012), responsible for a further attenuation of the 
outmost areas of the beam. The collimator is used to constrain 
the beam to the area covered by the detector, leaving the sur-
rounding space unirradiated. The filtration stage is located below 
the focus, modifying the beam quality to adapt it to the specif-
ics of the imaged breast. It usually consists of a wheel mounting 
several types of filters, to be switched rapidly according to the 
particular imaging task at hand.

The detector block is composed of a compression paddle, a 
carbon fiber patient table containing an antiscatter grid (usu-
ally named Potter–Bucky), and the actual X-ray detector. The 
compression paddle is a motorized plastic plate that flattens the 
breast against the table, thus constraining patient movement, 
uniforming the X-ray attenuation, and spreading the structures 
over a larger area. Moreover, it reduces the breast thickness, 
which in turn results in a minimization of the amount and spread 
of scattered radiation, as well as of the beam hardening. The 
antiscatter grid consists of lead strips, focused toward the X-ray 

source, and separated by carbon fiber interspace material, pos-
sibly oscillating horizontally during the exposure. Its role is to 
intercept X-rays traveling obliquely with respect to the direction 
of the incoming beam, since their direction implies that they 
were scattered by the breast. It has been demonstrated that, for 
compressed breast thicknesses above 6 cm, the amount of scat-
tered radiation is greater than the primary one (Barnes 1993). 
Therefore, the benefit provided by the grid in terms of reduced 
noise overcomes the loss in transmitted signal. The detector typ-
ically covers an area of about 24 × 30 cm2, although some com-
mercial devices are slightly smaller. Detectors convert X-rays 
into electric signals by making use of different techniques, 
which will be described in detail in Section 19.5. A classifica-
tion that is worth making here is the one between energy inte-
grating detectors and photon-counting detectors, since the latter 
include a further beam collimation that makes the amount of 
scattered radiation negligible, making the use of an antiscatter 
grid unnecessary.

The last topic concerning the geometrical configuration is the 
one related to the different mammography views. Thanks to the 
versatility of the system, a breast can be imaged from several 
points of view, which can be subdivided into two broad catego-
ries: standard and supplementary views. The former are the ones 
used in routine screening examinations, namely the craniocaudal 
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FIGURE 19.6 Schematic of the relative position of the X-ray tube, the 
compressed breast, and the detector. The plotted curve represents the inten-
sity along cathode-anode direction, showing a reduction in the anode direc-
tion due to the heel effect. (Bushberg, J.T. et al. The Essential Physics of 
Medical Imaging. Lippincott Williams & Wilkins. 2012.)
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(CC) view and the mediolateral oblique (MLO) view. The latter 
are only used when the standard views do not allow one to gather 
all the necessary information, and are customized to fit the case 
at study. Examples of standard views are given in Figure 19.7.

19.3.2 Focal Spot

As is extensively described in Chapter 2, the actual focus of the 
X-ray beam is spread over a finite region of the tube anode, usu-
ally referred to as focal spot. As a consequence, the resulting 
image will be subject to a geometric blur that is intrinsic to the 
imaging chain. Following Barrett and Swindell (1996), one can 
consider the configuration depicted in Figure 19.8, in which three 
parallel planes, namely the X-ray source plane, the object plane, 
and the detector plane, are represented.

The distance between the source and the object is p, while the 
one between the object and the image is q. The magnification 
factor is defined as M = (p + q)/p. The function representing the 
distribution of the focal spot on the source plane is s″(x″,y″), while 
the function representing the ideal image of a two-dimensional 
object in the object plane is A′(x′,y′). Considering a simplified 
model of a shift-invariant, linear system, it is possible to write the 
radiographic image η(x,y) on the detector plane as the convolu-
tion of the source s(x,y) and the object A(x,y) in the detector plane

 η( ) ( ) ( )x,y s x,y A x,y= ⊗  (19.2)

where A(x,y) is the object image A′(x′,y′) on the object plane 
(x′,y′), rescaled by the magnification factor M in such a way that 
(x,y) = (Mx′,My′), while the size of the source distribution s(x,y) 
is rescaled by a factor M − 1.

The effect of the convolution of the object image with a finite 
distribution s(x,y) is that every point of the image receives con-
tributions from neighboring points, the size of the neighborhood 
being proportional to the focal spot size and to the magnifica-
tion. European and United States regulations require the mea-
sured values of the focal spot size to be within specified tolerance 
limits from the nominal ones (Perry et al. 2013; FDA weblink). 
Typical focal spot sizes are 0.3 mm and 0.1 mm for contact and 
magnification examinations, respectively. On the other hand, 
reducing the focal spot would imply an increased tube loading, 
which in turn would result in a prolonged exposure time, increas-
ing the patient discomfort and, hence, the probability of artifacts 
due to patient motion. Actual focal spot sizes are the result of a 
trade-off between the requirements of high spatial resolution and 
high photon flux.

Among the methods to measure the size of a focal spot, pin-
hole camera and slit camera are the commonly used ones. The 
first method is a direct measure, based on the radiograph of a 
uniform absorber with a very narrow aperture, which is defined 
as pin-hole. Being the mathematical representation of such an 
object a delta function, the result of Equation 19.2 is simply 
η(x,y) = s(x,y), that is, the resulting image is a rescaled version 
of the focal spot itself. The second method is actually an evalu-
ation of the effective extension of the focal spot along a single 
direction, which is performed by producing two magnified 
images of a slit of very fine width, perpendicular and parallel 
to the tube axis.

Both approaches have peculiar pros and cons: the first is able 
to provide a bidimensional image of the focal spot, while the sec-
ond only provides monodimensional profiles. On the other hand, 
the first one requires a very high tube loading to produce a read-
able signal, whereas the second one can be used in typical clini-
cal exposure conditions. Two methods were recently proposed to 
get the best of both worlds, thus providing bidimensional images 
of the focal spot recorded at standard exposure conditions: a 
deconvolution of the radiograph of a coded aperture mask (Russo 
and Mettivier 2011) and a pseudo-CT reconstruction of the 

FIGURE 19.7 An example of the so-called hanging protocol, featuring CC 
and MLO views (both left and right). (Reproduced from VolparaSolutions 
weblink. VolparaDensity. http://volparasolutions.com/assets/Uploads/
RSNA2013-VolparaDemoImages.pdf.)

Source
plane

Object
plane

p

y″ y′

x′ x

y

x″

q

Detector
plane

FIGURE 19.8 Sketch of the configuration of the image formation pro-
cess. (Reproduced from Di Domenico, G. et  al. 2016. Medical Physics 
43:294–302.)
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radiograph of a circular sharp edge (Di Domenico et al. 2016). 
In particular, the latter makes use of an extremely simple test 
object, easy to manufacture and to utilize. Finally, the paper of 
Di Domenico et al. (2016) also compares the proposed method 
with the focal spot measurements obtained by means of a pin-
hole camera of 30 µm diameter and a slit camera of 10 µm width 
and 10 mm length.

19.3.3 Composition of X-ray Spectra

As already stated in Section 19.2, the energy of the X-ray beam 
is one of the main factors affecting image quality. Although an 
extensive description of the physics of X-ray tubes was given in 
Chapter 2, it is worth recalling a few useful concepts here: being 
produced by the interaction of highly energetic electrons with 
the material of the anode, X-rays spectra result as the superposi-
tion of a discrete component generated by the characteristic lines 
of the anode material and a continuous component generated by 
bremsstrahlung radiation. While the profile of the discrete com-
ponent is strictly constrained by the choice of the anode material, 
the one of the continuous component is mainly due to the volt-
age level provided by the X-ray generator. As a consequence, a 
beam of the desired quality will be the result of both the selected 
anode material and the applied kilovolt value. In addition, as said 
above, a subsequent filtration stage can further modify the result-
ing X-ray spectrum.

The previous generations of mammography X-ray tubes made 
massive use of Molybdenum (Mo) and Rhodium (Rh) anodes, 
whose characteristic emission peaks (17.5 and 19.6 keV for Mo, 
20.2 and 22.7 keV for Rh) are located within the mammographic 
energy range. However, the low melting point of these metals sets 
a limit to the maximum tube loading achievable in a single expo-
sure. With the advent of digital mammography, image quality 
was found (see Taibi and Vecchio (2014) and references therein) 
to be improved by the use of Tungsten (W), whose harder emis-
sion spectrum is now efficiently supported by the wider dynamic 
range of digital detectors. Since the emission peaks correspond-
ing to K lines of W lie far beyond the mammographic energy 
range (58.0 and 59.3 keV), as opposed to the L lines that lie below 
10 keV, the spectra generated by a W anode are mostly composed 
of bremsstrahlung radiation, which exhibits a broader spectral 
distribution, but has the advantage of being tunable in a continu-
ous way by changing the applied kV value, as well as the addi-
tional filtration.

The filtration stage was introduced already in screen/film 
mammography to reduce the low energy components of the 
X-ray beam. As was mentioned in Section 19.2, these com-
ponents do not contribute significantly to image formation, 
while they are responsible for a large portion of the radiation 
dose absorbed by the breast. Very common filters are consti-
tuted by 25 to 50 µm layers of Silver (Ag), Rh, or Mo, which 
ensure a total absorption of X-rays below 10 keV. Moreover, 
these materials exhibit K-edges located at 25.5, 23.2, and 
20.0 keV, respectively, which causes an abrupt drop in the 
X-ray transmission above those energies. As long as a W anode 
is concerned, such a drop can be used to narrow the spectral 
distribution of the incoming beam, reducing the main short-
coming of using tungsten as anode material. Another option is 
constituted by an aluminum  (Al) filter, with no K-edge in the 

mammographic range, that turns out to be useful when paired 
to scanning detectors, due to their need for high photon flu-
ences (see Section 19.5).

The usual nomenclature identifying anode/filter combinations 
is either “material/material” (e.g., Mo/Mo or W/Ag) or, when 
the thickness of the filter is to be specified, “material + thick-
ness material” (e.g., Mo + 30 µm Mo, or W + 50 µm Ag). 
Some examples of the spectral distributions described above are 
depicted in Figure 19.9.

19.4 Image Quality Assessment

When designing a mammography device, it is obviously para-
mount to optimize its technical characteristics, in order to pro-
vide radiologists with the best image quality. However, any 
optimization procedure implies the definition of a set of suitable 
metrics, defined as functions of such technical characteristics. 
As said before, the radiation retained by the breast is associated 
to the risk of developing cancer, so it must be minimized. On the 
other hand, in order to produce an image with diagnostic poten-
tial, the contrast between the different tissues of the breast has 
to be enhanced. Moreover, the duration of the exposure must be 
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FIGURE 19.9 Examples of mammographic spectra, simulated by the 
SIEMENS online toolbox available at http://www.oem-products.siemens.
com/x-ray-spectra-simulation. (a) Spectra of Mo, Rh, and W anodes at 
28 kV. Besides the K lines of Mo and Rh spectra, L lines of W are clearly vis-
ible between 8 and 10 keV. (b) Spectra of Mo + 30 µm Mo, Rh + 25 µm Rh, 
and W + 50 µm Ag, still at 28 keV. Characteristic lines of W are suppressed 
by the filtration, as opposed to those of Mo and Rh. Spectra are normalized 
to unitary total energy.
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shortened as much as possible, so as to minimize blurring effects 
due to patient motion. This section will provide a methodology 
for performing such optimization.

19.4.1 Radiation Dose

The information about the average dose of radiation that X-ray 
beams deposit in the radiosensitive parts of the breast is gener-
ally encoded in the mean glandular dose (MGD) (Hammerstein 
et al. 1979). Generally speaking, the absorbed dose is defined as 
the mean energy imparted to the matter by ionizing radiation per 
unit mass. As the name suggests, MGD is defined as the average 
dose imparted to the breast. It cannot be measured directly, but 
only be computed from the entrance dose, which is encoded in 
the air kerma K (kinetic energy released per unit mass) that can 
be easily measured by means of an ionization chamber placed at 
a given distance from the X-ray source. The general relationship 
between air kerma and MGD is given in the form

 MGD K gcs=  (19.3)

where the g factor is the conversion factor between K and MGD 
for a standard spectrum generated by a Mo/Mo combination and 
an average glandularity breast (50% glandular and 50% adipose), 
the c factor corrects for different glandularities, and the s factor 
corrects for different beam qualities. The unit of measure of both 
K and MGD is the Gray (Gy), which implies that the factors g, c, 
and s are dimensionless.

The conversion factors introduced above have been com-
puted using Monte Carlo simulations (Dance 1990; Dance et al. 
2000). First of all, the kV value applied to the Mo/Mo combina-
tion determines the half-value layer (HVL) of the X-ray beam, 
defined as the thickness (in mm Al) of the layer that would be 
necessary to reduce by one half the radiation intensity or, equiva-
lently, the air kerma. As a consequence, HVL represents a handy 
parameterization of beam quality. The Monte Carlo simulation 
follows a beam of unit exposure with given HVL value through 
a compressed breast of 50% glandularity and given thickness, 
and the g factor is defined as the ratio between the dose absorbed 
by the glandular portion and the entrance dose. Values of g are 
tabulated for several HVL values (0.25–0.80 mm Al) and breast 
thicknesses (20–110 mm). Afterwards, the procedure is repeated 
for several breast glandular fractions, and the c factor is defined 
as the ratio between the new g and the one obtained with 50% 
glandularity. Finally, an equivalent iteration is performed for dif-
ferent anode/filter combinations, and the s factor is defined as 
the ratio between the new value of g and the one obtained with 
the reference Mo/Mo combination at the same HVL (which may 
not correspond to the same kV value) and breast thickness. Of 
course, since glandularity corrections are already encoded in 
the c factor, the last step is performed with the reference 50% 
glandularity.

These numerical results turn out to be extremely important 
in clinical practice, due to the fact that national health institutes 
and international agencies use them as a reference for their 
breast dosimetry protocols (Moore et  al. 2005; IAEA 2007). 
In fact, the dose estimate performed by the medical physi-
cists (or directly by the dosimetry routines of mammography 

devices) is based on a measurement of the incident air kerma 
and an interpolation of the tabulated values to match the HVL, 
thickness, and density of the examined breast. An exhaustive 
 collection of the latest updates for these values can be found in 
Perry et al. (2013).

A different, yet equivalent parameterization of the MGD 
computation formalism is adopted by the American College 
of Radiology. Such formalism (Rothenberg et al. 2004), which 
usually labels the glandular dose as Dg, is based on the propor-
tionality between the Entrance Skin Exposure, XESE, and the 
dose

 
D D Xg gN ESE=

 (19.4)

where conversion factor DgN is tabulated in the literature (Wu 
et  al. 1991; Sobol and Wu 1997) as a function of HVL, beam 
quality, breast thickness and composition. Since exposures are 
measured in units of Roentgen (R), the unit of measure of DgN 
is Gy/R. There are slight discrepancies between the glandular 
doses computed by means of the two formalisms, due to subtle 
differences in the technical details of the simulations, but they 
are largely overcome by interindividual variations. An extensive 
comparative study is available in Nosratieh et al. (2015).

19.4.2 Exposures

As far as screen/film systems are concerned, the radiographic 
signal is collected through a photochemical reaction of a silver 
halide layer, which modifies the optical density of the film. The 
response of a radiographic film to X-ray exposure is represented 
by a strongly nonlinear function, usually referred to as film char-
acteristic curve. It exhibits two asymptotic plateaus separated by 
a relatively narrow linear region, whose steep slope is able to 
magnify the contrast differences among the different areas of 
the breast. Therefore, the exposure of a screen/film mammogram 
had to be carefully weighted to fit the diagnostically meaningful 
parts of the image, that is, the breast parenchyma, inside the lin-
ear region (see Figure 19.10).

In order to select the optimal film exposure, it was sufficient 
to exploit its proportionality to the amount of radiation crossing 
the screen/film cassette. Such radiation was measured by means 
of an array of photodetectors placed beneath the cassette, which 
triggered the exposure termination as soon as the pertinent expo-
sure was reached. Such an electronic control system is the basis 
of automatic exposure control (AEC).

The picture given above was deeply modified by the advent of 
digital mammography. First of all, the role of the dose detector is 
now played by a pre-exposure at fixed dose, from which the sys-
tem draws the information about the average breast attenuation. 
Moreover, since the response function of a digital detector exhib-
its a much broader linear regime than the film, contrast optimi-
zation became a less relevant issue than noise minimization and 
dose reduction during the acquisition stage. As a consequence, 
AEC is now aimed at obtaining a predetermined level of the ratio 
between average signal and noise and a reasonable radiation dose 
to the breast. The optimal exposure, both in terms of duration 
and beam quality, has to be computed for different breast thick-
nesses and compositions.
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19.4.3 Figures of Merit

The optimization procedure mentioned in the previous discus-
sion is now described in detail. From a mathematical point of 
view, the optimization of a system consists in the selection of 
a suitable metric, encoding the pertinent quality that is meant 
to be optimized, and in the maximization of such a metric 
within the parameter space of the system. Consequently, the 
first step is to select a figure of merit (FoM) to play the role 
of the metric. As said before, the most salient performances 
of a digital mammography device involve the radiation dose 
and the ratio between contrast and noise. While the former is 
encoded in MGD, which was already introduced in this section, 
a formal description of the latter is still missing from the pres-
ent analysis. A dedicated parameter is the signal difference-to-
noise ratio (SdNR), defined as the absolute difference between 
the average signal, NR , in a selected region of interest (ROI) of 
the detail of interest and the background average signal, Nb , 
divided by the standard deviation of the image noise

 
SdNR

N N
N

R b=
| − |

δ  
(19.5)

Depending on the adopted convention, δN is either defined as 
the noise of the background alone or as the squared sum of back-
ground and ROI noises. In the following analysis, the former will 
be chosen.

Having selected MGD and SdNR as the meaningful param-
eterizations of the imaging system quality, they have to be 
combined in such a way as to build up a suitable FoM. In that per-
spective, it is useful to consider that X-ray generation and detec-
tion are stochastic phenomena whose statistics obey the Poisson 
distribution, according to which the mean value and the standard 
deviation are related by the constraint

 δN N=  (19.6)

On the other hand, as far as linear systems are considered, 
the average signal in any given area is proportional to the total 
exposure Φ

 N A i R,bi i= =Φ  (19.7)

where once again R refers to the ROI, b to the background, and 
A is a proportionality constant. The same proportionality holds 
for the radiation dose absorbed by the breast

 MGD AD= Φ  (19.8)

As a consequence, as long as the main noise sources obey 
Poisson statistics, the FoM, defined as
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(19.9)

turns out to be independent of the exposure. The main trend 
having been canceled out, it becomes extremely sensitive to 
the higher order effects that constitute the actual optimization 
issues. As an example, one can consider the task of optimiz-
ing the kV value. Several images of an object simulating the 
 attenuation properties of a breast (which is usually defined phan-
tom) are taken at different tube voltages, the exposures chosen 
in such a way to achieve the same average signal in a selected 
ROI of the phantom. For low voltages, most of the beam will 
be absorbed by the phantom, increasing MGD without contrib-
uting to the signal. For high voltages, the interaction between 
radiation and matter will mostly consist of Compton scattering, 
increasing the noise without a net signal improvement. Both 
cases will result in a decrease of the FoM, thus highlighting 
an intermediate region which will be selected as the output of 
the optimization procedure. Figure 19.11 depicts the situation 
described above.
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Some of the trend portrayed in Figure 19.11 is exemplary of 
the situation in which there is a degeneracy among equally via-
ble choices for the optimal kV value. In other words, when the 
FoM-kV curve exhibits a plateau instead of a peak, the solution 
to the optimization problem is nonunique. In those cases, the pre-
ferred choice is the one that minimizes the exposure time, since 
a shorter examination reduces the risk of motion artifacts caused 
by prolonged patient discomfort.

The metric described above is a convenient choice for optimiz-
ing exposure parameters, but it provides no direct information 
about the performance of the detection stage. Such information 
is encoded instead in the Detective Quantum Efficiency (DQE), 
which describes the frequency dependence of the Signal-to-
Noise Ratio (SNR) performance of the system. It is defined as 
the ratio between the SNR2 of the system output and the SNR2 
of the system input

 
DQE

SNR
SNR

out
2

in
2=

 
(19.10)

From Equation 19.6, for the input it holds that SNR Nin
2 = . 

The output involves instead the detector response to input sig-
nal, encoded in the Modulation Transfer Function (MTF), and 

to input noise, encoded in the Noise Power Spectrum (NPS). 
Since both quantities depend on the spatial frequency f, for DQE 
it holds that

 
DQE

N
MTF f
NPS f
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1 2( )

( )  
(19.11)

Over the years, DQE has become the standard metric for the 
evaluation of detector performance. Therefore, the International 
Electrotechnical Commission (IEC) (IEC 2007) provides a stan-
dard operational definition for the experimental determination of 
DQE of commercial X-ray imaging systems.

One last quality measurement that is worth introducing is 
the contrast-detail (CD) analysis, which takes into account both 
the extent and the thickness of the detail under consideration. It 
relies on the model proposed by Rose (1948), according to whom 
an object of area a can only be distinguished from a background 
of average signal N if

 C Cs n= κ  (19.12)

where Cs = Δ(Na)/Na is the signal contrast and C Nan = 1/  
is the noise contrast (Wagner 1977). Experimental evaluations 
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found κ = 5 to be an acceptable threshold value. By performing 
contrast measurements on several disks of varying diameter and 
thickness, it is possible to obtain a CD diagram, a plot of the 
minimum detectable contrast of an image feature as a function 
of its size. Figure 19.12 depicts an example of a CD diagram. The 
reader is referred to Taibi (2004) for a more detailed discussion 
on this subject.

The metrics introduced here, that are often employed in the 
optimization of the operating parameters of mammography units 
due to their favorable characteristics, are just some of the many 
possibilities available in the literature (see Taibi (2004), Borg 
et al. (2012), and references therein). However, it has to be noted 
that there is no absolute recipe for the ideal FoM: given that the 
optimal configuration is strongly task-dependent, as already 
stressed in Section 19.2, a different FoM can be tailored to each 
detection task and detection device. The main benefit of a FoM 
lies in that it provides an easily measurable metric for comparing 
different configurations, but it should never be trusted beyond 
the comparison purpose for which it was designed. Moreover, it 
is important to separate the concept of physical image quality, 
describing the accuracy of the imaging system and measurable 
with an appropriate FoM, from the concept of clinical image 
quality, which is associated to the perceived conspicuity of actual 
mammographic features and can only be inferred from clinical 
trials performed by trained radiologists. The ultimate goal of 
mammography imaging being the detection and diagnosis of 
such features, the former can never substitute the latter as a guid-
ing principle for imaging system evaluation.

19.4.4 Phantoms for Quality Control

A mammography device that is employed in a hospital or a breast 
center is often subjected to heavy workloads that can affect, in 
the long run, its operating condition. On the other hand, due to 
the implications for patient health, the highest degree of diagnos-
tic accuracy is always requested. Consequently, the performance 
of the device must be tested regularly, through radiographs of 

dedicated phantoms from which it is possible to assess the image 
quality.

There are a fair number of quality control phantoms that are 
commercialized by different manufacturers, but, for the sake of 
the present discussion, it will be sufficient to describe their main 
characteristics. A quality control phantom is composed of groups 
of radiographic features embedded in some background mate-
rial, which is radiologically transparent compared to the fea-
tures. The features can be either disks of varying diameter and 
thickness (useful to perform CD analysis), or inserts mimicking 
actual mammographic details (fibers, microcalcification specks, 
masses). The background can be spatially uniform, so as to allow 
the appearance of stochastic noise components, or anthropomor-
phic, in such a way to reproduce the anatomical noise of a breast. 
An example of breast phantom exhibiting some of the above-
described features is shown in Figure 19.13.

Since the ultimate goal of a quality control phantom is to pro-
vide an objective assessment of the operation of clinical devices, 
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FIGURE 19.13 Example of phantom used for quality control, containing 
specks and fibers of different sizes, some embedded in a spatially varying 
texture simulating the breast anatomical background. The actual breast 
thickness is reached by adding an appropriate number of polymethyl meth-
acrylate (PMMA) slabs, not shown in the figure. (Courtesy of Leeds Test 
Objects Ltd.)
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both the phantom choice and measurement procedure are stan-
dardized by protocols enforced by national healthcare systems 
and international commissions (Hendrick et  al. 1999; IAEA 
2007; Perry et al. 2013; EFOMP 2015). Such protocols set the 
standards for acceptance tests and routine checks of mammog-
raphy units.

19.5 Detectors

The entire paradigm of image formation was completely over-
turned by the introduction of digital detectors. First of all, the 
process of image storage in screen/film systems is based on a 
chemical reaction of silver salts deposited on the film, trig-
gered by the interaction with X-rays. As a result of such reac-
tion, the optical density of the film increases according to the 
received radiation dose, thereby acquiring a spatial distribution 
that reflects the local attenuation of the breast. Once the expo-
sure is complete, the screen itself takes the role of the visual-
ization device. Consequently, the optimization of a screen/
film system implies a trade-off between its detection and dis-
play performances, as opposed to an independent optimiza-
tion of both aspects. Conversely, as far as digital systems are 
concerned, image display is performed by a standalone device 
(a review workstation) whose characteristics can be tuned to a 
suitable configuration, independently of the detector. The single 
optimization task of screen/film systems is, therefore, translated 
into two separate tasks, one related to the detection device and 
described in this section, the other related to image processing 
and treated in the next section.

The category of digital detectors is rather broad, and can be 
split into a few subcategories, depending on the physical details 
of the image acquisition process. Such subcategories will be 
treated individually in the following. Nevertheless, a few gen-
eral features are shared by all digital detectors. For example, the 
continuously sensitive surface of screen/film systems is substi-
tuted by a discrete pixel structure, resulting in an intrinsic spatial 
resolution limit of the image. The only exception is represented 
by computed radiography detectors, whose sensitive surface 
records the signal in a spatially continuous way. The information 
is, however, discretized by the subsequent readout of the elec-
tronic signal, that will be described in the following. Moreover, 
as opposed to the screen/film, the relationship between delivered 
dose and pixel response exhibits a wide range of linearity (with 
the exception of computed radiography, whose response function 
is logarithmic), but it is intrinsically quantized. Therefore, the 
main performance issue is shifted from the lack of contrast to the 
quantum fluctuations. This is why the DQE of a digital detector 
qualifies as the most important evaluation metric.

19.5.1 Computed Radiography Detectors

These detection devices are based on the absorption of X-ray 
photons by photostimulable phosphors, crystalline materials 
containing impurities that act as electron trapping sites. Bound 
electrons are excited to the conduction band of the crystal by 
the absorbed photons, but, while de-exciting back towards the 
valence band, a fraction of them reaches a trapping site, inter-
rupting the de-excitation. This metastable state persists until a 

laser of appropriate wavelength releases them, reactivating the 
de-excitation, whose byproduct light emission is collected and 
converted to an electric signal. Such a signal is then digitized 
and, at the same time, the residual information is erased. Since 
their physical and technological aspects were described exten-
sively in Chapter 12, the present discussion will only deal with 
their application to mammography.

The exterior appearance of these detectors is a removable 
cassette, fitting the Bucky–Potter tray of conventional screen/
film mammography units. Since they can be coupled to tradi-
tional devices, computed radiography detectors are the natural 
candidates for a smoother transition to digital mammography, 
especially in those situations where the economic burden of 
replacing the whole unit is a major concern. On the other hand, 
the image acquisition process not being instantaneous, they can-
not be applied to advanced techniques of digital mammography, 
such as dual energy (discussed in Section 19.7) or tomosynthesis 
(described in Chapter 20), that necessitate multiple exposures.

After the exposure, the cassette is removed from the unit and 
inserted in a reading device. The pixel size of the obtained image 
is defined by the laser spot size and the sampling distance of the 
reading device. The typical nominal pixel size of commercial 
units is 50 µm. A technical development, consisting of embed-
ding the crystal in a transparent support that allows readout of 
both surfaces (Arakawa et  al. 2000), drastically improved the 
detection efficiency. Moreover, the recent introduction of phos-
phor crystals grown into columnar structures (as opposed to 
powder) improved both efficiency and spatial resolution (Leblans 
et  al. 2011; Marshall et  al. 2012). Figure 19.14 illustrates the 
differences.

One last remark that is worth making about image readout is 
related to the fact that a preprocessing, known as screen pro-
cessing, is automatically applied to the image data, based on the 
average level and the dynamic range of the examination. As a 
consequence, the European Commission protocol (Perry et  al. 
2013) recommends dedicated screen processing modes for the 
assessment of image quality.

19.5.2 Digital Radiography Detectors

These devices perform a conversion of the absorbed dose into 
an electric signal, which is collected and subsequently digitized. 
This can be achieved through a direct conversion of X-rays into 
electric charge, or through a first conversion into visible light 
followed by a second conversion into electric charge. The for-
mer makes use of a photoconductive material that is sensitive to 
energies of the order of the keV, in which absorbed X-ray pho-
tons produce a cascade of electron-hole pairs that travel along 
an applied electric field until they are collected by two opposite 
electrodes. The latter is composed by a scintillator screen, which 
converts X-ray photons into visible light, and a photoconductive 
material sensitive to energies of the order of the eV, which in turn 
converts the light into an electric charge. In both cases, the pixel 
size of commercially available units typically ranges from 50 to 
100 µm, mostly depending on the technological solution adopted 
for the electric charge readout circuitry.

Regarding direct conversion detectors, the thickness of the 
photoconductive layer is a factor of primary importance for 
the enhancement of the detection performance. Since X-ray 
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absorption of materials decreases as X-ray energy increases, 
detection efficiency is close to unity until a threshold energy is 
reached, quickly dropping for further increasing energies. Such 
a threshold obviously depends on the thickness of the layer. On 
the other hand, a thicker layer means a longer path for electrons 
and holes towards the electrodes, resulting in a larger fraction 
of charge reabsorbed by the material, which in turn reduces the 
effective energy-to-charge conversion factor. The optimal thick-
ness lies around 200 µm for amorphous selenium (a-Se), at least as 
far as digital mammography is concerned. Recent studies (Hu and 
Zhao 2014) suggest that the DQE may benefit from a thickness 
increase when dealing with the advanced techniques described in 
Section 19.7, where higher photon energies are involved.

Due to the energy of the light photons, the problem described 
above does not affect the photoconductive layer of indirect con-
version detectors. In fact, a few micrometers are sufficient to 
ensure maximum efficiency. Nonetheless, a similar issue arises 
regarding the thickness of the scintillator screen: if too thin, 
photon detection loses efficiency; if too thick, spatial resolu-
tion drops due the isotropic spread of the emitted light photons. 
Considering once again the typical X-ray energies used in mam-
mography, the optimal thickness was found around 100 µm for 
thallium-doped cesium iodide (CsI:Tl).

As it was for the case of computed radiography, a substantial 
enhancement of efficiency and spatial resolution in indirect con-
version scintillator screens was triggered by the employment of 
crystals grown into columnar structures. A schematic represen-
tation of the direct and indirect detection processes is given in 
Figure 19.15.

19.5.3 Photon-Counting Detectors

A dedicated discussion is to be devoted to those devices whose 
response is not proportional to the absorbed X-ray energy, but 

rather to the number of incoming photons above a selected 
threshold energy. The main advantage of such a configuration 
is clear. The response of energy integrating detectors tends to 
enhance the signal encoded in high energy photons over low 
energy ones, which are known to carry a higher signal-to-noise 
ratio. Photon-counting detectors assign instead an equal weight 
to all photons above the threshold, being completely blind to the 
ones below, which are likely to be generated by the electronic 
noise of the detector.

The photon counting systems that are commercially avail-
able at the moment consist of a linear array of detector elements, 
swiped below the breast in synchrony with a narrow and elon-
gated X-ray collimator placed on the beam entrance side of the 
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breast. The high degree of collimation guaranteed by such con-
figuration eliminates the need for antiscatter grid, thus reducing 
the dose imparted to the breast during the exposure. A graphic 
representation of a typical photon counting system is given in 
Figure 19.16.

19.6 Image Display

The diagnostic potential of mammography is also expressed in 
the comparison between examinations performed at different 
times, so as to highlight the evolution of pathological tissues 
within the breast. Therefore, when evaluating a mammogram, 
radiologists often need to access former examinations in order 
to increase the effectiveness of their evaluation. With the advent 
of digital mammography, the need for a physical support such as 
radiographic film was overcome and the images could be trans-
ferred digitally by means of a picture archiving and communi-
cation system (PACS), a secured network of integrated imaging 
and storage devices. The standard format for PACS image 
 storage and transfer is Digital Imaging and Communications in 
Medicine (DICOM), a digital format which embeds the image 
itself as well as a header containing a large amount of pertinent 
information, ranging from patient name and ID to examination 
type and parameters.

One of the fields of the DICOM header is the Presentation 
Intent Type, which can be set to either “for Processing” or “for 
Presentation.” In the first case, the stored image is the so-called 
RAW image, representing the detector output corrected fol-
lowing the calibration procedure alone. It already contains all 
the diagnostic information, and is the image to be considered 
for quality control. In the second case, referred to as the PROC 
image, a processing is applied to the RAW image, in order to 
optimize the presentation of the mammogram to the scrutiny 
of trained readers. In fact, as anticipated in Section 19.5, digital 

mammography allows one to optimize the visualization proper-
ties of an imaging system independently of the image acquisition 
process. An introductory description of the broadest categoriza-
tion of image processing is given in the following, while a more 
detailed discussion can be found in Chapters 63 and 64.

19.6.1 Lookup Tables

The most elementary form of image processing is represented 
by the application of a lookup table (LUT). The underlying idea 
is to map pixel values into luminance levels by means of a non-
linear function that enhances the contrast of the diagnostically 
relevant regions to the detriment of the less relevant ones. The 
DICOM format provides a standardized grayscale display func-
tion that takes into account the characteristics of the used dis-
play device.

Since most of the training performed by radiologists in the 
past was based on screen/film technology, the natural strategy 
during the transition to digital has been to mimic a film pre-
sentation. This implied the selection of a nonlinear LUT, cali-
brated to match the combination of two separated effects. The 
first effect, already cited in Section 19.4, is the nonlinear char-
acteristic curve of radiographic films. The second effect is the 
logarithmic relationship between the film optical density and 
the transmitted light, when the film is hung on a lightbox for 
visualization.

As one can imagine, the specifics of the adopted LUT depend 
on the choices of each particular manufacturer. Moreover, 
 visualization algorithms usually leave some freedom of tunabil-
ity to the reader, to compensate for the inevitable inter-reader 
sensitivity variations.

19.6.2 Spatial Enhancement

In contrast to grayscale transforms, which modify pixel values 
along a predetermined, external map, spatial enhancement tech-
niques consist of transformation rules that are based on the spatial 
context. In other words, the value of each pixel is modified accord-
ing to the information contained in the neighboring regions. As 
already said, this does not increase the information content of the 
image, but rather the detectability of relevant features.

A useful tool for spatial enhancement is represented by the 
convolution of the image with a convenient mask, acting as 
the convolution kernel. Masking (or filtering) can be useful for 
reducing artifacts, suppressing frequency bands, or increasing 
the sharpness of small structures. Figure 19.17 shows the visibil-
ity improvement of microcalcifications, due to the application of 
an unsharp masking (Chan et al. 1987).

Another interesting spatial enhancement technique is the 
 histogram equalization. Gray levels of an image are arranged 
into a distribution of occurrence probabilities (i.e., a normalized 
histogram), and then rescaled in such a way to achieve a uni-
form distribution. Images which have undergone such process-
ing show a selective contrast enhancement localized to the most 
uniform areas, compressing the relative dynamics of the already 
evident features. In order to prevent the parts of the image that 
are essentially uniform to engulf the whole dynamic range, the 
histograms are usually computed on local patches of the image 
and then clipped. Such a technique is known as contrast-limited 
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FIGURE 19.16 Sketch of a scanned multi-slit photon counting spectral 
mammography system. (Reproduced from Ding, H. and S. Molloi. 2012. 
Physics in Medicine and Biology 57:4719–38.)
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adaptive histogram equalization (CLAHE) (Pizer et  al. 1987; 
Puff et al. 1994; Pisano et al. 2000). The effect of the application 
of CLAHE is shown in Figure 19.18.

Yet another technique, introduced specifically for mammog-
raphy, is peripheral enhancement (Byng et al. 1997). It is based 
on the thickness correction of the external, uncompressed parts 
of the breast, so as to equalize the gray levels of similar tissues 
in the interior and peripheral regions. This is usually achieved 
by means of an extremely blurred version of the mammogram, 
from which the information about the thickness is inferred. 
The main advantage of such processing is the reduction of 
the global dynamic range of the breast, which in turn reduces 
the need for manual contrast setting adjustments. Figure 19.19 
shows the effect of a peripheral enhancement on an example 
mammogram.

As one can imagine, the processing techniques listed above 
are simple generic descriptions of the actual image process-
ing algorithms used in clinical practice. These algorithms are 

usually proprietary software of the manufacturers of mammog-
raphy units.

19.6.3 Computer-Aided Detection

When evaluating mammograms, it is paramount to avoid not only 
false negative readings, since they may allow undetected tumors 
to develop unrestrainedly, but also false positive ones, as they 
might trigger further examination that would prove unnecessary. 
For these reasons, it would always be advisable to perform dou-
ble reading as much as possible. Unfortunately, the inspection 
by a trained radiologist is a time- and resource-consuming task 
that health centers can seldom afford to waste, especially during 
screening programs. Computer-aided detection (CADe) systems 
were developed to overcome such difficulty: they are pattern 
 recognition software that identify suspicious features on the 
image and bring them to the attention of the radiologist, which 
can use the information as an unbiased second opinion to support 

(a) (b)

FIGURE 19.17 Example of unsharp masking of a mammogram with microcalcifications. (a) Original image. (b) Improved image. (Reprinted from 
Comprehensive Biomedical Physics, Vol. 2, Taibi A. and S. Vecchio. 2014, Breast imaging, 121–54, Copyright 2014, with permission from Elsevier.)

(a) (b)

FIGURE 19.18 Effect of CLAHE on a mammogram. (a) Original image. (b) Corrected image. (With kind permission from Springer Science+Business 
Media: Digital Mammography, Image processing, 2010, 69–83, Karssemeijer, N. and P.R. Snoeren, edited by U. Bick and F. Diekmann, Berlin, Germany.)
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the final decision. Some examples of commercially available 
CADe systems are the iCAD SecondLook Digital (iCAD web-
link) and the Hologic ImageChecker (Hologic weblink).

The core of a CADe system is a statistical classifier, like neural 
networks or support vector machines, that has to be trained on an 
appropriate set of clinical images, statistically representative of 
the population to which the CADe will be subsequently applied. 
The quality assessment of a CADe makes use of the ROC 
 methodology, described in Section 19.2, with the system play-
ing the role of the reader. The position of the decision threshold 
represents the operating point of the CADe and constitutes a free 
parameter of the system, to be selected according to the desired 
trade-off between its sensitivity and specificity. In fact, since its 
output is treated as a mere suggestion by the radiologist, it is often 
advisable to favor the proliferation of false positives rather than 
risk a high incidence of missed detections, which means shifting 
the operating point of the CADe to the right in Figure 19.5.

Several clinical trials (Fenton et al. 2013; Lehman et al. 2015) 
have tried to assess whether the commercially available CADe 
systems are able to improve the cancer detection rate, but the 
results were in disagreement, and so their impact on the screen-
ing program remains uncertain. Apart from the support to detec-
tion, some systems of computer-aided diagnosis (CADx) are 
being elaborated to support radiologists in the characterization 
of detected lesions, but no systems are yet commercially avail-
able, at least in the field of mammography. For a detailed review 
on the subject, the reader is referred to both Giger et al. (2008) 
and van Ginneken et al. (2011).

19.7 Advanced Techniques

It was stressed in Section 19.2 that the breast is a complex struc-
ture of overlapping tissues with very similar X-ray attenuations, 

which can easily lead to a concealment of significant details. 
Since this structure noise effect is not generated by stochastic 
phenomena, the issue cannot be eased by increasing the dose. In 
fact, both the signal and the structure noise will grow linearly 
with exposure. Therefore, it becomes necessary to operate some 
sort of background subtraction, so as to favor the appearance 
of the underlying structures (Taibi 2009). In order to perform 
the subtraction, local information about the distribution of such 
background is needed.

It should be specified that mammography per se does not 
represent a quantitative measurement of breast composition. 
The contrast perceived when reviewing a mammogram merely 
depicts relative differences between the various regions of the 
breast, providing no information about its actual composition. 
Such information can be obviously inferred from the contrast, as 
long as the intensity of the incoming beam is known. However, 
there is a degree of degeneracy due to the projectional nature of 
the examination: when two materials lie on the path of the same 
X-ray, there is a continuous range of composition-thickness com-
binations that result in the same overall attenuation. Having that 
in mind, it becomes clear that a second, independent measure is 
needed to retrieve the quantitative information about the distri-
bution of each material.

The detailed nature of the second measure, as well as the dif-
ferentiation between the materials, depends on the particular 
technique adopted. A classification of the possible choices is 
given in the following.

19.7.1 Contrast Enhancement

The first task to consider is a proper definition of the details of 
clinical interest. As already said, pathology indicators range 
from high-contrast microcalcifications to mass lesions with 
rather low contrast. Although these background-related detect-
ability issues affect the whole spectrum of the above-mentioned 
indicators, the masses are the ones that are most easily concealed 
by a nonuniform background pattern. A possible workaround is 
provided by the phenomenon of angiogenesis: as soon as a tumor 
grows above a size of a few millimeters, it will be surrounded by 
a dense network of blood vessels providing the necessary nutri-
ents to its further growth. Therefore, if a suitable contrast agent 
is injected in the circulatory system of the patient, the tumoral 
structures will be perfused, thus enhancing their detectability.

Having highlighted the detail, the subtraction of the surround-
ing background is possible. The simplest scheme is the one called 
temporal subtraction (Skarpathiotakis et al. 2002). Two consecu-
tive mammograms of the same breast are taken, respectively, 
before and after the injection of the contrast agent. The output 
of the first will read

 N x,y N x,y e T
b

b( ) ( )= 0
−µ

 
(19.13)

where N0 is the unattenuated output, µb is the attenuation coef-
ficient of the background material composing the breast (i.e., the 
glandular and adipose mixture), T represents its thickness, and 
(x,y) indicate the pixel coordinates. The second will read, instead,

 N x,y N x,y e tb T t( ) ( ) ( )= 0
− − −µ µ

 
(19.14)

(a) (b)

FIGURE 19.19 Example of peripheral enhancement of a mammogram. 
(a)  Original image. (b) Enhanced image. (With kind permission from 
Springer Science+Business Media: Digital Mammography, Image process-
ing, 2010, 69–83, Karssemeijer, N. and P.R. Snoeren, edited by U. Bick and 
F. Diekmann, Berlin, Germany: Springer.)
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where µ is the attenuation coefficient of the contrast agent and t 
represents its thickness. Therefore, by using the two images as 
input values and the attenuation coefficients as known param-
eters, one can compute the contrast agent thickness

 
t

N x,y N x,yb

b
=

log /( ( ) ( ))
µ µ−  

(19.15)

that represents the background-subtracted image.
Since the two images are not the result of a pure attenuation 

process, but rather contain a nonnegligible noise component, it 
should appear clear how a contrast agent with µ ≫ µb is neces-
sary, in order to keep the fluctuations of t under control. A typical 
choice is represented by iodine (I), whose attenuation coefficient 
at mammographic energies is ∼10 times larger than the ones of 
the tissues composing the breast. Moreover, it exhibits a K-edge 
located right above those energies, a feature that will prove itself 
useful when dealing with a different subtraction scheme that will 
be presented shortly.

Despite its impressive simplicity, temporal subtraction has 
a few flaws that reduce its effectiveness. First of all, the out-
comes strongly depend on the protocol for intravenous contrast 
medium administration (injection modality, uptake, and wash-
out times, etc.), a feature potentially impairing reproducibility. 
Furthermore, since the breast has to be released after the first 
exposure and then recompressed after the injection, any inac-
curacy in the repositioning will result in artifacts similar to those 
caused by patient motion. For these reasons, modern research 
tends to focus on the dual energy subtraction scheme.

19.7.2 Dual Energy Digital Mammography

This scheme makes use of the fact that the attenuation coefficient 
of each material has a unique dependence on the energy of the 
incoming photons, due to the different scaling of photoelectric 
and Compton effects (Alvarez and Macovski 1976). As an exam-
ple, one can consider a breast containing very small microcalci-
fications, hardly detectable through an ordinary mammographic 
examination. If the breast is exposed to two consecutive X-ray 
beams of different energies, El and Eh, the corresponding loga-
rithmic attenuations read
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where the subscript b refers to the background material (i.e., the 
glandular and adipose mixture) and the subscript c to the micro-
calcifications. Equations (19.16) and (19.17) can be solved for the 
thicknesses tb and tc, providing the two independent images
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that represent the residual distribution of each material after the 
removal of the other. In particular, tc(x,y) represents the back-
ground-subtracted image.

As for the case of temporal subtraction, the dual energy sub-
traction scheme can also be improved through the use of an 
iodine-based contrast agent. In fact, when the goal of the exami-
nation is shifted from the detection of microcalcifications to the 
recognition of masses, a contrast agent is necessary in order to 
separate them from the background. As was already anticipated, 
iodine exhibits a K-edge located at 33.17 keV. Substituting the 
subscript c into the system (19.16), (19.17) with I (standing for 
iodine), and locating the two energies on opposite sides of the 
K-edge, the abrupt change of µI will emphasize the difference 
between the logarithmic attenuations, thus enhancing the back-
ground subtraction of the resulting iodine thickness image
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As in the temporal subtraction scheme, the iodine thickness 
will indicate the location of the tumoral structures.

The clinical implementations of the dual energy subtraction 
scheme typically make use of low energy beams in the mammo-
graphic range, while high energy beams exhibit mean energies 
in the range 35 to 40 keV. These are generated by means of very 
high kilovolt values, filtered by several hundreds of microns of 
Al or Copper (Cu). Because of the increased penetration power of 
the high energy beam, the typical dose imparted by a dual energy 
mammographic examination is only 1.2- to 1.5-times higher than 
the one of a standard examination (Dromain et al. 2009).

The picture given here is a simplified description that leaves a 
few shortcomings unsolved, both for what regards the dual energy 
subtraction scheme and the temporal subtraction scheme. First of 
all, the computations were carried out in the implicit assump-
tion that the X-ray beams are monochromatic, which is not the 
case for commercially available units. The broader spectrum of 
the actual beams causes inaccuracies in the subtraction that need 
to be corrected. This is usually done in the literature by means 
of calibrated inverse-map functions (Cardinal and Fenster 1990), 
but an alternative procedure was recently proposed (Contillo 
et al. 2015). The core of the issue is constituted by the fact that, 
for polychromatic incoming beams with spectra ϕl(E) and ϕh(E) 
(peaked around El and Eh, respectively), the logarithmic attenua-
tions will be the result of integrals over energies, reading

 
M E E t x,y E t x,y dEl l b b I I= +ϕ µ µ∫ ( )[ ( ) ( ) ( ) ( )]

 
(19.21)
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which cannot be inverted analytically in such a way as to 
make the thicknesses explicit. The inverse-mapping method of 
Cardinal and Fenster (1990) is based on the idea that it is always 
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possible to invert the system (19.21), (19.22) approximately, such 
as by expressing the solutions tb and tI as polynomial expansions 
with respect to the attenuations Ml and Mh. The expansion coeffi-
cients are then determined through a calibration procedure that is 
specific to each device. Conversely, the method of Contillo et al. 
(2015) is based on the prior knowledge of the beam spectra and 
computes the thicknesses by means of an iterative procedure. An 
example of polychromaticity correction is given in Figure 19.20.

Furthermore, the composition of the background material 
(and, therefore, its attenuation coefficient µb) is a free parameter 
of the computation that must be imposed a priori, and then kept 
spatially uniform over the breast. This can lead to an incomplete 
subtraction of the background, possibly causing residual con-
cealments. An improved subtraction scheme, based on a com-
posite and pixel-dependent definition of the background in terms 
of glandular and adipose thicknesses, was proposed by Lemacks 
et al. (2002) to correct such an effect. In its most recent formula-
tion (Contillo et al. 2016), it relies on a two-component descrip-
tion of the background material

 µ µ µb G Ax,y;E r x,y E r x,y E( ) ( ) ( ) [ ( )] ( )= + 1 −  (19.23)

where G stands for glandular tissue, A for adipose tissue, and 
r = tG/T is the fractional thickness along the considered path. 
Since the unknown quantities of the system are now three 
(tI, tb, and r or, equivalently, tI, tG, and tA), a third constraint is 
needed to close the system of equations. This is provided by a 
“smoothed” version of the low energy image, which encodes the 
information about the total thickness of the breast. Enforcing 
such a constraint, the computed iodine thickness is decoupled 
from the intrinsic fluctuations of the background. An example of 
 background noise correction is given in Figure 19.21.
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FIGURE 19.20 Linear profiles of a lump of iodinated contrast medium 
embedded in an anthropomorphic phantom, evaluated (a) in the monochro-
matic approximation and (b) after the polychromaticity correction. The 
 plotted quantity is the superficial density σI = ρItI, where ρI indicates the 
iodine density. It is apparent how the monochromatic result represents an 
underestimation of the actual iodine distribution. (Reproduced from 
Contillo, A. et al. 2015. Medical Physics 42:6641–50.)

(a) (b)

FIGURE 19.21 Iodine thicknesses of a background region of an anthropomorphic phantom, reconstructed with the assumption of a spatially uniform 
background (a) and with the assumption of a pixel-dependent one (b). A further suppression of the background structures is apparent in the latter case. 
(Reproduced from Contillo, A. et al. 2016. Medical Physics 43:3080–9.)
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19.7.3 Mammographic Density Measurement

As pointed out in Section 19.2, the assessment of breast density 
is a factor of primary importance in the evaluation of cancer risk. 
This explains why a heuristic classification like the one provided 
by BI-RADS is not considered the optimal solution, and more 
quantitative measurement methods are desirable, possibly using 
the already available mammogram as the sole input. An over-
view of the presently available options is given below.

A possible method is some sort of computer-aided selection 
of the fibroglandular regions of a mammogram. For instance, 
Byng et al. (1994) proposed a system where the reader manually 
selects a threshold gray level identifying the regions of mammo-
graphic density of the breast, then the algorithm creates a gray 
level occurrence histogram and measures the area above that 
threshold. Such an area represents the estimate of breast density 
of the system, whose main limitation is obviously the intrinsic 
variability due to the involvement of operator decisions.

Another possibility is the single energy X-ray absorptiom-
etry (SXA), originally proposed in Shepherd et  al. (2005). 
The method is based on the consideration that the logarithmic 
attenuation of a breast of total thickness T (which is measured 
by the compression plate and is stored in the DICOM data) is 
given by

 

M x,y t x,y t x,y

r x,y r x,y T
G G A A

G A

( ) ( ) ( )

[ ( ) ( ( ))]

= +
= +

µ µ
µ µ 1 −  (19.24)

where the second equality is given by Equation 19.23. Solving 
Equation 19.24 for r and substituting it into Equation 19.1 allows 
one to measure the glandular fraction. A clinically available 
implementation of the method was released by Hologic (Hartman 
et al. 2008; Hologic weblink), while a subsequent improvement, 
based on a new relative physics model is provided by Volpara 
Solutions (Highnam et al. 2010; VolparaSolutions weblink).

The glandular fraction can also be inferred through the enforce-
ment of the dual energy technique, resulting in dual energy X-ray 
absorptiometry (DXA) (Shepherd et al. 2002; Ducote and Molloi 
2008, 2010). In fact, the second exposure provides an additional 
constraint, which replaces the one imposed by the total thick-
ness. Moreover, since the final outcome is an integrated mea-
sure over the whole breast, the additional imparted dose can be 
very low. As a consequence, the additional requirements of such 
a technique are minimal. On the other hand, it has to be noted 
that dual energy-based techniques represent a natural approach 
to tissue characterization (Fredenberg et al. 2013), therefore pro-
viding a precise and trustworthy measure of the distribution of 
glandular tissue within the breast.

Finally, as was said before, the technical improvement pro-
posed in Lemacks et al. (2002) allows one to describe the bulk 
of the breast as a pixel-dependent composition of glandular 
and adipose tissues, which automatically provides an estimate 
for the glandular fraction. The main advantage of this “native” 
dual energy approach is that the glandular fraction is computed 
on a background version of the mammogram from which the 
highlighted features were already canceled out. Of course, such 
a method it is only applicable in those cases where a full dual 
energy, contrast-enhanced examination of the breast is being 
performed.
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20
Digital Breast Tomosynthesis

Greeshma Agasthya, Alejandro Rodriguez-Ruiz, and Ioannis Sechopoulos

20.1 Introduction

Research and development in mammography over decades has 
resulted in important improvements in this imaging modality. In 
addition, the introduction of digital detectors for mammography 
at the turn of the century allowed for further improvement in 
clinical performance (Pisano et  al. 2005), along with a reduc-
tion in radiation dose (Hendrick et al. 2010). However, the per-
formance of mammography is limited by one crucial aspect; it 
is a two-dimensional imaging modality used to image a three-
dimensional pseudo-random pattern of tissue structure, resulting 
in tissue superposition. This gives rise to the concept of ana-
tomical noise, which has a twofold negative consequence on the 
detection and diagnosis of breast pathologies. First, normal and 
abnormal features, such as a tumor, may superimpose on the 
projected image and make the pathology harder, or impossible, 
to visualize, resulting in loss of sensitivity. In addition, several 
normal features may project onto the same area, resulting in a 
2D pattern that resembles a tumor, resulting in loss of specific-
ity. Although the introduction of digital detectors to mammog-
raphy did not directly ameliorate this problem, it allowed for the 
introduction of advanced breast imaging modalities that could 

address the issue of tissue superposition. One such modality is 
digital breast tomosynthesis (DBT), which produces a pseudo-3D 
image of the breast, consisting of a number of slices parallel to 
the imaging plane, in which features at certain vertical locations 
are preferentially in focus, while features at other locations are 
blurred out, as can be seen in Figure 20.1. Although DBT does 
not result in real 3D images, the preferential depiction of features 
located in the focal plane while blurring of off-plane features is 
enough to decrease the impact of anatomic noise and, therefore, 
improve the depiction of breast cancer. In large patient trials, it 
has been shown that DBT, when used as a replacement of or in 
addition to digital mammography (DM), results in an increase in 
clinical performance (Ciatto et al. 2013; Houssami and Skaane 
2013; Skaane et al. 2013; Friedewald et al. 2014; Lång et al. 2016).

Digital breast tomosynthesis is both a powerful and challenging 
imaging modality: it provides some tomographic information of 
the anatomy being imaged at radiation doses similar to those in 
planar imaging, using, in essence, planar imaging systems with 
few modifications (see Section II, Chapter 29 of this book). In com-
parison, computed tomography uses completely different system 
designs and considerably higher doses. To accomplish this feat, 
a lot of research, development, and optimization was performed 
before tomosynthesis imaging could be introduced for clinical use.
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20.2 Tomosynthesis Imaging

Digital tomosynthesis is based on the concept of limited angle 
tomography. As in tomographic X-ray imaging, multiple pro-
jections of the organ (or object) of interest are acquired while 
the X-ray source (and potentially the detector) rotates around it. 
Acquiring information of the object from different points of view 
provides enough information so as to be able to reconstruct a 3D 
image of the object. Although for full reconstruction the acquired 
projections need to cover at least 180° plus the fan angle (see 
more details in Chapter 33), projection acquisition over a much 
more limited angle is enough to reconstruct the object partially. 
However, as can be seen in Figure 20.2, acquisition of projections 
over only a limited angular range results in a limited sampling 
of the frequency space, yielding large areas of this space where 

no information is obtained. These voids of information along the 
vertical axis result in very low spatial resolution of the images in 
that direction. As can also be seen in this figure, the x–y plane is 
fully sampled in the tomosynthesis acquisition geometry, so in-
plane resolution is, in theory, equivalent to that of planar imaging. 
Other conditions, such as pixel binning, X-ray incidence angle, 
and focal spot motion, can impact the in-plane resolution of actual 
tomosynthesis systems, as will be discussed later. To overcome, 
or ameliorate, the impact on image quality of the limited sam-
pling of the frequency space, a lot of work has been performed on 
tomosynthesis reconstruction algorithms, involving either addi-
tional filters for filtered back projection (FBP) or development 
of advanced iterative algorithms. A  discussion on tomosynthesis 
reconstruction algorithms is included in Section 20.4.

20.3 Breast Tomosynthesis Systems

20.3.1 Acquisition Geometry

Most DBT systems are based on modifications of digital mam-
mography systems. In theory, the only major modification needed 
to be made to a mammography system to obtain a DBT system 
is to introduce motion to the X-ray tube. Of course, many more 
modifications and improvements are needed for a real mammog-
raphy system to be able to acquire DBT images.

Figure 20.3 (left) shows a schematic of the most common 
mammography and DBT acquisition geometry, the full field 
system (see also Section II, Chapter 23 of this book). As can 
be seen, the basic concepts of mammography remain the same 
during DBT acquisition: an X-ray source above the compressed 
breast emits X-rays towards a digital detector positioned below 
the breast. For DBT, instead of just a single projection, multiple 
projections are acquired while the X-ray source moves along an 
arc. The center of rotation of the X-ray source varies in verti-
cal position depending on the system design. During the X-ray 
source motion, in some systems, the detector also rotates, while 
in others it remains static.

Figure 20.3 (right) shows an alternative to the full field digital 
mammography and DBT acquisition geometry, based on slot-
scanning acquisition. In these systems, the large area digital 
detector is replaced by a linear detector, typically consisting of a 
dozen or so detector lines, whose length is equivalent or similar 

FIGURE 20.1 Stack of digital breast tomosynthesis slices of a patient 
breast, showing the preferential focusing of in-plane objects.
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FIGURE 20.2 The limited angular sampling in digital tomosynthesis results in areas of the frequency space not being sampled at all, yielding low verti-
cal resolution in that direction.  (Image from Mertelmeier, T. 2014. Filtered backprojection-based methods for tomosynthesis image reconstruction. In 
Tomosynthesis Imaging, edited by I. Reiser and S. Glick. Copyright by Taylor & Francis Group, LLC.)
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to the short side of a full field detector. To acquire a digital mam-
mography image, the detector is scanned through an arc under 
the breast, while the X-ray source pivots on its axis. For mam-
mography, it is important for the X-ray source to not be displaced 
during acquisition, so as to keep the point of view constant dur-
ing the entire scan. For tomosynthesis acquisition the opposite is 
true, the point of view of the breast from the X-ray source needs 
to vary to acquire the tomographic information. Therefore, the 
X-ray source and the detector are scanned through an arc whose 
center is positioned below the breast. In an alternative implemen-
tation, the source and detector may be scanned linearly.

20.3.2 Detector

In addition to the acquisition geometry and tube motion changes 
mentioned above, the digital detector needs to be optimized for 
DBT imaging. The detector has to achieve a short readout time 
and minimal ghosting and lag to adapt to the consecutive acqui-
sition of projections in a short period of time. Moreover, since 
each DBT projection is acquired at a considerably lower dose 
than in DM, the detector also has to achieve a minimal loss of 
detective quantum efficiency at low exposure conditions.

Pixel binning in DBT, an option employed by at least one 
manufacturer, leads to a faster detector readout time and higher 
signal-to-noise ratio, at the expense of a loss of resolution in the 
binning direction (Marshall and Bosmans 2012; Rodriguez-
Ruiz et al. 2016a,b). However, the impact of this loss of resolu-
tion might be limited, due to already present loss of resolution 
from the focal spot motion in continuous motion systems (Figure 
20.4). Of course, pixel binning also decreases the relative impact 
of electronic noise, a factor which is especially important in 
DBT, given the low exposure levels available for each projection 
acquisition. The possibility to skip the erase cycle between pro-
jection acquisitions in the readout sequence (Cheung et al. 2005) 
also allows for shorter total DBT scan time.

20.3.3 Scatter Radiation

Scatter radiation contributes to diminishing the contrast and sig-
nal-to-noise ratio of X-ray images. In addition, it also contributes 
to voxel value inaccuracies in the DBT reconstruction slices (Wu 
et  al. 2009). In mammography, scatter radiation is reduced by 
using grids, interposed between the X-ray tube and the detec-
tor, below the breast, which aim to absorb scatter radiation 
while allowing primary non-scattered radiation to go through. 
However, anti-scatter grids are not perfect, they transmit only 
approximately 80% of the primary radiation, and let 20% of 
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FIGURE 20.3 Schematic of the (left) traditional full field DBT system geometry and (right) the slot scan-based mammography and DBT system geom-
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scatter radiation reach the detector (Boone et al. 2002; Shen et al. 
2006). Therefore, to achieve the same signal at the detector when 
no grid is used, an increase in dose is needed. As a consequence, 
scatter-reduction software methods for digital mammography 
have been investigated (Ducote and Molloi 2010; Chen et  al. 
2013; Carton et al. 2014). More recently one manufacturer has 
implemented a software-based scatter-reduction method which 
yields equal image quality at a significantly lower dose, in com-
parison to using a grid (Fieselmann et al. 2013;, Binst et al. 2015; 
Bemelmans et al. 2016; Van Peteghem et al. 2016).

In any case, many manufacturers still use anti-scatter grids 
for digital mammography, since the penalty in dose is still 
bearable and the quantum noise from scattered X-rays is chal-
lenging to remove post-acquisition. However, in DBT, the use 
of a grid presents two challenges. First, the low exposure pro-
jections in DBT (each projection uses the total imaging dose 
divided by N, where N is the number of acquired projections 
[see Chapter 23]) would see their exposure further diminished, 
which might compromise image quality or require an increase 
in patient dose. Second, the incidence direction of the X-rays 
onto the static detector varies among projections, so a cellu-
lar grid would considerably absorb primary radiation at non-
perpendicular incidence directions. A partial solution for this 
is to use linear grids only in the direction of the X-ray tube 
movement, which has been implemented by one manufacturer 
(Vedantham et al. 2015).

To overcome these two challenges, at this moment scatter-
reduction software methods seem a feasible option for DBT. 
Research is being carried out to develop software-based meth-
ods to reduce the degrading effect of scatter radiation, aiming 
to recover the image contrast of DBT. Several authors have 
modeled the scatter signal for DBT projections, using different 
methods, which are later subtracted (Liu et al. 2006; Feng and 
Sechopoulos 2011; Ren et al. 2012; Diaz et al. 2014; Feng et al. 
2014; Michielsen et  al. 2014; Kim et  al. 2015). Since the scat-
ter signal is known to be of low frequency and not dependent 
on breast tissue composition (Sechopoulos et  al. 2007), down 
sampling and simplification of DBT projections can be made to 
speed up scatter simulation time without losing accuracy.

20.3.4 Compression Force

In both DM and DBT, the breast being imaged is pulled and 
compressed between the imaging system’s compression paddle 
and support paddle. There are many advantages when using 
breast compression, among them immobilization of the breast 
tissue, reducing motion artifacts, and compression and spread-
ing of breast tissue, reducing tissue superposition and thickness 
of the breast in the path of the X rays. Reducing the thickness 
of the breast decreases scatter and radiation dose. Despite these 
advantages it has been repeatedly shown that breast compres-
sion is painful to the women undergoing breast imaging, and in 
some cases discourages them from participating in breast cancer 
screening (Andrews 2001; Whelehan et al. 2013). Hence, there is 
a continuous effort towards reducing breast compression during 
DBT without affecting image quality and radiation dose. Also, 
presently, the compression force applied for breast imaging is 
neither standardized nor objectively selected across patients and 
imaging systems.

Inherently, due to its, albeit limited, vertical resolution, DBT 
reduces the effect of tissue superposition in the images. Hence, 
some recent studies have shown that controlled reduction in 
breast compression force during DBT can be implemented with 
no significant change in dose and image quality (Saunders et al. 
2009; Agasthya et al. 2015). Other studies have also suggested the 
use of pressure applied over the surface area of contact between 
the breast and compression paddle as a metric that can be used to 
standardize and reduce breast compression (Dustler et al. 2012; 
de Groot et al. 2013). Further studies are required to standardize 
this reduction in breast compression, and objective metrics have 
to be developed to enable the same for DBT.

20.3.5 Projection Acquisition Strategies

20.3.5.1 Tube and Detector Movement

As discussed above, acquisition of the DBT projections can be 
performed with full field or with scanning slot systems. In the 
case of full field systems, the DBT projections are acquired in 
discrete steps, when the X-ray source, and possibly the detector, 
are positioned at specific angles along the scanning motion. In 
between these discrete acquisitions the X-ray source is turned 
off and rotated to the next angular position, while the collected 
charge is read off the digital detector and the detector is prepared 
for the next exposure. A design decision (sometimes constrained 
by the technology used and the detector readout requirements 
discussed above) has to be made regarding this stage: does the 
X-ray source stop completely during exposures (step-and-shoot) 
or does it continue its motion at constant speed (continuous 
motion)?

As is discussed in Chapter 23, some commercial systems use 
the continuous motion approach, while at least one manufac-
turer has implemented the step-and-shoot solution. Continuous 
motion acquisition results in an elongated effective focal spot 
in the direction of tube motion, introducing a loss of resolution 
(Zhao et al. 2007; Marshall and Bosmans 2012). This is not seen 
in step-and-shoot systems (Maldera et al. 2016; Rodríguez-Ruiz 
et al. 2016a,b). To minimize this effect, DBT system design has 
been optimized to maximize the flux output by the X-ray source, 
to minimize the exposure time per projection, and, therefore, 
limit this loss of resolution. Parameters that can help in this man-
ner include the selection of soft added filtration that minimizes 
the decrease in X-ray tube output, and the increase in tube cur-
rent during DBT acquisition compared to that of mammographic 
acquisition. As mentioned above, blurring due to focal spot 
motion also allows for pixel binning to increase signal-to-noise 
ratio with a limited additional loss of resolution (Marshall and 
Bosmans 2012; Rodriguez-Ruiz et al. 2016a,b).

Continuous motion DBT is easier to implement mechanically, 
since during step-and-shoot the X-ray tube needs to be stopped 
repeatedly with minimal vibration in a very short period of time. 
This combination of effects has resulted in some commercial 
systems being implemented with step-and-shoot motion, while 
other manufacturers have selected continuous motion as their 
acquisition movement implementation of choice.

DBT systems based on fixed carbon nanotube sources (see 
Chapter 4) have been developed and tested (Qian et  al. 2009, 
2012; Sprenger et  al. 2011; Yang et  al. 2011). These have the 
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benefit of not having to introduce motion of the X-ray source, so 
the above design considerations and negative effects on image 
quality can be avoided. In addition, in theory, acquisition of the 
entire DBT projection sequence can be accelerated due to the 
absence of time required to move the X-ray source between pro-
jection acquisitions. However, in practice this time saving has 
not yet been realized due to the limited readout rate of the digital 
detector, which imposes a minimum time between projections, 
regardless of X-ray source type or motion. However, if or when 
faster mammographic digital detectors are available, then the use 
of carbon nanotube-based X-ray sources may provide a powerful 
solution to decrease the acquisition time, while avoiding any loss 
of spatial resolution due to source motion.

Acquisition of DBT images with a scanning slot system 
requires the X-ray source to be constantly in motion and on dur-
ing the entire length of the scan. Although the X-ray source is 
continuously on, only a collimated limited width of detectors 
are exposed to the source at any given time. This paired move-
ment between the source and parts of the detector eliminates the 
effects of focal spot enlargement due to source motion. However, 
the extended source exposure times may strain the capabilities 
of the system in terms of power output, resulting in the need to 
decrease the total fluence used for image acquisition.

20.3.5.2 Angular Range and Number of Projections

Two very important parameters that are somewhat unique to 
tomosynthesis system design but that have great impact on final 
image quality are the number of projections acquired and the 
angular range used to acquire these. This is partially a new 
design consideration, since in mammography these parameters 
are not applicable and in Computed Tomography (CT) the angu-
lar coverage is usually 360°, except for special cases, for example 
dual source CT, in which 180° plus the fan angle is used (see 
Chapters 32 and 40). As a result of this novelty and the impor-
tance of these parameters, a lot of research has been performed 
to optimize the values for these two parameters.

In general, the angular range of DBT systems varies between 11 
and 46 degrees, while the number of projections ranges between 
9 and 25 (Sechopoulos 2013a). A larger angular range implies 
better (in-depth) z-resolution of the breast image (Figure 20.5). 
This may imply a better representation of the anatomy in the 
z-direction (reduction in anatomical noise); however, the direct 
effect on system clinical performance is unknown. In fact, since 
the z-sampling is limited, the reconstruction algorithm has been 
found to also play an important role on the z-resolution, espe-
cially for small features (Rodriguez-Ruiz et  al. 2016a,b). The 
undersampling in the z-direction is also one of the reasons why 
most manufacturers choose to display the pseudo-3D volume of 
the breast in slices 1 mm apart, parallel to the detector. Larger 
angular range also has the advantage of decreasing the intensity 
of out-of-plane artifacts (Hu et al. 2008).

On the other hand, if the DBT collimation of the X-ray beam 
is static, larger angular range leads to more truncation artifacts 
at the extreme angular DBT projections due to insufficient cov-
erage of the breast (Lu et al. 2013). Moreover, the resolution is 
lower (considering a static detector) in the extreme angular DBT 
projections, due to the oblique incidence of the X-rays onto the 
detector (Zhao and Zhao 2008a). These oblique incidence angles 

from large angular range systems also have lower in-plane or xy-
resolution. This loss of xy-resolution also influences the thick-
ness of the X-ray sensitive layer of the detector.

The optimal number of projections is related to the angular 
range and the dose delivered by the system. For this latter aspect, 
it must be noted that the detector has a minimal dose needed to 
reduce the influence of electronic (or readout) noise, thus more 
projections could intrinsically lead to more dose delivered by 
the system. On the other hand, a certain angular range needs a 
minimum of projections to avoid artifacts due to poor interpola-
tion of the sampled k-space in the reconstruction, beyond which 
there is no benefit in vertical resolution (Figure 20.6) (Chawla 
et al. 2009; Sechopoulos and Ghetti 2009; Reiser and Nishikawa 
2010). Nevertheless, it has been proven that increasing the num-
ber of projections enhances vertical resolution up to a point, after 
which image quality decreases. The reason is that each projection 
has electronic noise associated with it, so additional projections 
means additional total electronic noise (the dose cannot be sim-
ply increased to ameliorate this problem, because it is limited by 
international standards for quality assurance of X-ray systems).

20.3.5.3  Exposure Level and Distribution: 
Automatic Exposure Control

The exposure technique for breast tomosynthesis differs from 
that for mammography. The tube voltage and the total exposure 
in DBT have to account for the fact that, in DBT, as described 
above, there is an inherent reduction in anatomical noise, and 
there is a minimum exposure per projection needed to limit the 
impact of readout noise. Many researchers focused on optimiz-
ing the exposure technique in DBT, pointing out that higher tube 
voltages than those in DM are more beneficial for the image 
quality of DBT (Ren et al. 2005; Zhao et al. 2005). As a conse-
quence, most DBT systems adopt higher tube voltages and also 
lower filtration in the X-ray tube (Feng and Sechopoulos 2012). 
Some systems also use different tube anode/filter combinations 
in DBT than in DM, to create an optimal X-ray spectrum for 
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FIGURE 20.5 Improvement in vertical resolution, estimated by the arti-
fact spread function (ASF), with angular range for a given number of projec-
tions in the tomosynthesis acquisition. In this case the simulated protocol 
involved 13 projections. (Reprinted with permission from Sechopoulos, I. 
and C. Ghetti. 2009. Medical Physics 36:1199–207. Copyright by American 
Association of Physicists in Medicine.)
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DBT (Sechopoulos 2013a). In general, it has been found that DBT 
systems deliver a greater dose during a DBT acquisition than 
during a DM acquisition, except for one system, which delivers 
exactly the same dose per view in both modes (Svahn et al. 2015; 
Maldera et al. 2016). A detailed discussion about radiation dose 
in breast tomosynthesis can be found in Chapter 29.

Most DBT systems employ a uniform distribution of the total 
current—exposure time product and the projections are evenly 
spaced over the angular range, which better represents the tra-
ditional concept of digital tomosynthesis. Nevertheless, at least 
one system employs a non-uniform distribution of the radiation 
exposure, where more dose is delivered in the central projection 
so this can be used as a standard DM image (Vecchio et al. 2011). 
Some studies about different distributions of the total exposure 
during a DBT scan have reported increases in image quality 
when using non-uniform exposure distributions (Nishikawa et al. 
2007; Hu and Zhao 2011).

In clinical routine, the exposure parameters of DM and DBT 
acquisitions are automatically set via the automatic exposure 
control (AEC). The AEC is designed to acquire images of clini-
cally and diagnostically acceptable quality at a reasonable dose 
level, and also to have a high level of reproducibility. The AEC 
determines the optimal parameters following pre-defined tables, 
depending on certain characteristics of each breast. These tables 

aim to select appropriate parameters to reach the desired image 
quality, defined with a quantitative metric such as signal-to-noise 
ratio. Some DBT systems determine the tube voltage, and, if appro-
priate, the anode/filter combination of the X-ray tube based on the 
compressed breast thickness, which can be directly read from the 
compression sub-system. Others select tube voltage based on a 
low dose pre-exposure acquisition, from which breast attenuation 
properties can be computed. All the DBT systems select the cur-
rent exposure time product based on a pre-exposure image.

20.4 Reconstruction

As mentioned above, the acquired DBT projections during a 
breast exam are reconstructed to generate slices, in general 1 mm 
apart. Our understanding of image reconstruction for projection 
based imaging comes from CT scans (see Section III, Chapters 
33 and 34 of this book). A lot of the algorithms developed for 
DBT reconstruction have been modified from CT reconstruc-
tion algorithms for undersampled data, as DBT is inherently an 
incomplete sampling technique both in spatial and frequency 
domains (Zhao and Zhao 2008b). In this section, we discuss 
examples of specialized DBT reconstruction algorithms.

The DBT slices can be reconstructed using these specialized 
tomosynthesis reconstruction algorithms. In general, reconstruc-
tion algorithms are broadly classified into (i) analytical algo-
rithms and (ii) iterative algorithms.

One of the most commonly used analytical reconstruction 
algorithm for DBT is filtered back projection (FBP). Compared 
to other algorithms, FBP is fast, it has been shown to increase 
the conspicuity of in-plane objects and reduce or remove out-
of-plane artifacts (Mertelmeier et  al. 2006). Apart from the 
traditional FBP reconstruction algorithm, Zhou et  al. (2015) 
studied α-trimmed BP for breast tomosynthesis reconstruction, 
and found that using an α tuned back projection step with FBP 
reduces noise and out-of-plane artifact, improves the conspicuity 
of in-plane objects, and contributes to shape preservation of near-
boundary objects.

Apart from FBP, certain DBT systems use iterative recon-
struction, as mentioned in Chapter 23. In one method, a fre-
quency domain filter was estimated iteratively to be used with 
FBP. This filter was tuned weakly based on the projection 
angles, and resulted in images with contrast and texture simi-
lar to mammographic images (Ludwig et al. 2008). Maximum 
Likelihood Expectation Maximization (MLEM) is a com-
monly used iterative reconstruction algorithm for incomplete, 
Poisson distributed data; both of these conditions are true for 
DBT projections. Studies have shown that, despite the com-
putational complexity of MLEM, modifications and optimiza-
tions such as changing number of iterations, using computer 
clusters, graphics processing units (GPUs), or even optimizing 
and reordering the sequence in which the projection data is 
used during reconstruction can significantly improve compu-
tation time and the resulting image quality (Wu et  al. 2003, 
2004; Goddard et al. 2006; Schaa et al. 2011).

Similarly, there are other innovative iterative and mixed recon-
struction algorithms that have been developed for DBT recon-
struction. These algorithms have been summarized in a review 
of breast tomosynthesis (Sechopoulos 2013b).
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FIGURE 20.6 Variation in vertical resolution, estimated by the artifact 
spread function (ASF), with number of projections for a tomosynthesis 
acquisition with an angular range of (a) 60° and (b) 32°. It can be seen 
that vertical resolution improves with increasing number of projections 
up to a certain threshold number of projections. Beyond this minimum 
number of projections, no further improvement is obtained. (Reprinted 
with permission from Sechopoulos, I. and C. Ghetti. 2009. Medical 
Physics 36:1199–207. Copyright by American Association of Physicists 
in Medicine.)
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20.4.1 Image Artifacts and Artifact Reduction

DBT, as mentioned above, is inherently an incomplete sampling 
technique, and this results in unique image artifacts. The most 
commonly encountered image artifacts in DBT reconstructed 
images are:

• Artifacts of small, high contrast objects such as large 
calcifications and localization clips present out-of-
plane. This artifact, shown in Figure 20.7, is a result 
of DBT acquisition geometry that dictates the spatial 
resolution in the dimension perpendicular to the detec-
tor plane. Out-of-plane structures are present in every 
reconstructed plane; however, the low contrast objects 
are blurred from the overlap of other low amplitude 
structures from other planes and remain inconspicu-
ous. However, high contrast structures are not blurred 
and stand out in the reconstructed images in every 
plane. Although the presence of these artifacts does 
not necessarily hinder diagnosis, it can be disruptive 
in cases where the artifact from an out-of-plane clip or 
localization needle hides an in-plane microcalcifica-
tion. This artifact can also lead to high false positive 
rates. Depending on the nature of the artifact, size, and 
distance of the artifact from the actual object, differ-
ent methods of reduction have been proposed. One such 
technique estimates the artifact from the shift variant 
impulse response of the system and subtracts it from 
the reconstructed slices (Ge et al. 2008).

• Breast boundary artifact: Due to the limited angle sam-
pling of the breast in the field of view (FOV) in DBT, 
the reconstructed DBT images have abrupt changes in 
pixel values at the boundary of the breast and air. This 
effect is called the breast boundary artifact. This arti-
fact can be distracting to radiologists and increase false 
positives in computer-aided detection (CAD) programs. 
There are several methods to correct this artifact. The 
general principle is to detect the breast boundaries from 
the acquired 2D projections and use these to estimate 

the 3D boundaries expected in the reconstruction. This 
estimated 3D boundary can be used in the reconstruc-
tion algorithm to restrict the pixel value updates to 
within the breast volume, hence getting rid of the breast 
boundary artifact while increasing the computational 
efficiency of the reconstruction algorithm (Zhang et al. 
2007). Another innovative method to estimate the 3D 
boundary of the breast volume is to use optical surface 
cameras (Agasthya and Sechopoulos 2015).

• Truncation artifact: In DBT, the extreme projections 
typically, especially in the mediolateral oblique (MLO) 
view, do not include the entire breast in the FOV 
(Figure 20.8 [top]). This leads to the bright area seen 
in Figure 20.8 (middle). In addition, tissue within the 
reconstructed FOV might not be included in the pro-
jection from all angles (Figure 20.8 [top]). This arti-
fact leads to discontinuities in the voxel values in the 

Z = 24 mm

FIGURE 20.7 Example of artifacts in DBT images caused by highly atten-
uating objects. (Reprinted with permission from Wu et al. 2006. Medical 
Physics 33:2461–71. Copyright by American Association of Physicists in 
Medicine.)
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FIGURE 20.8 (Top) DBT acquisition diagram showing portions of breast 
tissue that may introduce artifacts. (Middle, left) Artifact due to tissue out-
side the reconstruction field of view attenuating part of the beam at some 
angles. (Bottom, left) Artifact due to some of the tissue within the recon-
struction field of view being outside the beam for some projection angles. 
The images on the right show the corrected versions of the images on the 
left, as corrected by Lu et al. (2012).  (Images from Lu, Y., et al. 2012. IWDM 
2012, LNCS 7361:745–52. Copyright Springer-Verlag, Berlin.)
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reconstructed images, appearing as artificial horizontal 
edges in the images (Figure 20.8, bottom). These arti-
facts can affect the visibility of regions of interest close 
to the detector or breast boundaries and, hence, reduce 
the diagnostic quality of DBT. However, image pro-
cessing can be used to correct these artifacts (Figure 
20.8: middle, bottom) (Lu et al. 2012, 2013).

Apart from the artifact reduction techniques mentioned above, 
there are several reconstruction algorithms being studied to 
achieve different image quality, based on the features of inter-
est in the reconstructed images. With increasing computational 
capabilities, it is possible to view the DBT images reconstructed 
using multiple different algorithms. An example of one such 
method is synthetic mammograms. This will be discussed in 
more detail in Section 20.5.

20.5 Image Presentation

Digital breast tomosynthesis can be implemented in the clinic as 
an adjacent or a replacement technique to digital mammography. 
However, due to the lack of reference and the technical diver-
sity among systems, different implementation protocols have 
been proposed. The most standardized option is to combine two-
view DBT (cranio-caudal, CC, and medio-lateral oblique, MLO) 
with the standard two-view DM protocol. This is the protocol 
employed in two large European prospective screening trials 
with DBT (Ciatto et al. 2013; Skaane et al. 2013) and many retro-
spective studies in the US (Haas et al. 2013; Rafferty et al. 2013; 
Rose et al. 2013; Friedewald et al. 2014; Greenberg et al. 2014; 
Durand et al. 2015; Lourenco et al. 2015; McDonald et al. 2015). 
However, adding two-view DBT on top of two-view DM raises 
a concern about patient radiation dose which is, at least, doubled 
(Gur et al. 2009; Michell et al. 2012; Rafferty et al. 2013; Skaane 
et al. 2014). In addition, if DBT is to be considered for popula-
tion-based breast cancer screening programs (Skaane 2017), the 
increment in reading time per case would also be a matter of con-
cern (Zuley et al. 2010; Bernardi et al. 2012; Dang et al. 2014). 
As a consequence, alternative protocols such as combining one-
view DBT (usually MLO) with one-view DM (usually CC) have 
been explored (Svahn et  al. 2010; Gennaro et  al. 2013; Kang 
et al. 2016). In all cases, the clinical performance of including 
DBT as an adjacent to DM is at least as good as performing only 
the standard two-view DM protocol. In particular, the two large 
population-based prospective trials found a significant increase 
in breast cancer detection rate when adding DBT.

Going beyond using DBT as an adjunct to DM, there is also 
the possibility of fully replacing two-view DM with two-view 
DBT. There appears to be opposing results in studies of perfor-
mance of DBT in detecting clusters of microcalcifications, which 
might be an early sign of breast cancer. Some authors found 
that DBT alone performs worse than DM (Spangler et al. 2011; 
Tagliafico and Houssami 2015). Others have shown that two-
view DBT alone performs equal or better than DM (Teertstra 
et al. 2010; Skaane et al. 2012; Wallis et al. 2012), even for detec-
tion of microcalcifications (Kopans et  al. 2011; Berger et  al. 
2016; Clauser et al. 2016). The feasibility to use one-view DBT 
(MLO) as a standalone modality for breast cancer detection has 

also been investigated, via retrospective reader studies (Gennaro 
et  al. 2010; Svahn et  al. 2010, 2012; Svane et  al. 2011; Wallis 
et al. 2012) and, more recently, in a population-based breast can-
cer screening trial (Lång et al. 2016). Results from the retrospec-
tive studies show similar accuracy between one-view DBT and 
two-view DM, while Lång et al. (2016) showed a significant and 
substantial increase in breast cancer detection with one-view 
DBT in comparison with two-view DM.

Using DBT alone as a replacement of DM might not consider-
ably increase the radiation dose received by the patient (a factor 
between 0.68 and 1.17 [Svahn et al. 2015]). However, the time spent 
by the radiologist to interpret each case could significantly increase, 
as discussed above. An approach to reduce reading time in DBT is 
to combine the original slices of the system reconstruction (usually 
1 mm thickness) into slabs (2–20 mm). Several studies show that 
reading time of a DBT screening exam can be decreased by 20%, 
while showing equivalent clinical performance (Dustler et al. 2013; 
Petersson et al. 2016). Moreover, this slabbing is also found to be 
associated with better microcalcification visualization (Spangler 
et al. 2011). Regarding patient dose, novel approaches to the acqui-
sition of projections or new de-noising reconstruction algorithms 
could ameliorate dose level without losing image quality.

Recently, with the rise of synthetic mammograms (SM), there 
has been a breakthrough in the way DBT images are presented. 
SM are 2D mammography-like images, generated from the recon-
structed slices of DBT. SM have the potential to fully replace DM 
views without losing clinical performance, hence reducing the 
radiation dose to the patient (Skaane et al. 2014; Zuley et al. 2014; 
Gilbert et al. 2015; Bernardi et al. 2016; Choi et al. 2016; Kang 
et al. 2016; Zuckerman et al. 2016). A protocol consisting of two-
view DBT + SM currently seems like the most preferred image 
presentation option and has been tested in several population-
based screening trials (Skaane et al. 2014; Bernardi et al. 2016; 
Zuckerman et  al. 2016). With respect to two-view DBT alone, 
DBT + SM allows comparison with previous DM mammograms, 
and it might save radiologists’ reading time by using the SM as a 
discriminating image for normal cases (Holt et al. 2015).

Synthetic mammograms are continuously evolving, and up 
to this date only one vendor has a fully commercially available 
and FDA-approved SM (C-View by Hologic Inc, Bedford, MA). 
Therefore, more research on this topic could be expected in the 
coming years. The inclusion of computer-aided detection (CAD) 
methods in the generation of SM (van Schie et al. 2013a; Homann 
et al. 2015; Fotin et al. 2016b) might allow for further reduction 
in reading time of DBT exams. The possibility that CAD detects 
suspicious findings in DBT slices, and then enhances them on 
the SM, is a topic of much research. This would allow the radi-
ologists to use SM as a first diagnostic image (similar to what 
most of them are used to, diagnosing on 2D digital mammogra-
phy), and then with one simple click they could automatically go 
to the spatial position within the DBT volume where their sus-
pected lesion is located. Of course, this requires that CAD have 
a similar performance to human observers, so some work is still 
needed to achieve this possibility.

Computer-aided detection systems for breast tomosynthesis 
images are under continuous development. Even if lesions are 
depicted similarly on DM and DBT, DBT data are reconstructed 
images from several low dose X-ray projections (hence, noisier 
than DM), and the translation of DM-CAD systems to DBT is 
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not straightforward (van Schie et al. 2013b; Samala et al. 2014; 
Morra et  al. 2015; Jeong et  al. 2016). Also, the field of image 
analysis has dramatically improved since the appearance of 
a new machine-learning technique, deep learning, which has 
also been recently applied to breast tomosynthesis (Fotin et al. 
2016a; Kim et al. 2016; Samala et al. 2016; Yin et al. 2016). In 
general, current CAD-DBT systems have a sensitivity between 
80% and 91% at 1–4 false positives per volume for detection of 
microcalcifications clusters. For detection of soft tissue lesions, 
the performance ranges at a sensitivity between 79% and 89% at 
two-to-three false positives per volume. These results still have 
space for improvement. The continuously growing DBT datasets 
to train the CAD systems, the access to better computer hard-
ware, and the fast evolution of deep learning techniques sug-
gest nothing but that CAD-DBT systems will end up playing an 
important role in the DBT reading workflow.

As a final note, the comparison of DM versus DBT could 
be highly influenced in some cases by the radiologists’ experi-
ence levels between modalities, and, thus, more research over 
time is needed. Moreover, the differences among DBT systems 
(explained in Chapter 23) could also play a role, since they might 
affect, for example, the detection of small features and the reduc-
tion of anatomical noise on the in-depth direction of the breast. 
As a consequence, the presentation technique for breast tomo-
synthesis is an active area of research.

20.6 Advanced Techniques

20.6.1 Contrast-Enhanced Breast Tomosynthesis

Contrast-enhanced (CE) imaging is typically used to improved 
malignant lesion detectability. As with most CE imaging, in CE 
breast tomosynthesis, the contrast is used to visualize the vascu-
lar structure of the breast. Development of an independent vascu-
lature is a marker of cancer development, and the contrast agent 
can highlight these developments. The increased prevalence of 
DBT systems, their high quantum efficiency, superior in-plane 
resolution, and low noise detection systems, in addition to short 
acquisition times present CE-DBT as an excellent alternative to 
dynamic contrast-enhanced magnetic resonance imaging (DCE-
MRI). However, to obtain a kinetic model of contrast uptake, 
typically, DCE-MRI images are acquired at multiple time points. 
A similar protocol with CE-DBT will have an upper limit on the 
number of time points that can be acquired so as to keep the radi-
ation dose to the patient within acceptable limits. Current studies 
are investigating the temporal resolution required to generate the 
kinetic models using CE-DBT.

CE-DBT can be performed using temporal subtraction. In this 
method, DBT projections are acquired pre- and post-contrast 
injection, the projections are reconstructed, registered, and sub-
tracted to extract information about location and concentration of 
iodine contrast uptake. For CE-DBT the system parameters have 
to be optimized to accommodate the higher fluence of X-rays 
required above iodine K-edge (33.2 keV). In one preliminary 
study, the authors used a tube voltage of 49 kVp, with an added 
filter of 0.27 mm thick copper, resulting in a first half-value layer 
of 3.06 mm of Al. The authors found that errors in iodine con-
centration quantification were introduced by underestimation of 

scatter through varying breast thicknesses, detector instability, 
and patient motion between acquisitions (Carton et al. 2006).

To eliminate the error due to patient motion between acquisi-
tions, a new technique with two post-contrast dual energy acqui-
sitions was proposed. In one acquisition the spectra has almost 
all energies below the iodine K-edge level, and the second acqui-
sition uses a spectrum with almost all energy levels above the 
iodine K-edge. These acquisitions are reconstructed and sub-
tracted, instead of temporal subtraction.

A recent clinical study of 185 patients compared the diagnostic 
accuracy of CE-DM and CE-DBT to DCE-MRI. Each patient 
underwent target breast MLO-view pre-contrast DM and DBT, 
followed by target breast MLO-view post-contrast DM and DBT 
at 2 minutes, target breast CC-view post-contrast DM and DBT 
at 4 minutes, and, finally, non-target breast MLO-view DM and 
DBT at 6 minutes. The same patient underwent DCE-MRI with 
a dedicated breast coil. Post-contrast images were obtained 
every minute for 7 minutes. The MRI and CE-DM/DBT stud-
ies occurred within 2 weeks of each other. Three radiologists 
read all images and provided a forced BI-RADS (breast imag-
ing reporting and data system) score. The analysis of this data 
showed no significant differences between CE-DM, CE-DBT, 
and DCE-MRI. All three CE modalities were superior in AUC 
(area under the curve) and sensitivity compared to DM and DBT. 
This study concluded that a CE-DM image with or without 
CE-DBT is equal in diagnostic performance to DCE-MRI (Chou 
et al. 2015).

A recent three patient study of dual energy CE-DBT inves-
tigated the dependence of lesion conspicuity on imaging chain 
design. The high energy (HE) and low energy (LE) images were 
subtracted both in the projection space and reconstructed space. 
The images were reconstructed using both simultaneous alge-
braic reconstruction technique (SART) and FBP and, finally, 
each reconstructed image underwent analysis with and without 
scatter correction. The signal difference to noise ratio (SDNR) 
was calculated for each of these six conditions. Subtraction in 
both projection and reconstruction domain produced equiva-
lent iodine SDNR. In this preliminary study, SART outper-
formed FBP under all conditions. Scatter correcting projections 
improved SDNR for SART reconstructions. A strong correlation 
was found between iodine concentration and SDNR for both 
projection domain and reconstruction domain images with FBP. 
Hence, accurate relative iodine quantification may be achievable 
with dual energy CE-DBT (Scaduto et al. 2016).

20.6.2 Other Advanced Techniques

In addition to contrast-enhanced DBT, the combination of sev-
eral modalities with DBT is being investigated, such as: DBT 
with electrical impedance tomography; with ultrasound, which 
has been investigated with a prototype dual system enabling 
inherent 3D registration; DBT with single photon emission com-
puted tomography (SPECT), showing an increase in DBT speci-
ficity; and, finally, using DBT with diffuse optical tomography, 
which could help characterize lesions with DBT.

Other uses in addition to diagnostic applications for DBT can 
be image-guided radiation therapy for patient positioning pre-
irradiation. As such, a DBT system is being investigated as a fea-
sible addition to radiotherapy systems, where radiography can 
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provide only 2D information, while cone beam CT suffers from 
gantry rotation issues and longer acquisition times.

Ultimately, DBT in its present form is proving to be highly 
beneficial for breast cancer screening programs, while ongoing 
investigations are showing how versatile it can become both in 
diagnostics and treatment.
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21
Fluoroscopy: Physics and Technology

Annalisa Trianni

21.1 Introduction to Fluoroscopy

Fluoroscopy is a radiological examination that aims to provide 
visualization of dynamic processes as they occur. Fluoroscopy-
guided procedures have become an important part of radio-
logical practice since the beginning of the twentieth century. 
Fluoroscopy procedures use ionizing radiation for guidance as 
small instruments, such as catheters, guidewires, balloons, and 
stents, are manipulated through blood vessels or other pathways 
in the body. At first most of the procedures were diagnostic and 

had the scope only to identify clinical problems. Technologic 
advances over the past several decades led to a great increase in 
number and complexity of interventional procedures. As com-
pared to open surgical procedures, interventional fluoroscopy 
procedures require a very small incision and permit shorter 
recovery times. They often have lower complication rates as well. 
As a result, these less invasive procedures have become very 
common, and are replacing open surgical procedures.

These procedures are used to treat a wide variety of diseases 
and disorders in virtually every organ system in the body. More 
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complex interventional fluoroscopy procedures are continually 
being introduced, such as endografts for the treatment of abdom-
inal aortic aneurysms, vertebroplasty, kyphoplasty, and uterine 
fibroid embolization.

Modern fluoroscopes are used to determine a diagnosis from 
live display of patient anatomy, to position the patient for the 
recording of images and/or as a guidance for interventional 
procedure, depending on the clinical application. Such systems 
range from over- and under-table fluoroscopy systems to C-arm 
X-ray systems for surgery and angiography systems equipped 
for the diagnosis of vessel pathologies and minimally invasive 
treatment.

Fluoroscopy systems produce projection X-ray images (as 
in radiography). Therefore, fluoroscopy and radiography share 
some of the same imaging chain components, but differences 
exist. Fluoroscopy allows real-time X-ray viewing of the patient 
with high temporal resolution. Thus, it is necessary to update 
the image at rapid rates: typically 30 times/sec but, occasion-
ally, up to 60 times/sec. In order to avoid radiation injury to the 
patient, low exposure rates are required. As a result, there is a 
significantly lower number of photons available to produce the 
fluoroscopic image compared with radiography. Therefore, the 
fluoroscopic image receptor must have specific characteristics to 
provide a visible image.

Image receptor technology has undergone impressive tech-
nological advancements in recent years. Before the late 1950s, 
fluoroscopy was performed in a darkened room with the radi-
ologist viewing the light scintillations from a thick fluorescent 
screen (Patterson screen). This methodology is no longer per-
mitted by international legislation and nowadays fluoroscopy 
systems are based on two different image receptor technolo-
gies: Image intensifier (II) and flat-panel detector (FPD). The 
image intensifier system coupled to digital video systems was 
developed first and it has been utilized for radiology imaging 
since the 1960s. Solid-state FPDs were introduced in dynamic 
imaging in 2001. They were originally designed for use in 
standard projection radiography. Solid-state digital radiogra-
phy detectors provide on-line access to the electronic signal 
data, so the radiographic images are available to view in a 
matter of seconds after the exposure. Significantly, research-
ers found that with suitable technical optimization these solid-
state detectors can be used equally well to record and read-out 
images at rates high enough to support fluoroscopy. FPD tech-
nology has led to larger rectangular field-of-view (FOV) sys-
tems with high spatial resolution and improved image quality, 
and has already replaced II detectors on high-dose interven-
tional equipment.

The increase in number and complexity of interventional 
procedures led to a major concern for the growing radiation 
exposure of both patients and health personnel employed in 
interventional rooms. Those procedures in fact are often tech-
nically difficult and may require long fluoroscopy time and 
a large number of acquired images. Consequently, the doses 
received by both the patient and the personnel involved may 
be very high. This has raised highlighted dose-reduction tools 
and improvements in fluoroscopic systems have led to lower 
dose operation. Moreover, dose-monitoring technology has 
become a fundamental component of all interventional fluo-
roscopy systems.

21.2 Application Specific Design

Fluoroscopy has become important in several different clinical 
fields and today larger hospitals have several fluoroscopic suites 
dedicated to specific applications, such as gastroenterology, 
cystography, peripheral vascular and cardiac angiography, car-
diac electrophysiology, and neurovascular imaging procedures. 
Consequently-fluoroscopic equipment has evolved over the years 
to become optimized for the clinical tasks for which they are 
intended and several different equipment configurations have 
been developed (see also Section II, Chapter 27 of this book).

The different configurations include radiography/fluoroscopy 
(R/F) tables, with either an under-table or over-table X-ray tube, 
and fixed and mobile C-arms. Each configuration includes the 
basic fluoroscopic imaging chain (see Section 21.3.1).

The R/F system is the most common fluoroscopic equip-
ment configuration. It is used for a wide range of diagnostic and 
 interventional procedures.

21.2.1  Fluoroscopic Equipment with 
Under-Table X-ray Tube

The X-ray tube and collimator are mounted below the tabletop 
with the image intensifier tower mounted above the table on a 
carriage that can be panned over the patient. This system can 
have a large tilting table that can be rotated from horizontal to 
vertical to put the patient in a head-down or head-up position for 
gastrointestinal (GI) procedures (e.g., barium enema), in order 
to utilize gravity to assist the movement of the contrast material 
through the esophagus, stomach, and bowel.

In addition to the standard fluoroscopic imaging chain, older 
R/F systems may contain a “spot film” device that allows place-
ment of a radiographic cassette in front of the fluoroscopic image 
receptor, facilitating the acquisition of radiographs using the fluo-
roscopic X-ray source or with an overhead X-ray tube mounted on 
a ceiling crane in the room for regular radiography. A bucky tray 
may be incorporated into the table for Computed Radiography 
(CR) (see Section I, Chapter 12 of this book) and portable Direct 
Radiography (DR) cassette detectors. Alternately, a DR detector 
system can be used for both static images and fluoroscopy.

This type of system is used for different clinical tasks including 
also genitourinary, gastro-intestinal, arthroplasty, myelography, 
and device placement.

21.2.2  Fluoroscopic Equipment with 
Over-Table X-ray Tube

A variation on this conventional fluoroscopy configuration is 
the remote controlled system shown in Figure 21.1, in which the 
X-ray tube and image receptor positions are reversed with the 
tube above the patient table and the image receptor below.

The system can be rotated to achieve necessary projections 
or to distribute contrast agents within a patient. It can also be 
configured vertically for seated examinations. All detector 
operations (e.g., pan, zoom, continuous vertical movement) and 
table movements can be fully controlled at an operator’s console 
featuring a joystick-type controller in a shielded control booth, 
 protecting the staff from secondary radiation exposure.
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In addition, a remote room typically has a motorized com-
pression paddle that is used to remotely palpate the patient, 
and to manipulate air and contrast agent within the patient’s 
abdomen.

The clinical applications of this system are similar to those 
of under-table X-ray tube systems, including GI procedures as 
barium swallow and barium enema examinations.

21.2.3 Mobile C-Arms

Mobile fluoroscopes are fluoroscopes mounted on wheels that 
can be moved between locations. As seen in Figure 21.2, mobile 
C-arms offer a compact design, with smaller focus to image dis-
tances compared to other fluoroscopes, and they are provided 
with a mobile unit that contains the fluoroscopic controls and 
display monitors.

Most of these systems plug into a standard wall plug for power, 
and therefore are relatively low-power systems. High-power 
mobile systems (e.g., 80 kW) are also available. The image detec-
tor can be either an II or a FPD and is normally of small size 
(10–25 cm).

Mobile C-arms are useful when the expense of a permanent 
installation cannot be justified, or when imaging capability is 
needed briefly in several adjacent rooms, as for example, in the 
operating room. In fact, mobile C-arm units are commonly used 
for orthopedic and vascular surgical procedures, in addition 
to placement of devices such as pacemakers or feeding tubes. 
However, some mobile C-arm systems are also configured for 
angiographic and interventional procedures with high exposure 
rate output and digital subtraction angiography (DSA) imaging 
capabilities.

21.2.4 Fixed C-Arms

The fluoroscopic system is typically mounted on a C-arm appa-
ratus. The X-ray tube and image receptor rotate contemporarily 
around a point called the isocenter that remains at the center of 
the FOV when the C-arm is rotated. These motions allow consid-
erable flexibility in providing standard posteroanterior, lateral, 
and oblique projections.

FIGURE 21.1 A fluoroscopic unit with over-table X-ray tube.

FIGURE 21.2 Mobile C-arm unit. The control panel and monitor cart can 
be moved independently.
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Moreover, the fluoroscopy imaging chain can also be panned 
around the stationary patient and the table is floating in all the 
directions (vertically and horizontally) to allow moving the 
patient from side to side and from head to toe.

Because of its flexibility, the C-arm configuration has been incor-
porated into a number of different types of fluoroscopy systems. 
Figure 21.3 is an example of a fixed C-arm unit that is mounted 
from the ceiling. Floor-mounted models are also available.

Common applications for fixed C-arm units include periph-
eral, cardiac, neuroangiographic, and interventional procedures. 
A list of the most common procedures performed is reported in 
Table 21.1 (Miller et al. 2008).

Angiographic rooms are equipped with more powerful genera-
tors with high heat tube capacity and water or oil cooled X-ray 
tubes. Variable spectral shaping filters are often included to max-
imize iodine contrast while maintaining the patient dose at an 
acceptable level.

For peripheral angiography suites, a large detector is com-
monly used (30–44 cm), while image receptors used for cardiac 
imaging are generally smaller, owing to the small size of the 
heart. A typical size for a cardiac laboratory is 20–25 cm. The 
smaller detectors permit more tilt in the cranial caudal direction, 
as is typical in cardiac imaging. High frame rate (15–60 FPS) 
pulsed X-ray cineradiography operation is recommended to cap-
ture injected contrast medium as it moves through the vessels in 
the rapidly beating heart.

Systems designed for vascular/interventional radiology and 
cardiology/electrophysiology have sophisticated fluoroscopic 
capabilities, including variable frame rate, automatic beam 
 filtration, and advanced dedicated image post-processing.

Suites can be either single plane or biplane systems. Biplane 
systems use two C-arms (one ceiling mounted, the other floor-
mounted—see Figure 21.4) that can be independently positioned 
around the patient for simultaneous digital acquisitions during a 
single contrast injection.

Biplane systems are used primarily for dedicated cardiac or 
neuroangiography and interventional procedures. By using two 

FIGURE 21.3 Cathlab with a fixed ceiling-mounted C-arm, FPD based.

TABLE 21.1

Most Common Angiographic Procedures

Anatomical 
District Procedure

Cardio Coronaro angiography (CA)
Percutaneous transluminal cardiac angioplasty (PTCA)
Stent and filter placement
Radiofrequency cardiac catheter ablation

Peripheral Angiography
Stent and filter placement
Percutaneous transluminal angioplasty (PTA)
Vascular embolization
Thrombolytic and fibrinolytic procedures
Percutaneous transhepatic cholangiography
Endoscopic retrograde cholangiopancreatography
Transjugular intrahepatic portosystemic shunt
Percutaneous nephrostomy
Biliary drainage or urinary/biliary stone removal

Neuro Angiography
Stent and filter placement
PTA
Vascular embolization
Thrombolytic and fibrinolytic procedures
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separate imaging chains, it is possible to view frontal and lat-
eral projections of the patient without introducing a delay while 
a single positioner is moved. In addition, biplane positioners 
allow recording in two projections during a single injection of 
iodinated contrast material. This is important because iodin-
ated contrast is nephrotoxic, and the total volume of contrast 
that can be administered is limited by the patient body mass. 
This is particularly critical in pediatric catheterization labora-
tories, owing to the low body mass of pediatric patients, which 
severely limits the amount of contrast that can be administered 
during an imaging study, and the small size of blood vessels, 
which may require higher iodine concentrations for acceptable 
visualization.

21.3 Fluoroscopic Equipment

Fluoroscopic imaging systems use much of the same technol-
ogy as radiographic systems, with some modifications and 
 additions. Depending on the intended use, a fluoroscopic system 
may require a high-power generator and a high heat capacity X 
ray tube. The major difference between radiographic and fluoro-
scopic equipment is the image receptor.

21.3.1 Imaging Chain

A standard fluoroscopic imaging chain is shown in Figure 21.5. 
The key components include an X-ray source (high-voltage gen-
erator and X-ray tube), spectral shaping filters, collimators (field 
restriction devices), an anti-scatter grid, an image receptor, an 
image processing computer, and a display device, and the hard-
ware to allow the positioning of the X-ray source assembly and 
the image receptor assembly relative to the patient. Fixed fluoro-
scopic systems also have a patient-support device (Schuler 2000).

21.3.1.1 X-ray Source

The high-voltage generator and X-ray tube used in most fluo-
roscopy systems are similar in design and construction to tubes 
used for general radiographic applications. For special purpose 
rooms (e.g., high-dose procedures), extra heat capacity is needed 
to allow long fluoroscopic sequences and a high number acquisi-
tion runs acquired.

21.3.1.1.1 X-ray Generator

The X-ray generator produces electrical energy and allows the 
selection of kilovolt peak (kVp) and the tube current (mA) that 
is delivered to X-ray tube. The design of the generator (refer to 
Chapter 3 for more details) is similar to that of generators used 
for radiography and includes single phase and three-phase gen-
erators. Systems with both fluoroscopy and radiography modes 
normally use three-phase operation for radiography and single-
phase operation for fluoroscopy.

Fluoroscopy includes either low continuous tube current and/
or rapid pulsed exposure. Continuous fluoroscopy is still avail-
able in some fluoroscopic equipment, even if pulsed fluoroscopy 
has replaced it almost completely. For continuous fluoroscopy, 
the generator provides a fixed tube current while the fluoroscope 
is activated. For pulsed fluoroscopy, the exposure is delivered 
in short pulses of 3–10 msec. One advantage of pulsed fluoros-
copy is the potential dose reduction compared to continuous 
fluoroscopy. But it is necessary to underline that the gain in dose 
depends not only on the pulse rate but also on the dose per pulse.

Another important advantage of pulsed fluoroscopy is that it 
provides better resolution since the motion blur occurring within 
each image is reduced because of the shorter acquisition time.

Modern systems are normally equipped with high frequency 
generators that can guarantee superior exposure reproducibility. 
Exposure reproducibility is critical especially for fluoroscopic 

FIGURE 21.4 Bi-plane angiography system.
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systems equipped with DSA, where differences in the tube volt-
age between mask and contrast images can cause incomplete 
subtraction.

21.3.1.1.2 X-ray Tube

The X-ray tube converts the electrical energy provided by the 
generator into an X-ray beam (see Chapter 2 for more details). 
The selection of X-ray tube characteristics depends on the spe-
cific clinical application. For radiography and fluoroscopy sys-
tems, bi-focus tubes are common. A small focal spot (0.6 mm) 
is used for fluoroscopy in order to minimize geometric unsharp-
ness, and either the small or the large focal spot (1.0–1.2 mm) can 
be used for image recording when high tube currents are needed. 
A micro-focus (0.3 mm) can also be available when very high 
resolution is needed (e.g., interventional neuroradiology).

In modern X-ray tubes for angiography a flat emitter can 
replace the coiled filament. Flat emitters enable smaller qua-
dratic focal spots that lead to improved visibility of small vessels 
reducing blur and increasing image sharpness in all directions. 
Moreover, pulsed fluoroscopy can be accomplished by using a 
grid-controlled or grid-switched X-ray tube instead of operating 
the generator in pulsed mode. A grid-controlled X-ray tube uses 
a negatively biased grid near the filament to stop the flow of elec-
trons from the cathode to the anode, preventing unwanted X-ray 
production between radiation pulses. The output is controlled 
within the X-ray tube itself and the unnecessary soft radiation 
emitted by ramping can be eliminated. The grid control pulsing 
allows the parameters (kV, mA, and ms) to be adjusted within the 
duration of a single pulse.

The combination of grid pulse and flat emitter technology 
potentially produces a sharp temporal pulse profile removing the 
additional dose due to the high-voltage cable discharge. As a con-
sequence both the dose and the blur are reduced.

Another crucial characteristic of X-ray tubes used in angiogra-
phy and interventional procedures is the heat capacity. Because of 
the rapid image recording requirements, heat can build up quickly. 
To improve heat dissipation, high-speed rotational anodes are used, 
with frequencies up to 200 Hz. In addition, a circulating water or 
oil heat exchanger with cooling fans is commonly installed.

For an X-ray tube in a dedicated angiography or interventional 
system, maximum FOV size requirements may limit the heat 
capacity or minimum focal spot size usable. When a large FOV is 
needed, the anode angle must be large enough to allow adequate 
coverage without cutoff of the beam intensity. However, for the 
same effective focal spot size, a large anode angle results in a 
reduced focal spot width, which reduces the rate of heat dissipa-
tion lowering the heat capacity of the tube.

21.3.1.2 Filtration

Fluoroscopic and angiographic equipment are provided with dif-
ferent types of filters used to optimize both the spectrum and the 
shape of the X-ray beam.

21.3.1.2.1 Spectral Filtration

Filtration material is added to attenuate low-energy X rays from 
the beam. Low-energy X rays are absorbed in patient tissue 
without being transmitted to the image receptor, contributing to 
patient dose with little improvement in image quality. The added 
filtration in fluoroscopy systems has increased in recent years, as 
pulsed systems with high mA capabilities started replacing older 
continuous fluoroscopy systems.

Aluminum is the most common added filtration material. 
Copper can also be used for low kV beams used to match the 
barium or iodine k-edge, reducing the dose while maintaining 
the image contrast for angiographic applications.

Collimators

X-ray source

Image detector

Anti-scatter grid

Image display

FIGURE 21.5 Schematic representation of basic elements of an imaging chain.
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The new generation of X-ray generators provides higher peak 
power and allows using high filtration while maintaining the 
image quality (e.g., noise level) at a reduced dose. The higher 
peak power also allows reduction of the exposure time per pulse 
thus reducing the motion artefacts.

Insertion of this added filtration in the beam path may be user-
selectable, providing the operator with the flexibility to switch 
between low-dose and higher-dose modes as conditions dictate 
during a fluoroscopic procedure. In other systems (like the angi-
ographic and interventional systems), the added filtration is auto-
matic, based on beam attenuation conditions, to achieve a desired 
level of image quality and dose savings.

21.3.1.2.2 Collimators

The collimator contains multiple sets of radiopaque shutter 
blades that define the shape of the X-ray beam. Two sets of 
blades are generally present within the collimator: round and 
rectangular, matching the shape of the image receptor. The col-
limator conforms the X-ray beam to the FOVs. The collimators 
on fluoroscopy systems are motorized, which allows the colli-
mated X-ray beam to change size in response to adjustment of 
the source-to-image distance (SID) or when the FOV is electroni-
cally changed, in order to limit the X-ray beam to no larger than 
the FOV. However, further manual collimation might be benefi-
cial for the operator to further collimate the beam to the area 
of clinical interest thus limiting the exposed volume of tissue, 
which results in less scatter production and better image contrast.

21.3.1.2.3 Equalization Filters

In addition to added filtration and beam collimation, some 
fluoroscopy systems also have attenuating equalization filters, 
alternatively named wedges filters, as means to provide further 
beam shaping in addition to collimation. The filters are made 
from tapered lead–rubber or lead–acrylic sheet and are partially 
transparent to the X-ray beam. The position of the wedge filters 
is selected by the operator to provide additional attenuation at 
specified locations in the X-ray field (such as the pulmonary 
space between the heart and chest wall) and reduce excessive 
brightness in some regions in the image. The use of wedges can 
thus reduce the glare from these areas, equalize the X-ray beam 
incident on the image receptor, and lower radiation dose to the 
patient, improving the operation of the automatic exposure con-
trol (AEC) system. The edges of the blades may be straight or 
shaped to conform to anatomic parts.

21.3.1.3 Imaging Detector

The basic product of a fluoroscopic imaging system is a projec-
tion X-ray image. However fluoroscopy produces an extremely 
high number of images with high temporal resolution. As an 
example, the average fluoroscopy time for a coronary interven-
tion is about 10 min and images are acquired at 15 per second, 
corresponding to a total number of 9000 individual images. Due 
to the extremely large number of images, for radiation dose rea-
sons, fluoroscopic systems must produce each image at a dose 
of the X-ray much lower than the dose used in radiography. 
Consequently, a very sensitive low-noise detector is needed. IIs 
and FPDs, the two imaging detectors used for the fluoroscopic 
equipment, operate in a mode that is several thousand times more 

sensitive than a standard radiographic detector and, in principle, 
can produce images using several thousand times less radiation 
(standard fluoroscopy uses a dose to the detector of few nGys per 
image, whereas a computed radiography (CR) system requires a 
few mGys per image).

21.3.1.3.1 Image Intensifier-Based Systems

A detailed scheme of modern image intensifier system is shown 
in Figure 21.6 and includes the image intensifier and the optical 
system.

21.3.1.3.1.1 Image Intensifiers The image intensifier converts 
X-rays into visible light suitable for being captured by a video 
camera and displayed on a video display monitor. At the same 
time, it amplifies the image brightness by about 10,000 times. 
Major components are contained within an evacuated bottle 
(Figure 21.7) and include:

• Input layer to convert X-rays to electrons: The input 
layer is, in turn, made of different components. The 
X-rays strike the input window that is made of a curved, 
thin layer of metal or glass, which prevent the air enter-
ing the II. Then they pass through the 0.5-mm-thick 
aluminum substrate layer, which supports the input 
phosphor and the photocathode layers. After passing 
through the Al window, X-rays strike the input phos-
phor layer that is made of cesium iodide (CsI). The 
input phosphor absorbs the X-rays and converts them 
into light photons. The input phosphor is deposited as 
long, needlelike crystals to channel the light photons to 

Video camera

Digitizer

Optics

Image
intensifier

Patient

X-ray tube

FIGURE 21.6 Schematic representation of an II based system.
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the next component layer with minimal lateral spread-
ing to reduce blur. The light photons emitted from the 
input phosphor are then absorbed in the photocathode, 
which is a thin layer of antimony and alkali metals, that 
is placed in close proximity to the input phosphor and 
converts the light photons into electrons.

  IIs are available with different diameter input win-
dows of 10–40 cm. The selection of the diameter depends 
on the maximum FOV requirements of the clinical 
application. Fluoroscopic systems designed for extremi-
ties may be configured with a 10–15-cm-diameter image 
intensifier, whereas a 40-cm-diameter unit is useful for 
imaging the abdomen or peripheral vasculature.

• Electron optics to focus the electrons: The electrons 
emerging from the photocathode are focused, accel-
erated, and multiplied in number through the vacuum 
by the electron optic system. This system consists of 
three charged electrodes and an anode plate at the out-
put layer. These components create a large electric field 
that accelerates the electrons. The electrodes in the 
chain focus the electrons towards the anode.

  If the voltage of each electrostatic plate is not adjusted 
correctly, the electrons will not pass through the appro-
priate focal point of the image intensifier, causing the 
image to be blurry with a loss of spatial resolution; this 
blurriness is referred to as a defocusing effect.

  The kinetic energy of each electron is dramatically 
increased by acceleration due to the voltage difference 
between the cathode and anode, resulting in electronic 
gain, which is the first source of intensification. The 
other source of intensification is minification gain. 
Minification gain is a result of the reduction of a large 
X-ray image at the input phosphor onto the smaller 
diameter output phosphor.

  As a result of the acceleration of the electrons and 
image minification, the illumination level of the output 
image compared with that of the input image is greatly 
increased. This brightness gain ranges from 5000 to 
20,000.

  The conversion factor (namely ratio of a measure 
of the luminance at the output phosphor and the X-ray 
Incident Air Kerma Rate (IAKR) at the input phosphor) 
is a measure of the gain of an X-ray II (XRII) and is 

most commonly used for the specification of XRII per-
formance. The conversion factor decreases over time 
and may ultimately fall to a level that requires replace-
ment of the XRII.

• Output phosphor layer to convert the electrons into a 
visible image: The output phosphor consists of a thin 
(4–8 µm) powder phosphor, typically zinc cadmium sul-
fide doped with silver (ZnCdS:Ag – P-20). The output 
phosphor converts the electrons back into visible light 
photons at a frequency of about 530 nm (green spectrum).

  These photons are then transmitted out of the image 
intensifier through a glass output window. The output 
window is part of the vacuum enclosure and must be 
transparent to the emission of light from the output 
phosphor. The output phosphor is coated directly onto 
the output window.

  Some fraction of the light emitted by the output 
phosphor is reflected inside the glass window. Such 
stray light reflecting inside the output window contrib-
utes to the veiling glare, which can reduce image con-
trast. Using a thick clear glass window coated inside 
with a black pigment to absorb the scattered light, the 
side of which is eventually struck by internally reflected 
light, reduces this veiling glare.

  Projecting the image with a curved input phosphor 
(necessary for proper electron focusing) to the flat out-
put phosphor creates a distortion known as “pincushion.” 
Pincushion distortion results in a stretching of the physi-
cal dimensions in the periphery of the image (see Figure 
21.8). Therefore, for improved accuracy, it is best to posi-
tion the desired anatomy in the central area of the FOV.

  Moreover, the longer paths covered by the periph-
eral electrons reduce the concentration of electrons that 
impact on the side of the output phosphor and cause 
the phenomenon called vignetting, with the center of 
the image brighter than the edges.

FIGURE 21.8 Pincushion effect.
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FIGURE 21.7 Components of an image intensifier.
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21.3.1.3.1.2 Optical System The visible photons exiting 
the output window reach a video camera optically coupled to 
the phosphor screen through an adjustable aperture and lens. 
The video signal is then displayed directly (or digitized), post-
processed in a computer, and rendered for display. The television 
system allows for real-time viewing of the fluoroscopic image by 
several people at once from one monitor or multiple monitors. In 
addition, fluoroscopic units can be equipped with an analog-to-
digital converter to digitize the video camera voltage signal for 
additional processing and image recording.

• Optical Coupling: A light-sensitive camera is optically 
coupled to the output screen of the II and is used to 
relay the output image to a video monitor for viewing 
by the operator. The optical coupling system consists 
basically of three elements: (i) a collimating lens to 
shape the divergent light from the output phosphor into 
an almost parallel beam, (ii) an aperture to limit the 
amount of light reaching a video (or TV) camera, and 
(iii) a lens to focus the image on to the video camera.

  The aperture can either be fixed or variable, the lat-
ter usually being under automatic control. The amount 
of light that reaches the camera can be controlled vary-
ing the size of the aperture, adjusting the quality of 
the fluoroscopic image and the X-ray exposure rate. 
When the hole is set to a small size, much of the light 
from the output window is blocked from reaching the 
video camera. As a result, the radiation exposure has 
to be increased to maintain the light level at the cam-
era, producing a fluoroscopic image with low noise. 
Alternatively, when the aperture is set wide open, the 
radiation exposure level is low and more image noise is 
apparent.

  The optical distributor may include a partially sil-
vered, beam-splitting mirror, which directs a portion 
of the light from the image intensifier output window 
to an accessory device for image recording and passes 
the remainder to the video camera. A circular aperture 
is also included to set the proper light level required by 
the video camera.

• Video Camera: The video cameras used in XRII sys-
tems were originally vidicon or plumbicon analog 
devices borrowed from the broadcast television indus-
try. A basic video camera consists of a vacuum tube 
cylinder (approximately 2.5 cm in diameter) with a 
photoconductive target and a scanning electron beam. 
The optical coupling lens focuses the image intensifier 
output image onto the target, forming a latent charge 
image from the charge carriers within the photocon-
ductive layer. The electron beam, which scans across 
the target in a raster scan pattern, reads out this latent 
image. As the scanning electron beam moves across 
the target, a current signal, with an intensity modulated 
by the charge image present on the target, is produced. 
This signal represents the two-dimensional image as a 
continuous series of raster lines with varying voltage 
levels. The video signal, which is represented as voltage 
versus time, is transferred by wire to the video monitor.

  In later systems, digital cameras based on charge-
coupled device (CCD) image sensors or complemen-
tary metal oxide semiconductor (CMOS) technology 
came into common use.

  CCD cameras consist of a solid-state array of dis-
crete photoconducting sensors. Optical light from the 
output phosphor is converted to electrons in the amor-
phous silicon photoconducting layer of the CCD and 
stored as pixels until it is read out as voltage pulses 
representing the two-dimensional image. Stored charge 
that has accumulated during an exposure is read out 
using parallel and serial shift registers that move charge 
from column to column and row to row in a “bucket bri-
gade” fashion, creating an analogue signal. The signals 
from the column amplifiers are synchronized and con-
vert each row of accumulated charge into a correspond-
ing digital value in the digital frame buffer.

  The CMOS device has independent detector ele-
ments, each comprised of a storage capacitor and tran-
sistor switch.

  In either output (CCD or CMOS) a digital projec-
tion image is produced, and then converted to a video 
signal that is used to drive one or more monitors in the 
fluoroscopy suite.

  Compared with traditional video cameras, solid-
state cameras are preferred because they are smaller, 
require less power, and have a longer lifetime. 
Moreover they guarantee a wider linear dynamic range. 
Incorporating drains in each cell that direct excess 
charge to reduce or eliminate image blooming (image 
distortion caused when the input signal exceeds the 
dynamic range of the video camera). This modification 
is at the expense of the fill factor though, and reduces 
the overall quantum detection efficiency (QDE) of the 
camera.

• Monitor: The voltage signal produced by the video 
camera is converted into a visible image by the 
monitor. The monitor consists of a vacuum cham-
ber with a phosphor screen and scanning electron 
beam. The electron beam moves across the phosphor 
screen in horizontal raster scan lines with the inten-
sity  variation controlled by the camera voltage signal, 
thus reproducing the image from the video camera 
target.

• Image Recording: A fluoroscopic imaging system 
may include additional devices to record images dur-
ing an examination. Recording methods include spot 
film devices, film changers, photospot cameras, cine 
cameras, and digital photospots. The selection of the 
optimum recording method for a particular clinical 
application depends on the operational characteristics 
of the device and image quality requirements of the 
examination.

  Spot film devices are used to acquire a radiographic 
image with a screen-film cassette. When a spot film 
is desired, a button is pressed and the radiographic 
cassette is extended in front of the XRII, behind an 
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anti-scatter grid. After the cassette is exposed, it is 
ejected and manually exchanged for an unexposed cas-
sette, which is retracted into the lead-shielded enclo-
sure until needed. Collimation can be automatically 
varied to produce multiple image formats. The image 
quality is the same as a radiographic film and large-
film image recording is possible. Clinical applications 
of spot film devices include GI imaging, genitourinary 
imaging, arthrography, and myelography.

  Photospot cameras are mounted on the optical dis-
tributor accessory device port to record images rapidly 
during the fluoroscopic examination and record the 
image intensifier output on rolled or cut film to produce 
images about 10 cm in diameter. Photofluorography is 
generally used for the same clinical examinations as 
spot film devices. A cine camera may also be mounted 
as an accessory image recording device to acquire 
images on 35-mm film.

  Cinefluorography is typically used for cardiac cath-
eterization procedures to record rapid rate images of 
the beating heart. In newer fluoroscopic systems, these 
film recording methods are replaced with digital image 
recording.

  Digital photospots are acquired by recording a digi-
tized video signal and storing it in computer memory. 
The image quality can be enhanced by the application 
of various image processing techniques, including win-
dow-level, frame averaging, and edge enhancement. 
However, the spatial resolution of digital photospots is 
less than that of film images.

21.3.1.3.2 Flat Panel Detector Based Systems

In recent years FPDs gradually replaced XRII and video camera 
components of fluoroscopic systems (Figure 21.9).

When flat panel X-ray detectors have been introduced in radi-
ography, they offered the advantages of a “digital camera” com-
pared with existing technologies (Antonuk et al. 1995).

In fluoroscopic applications, the challenge for FPDs has been 
the requirement of low dose per image frame, meaning that the 
inherent electronic noise of the detector must be extremely low 
and the required dynamic range high.

FPDs consist of an array of individual detector elements.
The elements are square, 140–200 microns per side. The 

size of the entire array ranges from 20 × 20 cm–40 × 40 cm. 
However, some manufacturers specify the size of the FPD by 
providing a diagonal measurement, and others quote the edge 
dimension. A FPD may contain 1.5–5.0 million individual detec-
tor elements and it is a challenge to manufacture a uniform array 
with few defective or degraded elements.

Both indirect and direct X-ray conversion modes are used with 
thin film transistor (TFT) panels for fluoroscopy applications 
even though the indirect conversions based systems represent the 
majority (Korner et al. 2007).

In indirect solid-state systems, the X-ray energy is first con-
verted to light and then to an electronic signal. An individual 
detector element consists of a scintillation layer, which usually 
is composed of thallium-activated CsI which attenuates the 
 incident X-rays and produces light. As for the scintillator used 
in II systems, the CsI is deposited in needle-like crystals, which 
drive direct light toward the photodiode located below with 
reduced lateral scatter. The amount of light produced is directly 
related to the amount of incident X-ray flux. Each detector ele-
ment has a transistor and a capacitor, in addition to a photodiode, 
which converts the X-ray induced light from the phosphor into a 
corresponding charge. A schematic representation of an indirect 
FPD is reported in Figure 21.10.

For direct detection fluoroscopy detectors, the selenium is 
used as semiconductor to produce X-ray induced charge directly. 
The charge is collected under a voltage to ensure that the signal 
is captured within the same detector element as the X-ray absorp-
tion event.

In both types of systems, each detector element has a capacitor, 
which accumulates and stores the signal as an electrical charge 
proportional to the incident X-ray flux, and a TFT, which serves 
as a switch (Schiebel et al. 1994). A signal is sent to all the TFTs 
in a row of detector elements and the signals from the capacitors 
in the elements of that row are simultaneously discharged and the 
charge is sent to a charge amplifier. The discharged capacitors 
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FIGURE 21.9 Schematic representation of FPD-based system.
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FIGURE 21.10 Schematic representation of indirect flat-panel detector.
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are thus ready for acquiring the next frame. The same mecha-
nism is performed row by row until the full array is read. Even in 
continuous fluoroscopic acquisitions, the charge continues to be 
stored in each capacitor in a steady-state situation so that X-ray 
information is always collected as the flat-panel image receptor 
provides real-time fluoroscopic presentation of image data.

FPDs have a many advantages compared to IIs. They replace the 
IIs, optics, video camera, digital spot film device, and cine cam-
era and, thus, they come in a much lighter and smaller package, 
which allows more flexibility in movements and patient position-
ing. FPDs show a higher dynamic range, as shown in Figure 21.11.

Moreover FPDs do not suffer the previously described dis-
tortion effects of the IIs, for example, defocusing, pincushion 
distortion, veiling glare, or the vignetting. Another advantage 
is that the spatial resolution depends on the dimension of the 
detector element and it is independent of the selected FOV. 
Unlike II systems, which progressively use more radiation as the 
FOV decreases, FPDs do not require the entrance kerma rate to 
increase as the FOV is changed. Nevertheless, the radiation dose 
to the image receptor is increased by a factor of approximately 
1/FOV, because with smaller FOVs, magnification of the sur-
face area makes the image noise more apparent to the observer. 
In FPD systems, increased radiation for smaller FOVs is used to 
reduce the optical perception of noise. However, this increase in 
radiation is substantially less than that used with image intensi-
fier systems, which varies approximately with 1/(FOV)2.

However, flat panel image receptors suffer from additive noise 
sources, including read noise and, therefore, perform poorly com-
pared with XRIIs at low entrance kerma rates. Moreover part of 
the incident radiation is actually hitting the electronic elements 
and it is not used to form the image. Consequently the detective 
quantum efficiency (DQE) of the FPD at very low doses is lower 
than the DQE of an II system.

To compensate for this, binning (i.e., grouping the responses of 
four detector elements together) is often applied. This will reduce 
the entrance dose rate to 25% of the ungrouped rate. Binning 
could reduce the image noise but it negatively affects the spatial 
resolution because the effective area of each image pixel is four 
times larger.

In recent years, advances in CMOS imaging device technol-
ogy have led the way to adoption of CMOS technology in medi-
cal imaging. The basic detection principle for such devices is the 

same as described above for CsI/a-Si-based active matrix inte-
grating detectors. However, a CMOS sensor replaces the a-Si 
photodiode and readout structure. The electrical properties of 
crystalline Si allow realization of high performance analog or 
digital circuitry. This, for instance, makes on-pixel amplification 
possible, reducing readout electronic noise, which helps to move 
towards the goal of quantum-noise-limited X-ray detectors at 
very low doses (few nGy).

21.3.1.4 Grid

The focused anti-scatter grid serves the same purpose in fluo-
roscopic imaging as it does in radiographic imaging, explicitly, 
removing contrast degrading scattered radiation from the X-ray 
beam. However, use of grids requires an increase in radiation 
exposure. The grid ratios for fluoroscopy range from 6:1 to 10:1, 
which is generally lower than common radiographic grid ratios 
(8:1–16:1). For fluoroscopy, removal of the grid may be desirable 
to reduce patient dose when the amount of scatter produced is low. 
Image contrast loss will be minimal when the FOV is reduced or 
the patient or body part examined is small, as in  pediatric imaging.

21.3.1.5 Patient Support

The patient table and pad must balance adequate strength to 
 support the patient’s body weight while minimizing X-ray atten-
uation. This can be accomplished with carbon fiber composite 
materials and thin foam pads.

21.3.1.6 Image Display

Fluoroscopy requires high-quality video displays that allow 
users to appreciate fine details and subtle contrast differences 
in the anatomy of interest. Modern systems feature high resolu-
tion flat-panel LCDs with high maximum luminance and high-
contrast ratios. These displays should be calibrated to a standard 
luminance response function to ensure that the widest range of 
gray levels is visible.

The newest interventional/angiographic systems feature 60′′ 
diagonal high-definition displays supporting up to 24 different 
video input sources that can be arranged in various ways on the 
single large display monitor. Display layouts can be uniquely 
 customized and saved for individual physician preference.

21.3.1.7 Automatic Exposure Control

Fluoroscopic X-ray systems make use of a set of rules that con-
trol the system’s response to dynamic changes in imaging condi-
tions (e.g., patient thickness and attenuation, focus to detector 
distance, projection angle, and so on) changing the exposure 
rates incident on the imaging detector automatically. The scope 
is to maintain the absorbed energy fluence per pixel used for each 
frame at a constant level in order to keep the signal-to-noise ratio 
(SNR) in the image approximately constant.

The control of generator exposure factors is called automatic 
dose rate control (ADRC) or automatic exposure rate control 
(AERC). In the past, this was referred to as automatic bright-
ness control (ABC) since the aim was to keep the overall image 
brightness on the monitor at a constant level.

Detector incident air kerma

PV

FIGURE 21.11 Dynamic ranges of an II (dashed lines) and a FPD (solid 
line).
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Fluoroscopic AEC may use the signal from a sensor such as 
a photodiode or a photomultiplier tube or, more commonly, the 
signal from the video camera or directly from a flat panel image 
receptor, to determine necessary adjustments of fluoroscopic 
technique factors such as tube voltage and tube current.

The number of factors controlled depends on the type of the 
equipment. Old II systems have fixed beam filtration, continuous 
mode, fixed optical aperture, and limited image processing. The 
only parameters that can be controlled to maintain the signal were 
the kV and mA, which were modified according to the anti-isowatt 
curves (the kV and mA increased or decreased simultaneously). 
Systems are designed to ensure that the design limits of the X-ray 
generator and the heat rating of the X-ray tube are not exceeded. In 
addition, the allowed combinations of generator parameters are such 
that radiation exposure rates do not exceed the regulatory limits.

For a given curve, when the kVp and mA reaches the limit 
of X-ray tube loading, the curve automatically switches to iso-
watt control. Along the isowatt line, the kVp increases while the 
mA decreases to maintain the product of kVp and mA constant.

The selection of fluoroscopic technique factors follows prede-
termined curves that are stored in the generator and which usu-
ally allow for some choices, including a standard curve, low-dose 
curve, and high-contrast curve (Figure 21.12).

The complexity of fluoroscopic AEC increases in modern sys-
tems where the AERC controls contemporarily also additional 
parameters such as pulse length, added filtration, and variable 
aperture setting in order to maintain or improve image quality 
while reducing the patient dose.

An example of parameters (and limitations) that the ADRC 
system takes into account is reported in Table 21.2.

According to the report of AAPM TG125, two general 
approaches of spectral beam filtration are implemented: the “tra-
ditional” method and the “program-switched” method.

The traditional method refers to a fixed factory-installed filter, 
which does not change with the program selected. This approach 
is still used in mobile C-arm systems.

In the anatomical program-switched method predetermined 
combinations (different materials and/or thickness) of added 
spectral filtration can be automatically switched under program 

control. The filter selected can also be linked to one of the fluo-
roscopy exposure rate control settings. Once a fluoroscopy mode 
is selected, the spectral filtration is set and does not depend on 
the variations in patient attenuation. In addition, the system 
could be programmed to automatically change the filtration with 
change in source-to-image distance (SID).

The most advanced method is the so-called Seissl method, 
where filters are changed in a dynamic way. The exact scheme 
for  determining which filters are selected is proprietary. 
Figure 21.13 represents the behavior of an AERC system based 
on the Seissl method.

Lin et  al. investigated the behavior of such methods;refer to 
their publications for more details.

As an adjunct to the ABC/AERC an automatic gain correc-
tion (AGC) of the detector is used to compensate for changes in 
the signal strength among the different exposure settings (e.g., 
fluoroscopy, acquisition, DSA). Image “gain” is used to adjust 
the digital pixel values and hence the appearance of an X-ray 
image. When the requested detector output is not reached, the 
gain control makes the image appear, in terms of  average lumi-
nance, as though the detector output was not  actually too low. 
This is operated automatically, utilizing the  difference between 
the measured and requested detector output.

In addition, in II systems, the size of the aperture in the opti-
cal system transmitting the light from the output phosphor to the 
video camera can also be utilized to maintain a constant video 
signal level. In most cases a combination of ABC/AERC control 
logic, AGC and optical aperture modulation will be employed as 
a means of maintaining a reasonably constant video signal.

The source-to-image (SID) output compensation is also imple-
mented as means of keeping the maximum radiation output in 
accordance with the regulatory maximum exposure rate require-
ments. The SID output compensation consists in the adjustment 
of the maximum radiation output in accordance with the X-ray 
tube load limits and the regulatory maximum exposure rate 
requirements.

21.3.2 Operating Modes

21.3.2.1 Fluoroscopy

Continuous fluoroscopy has been the most basic form of fluoro-
scopic imaging for long time. The X-ray beam is on constantly 
and a video refresh rate of 25 or 30 frames/s yields a frame 
 integration time of 40 or 33 ms.

0.0
40

50

60

70

80

90

100

110

120

130

1.0 2.0 3.0 4.0 5.0 6.0
X-ray tube current (mA)

X
-r

ay
 tu

b
e 

vo
lt

ag
e 

(k
V)

7.0

Fluoro low

Iso-watt lim
it

Fluoro normal
Fluoro high

8.0

FIGURE 21.12 Typical basic AEC control curves for different tasks.

TABLE 21.2

Parameters Used by AEC Systems to Optimize Exposure

Control Parameters Variables Goals

Peak voltage
Spectral filtration
Tube current
Pulse width
Detector dose
Frame rate

Patient thickness
Atomic number, density
Projection angles
FOV
Distances (SPD, SID)

Image quality
Patient dose

Constraints

Tube/generator System geometry Regulations (IEC, 
FDA, national)
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As previously introduced, most modern fluoroscopic equip-
ment is capable of operating in pulsed fluoroscopy mode. When 
configured properly, pulsed mode offers several advantages over 
continuous mode, including lower radiation dose. Moreover, in 
pulsed fluoroscopy, there is also an improvement in image qual-
ity in terms of motion blur reduction due the lower integration 
time and the reduced tube loading at low pulse rates. While 
pulsed fluoroscopy produces sharper images, the reduction in 
temporal resolution at low frame rates may be unacceptable for 
rapidly moving organs or instruments within the body. Higher 
frame rates provide superior temporal resolution for these cases. 
Moreover, since the temporal response of the human visual sys-
tem has a typical integration time of approximately 0.1 s, it has 
the capacity to integrate several frames of pulsed fluoroscopy 
during a single integration cycle. Consequently, fluoroscopic 
images appear noisier as the pulse rate decreases for the same 
IAKR per frame. When changing from one pulse rate to another, 
the input air kerma per pulse can be adjusted to account for this 
phenomenon.

Most of the fluoroscopic procedures do not require a high 
frame rate. For example, in a peripheral angiography a frame 
rate of 4 FPS can be used.

Pulsed fluoroscopy at selectable frame rates (typically 30, 15, 
7.5, and 3.75 FPS) allows to reduce temporal resolution when it is 
not needed, sparing dose.

21.3.2.2 Digital Acquisition Imaging

Digital acquisition imaging refers to a mode of operation in 
which high quality images are recorded and stored for analy-
sis.  IAKRs, and therefore patient dose rates, are at least 
one order of magnitude higher in digital acquisition mode 
than in  the   fluoroscopic  mode.  The detector gain is adjusted 
accordingly.

Digital acquisition images can be acquired at frame rates rang-
ing from 1 to 30 FPS, or as individual images, which are often 
referred to as single shot images.

21.3.2.3 Digital Subtraction Angiography

DSA is a technique in which sequential images acquired after 
the injection of a contrast are subtracted from a mask image 
that includes only the anatomical background (acquired before 
the injection). This subtraction reduces anatomical noise and 
increases the contrast of the blood vessels in the subtracted 
images. Both the mask and fill images undergo a log transform 
before subtraction. The final result is an image in which the sig-
nal in the contrast-filled vessels depends only on the amount of 
contrast in the vessel, and not on the background.

As quantum noise sums in quadrature when images are com-
bined, the noise level in the subtracted image is higher than 
the noise level in the constituent images. This increase in noise 
implies that DSA will require higher exposures than digital 
acquisition imaging if similar image noise levels have to be 
maintained. However, the reduction in anatomical noise achieved 
with DSA may offset part or all of the increase in image noise, 
and advanced techniques such as mask averaging can be used to 
reduce the exposure requirements for DSA imaging.

The major issue with DSA imaging is artefacts, which are 
especially due to patient motion between the capture of the mask 
and fill images. These types of artefact can be reduced retrospec-
tively in some cases through the use of processing techniques 
such as manual or automatic pixel shifting of the mask image, or 
re-masking through the selection of a different mask frame for 
subtraction.

21.3.2.4 Roadmapping

Roadmapping is an imaging mode used to create a map of 
 vascular anatomy that aids the navigation of catheters within 
tortuous vessels. A roadmap can be generated very simply by 
using a stored image of a contrast-filled vessel, or in a more com-
plex fashion by using the peak opacification in each image pixel 
obtained from a series of post-injection images. This is essen-
tially a maximum intensity projection image of the contrast-filled 
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vessel and ensures a relatively uniform signal throughout the ves-
sel, as it is less affected by contrast washout.

The acquired image can be shown on the monitor next to the 
live fluoroscopy monitor. In this way, the path of the vessel can 
be seen on one monitor, while the angiographer advances the 
 catheter viewing in real-time on the other monitor. Another 
approach to road mapping is to use an injected or subtracted 
image as an overlay onto the live fluoroscopy monitor. In this 
way, the angiographer has the vascular “road map” superim-
posed on the  fluoroscopy image and can orient the guidewire or 
catheter tip to negotiate the patient’s vascular anatomy.

21.3.2.5 Rotational Angiography

Advances in angiographic interventions, including vascular stent 
and stent graft placement, thrombolysis, transcatheter emboli-
zation, and targeted intravascular oncologic procedures, have 
increased the need for accurate 3D characterization of vessels and 
adjacent structures. In addition, non-angiographic procedures, as 
percutaneous drain and stent placement and radiofrequency abla-
tion frequently involve complex, anatomical relationships, which 
are difficult to characterize with 2D fluoroscopic images. For this 
purpose, sets of CT images are often acquired before and after 
the interventions. These considerations lead to efforts to develop 
systems for generating 3D dataset using the same technology 
used to acquire fluoroscopic images.

The first 3D method introduced was the rotational 3D-DSA, 
which allows 3D renderings of digitally subtracted contrast-
enhanced vessels. With this technology, multiple DSA images are 
generated at various projection angles by rotating a conventional 
angiography unit around the patient. 3D image sets are derived 
using a cone beam back projection reconstruction algorithm.

Shortly after the 3D-DSA, 3D digital angiography was devel-
oped, which uses un-subtracted digital images and allow the 
3D visualization of high-contrast structures, including bones 
and contrast-enhanced vessels. Three-dimensional digital angi-
ography has the potential advantage over 3D DSA of no mis- 
registration artefacts and lower patient dose. However, the 
detectability of low-contrast structures is limited.

In the late 1990s, experimental systems were developed using 
cone beam computed tomography (CBCT). CBCT enables the gen-
eration of an entire volumetric dataset in a single gantry rotation by 
using a 2D detector system. CBCT mounted on a C-arm was initially 
performed using an II system. However, II systems coupled with 
CCD suffer from limited spatial resolution and were soon replaced 
by the FPD and today all C-arm CBCT unites employ FPDs.

C-arm CBCT allows the acquisition of a complete volumetric 
data dataset covering a large anatomic region in a single rota-
tion of about 200° (180° plus fan angle) of the X-ray source and 
detector in a single orbit about the patient. C-arm CBCT systems 
currently available require 5–20 seconds for image acquisition.

The reconstruction algorithm is a modification of the algo-
rithm initially described by Feldkamp. The images can be 
reconstructed in axial, coronal, and sagittal planes, or in arbi-
trary curved planes. The fidelity of the images is not as good as 
with whole body CT scanners, because the rotational axis on the 
C-arm system is not as rigid.

Moreover, while the high efficiency of a2D detector allows 
excellent low-contrast detectability and potentially higher spatial 

resolution, there is a significant increase in scatter radiation with 
C-arm CBCT due to wider X-ray beam collimation that limits 
the dimension of the voxel and leads to a significant degrada-
tion of image quality (e.g., image artifacts, decreased contrast-to-
noise (CNR), and inaccuracies in CT number calculations).

To account for the increased scatter, multiple anti-scatter tech-
niques have been investigated for use with CBCT systems includ-
ing, anti-scatter grids, software correction algorithms, beam-stop 
scatter map ping, and adjustment of object-to-detector distance. 
The most effective is limiting the dimension of the field-of-view, 
which minimize both the scatter-to-primary ratio and patient dose.

The applications of C-arm CBCT imaging are many. In inter-
ventional neuroradiology, CBCT is particularly useful in intra- 
and extra-cranial arteriography, for aneurysm characterization. 
Recent investigations suggest that current generation C-arm 
CBCT systems should also be able to reliably detect intracra-
nial hemorrhage. C-arm CBCT has also demonstrated utility in 
the repair of endoleak following endovascular repair of abdomi-
nal aortic aneurysms. Moreover, studies using C-arm CBCT for 
transjugular intrahepatic portosystemic shunt placement and 
transcatheter arterial embolization are encouraging.

21.3.3  Image Performances, Tools and 
Advanced Post-processing

As for the other X-ray imaging modalities, the factors that 
must be taken into account when considering image quality in 
 fluoroscopic imaging include contrast resolution, spatial resolu-
tion, and temporal resolution (Cowen et al. 2008). While each 
of these quantities is  influenced and limited by the design of 
the fluoroscopic equipment, they are also highly dependent on 
equipment configuration and use.

21.3.3.1 Contrast Resolution

Subject contrast is inherently poor in fluoroscopic imaging com-
pared to radiography, especially at the high kV values used to 
maintain patient dose at an acceptable level. Fluoroscopic sys-
tems with different dose settings (selectable at the console) allow 
the user flexibility from patient to patient to adjust the compro-
mise between contrast resolution and patient dose. Contrast is 
greatly improved through the use of radiopaque markers on cath-
eters and other instruments, and through the use of exogenous 
contrast agents. Contrast agents for fluoroscopy are selected 
on the basis of their chemical properties, toxicities, and X-ray 
attenuation properties. Iodine and barium are two contrast 
agents commonly used in fluoroscopic imaging, with K edges 
of 33 and 37 keV, respectively. The signal from iodine contrast 
is highly dependent on the X-ray spectrum used to image the 
contrast agent. The maximal contrast occurs when the polyen-
ergetic X-ray spectrum is optimized to be predominantly just 
above the K edge. However, the use of such low X-ray energies 
may lead to excessive patient dose, requiring careful selection of 
kV and appropriate filtration. As already introduced, the advent 
of high heat capacity X-ray tubes and high-power generators has 
made spectral shaping available. As many low energy X-rays that 
would contribute only to patient dose are removed, a lower kV 
can be used at the same patient dose rate, resulting in improved 
iodine contrast. The energy fluence of the X-ray beam is greatly 
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reduced by the addition of Cu filtration, and the tube current must 
be increased to high levels (50–400 mA) to maintain acceptably 
short pulse widths. As patient thickness increases, the additional 
Cu filtration is gradually reduced to maintain short pulse widths 
and acceptable tube loading and to not increase the SNR by 
much. The noise level in fluoroscopic images is, in fact, already 
necessarily high, as a low IAKR is typically used to maintain the 
patient dose at an acceptable level.

Modern fluoroscopy systems have a number of software  features 
that help reaching the achievable image quality. The use of edge 
enhancement software may improve visualization of vessels and 
other anatomic structures, and density equalization software has 
selectable parameters to reduce the contrast of bright areas, reduce 
flare, and boost the brightness of dark areas. Other software 
includes selectable parameters that modify the manner in which 
the contrast of imaged structures is displayed, a feature similar to a 
continuously adjustable characteristic curve for the display system.

21.3.3.2 Temporal Resolution

The excellent temporal resolution and its ability to provide real-
time images are the advantages of fluoroscopy in comparison to 
radiography. However, both II and FPD systems exhibit image 
persistence or “ghosting”. Because the phosphorescent light of 
the scintillation surface undergoes a period of decay, light emis-
sions from a previous image may persist as a “ghost” and degrade 
image quality. In FPD, this source of ghosting is limited by using 
a bright internal light source that flashes to reset the scintillation 
surface to background levels and an offset current.

Other than ghosting, a temporal blurring typically called 
image lag is also present. Lag implies that a fraction of the image 
data from one frame carries over into the next frame.

21.3.3.3 Noise

Fluoroscopy systems provide excellent temporal resolution, a 
feature that is the basis of their clinical utility. However, fluo-
roscopy images are also relatively noisy, and under certain cir-
cumstances it is appropriate and beneficial to (reduce) temporal 
resolution for lower quantum noise.

This can be accomplished by averaging a series of images. 
Different temporal averaging algorithms can be used, but a 
common approach to frame averaging is called recursive filter-
ing. Recursive filtering is an image processing technique that 
combines portions of both the most recent fluoroscopic frame 
and several previous fluoroscopic frames to reduce noise in the 
resultant image. The recursive filter is thus a moving filter that 
incorporates information from several frames into the current 
fluoroscopic frame, reducing noise in the final image. Both quan-
tum (X-ray) noise and additive noise from the video camera or 
image receptor are averaged.

The recursive filter works well if changes in the image from 
one frame to the next are small. In anatomical regions where 
motion is rapid, excessive recursive filtering can lead to unac-
ceptable artificial lag. Artificial lag may also be noticed if instru-
ments are moved rapidly or if the patient table is shifted. Most 
modern fluoroscopic systems use motion detection algorithms or 
other methods to prevent artificial lag. These algorithms moni-
tor the change in image pixels from one frame to the next, and 

if the change exceeds a preselected threshold, the strength of the 
recursive filter is reduced until the image stabilizes. The strength 
of the filter also reduces fluoroscopic contrast. The compromise 
depends on the specific fluoroscopic application and the prefer-
ences of the user. Aggressive use of frame averaging can provide 
lower-dose imaging in many circumstances. Mobile fluoroscopy 
systems use X-ray tubes with limited output, and consequently 
temporal frame averaging is a common feature. In fixed C-arm 
systems, whereas some lag is usually beneficial for unrecorded 
fluoroscopic viewing, for recording dynamic events such as 
in DSA, lag is undesirable and recursive filtering modes are 
disabled.

In modern systems, recursive filters are no longer used and 
have been replaced by advanced processing that employs a dif-
ferent noise reduction function. This new algorithm promises to 
reduce the noise, without introducing any lag and, consequently, 
to improve the ability of accurately confirm the location and ori-
entation of the catheter tip in the fluoroscopic images, without 
the need of using digital acquisition.

More advanced algorithms include real-time image process-
ing. The image processing chain uses several features to improve 
image quality.

First of all, the real-time automatic pixel shift feature is used to 
reduce the anatomical structure noise, which is introduced in the 
subtracted image by patient motion or accidental table motion. 
By minimizing this undesired noise source, quantum noise will 
become the dominant noise source in DSA images.

Another feature is the temporal averaging of consecutive 
images to create a combined mask and a combined live image. 
Temporal averaging will reduce the amount of temporally uncor-
related noise, such as quantum noise. Contrast material detec-
tion functionality will demonstrate changes in the iodine bolus 
 location and prevent this contrast material from being washed 
out by temporal averaging.

The third important feature of the algorithm is the spatial 
noise reduction. The first analysis phase aims to highlight the 
predominant signal structures on the image. These structures 
will be excluded from the low-pass spatial filter in the second 
phase. The combination of phases will only smooth the parts of 
the image that are considered featureless.

Benefits of these new algorithms include noise and artifact 
reduction, also on moving structures and object; image enhance-
ment and edge sharpening; and automatic, real-time patient and 
accidental table motion correction on live images.

21.3.3.4 Spatial Resolution

The intrinsic limiting resolution of modern fluoroscopy detectors 
is quite high.

In II systems, the many signal conversions that occur degrade the 
sharpness of the fluoroscopic image. Electronic magnification (i.e., 
deminify the fluoroscopic image by selecting a smaller portion of 
the input phosphor to project on to the output phosphor) improves 
the spatial resolution, but at the same time decreases minifica-
tion gain and decreases the sampling pitch of the input phosphor, 
thus increasing noise. To compensate, the technique factors are 
adjusted in order to maintain a constant perceived noise level in the 
displayed image. In an XRII, the IAKR usually increases as the 
ratio of the areas of the FOV as the image is magnified.
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FPDs for fluoroscopy are designed to deliver similar or better 
spatial resolution as image-intensifier systems. In many systems, 
the full sampling resolution of the flat panel is maintained, inde-
pendent of the displayed FOV. The video device and the effective 
sampling matrix size across the FOV, which determines the pixel 
dimension in the displayed image, mostly govern the  limiting 
resolution of the entire system. With image zoom and panning, 
however, the full inherent spatial resolution of the acquired 
image can be obtained, regardless of the mode of operation. 
For systems with detector element binning, the intrinsic resolu-
tion is reduced by the binning factor.

Geometric magnification, achieved by moving the detector 
away from the patient, when used in conjunction with a small 
focal spot, can be useful in overcoming the spatial resolution 
limitations of a fluoroscopy system. However it necessarily 
increases the dose.

21.4 Dosimetric Consideration in Fluoroscopy

Millions of fluoroscopically guided interventional (FGI) proce-
dures are performed annually, offering tremendous benefit over 
alternative invasive surgical procedures, faster recovery times, 
and improved patient outcomes and quality of life. As both tech-
nology and clinical practice continue to rapidly advance, more 
and more diagnostic and curative procedures are making use 
of fluoroscopic imaging. The growing use and increasing com-
plexity of interventional procedures have been accompanied by 
a renewed focus on the management of ionizing radiation dose 
in order to ensure the highest safety for both patients and staff. 
Fluoroscopic procedures (particularly prolonged interventional 
procedures), in fact, may involve high patient radiation doses, 
which can give rise to both stochastic and deterministic effects 
(see Section IV, Chapter 66 of this book).

21.4.1 Radiation Safety Considerations for Patients

Stochastic risk is generally associated with an assessment of 
the increase in likelihood of the occurrence of cancers result-
ing from exposure to radiation. For any procedure involving the 
use of X-rays, the potential benefits of the procedure must be 
weighed against the stochastic risk. The exact magnitude of this 
risk remains under active debate for the relatively lower levels of 
radiation typically administered in medical imaging procedures. 
For interventional procedures, the risk/benefit balance is dif-
ferent from screening procedures, because the patient is known 
to have a serious medical condition that will very likely benefit 
from treatment.

The main radiation concern for patients in interventional pro-
cedures is usually deterministic risk, which is the tissue damage 
that will occur if radiation exposure exceeds certain thresholds. 
The tissue at greatest risk is usually the skin at the entrance loca-
tion of the incident X-ray beam, where the intensity is great-
est. Despite the fact that the number of these radiation injuries 
remains relatively small, they have a major impact on the patients 
who are affected. The skin response follows a specific pattern. 
The time period between the irradiation of the skin and the time 
that the effects appear as well as the threshold doses vary. The 
reactions can be prompt, early, midterm or long term.

• Prompt reactions: Prompt reactions occur less than 
2 weeks after irradiation. A transient erythema appears 
from 2 to 15 Gy. Above 15 Gy, the erythema progresses 
into an acute ulceration that needs a surgical intervention.

• Early reactions: Early reactions occur from 2 to 8 
weeks after irradiation. The effect is epilation from 2 
to 5 Gy and epilation associated to erythema from 5 to 
10 Gy. From 10 to 15 Gy, a dry or moist desquamation 
can also occur. Above 15 Gy, an epilation, an erythema 
and a moist desquamation appear.

• Midterm reactions: Midterm reactions occur from 6 to 
52 weeks after irradiation. From 5 to 15 Gy, the epila-
tion appeared in the first weeks (early reactions) can 
become partially permanent or even totally permanent. 
Above 15 Gy, there is a dermal atrophy, it corresponds 
to a secondary ulceration due to failure of moist des-
quamation to heal that needs a surgical intervention.

• Long-term reactions: Long-term reactions occur more 
than 40 weeks after irradiation. From 5 to 15 Gy, the 
erythema appeared in the first weeks (early reactions) 
can lead to dermal atrophy that needs a surgical inter-
vention. Above 15 Gy, the dermal atrophy is more 
 serious and needs surgery.

Fluoroscopically guided procedures can also result in high 
operator doses, and radiation safety is a critical component of 
a fluoroscopic imaging program. Patient and operator dose 
are strictly correlated, and optimizing patient dose means also 
reducing staff doses.

Radiation dose is optimized when imaging is performed with 
the least amount of radiation required to provide adequate image 
quality and imaging guidance. This process requires that all the 
factors affecting patient dose are taken into consideration and that 
actions are taken be taken before, during, and after a fluoroscopic 
procedures (Miller et al. 2010). A summary of actions to be taken 
is provided in Table 21.3.

21.4.1.1 Before the Procedure

Estimating the likelihood and severity of patient radiation effects 
requires consideration of:

• Demographic factors: It is well known those young 
patients are at higher risk of radiation-induced cancer 
compared to adults, since they are more susceptible 

TABLE 21.3

Schematic Summary of Dose Management in Fluoroscopy

Step Actions

Before the 
procedure

Identify patients at higher risks
Equipment selection, evaluation and optimization
Training and education of the personnel involved

During the 
procedure

Optimize the practice
Use dose reduction tool
On-line dose monitoring (and trigger levels)

After the 
procedure

Evaluate the practice (Diagnostic reference level [DRL])
Dose tracking
Follow-up of high-dose patients
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to radiation dose and have a longer life expectancy. 
The risk is estimated to be three-times higher in young 
children compared to the risk of the adult population. 
For these reasons, in young patients the stochastic risk 
has to be considered of primary concern compared to 
the deterministic one. 

  Patient weight play also an important role in terms 
of radiation-induced risk due to the poor penetration, 
which is compensated by the equipment varying the 
exposure factors and, thus, increasing the exposure, 

and the closer proximity of the source to the patient. 
Figure 21.14 is a graphical representation of the varia-
tions of dose with patient size.

  Figure 21.15 reports the measured values of Entrance 
Surface Air Kerma (ESAK) to a phantom of variable 
thickness for the three fluoroscopy modes (low, normal, 
and high) of protocol defined in a cardiac angiography 
equipment.

• Medical history factors: Certain clinical conditions, 
including genetic disorders, coexisting disease as diabetes 

FIGURE 21.14 Schematical representation of the dose variations as a function of different patient thicknesses.
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mellitus and connective tissue disorder, use of medica-
tion and drugs and poor nutritional state, are suspected 
to pre-dispose patients to radiation-induced skin injuries.

  Also, a recent high-dose procedure can result in the 
induction of effects at lower doses, depending on the 
radiation dose from previous procedures and the time 
interval between previous procedures and the planned 
procedure.

  Pregnancy should prevent performance of fluo-
roscopy-guided procedures, except in case of critical 
conditions. In the latter case, all possible feasible expe-
dients to minimize conceptus dose have to be applied.

• Procedure factors: Some types of interventional radi-
ology procedures (i.e., neuro embolization, transjugu-
lar intrahepatic portosystemic shunt, complex cardiac 
interventions) are known to be “high dose” and, thus, to 
be associated with a higher risk for deterministic effects.

• Equipment: Procedures that may result in a clini-
cally significant radiation dose should be performed 
by using fluoroscopic compliant with International 
Electrotechnical Commission Standard 60601-2-43. 
A medical physics expert should verify the appropri-
ateness of measured exposure rates for typical clinical 
scenarios prior to the first clinical use of the equipment 
and repeat at least annually to ensure that patient radia-
tion dose rates are consistent with those necessary to 
provide appropriate image quality.

• Training: Physicians performing fluoroscopically 
guided procedures should be trained in the safe use of 
fluoroscopic equipment in order to get familiar with 
dose-saving features of each type of equipment they 
use and the available tools to reduce patient dose and to 
understand the meaning of the dose indicators provided.

21.4.1.2 During the Procedure

Dose optimization is possible through appropriate use of the basic 
features of interventional fluoroscopic equipment and intelligent 
use of dose-reducing technology. Many technical parameters can 
be adjusted during the procedure to reduce radiation use or to 

improve image quality. These parameters include the choice of 
magnification, projections, and distances (Mahadevappa 2001).

As previously discussed, the use of magnification leads to an 
increase of radiation. The increment is ∝ 1/FOV2 for II systems 
and ∝ 1/FOV for FPD-based equipment. Therefore the lowest 
electronic magnification (largest FOV) required to perform the 
procedure has to be preferred.

Steep oblique or craniocaudal beam orientations increase the 
length of the radiation path through the body as compared with 
a posteroanterior (frontal) projection. As a result, these beam 
 orientations require an increase in radiation output, sometimes 
by a factor of 10 or more, as compared with a posteroanterior 
projection (see Figure 21.16).

The proximity of the X-ray source to the entrance skin sur-
face that is necessitated by these steep angles, according to the 
inverse square law, also results in an increase in skin dose (see 
Figure 21.17).

For the same reasons also the source-to-detector distance, for 
a fixed source-to-patient distance can play a role in reducing 
the dose and increasing the image quality, producing a sharper 
image. Positioning the image receptor as close to the body part as 
possible within the C-arm dramatically reduces patient exposure 
(see Figure 21.18).
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FIGURE 21.16 Variation of the entrance surface air kerma the projection 
angle.
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FIGURE 21.17 Representation of the variation of the entrance surface air kerma at different source-to-patient distance with constant source-to-detector 
distance.
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Modifying the projection will not only reduce the patient dose, 
but also spread the radiation field on the patient’s skin reduc-
ing the peak skin dose, which is potentially responsible for any 
deterministic effect.

Peak skin dose reduction can be achieved also though the use 
of proper collimation. Even with dose spreading techniques, 
different irradiated fields can overlap on the skin surface. Tight 
collimation may prevent overlap (Figure 21.19). Modern systems 
support asymmetrical collimation.

Besides procedure optimization, operators are provided, in 
modern equipment, with various tools developed to help in reduc-
ing dose. The last image hold is an example. Last-image-hold is a 
feature that maintains the last fluoroscopic image on the viewing 

monitor while fluoroscopy is deactivated. It is achieved by contin-
uously digitizing images in real time and temporarily storing them 
in a digital video frame memory. Last-image-hold allows the fluo-
roscopist to examine the image on the monitor for as long as neces-
sary, using no additional radiation. Since in modern systems there 
is the possibility to store fluor images, the last-image-hold might 
lead to a reduced number of fluorographic (high-dose) images 
acquired. If a fluoroscopy loop provides adequate  information for 
diagnosis or documentation, storing it instead of an fluorographic 
run can provide substantial dose savings.

Moreover virtual table movements, virtual collimation, and 
magnification can be operated on the last-image-hold without 
using additional fluoroscopy.

A more recent feature introduced is the spot fluoroscopy. This 
aims to reduce the exposed area during a projection. The opera-
tor can collimate asymmetrically around the detail of interest. 
Fluoroscopy will be performed only in collimated region, while the 
last-image-hold will be left in background to be used as reference.

Despite the optimization of the procedure and the use of 
dose reduction tools, high doses are sometimes unavoidable. 
For this reason, radiation dose should be monitored throughout 
the  procedure, ensuring that the operator is aware of how much 
radiation dose is received by the patient. For this purpose, differ-
ent dosimetric indicators have been used over the years to help 
operators in estimating patient dose, as fluoroscopy time, air 
kerma-area product, and reference air kerma.

Fluoroscopy time is the total amount of time during which 
fluoroscopy is utilized throughout the procedure. It still used 
as a surrogate for patient dose in fluoroscopy. It is, however, far 
from ideal, as it ignores many large contributions to patient dose, 
including digital acquisition imaging, which can be the larg-
est contributor to patient dose during fluoroscopic procedures. 
Moreover it does not account for fluoroscopy rate, patient size, 
beam size, and beam position.

Air Kerma-Area Product (KAP) represents the total energy 
released to the patient. It can be directly measured using a KAP 
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FIGURE 21.18 Representation of the variation of the entrance surface air kerma at different source-to-detector distance with constant source-to-patient 
distance.

FIGURE 21.19 The black overlapped surface could be avoided if proper 
collimation (dashed lines) was used.
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meter, or it can be calculated from known operating param-
eters. While KAP is an ideal quantity for assessing stochastic 
risk, it has limited application as an indicator of skin dose. In 
fact, it does not have the ability to distinguish between low 
doses over large fields and very high doses over small fields.

Reference air kerma (known also as cumulative air kerma) 
is the total dose accumulated during the procedure in a point 
explicitly defined by the manufacturer in respect to the radiation 
source, the isocenter of the equipment or the detector. For inter-
ventional equipment this point is called interventional reference 
point (IRP) and is located 15 cm below the isocenter towards the 
source along the source to detector axis. It should be represen-
tative of the position of patient skin during a standard cardiac 
procedure. However, the location of the IRP does not vary with 
changes in C-arm angle or focus to image distance (while the 
portion of skin irradiated does). Consequently, the dose is dis-
tributed over the skin throughout the procedure, while it is accu-
mulated in the IRP. Furthermore, in a projection, the IRP may be 
outside the patient, may coincide with the skin surface, or may 
be inside the patient (Figure 21.20). As a consequence, the refer-
ence air-kerma might not be representative of the peak skin dose 
actually received by the patient. Lastly, the reference air-kerma 
is measured free in air and does not account for backscatter, table 
and pad attenuation, or tissue absorption.

Peak skin dose can be measured with some degree of accu-
racy using various dosimeters, as thermoluminescent dosimeters 
(TLDs) arrays and radiochromic film. However, measuring the 
peak skin dose for every patient is not feasible, and is extremely 
expensive and time consuming. Direct measurements have been 
instead used to determine specific trigger levels by studying the 
correlation between the peak skin dose measured and the dosi-
metric indicator (i.e., KAP and reference air kerma) in a sample 
of procedures. The purpose of these levels is to alert the operator 
about possible skin damage when the level is exceeded.

Some modern interventional equipment is now able to estimate 
skin dose estimation and to display it in real time on an intuitive 
and easy-to-interpret patient graphic (Figure 21.21).

21.4.1.3 After the Procedure

If a significant radiation dose has been administered, follow-up of 
the patient might be appropriate, as indicated by the ICRP publi-
cation no. 85. But even if the dose did not exceed the threshold for 
deterministic effects, recording patient dose is considered good 
practice. In the vast majority of countries, dose recording was a 
legal obligation by competent authorities before electronic tools 
like Hospital Information Systems (HIS), Radiology Information 
Systems (RIS), Picture Archiving and Communication Systems 
(PACS), or software tools for dose management were available. 
Hence, for many years paper forms tailored to the After dissemi-
nation of the DICOM (Digital Imaging and COmmunications in 
Medicine) standard, different DICOM objects have been widely 
used to store dosimetric information. The availability of stan-
dard repository objects and the increased awareness of radiation 
risk has led the development of patient-exposure-data monitoring 
solutions to support and facilitate the optimization of radiation 
protection of patients. The exposure-data-management systems 
further provide objective information to health care profession-
als and authorities who are responsible for ensuring justified and 
optimized use of radiation in medicine.

21.4.2 Radiation Safety Considerations for Operators

Unlike other modalities, staff dose in fluoroscopically guided 
procedures might represent an issue and raise concern. Operators 
and other personnel remaining in the procedure room during 
fluoroscopically guided procedures are exposed to scattered 
radiation and are at risk of developing both stochastic effects, 
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FIGURE 21.20 Position of the interventional reference point in different projections.
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including cancer, and deterministic effects, namely cataracts. 
Occupational radiation protection requires appropriate education 
and training of the operators and the availability of appropriate 
protective tools and devices, as well as of adequate equipment.

Non-essential personnel should exit the room while fluoroscopy 
is activated and those persons remaining in the room should wear 
protective garments made of lead or an acceptable lead-free mate-
rial. Mobile barriers are useful for reducing the radiation dose to 
persons who remain stationary during procedures, and suspended 
shields can be used to reduce the dose to the face, eyes, and neck 
of physicians while they are near the patient. It should be noted 
that the highest scatter radiation fields occur near the patient 
entrance field; therefore, standing closer to the image receptor is 
generally consistent with lower occupational dose levels.
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22
Dental Radiography

Ralf Kurt Willy Schulze

22.1 Preface

This chapter deals with two-dimensional (2D) radiography applied 
in dentistry. “Dentistry” is interpreted in this context to include 
radiographic 2D-imaging of the entire dento-maxillofacial ana-
tomical complex: the maxilla, the mandible, and infraorbital 
region. Alternatively, this anatomical complex is also termed the 
“dentomaxillofacial region” (or “dentomaxillofacial complex”). 
In this chapter, the term dental radiography will be used for con-
ciseness and consistency, although various alternative names are 
sometimes used. In this sense, dental radiography comprises all 
techniques included in dental and oral and maxillofacial radiogra-
phy. Dental radiography has always played an integral role in the 
process of dental diagnostics and treatment. Assessment of early 
stages of carious lesions is a typical example for very basic and rou-
tine radiographic diagnostics. Many dental treatment procedures, 
such as endodontic (root canal) treatment, dental implant place-
ment, or surgical removal of retained or ectopic teeth, rely on radio-
graphic images as fundamental information, without which these 
treatments would hardly be feasible at all. Chair-side radiographic 
equipment is required to enable such treatment, which inherently 
relies on the radiographic assessment of intermediate and/or final 

treatment steps. These factors made dental radiographs in many 
countries to be the most frequently acquired radiographic images 
among all medical radiographs (European Commission 2008). 
Consequently, in many countries, roughly one-third of all radio-
graphic images are related to dentistry (European Commission 
2008). Given the global distribution of dental radiography and its 
extensive application in a high percentage of the global population, 
dental radiography largely contributes to the entire share of global 
medical X-ray imaging. The transition from film-based to digital 
techniques over the last two decades fundamentally changed tech-
niques, and also their application in dental imaging. This chapter 
attempts to summarize the historical background of dental radiog-
raphy, and to provide an overview of the anatomical targets that are 
involved with it. In addition, the two-dimensional (2D) techniques 
are explained together with their technical background, which is 
sometimes unique (e.g., in panoramic radiography). Dose issues 
as well as radiation protection measures are also discussed in this 
chapter. The chapter covers intra- as well as extraoral radiographic 
techniques, and also provides typical example images. It concludes 
with an outlook on future perspectives as they are foreseeable 
at the time of writing in the middle of the second decade of the 
twenty-first century.
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Note that the chapter does not cover established three-dimen-
sional techniques such as the oral and maxillofacial application 
of Cone Beam Computed Tomography (CBCT). The latter topic 
is extensively discussed in Chapters 35 and 42 of this book.

22.2  Historical Background of 
Dental Radiography

Only a couple of months after the pioneering discovery of X-rays 
by Wilhelm Conrad Röntgen in 1895, and only two weeks after 
Röntgens respective publication (Röntgen 1895), the German 

dentist Otto Walkhoff of Braunschweig produced the first dental 
radiograph acquired in a living person (Forrai 2007).

Walkhoff had asked the physicist Professor Giesel, in 
Braunschweig, to take an X-ray of his own molars (Forrai 2007). 
The exposure time was extremely long, amounting to a total of 25 
minutes. This explains the unsharpness clearly evident in the radio-
graph (Figure 22.1). Walkhoff used small pieces of X-ray sensi-
tive suspension-containing photographic glass plates wrapped in 
light-proof shielding, and placed these in the mouth of the patient 
(Forrai 2007). Only a few weeks later, the German physicist 
Professor Walter Koenig published a radiograph of maxillary and 
mandibular front teeth plus another 14 photographs with X-rays 

FIGURE 22.1 The first dental radiograph, in 1896, produced in a living person by the German dentist Otto Walkhoff of Braunschweig. (Reproduced with 
permission from Courtesy Deutsches Röntgenmuseum, Remscheid, Germany.)
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(Forrai 2007). While these early applications represent the starting 
point for dental radiography, they were taken in a rather prelimi-
nary experimental setup rather than in a clinical setting. The intro-
duction of wrapped dental radiographic films by Eastman Kodak 
in 1913 made handling easier, and certainly enhanced patient 
comfort. Forty-five years later, the introduction of panoramic radi-
ography (Figure 22.2) in 1948 (see also Section 22.4.2.2.1) revolu-
tionized dental radiography. With this technique, a full overview 
over the teeth in the lower and upper jaw, plus the jaws themselves, 
became possible by means of a convenient and patient-friendly 
method. The introduction of digital technology into dental radi-
ography took until 1984, when Francis Mouyen from Toulouse, 
France filed his patent for an intraoral image capturing sensor 
(Mouyen 1984). Under the term RadioVisioGraphy the group 
around Mouyen in 1989 published their first experimental results 
(Mouyen et al. 1989). In the 1990s, the advance of digital technol-
ogy enabled a number of interesting technological developments in 
radiography. For instance, tomosynthetic imaging (tomosynthesis) 
experienced a revival and substantial advancement, resulting in 
several medical applications (Dobbins and Godfrey 2003). Dental 
radiography played a major role in this advancement, as one special 
tomosynthetic imaging method was invented by the American den-
tist and physicist Richard L Webber: Tuned Aperture Computed 
Tomography (TACT) (Webber 1997; Webber et al. 1997). TACT 
was designed to acquire planar parallel slice-images through the 
object from an arbitrary number of 2D-radiographs exposed from 
a different angle. This novel technology is very flexible in nature 
and can be adapted to the task under investigation. Preliminary 
clinical studies indicated its high potential, for example in caries 
diagnostics (Webber and Messura 1999; Nair and Bezik 2006) or 
carious lesion detection (Shi et al. 2001). However, the advent of 
Cone Beam Computed Tomography (CBCT) and its successful 
marketing up to now impeded the further development and clini-
cal application of the technique. CBCT certainly marked the latest 
fundamental milestone in dental radiography. It was first intro-
duced in 1998 by the Italian group around Piero Mozzo of Verona, 
Italy (Mozzo et al. 1998) and the Japanese group around Yoshinori 
Arai from Nihon University, Tokyo (Arai et al. 1999). As stated 
above, however, CBCT as an inherently 3D technique does not 
fall within the scope of this chapter, and is discussed in detail in 
Chapter 35 and specifically, in Chapter 42 of this book.

22.3  Anatomical Targets in Dental Radiography

In a narrow sense, dental radiography only involves the teeth plus 
the jaw bones (mandible and maxilla). This narrow definition, how-
ever, is often incomplete, since it does not cover the adjacent ana-
tomical structures of the facial bones that are also often of interest 
for dentists, oral surgeons, or orthodontists. In a more complete 
approach, the target region is commonly extended to the entire ana-
tomical region, generally referred to as dentomaxillofacial complex 
(see above). It comprises the teeth, the jaws (maxilla and mandi-
ble), including the respective soft tissues (e.g., the tongue), plus the 
adjacent facial bones and soft tissues related to the oral cavity and 
the facial structures (Figure 22.3). The Dental Board of Australia 
(2010) defines the target area (Figure 22.4) as “hard and soft tissues 
of the oral and maxillofacial region, and […] other structures that 
are relevant for the proper assessment of oral conditions.”

FIGURE 22.2 Panoramic radiograph of a relatively young fully dentate 
person.

FIGURE 22.3 Lateral cephalometric radiograph collimated cranially to 
reduce dose. Note the clearly visible soft tissue profile representing a typical 
characteristic of this type of radiograph.

FIGURE 22.4 The dentomaxillofacial complex (marked in lighter shade) 
comprising the facial bones, which represent the anatomical target region of 
oral and maxillofacial radiology.
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22.3.1 The Teeth

Obviously, the teeth are the predominant target for dental radiog-
raphy. With a maximum number of 32 in the presence of a full set 
of wisdom teeth, dentists divide the set of teeth into four quad-
rants. The first quadrant represents the maximally eight teeth on 
the right side of the upper jaw (maxilla), the second quadrant 
those on the left upper side. Consequently, the third quadrant 
represents the maximally eight teeth located on the left side of 
the mandible, while the fourth quadrant denotes those eight teeth 
on the right mandible side. Sides are always denoted from the 
patient’s viewpoint. In other words, starting from the right upper 
side, the quadrants are assigned counter-clockwise (again from 
the patient’s viewpoint, see Figure 22.5).

22.3.2 The Mandible

The entire mandible lies within the focus of dental radiography. 
Its tooth-bearing alveolar process represents the major target 
of the mandible, since pathologies related to the teeth can be 
found here. The mandibular body from the chin to the ascend-
ing ramus may contain other pathologies such as cysts, tumors, 
metabolic or drug-related bone diseases, or fractures. At its dor-
sal cranial end, the condyles of the mandible form a primary 
radiological target. Inflammatory or traumatological diseases in 
the temporo-mandibular joint (TMJ) can be primarily detected 
by radiographic images. In this context, it is noteworthy to men-
tion that the very widely found cranio-mandibular-dysfunctions, 
in combination with pain, do not correlate to morphological 
changes in the joint. Thus, in these cases, as clearly pointed 
out in the European Guidelines for CBCT in general, “radio-
graphs do not add information of relevance to management” 
(European Commission 2012) and should only be taken to rule 
out other causes. The condylar process with the condyle at its 
distal end is a frequent site for fractures and, thus, also a primary 
target for radiography. On the other hand, the coronoid process 
is only of minor importance for radiographic evaluation, since it 
only rarely fractures, and other pathologies are not commonly 
associated with it.

22.3.3 The Maxilla

The maxilla forms the upper jaw and, thus, a large part of the 
facial bones. Its structure is complex and it contains many 
regions of interest for radiographic examination. As in the man-
dible, the alveolar process lies within the predominant focus of 
a dentist and, as such, also of dental radiographic evaluation. 
The paired maxillary sinuses have strong effects on the poste-
rior teeth (premolars, molars) as pathological conditions in the 
sinuses may also invade the teeth and vice-versa. In addition, 
implant surgery often requires a specific procedure (sinus floor 
elevation) in which the basal part of the maxillary sinus has to be 
radiographically assessed before and sometimes also after sur-
gery. Some radiographs are explicitly aiming at the maxilla. For 
instance, Waters projection (see Section 22.4.2.3.2.5) was devel-
oped to investigate the maxillary sinuses plus the sphenoidal (and 
frontal) sinuses. The maxillary bone is of complex geometry and 
forms the lateral wall and the floor of the nasal cavity. The latter 
may also lie in the focus of dental radiographic evaluation. As 
the maxilla also forms the bony floor of the orbits, radiographic 
examination will inherently expose the eye to some radiation. 
This is deemed critical, as the eye suffers from lens clouding 
(cataract). Recent evidence resulted in recommendations to lower 
the threshold for exposure once more (Stewart et al. 2012). The 
geometric shape and the proximity of different anatomical struc-
tures render radiographic evaluation of the maxilla a rather com-
plex task. The paired palatal bones are located directly adjacent 
to the maxilla at its dorsal end and, thus form the dorsal end of 
the hard palate. Even though they do not, in a strict anatomical 
sense, belong to the maxilla, in clinical terms they are often con-
sidered as being part of it. Maxillary and neighboring structures 
are a common locus for pathological conditions or dental proce-
dures; hence, this anatomical region obviously represents a major 
focus for dental radiography.

22.3.4 The Facial Bones

The facial bones are also termed “viscerocranium” or “splanch-
nocranium.” Their counterpart is the neurocranium, which 
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FIGURE 22.5 Teeth scheme used by dentists which sorts the teeth into four quadrants from the upper right (1st) quadrant clockwise to the lower right (4th). 
Within each quadrant, the teeth are numbered from the midline towards the posterior region.
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comprises those bones that essentially form the cranial cavity 
which contains the human brain. According to the most com-
mon definition, the facial bones (see Figure 22.4) consist of the 
following bones:

• Maxilla

• Mandible

• Nasal bones

• Palatine bones

• Lacrimal bones

• Vomer

• Zygomatic bones

• Inferior nasal conchae

As is obvious from this list, large parts (mandible, maxilla, 
palatine bones) of the facial skeleton/skull have been discussed as 
anatomical target areas in prior sections. However, the remaining 
parts (e.g., the nasal and lacrimal bones or the zygomatic bones) 
also represent important target regions for dental radiography. 
Extraoral projection radiography (Section 22.4.2.3, see also 
Table 22.4) focuses on imaging of these structures. Particularly 
trauma situations often require radiographic evaluation of the 
facial bones to identify or rule out fractures. In panoramic radi-
ography (Section 22.4.2.2), some of the facial bony structures 
(e.g., the zygomatic bone) form a characteristic key image that is 
commonly used for evaluation. Measurements of facial anatomy, 
as carried out on cephalometric radiographs (Section 22.4.2.2.1), 
often include landmarks located in the anatomical region of the 
facial bones, yet outside the mandible or the maxilla.

22.4 Techniques

2D dental radiography comprises quite different techniques that 
can be distinguished into the two major subgroups intraoral radi-
ography and extraoral radiography. This terminology refers to 
the position of the image receptor inside or outside the patient’s 
mouth, respectively. Both intraoral and extraoral radiography 
comprise different specific techniques that will be described in 
detail in the following. Extraoral techniques define a relatively 
loose accumulation of all those radiographs acquired in dental 
radiography that do not belong to intraoral radiography.

22.4.1 Intraoral Radiography

Intraoral radiography is defined by an intraorally placed recep-
tor and an extraorally positioned X-ray source. Intraoral radio-
graphs, together with panoramic radiographs, represent the 
most common dental radiographs. It is generally believed that 
intraoral radiography is still the most common radiographic 
technique used in dental imaging (Vandenberghe et  al. 2010). 
Technically speaking, in intraoral radiography a small ana-
tomical region of the dentoalveolar process is projected onto a 
small detector placed in the oral cavity. Intraoral radiographs 
are required for many routine diagnostic and therapeutic daily-
procedures such as endodontology, periodontal assessment and 
treatment, carious lesion detection, detection of periapical bony 
pathology, and so on. When taken with proper diagnostic quality, 

“intraoral images reveal evidence of disease that cannot other-
wise be found” (Farman 2014). Three principle configurations 
are applied: bitewing radiography, periapical radiography, and 
occlusal radiography.

22.4.1.1 Intraoral Radiography—Targets

Obviously the main targets of intraoral radiography are the 
teeth. Intraoral radiographs aim at reproducing the tooth crowns 
(bitewing radiographs), the marginal alveolar bone, or, very 
commonly, the roots of the teeth (periapical radiographs) under 
investigation. In addition, intraoral radiography comprises occlu-
sal projections. The anatomical targets of the latter in the case of 
maxillary occlusal radiography are the anterior hard palate, as 
well as anterior parts of the nasal cavity and the maxillary sinus. 
In some instances, also, the posterior parts of the hard palate are 
investigated with this type of radiograph. Mandibular occlusal 
radiography images the floor of the mouth as well as the anterior 
portion (and sometimes also the posterior portion) of the man-
dible in an axial direction.

Regarding potential pathology, intraoral radiography aims to 
detect hard tissue (teeth, bone) pathology that is otherwise hid-
den in the teeth or bone. Carious lesions are certainly the prime 
target in the tooth-crown or the cervical root region (bitewing 
radiographs, see below). Pathology in the root-surrounding bone 
(periradicular, periapical) represents another major target of 
these radiographs in periapical projection. Other bony patholo-
gies that can be visualized on intraoral radiographs (periapical 
projection, see below) include residual infections, cysts, tumors, 
and inherent bone pathology (e.g., osteomyelitis, osteonecrosis, 
metabolic bony alterations, etc.).

The challenge for intraoral radiography lies in the spatially 
constricted anatomical environment, in combination with some 
geometrical obstacles, for example the hard palate or the tongue. 
Correct aiming is also beset with difficulties, as small structures 
of interest (the teeth) have to be projected onto small area detec-
tors that, to the largest part, are hidden inside the oral cavity of 
the patient. Patient collaboration is another limiting factor, since 
placement of the detector (see Figure 22.6) may be slightly pain-
ful. Some patients experience difficulties because of the pharyn-
geal reflex. These factors make correct acquisition of intraoral 
radiographs a challenging task that requires experience and sub-
stantial training.

22.4.1.2 Intraoral Radiography—Challenges

Intraoral radiography involves some challenges very specific to 
the technique itself. First, the small size image detector has to be 
placed inside the patient’s mouth, where it is generally not fully 
(in the region of the front teeth) visible or even hardly visible 
at all (e.g., in the region of the molar teeth). Second, the main 
targets, the teeth, are also small in size (approximately between 
10 and 25 mm in length) and, thus, their relative orientation 
to the image receptor is hard to estimate. Third, the operator/
radiographer is strongly dependent on the patient’s ability/will 
to cooperate. This is particularly important, since the patient 
may experience some pain when the image receptor is placed 
in the correct position, for example when the receptor is pressed 
into the floor of the mouth to guarantee an orientation roughly 
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parallel to the tooth’s main axis. While the floor of the mouth 
due to its soft tissue composition is flexible, the hard palate in the 
maxilla represents a completely inflexible anatomical obstacle. 
This results in an inevitable angle between the image receptor 
and the tooth axis that cannot be avoided if a rigid solid-state 
detector is used for exposure (Roeder et al. 2010). If a non-rigid 
image receptor is applied, for example a storage phosphor or den-
tal radiographic film, bending of the receptor is hard to avoid. 
Since many aiming devices (see below) for such detectors do not 
provide a rigid backing over the entire detector area, the use of 
the aiming device alone does not guarantee a flat (non-bended) 
receptor. A curved image plane, however, results in projective 
distortion that is no longer affine and cannot be rectified without 
additional references that provide sufficient information on the 
actual bending (Webber et al. 1984). All these obstacles result 
in a lack of reproducibility of projection geometry, particularly 
in periapical radiography, where the image receptor needs to be 
positioned in such that the root tips of the teeth under study can 
be projected onto it. Correct placement of the receptor and the 
cone, thus, requires some spatial sense of the radiographer.

For occlusal radiographs, receptor-damage may easily occur. 
Since the patient is asked to hold the receptor between the teeth 
of the upper and lower jaw by cautiously closing his/her mouth, 
high pressure may accidentally be impacted on the receptor. 
Due to the high costs, currently there are no solid-state detectors 
available in the required size for occlusal radiography (size 4, see 
Table 22.1). Thus, either film or storage phosphors are applied, 
which are both susceptible to mechanical damage that may 
occur if the patient uses excessive bite-force to hold the detector 
between the jaws.

These specific challenges are tackled by different approaches. 
Sufficient cooperation of the patient can often be achieved by 
suitable communication and guidance. For instance, the patient 
should be asked and instructed to relax his/her muscles during 
placement of the receptor. Regarding reproducibility of periapi-
cal and bitewing radiographs, specific aiming devices that reduce 
the number of degrees of freedom in the projection geometry 
were introduced many years ago. These will be discussed in the 
next section.

22.4.1.3 Intraoral Radiography—Devices

Dental X-ray sets for intraoral radiography (Figure 22.7) are 
compact X-ray sources with a tube-length of roughly >20 cm 
and a small field round collimation of approximately 6 cm. In 
other parts of the world, rectangular collimation represents the 
common standard. The collimating end-part of the tube is termed 
“cone” or “position indicating device” (PID).

The cone may come in different lengths, which translate to 
different source-to-object distances. Long cones may extend up 
to over 40 cm, while short cones are just above 20 cm. It appears 
that most manufacturers these days market shorter cones of just 
over 20 cm focal-spot-to-cone-end-distances, with a round open-
ing of 6 cm. If the cone has a cylindrical shape (Figure 22.7), it 
collimates the beam by a round opening orientated towards the 
patient.

This round collimation covers a larger area than the film or 
a digital detector (for sizes, see Table 22.1). Despite the general 
rule in radiographic imaging that the beam should be collimated 
to detector size, round collimation, nevertheless, can be justified, 
since it has been repeatedly shown that in certain situations col-
limation to actual detector size may result in aiming errors (van 
Straaten and van Aken 1982; Wenzel and Møystad 2010). Tube 
voltage is commonly in the range of 60 to 70 kV, in some cases up 
to 80 kV. In most cases, only the exposure time can be controlled 

FIGURE 22.6 Placement of intraoral sensor (shielded against contamina-
tion with a plastic-bag) and dental cone in a dental radiographic phantom.

FIGURE 22.7 Dental X-ray tube with ca. 20 cm cone-length.
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and altered by the operator. Of course, required exposure times 
depend on the detector. Approximately, they range between 0.15 
and 0.35 seconds for film (up to 1 second for outdated D-speed 
films!) and between 0.06 and 0.20 seconds for solid-state digital 
detectors and storage phosphors.

At the time of writing this chapter, three technical types of 
intraoral image receptors are (still) in use:

• Radiographic film

• Solid-state digital detectors

• Storage phosphor plates

While radiographic film over the last 100 years has repre-
sented the common standard, today more and more film is 
being replaced by digital receptors or storage phosphor plates. 
Radiographic film used today starts from D-speed (slowest) over 
E-speed to film F-speed (fastest). Of course, radiation protec-
tion considerations suggest that, if intraoral radiographs are still 
acquired on radiographic film, then the fastest available film 
should be used (American Dental Association 2012). The per-
centage of dentists in the world still working with radiographic 
film for intraoral radiography may be estimated to range between 
70% and 80%. Although there are no valid data available for the 
majority of countries, it is very likely that in most countries the 
transition from film to digital has increased in speed over the last 
few years. Intraoral radiographic films were typically grouped 
into five sizes (Table 22.1).

In the digital era, two types of receptors have been established: 
storage phosphor plates (“computed radiography”) (see also 
Section I, Chapter 12 of this book) and solid-state digital detec-
tors (“digital radiography”). As a first step into the digital world, 
storage phosphor plates are often preferred by the dentist, who 
had been trained on radiographic film and who is accustomed to 
a cable-less, thin, and flexible detector (Figure 22.8)

Solid-state digital receptors (Figure 22.9) started from CCD 
(charged-coupled-device) detector technology. Nowadays, more 
and more receptors based on CMOS (complementary metal 
oxide semiconductor) technology are marketed. Recently, active-
pixel-detectors with built-in integrated circuits are becoming 
more and more popular.

A typical intraoral solid-state detector has an external size of 
ca. 3 × 4 cm2 or smaller. The active detection area for techni-
cal reasons is somewhat smaller. The rigidity and thickness of 
solid-state detectors in combination with the cable necessary 
for data-transfer make this detector type challenging in intra-
oral applications. For obvious reasons, cable-less solid-state 
detectors have been the focus of many manufacturers for a long 
time. De facto, they had entered the market already in the early 
years of the new millennium. However, until recently, reliable 

TABLE 22.1

Typical Film Sizes for Intraoral Radiography and their Typical 
Application

Size No. Size (mm2) Typical Application

0 35 × 22 Periapical/bitewing (anterior)

1 40 × 24 Periapical/beriapical

2 40.5 × 30.5 Periapical/bitewing

3 54 × 27 Bitewing

4 57 × 76 Occlusal radiography

Source: Adapted from Farman, A.G. 2014. Intraoral radiographic techniques: 
Continuing education course, 1–37. Accessed April 20, 2016. http://
www.dentalcare.com/media/en-US/education/ce119/ce119.pdf.

FIGURE 22.8 Two sizes of storage phosphor plates used for dental radi-
ography: occlusal size (size No. 4, left side) and size No. 2 intraoral plate 
(right side).

FIGURE 22.9 Different types of solid-state receptors with cable-connection to the PC-interface.

http://www.dentalcare.com/media/en-US/education/ce119/ce119.pdf
http://www.dentalcare.com/media/en-US/education/ce119/ce119.pdf
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transmission of the radiographic image to the PC to which they 
are interfaced was problematic. In addition, sufficient battery 
power and durability for signal capture and transfer was a typical 
technical limitation, preventing a broad application of cable-less 
intraoral detectors. However, it can be expected that advanced 
battery-technology, together with further downsizing of elec-
tronic components, will help to overcome these limitations in the 
future. Until now, the cable-connection is certainly one major 
reason, among others (rigidity, thickness, in comparison to film 
or storage phosphor), why particularly dentists that have been 
trained on radiographic film often prefer storage phosphors as 
their first step into the digital world. Since patient-related appli-
cation is very similar to radiographic film, switching from film to 
“digital” appears to be a simple procedure. It has been shown that 
patient comfort is higher using storage phosphors (Figure 22.8), 
when compared to solid-state receptors (Wenzel et al. 1999).

The difficulty in correct positioning and aiming when using 
solid-state receptor technology has also been proved in scien-
tific patient studies (Versteeg et al. 1998; Bahrami et al. 2003). 
Incorrect aiming results in “cone cuts,” areas in the image that 
are not hit by the X-ray beam, while other areas of the patient are 

instead irradiated by the beam that doesn’t correctly impact on 
the receptor (Figure 22.10).

Despite these shortcomings, the author of this chapter, since 
2001, has gained experience in using solid-stated receptors for 
intraoral radiographic images, with roughly 8000 such images 
acquired annually in the Dental School of the University Medical 
Center of Mainz, Germany. According to the experience in our 
clinic over more than 15 years, the combination of a preceding 
thorough training of the radiographic technicians and sole use of 
only this detector type makes it possible to reach an aiming-error 
level comparable to that of the film era. To facilitate proper posi-
tioning and aiming, whenever possible, an appropriate aiming 
device should be used (Figure 22.11).

Aiming devices contain a bite block on which the patient 
bites during exposure so that the aiming device is maintained in 
a fixed position relative to the teeth under investigation. These 
devices are designed to ensure a perpendicular orientation, plus 
a central impact of the central X-ray on the flat image detector. 
The rigidness and size of solid-state detectors, in combination 
with the anatomical situation (the hard palate), make it necessary 
in the maxilla to accept an angle between the receptor and tooth 
axis (Figure 22.12), which may be as large as 55° in the molar 
region of the maxilla (Roeder et al. 2010).

From these findings, it can be concluded that, for solid-state 
detectors, the requirements to aim for parallel alignment between 
tooth and image receptor should be relaxed. Instead, the concept 
of a “perpendicular technique” should be applied, which only 
requires a perpendicular impact of the central X-ray on the recep-
tor. The latter is guaranteed by means of an appropriate aiming 
device. De facto the aiming devices on the market are constructed 
to exactly fulfill this prerequisite. In such, a best compromise 
imaging geometry is accomplished that can be achieved in the 
light of the existing anatomical obstacles. Regardless of its actual 
position in relation to the teeth the detector should always be 
positioned such that its cord-attaching side is orientated towards 
the mouth opening. Care has to be exercised in the frontal region 
of the mouth, where the vertically orientated detector with the 
cord attached is pressed against the hard palate or the floor of 
the mouth when the patient closes his mouth to fix the device. 
This may induce a sharp bending of the cord which, if happen-
ing repeatedly, in turn could easily harm the electric wires in the 
cord. To prevent this, a cotton wool role can be placed underneath 
the bite block to create additional space for the cable.

Storage phosphors have disadvantages, mainly in their sus-
ceptibility to mechanical damage, particularly to their surface 
(Bedard et  al. 2004; Chiu et  al. 2008). Everyday use means 

FIGURE 22.10 Cone cut caused by incorrect aiming of cone relative to 
intraoral solid-state image receptor.

FIGURE 22.11 Aiming devices for solid-state detectors (left and middle) and for films or storage phosphor plates (right). In this Rinn-holder (right image) 
the backing for the film/storage phosphor only covers ca. 2/3 of the detector area, thus giving rise to significant bending when the patient holds the device 
with his/her teeth.
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frequent contact of the surface with, for example, the human 
hand, and also with the patient’s mouth and teeth or the aim-
ing device. In addition, the readout process in the scanner also 
requires some sort of mechanical interaction, e g. to fix the plate 
in the machine or to transport it relative to the laser beam. All 
these mechanical processes bear a risk of damage to its surface. 
Scratches or tooth marks are common occurrences of such dam-
age. They will be visible in all radiographs subsequently produced 
with the plate. Scratches may mimic pathology or other relevant 
structures and, thus, need to be avoided (Chiu et al. 2008). One 
experimental study modeling a clinical setting observed that, 
within 10 weeks of frequent usage, 95% of the plates become 
undiagnostic (Bedard et al. 2004). This corresponded to only 50 
cycles that each individual plate was used.

22.4.1.4 Intraoral Radiography—Techniques

Intraoral radiography comprises a variety of different tech-
niques, each of which has its special applications, advantages, 
and disadvantages. The different techniques have evolved over 
the many years of clinical application of intraoral radiography 
in the light of the specific challenges this type of radiography 
inherently encounters. The three main techniques are bitewing 
radiography, periapical radiography, and occlusal radiography.

22.4.1.4.1 Bitewing Radiography

This type of intraoral radiography displays the crowns of the 
teeth of the mandible plus those of the maxillary counterpart, as 
well as the marginal alveolar crest of both regions (Figure 22.13).

Its name originates from the fact that the patient holds the film 
by occluding onto a tab or wing attached to the film. Bitewing 
films are a little longer than periapical films (ca. 27 × 54 mm2) 
so that they can be placed in horizontal orientation (landscape) 
in the oral cavity tangent to the oral side of the teeth. Of course, 
today storage phosphor plates and solid-state receptors are also 
used to acquire bitewing radiographs. Commonly bitewing radio-
graphs are exposed in “paralleling technique” (Figure  22.14), 
which is possible for this type of intraoral radiographs, as no 
anatomical obstacles interfere with a parallel orientation of the 
image receptor relative to the crowns of the teeth.

Paralleling technique requires that the long axis of the tooth 
is parallel to the detector axis, with the central X-ray orientated 
orthogonally on both. Often, to further enhance visualization of 
the crowns, it is recommended that the central X-ray is directed 
with a downward angle of approximately 5° to 10° to the occlusal 
plane. In the horizontal direction, the central X-ray is aimed at 
90° to the detector to avoid overlap of the teeth images in the 
regions in which the teeth are in close contact to one another. 
These regions, which are termed “interproximal regions” (or 
“approximal regions”) are particularly susceptible for caries. 
Initial (starting) caries is targeted on bitewing radiographs, 
mainly in these interproximal regions (Figure 22.13). Bitewing 
radiography was explicitly developed to assess carious lesions 
in the occlusal and/or approximal surfaces of the posterior teeth.

To achieve standardized imaging geometry as possible for 
optimal image quality and, thus, best possible readability, the 
use of a beam-aiming device is strongly recommended (Wenzel 
2004). Sensitivity for carious lesion detection roughly ranges 
between 50% and 70% for lesions extending into the dentin 
(approximal and occlusal) of the tooth (Wenzel 2004). However, 
this fraction is considerably smaller for approximal lesions only 
affecting the enamel of the teeth (Wenzel 2004). A very recent 
systematic review supported this outcome and concluded that 
radiographic caries detection is very well suited for cavities and 
dental lesions, while it is less accurate for initial carious lesions 
(Schwendicke et al. 2015). A somewhat older systematic review 

FIGURE 22.12 Exposure geometry in the molar region of the upper jaw 
with aiming device designed to ensure a perpendicular orientation of the 
central X-ray (dashed arrow) on the flat receptor (thick black line). Typically, 
solid-state detectors due to the hard palate cannot be placed in an ideal paral-
lel position relative to the tooth’s main axis. Thus, an angle which may be as 
large as 55° between receptor and tooth may result. (Adapted from Roeder 
et al. 2010. Clinical and Oral Investigations 15:715–9.)

FIGURE 22.13 Bitewing radiograph commonly acquired to detect carious 
lesions in the interproximal (approximal) regions of the teeth.

FIGURE 22.14 Imaging geometry of intraoral bitewing radiography. The 
image receptor (black vertical line on the left side) is placed orally tangent to 
the teeth under study, and the central X-ray (normally by means of an aiming 
device) is orientated roughly perpendicularly on the image receptor.
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suggested that some digital receptors may offer small gains in 
sensitivity when compared to radiographic film (Bader et  al. 
2001). In many countries, repeated bitewing radiographs are 
recommended for individuals with high and moderate caries 
risk, and less frequently also for individuals with low caries risk 
(see e.g., European Commission 2004). The recommendations 
emphasize, however, that the actual frequency depends on indi-
vidual caries risk and that “prescription of bitewing radiographs 
for caries diagnosis should be based upon caries risk assessment” 
(European Commission 2004).

22.4.1.4.2 Periapical Radiography

Periapical radiographs are acquired to assess pathologies of the 
tooth roots or within the surrounding bone (Figure 22.15).

Another common application is during endodontic treatment 
(Figure 22.16), where the focus lies on assessment of the length 
of the root or a root canal filling or the quality of the root canal 
filling.

Periapical radiographs are taken from all teeth/regions. A 
full mouth series/survey is a complete set of periapical radio-
graphs covering all teeth. Full mouth series comprise 12, 14, or 
15 radiographs, sometimes even up to 18 or 20. In general, front 
teeth (from canine to canine in both jaws) are exposed on a verti-
cally (portrait) orientated detector, whereas the posterior teeth 
are  projected onto a horizontally (landscape) orientated detector 
(Figure 22.17).

Optimum geometrical conditions for intraoral radiographs 
would be guaranteed if the radiographs were indeed exposed 
in paralleling technique. However, it had been shown already 
in 1959 that “true” parallel placement of the film relative to the 
tooth axis in the maxilla is hardly feasible (Barr and Gron 1959). 
In an experimental study using a replica of a solid-state intra-
oral detector, the authors even found angles ranging up to 55° in 
the molar region of the maxilla (Roeder et al. 2010). However, 
semantically the gerund “paralleling” only implies the attempt 
to make the two axes (longitudinal tooth axis and respective 
receptor axis) parallel and, thus, does not actually mean they are 

“truly parallel.” Aiming devices (Figure 22.11) only guarantee 
a roughly perpendicular orientation of the central X-ray on the 
center of the receptor.

Hence, such a technique for flat solid-state detectors is bet-
ter termed “perpendicular technique.” Of course, aiming devices 
are also used with non-rigid detectors such as radiographic film 
and storage phosphors. However, here we must realize that often 
the fixation of the device by closing the jaws (i.e., biting on the 
bite block of the aiming device) may still result in considerable 
bending of the detector. This may be due to a too small back-
ing of the film/storage phosphor. As the detector plane is bent 
in a more or less arbitrarily-curved shape, this will necessarily 
induce projective distortion, which cannot be easily corrected. 
Only if an appropriate reference object of known geometry that 
follows the bending-curve is also projected onto the image, these 
distortion effects could a posteriorly be corrected (Webber et al. 
1984). Since the latter is generally not available and particularly 
challenging for the small area intraoral detectors, such bending 
should be generally avoided. As a consequence, another tech-
nique had been introduced, that in special cases may also be 
applied for rigid solid-state receptors: the “Bisecting the angle 
technique.” This special technique makes use of the unavoidable 
angle between tooth and receptor, for example in the maxilla. 
By orientating the central X-ray perpendicular onto the plane 
that bisects this angle, a sort of best compromise geometry is 
achieved. The rationale behind this technique is that, for an 

FIGURE 22.15 Periapical intraoral radiograph showing an erosive bony 
lesion between the teeth caused by invasive growth of a (malignant) squa-
mous cell tumor.

FIGURE 22.16 Periapical intraoral radiograph taken for a very common 
purpose: endodontic treatment of a tooth (here No. 43), for example to evalu-
ate the length of the root canal filling or to control its quality.
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idealized scenario of parallel X-rays, a perpendicular orientation 
of the central X-ray onto the bisecting plane yields an isometric 
(yet distorted) image of the tooth. For the bisecting the angle 
technique, the patient holds the image receptor with the fingers/
thumb of the contralateral hand. A cotton wool role is placed 
between (flexible) receptor and tooth, because it is imperative 
that also in this technique bending is strictly avoided. Correctly 
applied, the bisecting the angle technique can be an alternative 
when flexible receptors are used, since the latter may encounter 
significant bending when applied in aiming devices. In general, 
however, the use of an aiming device represents the state-of-the 
art in intraoral radiography, particularly when using solid-state 
receptors.

22.4.1.4.3 Occlusal Radiography

Using larger area detectors (ca. 7 × 5 cm2) occlusal radiographs 
are obtained by placing the detector between the occlusal tooth 
surfaces. The patient is instructed to slightly close his/her mouth 
to gently hold the detector in place. Care must be exercised that 
the patient does not force his/her bite, since this likely would 
damage the detector. Both film and storage phosphors are used 
for acquisition of occlusal radiographs. Unfortunately, however, 

to date solid-state detectors are not yet available, simply due 
to their very high costs in the required size. Depending on the 
region under investigation, the receptor may be placed either 
with its longitudinal axis parallel to the midsagittal plane or 
perpendicular to it. In relation to periapical and bitewing radio-
graphs, occlusal radiographs are far less common and acquired 
only for special purposes. Their main indication is to obtain a 
view from a direction roughly orthogonally to the occlusal plane. 
Consequently, maxillary occlusal radiographs show the hard pal-
ate roughly back to the second molar. The posterior occlusal may 
even reach back to the wisdom teeth. Here, the angle between 
the detector and the central X-ray is ca. 60° to 70°. A more 
orthogonal orientation would interfere with the frontal bone 
of the skull, which would then be superimposed over the hard 
palate, thereby disguising the structures of interest. For the less 
frequently used posterior maxillary occlusal, the X-ray should 
be orientated even more obliquely (around 75°). The patient is 
seated with the occlusal plane roughly parallel to the horizontal 
plane. The dental X-ray cone is placed with its aperture centered 
on the nasal bone and the central X-ray orientated roughly onto 
the sagittal midline of the patient in the region of the first upper 
molar (Figure 22.18).

FIGURE 22.17 Digital full mouth series comprising 15 intraoral radiographs in apical projection. They are arranged according to the teeth scheme 
employed by dentists. (See Figure 22.5.)

(a) (b)

FIGURE 22.18 Exposure geometry of maxillary (a) and mandibular (b) occlusal radiography. The image receptor is placed and gently held by the patient 
intraorally between the teeth of both jaws. Due to the frontal bone (os frontale) the central X-ray in the maxillary occlusal cannot be orientated perpendicu-
larly to the image receptor. This causes projective distortion and needs to be considered when interpreting such radiographs.
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Maxillary occlusal radiographs (Figure 22.19) are taken, for 
example to localize retained teeth in the hard palate, to obtain 
a roughly axial view on suspected pathologies, such as cysts of 
the nasal duct or odontogenic cysts dorsally extending into the 
hard palate.

It seems obvious that, with the wide availability of CBCT-
devices nowadays, these radiographs are declining in numbers, 
as for such diagnostic tasks a 3D-radiography has its natural 
advantages. In addition, the oblique orientation of the beam onto 
the detector necessarily (Figure 22.18a) induces distortion and 
projective effects, that may, if not carefully considered by the 
clinician, also result in erroneous assumptions.

For instance, retained canines located cranially of the root tips 
of the regular front teeth due to the projection geometry will be 
dorsally projected towards the hard palate. Despite this short-
coming, anterior occlusal radiographs are still frequently used in 
combination with a periapical projection for parallax localization 
of canines.

Mandibular occlusal projections are taken at roughly right 
angles between central X-ray and detector. As in maxillary 
occlusals, an anterior and a posterior version of this type of radi-
ography exists. The patient is asked to bend his neck backwards 
so that the cone can be orientated from beneath, with the central 
ray perpendicular to the receptor (Figure 22.18b).

Mandibular occlusal radiographs are indicated, for example to 
locate (radio-opaque) sialoliths in the floor of the mouth (Figure 
22.20), display fractures (as orthogonal view of the mandible to 
a panoramic radiograph), mandibular tori, or foreign bodies sus-
pected in the floor of the mouth.

Sometimes, they are also used for localization purposes 
of retained teeth (e.g., the posterior version for retained wis-
dom teeth). However, for some of these purposes today, 
3D-radiography (CBCT) has become more and more a com-
mon standard. For diagnosis of sialoliths in the floor of the 
mouth, today sonography represents the primary diagnostic 
tool. Only in cases with clinically suspected sialolith, yet lack-
ing sonographic proof, can a mandibular occlusal radiograph 
be indicated.

22.4.1.5 Typical Errors in Intraoral Radiography

Apart from the well-known processing errors for radiographic 
film, there are some typical errors for intraoral radiography very 
specific to the technique (Table 22.2). For flexible receptors 
such as radiographic film and storage phosphor plates, bending 
of the receptor due to anatomical restrictions/obstacles is very 
common. Bending necessarily results in distorted images. The 
complicated intraoral application often results in other geomet-
ric errors in the images (cone cuts, superimposition of structures 
under investigation), and also frequently gives rise to retakes. 
Scratching of the detector surface is a common problem in film 
and storage phosphor technology. Particularly in occlusal radi-
ography in which the patient fixates the receptor between his 
jaws by gently biting on it, mechanical surface damage is hard 
to avoid.

FIGURE 22.19 Maxillary occlusal radiograph (taken with a storage phos-
phor plate) showing a retained canine tooth on the patient’s left side.

FIGURE 22.20 Mandibular occlusal radiograph exposed on a storage 
phosphor plate.

TABLE 22.2

Typical Errors in Intraoral Radiography

Error
Influence on 

Radiographic Image
Measures to Avoid 

the Error

Geometric 
errors

Superimposition of 
structures, cone cuts

• Use of aiming device 
whenever possible

Bending of 
flexible 
receptors

(Massive) distortion, 
magnification

• Appropriate aiming 
devices supporting the 
entire detector,

• Application of cotton 
wool roles to 
minimize bending 
when patient holds 
film/plate with fingers

Mechanical 
damage of film 
surface

Visible dark lines 
(e.g., finger nail pressure 
marks, scratches)

• Careful handling of 
films (e.g., avoid long 
finger nails)

Mechanical 
damage of 
storage 
phosphor 
surface

Visible bright lines or 
structures in the 
radiograph reproducible 
in each radiograph 
acquired with the plate

• Careful handling of 
plates (finger nails!)

• Replacement of 
damaged plates
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22.4.2 Extraoral Radiography

Dental extraoral radiography often (panoramic radiography, 
cephalometric radiography) also aims at the major targets in 
dental radiography: the teeth. Yet, also the jaw bones and the 
other facial bones represent common targets. Extraoral dental 
radiography comprises panoramic and cephalometric radiogra-
phy, as well as other specific extraoral projection radiographs. 
Although the main focus of this section is intended to explain 
the two most frequently used extraoral radiographs in dentistry 
(i.e., panoramic and lateral cephalometric radiography), the other 
extraoral projection radiographs will also be briefly discussed.

22.4.2.1 Extraoral Radiography—Devices

The two major representatives, panoramic and cephalometric 
radiography, require very specific devices which will be dis-
cussed in the respective sections below.

The remaining dental extraoral projection radiographs are 
often acquired in hospital settings where typical medical radio-
graphic devices are available. For instance, ceiling or floor 
mounted X-ray tubes, in combination with a Bucky-table and/or 
a chest stand, are typical representatives (see Section II, Chapter 
26 of this book). However, most of the dental extraoral projection 
radiographs can also be exposed with dental X-ray equipment, 
such as a panoramic machine with integrated cephalostat (differ-
ent skull projections) or intraoral dental X-ray set (TMJ projec-
tions, lateral oblique projections).

The required detector size area is relatively large, com-
monly ranging between 5 × 7 and 8 × 10  inches2. In metric 
terminology, common formats range between 18 × 24 cm2 and 
24 × 30 cm2.

As a matter of course, intensifying screens should always be 
used to reduce the radiation dose in film-based extraoral projec-
tion radiography.

22.4.2.2 Panoramic Radiography

Panoramic radiography is an extremely common technique in the 
dental world, providing an overview over the dental arch (teeth 
and the tooth-bearing parts of the maxilla plus the mandible) on 
a wide landscape-formatted radiograph (Figure 22.21).

Panoramic radiography produces a layer of sharp image out of 
the entire object, by deliberately exploiting the relative speed of 
the beam, object, and detector to one another. This automatically 
implies that it is a non-static projection radiography system with 

moving source and detector. The principal underlying assump-
tion is that, if the speed of the “object shadow” (i.e., the radio-
graphic image of an object) exactly matches the speed of the 
detector plane, an object will be depicted without blur. However, 
if those two speeds don’t match, the object image will be blurred 
as a function of the relative speed between object image and 
detector. The speed of the “object shadow” is determined by the 
speed of the X-ray beam traversing it. Panoramic radiographic 
systems utilize a narrow vertical fan beam (Figure 22.22).

In a narrow sense the anatomical target for panoramic radi-
ography is the teeth and the supporting bony tissue (maxilla and 
mandible). These structures in an axial view form a parabola-
shaped layer (Figure 22.23) that requires to be sharply depicted, 
whereas anatomical structures outside this layer should be 
blurred in a way that they seem “invisible.”

The image is formed by a technique termed linear tomog-
raphy by means of a moving source-detector unit (see Section 
22.4.2.2.2). Today linear tomography in radiology is hardly 
found anywhere else apart from dentistry. In dental radiogra-
phy, however, panoramic radiography still represents a standard 
radiographic imaging technique to obtain an overview over the 
patient’s dental status plus the mandible and maxilla.

22.4.2.2.1 History of Panoramic Radiography

The aim of depicting the entire dental arch on one radiographic 
image certainly was the thriving factor for the development of 
panoramic radiography. In 1922, the American Alvin Frank 
Zulauf in New York patented a “Panoramic X-ray appara-
tus” (Zulauf 1922) where the U-shaped film was placed intra-
orally and the narrow beam was moved relative to the patient 
by means of a carriage. This invention was not a layer-forming 

FIGURE 22.21 Digital panoramic radiograph of a young dentate patient 
with retainers attached to the upper and lower front teeth to keep them in 
the correct position.

Detector Vertical collimator Source

FIGURE 22.22 Vertical fan beam used in panoramic radiography. A primary collimator close to the X-ray tube collimates the beam that thereafter tra-
verses the patient’s head in an upward angle.
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technique in the sense of the “real” panoramic radiography dis-
cussed in this section. Rather, it was a radiograph projected in 
a step-wise fashion onto a curved film-plane that resembled the 
curve of the dental arch. With this patented technique real radio-
graphic images were never acquired. It was 1933 when Hisatugu 
Numata of Japan (Numata 1933, 1934) developed the first prac-
tically operating rotational panoramic radiography machine. 
However, Numata also applied an orally positioned bent film and 
a source (narrow beam) that was step-by-step moved around the 
patient. Obviously, this was also not a layer-forming technique 
and resulted in a composite panoramic view made up of many 
strip-like single (steady) projections. Anatomic structures super-
imposed over the teeth/dental arch rendered this method insuf-
ficient for many clinical purposes.

A different approach that was technically much closer to what 
we term panoramic radiography today was patented also in 1922 
by the French physician Bocage (1921). The interesting aspect 
in his patent was that Bocage had an idea on how to produce 
the radiographic image of a curved layer within the object. By 
moving a source-detector system fixed to one another a single 
fixed plane lying at a certain depth between these components 
exists for which the images of the points in this plane are always 
projected onto the same location on the detector. This is the fun-
damental principal forming the layer in panoramic radiography. 
A German, Heckmann (1939), had suggested a layer-forming 
technique by a suitable movement and a narrow beam. A Finnish 
engineer, Paatero (1946) developed a very similar machine. He 
was unaware of the German publication of Heckmann (1939), 
who had suggested a setting with stationary X-ray source and 
slit collimator in combination with a coordinated movement of 
object and film (Heckmann 1939). Today, Paatero is commonly 
considered the inventor of modern panoramic radiography, since 
he, in 1949, developed a modified technique in which the film 
was placed extraorally attached to the patient’s face. The patient 
(and film) was then rotated through a stationary beam. In doing 
so, it was only possible to produce an image of the facial layer 
of the skull (i.e., the anatomic feature the film was closely fixed 

to). From these early attempts that did not really provide a layer-
forming technique, the concept of modern panoramic radiog-
raphy was derived. In 1949, Paatero developed a technique he 
termed “pantomography” (Paatero 1949), which was applying a 
concept that is still in use for panoramic radiography today. At 
that time, Paatero used a stationary fan beam, whilst the patient 
plus the film were moved. The film was bent into the shape of 
the mandible in such that it, plus the projected parts of the man-
dible, had equal speed during the exposure. At this stage, only 
one stationary rotation axis was applied. Later on, Paatero added 
two additional rotation axes to obtain a more sufficient projection 
geometry in relation to the dental arch (Paatero 1961).

The commercial production of the machines started in 1960 
with single assembled units. Some years later it proceeded into 
a large-scale production by a manufacturer called Palomex 
(Panoramic Layer Observing Machine for Export) (Hallikainen 
1996). The engineers collaborated with Siemens, the company 
which for some years also marketed the equipment (Hallikainen 
1996). Other companies also started producing panoramic 
radiography machines, for example the S. S. White Dental 
Manufacturing Company in the U.S. under the name “Panorex.”

In 1985, when the film-based panoramic radiography tech-
nique had already been widely accepted and was spread all over 
the world, the first computed system was introduced by Kashima 
et al. (1985) of Japan. By simply replacing the radiographic film 
with a storage phosphor made of an europium-activated barium 
fluorohalide compound in a conventional panoramic machine, 
the procedure was straight forward. A laser scanning readout 
system for the storage phosphor was developed. The authors 
found the resulting images to be of higher-resolution and over-
all quality when compared to their film-based counterparts 
(Kashima et al. 1985). Building on the platform of a model OP1O 
Orthopantomograph panoramic X-ray machine (Instrumentarium 
Imaging, Helsinki, Finland), the group around William Doss 
MacDavid introduced the first digital system in 1991 (McDavid 
et  al. 1991). This prototype already produced very promising 
images. One year later the authors published a more elaborate 
series of testing results (Dove et al. 1992). They concluded that 
there is a great potential for dose reduction in the digital acquisi-
tion mode, while only a minimal reduction of available spatial 
resolution was found in comparison to a film-based machine. In 
addition, the general advantage of digital radiographs regarding 
post-processing with respect to contrast and gray-scale response-
curve was highlighted. Dimensional reproduction of this newly 
introduced digital panoramic machine was subsequently evalu-
ated by the authors in the same year (McDavid et al. 1993).

It seems quite obvious that image formation from a geo-
metrical point of view does not generally differ between ana-
log (film-based) and digital acquisition mode. Consequently, the 
mathematically predicted values were similar to their experi-
mentally acquired counterpart. Systems using charged-coupled-
devices (CCD) as digital image receptors had been introduced 
to the market by several manufacturers in the mid-1990s: the 
Digipan (Trophy Radiologie, Vincennes, France, in conjunction 
with Instrumentarium, Tuusula, Finland), the Planmeca Digital 
System (Helsinki, Finland), and the Orthophos Digital (Siemens 
AG, Bensheim, Germany) (Farman et al. 1997).

In the context of panoramic radiography, an interim tech-
nique also requires mentioning, which was termed “Status-X.” 

FIGURE 22.23 The shape of the sharp image layer produced by pan-
oramic radiography resembles a parabola as determined by the mean shape 
of the tooth arch.
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It applied a pencil-shaped X-ray source placed intraorally in 
combination with a bent film attached to the patient’s facial skin. 
Introduced by the German Company Siemens in the 1970s, the 
technique had been developed to project one entire jaw from the 
oral cavity onto a film positioned outside the mouth of the patient. 
In such, Status-X-technique produced a magnified and distorted 
radiographic image of the jaw of interest. As the film touched 
the skin of the patient’s facial soft tissue and, thus, followed the 
natural anatomic curve of the face in the region of the jaw, the 
significant bending yielded heavily distorted radiographs of the 
teeth and the selected jaw (Figure 22.24).

In addition, as evident from Figure 22.24, the radiographic 
image was also very much magnified.

Another significant drawback of the Status-X-technique was 
a high surface dose applied on the intraoral mucosa. These dis-
advantages and the fact that panoramic radiography was widely 
available already at that time made the Status-X-technique disap-
pear soon after its introduction in the 1980s.

22.4.2.2.2 Technique of Panoramic Radiography

Still utilizing Paatero’s (1961) initial idea, panoramic radiog-
raphy is a zonographic radiographic technique that depicts a 
curved layer out of the patient’s head. Panoramic radiography 
belongs to the technical class of linear tomography, in which the 
focal-spot and the detector move around a fixed point, termed 
the pivot point or fulcrum. This fulcrum lies within the plane 
of interest within the object. Since a predefined layer and not a 
single point has to be imaged, the position of the fulcrum con-
tinuously changes during the acquisition of the tomography (see 
Figure 22.25).

The layer is shaped in such a way as to incorporate the average 
dental arch (Figure 22.23).

It represents a distinct depth zone out of the entire exposed 
area and is, thus, also commonly termed the “focal trough.” The 
underlying principle is to match the relative speed of the object 
image and the film/storage phosphor or the detector readout (for 
solid-state detectors), respectively. As a consequence, objects 
located within the zone of “zero-relative-speed” remain in sharp 
focus, whereas object outside this zone are blurred. The amount 
of blur increases with the relative speed, such as the distance of 
the object relative to the zone of “zero-relative-speed.” Obviously, 
true zero-relative-speed can only be expected for infinitesimally 
thin objects. Thus, in reality, the relative speed between detector 

and object image should be small, so that the image will appear 
in focus. The technique uses a vertically orientated narrow fan 
beam, which is produced by a narrow slit collimator placed in 
the beam close to the source (Figure 22.22). In the radiographic 
film era, the latter had to be moved in a way to match the speed 
the objects under investigation were traversed by the vertical fan 
beam. When using a digital image receptor, the matching pro-
cess relates to the readout-speed of the detector (McDavid et al. 
1993).

Radiographic images of structures that are being projected 
by the narrow fan beam with identical (or nearly identical) 
speed as the detector moves (or is being read out, respectively) 
are depicted sharply. The larger the relative speed difference 
between images (“shadows”) and detector, the more the image 
of a structure is blurred. The relative speed, VP, of the structure’s 
projection in relation to the detector according to Welander et al. 
(1990) is given by:
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where r represents the distance from the effective rotation center 
of the eccentric movement to the central object plane, and rP the 

FIGURE 22.24 Status-X radiograph (panoramic magnification radio-
graph) of the maxilla. This type of radiograph was acquired by means of 
a pencil-shaped X-ray source positioned in the patient’s oral cavity from 
where the teeth were projected onto a bent radiographic film attached to the 
facial soft tissue at the region of interest (maxilla, mandible). Note the mas-
sive magnification and noticeable distortion of the teeth images.

X-ray source

R

Detector

FIGURE 22.25 The unit consisting of X-ray source and detector rotates 
around the patient’s head so that the rotation center (for the depicted situ-
ation located at R) travels along the dashed path. The U-shaped structure 
 represents the central plane of the sharp layer, with the bright dot indicat-
ing the region depicted at that particular moment. (Adapted from Ogawa, 
K. et al. 2010. Dentomaxillofacial Radiology 39:47–53.)
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distance between effective rotation center and a point P under 
investigation. A is the source-to-detector distance, D the distance 
between source and effective rotation center, and φ denotes the 
angle between the central ray of the beam and P (for illustration, 
see Figure 22.26).

The extent of blurring strongly depends on the width of the 
beam and on the length of the rotation radius. Both parameters 
in rotational panoramic radiography are of such an extent that 
the image de facto is more a zonography than a true tomography 
(Nyström and Welander 1972). That means that zones close to 
the (infinitesimally thin) sharp image layer are only minimally 
blurred and, hence, the technique only suffices if the target struc-
tures are not enclosed by adjacent absorbing objects (Nyström and 
Welander 1972). This prerequisite, however, is perfectly fulfilled, 
since a “free space” is surrounding the dental arch on both sides.

What today is considered as a “panoramic radiograph” in den-
tistry is acquired by means of rotational panoramic radiography. 
The unit consisting of X-ray source and detector rotates in a com-
plex way around the patient’s head. Modern devices use a perma-
nently shifted (sliding) rotation center, resulting in an eccentric 
rotation (Welander et al. 1990) (Figure 22.25).

The source-receptor unit of today’s panoramic machines typi-
cally travels an angle of around 270° during exposure. For many 
machines, the starting position is somewhere in the region of 
the right cheek of the patient. From there, the X-ray source trav-
els along its path behind the patient’s neck to the opposite side 

(endpoint: left cheek of the patient). The image receptor that is 
linked to the source as described above travels the same path 
just on the opposite patient side during exposure. To understand 
the resulting image, it is important to realize that, according to 
this motion pattern, structures positioned laterally in the exposed 
region will likely be imaged twice, since they are traversed by the 
beam from both sides of the path. This is important, for example 
to understand why earrings produce ghost shadows (see Section 
22.4.2.2.5) on both sides (see below). Vice-versa, structures in 
the frontal region of the jaws or the surrounding soft tissue are 
only once traversed by the X-ray beam when the source is travel-
ing behind the neck of the patient.

22.4.2.2.3 Panoramic Radiography—Devices

Panoramic radiography can only be performed in specific 
panoramic machines. These comprise a floor mounted (plus-
sometimes additionally wall-mounted) stand in which the unit 
consisting of X-ray tube and image receptor is integrated. In 
modern machines, these two compounds are mounted opposite 
to each other in a c-arm-like arrangement (see Figure 22.27).

To accommodate a continuous shift of the effective center of 
rotation in this arrangement, commonly the c-arm is mounted to 
another arm, which can itself conduct translational motion simul-
taneously. The image receptor is either a film or storage phosphor 
of ca. 10 cm (to 15 cm) × 30 cm or a solid-state detector of some 
ca. 5 mm width and a height of ca. 10 to 15 cm. All panoramic 
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FIGURE 22.26 Schematic representation of the geometry typical for a rotational panoramic radiography system with sliding rotation center. Labels are 
explained in the text. (Adapted from Welander, U. et al. 1990. Oral Radiology 6:69–88.)
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machines utilize a vertically orientated fan beam geometry that 
is directed slightly in upward direction. Most machines start 
exposing when the tube is positioned roughly in front of the 
right patient-cheek and, thereafter, travel on a horizontal path 
behind the patient’s neck to the opposite patient side. Panoramic 
radiographic devices often include a cephalostat, such as a later-
ally extending arm with a positioning device for proper patient 
positioning in which cephalometric radiographs can be acquired 
in a standardized fashion. In addition, or as a single solution, 
recently more and more panoramic machines are being marketed 
with an integrated cone beam computed tomography function. 
These combination devices are cost- and space-effective and, 
thus, very convenient for the user. They have, however, some 
technical drawbacks lying in the different technical require-
ments for the relatively complex panoramic motion described 
above versus the circular yet very accurate motion necessary 
for CBCT-acquisition. Also, these devices are commonly stand-
ing devices (i.e., the patient is standing during exposure), which 
makes the patient more prone to move during the several seconds 
of image acquisition in CBCT. To date, it can only be speculated 
which technical solutions in the future may be introduced to cir-
cumnavigate these shortcomings inherent in such combination 
machines.

Regarding exposure parameters, most panoramic machines 
operate between 60 and 90 kV. Milliamperes commonly range 
between 5 and 10 mA. The exposure time in panoramic imag-
ing is fixed for a specific machine and program. Times range 
between 5 seconds and 16 to 20 seconds. To ensure sufficient 
beam energy when the cervical spine needs to be penetrated (i.e., 
when the X-ray source travels behind the patient’s neck and the 
front is being depicted), many manufacturers slightly increase the 
kilovoltage automatically during this period. Manufacturers also 
developed techniques to provide an automated exposure control 
(Frosio and Borghese 2006). These use the column-by-column 
acquisition technique in panoramic radiography to modulate the 
exposure settings in a way that a homogeneous exposure at detec-
tor level is guaranteed (Frosio and Borghese 2006). This can help 
to limit the overall dose to the patient.

22.4.2.2.4 Detectors Used for Panoramic Radiography

Certainly, a large percentage of panoramic machines in the world 
still uses radiographic film. In this case, a cassette of the typical 
panoramic size (10–15 cm height and 30 cm width) is employed. 
They use intensifying screens, which convert X-ray energy into 
visible light by luminescence. To minimize patient exposure, the 
fastest film-screen combination is advised that produces a radio-
graphic image sufficient for the respective diagnostic task. Step-
by-step, many of these older film-based machines are adapted to 
computed radiography by replacing the radiographic film with 
storage phosphor plates. This is a simple procedure, since the stor-
age phosphor is simply loaded into an appropriate cassette instead 
of a radiographic film. Apart from some exposure adaptation, this 
modification is only minor in nature and, thus, provides a conve-
nient first step into the digital world for those dentists who have 
not been trained in digital technology. Cassettes loaded with either 
radiographic film or storage phosphor plates need to be moved rela-
tive to a secondary collimator positioned just in front of the cassette 
to enable consecutive exposition of the entire film/plate. For the 
readout of the storage phosphor plates in panoramic radiography, 
appropriate extra laser scanning devices are required that accom-
modate the relatively large phosphor plates. For this purpose, laser 
scanners combining different sizes are available on the market.

In many industrialized countries, however, panoramic radio-
graphic units these days use different types of digital receptors. 
While CCD- and CMOS-receptors are most common, direct 
conversion receptors (CdTe) are also in use. Just recently, mod-
ern photo-counting-detector technology has been introduced in 
panoramic radiography in an experimental unit (Langlais et al. 
2015) (see Section I, Chapter 13 of this book for a description 
of photon-counting detectors). The size of the solid-state detec-
tor equals the height of the radiograph (10–15 cm), with a width 
of only a few millimeters (ca. 5 mm). Pixel sizes range between 
ca. 0.030 and 0.10 mm. In combination devices of panoramic 
radiography and CBCT, commonly a single (e.g., CMOS-based) 
flat-panel detector is installed. This avoids additional costs for 
an extra linear detector for panoramic radiography. When a pan-
oramic radiograph is taken, the area detector is only read out in 
the narrow vertical strip which is exposed by the fan beam.

22.4.2.2.5  Image Characteristics of 
Panoramic Radiography

Due to the underlying tomographic principle of image forma-
tion, panoramic radiographs inherently have very special mag-
nification and distortion characteristics. Contrary to other 
radiographic images, horizontal and vertical magnification have 
to be considered separately. Vertical magnification follows sim-
ple geometrical rules (theorem of intersecting lines) well-known 
from perspective geometry. However, horizontal magnification is 
a function of the specific device-motion relative to the depicted 
structure at the moment when this structure is captured on the 
image receptor. As discussed before, the latter again is a function 
of relative position within the exposure geometry or, more spe-
cifically, for those objects located in the sharp image layer, the 
position of the structure within the sharp layer-of-interest. Only 
in the (infinitesimally thin) center plane of the sharp layer are the 
horizontal and vertical magnifications equal (Tronje et al. 1981). 
As a consequence, horizontal magnification varies significantly 

FIGURE 22.27 Patient positioned in digital panoramic machine with the 
linear detector array (#1) opposite to the X-ray tube (#2). The front teeth bite 
into the respective groove of the bite block. A horizontal laser beam indi-
cates the orientation of the Frankfort plane, a vertical beam the midsagittal 
plane.
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with varying distance (depth) of the object from the central plane 
of the sharp layer (Tronje et al. 1985a). In contrast, due to its pro-
jective nature, vertical magnification remains relatively constant 
within the sharp layer (Tronje et al. 1985b). As is apparent from 
Figure 22.28, this results in severe differences in the panoramic 
image of identical objects, even for only slightly different object 
depths.

As a consequence of the different magnitude of magnifica-
tion in the two spatial dimensions, distortion necessarily occurs. 
Distortion of structures captured on panoramic radiographs is, 
thus, very common and one important characteristic of this type 
of radiographs. Another very important feature is the inevitable 
existence of what is termed “ghost image” or “ghost shadow.” 
Ghost shadows are distorted and blurred images of objects (and 
anatomy) that are (a) located outside the zone of the sharp image 
layer during exposition, and (b) radio-dense enough to produce a 
radiographic shadow. To consistently term such images “ghost” 
or “ghost image” was suggested in a seminal paper published in 
1987 (Kaugars and Collett 1987). Very typical ghost images are 
produced, for example if a radio-dense (metallic) earring is kept 
in position during the acquisition (Figure 22.29).

It is noteworthy that radio-dense anatomical structures such 
as the ascending mandibular ramus also produce inherent ghost 
shadows in the panoramic radiograph. To avoid disturbing ghost 
images caused by metal, the patient should be asked to remove 
removable metallic objects, particularly if they are located later-
ally, such as earrings.

22.4.2.2.6 Patient Positioning in Panoramic Radiography

In order to ensure the patient’s anatomical structures of interest 
(the dental arch) are placed where the sharp layer-of-interest of the 
respective machine is located, a patient has to be carefully posi-
tioned within the machine (Figure 22.27). For this purpose, differ-
ent anatomical planes are utilized to enable proper positioning. To 
define the position relative to the horizontal plane, the Frankfort 
plane is commonly applied as a reference. This plane is defined as 
the plane through the cranial margin of the external acoustic pores 
and the infraorbital margin. As a vertical reference, commonly the 
midsagittal plane is used. Panoramic machines of the first genera-
tion did not have special aiming devices, thus in these days it was 
rather difficult to find an appropriate position of the patient. As 
a consequence, soon specifically designed bite blocks, chin- and 
head-rests were employed (Figure 22.27) that, in combination, 
already allowed rather accurate positioning. Subsequently, these 
aiming devices were supplemented with light beams indicating, 
for example, the orientation of the Frankfort plane and the sagittal 
plane. These light beams made accurate positioning of the patients 
much easier. Modern panoramic machines, while still relying on 
the mechanical positioning aids (bite block, chin-/head-rest), have 
replaced the light by laser beams. It is noteworthy to emphasize 
that, as of today, all panoramic machines still assume some sort 
of mean-value anatomy of the expected dental arch, therefore, no 
machine de facto exactly measures the individual dental arch and 
conducts a coordinated motion derived from individual assess-
ments to exactly fit the individual anatomy. Often modern devices 
use the head-rest to also assess the distance between the temporal 
bones of the patient. Based on these data, an appropriate mean 
motion selected from a database of several possible motions is 
selected to provide a sort of “individualized” motion adapted to 
the patient’s anatomy. However, even though panoramic radio-
graphs acquired with such devices certainly are far better in qual-
ity and layer-position than those from earlier-generation devices, 
they are still based on mean-value anatomy. This is an important 
aspect of clinical relevance, which will be further discussed in the 
next subsection (Section 22.4.2.2.7).

22.4.2.2.7  The Panoramic Radiograph from 
a Clinical Perspective

Since its introduction into the market in the 1960s, panoramic 
radiography has developed as a standard in dental imaging. Today 
it is widely available and used in dental offices and hospitals all 
around the world. The main indication of panoramic radiographs 
is to obtain an overview over the jaws and the teeth in one radio-
graphic image (Figure 22.21). Since the dose involved with digi-
tal panoramic machines is rather low, it seems quite likely that 
this type of radiograph, together with intraoral radiography, will 
remain a standard also for the future of dental imaging.

Panoramic radiographs, apart from the mandible, the maxilla, 
and the maxillary sinuses plus the teeth, display a multitude of 
additional anatomical structures of relevance (Figure 22.30).

FIGURE 22.28 Typical distortion effect in panoramic radiography caused 
by varying horizontal magnification within the sharp layer: both implants 
have exactly identical size, yet the more anterior one is far more distorted. 
The seemingly wider horizontal diameter of its image is caused by a posi-
tion relatively closer to the X-ray source when compared to the more distally 
located implant. In other words, the anterior implant obviously was placed 
more orally within the sharp image layer than the posterior one.

FIGURE 22.29 Typical ghost images in a panoramic radiograph produced 
by metallic earrings. Equal numbers indicate the real image (sharp, without 
arrow indicator) as well as the corresponding ghost image (with arrows) of 
each earring.
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They are often acquired to visualize retained (wisdom) teeth, 
to assess the tooth-surrounding bone and possible dentoalveolar 
bone pathology or to obtain an overview over the existing bony 
support for dental implants. In addition, the rough shape of the 
condyle of the temporomandibular joint can be evaluated and 
a crude general survey of the maxillary sinuses is feasible. In 
the case of trauma, panoramic radiographs are frequently used 
as initial radiographic evaluation if no clear signs for fractures 
are present. Today, however, if a fracture is highly suspected or 
obvious, commonly 3D techniques such as computed tomogra-
phy (CT) or CBCT are applied to evaluate the 3D morphology 
and position/pose of the fragments. Panoramic radiographs may 
also be useful in depicting calcified carotid artery atheroma. It 
has been shown that these can be identified on panoramic radio-
graphs, with relatively high sensitivity yet moderate specific-
ity (Alves et al. 2014). Such atheromas manifest themselves as 
hyperdense, commonly vertically orientated structures depicted 
in the lower third close to the lateral boundaries of panoramic 
radiographs. More specifically, they appear “as curvilinear irreg-
ular parallel radioopacities about 1.5 to 2.5 cm inferior-posterior 
to the angle of the mandible adjacent to the cervical spine, at or 
below the third and fourth cervical vertebrae and inferior and 
lateral to the hyoid bone, posterior to the oropharyngeal airway 
space” (MacDonald et al. 2012) (Figure 22.31).

Despite the rather large fraction of false-positive findings that 
may be seen in this region on a panoramic radiograph, it has 
lately been concluded from the published evidence available that 
the “dental practitioner is responsible for the identification of lat-
eral neck calcifications that occur incidentally on images that are 
used for dental diagnosis” (MacDonald et al. 2012).

From a clinical perspective, some drawbacks of panoramic 
radiography need to be discussed. First, they provide consid-
erably lower spatial resolution (around a maximum of 4  line 
pairs/mm [Farman et  al. 1997]) when compared to intraoral 
 radiographs (for digital systems at a maximum of around 20 line 
pairs/mm (Farman and Farman 2005).

Furthermore, the distinct distortion characteristics of pan-
oramic radiographs are of high relevance, particularly in cases 
where panoramic radiographs are evaluated in a quantitative 
sense with respect to distances and/or angles. For instance, in 
implantology planning, the available bone should be known 

before insertion of the implant. This relates to both the vertical 
and the horizontal dimension. If a panoramic radiograph is uti-
lized for such dimensional assessment, a reference body needs 
to be applied. In order to be of any use, the reference body needs 
to be positioned in the respective location, in which the implant 
later will be inserted. Of course, as that location would be inside 
the alveolar bone, the exact location cannot be used. Instead, a 
position as close as possible yet directly above/below this loca-
tion is selected. Commonly, metal ball bearings (e.g., 5.0 mm 
in diameter) function as reference bodies. They can be easily 
placed and held in position by means of dental wax. By applica-
tion of the rule of proportion, their image can then be used for a 
rough estimation of the bony dimensions at that location (Figure 
22.32).

Because no real patient-adapted motion-curve has yet been 
applied, today’s panoramic images cannot provide correct infor-
mation on magnification or distortion. This is an important aspect, 
as many manufacturers, nevertheless, state exact magnitudes of 
magnification in their panoramic radiographs. Of course, the 
latter can easily be computed (and stated) for each point within 
the sharp image layer. However, as long as it remains unknown 
where the structure under study exactly was located within this 
layer during exposure, unfortunately such data are meaningless 
and obviously do not provide any information on the true mag-
nification the image of the structure suffers. For specific targets 
and applications, some additional special programs are available 

FIGURE 22.30 Anatomic features displayed on panoramic radiographs: 
(1) orbitae; (2) nasal cavity; (3) maxillary sinuses; (4) hard palate; (5) upper 
surface of tongue; (6) anterior nasal spine; (7) marginal alveolar bone of 
maxilla; (8) external acoustic pore; (9) mandible; (10) styloid process 
(including partially calcified stylomandibular ligament); (11) hyoid bone.

FIGURE 22.31 Calcified atheroma in the carotid artery can be detected 
on panoramic radiography. They produce characteristic images (arrows) dis-
played at the lower lateral border of the radiograph. Although the specificity 
is rather low, as calcifications (arrows) in this area represent typical risks 
for stroke, these findings should nevertheless be identified by the general 
dentist.

FIGURE 22.32 Panoramic radiograph with two ball bearings as reference 
objects to estimate local magnification and distortion.



432 Handbook of X-ray Imaging

in many modern panoramic machines, which will be discussed 
in the following paragraph.

22.4.2.2.8  Special Programs Acquired with 
Panoramic Machines

Modern panoramic radiographic machines offer a wide variety 
of special programs, all of which acquiring a tomographic radio-
graph of a selected region or structure. For instance, the  maxillary 
sinuses may be displayed separately. Another commonly used 
feature is a tomographic radiograph of the temporomandibular 
joint (TMJ). For the latter, pseudo-functional imaging can be 
conducted, for example by depicting the TMJ in closed-mouth 
and/or open mouth position (Figure 22.33).

In addition, many modern machines allow for partial pan-
oramic radiographs of the jaws and teeth by applying the 
 technique only to the quadrant (or even parts of it) under study. 
Such collimated panoramic radiographs are often very help-
ful to reduce radiation dose, while still producing a panoramic 
 radiograph of a small region of interest.

22.4.2.2.9  Tomosynthetic Methods in Combination 
with Panoramic Radiography

Lately, tomosynthetic approaches have been introduced in pan-
oramic radiography to supplement the images (Ogawa et al. 2010). 
The authors apply a high-speed detector and make use of the 
fact that, with such a detector, many strip-shaped images can be 
acquired for each location during the regular panoramic motion 
of the unit. Here it is noteworthy to realize that, during the regu-
lar panoramic exposure process in the lateral jaw regions, projec-
tions are sampled through both the layer side under investigation 
as well as the contralateral side. This additional information, in 
combination with several strip-like images of each region in the 
layer-of-interest side, can be used to produce a tomosynthetic 
image, for example by a simple shift-and-add-algorithm (Ogawa 
et al. 2010). Manufacturers implement these methods, for exam-
ple by enabling a posteriori modification/adaptation of the sharp 
image layer. More precisely, in a display of the axial aspect of the 
image layer, the user can interactively select a certain position 

of the center of the sharp layer. Subsequently the machine will, 
by means of the shift-and-add-algorithm, compute a novel pan-
oramic image which is centered on the manually selected layer-
center (Figure 22.34).

More complex mathematical methods use the additional pro-
jection information to produce a volumetric image with limited 
3D-information. The latter is caused by the incomplete angular 
as well as incomplete frequency sampling process. Supplemented 
by prior information (e.g., smoothness), the additional projec-
tion information is used to iteratively compute transverse slices 
with limited 3D-information (Spartiotis and Pantsar 2008). 

FIGURE 22.33 Special pseudo-functional TMJ program acquired with a panoramic radiographic unit. The lateral images show the TMJ in closed-mouth 
position, the central images in an open position. It should be noted that these images are mostly obtained when a patient presents with pain or limited mobil-
ity of the mandible (as in the case displayed in this figure), hence the open position often only exhibits a very limited movement of the condyle in comparison 
to the closed position.

FIGURE 22.34 Tomosynthetic reconstruction as optionally available in 
some modern panoramic machines to a posteriori adapt the sharp layer. 
(Radiographs taken with Orthophos SL, Sirona Dental Systems, Bensheim, 
Germany.)
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An imaging device with optional tomosynthetic reconstructions, 
for example of transversal views (Figure 22.35), was marketed 
in 2009 by a Scandinavian manufacturer (VT, Instrumentarium 
Oy, Tuusula, Finland) as an add-on to a panoramic machine 
(Cederlund et al. 2009).

This device makes use of projections acquired from a pan-
oramic radiograph plus five to 11 additional projection radio-
graphs centered to the region of interest. Technically, this is 
facilitated by a combination of a rotational and a linear move-
ment and a subsequent iterative frequency-based reconstruc-
tion technique (Cederlund et  al. 2009). From a reconstruction 
point of view, the projections add some additional information 
yet not additional angular information, since they are acquired 
almost from the same angle (view) as the projections used for 
the panoramic image. This results in what is termed a “limited 
angle reconstruction” (for further information see Siltanen et al. 
2003). The method was extended in 2010 by a group of Finnish 
mathematicians and engineers. They also used panoramic 
radiography as a basis to produce a limited angle tomographic 
imaging- system basing on supplementary information (Hyvönen 
et  al. 2010). The authors propose to supplement the projection 
data acquired for a panoramic radiograph with a few (<12) pro-
jections that are directed roughly perpendicular to the panoramic 
ones, approximately parallel to the dental arch in the region of 
interest. This approach adds additional angular information for 
the reconstruction. De facto, the sampling angle is almost com-
plete, yet the object is only sampled sparsely (see reconstruc-
tion from sparse projection data [e.g., Siltanen et al. 2003]) with 
few projections. To accommodate the reconstruction task for 
such a problem, the authors propose Tikhonov regularization 
(smoothness constraint) for their iterative reconstruction process 
(Hyvönen et al. 2010). Transversal and axial reconstructions of ex 
vivo specimens are presented, and the authors demonstrate that 

the supplemented reconstructions are superior in quality to those 
solely based on panoramic projection data. In their conclusions, 
the authors suggest with their method a digital panoramic has a 
strong possibility to “perform as the sole tool of an implantolo-
gist for three-dimensional X-ray imaging” (Hyvönen et al. 2010).

22.4.2.2.10  Typical Errors in Panoramic Radiography

Panoramic radiography also exhibits errors very typical and spe-
cific to the technique (Table. 22.3). Due to its technical construc-
tion, patient positioning errors are predominant. For instance, 
often the Frankfort plane is not correctly applied by estimat-
ing the infraorbital margin too far inferiorly. This results in a 
backward inclination of the patient’s head, and often a blurred 
image in the front. Sideward misplacement is also quite com-
mon, resulting in noticeable side differences in horizontal mag-
nifications (tooth width) of the premolar and molar teeth. Ghost 
images caused by metallic jewelry not removed during expo-
sure is another source of error in panoramic radiography. Thus, 
jewelry such as earrings, as well as metallic prostheses should 
be removed prior to exposure. There is a lack of evidence on 
whether lead protection should be used for panoramic radiog-
raphy. Yet, if applied, care has to be exercised that no part of 
the lead barrier material lies within the primary beam. However, 
some ghost images sometimes cannot be avoided when resulting 
from implants or other devices that cannot be removed for image 
acquisition (e.g., metallic fixations in the cervical spine, metal-
lic osteosynthetic plates placed in the mandibular ascending 
ramus for fracture treatment, hearing-aids, etc.). In some cases, 
the source-detector unit may interfere with the patient’s anatomy 
(shoulders) during the circulation. This results in obvious offset 
of the depicted anatomy, for example the lower boundary of the 
mandible. If more severe, the imaging process may completely 
stop at this position. Another common error may occur if the 

FIGURE 22.35 Transversal views of an implant-site/implant generated with an iterative tomosynthetic frequency-based reconstruction technique imple-
mented as add-on to a panoramic machine. (Orthopantomograph OP 200 D; Instrumentarium Oy, Tuusula, Finland. Photo: Dr. Jörg Mudrak, Ludwigsau, 
Germany.)
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patient does not completely press his/her tongue to the hard pal-
ate. Caused by the air enclosed between tongue and hard palate, 
a hypodense zone is superimposed over the maxillary teeth. This 
zone may considerably reduce the effective contrast in this region 
and, thus, interfere with the diagnosis in that anatomical region.

22.4.2.3  Extraoral Projection Radiography

Extraoral projection radiographs are those radiographs used in 
dental radiography that show large parts of the human skull or 
the entire skull from different perspectives. These are often used 
to assess the shape of bony structures, assess pathologies, or in 
the case of suspected fractures. Some of these radiographs (e.g., 
lateral oblique views, see below) can be applied as substitution of 
intraoral radiographs in cases when the latter are not possible due 
to disabilities or non-compliance.

To define the orientation of these radiographs, knowledge on 
the orientation of some specific anatomical planes is helpful. 
Particularly the Frankfort plane and the midsagittal plane are 
commonly used to characterize the orientation of the projection 
radiograph relative to the patient’s head. The Frankfort plane is 
a horizontal plane through the infraorbital margin and the upper 
margin of the external acoustic pore. The midsagittal plane is the 
vertical plane that divides the human being in two halves.

The following sections describe the most common extraoral 
projection radiographs summarized in Table 22.4.

22.4.2.3.1  Cephalometric Radiography

Cephalometric radiography, or more specifically lateral cephalo-
metric radiography, represents the most common dental extraoral 
projection radiography. Technically speaking, cephalometric 
radiography is as highly standardized, reproducible projection 
radiography of the human skull to facilitate distance and angle 
measurements for orthodontic treatment and diagnosis. In most 
cases, these radiographs that are also termed “cephalograms” 
are exposed from a lateral aspect (lateral cephalometric radiog-
raphy). Less frequently, however, also posterior–anterior cepha-
lograms (“frontal cephalograms”) are acquired. These are used 
to evaluate transverse skeletal and dentoalveolar relationships 
of the facial bones (Ghafari et  al. 1995). Much more common 
is their lateral counterpart: lateral cephalometric radiography. 
Technically spoken, a lateral cephalometric radiograph is a pro-
jection radiograph of the craniofacial bones plus the soft tissue 
profile exposed from a lateral aspect. It should be noted,  however, 
that cephalometry also includes some landmarks that are located 
outside the facial bones, for example within the neurocranium 
(e.g., the sella turcica, see point “S” in Figure 22.36).

Literally spoken, cephalometry means “measurement of the 
head.” The ancient Greek word “kefalikos” translates to “capi-
tal.” In radiography, the term “head” is often used synonymously 
to “skull,” even though mainly the bony parts of the head (the 
skull) can be clearly visualized in a radiograph. Nevertheless, as 
a very unique characteristic of the lateral cephalometric radio-
graph, the lateral cephalogram also includes a radiographic 
image of the soft tissue facial profile (Figure 22.37, see below).

The latter is of interest for the orthodontist or an oral and max-
illofacial surgeon to determine the relation between bony and 
soft tissue anatomy. Since this relationship is aesthetically rel-
evant, it is important for therapy planning and control.

22.4.2.3.1.1 History of Cephalometric Radiography Cepha-
lometric radiography was introduced by the American dentist 
and orthodontist Birdsall Holly Broadbent in 1931 (Broadbent 
1931). By coincidence, in the same year the German Orthodontist 
Herbert Hofrath from Düsseldorf independently came up with a 
very similar idea (Hofrath 1931). The basic innovative concept 
was to use bony reference points and angles instead of soft tis-
sue references to assess the position of the jaws, the teeth, and 
their spatial relationship. It is also interesting to note that Her-
bert Hofrath, in his seminal paper (Hofrath 1931), elaborated that 
a distance between receptor and focus (with the lateral side of 
the patient’s face resting on the film-cassette) of at least 2 m is 
required to avoid significant distortion and magnification. Broad-
bent experimentally determined a minimum distance of 5  feet 
(1.524 m) sufficient for assessment of the reference points in a 
clinical setting. One major contribution of Broadbent was the 
introduction of a standardized headholder (termed “craniostat”) 
to achieve a reproducible exposure geometry. Later, such head 
holding devices were termed cephalostat. Broadbent’s sugges-
tions of cephalometric landmark points on lateral cephalomet-
ric radiographs acquired with a cephalostat constituted modern 
cephalometry. In Orthodontics, cephalometry refers to the study 
and dimensional assessment of the human skull on standard-
ized projection radiographs. The group around the American 
Orthodontist Robert M. Ricketts later suggested that the lateral 
view (= lateral cephalometric radiograph) alone is sufficient for 
cephalometric analysis (Ricketts and Bench 1970). From the 
very beginning, landmarks identified on film-based cephalomet-
ric radiographs were regularly traced on transparent overlaying 
media for analysis. Many different approaches for cephalometric 
analysis were introduced (see Thomas et  al. (1984) and refer-
ences therein). As computers became available, in the late 1960s 
Ricketts suggested computerized cephalometric analysis as a 
next step (Ricketts 1969). One of the first researchers suggest-
ing a real large-scale computer-based mathematical analysis of 
cephalometric data to statistically assess growth patterns, skel-
etal deformations, or surgery outcome in a large sample size was 
Walker (1972).

22.4.2.3.1.2 Technique of Lateral Cephalometric Radiogra-
phy Modern cephalometric radiography commonly is per-
formed with panoramic radiography devices integrating a 
cephalometric unit (Figure 22.38).

This construction provides a source-to-object distance (mid-
sagittal plane of patient) of ≥1.5 m. Assuming a realistic distance 
between the midsagittal plane of the patient and the image recep-
tor of 15 cm, this setup amounts to a (mean) magnification, m, 
expressed by

 m SDD/SPD 165 cm/15 cm 1 1= = = . ,0  (22.2)

where SDD represents the source-detector distance and SPD the 
source-patient-distance.

22.4.2.3.1.3 Detectors Conventional cephalograms were 
acquired with radiographic film. In the early days of the digital 
era many of these systems simply replaced the film by a storage  
phosphor in the sense of computed radiography (see Section I, 
Chapter 12 of this book). Both “traditional” systems are still 
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widely being used and certainly represent the standard in a global 
sense. Digital cephalometric units integrated in panoramic sys-
tems to save costs commonly use the panoramic line detector 
also for the cephalograms. In such systems, the detector can often 
be unplugged from one unit and replugged into the other. The 
X-ray beam is collimated by a slit into a fan beam. A secondary 
collimator close to the patient’s head and the linear detector array 
during image acquisition sweep the patient’s head in a coordi-
nated linear motion in either a vertical or a horizontal direction.

The problem with such scanning systems is the long acquisition 
time up to 16 seconds or more (Chadwick et al. 2009), during which 
the patient may move. This resulted in an alternative approach 
by one manufacturer, marketing a machine that utilizes a CCD-
sensor for instant acquisition. A Swiss-based publication (Menzel 
and Gebauer 2009) assessed patient motion in a cephalostat as 

a function of time. They found maximum amplitudes of several 
millimeters in all directions for scan-times exceeding 10 seconds 
(Menzel and Gebauer 2009). As cephalometric radiographs are 
inherently used for dimensional assessments, it seems obvious 
that, for accurate measurements, these radiographs should to be 
acquired in the shortest possible time. Consequently, one-shot 
machines have an inherent advantage over scanning devices.

A special feature of lateral cephalometric radiographs is that 
they display the soft tissue profile of the face, which is also used 
for the cephalometric analysis. This is commonly achieved by a 
wedge-shaped aluminum filter placed in that part of the X-ray 
beam that traverses the facial soft tissue profile of the patient 
(Christensen and Melsen 2004) (Figure 22.38).

In digital cephalometric radiography, this filter may be 
replaced by post-processing algorithms that enhance the soft 
tissue contrast in the required region. Due to the highly stan-
dardized positioning of the patient’s head in the cephalostat, this 
region in the image is always located in a reproducible similar 
position so that the post-processing can be applied locally to only 
this region within the image.

For the lateral cephalometric radiograph, the patient is usu-
ally positioned with his/her right side close to the detector 
(Christensen and Melsen 2004) (Figure 22.39). The teeth are 
brought into maximal occlusion to ensure a fixed position of the 
mandible relative to the skull. A three-point fixation of the head is 
used to guarantee a reproducible and standardized position: two 
ear rods are placed in the external ear canals and the nasal sup-
port touches the skin in the nasion region. These fixation aids are 
integrated into the cephalostat in such that they ensure a horizon-
tal orientation of the Frankfort plane. The central X-ray traverses 
the ear rods and impinges the detector plane at right angles. This 
configuration is intended to provide an image in “natural head 
position” (NHP), which is defined as the position when a stand-
ing person’s visual axis is horizontal (Leitão and Nanda 2000). 
The NHP is believed to be the “natural” pose of the human head 
in a standing person. Although there is a small degree of devia-
tion between Frankfort plane and NHP (Leitão and Nanda 2000), 

FIGURE 22.36 Typical exemplary landmarks and their abbreviations 
used for cephalometric analysis on lateral cephalometric radiographs.

FIGURE 22.37 Lateral cephalometric radiograph collimated to the area of 
interest to reduce dose. Clearly visible is a metric ruler included to indicate 
(possible) magnification. In addition, the soft tissue profile is evident.

FIGURE 22.38 Patient placed in the cephalostat for acquisition of a digital 
lateral cephalometric radiograph. To the left patient side the additional col-
limator is visible, which in a coordinate linear motion is swept together with 
the linear (line) detector (partially visible behind the patient’s head), from 
back to front (horizontal sweep), to sample a continuous lateral cephalomet-
ric radiograph.
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the former has been found to be the best approximation of the 
NHP (Moorrees and Kean 1958). Note that the NHP-concept is 
also applied for posterior-anterior cephalograms.

22.4.2.3.1.4 Application of Cephalometric Radiography As 
stated above, the use of the lateral version of cephalometric 
 radiography is much more widespread, whereas the frontal 
 (posterior–anterior-, pa-) cephalogram seems to be only scarcely 
used. Posterior–anterior cephalograms are applied for evaluating 
transverse skeletal and dentoalveolar relationships (Figure 22.40).

Transverse refers to the coronal or frontal plane—a plane par-
allel to the body’s long axis that divides the body into a dorsal and 
a frontal half. In other words, pa-cephalograms are essentially 
produced to measure the width of the facial bones. Typically, 
asymmetry occurring in this dimension can be assessed on them. 
As the pa-version is inherently orthogonal to its lateral counter-
part, the two directions form a natural pair to define skull dimen-
sions in the three anatomical planes. The lateral cephalogram 
displays a side-view of the facial bones, and is exposed with the 
central X-ray perpendicular to the sagittal plane. The latter is the 
plane orientated parallel to the body’s main axis and separates 
the human body into left and right. Consequently, lateral cepha-
lograms enable metric assessments within the sagittal plane.

Orthodontists use cephalometric radiographs to perform 
an analysis termed “cephalometry.” In the orthodontic context 
this is defined as a metric analysis of the facial bones based on 

landmark points for assessment of spatial relations (Figure 22.36) 
and for assessment of growth. This also includes the soft tissue 
facial profile. In a more general sense, cephalometry refers to 
the analysis of lateral cephalograms. That means that the major-
ity of cephalometric evaluations assess the sagittal direction in 
the skull (Figure 22.36). It is quite obvious why the position of 
the head during exposure is of fundamental importance: first of 
all, soft tissue may follow gravity and, thus, change their relative 
position to the underlying bone and, second, the position of the 
mandible may also be different in relation to the facial bones. 
Cephalometry is based on reference points, some of which can 
be readily found in a dry skull. Many of these points are located 
in the midsagittal plane. However, there are also reference points 
which are located bilaterally on the skull. Depending on the 
type of analysis, reference points are connected to form different 
reference lines which may intersect at angles that are also used 
for the analysis. In order to perform the cephalometric analysis, 
cephalometric radiographs are commonly traced, for example by 
means of a computer program to obtain an overlay image with 
the landmarks, lines, and angles required for analysis.

22.4.2.3.1.5 Typical Errors in Cephalometric Radiography  
Due to their acquisition technique in a highly standardized fash-
ion, gross errors are not really common in cephalometric radi-
ography (Table. 22.5). Lateral misplacement/tilt of the patient’s 
head would result in oblique projection of anatomy. This may 
disguise some reference points/distances. Generally, it has been 
found that an incorrect head position may result in double con-
tours and a shift of reference points (Spolyar 1987). Another 
error may result if the patient does not close his/her mouth in 
normal occlusion during exposure. Such errors may yield incor-
rect relative position of the mandible relative to the skull. If 
cephalograms are acquired with equipment that sweeps the 
patient’s head with a fan beam in combination of a line detector, 
patient motion may be recorded and disguise/displace reference 
points.

IR IR
Mb Mb

Go
AG AG

Go

FIGURE 22.40 Sketch of some landmarks used in posterior–anterior (pa-) 
cephalometric radiography used to measure the transversal dimensions of 
the facial bones.

FIGURE 22.39 Aluminum wedge as soft tissue filter used in lateral 
cephalometric radiography to visualize the soft tissue profile of the patient’s 
facial bones. (Adapted from Christensen, H.C. and B. Melsen. 2004. 
Roentgencephalometry. Department of Orthodontics, Aarhus University, 
School of Dentistry.)
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22.4.2.3.2  Other Extraoral Projection 
Radiography Techniques

Many extraoral projection radiography techniques have been 
developed in times when no three-dimensional radiographic 
technique was available. While they were quite commonly 
acquired for medical indications, these radiographs also had and 
some still have some specific indications for dental use. However, 
they were never really very frequently used by general dental 
practitioners, rather by specialists like orthodontists or oral sur-
geons. Nowadays they are not very common any more, as many 
of these radiographs are now replaced by CBCT- or CT-scans, 
allowing for a three-dimensional analysis. Superimposition of 
anatomy as a typical characteristic of projection radiography 
often compromises the diagnostic informative value of the skull 
projections. Nevertheless, in some instances these techniques 
represent a low-dose alternative to 3D techniques and should, 
thus, not be completely discarded. The most common extraoral 
projection techniques are summarized in the following.

22.4.2.3.2.1 Devices and Hardware Extraoral skull radiog-
raphy for dental applications was conventionally carried out 
with the intraoral X-ray set, simply because no other machine is 
 available in a dental office (Schiff and McDavid 1985). Obviously, 
acquiring such radiographs with medical equipment such as a 
Bucky-table provides higher quality and is less  challenging. 
Moving anti-scatter grids and rigid standardized positioning 
facilities render Bucky-equipment optimal also for this type of 
radiography. However, these medical devices are hardly avail-
able in a dental office. Thus, mostly intraoral X-ray sets are 
used. However, typical source-to-detector distances of 100 cm 
make correct positioning of the cone of the intraoral X-ray set a 
challenging task. Thus, special aiming devices were suggested 
(Schiff and McDavid 1985). Later, the cephalometric unit of pan-
oramic machines was introduced also for the purpose of expos-
ing the different extraoral skull projections. In the past and even 
commonly today, radiographic film plus intensifier screens were 
used to acquire skull projections. Typically, film sizes for extra-
oral skull projections are 24 × 30 cm2 or 18 × 24 cm2. While, 
in hospitals today, solid-state detectors of similar size are also 

in use, these are hardly found in dental offices due to their high 
costs. Instead, computed radiography using storage phosphor 
technology represents a typical solution for such purposes.

22.4.2.3.2.2 Skull Projections The following section describes 
various typical skull projections as acquired for dental or oral 
and maxillofacial radiological tasks. In this context it should be 
noted that most of these projections are also used in other medi-
cal fields. Due to diverging diagnostic questions, however, dental 
skull projections may sometimes be acquired in a slightly dif-
ferent mode. In addition, these dental skull projections can be 
acquired with typical dental radiographic equipment that itself 
may require specific acquisition modes and geometries. As a 
consequence, it should be born in mind that some of the follow-
ing skull projections, even if they operate under the identical 
name as those acquired for other medical professions, are indeed 
very specific and may, thus, not be identical to their medical 
counterparts.

22.4.2.3.2.3 Posterior–Anterior View The posterior–anterior 
(pa) view (Figure 22.41) is a simple non-angled projection of the 
skull from posteriorly.

The forehead is placed upright with the OrbitoMeatal Line 
(radiographic baseline) parallel to the horizontal plane. The cen-
tral X-ray is parallel to the OrbitoMeatal Line roughly centered 
to the external acoustic meati and impacts on the receptor at right 
angles (Figure 22.42).

The source-to-receptor distance is roughly 1 m, and the detec-
tor size around 24 × 30 cm2 (width × height).

FIGURE 22.41 Posterior–anterior (pa-) projection radiograph of the skull.

TABLE 22.5

Typical Errors in Cephalometric Radiography

Error
Influence on 

Radiographic Image
Measures to Avoid 

the Error

Incorrect head position Displacement of 
reference structures

• Properly use 
Frankfort plane 
and positioning 
aids of equipment

• Double contours

Cephalometric 
radiograph acquired 
in non-occlusion

Incorrect relative 
position of jaws to 
one another

• Ask patient to bite 
on his lateral teeth 
during exposure

Motion during 
scanning procedure 
(direct digital 
cephalometric 
equipment with 
sweeping fan beam)

Displacement of 
reference structures

• Instruct patient to 
keep steady during 
exposure time 
(alternatively, use 
non-scanning 
equipment)
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The pa-view is a very general projection radiograph of the 
skull used in many medical indications. Particular dental indica-
tions for the pa-view include, for example:

• Overview over the facial bones in posterior-anterior 
direction

• Any pathology or growth abnormalities visible in the 
transverse (coronal) plane

• Trauma

22.4.2.3.2.4 Submentovertex Projection The submentovertex 
projection is a skull projection along the body’s long axis. In 
other words, the skull is exposed from a caudo-cranial direc-
tion along its long axis. The head of the patient is maximally 
bent backwardly with the top (vertex) of the skull touching the 
vertically placed receptor. The patient’s midsagittal plane is ori-
entated perpendicularly to the detector. The central X-ray lies 
within the midsagittal plane and enters in the midline between 
the angles of the mandible. It is slightly coming from below (ca. 
5° relative to the horizontal plane) (Figure 22.43).

For purposes in dental radiography, this projection is often 
collimated to the more anterior part of the skull, since one of the 
main indications is the depiction of the zygomatic arches. These 
are displayed in a way that reminds of the jugs of a pot, thus 
this type of radiographs it is often termed “jug handle view” 
(Figure 22.44).

Apart from this special indication, submentovertex skull pro-
jection may be indicated for:

• Axial overview over anatomy in the axial plane (fora-
men magnum, mastoid process, sphenoidal sinuses, 
maxillary sinuses, dens axis, atlas, mandible)

• Trauma

22.4.2.3.2.5 Waters Projection (Occipitomental Projection)  
Waters projection (Waters view, sinus view) is one of the more 
popular extraoral skull radiographs in dental radiography. It 
is often also termed “paranasal sinus projection.” Obviously, 
its main indication is the evaluation of the paranasal sinuses, 
particularly the maxillary sinuses plus the frontal sinuses 
( Figure 22.45).

The sphenoidal sinuses are also displayed on this posterior-
anterior projection if it is exposed with a wide open mouth. The 
Waters projection represents the standard radiographic projection 
image for the maxillary sinuses. However, since the advent of 
CT and also CBCT, its significance has dramatically decreased. 
Waters projection was developed by Waters and Waldron (1915) 
on the basis of the occipito-frontal projection.

The patient is positioned with his/her midsagittal plane ori-
entated perpendicularly to the image receptor. The head faces 
the image receptor and is inclined backwards so that the chin 
touches the receptor. This raises the radiographic baseline 
(OrbitoMeatal line) ca. 45° in relation to the body’s longitudinal 
axis. Slight modifications of this angle may be applied to fine-
tune the projection to the respective indication. In the majority 
of applications, the patient has to open his/her mouth widely 
for this radiography to allow for visualization of the sphenoidal 
sinuses. To accommodate this, auxiliary-means like a cork can 
be applied. The central X-ray is directed perpendicularly to the 
detector and enters the occipital bone aiming at the maxillary 
sinus (Figure 22.46).

The receptor is placed in portrait (vertical) orientation and 
has a size of approximately 18 × 24 cm2 (width × height). The 
source-to-receptor distance is 100 cm.

Central X-ray

Image
receptor

FIGURE 22.42 Sketch of the geometry for a posterior–anterior radiograph 
of the skull.

FIGURE 22.44 Submentovertex projection radiograph clearly displaying 
the zygomatic arch in an axial view.

Image receptor

ca. 5°

Central X-ray

FIGURE 22.43 Projection geometry for a submentovertex projection 
radiograph.
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Waters projection is mostly used for assessment of the maxil-
lary, the frontal, and the sphenoidal sinuses. Waters projections 
provide a good initial diagnostic tool if infections (sinusitis), 
fractures, or other pathology are suspected. In this context it 
appears noteworthy that, from a radiation protection point of 
view, such radiographic techniques with their low radiation dose 
can often serve as a low-dose initial evaluation tool, before, if 
there is evidence that requires further evaluation, dose-intensive 
3D techniques such as CT or CBCT are applied as a next step.

22.4.2.3.2.6 Towne Projection (Half-Axial Anterior–
Posterior) The original Towne projection is an anterior- 
posterior (cranio-caudal) projection of the mandible to assess 

the mandibular body, the ascending rami, the condyles, and the 
condylar necks in an oblique half-axial view (Figure 22.47).

Synonymously, it is also termed “30°-fronto-occipital” or 
“frontonuchal” projection. Before the advent of CT (and now 
CBCT) it has been frequently used to display mandibular frac-
tures as a second (perpendicular) aspect of the mandible in com-
bination with a panoramic radiograph. It also demonstrates the 
mastoids, the maxillary sinuses, and the sphenoidal sinuses. The 
Towne projection certainly is only rarely used in dental extraoral 
radiography. Much more common is its reverse counterpart, the 
Reverse Towne View (see below).

For the original Towne projection, the central X-ray has to be 
tilted downwardly at an angle of roughly 30°. The patient sits so 
he/she faces the X-ray tube and the back of his/her head touches 
the image receptor. The midsagittal plane is orientated vertically 
and perpendicular to the receptor. The patient is asked to lower 
his/her chin as much as possible, so that the head is addition-
ally tilted roughly 30° downwardly (Figure 22.48). In that way, 
the mandible is projected in an aspect slightly tilted to the axial 
direction.

22.4.2.3.2.7 Reverse Towne Projection (Clementschitsch 
Projection) The Reverse Towne projection is a very simi-
lar projection to the Towne projection, yet with an inverse 
beam direction. More specifically, the Reverse Towne pro-
jection is defined as posterior-anterior skull projection with 
open mouth  to freely project the mandible and the condyles 
(Figure 22.49).

FIGURE 22.45 Paranasal sinuses displayed on a Waters projection: (a) 
sphenoidal sinuses, (b) left maxillary sinus with empyema (acute sinusitis, 
filled with pus) of this sinus; (c) frontal sinuses.

Central X-ray

Image receptor

FIGURE 22.46 Sketch of the geometry of a Waters projection. The patient 
needs to open his/her mouth widely to enable projection of the sphenoidal 
sinus into the image of the oral cavity. (See Figure 22.45.)

FIGURE 22.47 Towne projection of a dry human skull. The metallic 
structures represent artificial clamps and pins attached to the skull to enable 
disassembly for demonstration purposes.
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In addition, the maxillary sinuses can be evaluated in a cra-
nio-frontal aspect. To achieve these goals, the rationale behind 
the radiograph is to move the back of the head upwards plus to 
move the condyles out of the fossae. The patient faces the detec-
tor, and tilts the head downwards in an angle of ca. 30° so that 

his/her forehead touches the detector and the nose is roughly 
2 to 3 cm distant to the detector. The mouth of the patient is 
opened as widely as possible, for example by inserting a cork 
(Figure 22.50).

From a distance of approximately 1 m the central X-ray enters 
the patient’s neck. It is aligned with the midsagittal plane and 
impacts at right angles on the image receptor (Figure 22.50). The 
anterior-posterior version of this projection represents the Towne 
projection; however, the latter is not commonly used in dental 
applications.

Main indications of the reverse Towne projections are:

• Fractures of the mandibular condyles or the caput 
mandibulae

• Deformations or large bony pathologies of the mandible

• Maxillary sinus evaluation in a frontal aspect

22.4.2.3.2.8 Lateral Oblique Mandible View Lateral oblique 
radiographs are extraoral projection radiographs (Figure 22.51), 
showing the mandible and parts of the maxilla from an inferior 
position and an oblique angle. The latter is selected in order to 
freely project the anatomical regions of the mandible and maxilla 
close to the detector without superimposition of their contralat-
eral counterparts. Before the advent of panoramic radiography, 
such projections were very helpful. Nowadays, their indication 
is rather limited; however, they may still be useful in disabled or 
non-cooperative patients that do not accept the acquisition proce-
dure required for a panoramic radiograph.

The dental cone can be used to expose lateral oblique radio-
graphs. The image receptor is placed tangentially to the cheek of 
the patient on the side of the region under investigation. It is held 
by the patient and is placed in a slightly oblique position to his/
her midsagittal plane (Figure 22.52) so that its lower end extends 
roughly 2 cm below the mandible border at that side.

The patient is asked to protrude his/her mandible and extend 
his/her neck to bring the mandible forward and, thus, away from 

FIGURE 22.49 Reverse Towne projection with open mouth to freely 
 project the mandible and the condyles.

Central X-ray

Im
age recep

tor

ca. 30°

ca. 30°

FIGURE 22.48 Towne projection geometry.
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the cervical spine. The head is tilted towards the side that is being 
examined. The central X-ray is coming from below the ear of the 
contralateral mandibular side slightly behind the contralateral 
mandibular angle. It has to aim through the “key hole” between 
mandible and cervical spine to freely project the receptor close 
mandibular side. In consequence, the central X-ray is directed 
roughly 10° to 15° from below the horizontal plane, and enters 
the receptor in a vertical angle of around 70° (Figure 22.52).

22.4.2.3.2.9 Special TMJ Projections In general, conventional 
projection radiography plays a limited role in the evaluation of 
the temporomandibular joint. However, it may be used as an ini-
tial imaging tool for a crude overview over the bony structures 
of the TMJ (the condyle and the articulate fossa). The articular 
disc cannot be visualized in these radiographs. The challenge in 

imaging the TMJ by means of radiographic projection images 
lies in its anatomical niche bounded laterally by the zygomatic 
arch and medially by the petrous ridge of the temporal bone. As 
a consequence, a projection radiograph of the TMJ requires a 
beam direction suitable to produce the least superimposition of 
the surrounding tissues to enable discrimination of the condyle 
and its articulate fossa. One solution to visualize its anterior-pos-
terior aspect lies in the (Reverse) Towne’s projection discussed 
above. For the lateral aspect of the TMJ, two main projection 
radiographies have been established:

• Transcranial oblique lateral projection

• Transpharyngeal projection

Central X-ray

ca. 30°

Image receptor

FIGURE 22.50 Sketch of the geometry used for the reverse Towne projection.

FIGURE 22.51 Oblique lateral radiograph taken in a non-cooperative dis-
abled patient to visualize the posterior teeth, particularly in the mandible.

Image receptor

FIGURE 22.52 Acquisition geometry of a lateral oblique radiograph.



446 Handbook of X-ray Imaging

The transcranial oblique lateral projection (TOLP) has long 
been used to assess the lateral aspect of the TMJ. The TOLP in 
general can be taken in open as well as in closed position. The 
patient’s midsagittal plane is orientated parallel to the receptor, 
which is placed tangentially to the skin at the side under inves-
tigation. The central X-ray is aiming at the condyle and com-
ing from the opposite side of the patient’s head roughly 20° to 
25° from cranially, so that it is aiming in a downward direction. 
The central and medial portions of the joint are, thus, projected 
downwards, superimposing on the rest of the condylar process 
(Brooks et al. 1997).

A slightly more eccentric variation of the TOLP is the eccen-
tric Transcranial Radiograph modified by Schüller (Schüller 
Projection; Schüller 1905; Figure 22.53).

This is an oblique transcranial projection normally taken in 
open mouth position to freely project the TMJ of the patient’s 
detector close side. Depending on the clinical diagnostic task, the 
Schüller-projection sometimes is also acquired in closed-mouth 
position. The central X-ray enters the contralateral side ca. 25° 
to 30° from cranially (entering the skull roughly 4 cm above the 
external acoustic meatus) to avoid superimposition of both TMJs 
(Figure 22.54).

TMJ projection images are normally acquired on a vertical 
(portrait) orientated receptor of sufficient size (e.g., 18 × 24 cm2) 
and collimated to a field-size of ca. 12 × 15 cm2 (also portrait). 
The source-to-detector distance for the transcranial projection is 
around or slightly exceeds 100 cm.

Image receptor

Central X-ray

ca. 30°

FIGURE 22.54 Projection geometry of a Schüller projection in open mouth position. The central X-ray aims at the TMJ under study and is directed 
downwardly in a vertical angle of roughly 30°.

FIGURE 22.53 Schüller projection of the left temporomandibular joint in 
closed-mouth position.
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Transpharyngeal projection (Parma) represents another pro-
jection radiograph specifically designed for evaluation of the 
TMJ. The transpharyngial projection aims to visualize the man-
dibular column and condyle, as well as the ascending ramus of 
the mandible. Like the transcranial projection it displays a lateral 
aspect of the side close to the image receptor. This projection 
is acquired with open mouth, with the image receptor placed 
adjacent laterally to the patient’s face parallel to the midsagittal 
plane. The central X-ray enters the tragus on the contralateral 
side and aims at the tragus of the side under investigation, which 
is the side adjacent to the image receptor (Figure 22.55).

The main characteristic of the Parma projection is that it is 
exposed with a close source-to-object distance—a dental cone 
placed adjacent to the contralateral facial side of the patient. The 
rationale behind this specific imaging geometry is the resulting 
huge magnification of the contralateral TMJ and bony structures 
caused by the short distance of these structures to the radiation 
source. As a consequence, these structures are sort of “disguised” 
on the resulting projection image, while those close to the recep-
tor are clearly displayed with limited disturbing superimposition 
(Figure 22.56).

If the mouth is opened sufficiently, the transpharyngeal radio-
graph allows for a relatively good view on the condyle close to 
the receptor. As evident from Figure 22.56, however, the super-
imposed structures of the pyramid of the cranial base make 
it hard to clearly identify all aspects of the condyle. As stated 
before, these drawbacks clearly limit the use of the transcranial 
and transpharyngeal TMJ projection radiographs.

22.4.2.3.2.10 Sialography in Dental Radiography The sali-
vary glands as soft tissue organs cannot be directly imaged by 

means of radiographs. As an indirect radiographic evaluation, 
sialography was established long ago. The salivary glands are 
indirectly displayed by means of a radiopaque contrast agent 
injected into the natural duct of the gland. The technique shows 
the architecture of the salivary duct system, the ductules, and 
parenchyma of the salivary gland of interest. Strictures can, thus, 
also be visualized. A radiopaque contrast medium is injected into 
the excretory duct of the respective gland. Sialography is also 
conducted in dental radiography, most commonly to assess the 
radiographic pattern of the submandibular gland or the parotid 
gland. It is helpful to visualize potential duct obstructions or the 
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FIGURE 22.55 Parma (transpharyngeal) projection geometry in open mouth position. The short source-to-object distance extensively magnifies the con-
tralateral condyle so that its radiographic shadow appears less evident in the resulting image.

FIGURE 22.56 Parma projection of the left TMJ. Clearly visible is the 
massive magnification of the contralateral (right) TMJ.
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duct pattern of the gland and its interior. Due to the advances 
in ultrasonography, today sonographic evaluation of the salivary 
glands represents the standard means of diagnostics. However, 
recent reports still advocate a role of sialography in patients pre-
senting with sialadenitis (Hasson 2010). The involvement of the 
salivary glands in systemic diseases such as Sjögren’s syndrome 
may also be successfully diagnosed by sialography, with high 
sensitivity and specificity if an experienced and skilled observer 
is performing the procedure (Kalk et  al. 2002). Radiographic 
techniques applied for sialography mainly comprise the lateral 
oblique mandible view (see Section 22.4.2.3.2.8) or panoramic 
radiography (Figure 22.57).

The parotid gland can also be assessed by posterior-anterior 
skull radiography (Kalk et al. 2002). Lately, CBCT has also been 
successfully applied for sialography (Jadu et al. 2010; Kroll et al. 
2015). As standard agents, iodine salt compositions dissolved in 
an oil or water solution are employed. While water soluble solu-
tions due to their lower viscosity are somewhat easier to apply, 
they are rapidly diluted by the saliva and also become immedi-
ately absorbed by the glands. The consequence may be poor radio-
graphic density and, thus, poor contrast. However, due to their easy 
application they still tend to be used rather frequently. The more 
complicated to handle oil-/fat-soluble contrast agents are not easily 
diluted or absorbed by the salivary gland. Thus, at least in theory 
they provide better and longer-lasting contrast for sialography.

Therapeutic radiological techniques regarding sialoliths like 
stone retrieval and balloon sialoplasty may also be conducted by 
dentists or dental radiologists.

22.4.2.3.2.11 Hand-Wrist Radiography At first glance, it 
may appear strange why dental radiography also comprises 
hand radiographs. Nevertheless, hand-wrist radiographs 
(Figure  22.58)  are well established for skeletal maturation 
 determination in Orthodontics.

Of course, hand-wrist radiographs are also used for other 
purposes in medicine. As its name indicates, this type of radio-
graph displays the hand plus its wrist bones, which form a com-
plex  anatomical structure. It is well known that chronological 
age is not a good descriptor of skeletal growth velocity or skel-
etal  maturity (Flores-Mir et  al. 2004). Thus, other methods to 
 estimate the latter are required. One such method is based on the 
evaluation of hand-wrist radiographs. Age determination from 
skeletal analysis was already investigated in the middle of the 
twentieth century (Bayley 1946). The origins of the analysis of 
hand-wrist radiographs for estimation of growth and biological 
age lie in the pioneering work of Todd (1937). By comparison 
of the radiograph with tabulated drawings of the different stages 
of maturation of the hand-skeleton as well as by determination 
of defined stages of maturation of specific ossification-centers, 
a biological skeletal age is determined (Björk 1972).

Hand-wrist radiography may be indicated whenever the infor-
mation on the actual skeletal maturation status or a prognosis 
of (future) skeletal maturation derived from its analysis appears 
helpful to indicate or predict the best time for orthodontic inter-
vention. For instance, this is important in surgical cases to predict 
the best possible time for the surgical intervention. In addition, 
the remaining treatment time can be estimated.

Hand-wrist radiographs are exposed on a ca. 18 × 24 cm2 
detector (film, storage phosphor plate, or solid-state recep-
tor). Using a source-to-receptor distance of around 70 to 80 cm 
(Tanner 1962), the hand is placed with its palm resting on the 
detector so that the central X-ray aims at the center of the back 
of the hand and impinges perpendicularly in the center of the 

FIGURE 22.57 Sialography of the left submandibular gland on a pan-
oramic half-image. Clearly visible are duct obstructions which were later 
diagnosed as invasive infiltrations of an Adenoid Cystic Carcinoma (ACC).

FIGURE 22.58 Hand-wrist radiograph used in orthodontics for determi-
nation of skeletal maturation age.
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receptor. Longer source-to-receptor distances have also been 
suggested (Kiran et  al. 2013). To enable clear visualization of 
the sesamoid bones, the thumb should be deflected by 30° and 
the fingers of the hand should also be spread apart. Hand-wrist 
radiographs can be exposed in dental panoramic units (see Safer 
et al. 2015) or by means of the dental cone (Schopf 1978).

As a description of the relatively complex analysis of matura-
tion stages for biological age estimation would exceed the scope 
of this chapter, the interested reader is referred to Greulich and 
Pyle (1950) and Björk (1972). Age estimation in orthodontics is 
mainly based on the Björk (1972) methodology. For this analysis, 
several distinct regions of some carpal bones and the phalanxes 
are evaluated with regards to their maturation status. A very 
common such analysis is based on the suggestion of Greulich 
and Pyle (1950), which derives a mean skeletal age by averaging 
the skeletal ages over each bone age in the hand-wrist using an 
atlas made of typical hand-wrist radiographs that are displayed 
at 6-month-intervals. Björk (1972) defined eight stages of inter-
est during the age-period between 9 and 17 years that is of main 
interest in orthodontic treatment (Schopf 1978).

The validity of using hand-wrist radiographs for skeletal matu-
rity assessment in relation to overall skeletal growth velocity has 
been proved for various ethnical groups (Flores-Mir et al. 2004). 
More recently, however, the general value of hand-wrist radio-
graphs has often been questioned, and alternative methods have 
been suggested. For instance, it has been observed that general 
conclusions on skeletal age based on hand-wrist radiographs are 
questionable, owing to the significant inter-individual variation 
in growth patterns (Verma et al. 2009). A systematic review from 
2004 concluded that skeletal maturity analysis of hand-wrist 
radiographs in order to predict facial growth velocity should be 
based on both bone staging and ossification events (Flores-Mir 
et al. 2004). More recently, the analysis of the radiographic pat-
tern of the cervical vertebrae has been suggested as alternative 
(Hassel and Farman 1995; Danaei et al. 2014). This evaluation 
has the advantage that the cervical spine in general is automati-
cally included in regular lateral cephalograms (see Figure 22.37, 
Section 22.4.2.2.1) and, thus, no additional image (and radiation) 
is required.

22.5  Dose Issues and Radiation Protection in 
Dental and Maxillofacial Radiography

In general, the doses for the conventional (2D) dental and max-
illofacial radiographs are low compared to doses used in other 
medical radiographic applications (see Section IV, Chapter 66 
of this book). However, on the other hand dental radiography is 
a high-volume procedure (European Commission 2004) repre-
senting a large share of the total volume of radiographic appli-
cations in man. For instance, dental radiographs in the European 
Union account for more than one third (>33%) of all radiographs 
(European  Commission 2008). In the U.S., an annual number 
of over 100 million intraoral  radiographs is reported (U.S. Food 
and Drug Administration 2003). It is also well known that doses 
used in medical X-ray exposure continue to increase (Hujoel et al. 
2015). In the light of these figures and the general trend, the cur-
rent world-wide discussion on expected increase in dose induced 
by a massive increase in CBCT-usage in dental radiography 

appears well-founded and comprehensible. Another important 
aspect is that dental radiography is also commonly applied in 
young patients. For instance, bitewing radiographs are regularly 
prescribed for young patients with high caries risk (European 
Commission 2004). Effective doses for 2D dental radiography are 
in the low micro Sievert range (Table 22.6). Nevertheless, some epi-
demiological studies observed an increased risk of brain (Preston-
Martin and White 1990; Longstreth et  al. 1993), salivary gland 
(Preston-Martin and White 1990; Horn-Ross et al. 1997), and thy-
roid (Hallquist et al. 1994; Wingren et al. 1997; Memon et al. 2010; 
Hershman 2013) tumors for repeated dental radiography.

Single intraoral radiographs can start at around 1 µSv 
(Table 22.6). However, as it is well-known that beam collima-
tion strongly influences patient dose, such low values are only 
achieved for a rectangular collimation (European Commission 
2004). This can be simply estimated from the apertures: the typi-
cal 6 cm diameter round collimation covers an area of 28.27 cm2, 
whereas a rectangular collimation to film size (size No 2: 
3 × 4 cm2, see Table 22.1) only covers 12 cm. Mathematically, 
this represents an increase of 136% when round collimation is 
used instead of rectangular collimation. Consequently, the effec-
tive dose can be considerably reduced by using rectangular col-
limation (Cederberg et al. 1997; Kitafusa et al. 2006). An average 
effective dose for typical small scale (bitewing, periapical) intra-
oral radiography typically is in the range of 5 µSv (European 
Commission 2004) (Table 22.6). Data for occlusal projections are 
rare, yet the European guidelines on radiation protection in den-
tal radiography (European Commission 2004) suggest an effec-
tive dose of ca. 8 µSv for maxillary occlusals (Dula et al. 2001) 
(Table 22.6). Although, to the best of the author’s knowledge, no 
data are available for mandibular occlusal radiographs, from the 
direction of the beam it seems likely, that mandibular occlusal 
projections yield slightly lower effective doses. Apart from beam 
collimation, appropriate shielding provides a simple yet effec-
tive measure to lower the dose to critical organs. Particularly, the 
thyroid is one of the more radiosensitive organs in the head and 
neck region. In intraoral radiography, the thyroid can be shielded 
effectively by means of a protective thyroid collar or shield 
(Figure 22.59), which may also be integrated into a lead apron.

TABLE 22.6

Effective Doses for Different Dental and Maxillofacial 
Radiographs

Radiograph
Effective 

Dose (µSv) References

Intraoral radiograph 1–8.3a European Commission (2004), 
European Commission (2012)

Panoramic radiograph 2.7–37.8 European Commission (2004), 
European Commission (2012), 
Lee et al. (2013), Shin et al. 
(2014)

Lateral cephalometric 
radiograph

2–5.6 European Commission (2004), 
Ludlow et al. (2008)

Maxillary occlusal 
radiograph

8 Dula et al. (2001)

Source: Adapted from Ludlow, J.B., L.E. Davies-Ludlow, and S.C. White. 
2008. Journal of the American Dental Assocaition 139:1237–43.

a Figures strongly depending on collimation: rectangular collimation 
decreases the dose down to one fifth compared to round collimation.
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There is no general agreement if for intraoral radiography 
lead aprons generally should be worn regularly during expo-
sure. However, it has recently been suggested by some authors 
that a higher risk for thyroid cancer is found in patients with a 
history of repeated 2D dental radiographs (Memon et al. 2010; 
Hershman 2013). As long as there is no proof of the opposite, 
if possible a thyroid shield should be provided during exposure.

Effective dose values of panoramic radiography on average 
are on average are below 20 μSv (Table 22.6). When comparing 
the data from the literature (European Commission 2004; Lee 
et al. 2013), it appears that using digital (solid-state detectors and 
storage phosphors) (Lee et al. 2013) does not necessarily lower 
the dose when compared to film-based panoramic radiography 
(European Commission 2004). This may either be caused by a 
lack of awareness of the manufacturers of the equipment or by 
the general trend to produce “high-quality” radiographs in the 
sense of a beautifully looking image. Patient shielding in pan-
oramic radiography remains an issue of controversial discussion. 
While some guidelines or reports (European Commission 2004; 
Australian Government 2005; American Thyroid Association 
2013) suggest shielding with aprons is not necessary, since 
the dose to the body of the patient is negligible, others (White 
and Schulze 2014) nevertheless recommend application of 
lead aprons. In panoramic radiography, one particular problem 
in using a shielding-device exists: lead aprons may physically 
interfere with the primary beam and, thus, degrade image qual-
ity (Brezden and Brooks 1987). This refers to the collar closing 
at the neck of the patient, which, if positioned too far cranially, 
may lie in the primary beam when the source travels behind the 
patient’s neck and the front teeth are being recorded. In addition, 
as described earlier (see Section 22.4.2.2), panoramic radiogra-
phy inherently utilizes a beam with a slight upward direction, 
which traverses the patient’s head on a strictly horizontal path. 
Consequently, the body of the patient will not be hit by the pri-
mary beam. However, the effect of secondary (scattered) radia-
tion is often neglected in such considerations. Interestingly, 
experimental data on the effect of shielding in panoramic radi-
ography on patient dose are scarce (Horner 1994; Kelaranta 

et  al. 2016). Recently an article was published suggesting that 
the skin-dose to the female breast may be decreased on average 
up to 18-fold when a lead apron is applied (Schulze et al. 2016). 
Correct positioning of an appropriate lead apron can be practi-
cally achieved by placing its collar a bit below the beam entry 
position. By rotating the source-detector unit manually so that 
the source is behind the patient’s neck, the correct position of 
the collar can be easily controlled prior to exposure. According 
to the experience of the author, non-interference can be achieved 
without many difficulties and in a reasonable time if the staff 
have been sufficiently trained for this procedure.

Doses in cephalometric radiography range between 2 and 
6  µSv (European Commission 2004; Ludlow et  al. 2008) 
(Table 22.6). Although this dose range again is very low, it has 
to be considered that most of the cephalometric radiographs are 
acquired in children and juveniles. In addition, the thyroid as a 
critical organ may be in the primary beam if not appropriately 
shielded (Hoogeveen et al. 2015). As orthodontic treatment often 
extends over several years, often more than one cephalometric 
radiograph may be required during this period. These factors 
in combination make radiographs acquired during orthodon-
tic treatment a considerable source of radiation among young 
patients in the U.S. (Hujoel et al. 2008), and most probably also 
in other industrialized countries.

22.6 Future Perspective in Dental Radiography

The tendency for more three-dimensional radiography is also 
evident for dental radiography. Very certainly, the share of 
CBCT-scans among all dental radiographs will further increase. 
However, as there are some disadvantages to 3D techniques 
that cannot be neglected (high costs, higher radiation dose and 
drastically reduced spatial resolution when compared to intra-
oral radiographs), it is not very likely that CBCT will completely 
replace 2D dental radiography within the foreseeable future. With 
respect to CBCT it is already apparent that “low-dose” protocols 
are gaining more and more importance (see Ludlow and Walker 
2013). Radiation protection in the light of the many radiographs 
produced in dentistry is an inevitable prerequisite. As a conse-
quence, the dental community will very certainly continue to be 
involved in discussions regarding radiation protection.

As in other medical applications (mammography, chest radi-
ography), techniques producing incomplete 3D-information such 
as tomosynthesis will likely find their niche application also in 
dental radiography. As described in Section 22.4.2.2.9, there 
are already a number of panoramic radiography devices on the 
market that provide tomosynthetic reconstructions. However, 
one can imagine some additional functions, for example fur-
ther enhanced transversal images of the jaws with low radia-
tion dose. Theoretical work has been developed and published 
regarding such technology (Kolehmainen et  al. 2003; Siltanen 
et  al. 2003). The workgroup of the author has also developed 
a reference-based method to extract 3D-information from very 
few  radiographs that may be acquired in a geometrically non- 
constrained  setting  (Schulze et  al. 2008). With this technique 
until today only ex vivo results have been obtained (Figure 22.60).

With further evolving information technology and increas-
ing computational speed, there are various options for future 

FIGURE 22.59 Thyroid collar held by the patient to shield this radiation-
sensitive organ during exposure of an intraoral radiograph.
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development of such niche techniques. They all require com-
plex mathematical methods to extract image information and 
to generate (limited) 3D-information from it. If and when such 
techniques successfully enter the clinical stage, however, will 
strongly depend on acquisition complexity and comfort in a clini-
cal setting. Only if these requirements are met and the potential 
benefit for the clinician and the patient is high, it is likely that 
such a novel (niche) technique will successfully enter the market 
and can be established as a routine diagnostic tool. In dental radi-
ography, the success of such niche techniques may also depend 
on future radiation dose development in CBCT.

Already widely used in clinical dentistry and related disciplines 
is to combine image information from different modalities. This 
is often termed “matching,” where photographic images are reg-
istered to 3D-radiographic images for various purposes. A better 
term for this process is “image fusion.” Technically two or more 
image data are registered into one coordinate system. This can pro-
vide the operator with additional visual information or may make 
the conceptual understanding of the information easier than if it 
were displayed in separate images. Registration of different image 
modalities into one image can be applied to any existing imag-
ing modality (see Dranischnikow et al. 2009) and, thus, offers a 

wide variety of clinical applications. For instance, optical surface 
scans producing a 3D-surface of the teeth or the alveolar ridge 
can be registered to a CBCT-scan for planning of dental implants 
(Kernen et  al. 2015; Yang et  al. 2015). Another approach is to 
register dynamic jaw motion data to an existing CBCT to obtain 
realistic motion patterns of the mandible (Hanssen et  al. 2014). 
These examples are only a small overview over the great variety 
of options exhibited by registration of data obtained from different 
modalities. As we are only at the very beginning of applying such 
methods, it seems quite likely that dental imaging in the future 
will further exploit registration methods for diagnostic purposes, 
therapy planning, or assessment of treatment outcome.

As for many radiological applications, phase-contrast imag-
ing will determine another revolution in medical and dental 
X-ray imaging. As this technique is extensively discussed in 
Chapters 49 to 53 of this book, in this chapter only a brief sum-
marizing paragraph is included. Until now, medical radiography 
in a clinical context has always only measured attenuation of 
the beam. Phase-contrast means that the phase-shift the X-rays 
undergo during their transit through the object is detected and 
used as a tissue-discriminating signal. Phase-contrast has been 
a matter of scientific investigation for some decades already. 

FIGURE 22.60 Surface reconstruction of a dry human mandible generated from only nine projection radiographs (exposed on storage phosphor plates) 
by means of a regularized iterative reconstruction technique (Schulze et al. 2008). The radiographs had been acquired by means of a dental cone in differ-
ent, non-constrained geometrical settings. For registration purposes, three spherical reference bodies (visible in this image as ball-like structures) had been 
attached to the mandible.
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Until quite recently, however, synchroton sources were needed 
to  generate highly parallel and monochromatic X-rays (see 
Section I, Chapter 8 of this book). Obviously, such sources are 
not available in a clinical setting and, thus, phase-contrast X-ray 
imaging has for a long time never left the status of laboratory 
investigations. In the middle of the first decade of the millen-
nium years, the first papers introducing alternative methods by 
application of conventional X-ray tubes were published (Peele 
et al. 2005; Pfeiffer et al. 2006). Particularly the latter method 
using gratings in the low micrometer-scale to infer the phase-
shift is promising, and yields excellent results in a laboratory 
environment. Preliminary results obtained in a close-to-clinical 
setting have been published recently for mammography (Scherer 
et al. 2015). The major advantage of phase-contrast X-ray imag-
ing over conventional absorption radiography lies in its dis-
criminative power within soft tissues. In theory, this additional 
signal can be acquired without enlarging the dose (Pfeiffer et al. 
2006). It will be exciting to see this revolutionary technique 
entering the clinical stage within the next decade.

Alternative methods not using ionizing radiation are also 
being developed further. Some of them indicate promising future 
perspectives; for instance, dental magnetic resonance imag-
ing (MRI), using small intraoral coils, recently already pro-
duced excellent results in vivo (Ludwig et al. 2016). This novel 
approach particularly allows for higher spatial resolution, while 
still keeping the acquisition time within clinically feasible lim-
its (Ludwig et al. 2016). Ultrasound is another further evolving 
imaging technique that may play a larger role in dental imaging. 
Intraoral applications for soft tissues and also the periodontium 
have been demonstrated (see Salmon and Le Denmat 2012). 3D 
applications for soft tissue investigation within the oral cavity 
may be envisioned for the near future. Other promising non-
ionizing radiation imaging techniques for the oral cavity include 
optical coherence tomography (Fernandes et al. 2016) or infrared 
thermography (Batinjan et al. 2014; Christensen et al. 2014).

Regardless of the fact that dental radiography has been used 
for almost the same time that X-rays have been known to man-
kind, their clinical importance and significance remains unbro-
ken. The transition from film-based to digital radiography 
resulted in a multitude of novel options, since modern informa-
tion technology can now make use of methods involving com-
plex computations, many of which have been developed decades 
ago. Many researchers believe that we are still in the begin-
ning of a developmental pathway utilizing the advantages and 
options offered by modern information technology and fast digi-
tal image receptors. As all medical applications, dental X-ray 
imaging will surely benefit from such technical developments 
yet to come. The future of dental imaging in general and  dental 
radiography looks promising, yet also challenging, since the 
technical complexity of the devices seems to be ever increas-
ing. For the dental practitioner, this means more options yet also 
advanced knowledge requirements on technique and applica-
tions. The dental community has to prepare itself by sufficiently 
implementing appropriate education both in the undergraduate 
as well as in postgraduate training. If these prerequisites are met, 
dental radiographic imaging with all its novel facets will con-
tinue to play an important role in the entire radiographic imaging 
community.
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23
Clinical Mammographic and Tomosynthesis Units

Gisella Gennaro

23.1 Introduction

Mammography is an X-ray examination of the breast, obtained 
by dedicated equipment, optimized for breast cancer detection 
or characterization. Although introduced as early as the 1970s, 
mammography is still considered the most effective imaging 
technique for early detection of breast cancer, and it is now 
widely used as a screening and diagnostic tool. A major chal-
lenge is to image subtle features, like small, low-contrast masses 
or microcalcification clusters, within an X-ray image of the 
breasts (inherently low-contrasted), allowing breast radiologists 
to make a correct interpretation. Since the 2000s, mammogra-
phy has gained an advantage from the evolution of image detec-
tor technology, moving from screen-film combinations to digital 
detectors. The major benefit of digital mammography comes 
from the separation between image acquisition and image dis-
play; post-processing tools became accessible to the users on 
dedicated workstations, making radiologists more confident 
about their image interpretation. Non-inferiority of digital ver-
sus screen-film mammography was firstly proved by the Oslo 2 
Trial (Skaane and Skjennald 2004), while the publication of the 
results from the Digital Mammography Imaging Screening Trial 
(DMIST) showed that digital mammography is more accurate 
than screen-film mammography for young women and women 
with dense breasts, that is, for those groups of women for whom 
screen-film mammography was less sensitive (Pisano et al. 2005).

More recently, digital mammography advances (see Section II, 
Chapter 19 of this book) allowed us to face the main limitation of 
projection imaging, namely the tissue superimposition and the asso-
ciated reduction of cancer detection, as well as a certain number of 
false positives, by developing other applications like digital breast 
tomosynthesis (DBT) (see Section II, Chapter 20 of this book) and 
contrast-enhanced spectral mammography (CESM, also called 
CEDM, contrast-enhanced dual-energy mammography).

In the following, the main components of clinical mammogra-
phy and tomosynthesis units will be described, and both the aspects 
of diagnostic performance and radiation dose will be discussed.

23.2  Components of Clinical 
Mammography Units

A schematic of a clinical mammography unit is illustrated in Figure 
23.1, where the multiple components can be grouped as follows:

• X-ray source

• Acquisition geometry

• Digital detector

• Scatter rejection methods

• Automatic exposure control

• Image post-processing
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23.2.1 X-ray Source

The X-ray source includes all the X-ray tube parts and the addi-
tional filters.

When screen-film technology was used as image support, 
the anode target material was one of the major differences 
between the X-ray tubes used in mammography and those used 
in conventional radiography. Molybdenum (Mo) was the anode 
target material mostly used in screen-film mammography, 
producing spectra with a significant amount of characteristic 
radiation photons (energy peaks at 17.5 and 19.6 keV) and a 
continuous bremsstrahlung spectrum, whose maximum energy 
value in keV is equivalent to the tube voltage in kV (Beaman 
and Lillicrap 1982). Similar spectra, slightly more penetrat-
ing, were produced by rhodium (Rh) anodes (energy peaks at 
20.2 and 22.7 keV). Additional filters are always employed in 
mammography, with the aim of shaping the X-ray spectra by 
removing the lowest and highest photon energies (which do not 
constructively contribute to image formation). Filters typically 
used with Mo targets were a 0.030 mm Mo filter or a 0.025 mm 
Rh filter; the 0.025 mm Rh filter was used in combination with 
Rh targets. Spectra produced by Mo/Mo, Mo/Rh, or Rh/Rh 
anode/filter combinations suitably matched the exposure lati-
tude of screen-film detectors. However, the introduction of digi-
tal detectors, with wider exposure latitude and post-processing, 
which reduced the need of maximizing subject contrast during 
image acquisition, was accompanied by the increased use of 
tungsten (W) target material, the same material used in con-
ventional radiography, characterized by a higher melting point, 
and consequently higher maximal tube loading. Nowadays, 
most clinical mammography units use a single W anode tar-
get, filtered with Rh (0.05 mm), Ag (0.05 mm), or Al (0.7 mm), 
depending on the system.

In Figure 23.2, spectra produced by Mo/Mo, Rh/Rh, W/Rh, 
and W/Al anode/filter combinations, all at 30 kV, are compared.

A few digital mammography systems still mount tubes with 
two anode tracks: Mo and Rh targets for General Electric (GE) 
systems, and Mo and W targets for Siemens systems, even if they 
use almost exclusively Rh and W, respectively.

Mammography X-ray tubes always have rotating anodes, and 
are equipped with dual filaments to produce two focal spots of 
different nominal size, 0.3 mm to acquire standard mammogra-
phy images (contact views), and 0.1 mm to acquire magnification 
views. The tube port is usually a thin beryllium layer (0.5–1 mm), 
substantially transparent to X-rays (absorbs only photons with 
energy lower than 5 keV).

Tube voltage, obtained by high frequency generators (Sobol 
2002), is another parameter which differs significantly between 
mammography and conventional radiography: the typical range 
is between 25 and 35 kV for mammography, against the 50 to 
150 kV range of radiography. This is due to the need of maxi-
mizing the limited contrast produced by the different breast tis-
sues, whose small differences in absorption coefficients slightly 
increase at lower photon energies (i.e., lower tube voltage values).

23.2.2 Acquisition Geometry

Mammography X-ray tubes are usually positioned to maintain 
a source-to-image receptor distance of about 65 cm. As the 
X-ray beam must be sufficient to include the area covered by the 
breast, without exposing other parts of the patient body, the tubes 
are physically tilted (as shown in Figure 23.1) to cover about a 
24 × 30 cm2 field of view (FOV).

The intensity of the X-rays emitted is not uniform in the cath-
ode-anode direction, but the number of emitted photons decreases 
on the anode side compared to the cathode side, because of the 
heel effect (Andolina and Lille 2010). Thereby, the X-ray tube is 
positioned with the cathode corresponding to the chest wall of 
the patient and the anode to the nipple area, to match the shape of 
the breast; in fact, despite the breast compression, the posterior 
part of the breast, close to the chest wall, remains thicker, requir-
ing more photons, while the anterior part, close to the nipple, is 
thinner, and, consequently, a lower X-ray intensity is sufficient to 
produce a good image.

As previously mentioned, the breast is compressed during 
mammography examination. Breast compression is fundamen-
tal to obtain a good mammogram, reducing breast thickness and 
tissue superimposition, and limiting accidental breast motion 
during the exposure, which would cause image unsharpness. It 
also reduces the amount of radiation dose necessary to obtain the 
image, and the scattered radiation fraction. In the early days of 
digital mammography, it was announced that breast compression 
(which is not judged positively by women undergoing mammog-
raphy) could be reduced compared to screen-film mammogra-
phy, because of the post-processing; however, this was never 
proven, and good breast positioning and firm compression are 
still key points to obtain high quality, diagnostic images. Breast 
compression is performed by a compression paddle, usually a 
thin polymethyl-methacrylate (PMMA) or polycarbonate plate, 
which moves (usually) parallel to the breast support using a 
motor-driven system. The radiographer uses his/her hands for 
breast positioning and his/her foot to apply the appropriate com-
pression; a final manual adjustment is also possible by mechani-
cal knobs placed on both sides of the paddle assembly. The size 
of the compression paddle fits the detector field-of-view, typically 
18 × 24 cm2 or 24 × 30 cm2 for “contact views” (obtained with 
the breast compressed on the breast support, i.e., as close as pos-
sible to the image detector). Additional compression paddles can 

X-ray source

Compression
paddle

Scatter ejection

Image detector

Collimators

Tube port
and filter

AEC sensor 
(CRs)

FIGURE 23.1 Schematics of a clinical mammography unit, illustrating all 
the components described in the following sub-sections.
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be provided for “spot views” (the breast is still compressed on the 
breast support, but compression is applied to a limited portion of 
the breast to produce a good image of the area under investiga-
tion). Magnification views can also be acquired by mounting an 
additional support which permits one to compress the breast half-
way between the X-ray source and the image detector; the area 
of the breast under investigation is then projected onto the image 
plane with a magnification factor of about 2. Magnification views 
are usually used to enlarge possible microcalcification clusters. 
Figure 23.3 shows the three different types of breast compres-
sion/image acquisitions already described: contact, spot, and 
magnification views.

In digital mammography units, the X-ray beam collimation 
is automatically set by the compression paddle, and the type of 
mammographic view selected on the acquisition workstation 
console.

A standard mammography exam includes two contact views 
of each breast, with the breast compressed in cranio-caudal (CC) 
and medio-lateral oblique (MLO) position, respectively. In CC 
view, the gantry is vertical, with the X-ray tube perpendicular 
to the floor. The breast is compressed on the breast support, 
with the chest wall leaned against the detector side, and pulled 
anteriorly to have the nipple in the image profile. The pectoral 
muscle is not always visible in CC views. In MLO view, most 
of the breast tissue is visible, including the pectoral muscle. The 
gantry and the detector are angled (approximately ±45°) and the 

breast is compressed from the upper medial direction (Linfors 
and Petress 2012). Extra-views with different geometry may be 
acquired in the case of suspicious findings or diagnostic doubts, 
in a diagnostic workflow.

An example of mammography examination is depicted in 
Figure 23.4.
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FIGURE 23.2 Comparison of X-ray spectra produced by four different anode/filter combinations, at 30 kV: (a) Mo target, 0.030 mm Mo filter; (b) Rh 
target, 0.025 Rh mm filter; (c) W target, 0.025 mm Rh filter; (d) W target, 0.05 mm Al filter.

Contact view Spot view Magnification view

FIGURE 23.3 Three different types of breast compression/image acqui-
sition in mammography: contact views, that is, the standard images; spot 
views, used to “isolate” an area of the breast, supposed to include a sus-
picious feature; magnification views, used to enlarge small structures like 
microcalcifications.
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23.2.3 Digital Detectors

From the beginning of digital mammography until now, several 
changes and advances have been applied to clinical systems. 
However, the general scheme illustrated in Figure 23.5 can be 
analyzed to describe all the digital technologies that have been 
used and are currently used in commercial equipment.

The first distinction can be made between integration and 
photon-counting detectors, although only one system is available 

on the market using a photon-counting detector compared to sev-
eral systems with integration detectors. Integration detectors are 
characterized by an active area covering the full field-of-view; 
for this reason, systems employing this type of detectors are 
often called “full-field digital mammography” (FFDM) systems. 
Furthermore, integration detectors take their name from the way 
they produce the signal-to-noise ratio (SNR) in each detector ele-
ment, resulting in the final image. In fact, a SNR proportional to 
the intensity and energy of the photons transmitted through the 
breast is accumulated during the entire exposure time, and the 
resulting image is a “transmission map” produced by the accu-
mulated photon energy delivered at each detector element over 
the exposure time. Different sources of noise contribute to the 
final SNR of integration detectors.

In contrast, photon-counting detectors can detect the indi-
vidual photons interacting with the detector material, produc-
ing a signal above a preset threshold in the detector elements 
(see Section I, Chapter 13 of this book). This permits one to 
eliminate the contribution of noise sources other than the quan-
tum noise, by setting the discrimination threshold above the 
noise level. Photon-counting detectors need fast electronic 
read-out, with an independent channel for each detector ele-
ment. For mainly economic reasons, photon-counting detectors 
are not yet full-field, but have a narrow slot area, and the full-
field coverage is guaranteed by scanning. The unique clinical 
mammography system with photon-counting detector (silicon 
microstrips) was originally developed by Sectra, and succes-
sively purchased by Philips. Its strength is the capability of 
keeping the radiation dose level very low, approximately 40% 
below the dose level of the FFDM systems (Cole et al. 2012).

Most FFDM systems employ flat panel detectors (FPDs). There 
are two types of flat panels for X-ray imaging: (1) FPDs with a 
scintillator layer to convert the incident X-rays in light photons, 

RCC LCC RMLO LMLO

FIGURE 23.4 Example of a standard mammography examination, including cranio-caudal (CC) and medio-lateral (MLO) views of both breasts.
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FIGURE 23.5 Diagram which describes properties of digital detectors 
used in mammography.
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which are captured by the photodiode array constituting the flat 
panel. In order to limit the light spread through the scintillator 
and the consequent unsharpness of the image, a cesium iodide 
(CsI) scintillator is used, whose needle shaped crystal structure 
guides the light to the flat panel detector elements. Scintillator-
based FPDs are used in digital mammography units by General 
Electric (GE), and have in their system a pixel size of 0.1 mm. (2) 
FPDs with a semiconductor (amorphous selenium) layer convert 
the incident X-rays in pairs of electrical charges (electron-hole 
pairs), that are moved to the flat panel array by an electric field 
of a few kiloVolts, improving the spatial resolution of result-
ing images. Selenium-based FPDs are used by most manufac-
turers: Hologic with a pixel size of 0.070 mm, IMS, Planmed, 
and Siemens mounting a detector produced by the “independent 
company” Anrad, with a pixel size of 0.085 mm; more recently, 
Fuji introduced a new selenium-based system with hexagonal 
detector elements, whose area is equivalent to a 0.068 mm square 
pixel (Okada et al. 2013).

Mammography systems employing integrating FFDM and 
photon-counting detectors are commonly called “DR” systems, 
a general term to indicate real digital imaging systems, for any 
application, conventional radiography and mammography.

In the group of integration detector for digital mammog-
raphy, a few considerations are also necessary for computer 
radiography (CR), an older “pseudo-digital” technology, more 
known for its application in conventional radiography (see 
Section I, Chapter 12 of this book). CRs were introduced at the 
beginning of the 1980s as a first digital radiography system, but 
only in 2004 were they adapted for mammography application, 
4 years after the introduction of the first FFDM clinical sys-
tem. Computed radiography can be considered the link between 
screen-film technology and actual digital systems. It is a cas-
sette-based system, with cassettes containing analog detectors, 
called imaging plates (IPs), that are individually exposed to 
the X-ray beam to obtain multiple breast images, as previously 
done with the screen-film cassettes. Detectors consist of thin 
layers of special scintillator material, photostimulable phos-
phors (PSPs), spread over a plastic support. Such phosphors 
have the capability of trapping the energy of the X-ray photons 
during the exposure and converting it into lower energy photons 
(visible light) only when stimulated by an external laser source. 
Physical characteristics of the PSPs are used to temporarily 
capture the X-ray images; next, digital images are obtained by 
scanning the IPs by a dedicated laser scanner equipped with 
sophisticated mechanics, usually called a CR reader.

The major benefit of CR technology is that it uses the same 
X-ray equipment previously employed with screen-film combina-
tions, but, at the same time, permits oneto obtain digital images 
at limited costs. Nevertheless, the X-ray mammography equip-
ment used to expose the IPs and the CR reader could never be 
considered as two components of the same chain of image for-
mation, and the late arrival of CRs in mammography determined 
poor motivations to optimize the process of coupling the imaging 
plates with the mammography units.

Nowadays, prices of digital mammography systems have been 
decreased, and CRs in mammography are less and less used, in 
favor of DRs. Moreover, CRs are not suitable for advanced appli-
cations of digital mammography (such as tomosynthesis and con-
trast mammography).

23.2.4 Scatter Rejection Methods

When an X-ray beam interacts with body tissues, it is partially 
absorbed and partially transmitted. The transmitted X-rays 
unavoidably include both primary and scattered radiation. 
Primary radiation, associated to the photoelectric absorption, 
produces a useful signal for the image formation. In contrast, 
scattered radiation, mainly caused by Compton interactions, can 
be considered as an additional random noise that degrades the 
final image quality. The impact of scattered radiation on image 
quality is traditionally described by a parameter called “contrast 
degradation factor” (CDF), because, when images were acquired 
on films, the major effect of scattering was the reduction of 
image contrast (Rezentes et al. 1999). CDF was defined as the 
ratio between the transmitted contrast in the presence of scatter, 
CS, and the transmitted contrast in absence of scatter, C0, accord-
ing to the formula
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where SPR was the scatter-to-primary ratio (Neitzel 1992). In 
digital mammography, scatter increases image noise and reduces 
contrast, affecting the signal difference to noise ratio (SDNR).

In general, the amount of scattered radiation is strongly depen-
dent on breast thickness, and weakly dependent on X-ray beam 
energy (at least for energies used in mammography). For example, 
a breast of 5 cm compressed thickness produces a SPR approxi-
mately equal to 0.5 (Boone et al. 2000), which corresponds to a 
CDF = 1/1.5 = 66.7%. This shows that it is necessary to intro-
duce some type of device or a method to reduce the degradation 
of image quality caused by the scattered radiation.

Figure 23.6 shows the two standard methods used to reduce 
the scatter effect and improve mammography image quality. 
On the left, the method normally used in screen-film, CR, and 
FFDM mammography, introducing an anti-scatter grid inside the 

X-ray source
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counting
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FIGURE 23.6 The two methods to reduce scatter effects in mammogra-
phy. (Left) Moving focused grid, used by any type of FFDM unit. (Right) 
Scanning slot system, used by the photon counting equipment.
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breast support, between the breast output and the image detec-
tor; it is a moving, focused grid (a series of lead septa, spaced by 
radiotransparent material), which intercepts preferably scattered 
photons. On the right, the method used by the photon counting 
digital system: scatter rejection is performed by using a narrow 
X-ray beam at the breast entrance, and further collimating the 
output beam to fit the slot detector size, while the narrow detec-
tor performs a breast scan in the left-to-right direction (Aslund 
et al., 2006). Recently, Siemens have implemented computerized 
scatter removal.

23.2.5 Automatic Exposure Control

The automatic exposure control (AEC) is the device used to 
control the exposure factors, acting on both image quality and 
radiation dose. Anode/filter (A/F) combination, kV, and current-
exposure time product (mAs) must be selected on the basis of the 
effective breast absorption, to provide diagnostic image quality, 
while keeping the dose as low as reasonably achievable, accord-
ing to the radiation protection principles. In screen-film and CR 
mammography, the AEC was constituted by one or more dose 
sensors (usually ionization chambers or semiconductor diodes) 
located under the breast support (Figure 23.1). The sensor(s) 
integrated the X-ray signal transmitted through the breast during 
the exposure time, until the accumulated signal reached a pre-
set threshold value; the achievement of the threshold terminated 
the exposure. In DR mammography, the need for additional sen-
sors as AEC is no more required, and the digital detector used 
to acquire the image, or a portion of it, is normally also used for 
automatic exposure control.

In general, the AEC adjusts the detector air kerma (using the 
technique factors A/F, kV, and mAs) for the given breast absorp-
tion, with the main purpose of maintaining high image quality. 
The mean X-ray energy is increased (by increasing tube volt-
age and/or using more selective filtration) as the breast thickness 

increases, while the tube load (mAs) is adjusted to provide a con-
stant signal or signal-to-noise ratio to the image detector. AECs 
can usually operate in three modes: (a) full automatic mode, (b) 
semi-automatic mode, and (c) manual mode. In full automatic 
mode, the AEC automatically selects all the technique factors 
(A/F, kV, mAs), on the basis of breast absorption determined by 
means of a short pre-exposure and the built-in technique charts 
of the system. All DR mammography units have at least one full 
automatic AEC mode, whilst mammography units using film-
screen or CR technology may not have a fully automatic AEC. In 
semi-automatic mode, one or more technique factors are manu-
ally selected by the user, while the remaining factors are auto-
matically determined; for instance, the radiographer chooses 
the A/F combination and the kV, and the AEC determines the 
appropriate amount of mAs, similar to how a phototimer would 
do. Such exposure mode was available on all the mammography 
units used with CRs, but has been suppressed on DR systems; the 
only manual adjustment still possible on some FFDM systems is 
the selection of the image detector area used as AEC during the 
exposure. This allows, in specific cases, to exclude some areas 
of the breast which would produce a peak of absorption during 
the pre-exposure, inducing the AEC to make wrong choices of 
the technique factors; this is the case, for example, for breasts 
with implants, where the goal of mammography is to investigate 
the tissues surrounding the implants. Finally, in manual expo-
sure mode, the AEC is disabled and all the exposure parameters 
are manually selected by the operator; this is a modality always 
present on any mammography unit, typically used to expose test 
objects (or phantoms) during quality control and maintenance 
activities.

In Table 23.1, six examples of technique factors selected by 
the AECs of different digital mammography systems operating 
in full automatic are reported; they were obtained exposing three 
PMMA phantoms of 30, 45, and 60 mm thickness, respectively. 
It can be noted that there are significant differences among the 

TABLE 23.1

Technique Factors (A/F, kV, mAs) Selected by the Full Automatic AEC of Six 
Different Mammography Units

DR System
AEC Choice for 
30 mm PMMA

AEC Choice for 
45 mm PMMA

AEC Choice for 
60 mm PMMA

Fuji Amulet
(a-Se FPD)

W/Rh
26 kV
61 mAs

W/Rh
28 kV
97 mAs

W/Rh
30 kV
138 mAs

GE Senographe DS
(CsI FPD)

Mo/Rh
27 kV
36 mAs

Rh/Rh
29 kV
48 mAs

Rh/Rh
31 kV
58 mAs

Hologic Selenia
Dimension
(a-Se FPD)

W/Rh
26 kV
54 mAs

W/Rh
28 kV
91 mAs

W/Rh
29 kV
174 mAs

IMS Giotto
Image 3DL
(a-Se FPD)

W/Ag
25 kV
96 mAs

W/Ag
26 kV
161 mAs

W/Ag
30 kV
168 mAs

Philips Microdose
(photon counting)

W/Al
32 kV
11 mAs

W/Al
32 kV
16 mAs

W/Al
35 kV
24 mAs

Siemens Inspiration
(a-Se FPD)

W/Rh
26 kV
60 mAs

W/Rh
27 kV
110 mAs

W/Rh
29 kV
174 mAs
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parameters selected by the six systems for each phantom thick-
ness, differences which depend on the characteristics of the 
X-ray source used by each manufacturer, the detector quantum 
efficiency, and the AEC calibration.

23.2.6 Image Post-Processing

As mentioned in the introduction, digital mammography allows 
the separation between the image acquisition process and the 
image display process (by means of dedicated monitors). This 
means that acquired images can be modified (post-processed), 
and processing can also be customized according to the individ-
ual preferences. In digital mammography, it is in general possible 
to handle two types of images: (1) “raw” and (2) “processed” 
images. Raw images are the acquired images after some techni-
cal adjustments such as bad pixel calibration and inhomogeneity 
corrections, where the signal per pixel is proportional to intensity 
and energy of interacting photons; they include a large amount 
of information (usually 14 bit images), but their extremely wide 
dynamic range and often linear lookup table makes them not 
suitable for human interpretation. Processed images are images 
derived from the raw images, modified to fit the response of the 
human eye (contrast equalization) and to show the whole breast 
area, from the pectoral muscle to the skin line (tissue equaliza-
tion). Some manufacturers also apply soft edge enhancement 
algorithms, to improve spatial resolution, and/or local contrast 
enhancement algorithms, to improve local contrast in cases of 
breasts with significant glandular composition. In Figure 23.7, a 
raw image is compared to two processed images obtained by two 
different algorithms.

Another benefit of digital mammography is that the large amount 
of information captured by the raw images can be successfully 
used by computers to improve the performance. As an example, 

very complex software programs have been developed over time, 
with the aim of aiding radiologists in breast cancer detection, usu-
ally referred as computer-aided-detection (CAD) systems. Their 
development uses the progresses made in different disciplines of 
computer science, such as image processing, pattern recognition, 
applied statistics, and artificial intelligence (Doi 2015).

A CAD system has the goal of improving the detection capa-
bility of radiologists (see Section IV, Chapters 59 and 60 of this 
book). It is used as a “second opinion” after the radiologist has 
already evaluated mammography images; it might or might not 
suggest a potentially suspicious area, but the radiologist is asked to 
make the final decision, and might either agree with the computer 
and consider the CAD suggestion a real suspicion, or disagree and 
dismiss the CAD output. Its natural context is breast screening, 
a process where asymptomatic women in a certain age interval 
(typically 50–69 years) are invited to undergo mammography. 
European breast cancer screening typically has radiographers tak-
ing the mammograms, followed by blinded double reading (two 
independent radiologists interpreting images without any knowl-
edge about the other’s decision); women can be called back for 
further workup, in case a suspicious lesion is detected. In cases 
where only one of two readers decides for a recall, the woman is 
recalled anyway in some countries, while the decision for recall 
is postponed after the arbitration by a third reader. At recall, the 
woman gets additional mammography views, ultrasound, and so 
on, depending on the type of suspicious lesion. The double reading 
has been demonstrated to reduce the number of missed cancers 
compared to the single reading (Brown et al. 1996). The use of a 
CAD system was expected to be able to replace the second reader, 
while reducing screening costs. However, a systematic review by 
Azavedo et  al. (2012) recently concluded that the scientific evi-
dence is insufficient to determine whether the accuracy of single 
reading + CAD is at least equivalent to that obtained in standard 

(a) (b) (c)

FIGURE 23.7 Raw versus processed images in digital mammography: (a) raw CC image of a dense breast acquired by a FFDM unit; (b) processed image 
obtained from image (a), applying a standard tissue equalization algorithm; (c) processed image obtained from image (a), applying a local contrast enhance-
ment algorithm.
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practice, that is, double reading, where two breast radiologists 
independently read the mammographic images.

Robert Nishikawa, one of the CAD pioneers, suggested, in a 
point/counterpoint paper published a few years ago in Medical 
Physics, that limitations in practical CAD applications result 
from human limitations in decision-making. In other words, 
despite correct CAD findings, radiologists may make the wrong 
decision (Nishikawa et al. 2006).

23.3 Radiation Dose in Digital Mammography

The parameter used to quantify the radiation dose received by 
the breast during mammography is the mean (or average) glan-
dular dose (MGD or AGD) (see Section II, Chapter 29 of this 
book). It is defined as the average of all the absorbed doses to 
the different parts of the glandular tissue in the breast. The focus 
is on glandular tissue only, as this is considered the only breast 
tissue that is sensitive to radiation-induced cancers (detriment). 
The MGD can be obtained by measuring the entrance dose 
(incident air kerma), and multiplying it by one or more conver-
sion factors, accounting for breast thickness and composition, 
and X-ray beam half-value layer (HVL). Conversion factors 
have been calculated through Monte Carlo techniques by dif-
ferent authors (Sobol and Wu 1997; Dance et  al. 2000, 2009; 
Boone 2002). While breast thickness can be derived from the 
height of the compression paddle, breast composition (usually 
called “density”) can only be estimated. All simulations built to 
determine the dose conversion factors assumed that glandular 
tissue is distributed homogenously in the breast (within a given 
contour of skin tissue). Conversion factors have been obtained 
for different glandular fractions. Patient specific dosimetry 
requires an assessment of this density. In population-based dose 
surveys, typical thickness related densities are assumed, based 
on detailed studies performed in the UK (Dance et  al. 2000). 
Recently, it was reconfirmed that the typical breast composition 
is well below 50% glandular (Yaffe et al. 2009).

In terms of population dose, it was found that the mean MGD 
with digital mammography is around 1.4 mGy, versus a mean 
MGD of typically 1.9 mGy for screen-film mammography, that 
is, a 30% dose reduction of DR when compared with screen-film 
mammography (Gennaro and di Maggio 2006). Similar results 
(25% dose reduction) were published comparing dose from digi-
tal and screen-film mammography in the DMIST trial (Hendrick 
et al. 2010).

However, there are differences among digital techniques 
in mammography, in terms of both clinical performance and 
radiation dose. Weigel et al. (2014) have demonstrated that high 
performance results can be obtained in screening by photon 
counting systems, at radiation doses significantly lower than the 
doses delivered by other DR systems.

In contrast, with CR mammography, it is recommended to 
carefully verify the AEC setting of the mammography unit, 
avoiding its operating at low dose levels, with a potential negative 
impact on image quality. It has been estimated from screening 
performance results that, to provide the same diagnostic qual-
ity level as DR systems, CRs should work at a 60% higher dose 
(Bosmans et al. 2013).

23.4 Digital Breast Tomosynthesis

Clinical performance studies comparing digital to screen-film 
mammography succeeded to prove the non-inferiority of digital 
mammography, but not its superiority. The DMIST study was, 
thanks to its very large sample size, the first to be able to pick a 
subset of data, and more, in particular women with dense breasts 
and young women, for which digital mammography performed 
better than screen-film (Pisano et al. 2005). Recent multicenter 
trials have started to show more benefits from digital mammog-
raphy in comparison to film-screen and CR technology (Séradour 
et al. 2014). The number of interval cancers keeps pointing to a 
need to improve the performance of breast imaging.

The reason why digital mammography cannot significantly 
improve the clinical performance is that both digital and screen-
film mammography have the same inherent limitation, as any 
type of X-ray projection imaging. In fact, in mammography, any 
tissue between the X-ray beam entrance and the image detector is 
projected onto the image plane, resulting in an absorption map of 
overlapping structures. Tissue superimposition hampers image 
interpretation, either masking lesions and reducing their detect-
ability, or creating false positive images. This is why mammog-
raphy sensitivity (expressed in terms of capability in detecting 
cancers) dramatically falls as breast density increases (Moshina 
et al. 2016). Overlapping structures in projection images are also 
reported as “anatomical” or “structure” noise, as they constitute 
an obstacle to a correct diagnosis.

Digital breast tomosynthesis (DBT), made possible by digi-
tal detectors, is a quasi-3D technique which aims at solving the 
natural limitation of projection images by reducing the ana-
tomical noise (see Section II, Chapter 20 of this book). A DBT 
clinical unit is very similar to a digital mammography clinical 
unit, or better, it is a digital mammography clinical unit with 
a few changes. In mammography, image acquisition always 
occurs with the X-ray source perpendicular to the image detec-
tor. Conversely, in tomosynthesis, the mammographic gantry is 
modified to allow X-ray source rotation, while the image detec-
tor is kept stationary. The breast is compressed as for the acqui-
sition of a standard mammogram, the X-ray tube moves in an 
arc during the exposure, and a limited number of low dose pro-
jection images is acquired, at different angles over the arc. Tube 
motion can be either continuous (like for computed tomography) 
or step-and-shoot; in the latter case, each exposure is performed 
with the tube stationary at each angular position. If two struc-
tures are overlapped when imaged with the X-ray source perpen-
dicular to the detector, they are shifted on the image plane when 
acquired with the tube angled. At the end of the acquisition of the 
full DBT projection series, a reconstruction algorithm is applied 
to reconstruct a stack of breast planes  parallel to the detector 
plane. Those tomographic planes are often called “slices,” tak-
ing the term from Computed Tomography (CT) (see Section III, 
Chapter 32 of this book). The typical interval between adjacent 
 tomographic planes is 0.5 to 1.0 mm. Their effective thickness 
is much larger. In Figures 23.8 and 23.9, the general principle 
of tomosynthesis acquisition and reconstruction are illustrated.

During the acquisition of the DBT projections, the position 
of the two objects embedded into the breast model (sphere and 
cube) at different depth (z-direction) is encoded by the shifts 



465Clinical Mammographic and Tomosynthesis Units

produced in each angled projection compared to their posi-
tion in the 0° projection (obtained with the tube perpendicular 
to the image detector). For a certain tube angle, the deeper the 
object of interest (the closer to the detector), the smaller the shift 

produced, and vice-versa. The reconstruction algorithm reverses 
the acquisition process; by back-projecting the contents of the 
projection images, it derives the differences in object depth from 
their shifts. In the back-projected images (tomographic planes 
or slices), each object of interest is in-focus only in the tomo-
graphic plane corresponding to its physical depth into the breast. 
Any other object or structure not belonging to the same plane is 
out-of-focus, and appears as blurred in the tomographic plane. 
Thereby, the anatomical noise caused by structure overlapping 
is reduced in the reconstructed images, making clinical features 
easier to detect because of their higher conspicuity.

23.5 Clinical DBT Systems

Most of the clinical studies with DBT aimed to prove the added 
value of tomosynthesis in combination with mammography, 
rather than aiming to replace mammography with tomosynthe-
sis. Population-based (screening) trials have demonstrated that 
the combination of tomosynthesis with digital mammography is 
superior to digital mammography alone, by significantly increas-
ing the cancer detection rate (CDR), while reducing the recall 
rate (RR) (Ciatto et al. 2013; Skaane et al. 2013; Friedewald et al. 
2014; Lång et al. 2015). Furthermore, in diagnostic applications, 
tomosynthesis is expected to be used as a complementary source 
of information, in addition to mammography.

There are several differences across the different technical solu-
tions, regarding all the DBT components, as shown in Table 23.2.

All the systems, with the exception of GE, use W anode target 
material, as available at the introduction of the first digital mam-
mography units. Filter materials are chosen to produce more 

h1
h2

(a) (b) (c)

FIGURE 23.8 (a) Compressed breast model, including two objects of interest that would superimpose in projection images (cube and sphere); (b) and (c) 
Acquisition of projection images in DBT. The X-ray tube moves in an arc while the breast is compressed on the breast support and the detector is kept station-
ary. Structures belonging to different planes in the breast, but superimposed in the direction of breast compression, would be overlapped in the perpendicular 
projection image. The acquisition of angled projection uncouples the structures in the image. Each object of interest produces a shift which is proportional 
to the angular aperture and to the object depth.

(a) (b)

FIGURE 23.9 (a) Compressed breast model, including two overlapped 
objects of interest (cube and sphere); (b) Reconstruction in DBT: the acquisi-
tion process is reversed (back-projected) and the better in-focus tomographic 
plane for each of the two objects of interest is the plane corresponding to the 
object height in the breast.
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penetrating X-ray spectra than those used for mammography, and 
the kV range used in DBT is higher (typically 30–40 kV) than 
the mammographic kV range (typically 25–32 kV). The image 
detector is mostly the same as used for digital mammography, 
but the read-out is tuned towards better performance for low dose 
projections. In addition, Hologic decided to increase the pixel 
size for DBT by rebinning, that is, by combining the content of 
2 × 2 physical pixels (70 µm), in order to increase the SNR of the 
low dose projection images. Another exception is given by Fuji, 
that introduced a flat panel detector with hexagonal pixel shape 
(area equivalent to 68 µm), permitting one to make the effective 
pixel area variable, changing the spatial resolution of the images. 
The choice about the tube rotation mode, either continuous or 
step-and-shoot, is equally distributed across the manufacturers. 
The continuous motion is faster, while the step-and-shoot motion 
is more accurate, but slower. The angular range, or sweep angle, 
is very variable among manufacturers, ranging between 15° 
(±7.5°) and 50° (±25°). The system by Fuji is designed to permit 
two different angular choices, 15° (standard mode) and 40° (high 
resolution mode). The number of projections is expected to be 
proportional to the angular aperture, but this is not systemati-
cally true. Three (Fuji, Hologic, and Planmed) out of six manu-
facturers acquire 15 projection images, two manufacturers (GE 
and IMS) acquire nine and 13 projections, despite the relatively 
wide angle, and, finally, the manufacturer (Siemens) using the 
widest angle, acquires 25 projections. All the systems, with the 
exception of IMS, equally distribute the tube current × exposure 
time product (mAs value) among the projection images. In their 
newest system, IMS also now has a homogenous distribution. 
Most of systems do not use an anti-scatter grid, because standard 
grids are out-of-focus for angled projections. Only one system 
(GE) re-designed a new grid, which is in-focus independent of 
the tube angle and, at the same time, improves image quality, 
especially for thick breasts. Finally, three manufacturers (Fuji, 
Hologic, and Siemens) apply a filtered back-projection (FBP) 
algorithm, sometimes with a dedicated filter, while the others use 
iterative algorithms, performing better in terms of image quality 
and artifact suppression, but requiring longer computation time 
(see Section III, Chapter 33 of this book).

23.6 Reconstruction in DBT

As reported by Padole et al. (2015) conventional FBP is associ-
ated with a relatively high image noise and artifacts at reduced 
doses, because it is based on some mathematical assumptions, 
ignoring some key information, like statistics of X-ray photons 
and system model. Iterative techniques iterate the image recon-
struction a given number of times to better estimate these math-
ematical assumptions and generate images with lower noise. 
Because of the limited angles used in tomosynthesis compared 
to the full angular coverage of CT, image reconstruction in DBT 
is affected by different types of artifacts. A typical artifact is 
that produced by high contrast objects in the breast, like metal-
lic clips, or large calcifications: the high contrast object is pres-
ent, even shifted, in several planes adjacent to the in-focus plane. 
This artifact can be corrected by several algorithms (Wu et al. 
2006). Another common artifact is the truncation artifact, due 
to the limited size of the image detector, which produces bright 
horizontal lines and a saturated area close to the detector edge. 
The truncation artifact can be minimized by reconstructing a 
volume a little larger than that corresponding to the compressed 
breast thickness, and applying different types of algorithms 
(Sechopoulos 2013).

Several DBT “objects” can be reconstructed from tomosyn-
thesis acquisitions: (1) Tomographic planes or slices, used as a 
stack of images parallel to the detector plane, and explored by 
scrolling or in a cine-loop mode. They permit one to assess the 
height of the lesion in the 3D volume. The number of planes 
depends on the compressed breast thickness and the sampling 
interval: for a 5 cm breast, the number of planes is 50 for a 
sampling interval of 1 mm, or 100 for a sampling interval of 
0.5 mm. (2) Thick slabs: a given number of tomographic planes 
can be used together to build a sub-volume, whose thickness is 
usually about 1 cm. The purpose of slabs is twofold: on one side, 
allowing radiologists to scroll quickly through the breast; on 
the other side, to support detectability of groups of small clini-
cal features present at several heights, like microcalcifications. 
(3) Synthetic mammograms: they are pseudo-mammographic 

TABLE 23.2

Characteristics of the Six Commercial DBT Systems

System Fuji GE Hologic IMS Planmed Siemens

Anode material W Mo or Rh W W W W

Filter material Al or Rh Rh Ag Ag Ag Rh

Detector a-Se FPD CsI FPD a-Se FPD a-Se FPD a-Se FPD a-Se FPD

Pixel (µm) 68-square 100 140a 85 85 85

Pixel shape Hexagonal Square Square Square Square Square

Tube motion Continuous Step-and-shoot Continuous Step-and-shoot Step-and-shoot Continuous

Angular range (°) 15 (STD)
40 (HR)

25 15 40 30 50

No. projections 15 9 15 13 15 25

Dose (projection Uniform Uniform Uniform Variable Uniform Uniform

Anti-scatter grid No Yes No No No No

Reconstruction FBPb Iterative FBPb Iterative Iterative Iterative

a Rebinned from 70 µm pixel size.
b Filtered back-projection.
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images, obtained from DBT reconstruction, “collapsing” all the 
tomographic planes onto the detector plane. The introduction of 
synthetic mammograms is recent (Skaane et al. 2014), and goes 
in the direction of replacing standard 2D mammography with 
tomosynthesis.

23.7 Radiation Dose in DBT

The mean glandular dose concept is also used to quantify 
radiation dose in tomosynthesis. New conversion factors for 
DBT X-ray spectra have been calculated, including a fac-
tor to account for the angular dependence of the X-ray paths 
(Dance et al. 2011; Sechopoulos et al. 2014). There are a couple 
of studies published about the comparison between radiation 
dose for one mammography view and one tomosynthesis view, 
using commercial systems. The first one is a phantom study, 
where MGD values delivered by a specific system (Hologic) 
were compared between FFDM and DBT using breast phan-
toms of different thickness and composition in automatic expo-
sure mode. Considering phantoms with 50% glandular fraction 
(traditionally retained the “standard” breast composition), the 
thickness range is 2 to 8 cm, the MGD increase for a DBT view 
is between 0.8% for the 5 cm phantom and 76% for the 2 cm 
phantom; however, taking as a better approximation the typical 
breast composition, using the phantom with 14.3% glandular 
fraction, the MGD increase by DBT is between 67% and 135%, 
depending on the phantom thickness (Feig and Sechopoulos 
2012). The second one is a small clinical study (270 patients) 
based on a different clinical system (GE), showing that MGDs 
for a single view DBT are comparable to digital mammography 
(Paulis et al. 2015).

However, the debate about radiation dose of DBT is not related 
to the MGD differences with mammography for a single view, 
but to the approach mostly followed up to now about the clinical 
use of digital breast tomosynthesis. As already mentioned, DBT 
has been proposed in clinical studies, in addition to standard 
mammography, with the side effect of increasing systematically 
the radiation dose of a factor depending on the total number of 
DBT views acquired. Despite the improved diagnostic accuracy 
proven by the combination of FFDM plus DBT versus FFDM 
alone, doubling radiation dose to the population is still an open 
issue. Nevertheless, the introduction of synthetic 2D images, 
obtained from tomosynthesis at zero-dose, aims to replace digi-
tal mammography with DBT. The non-inferiority of the com-
bination of synthetic 2D plus DBT versus standard FFDM plus 
DBT has been demonstrated (Skaane et al. 2014). If the use of 
DBT alone, with the possibility of deriving synthetic 2D image, 
will become the standard in clinical practice, the subject about 
the increase in radiation dose caused by tomosynthesi, will be 
automatically closed.
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This chapter describes methods and tools for the assessment of 
image quality in digital radiography and digital mammography, 
including detector characterization.

24.1 Introduction

In many medical imaging departments, the transition from ana-
log imaging systems using screen/film (S/F) technology to digi-
tal radiography (DR) systems based around some form of digital 
X-ray detector is complete. The images generated by these sys-
tems provide vital information in the management and treatment 
of patients within the hospital. In the case of mammography, this 
often extends outside the hospital environment, and can involve 
the imaging of asymptomatic women within the context of a 
mammography screening program. Image quality is a crucial 
aspect of system performance, and the body of literature dealing 
with the evaluation of radiography and mammography system 
image quality is rich and diverse. Medical images are generated 
for a specific purpose, and the quality of said images should be 
evaluated within this context; the notion of image quality thus 
relates to the ability of the device to perform the clinical task 
for which it was designed/used (Loo et  al. 1984; Wagner and 
Brown 1985). An almost endless number of different imaging 
tasks are routinely undertaken and considering all is not a practi-
cal proposition. Furthermore, the Gold Standard metric of task-
based evaluation in radiology is currently the receiver operating 

characteristic (ROC) or alternative free-response operating char-
acteristic (AFROC) study, and the observer reading sessions 
required for these studies are time consuming.

We are, therefore, forced to look for alternatives that can be 
implemented practically, yet give useful, relevant results. The 
technique employed depends to some extent on the reason for 
the image quality evaluation, which could be anything from a 
simple, routine quality control (QC) check to optimization of 
the imaging chain using detailed knowledge of the sub-compo-
nents, commissioning testing, or even “ad-hoc” trouble shoot-
ing. Broadly, there are currently two main practical approaches 
in routine use: test object based evaluation and physical image 
quality assessment using transfer function analysis. These meth-
ods can be applied in a system scenario, with the system assessed 
as a whole or at a sub-component level, such as explicit detector 
evaluation. There is value in both of these techniques and evalu-
ation scenarios and, thus, both are discussed.

This chapter begins with a discussion of test object measures of 
image quality in mammography and general radiography, with the 
focus on threshold contrast-detail (CD) curves. This is followed 
by five sections dealing with the various steps involved in the 
physical evaluation of factors that influence image quality using 
transfer function methods. The first step is measurement of the 
detector response function, followed by measurement of resolu-
tion/sharpness using the modulation transfer function (MTF) and 
then noise is quantified using the noise power spectrum (NPS). 
Finally, global metrics of detector performance are introduced 
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via the concepts of noise equivalent quanta (NEQ) and detective 
quantum efficiency (DQE) (see also Section I, Chapters 14 and 15 
of this book). In each of these sections, some theory relevant to the 
metric is given, followed by discussion of the measurement meth-
ods and then some practical examples. The last section discusses 
the link between the NEQ and signal detection theory methods, 
with the simple detection task used in the CD test object methods 
that were introduced at the beginning of the chapter.

24.2 Test Object Evaluation of Image Quality

For many years, test objects have formed the basis of image 
quality evaluation techniques employed by medical physicists. 
Although there has been a move towards metrics such as the 
MTF and NPS, based on transfer function analysis, test object 
methods still form a crucial aspect of image quality evaluation 
for the purposes of QC. Threshold contrast-detail (CD) curves or 
low contrast detectability (resolution) are widely used to obtain 
a measure of image quality that can be compared against typical 
performance data for similar detector or imaging system types 
(IPEM 2010; Marshall et al. 2011; NHSBSP 2013). Alternatively, 
the results can be compared to reference data to establish whether 
the system meets the minimum image quality criteria required 
(if they have been established) before the system can be used 
clinically (Hendrick et al. 1999; EC 2006).

CD curves are typically measured using a homogeneous poly-
methyl methacrylate (PMMA) phantom containing a pattern of 
thin discs or holes and are often referred to Burger–Rose phan-
toms, after the pioneers who developed these methods (Rose 1948; 
Burger 1950). The targets are usually rows of circular discs or holes 
that vary in diameter along one direction and vary in thickness 
or depth along the other direction. The background signal in the 
image must be homogeneous. When imaged, this regular pattern 
of discs can be used in detection tests by human observers or input 
to software that implements detection algorithms for automated 
scoring. The variation in thickness or depth generates a variation 
in contrast and, thus, object detectability; these are, therefore, 
threshold test objects that require the observer (or software) to 
establish the last disc considered visible (i.e., the threshold).

There are two basic paradigms for finding thresholds. In the 
first method (that could be termed “free response”), the observer 
counts to the last disc considered visible (Rose 1948; Burger 1950) 
and repeats this for the range of diameters present in the test object. 
This is a basic method that is quick to perform, and, hence, useful 
for QC purposes (Hay et al. 1985; Cowen et al. 1987), but has limi-
tations—primarily that the individual observer detectability rate 
is not controlled. The observer is free to decide on the last disc and 
has to maintain this decision threshold constant over the duration 
of the reading session, and in fact between reading sessions if CD 
methods are used to track imaging system performance over time 
(years). However, experienced observers are able to some extent 
to hold their threshold constant between reading sessions, at least 
over a period of several weeks (Cohen et al. 1984).

The second method of generating a threshold is through the 
use of a (multiple) alternative-forced choice (M-AFC) technique, 
whose implementation requires a different design of test object. 
Typically, there is a grid of cells, each cell with a disc (or circular 
hole) at the center and an identical target positioned randomly 

in one of the four corners. The observer decides on the corner 
that contains the stimulus, this is repeated with several images 
and observers for a given imaging condition. The known truth of 
the phantom layout means that the mean probability of correct 
(PC) response can be estimated. The relationship between PC 
and physical stimulus generally has a sigmoid shape (often mod-
eled with the psychometric function) that grows from 1/M at the 
random guessing level to 1.0 (certain detection).

A curve fit is applied to the PC as a function of stimulus mag-
nitude (Ohara et  al. 1989; Veldkamp et  al. 2003; Young et  al. 
2006). The great advantage compared to the Rose free response 
type CD test object is that threshold contrast or thickness can be 
defined at some PC value (typically 62.5% or 75%), yet the evalu-
ation remains subjective. Repeating as a function of disc diam-
eter yields the CD curve that links the disc diameter (area) and 
threshold contrast, usually visualized via a log–log plot of thresh-
old stimulus (contrast, thickness, or hole depth) (y-axis) against 
detail diameter (x-axis). The curve can be compared against 
earlier measurements for constancy testing over time or against 
performance standards, if available. Note that the phantom 
described by Burger (1950) has two sections, one with rows of 
discs (i.e., Rose-like), and a smaller section with a 4-AFC design.

For radiographic images, the uncertainty on the result depends 
on the within-reader variance (Sw), the between reader variance 
(Sb), and the case sample variance (Sc) (i.e., variation between 
images due to different realizations of the background noise pat-
tern) (Cohen et  al. 1984). These sources of uncertainty can be 
combined to give the standard error (SE) as:
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where n is the number of images, l is the number of observers, 
and m is the number of independent readings of a given image. 
Average values for SE expressed as fractional standard devia-
tion taken from Cohen et al. (1984) are Sc = 0.137, Sb = 0.143, 
and Sw = 0.108; hence, two observers reading three images once 
incur a fractional standard deviation of approximately 14%.

CD test objects tend to be used in one of two setups, that 
could be termed system or detector geometries. In the system 
approach, the test object is positioned at a patient equivalent posi-
tion (such that geometric (source) unsharpness is included) and 
imaged with added tissue simulating materials, a clinical beam 
quality, and typically the anti-scatter grid in place. The resultant 
CD curve is influenced by all the elements of the X-ray imaging 
chain, including the spectrum and scatter rejection efficiency. In 
the detector approach, the test object is positioned at the detector 
input plane, and a calibrated X-ray spectrum set, typically with 
additional metal filtration at the X-ray tube (Hay et  al. 1985). 
This method attempts to minimize the influence of all elements 
in the imaging chain with the exception of the X-ray detector 
and the detector air kerma per image. As dose/image influences 
image quality score, some measure of dose has to be specified. 
For test objects used in the system context, this tends to be a mea-
sure of patient dose (such as entrance air kerma or breast dose in 
mammography), while, for test objects used in a detector geom-
etry, the air kerma/image at the X-ray detector is the parameter 
specified or recorded.
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24.2.1 Mammography

A number of test objects are used in routine assessment of image 
quality in mammography (including mammography screening), 
including the American ACR phantom, the Leeds TORMAM and 
TORMAX test objects and CDMAM (Reis et al. 2013) (see also 
Section IV, Chapters 55 through 57 of this book). With the excep-
tion of TORMAX, these are system test objects that contain a 
range of targets including calcification-like and mass-like objects. 
The CDMAM phantom is a CD test object with a 4-alternative 
forced choice (AFC) design, containing circular details composed 
of gold, with diameters ranging from 0.06 to 2.00 mm. Imaged 
with 40 mm PMMA, this test object generates a system CD curve 
and is used throughout Europe to assess image quality in mam-
mography. Between 8 and 16 images are acquired for a given 
imaging condition, with a slight shift between acquisitions to have 
different realizations of partial  volume effect. Scoring can be man-
ual (human observer) or via dedicated scoring software (CDCOM) 
(Karssemeijer and Thijssen 1996; Young et al. 2006), with uncer-
tainties estimated using a bootstrap approach that are generally 
below approximately 10% for the 0.1 mm diameter detail. The 
resultant CD curve (expressed in gold thickness) can be compared 
against levels in EC guidance that give Acceptable and Achievable 
levels of performance of systems for use in breast screening. 
Recent work by Warren et al. (2012) has shown that CDMAM CD 
data correlate with radiologist detection performance of simulated 
microcalcification clusters.

Figure 24.1 shows CD curves obtained with the CDMAM 
phantom on a mammography system for different detector air 
kerma/image values. Also shown are the corresponding mean 
glandular dose (MGD) values calculated for the acquisition set-
ting used (30 kV and W/Rh). The system meets the Acceptable 
image quality level for gold thickness at ∼0.6 mGy and the 
Achievable level at ∼1.8 mGy, within the Achievable level of 
2.4 mGy (for 50 mm PMMA) set in the European Protocol for 
screening mammography (EC 2006). Note that many European 
countries have implemented the image quality and dose perfor-
mance levels given in EC (2006), and systems must meet these 
levels before use in a breast screening program.

24.2.2 General Radiography

CD test objects for use with general imaging systems (includ-
ing fluoroscopy, digital subtraction angiography, and digital 
radiography) include phantoms developed at Leeds medical 
physics department (Hay et al. 1985; Cowen et al. 1987) and the 
CDRAD test object developed by Thijssen (1993). Both consist 
of a PMMA baseplate with circular details, but there are notable 
differences in both design and application of these test objects. 
Stimuli in the Leeds test object are generated by circular discs 
of unspecified composition arranged in both straight and circular 
rows. There is a √2 step in contrast (∼thickness) between succes-
sive discs along a given row, and there is also a √2 step between 
diameters (ranging from 0.25–11.1 mm). Hence, for a quantum 
noise limited detector, a factor 2 increase or decrease in detector 
air kerma (DAK) will (on average) increase or decrease the num-
ber of visible discs at each diameter by one (on average). Scoring 
is of the Burger–Rose “free response” type, where the observer 
counts to the last disc considered visible. CDRAD is composed 
of a matrix of cylindrical holes of different diameters and depths 
drilled into the PMMA. Both hole depth and hole diameter range 
from 0.3 to 8.0 mm, with an average step of 20% between discs/
diameters. As with CDMAM, layout and scoring is via a 4-AFC 
paradigm.

In use, the Leeds test objects are normally positioned at the 
detector input plane and imaged with a tube voltage between 
65 and 80 kV with added filtration of 1.0, 1.5, or 2.0 mm Cu. 
The number of discs seen at a given diameter is converted to a 
contrast for the beam quality used to acquire the image using 
tables supplied with the test object. Hence, the influence of beam 
quality is (to some extent) removed from the evaluation, and the 
threshold contrast gives a measure of the low contrast detectabil-
ity of the X-ray detector. CDRAD, on the other hand, is typically 
used as a system test object, imaged with 20 cm PMMA, using a 
patient geometry and a freely selected tube voltage (typical clini-
cal). There is generally no attempt to estimate the radiation con-
trasts generated by the holes and, hence, threshold hole depth is 
plotted against detail diameter. Reference CD data are available 
for use with the Leeds CD test objects for various modalities, 
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FIGURE 24.1 Contrast-detail (CD) curves measured using CDMAM as a function of DAK for a digital mammography system. Also shown is correspond-
ing mean glandular dose and the Acceptable and Achievable image quality levels in the EU guidelines.
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including fluoroscopy (Evans et al. 2004) and digital radiography 
(Marshall et al. 2011; IPEM 2010).

Figure 24.2 shows CD curves obtained with the Leeds TO20 
phantom on a caesium iodide (CsI)-based flat panel (FP) DR sys-
tem for different detector air kerma/image values. Also shown 
are two performance curves: a curve from IPEM Report 32 part 
VII (IPEM 2010) for computed radiography (CR) powder detec-
tors at 3 µGy and a second curve for CsI DR detectors at 2.55 µGy 
(Marshall et al. 2011). As with the mammography system, increas-
ing the DAK/image enables visualization of lower contrasts. The 
DR surpasses the CR detector performance at 1.25 µGy/image, 
while the threshold CD curve at 2.5 µGy/image is consistent with 
CD data at the 2.55 µGy/image given in Marshall et al. (2011).

24.3 X-ray Detector Response Function

Threshold CD test objects provide a summary measure of X-ray 
detector or system low contrast detectability and, hence, provide 
the QC physicist with useful information regarding the absolute 
value of the quality score and whether there have been changes in 
system performance since the previous QC visit. However, these 
test objects combine a number of aspects related to the quality of 
images (the large area contrast, the sharpness/resolution and noise) 
in a single score and, under fault conditions, for example, this can 
make it difficult to identify the particular aspect of the imaging 
chain resulting in the fault. An alternative approach is to make 
an explicit assessment of various aspects of detector performance 
that directly influence image quality, including detector response 
function and dynamic range, the sharpness (MTF), noise (NPS), 
and overall detector efficiency (the detective quantum efficiency 

[DQE]). These physical parameters derive from transfer function 
analysis of linear imaging systems (Rossman 1969; Cunningham 
2000) and form the basis current protocols for medical X-ray 
detector imaging performance characterization in general radi-
ography (IEC 2003) and mammography (IEC 2007). This sec-
tion describes the first step in the application of such a protocol, 
namely measurement of the detector response function.

24.3.1 Images for Quantitative Measurements

Step one is to ensure that the system produces the required image 
types. X-ray detectors used for medical applications save digital 
images so that they can be transferred using the Digital Imaging 
and Communications in Medicine (DICOM) protocol. Image 
types with DICOM tag {0008,0068 Presentation Intent Type} 
set to “For Processing” are generally suitable for physical image 
quality assessment. Images with this tag set to “For Presentation” 
are intended for display with the final clinical image process-
ing applied, which is almost certain to be strongly non-linear 
and, therefore, unsuitable for analysis using Fourier based met-
rics. The first requirement in physical image quality assessment 
is, therefore, access to “For Processing” images; availability 
of these images currently ranges from ∼100% for most digital 
mammography systems, to ∼0% for digital fluoroscopy or angi-
ography systems, with access for general radiography systems 
lying somewhere in-between these figures. In order to acquire 
this image type, many systems provide specific program settings 
(e.g., “Pattern” image types for Carestream devices or “System 
Diagnosis; Flat Field 400” for Agfa systems). It may be necessary 
to contact the application specialist or service engineer to deter-
mine the program or settings to be used: note that this is a vital 
step if transfer function analysis is to be applied. While Fourier 
based analysis can be applied to images with clinical image pro-
cessing (McDonald et al. 2012; Urbanczyk et al. 2012), great care 
must be taken in the calculation and interpretation of results.

Although the images are declared as “For Processing,” cor-
rections will have been applied to the raw detector images. For 
flat panel detectors (FPDs), these will include a pixel correction 
map to correct non-responsive or defective pixels, and a flat-field 
correction that corrects for radiation field non-uniformity and for 
the offset and gain variations of individual pixels (Schmidgunst 
et al. 2007). Further corrections of noise level for small exposure 
time variations are also allowed. While these are standard cor-
rections, it is unlikely that their exact specification will be made 
available to the operator. Manufacturers testing against one of 
the IEC standards (e.g., IEC 2003) have the advantage of access 
to the raw images and full control over the applied corrections; 
however, the standards make it clear that, when measuring DQE, 
all of these corrections must be applied as for normal clinical use.

24.3.2 Geometry and Collimation

Assessment of DQE explicitly involves a characterization of 
detector sharpness and noise properties via the MTF and normal-
ized noise power spectrum (NNPS). To minimize the influence 
of X-ray source on measured sharpness, a long focus to detector 
surface distance (FDD) should be employed, along with a small 
focus. The International Electrotechnical Commission (IEC) 
standard describes collimation in addition to the primary X-ray 
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70 kV and 1 mm Cu added filter, as a function of DAK. (Adapted from 
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tube collimation, with the intention of controlling the influence 
of scattered radiation on the results, to be placed at positions 
between the source and the detector. However, this collimation 
may be omitted if it can be shown that this does not influence 
the results (IEC 2003, 2007). For general detectors, Dobbins 
et al. (2006) found only a small influence (2.3%) from collima-
tion on the measured NNPS, while Samei et al. (2006) found a 
larger influence (up to 8%) on the MTF, and encouraged the use 
of the X-ray tube collimator, rather than additional collimation 
between tube and detector.

24.3.3 Radiation Quality and Exposure Range

The radiation quality should be relevant to the application for 
which the detector is used. For this purpose, IEC have defined 
standard beam radiation qualities (RQA spectra) for radiography 
and mammography detector characterization (IEC 2003, 2007), 
implemented using aluminum and designed to simulate patient 
exit spectra. An example of implementing the RQA3 quality: the 
10.0 mm Al filter is positioned at the X-ray tube output, the nomi-
nal tube voltage of 50 kVp is selected (Table 24.1), along with some 
tube current-time product (mAs), and a number of baseline expo-
sure readings are acquired. An additional Al filter equal to the 
half-value layer (HVL) for the RQA beam is then also positioned at 
tube exit (4.0 mm Al for RQA3). The exposure is measured again, 
and the ratio of exposure taken with the HVL filter to that without 
the filter is calculated. This ratio should be 0.50 ± 0.01; if not then 
the tube voltage is adjusted and the procedure repeated until the 
addition of the HVL filter reduces the exposure by a factor of 2.0.

Alternative beam qualities have been proposed and shown to 
give results close to those of the RQA spectra (e.g., Samei et al. 
2013). For the purposes of quantitative QC measurements, IPEM 
propose a spectrum of 70 kV, filtered with an additional 1.0 mm 
of copper. Radiation quality has some influence on the measured 
MTF and, therefore, the detector response function (or conver-
sion  function (IEC 2005, 2007) should be measured at the 
same radiation quality used for the response function and NNPS 
measurements.

The air kerma should be measured using an appropri-
ate monitoring device, calibrated at the energy used for the 

characterization. Ideally, the measurement should be made at 
the entrance plane of the detector, with the detector removed 
from the beam. If this is not possible, then the radiation meter 
should be positioned at some point away from the detector sur-
face and towards the source, such that the influence of back-
scattered radiation is minimized. The air kerma range at the 
detector surface covered in the response function measurement 
should be appropriate to the clinical range and levels used. A 
normal (or reference) air kerma level should be identified that 
is equal to the level at which the detector is operated in clinical 
practice. This can be established by acquiring an image under 
automatic exposure control, with the relevant filter in position 
and measuring the air kerma at the detector. The NPS is also 
evaluated at two additional levels, above and below the normal 
operating level. IEC (2003) states that the exposures to obtain 
the response function should include an image acquired at zero 
kerma (a dark image), the minimum air kerma level should not 
be greater than one fifth of the normal level, while the highest 
level shall be 20% greater than the maximum air kerma, for 
which NPS (and DQE) is evaluated. The incremental air kerma 
steps should have a logarithmic (base 10) form, and should not 
be greater than 0.1.

24.3.3.1 Practicalities for Mammography Detectors

For mammography detectors, FDD is fixed at between 600 and 
700 mm for current systems (see also Section II, Chapter 23 of this 
book). Collimation should be used to give an irradiated field area 
of 100 mm × 100 mm, although the collimation may be omit-
ted if it is shown not to influence the results. The IEC standard 
(IEC 2007) specifies qualities covering the range of anode/filter 
settings currently available on commercial systems, operated at 
28 kV nominal X-ray tube voltage and a 2 mm Al filter supported 
at the tube exit port. Beam quality parameters for the IEC mam-
mography spectra are listed in Table 24.2. An approximate mean 
energy for each spectrum is given, estimated using the model of 
Boone et al. (1997). The air kerma at the detector surface (DAK) 
is measured at the reference point centrally situated at 6 cm from 
the thorax side. Corrections for the dosemeter-detector distance 
are made via the inverse square distance law point source/FP 

TABLE 24.1

Radiation Qualities Used for Mammography Detector Characterization and Associated HVL, Number of Photons mm−2 µGy−1, and 
Approximate Mean Energy

Radiation Quality

Filter 
Thickness 

(mm)
Added Filter 

(mm Al)
Nominal X-ray 

Tube Voltage (kV)
Approx Mean 
Energy (keV)

Nominal Half-Value 
Layer (mm Al)

Photons (mm−2 µGy−1), 
i.e., SNRin

2

Mo/Mo (RQA-M 1) 0.032 2 25 18.5 0.56 4639

Mo/Mo (RQA-M 2) 0.032 2 28 19.5 0.60 4981

Mo/Mo (RQA-M 3) 0.032 2 30 20.4 0.62 5303

Mo/Mo (RQA-M 4) 0.032 2 35 23.0 0.68 6325

Mo/Rh 0.025 2 28 20.2 0.65 5439

Rh/Rh 0.025 2 28 21.1 0.74 5944

W/Rh 0.050 2 28 20.9 0.75 5975

W/Al 0.500 2 28 22.0 0.83 6575

Source: Adapted from IEC (International Electrotechnical Commission). 2007. Medical Electrical Equipment—Characteristics of Digital X-ray Image Devices: 
Part 1–2. Determination of Detective Quantum Efficiency—Detectors Used in Mammography IEC 62220–1–2. Geneva, Switzerland: IEC.

Note: RQA radiation qualities are those in the IEC standard 62220-1-2.
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geometries or via the inverse distance law for slit scanning sys-
tems. As stated above, the IEC protocol does not give explicit 
numbers for the reference air kerma, and investigators are free 
to choose this value, provided it is realistic. The normal clinical 
operating level for mammography can be from 50 µGy to over 
100 µGy (Monnin et al. 2007), depending on the system operat-
ing point and chosen X-ray spectrum. Taking, as an example, 
100 µGy as the normal level for mammography detectors, then 
the standard (IEC 2007) states that the two additional levels to be 
evaluated are 50/2 = 25 µGy and 100 × 2 = 200 µGy. The IEC 
air kerma range for the response is, therefore, 20 µGy (100/5) to 
240 µGy (1.2 × 200) in 11 steps. We would recommend measur-
ing the response until at least 400 µGy.

24.3.3.2 Practicalities for Diagnostic Detectors

For general detectors, FDD is generally adjustable, but for the 
characterization this should be fixed to be at least 150 cm, and the 
area of detector irradiated should be at least 160 mm × 160 mm 
(IEC 2003). Beam quality parameters, including the RQA spec-
tra, are listed in Table 24.1. For a given RQA spectrum, the 
tube voltage should be adjusted, starting from the approximate 
tube voltage, such that the measured HVL matches that in the 
standard.

Again, the IEC protocol (2003) gives no explicit advice on the 
normal air kerma level. One option is to compare the DR detec-
tor with a general purpose S/F system (sensitivity 400), which 
requires a DAK of ∼2.5 µGy to reach an optical density of 1.0 
above base plus fog. Taking 2.5 µGy as the normal level for gen-
eral radiography detectors, then the IEC standard states that the 
two additional levels to be evaluated are 2.5/3.2 = 0.78 µGy and 
2.5 × 3.2 = 8.00 µGy. This is consistent with Figure 4 in IEC 
62220-1 (IEC 2003). The IEC air kerma range for the response 
is, therefore, 0.5 µGy (2.5/5) to 9.5 µGy (1.2 × 8) in 14 steps. We 
would recommend measuring the response until at least 20 µGy.

24.3.4 Measuring and Fitting the Response Function

The response function is established by measuring the mean 
pixel value (PV) at the center of the irradiated field, using a 
100 × 100 pixel region of interest (ROI). This is performed on 

the unprocessed (DICOM “For Processing”) images. While 
recording the mean PV, the variance should also be recorded, as 
this can then be used for a basic three component decomposition 
of the noise (Section 24.5.9.2). The response function (or conver-
sion function [IEC 2003]) is formed by plotting PV against the 
estimated total number of photons mm−2 at the detector surface 
(Q). The value of Q is established by multiplying DAK (µGy) by 
the input photon fluence mm−2 µGy−1 (Φ). In the IEC standards 
(IEC 2003, 2007), Φ is referred to as SNRin

2 , and is calculated 
by integrating the input X-ray spectrum, generated using the 
Boone spectral models (Boone and Seibert 1997; Boone et  al. 
1997), over the photon energy range. For energies RQA5 and 
above, the number of photons mm−2 µGy−1 is roughly constant, 
at approximately 31,200 mm−2 µGy−1, with a maximum devia-
tion of approximately 4%.

Alternatively, this plot is commonly made against detector air 
kerma (µGy) or exposure (mR). The measured PV is then fitted by 
a model function; for current clinical systems this will either be a 
linear, logarithmic or power model. There should be a good cor-
respondence between the model and the measured data, with IEC 
(2003, 2007) requiring an R2 value ≥0.99 and that no individual 
experimental data point should deviate from the fitted value by 
more than 2% relatively. Before calculating any of the detector 
parameters described in the next sections, the images used for 
the analysis must be linearized by applying the inverse of the 
response function. An example of linearization for three common 
response functions plotted against detector air kerma (DAK) is:
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Following this step, the PV data takes on units of the response 
function, for example Q photons mm−2, air kerma (µGy), or even 

TABLE 24.2

Radiation Qualities Used for Characterization of Diagnostic Detectors and Associated HVL, Number of Photons mm−2 µGy−1, and 
Approximate Mean Energy

Radiation Quality
Approximate X-ray 
Tube Voltage (kV) Additional Filtration

Approx Mean 
Energy (keV)

Half-Value 
Layer (mm Al)

Photons (mm−2 µGy−1), 
i.e., SNRin

2

RQA 3 50 10.0 mm Al 40.3 4.0 21,759

RQA 5 70 21.0 mm Al 53.3 7.1 30,174

RQA 7 90 30.0 mm Al 64.0 9.1 32,362

RQA 9 120 40.0 mm Al 77.0 11.5 31,077

RQA 5 alternative* 70 0.5 mm Cu + 1.0 mm Al 52.1 7.1 29,846

RQA 9 alternative* 120 1.04 mm Cu + 1.0 mm Al 75.8 11.5 31,505

IPEM 70 70 dial 1.0 mm Cu 56.6 7.9 32,300

Source: Adapted from IEC (International Electrotechnical Commission). 2005. Medical Diagnostic X-ray Equipment—Radiation Conditions for Use in the 
Determination of Characteristics IEC 61267. Geneva, Switzerland: IEC.

Note: RQA radiation qualities are those in the IEC standard 62220-1-2.
*RQA 5 and RQA 9 alternative spectra given in Samei et al. (2013).
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mAs, if PV has been plotted against mAs. Common features are 
seen: removal of the offset, division by the gain, and removal of 
any (non-linear) function that was applied.

Figure 24.3a shows response functions plotted against DAK 
for four general detectors. These curves cover the four common 
relationships seen for medical imaging devices: linear (gener-
ally with some offset), logarithmic (negative, in this case), and 
power. There is a good fit between these chosen model curves 
and the measured data, with R2 values ≥0.996. Figure 24.3b 
shows the influence of energy on the response curve for an a-Se 

based mammography detector. The response was measured for 
four X-ray beams covering the typical range utilized by the 
automatic exposure control (AEC) of this system; the added 
polymethyl methacrylate (PMMA) blocks used to simulate 
breast tissue were positioned at the tube exit port. The gener-
ated X-ray beams have average energies ranging from ∼19.6 
to ∼24.6 keV, and the gradient of the response curve (plotted 
against DAK) is seen to increase as a function of energy. Figure 
24.3c takes all of these data points together, and plotting as a 
function of DAK gives a weak relationship between PV and 
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FIGURE 24.3 (a) Response curves for four diagnostic radiology detector types measured at RQA5 quality. (b) Response curves measured as a function of 
energy for an a-Se digital mammography detector. (c) All the response data for case (b) grouped and plotted against DAK. (d) All the response data for case 
(b) grouped and plotted against approximate energy at the detector.
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DAK for mammography detectors/energies. If DAK is con-
verted to approximate energy mm−2 at the detector (i.e., photons 
mm−2 µGy−1 × µGy × mean energy (GeV) for the data point), 
then an excellent correlation is found (Figure 24.3d) (Marshall 
2009). This is consistent with most current medical imaging 
X-ray detectors being energy integrating devices (Tapiovaara 
and Wagner 1984).

24.4  Transfer Function Analysis and Sharpness

24.4.1 Mathematical Considerations

24.4.1.1  Input/Output Relationships: 
Signal and Contrast

Contrast is a basic means of quantifying a signal, and is an 
important component of object detectability. Two definitions of 
contrast are commonly used. The Weber contrast (CW) is relevant 
to situations describing small intensity changes on a large uni-
form background, as is the case for contrast-detail test objects, 
and is defined as:
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where do  and db  are the mean pixel value (pixel intensity) within 
the object and in the neighbor background, respectively. The 
Michelson contrast (CM) applies to scenarios in which low and 
high intensities occupy similar fractions of the image area:
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This definition applies to periodic signals, for example in grat-
ings, and is useful in derivations of the modulation transfer func-
tion (MTF).

24.4.1.2  Linearity and Stationarity 
of Digital Detectors

The first requirement for quantitative evaluation of detector sig-
nal and noise properties using transfer function analysis is that of 
linearity (see also Section I, Chapter 14 of this book). For a sys-
tem with transfer characteristic T{}, acting on two input signals, 
d1(x) and d2(x) (i.e., in 1D), a system is linear if:

 T T T{{ ( )} { } ( )}.( ) ( )d x d x d x d x1 2 1 2+ = +  (24.7)

Furthermore, multiplication of the input by a constant (Λ) mul-
tiplies the output by the same constant:

 T{ ( )} { ( )},Λ Λd x d x= T  (24.8)

thus, the output is the same, regardless of whether the system acts 
on the inputs together or on each input individually followed by 
summation.

The second requirement is that the system must have a shift 
invariant response, such that the image of a point is independent 
of its position within the image. This property of shift invariance 
allows the definition of a system characteristic called the impulse 
response function (IRF) that describes how a point source inci-
dent on the system is imaged. If we consider an impulse, δ(x −x0), 
incident on a linear system, at a position x = xo, the result of the 
system acting on this impulse is T{δ(x–x0)}, thus the impulse 
response function:

 IRF( , ) { ( )}.x x T x x0 0= −δ  (24.9)

Using this concept of the IRF, for an input expressed as a 
superposition of many impulse functions incident on a linear 
system, then each impulse is imaged as one IRF in the image 
plane, independently of the others. The total image will be a sum 
of all the IRFs across the image plane: this is the superposition 
principle, whereby images can be built by summing many IRFs, 
each scaled by a constant. This superposition of IRFs leads to the 
superposition integral:

 

T d x d x x x dx{ ( )} ( ) ( , ) .= ′ ′ ′
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∞
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(24.10)

For a shift invariant IRF, this integral can be simplified to the 
convolution integral:
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(24.11)

or using the * operator for convolution:

 T d x d x x{ ( )} ( ) ( ).= * IRF  (24.12)

This equation describes the output signal when the input, 
d(x), is transferred through a linear and shift invariant system. 
Cunningham (2000) uses the term “IRF” to describe the impulse 
response for the 1D case, and the point spread function (PSF) for 
a 2D imaging system.

24.4.1.3 Sampling and Aliasing

We are dealing with digital X-ray imaging systems, in which the 
incident X-ray photon image is first converted to charge or light 
photons and then sampled spatially. This is achieved by a dis-
crete array of detector elements (referred to as “dels” or pixels 
[used in this work]) for FPDs while, for flying spot CR detectors, 
pixel spacing is determined by the diameter of the laser and the 
reader scanning pitch (Rowlands 2002). Sampling has important 
consequences for image formation. If d(x,y) denotes the original 
continuous physical parameter that constitutes the image signal, 
then (perfect) sampling of this representation is obtained by mul-
tiplication by a 2D spatial sampling function, s(x,y), composed of 
an infinite array of Dirac delta functions with even spacing (Δx, 
Δy) across the sampling grid:
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The sampled image, ds(x,y), is given by the sampling (comb) 
function acting on the input signal:
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We take the Fourier transform (FT) of the sampling function:
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Then, by the Fourier transform convolution theorem, the 
Fourier transform of the sampled image can be written as
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The spectrum of the sampled image is seen as the spectrum of the 
(ideal) image infinitely repeated over the frequency plane, on a grid 
with spacing (1/Δx, 1/Δy) (Albert and Maidment 2000). Figure 24.4 
shows this for two cases, (a) in which the sampling grid frequency 
(1/Δx, 1/Δy) is greater than twice the maximum frequency in the 
original spectrum (fm,x, fm,y), and (b) in which fs sampling frequency 
is less than half the maximum frequency in the original spectrum.

For case (a), sampling is made at a sufficiently high frequency, 
such that no spectral overlap occurs, while, in (b), given a higher 
maximum frequency in the input, the sampling frequency is too 
low, leading to spectral overlap. This phenomenon is known as 
aliasing, and occurs when the sampling frequency is less than a 
critical frequency called the Nyquist frequency ( fN). Practically, 
fN is related to the pixel spacing in a given direction (Δx), as 
fNx = 1/(2Δx) and, hence, the sampling period must be equal to 
or smaller than one half the period of the finest detail present 
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FIGURE 24.4 Two cases of signal sampling. The grey circle defines the signal region in spatial frequency space. (a) Sampling frequency is high enough to 
avoid overlap of adjacent signal replicates, (b) sampling frequency is too low, and this leads to spectral overlap of the replicates (aliasing).
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in the image, if aliasing is to be avoided. Images sampled at a 
frequency higher than twice fm are termed over-sampled, while 
images sampled at a rate lower than twice fm are under-sampled. 
Dobbins (1995) discusses the implications of under-sampling on 
the interpretation of objective image quality metrics for digital 
X-ray imaging systems. Indirect conversion detectors can use 
correlation or blurring by the X-ray scintillator layer to band-limit 
the input signal, reducing or removing aliased frequencies. For 
systems with very sharp X-ray converters (e.g., photoconductors), 
steps can be taken to reduce aliasing by the introduction of a con-
trolled degree of blurring at the pixel prior to sampling (“pre-
sampling”) (Ji et al. 1998). Valid use of transfer function analysis 
to assess physical image quality requires the assumptions of 
linearity and shift invariance for the system under investigation. 
Application to digital detectors leads to the assumption of cyclo-
stationarity (see e.g., Albert and Maidment 2000 or Cunningham 
2000). The requirements for the fulfilment of shift invariance 
depend on the size of the objects to be imaged, and, hence, will 
be different for the imaging of microcalcifications (of the order of 
100 µm or smaller) in mammography, compared to general radi-
ography. For practical purposes, most systems can be considered 
linear or linearizable, and exhibit at least local stationarity.

24.4.2 Definition of Sharpness

One of the fundamental parameters relating to the quality of the 
images produced by a detector is image sharpness, which describes 
the ability of a system to transfer detail present in the input (X-ray) 
image through to the output image. This, in turn, is related to detec-
tor spatial resolution and, hence, the ability of a detector to sepa-
rate or resolve adjacent features in the image. The starting point in 
the analysis of sharpness is the point spread function (PSF(x,y)), 
given earlier and describing the intensity distribution in the image 
resulting from irradiation by an infinitesimally small aperture. 
In a perfect detector this distribution is localized to an idealized 
point; however, in real detectors the energy spreads out around 
the ideal point to a degree characteristic of the detector unsharp-
ness (Rossman 1969). Instead of direct measurement of the PSF, it 
has been common to measure the line spread function (LSF(x,y)), 
which is the response of the system to an extended (line) delta func-
tion. Instead of using the PSF or LSF to characterize unsharpness, 
the assumption of linearity and stationarity discussed in Section 
24.4.1.2 allows the use of transfer function analysis to transform 
from the spatial to the spatial frequency domain. The PSF and the 
optical transfer function (OTF) are Fourier transform pairs:
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The modulation transfer function (MTF) and the phase trans-
fer function (PTF) are the modulus and phase of the complex 
function OTF, respectively:
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In many cases, it is the transfer of contrast or signal modula-
tion through the imaging system that is of interest, characterized 

using MTF, which can be calculated from the Fourier transform 
(FT) of the LSF for a given direction:

 MTF FT LSF( ) { ( )}.f xx =  (24.19)

The LSF can be generated using a slit or wire test object or 
alternatively using an edge test object from which the LSF is 
formed by differentiation:
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Cunningham and Reid (1992) explore the signal to noise ratio 
(SNR) associated with the slit, wire, and edge methods of mea-
suring MTF, and show the SNR for the edge method to be supe-
rior at low spatial frequencies, while that of the slit method is 
superior at higher spatial frequencies.

It is helpful to consider the imaging system as a series of (n) 
sub-systems, where the output of one component forms the input 
to the next. In the spatial domain, the full system PSF is joint 2D 
convolution of the individual component PSFs:

 PSF PSF PSF PSF( , ) .x y n= * * …1 2  (24.21)

Transformation to the spatial frequency domain, the OTF of 
the complete system is the product of the sub-system OTFs:
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Hence
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and
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The utility of the linear systems approach is readily appreci-
ated here, where once established, the system MTF is seen as a 
cascade of MTFs or spatial frequency filters, something that is 
much easier to conceptualize than a series of convolutions.

The MTFs of the stages prior to sampling can be cascaded and 
then multiplied by the sampling comb to give the digital (sam-
pled) MTF (Giger and Doi 1984):
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(24.25)

where MTFgeom( fx,fy) is the source/geometric unsharp-
ness, MTFconv( fx,fy) is the detector converter unsharpness, 
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MTFaperture( fx,fy) is the pixel aperture and, finally, the sum of delta 
functions represents the sampling action of the pixel matrix. The 
product of the source, detector, and pixel aperture is termed the 
pre-sampling MTF (MTFpre( fx,fy)):
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k

x
x

k

f f f f f
k

x
x y

( ) ( ), ,= −










=−∞

∞

=−∞

∞

∑ ∑δ
Δ

δδ f
k

yy
y−









Δ
,

 (24.26)

and this is the parameter used in the IEC protocol to charac-
terize detector unsharpness. MTFconv( fx,fy) and MTFaperture( fx,fy) 
are detector properties; a long FDD is employed to minimize the 
influence of source unsharpness. Readers are referred to Metz 
and Doi (1979) and Cunningham (2000) for in-depth application 
of transfer function analysis to X-ray imaging systems/detectors.

24.4.3 Measurement Method: Sharp Edge

One could use a direct measurement of the PSF from which the 
pre-sampling MTF is calculated to estimate the detector unsharp-
ness; however, this is difficult for a number of reasons. The aper-
ture used to generate the point source incident on the detector 
must be small compared to the PSF; fabrication of such a pin-
hole in a radio-opaque sheet is challenging. The resultant input 
signal to the detector is of very low intensity, and this can lead 
to noise influencing the measurement. Furthermore, using this 
method with pixelated detectors is problematic, as the measured 
PSF will depend on the position (i.e., the phase) of the aperture 
with respect to the pixel matrix. Some of these problems can be 
overcome by using line or knife-edge input sources to respec-
tively assess the LSF or edge spread function (ESF), as these 
are somewhat easier to manufacture and yield greater intensities; 
however, the problem of position dependence remains. The solu-
tion to the phase dependence of stimuli used to digital imaging 
systems sharpness, first described by Judy (1976) for Computed 
Tomography (CT) scanners, and later by Reichenbach et al. (1991) 
and Fujita et  al. (1992) for projection digital imaging devices, 
involves the angulation of the slit or edge test device against the 
pixel (or voxel) matrix to measure the pre-sampling MTF. While 
earlier work described the use of slit methods (Fujita et al. 1992; 
Dobbins et al. 1995), the edge method has become the preferred 
method for a number of reasons, including ease of manufacture 
and ease of positioning (Samei et al. 1998; Buhr et al. 2003).

The angled slit or edge is used to generate a composite LSF 
or ESF that is sampled at a higher rate than the native detec-
tor sampling pitch (“oversampled”). Figure 24.5 (adapted from 
Buhr et al. 2003) shows the basic approach. Taking a horizontal 
profile (along a row) in this figure generates an ESF sampled at 
the native pitch of Δx mm. The small angle of the edge against 
the pixel matrix results in a shift of p in the sampling position 
with respect to the edge position that is related to the angle of 
the edge:

 p x= Δ tan .α  (24.27)

The average number of rows (Nave) that result in a shift of 1 
pixel is:

 
N

x
pave = =

Δ 1
tan

,
α  

(24.28)

thus, the edge must travel Nave rows vertically before the edge 
crosses one pixel in the x-direction. This information, derived 
from knowledge of the edge angle, enables the construction 
of a composite, over-sampled ESF. An alternative method is 
described by Samei et al. (1998), in which the 2D PV data in a 
region containing the edge are re-projected along the direction 
of the estimated angle to form a 1D ESF array, sampled at a sub-
pixel pitch.

24.4.3.1 Location and Angle of Edge

Two commonly used methods are employed to find the edge 
angle required for these methods. An ROI containing the edge 
angle is differentiated and the position of the maximum (x) along 
each row (y) recorded. A first-order fit is applied (y = a + bx), 
and the edge angle is given by α = tan−1(1/b). Alternatively, 
the ROI is converted to a binary image, differentiated (gradient 
operator), and a Hough transform applied from which the edge 
angle is retrieved.

24.4.3.2 ROI Dimensions for Oversampled ESF

The IEC document specifies an ROI of 100 mm × 50 mm to 
determine the MTF, positioned such that 50 mm extends under 
the radio-opaque edge and 50 mm extends into the adjacent 
bright field. This enables a reasonably accurate evaluation of the 
low-frequency drop (LFD) due to glare/long distance scattering 
in the X-ray converter layer and detector housing (Samei et al. 
2006); ROI dimensions smaller than this may under-estimate 
the LFD.

y

Pixel spacing = p

x
θ

D x = p tan θ  

FIGURE 24.5 Edge orientation to generate over-sampling for pre- 
sampling MTF measurement. (Adapted from Buhr, E., S. Günther-Kohfahl, 
and U. Neitzel. 2003. Medical Physics 30:2323–31.)
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24.4.3.3 Construction of Oversampled ESF

In the methods of Fujita et  al. (1992) and Buhr et  al. (2003), a 
group of consecutive rows is selected with the condition that the 
shift of the edge transition in going from the 1st row to the Naveth 
row should be as close as possible to one pixel in the x-direction. 
A typical angle would be 2.5° and, hence, 22.9 (i.e., 23) lines are 
required to form one oversampled ESF. For a detector with a pixel 
spacing of 0.15 mm, this is only ∼3.5 mm and, hence, the process 
can be repeated up the edge, generating successive oversampled 
ESFs whose edge x-position moves one pixel across the detector. 
These (contiguous) ESFs can realigned by estimating the center of 
the edge transition and averaging to form the final ESF. Buhr et al. 
(2003) show that ESFs should be averaged rather than the individ-
ual MTF curves (which introduces bias that inflates the MTF at 
high spatial frequencies). Furthermore, averaging two MTFs esti-
mated from ESFs taken from overlapping sets of lines (by Nave/2 if 
possible)  increases accuracy due to the averaging of phase errors.

The method of Samei et al. (1998) uses a re-projection of PV 
data in an ROI approximately centered on the edge transition. 
The oversampled ESF is assembled by addressing every pixel 
with the ROI and generating two arrays containing, respectively, 
the PV for the current pixel, and its distance (s) from the edge:

 s y x p x y( , ) ( cos sin ),= −α α  (24.29)

where x is the column and y is the row number. This results in 
a fine but uneven sampling along the s-axis and, therefore, the 
samples are re-ordered and re-binned, with a re-binning size 
(Δs) chosen as a compromise between noise and resolution, typi-
cally Δs = 0.1 Δx.

24.4.3.4 Data Conditioning of ESF

Images used for MTF evaluation will contain some noise, which 
will tend to limit the accuracy of the MTF estimate, especially at 
high spatial frequencies. The numerical differentiation step fur-
ther amplifies the noise and, hence, some form of conditioning or 
smoothing is often applied to the ESF before differentiation. Given 
that MTF is used to characterize sharpness, application of smooth-
ing to the ESF must be made with care. Samei et al. (1998) have used 
a fourth-order Gaussian-weighted moving polynomial fit, while 
Maidment and Albert (2003) describe a monotonicity constraint 
applied to the ESF that can greatly reduce noise without introducing 
bias, provided the constraint is appropriate to the ESF in question.

24.4.3.5 LSF and MTF Calculation

Once conditioned, the ESF is differentiated using a central dif-
ference algorithm to give the LSF:

 
LSF

ESF ESF
k

k k

s
=

−+ ,1

2Δ  
(24.30)

where Δs is the oversampling pitch. A fast Fourier transform (FFT) 
is then applied to the LSF to obtain the MTF. This analysis type 
assumes that the submitted function is periodic and, hence, some 
authors apply a window function (e.g., Hanning) to the LSF that 
forces the extreme tails of the LSF to zero. While reducing noise 
in the LSF, windowing tends to suppress any long distance trends 

that may be present, over-estimating the MTF at low spatial fre-
quencies, and, hence, should be used with caution. The final steps 
are FFT of the LSF, to give the MTF followed by normalization 
to MTF[0]. The frequency resolution in mm−1 of the final MTF is 
related to the physical length of the LSF (L mm): df = 1.0/L.

24.4.4  Pixel Aperture, Fill Factor, and 
Signal Aliasing: EMTF

These steps describe the measurement of the pre-sampling MTF 
and, from Equation 24.25, it can be seen that the MTFs from source 
and detector unsharpness are multiplied by the pixel sampling MTF. 
Hence, the influence of the sampling pixel fill factor should be evi-
dent in the measured pre-sampling MTF for systems where these 
unsharpness sources are low in magnitude (Zhao et al. 1997). For 
systems with rectilinear pixels of size ax and ay, the transfer func-
tion associated with the pixel aperture, P(fx,fy), is a sinc function:

 
P f f

f a
f a

f a
f ax y

x x

x x

y y
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π
π

π
π

 
(24.31)

Hence, the fill factor (e.g., ηx) governs the point at which the 
pre-sampling MTF touches the respective spatial frequency axis 
(e.g., f0,x) and can be calculated as:

 
η ηx

x x
x

y ya f a f
= =; .

, ,

1 1

0 0  
(24.32)

Thus, the smaller the fill factor, the higher the touch point 
above the nominal frequency.

For the case of under-sampled systems, such as those in which 
the sample distance is not sufficiently high enough to capture the 
frequency content of the input image without aliasing, Dobbins 
(1995) suggests that under-sampling leads to phase dependence 
of the digital MTF. Dobbins (1995) has proposed the expectation 
MTF (EMTF) as a parameter that can be used to quantify aver-
age “signal” response, in the face of this phase dependence for 
under-sampled systems. The EMTF is calculated by averaging 
the modulus of the sampled digital modulation transfer function 
(e.g., MTFd( fx, ax)), over all possible phase values for a systematic 
(phase) shift (xo) of the edge across a pixel of size ax:
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(24.33)

For practical calculation, the modulus of MTFd for a given 
phase shift x0 is determined by summing the pre-sampling MTF 
(MTFpre):
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(24.34)

Only the first two or three terms are needed for this sum, due 
to the limited bandwidth of MTFpre (Dobbins 1995). Figure 24.6a 
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shows MTFpre and EMTF for two mammography detectors, with 
quite similar pre-sampling MTF curves, but with pixel pitches 
of 0.085 and 0.050 mm, respectively. EMTF is close to MTFpre 
for the finely sampled detector (system 2), while for the detector 
with large pixel spacing (system 1), EMTF remains high at the 
Nyquist frequency (5.88 mm−1), indicating the presence of con-
siderable signal aliasing.

24.4.5 2D MTF

While standard edge or slit based methods give MTFpre in two 
orthogonal directions across the detector, a number of methods 
have been described for the measurement of the full 2D pre-
sampling MTF. Fetterly et al. (2002) imaged a 0.5 mm Cu plate 
containing 256 holes of diameter 0.107 mm that, when imaged, 
produced an array of points. An over-sampled PSF is generated 
from which MTFpre is calculated by Fourier transformation. Båth 
et  al. (2003) described a similar method utilizing an aperture 
mask containing 100 holes of diameter 0.1 mm in a PMMA/Pb 
foil. More recently, Monnin et al. (2016) implemented a variation 
of the Thornton sphere method, described initially for CT imag-
ing (Thornton and Flynn 2006), but for 2D projection images. 
A 50 mm diameter W disc of thickness 0.5 mm is imaged; the 
center of mass of the disc image is established and the pixel data 
in some angular arc re-ordered according to their distance from 
the center of mass to give a 1D pre-sampling ESF for that arc. 
This is repeated to form ESFs for all the angular arcs around the 
disc. The corresponding MTFpre curves are then used to build a 
2D MTF using weighting matrices. Figure 24.6b shows 2D MTF 
measured for an a-Se based digital mammography detector with 
pixel spacing 0.085 mm. Although largely isotropic, some slight 
MTFpre anisotropy can be seen between the two directions across 
the detector.

24.4.6  Practicalities (Edge Size, Material, 
Thickness, Straightness, Exposure Level)

Some practicalities are common to the edge test devices used 
with mammography and general radiography detectors. The edge 
must be radiopaque, with a straight edge polished such that no 
ripples larger than 5 µm are seen on the edge, when imaged with 
screen-less film. Neitzel et  al. (2004) have modeled the effect 
of using non-opaque (semi-transparent) materials for the edge, 
and showed that scattered radiation generated within the edge 
reaches the detector, ultimately leading to an increase in MTF 
at all spatial frequencies. The edge must be sufficiently large 
such that the long distance scatter within the detector (i.e., glare) 
responsible for the LFD is captured in the over-sampled ESF.

24.4.6.1 Mammography Detectors

A standard edge test device is defined in IEC 62220-1-2, com-
posed of stainless steel, of minimum dimensions: 0.8 mm thick, 
120 mm long, and 60 mm wide. The edge is positioned immedi-
ately in front of the detector, such that the center of the edge is 
60 mm from the center of the chest wall, in a radiation field that 
is at least 100 mm × 100 mm. IEC guidance (IEC 2007) states 
that the irradiation of the edge should be made at one of the three 
exposure levels; to control the influence of noise on the MTF, 

the DAK should be 2-times the reference value (i.e., typically 
100–200 µGy) using the chosen RQA quality (Table 24.2). Two 
acquisitions should be made: one with the edge approximately 
orientated with the detector matrix columns, and the next orien-
tated to the rows. For CR detectors, the edge should be rotated 
90° between acquisitions, enabling MTFs to be estimated for low 
to high and high to low exposure transitions.

24.4.6.2 Diagnostic Detectors

For diagnostic detectors, IEC (2003) describe an edge test device 
composed of a 1 mm thick tungsten plate (100 mm × 75 mm) set 
into a 3 mm thick lead plate (200 mm × 100 mm). Again, the 
edge is positioned immediately in front of the detector and imaged 
using the chosen spectrum (Table 24.1) at one of the three DAK 
levels. If 2.5 µGy is taken as “reference,” then the DAK should be 
3.2-times the reference exposure (∼8–10 µGy) to reduce the influ-
ence of noise on the MTF. The edge device is aligned as closely 
as possible to the central axis of the X-ray beam; the number of 
exposures is the same as for mammography detectors.

24.4.7 Some Example MTF Results

We briefly discuss some examples of MTFpre curves for mam-
mography and diagnostic detectors. Figure 24.7a shows pre-
sampling MTF measured for two orthogonal directions across 
a CsI-phosphor based mammography DR detector. MTFpre is 
almost identical for the two directions, indicating excellent sharp-
ness isotropy, a typical MTF property of scintillation phosphor 
based DR detectors. Also indicated on the curve is the sudden 
drop at low spatial frequency (the LFD discussed earlier), con-
sistent with long distance scattering of photons in the phosphor/
detector assembly. Figure 24.7b plots MTFpre measured in the 
left-right and front-back directions of an a-Se based mammog-
raphy detector, along with the sinc function associated with the 
pixel (nominally ax = ay = 0.085 mm). First, it can be seen that 
there is some sharpness non-isotropy between two directions. 
The influence of the pixel is seen clearly in the MTFpre curves, 
where we expect f0,x = 11.8 mm−1 for a fill factor ηx = 1.0. In 
fact, f0,x ∼ 12.55 mm−1 (front-back) and f0,y ∼ 11.89 mm−1 (left-
right) yielded approximate fill factors of 0.94 and 0.99.

Application of MTF measurements to a flying focus digital 
breast tomosynthesis (DBT) system illustrates the value of cas-
cading MTF curves of sub-components (Figure 24.7c). Just the 
sharpness in the tube-travel direction is considered. The starting 
point is MTFpre measured in conventional 2D mode (i.e., static 
X-ray tube). MTF curves associated with the X-ray focus size 
(0.42 mm, measured at 6 cm from the chest wall edge), the focus 
motion (21 ms pulse length, giving focus travel length of 1.04 mm 
during one exposure), and detector binning to 0.14 mm pixels are 
shown, calculated using sinc functions. The focus motion MTF is 
calculated for an object position 4 cm above the breast table. The 
measured MTFpre is indicated using points in this figure; good 
agreement is seen with the calculated MTFpre, estimated from 
the detector MTF (static 2D mode), and the motion and binning 
MTFs using Equation 24.25. Finally, MTFpre curves for a diag-
nostic CR detector are plotted in Figure 24.7d, measured in the 
laser readout scan and sub-scan directions using an edge method. 
Sharpness is reduced in the scan direction, where the laser moves 
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rapidly across the detector, compared to the sub-scan direction. 
This is consistent with some correlation of the collected signal in 
the scan direction, possibly due to delay (lag) in the released sig-
nal or the application of some temporal filter (Rowlands 2002).

24.5 Noise

24.5.1 Definition

Image noise is defined as the statistical fluctuation of the signal 
(pixel values) in the image from one pixel to another around the 
mean signal value. The importance of noise in radiography is 
clear: random variations in the image limit our ability to discern 
small/low contrast objects in medical images. The constraint 
of minimizing patient exposure imposes limits on the available 
SNR of images, and makes photon statistical noise unavoidable.

24.5.2 Noise Sources

Noise sources in digital imaging can be assigned to three sources: 
quantum, electronic, and fixed pattern (structure) (Nishikawa 
and Yaffe 1990). Quantum noise in radiography arises from 
several causes, for example random spatial fluctuations of pho-
tons emitted from the X-ray tube, random fluctuations of photon 
attenuation and scattering in the materials traversed by the beam, 
and random capture of photons by the detector. Production and 
detection of X-rays in medical imaging are stochastic processes 
that give rise to random spatial fluctuations in the image signal. 
The quantum noise in a radiography image is determined by the 
stage with lowest number of photons along the imaging chain, 
a point termed the “quantum sink” (Cunningham et  al. 1994). 
Amplifying the number of photons after the quantum sink in 
the imaging chain cannot reduce the quantum noise any more—
only an increase in the number of photons at the quantum sink is 
capable of decreasing quantum noise. In properly designed and 
functioning X-ray systems, quantum noise is the principal noise 
source in a radiological image; this is spatially stationary for a 
homogeneous X-ray field.

Electronic noise introduced by a detector is a stochastic, addi-
tive signal arising, for example, from pixel dark current noise, 
noise fluctuations on the gate, and data lines in the readout pro-
cess and amplifier noise (Siewerdsen et  al. 1997), and is inde-
pendent of the other noise sources and of the number of incident 
X-ray photons. Structured or fixed pattern noise is a superim-
posed static signal arising from dead pixels, structural detector 
linearity, or spatial fluctuation in X-ray sensitivity, non-unifor-
mities in exposure from the X-ray beam (heel and geometric 
effects). Fixed pattern noise has a deterministic pattern that is 
largely removed in flat-panel detectors using a flat-fielding cor-
rection (Schmidgunst et al. 2007). Physical characteristics of the 
three noise sources are developed in Section 24.5.9.

24.5.3  First-Order Statistics: Standard 
Deviation and Variance

The PV at spatial position i is defined as the signal (di). It is a 
random variable that can be characterized in a region of interest 
(ROI) of N pixels by its average value (d ) and variance (σ2).
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These parameters are quantified from homogeneous images 
using first-order statistics, namely the standard deviation (σ) of the 
signal. This is the quadratic average of the difference between each 
PV and the mean PV in the ROI; the statistical distribution of the 
PVs around the mean value defines the noise amplitude, the sym-
metry of the PV distribution, the upper and lower limits of PVs, 
and the likelihood of observing given values. Figure 24.8 shows 
the histograms of PV frequency in these two cases. A variance 
image can be generated by calculating the variance within nomi-
nal (but generally small) ROIs (e.g., 2 × 2 mm) across the entire 
image, and assigning a grey scale value to the variance (Marshall 
2006a,b; Monnin et al. 2014). This gives considerable insight into 
the properties of the noise at a local level, and can help to identify 
artefacts and regions of local blurring (Marshall 2006b).

24.5.4 Auto-covariance and NPS

Using first-order statistics neglects the spatial characteristics 
of the noise structure (i.e., the “texture”) and its possible cor-
relation. Signal scatter (charge sharing) between PVs can occur 
during the detection process, introducing short range signal 
correlation. This form of correlation takes place in real detec-
tors and reduces signal variability (noise) over short distances 
(high spatial frequency), but not at long distances (low spatial 
frequency). Correlation in the spatial domain can be quantified 
with second-order statistics such as the auto-covariance function 
defined by Equation 24.37 for data sampled in a discrete space 
grid with a regular sampling interval equal to Δx.
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The auto-covariance function cov(k) provides a measure of 
similarity for signal variations between two pixel separated by 
a distance, k · Δx. In the absence of spatial correlation, the auto-
covariance function will be equal to the variance at the zero-value 
and zero at non zero-values. One notices the zero-value of the 
auto-covariance function is always equal to the signal variance.

The same statistics are more commonly described in the spa-
tial frequency domain by the noise power spectrum (NPS), also 
called Wiener spectrum (Dainty and Shaw 1974; Cunningham 
2000). The NPS is the modulus of the Fourier transform of the 
auto-covariance function (Wiener Khinchin theorem), and can 
be calculated from a ROI of Nx × Ny pixels in the image as:

NPS( , ) ( ( , ) ) ,( )f f
x y

N N
d x y d e dxdyx y

x y

i xf yfx y= − − +∫∫Δ Δ 2
2

π

 (24.38)
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where the brackets indicate an average over several images. 
The NPS is the noise power per unit frequency. The small area 
NPS( fx,fy)dfxdfy in the Fourier plane is the contribution to the 
variance for spatial frequencies between fx and fx + dfx, and fy 
and fy + dfy. The NPS represents the variance as a function of 
spatial frequency. The NPS versus spatial frequency is constant 
in the absence of noise correlation (i.e., a “white” noise, with 
equal power at all spatial frequencies within the bandwidth), and 
decreases with frequency when PVs are spatially correlated.

24.5.5 Measurement Method

24.5.5.1 Homogeneous Images

Noise assessment requires spatially uniform images in which the 
signal variations are only due to detector noise. Homogeneous 
radiographic images could be acquired without anything in the 
beam (only air), but, in practice, an attenuator is placed in the 
beam such that the detector exposure and beam quality resemble 

those seen clinically and, hence, simulate noise characteristics 
relevant to medical images. See Section 24.3 for more details.

24.5.5.2 Region of Interest for Noise Calculation

Noise characterization is made using images that are uniform 
or in ROIs where the signal is uniform—typically using square 
ROIs taken from the image center. The ROI has to include the 
reference point used for dose measurements, fixed at the center 
of the beam in standard radiography and at 6 cm from the chest 
wall edge in mammography. The precision of the noise measure 
will depend on the number of pixels in the ROI. The number of 
pixels required for noise assessment is determined by the sta-
tistical accuracy of the calculation—for an accuracy of 5%, a 
minimum of 16 million pixels is required for 2D NPS, and 4 mil-
lion pixels for 1D NPS (IEC 2005). This number of independent 
pixels requires multiple images obtained in the same conditions. 
The standard deviation of the irradiations used to get the differ-
ent images shall, therefore, be less than 10% of the mean (IEC 
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2005). Care shall be taken there is no correlation introduced 
by lag effects between the same pixels of consecutive images, 
reducing the noise compared to independent noise samples. Lag 
is evaluated separately (IEC 2005); see for example Siewerdsen 
and Jaffray (1999) for a detailed discussion on this topic.

An accurate estimate of fixed pattern noise requires an aver-
age noise estimation over many realizations of FP noise taken on 
several different ROIs. Each ROI should be shifted between suc-
cessive images used for NPS calculation at a given DAK level, 
starting from the image center. This will ensure that a fresh sam-
ple of FP noise is included in each ROI to improve ergodicity. If 
this were not done then noise averaged from a sequence of static 
ROIs on successive images (temporal average) may yield a differ-
ent result from a spatial average over many ROIs performed on 
one image of the sequence (Dobbins 2000).

24.5.5.3  Ergodicity and Stationarity (Spatial 
and Temporal Averages)

A process having spatial stationarity of the mean value and autoc-
ovariance is a wide-sense stationary (WSS) process (Cunningham 
2000). This means that the first moment (the mean) and autocovari-
ance are spatially constant across the image and will not change 
as a function of the spatial position and size of the ROI. Only the 
statistical precision of the measured parameters will change with 
the ROI size for a WSS signal. The integral of the NPS will be 
equal to the PV variance in the ROI for a WSS signal. Wide-sense 
stationarity is only true in radiographic images if exposure is spa-
tially uniform, and the detector does not add fixed pattern noise.

Ergodicity is required when noise assessment is made from 
several identical images. Ergodicity claims that the average noise 
calculated from ROIs taken at various locations in an image is 
equal to the noise averaged from a (temporal) sequence measured 

of images acquired using identical settings. Hence, ergodicity 
holds that the evolution of a random signal over time (subsequent 
images) provides the same information as a set of noise ROIs 
taken in the same image.

24.5.5.4  Data Conditioning for Noise Assessment 
(Linearization and De-Trending)

In the framework of imaging system performance assessment, 
the NPS or standard deviation shall be calculated using linear-
ized data, such as PV re-expressed in values proportional to the 
number of photons incident on each pixel. The noise magnitude is 
dependent on PV units: the standard deviation is expressed in pixel 
values, and the NPS unit is (PV × mm)2. Comparison of noise 
between systems needs a common unit for pixel values, and noise 
is generally calculated using linearized images where the pixel 
values are re-expressed in detector air kerma (DAK) or photon 
fluence per unit area (Q) using a conversion function determined 
at the same beam quality and different DAK (Section 24.3.3).

Practically, signal and noise in radiographic images are never 
completely homogeneous, and requirements of WSS are never 
fully met. Large area spatial variations in detector dose due to 
the heel effect or beam divergence should, therefore, be removed 
before noise measurements (Williams et  al. 1999; Dobbins 
2000). An efficient de-trending method is, therefore, necessary 
for an accurate evaluation of variance and NPS. Low-frequency 
trends can be effectively reduced by fitting and subtracting a 2D 
second-order polynomial to the ROI used for noise assessment 
before noise calculation, as prescribed by the IEC protocol (IEC 
2005). Figure 24.9 shows a typical image de-trending correction.

Fixed pattern (non-stochastic) noise may be completely sup-
pressed by dividing each ROI used for noise estimation by the 
average ROI of all the ROIs before noise calculation. The average 
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ROI contains a fraction of stochastic noise correlated to each of 
the ROIs, and the resulting NPS has to be finally corrected by the 
factor N/(N − 1), where N is the number of ROIs. This correction 
is the same as that used to remove background variations by flat-
fielding techniques (Schmidgunst et al. 2007), and it is important 
to note that this operation will also remove structural noise of the 
detector from the measured noise. Figure 24.10 shows an exam-
ple of the difference between the raw NPS and NPS obtained 
after image correction.

24.5.5.5  2D NPS and Reduction to 1D 
(Axial and Radial Sectioning)

The 2D NPS is calculated with Equation 24.38, and then reduced 
to a 1D NPS curve along the x- and y- axes (NPSx and NPSy) by 
averaging 14 rows or columns of the 2D NPS around each axis 
(seven rows or columns on both sides of the corresponding axis) 
(IEC 2005). The Fourier axes are usually omitted since the zero 
x- and y-frequency NPS are not representative of detector prop-
erties (Dobbins et al. 1995). The frequency bandwidth of the 1D 
axial NPS will be limited within [1/FOVx;1/(2ax)], where FOVx 
and ax are the image field of view and pixel size in the x-direction, 
respectively. The exact frequencies of all NPS points shall be 
determined and reported for the axis considered for calculation.

The radial 1D NPS is obtained by expressing NPS as a function 
of radial frequency, f fx y

2 2+ . A cloud of NPS points will be 
obtained, excluding the points on the Fourier axes. An averaged 
radial NPS curve may be obtained with an interpolated curve, 
which passes best through the points, generally binned into fre-
quency bins of 0.05 mm−1. Figure 24.11 shows an example of 2D 
NPS and the corresponding radial 1D NPS points and interpo-
lated curve. The frequency bandwidth of radial NPS will extend 
until 2 /ax for NPS points at 45°. Compared to axial NPS, radial 
NPS has the advantage of being averaged over all the directions, 
and not only for two directions, and is, therefore, more represen-
tative of the global noise characteristics of the image.

Examination of the 2D NPS is important and may show up 
noise anisotropy, spikes, or artifacts in the Fourier plane that will 
not be seen on 1D NPS. It is, therefore, important to examine 

2D NPS for a complete noise analysis, and a 1D radial aver-
aged or axial 1D NPS should be plotted only for isotropic NPS. 
Figure 24.12 shows the presence of noise spikes on the 2D NPS 
of a CR system (left), and an example of strongly non-isotropic 
2D NPS with correlation only along the horizontal axis.

24.5.5.6 Uncertainties of NPS Estimate

Noise in a radiographic image is a random process, and samples 
of noise contain an inherent statistical uncertainty in compari-
son to the (true) noise of the whole population of pixel values. 
The uncertainty in the Fourier decomposition is on both the NPS 
amplitude and for the frequencies; the uncertainty in the ampli-
tude at a given frequency can be reduced by averaging several 
NPS estimates obtained from different noise realizations in sev-
eral independent ROIs. By averaging a number of n NPS, the 
relative uncertainty of the NPS estimate will be reduced by a 
factor, 1/ n , for normally distributed PVs, as Poissonian noise 
can be considered as normally distributed for large PV sample 
numbers. The IEC norm requires, therefore, a minimum of 960 
half-overlapped ROIs, thus 480 independent ROIs samples for an 
accuracy less than 5% in the NPS amplitude, 1 480 4 6/ . % .≅( )

The spectral resolution is, however, inversely proportional to 
the number of data points used to generate each NPS (Williams 
et al. 1999). The relative spectral uncertainty (Δf) obtained from 
a sample of N pixels will, therefore, be equal to 1/N. Thus, for a 
fixed amount of pixels, there is a tradeoff between frequency and 
NPS amplitude uncertainties. If N pixel values are divided into 
n independent ROIs, the relative uncertainty in NPS amplitude 
(eNPS) and frequency (ef) are
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24.5.6 Practicalities

The noise level for a given imaging system will depend on the 
beam quality, determined by the tube voltage (kV) and total 
beam filtration, and on the photon fluence at the detector surface 
(Q). See Section 24.3 for information on image types and stan-
dard beam qualities used for detector characterization.

24.5.6.1 Mammography Detectors

Compared to diagnostic systems, which tend to be based exclu-
sively on tungsten targets with aluminum filtration, mammog-
raphy systems use a wider range of targets and filters, including 
molybdenum or rhodium targets with molybdenum, rhodium, 
and silver filtration. Table 24.2 lists some common beam quali-
ties used for mammography detector characterization. These 
additional aluminum filters may, however, add low-frequency 
fixed pattern mottle, especially below 0.5 mm−1, coming from 
the internal structure of aluminum plates. De-trending is not 
entirely effective in removing this low-frequency structure and 
a PMMA filter of 40 mm, which is approximately equivalent to 
a 2 mm Al filter in beam quality but structure free, offers a more 
accurate detector noise measure. In fact, when first acquired, Al 
filters should be checked against PMMA filters for the presence 
of structured noise, by visual inspection of images, and by calcu-
lation of the NPS and checking for peaks at low spatial frequency.

24.5.6.2 Diagnostic Detectors

Radiation qualities and exposure levels for diagnostic detectors 
are given in Section 24.3. In contrast to mammography detectors, 
the air kerma at the detector surface is measured at the reference 
point centrally situated in the beam. Similar comments apply 
regarding possible structured noise that can be introduced from 
the Al RQA filtration.

24.5.7 Interpretation of 2D NPS

The amplitude of the 2D digital NPS will be limited by the 
pixel aperture of the detector (ax in the x-direction and ay in the 
y-direction). The digital quantum NPS is given by the product 
(in the Fourier domain) of the analog quantum NPS of the radi-
ant image (NPSrad) and the pixel aperture function, the absolute 
square of the 2D sinc function (the Fourier transform of a 2D 
boxcar function). The result is the pre-sampling quantum NPS 
(NPSpre). The pre-sampling NPS is, therefore, always colored by 
the deterministic blurring, due to the finite pixel aperture in the 
x- and y-directions (ax and ay).
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When sampled by the pixel grid, frequency components of 
the pre-sampling quantum NPS above the Nyquist frequency are 
aliased, and may form a significant component of the sampled 
quantum NPS. The sampled quantum NPS will be white if no 
signal blur occurs within the detector (Zhao and Rowlands 1997). 
The 2D digital NPS has finite length given in each dimension by 

the number of pixels (Nx or Ny) in the ROI used for NPS esti-
mate and the sampling interval (pixel pitch). The highest NPS 
frequency is given by the Nyquist frequency ( fN), determined by 
the pixel pitch in the given direction (Δx or Δy). The field of view 
of the ROI used for NPS calculation determines the lowest NPS 
frequency ( fmin).
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24.5.8 Normalization and Units: NPS versus NNPS

The magnitude of the NPS is dependent on the PV units. 
Following the IEC protocol, the images used for the calculation 
are multiplied by the inverse of the conversion function (i.e., the 
inverse of the response function), resulting in images with units 
of mm−2. The IEC gives this equation for the NPS:
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giving NPSout with units of [mm2][mm−2]2, thus mm−2. Note 
that NPSout increases as exposure to the detector increases. The 
NPS is often expressed in normalized form by dividing by the 
square of the mean pixel value of the images from which NPS 
is calculated:
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If the PV data are given some unit, for example, of air kerma 
(using a response function with PV plotted against air kerma), then 
it can be seen that the normalization always cancels units in the 
PV data. Hence, this normalization is valuable for comparing data 
when the NPS is not expressed in the same units, or for compensat-
ing for differences in gains between different systems (provided any 
PV offset is first removed). The NNPS, therefore, has units [mm2], 
and its value does not depend on the pixel value unit any more. In 
contrast to NPSout, NNPSout decreases as exposure to the detector 
increases (and has the inverse units). The NPS normalization can 
be pushed further for compensating the noise for small exposure 
differences by multiplying the NNPS by the photon fluence at the 
detector (Q). The expression NNPS × Q is unit-less and allows a 
direct comparison of system performance in terms of noise.

24.5.9 Noise Decomposition

Information on image noise composition and generation may be 
obtained by splitting the noise into its three main sources: quan-
tum, electronic, and fixed pattern components. Noise decom-
position can show how detector parameters such as detector 
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composition and thickness affect the noise sources in relation to 
the detector air kerma and beam quality. In this section, the term 
noise and the variable S2 are used for either the variance (σ2) or 
the NPS for each frequency bin (S2 = σ2 or S2 = NPS( f) for a 
given frequency bin f).

24.5.9.1  Basis of Noise Decomposition: Exposure 
Dependencies of Noise Sources

For a homogeneous X-ray field, quantum noise can be modeled 
with a Poisson distribution (Rimkus and Bailey 1983). The vari-
ance of a Poisson distribution is equal to the mean value of the 
distribution. In medical imaging devices, the signal is generated by 
a large numbers of photons per pixel, and the Poisson distribution 
can be approximated by a Gaussian (normal) distribution with high 
precision. Thus, the quantum noise distribution will be symmetric 
around the mean pixel value, and the probability of having a pixel 
value in a given interval can be calculated using statistical tables, 
based on the normal law with a variance equal to the mean value.

In the presence of quantum noise only, S2 will be proportional 
to the average number of “events” incident on the detector. For a 
mean value of q photons detected by pixel, the standard deviation 
of the number of detected photons from a pixel to another will 
be proportional to q . For a digital detector which produces a 
signal proportional to the number of detected photons per pixel, 
with a proportionality factor (global detector gain) equal to g , 
the quantum noise Sq

2( ) will be proportional to q:

 
S g qq

2 = ⋅ .
 (24.46)

Quantum noise is unavoidable in an X-ray image, and will be 
present in a perfect detector (i.e., this would be the lowest possi-
ble noise level for some incident fluence). Real detection systems 
have higher levels of quantum noise (due to imperfect absorption 
and conversion to signal), but due also to additional noise sources. 
These include conversion noise due to the variability in the num-
ber of secondary quanta produced for a given input X-ray photon 
(Cunningham 2000) and Lubberts noise (Lubberts 1968) due to 
the variation in the magnitude of light (signal) pulses reaching 
the pixels. The magnitude of these sources scales linearly with 
the incident X-ray fluence.

Simple models of X-ray devices consider two other noise com-
ponents, in addition to quantum noise: electronic and fixed pat-
tern noises. Electronic noise Se

2( ) arises from stochastic signal 
fluctuations introduced in signal amplification and quantization 
stages, and is independent of signal level. Detectors contain 
structural fluctuations in sensitivity, due, for example, to detec-
tor layer granularity, leading to a spatial variation in gain. These 
pixel-to-pixel differences remain constant, and result in a fixed 
pattern signal (noise) on the images, S fp

2( ). This non-stochastic 
signal can be assimilated to a spatially fixed noise proportional 
to the square of the number of detected photons:

 
S g qfp

2 2 2= ⋅ .
 (24.47)

These three noise components are independent, and their vari-
ances simply add to form the resulting noise (S2) on the image 
(Nishikawa and Yaffe 1990):

 
S S S Sq e fp

2 2 2 2= + + .
 (24.48)

The noise (variance) in an image will, thus, increase quadrati-
cally with the number of incoming photons (or with DAK).

24.5.9.2  Noise Decomposition with 
the Polynomial Model

Using this simple three component model, noise may be decom-
posed using a second-order polynomial function of the photon 
fluence (Q) or DAK fitted to the noise data (variance or NPS at 
a given frequency) using least squares regression (Borasi et al. 
2003; Burgess 2004; Bouwman et al. 2009), for example:

 σtot
2 2= + +e qQ fpQ  (24.49)

and

 
NPS NPS NPS NPStot ( ) ( ) ( ) ( ) .f f f Q f Qe q fp= + + 2

 (24.50)

The weighting of the fitted noise data in least square regressions 
can have a strong influence on the accuracy and precision of the 
results (Monnin et al. 2014). If used, the choice of weights should 
ideally be made such that each noise data provides equally precise 
information during the fitting (i.e., the error term minimized during 
the fitting is weighted as a function of the variability of noise data 
at the different exposure levels). This may be achieved by choosing 
a weight inversely proportional to the variance of the noise data 
at each dose level. This requires measurement of variance of the 
noise samples at the different dose levels (many noise images are 
required at each dose level). It is important to note that the weight-
ing is based on the assumption that the weights are known exactly, 
but in practice this is never the case, since an infinite set of noise 
measurements at a given dose level would be required. However, 
when the weights are poorly estimated, the regression can be 
adversely and unpredictably affected. Rather than using a limited 
number of noise samples at each exposure level, estimated weights 
can be used instead—photon fluence can be used as an estimate 
of the weighting instead of measured variance of noise, when the 
sample variance is not known with sufficient precision (Monnin 
et  al. 2014). Although something of a simplification, this model 
enables reasonably realistic modeling of the noise in detectors, and 
is an important element of image simulation and related detection 
studies in mammography, for example (Mackenzie et al. 2012).

Figure 24.13a shows decomposition of the variance for an 
a-Se mammography detector: electronic noise is seen to domi-
nate at low exposures, while fixed pattern noise dominates at 
high DAK levels. The approximate quantum limited range for 
this example (in terms of image variance) can be estimated 
as follows: electronic noise dominates below levels <∼e/q ∼ 
5.427 × 10−1/2.587 × 10−2 ∼21 µGy, while fixed pattern noise 
dominates above ∼q/fp ∼ 1450 µGy. The same image data can 
be used for decomposition into NPS, with results shown in Figure 
24.13b–d. At very low DAK (much lower than typically seen in 
clinical images), electronic NPS (NPSe) is the dominant noise 
source (largest component of NPStot). It can be seen that the 
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magnitude of NPSe is constant, and the shape is approximately 
flat, consistent with a white noise source. At the clinical operating 
point of the detector (∼100 µGy), NPStot is composed primarily of 
X-ray quantum noise, as expected for a well-designed detector. At 
high exposures, fixed pattern noise starts to dominate the image, 
but only for spatial frequencies below ∼3 mm−1; above 3 mm−1, 
quantum noise remains the dominant noise. Furthermore, spikes 
(periodic structures) in NPSfp start to appear in the total NPS.

24.5.9.3 Noise Decomposition without Noise Model

An explicit method of noise decomposition with minimal 
assumptions regarding the magnitude and signal dependency 

of the three noise components may be used instead of the poly-
nomial model (Monnin et al. 2014). The first step is to isolate 
the stochastic and non-stochastic components of the noise. 
Twenty images are acquired for a given exposure level, and a 
wide detector exposure range is covered. For the set of images 
at a given dose level, centrally positioned 512 × 512 ROIs are 
de-trended using a 2D polynomial, and the total noise is cal-
culated (S2). An average ROI is then calculated from all the 20 
images acquired at the exposure level, giving an ROI that pri-
marily contains the structured noise of the detector. The divi-
sion of each ROI by the averaged ROI gives the noise from the 
divided image (S2

div). The division largely removes fixed pattern 
(non-stochastic) noise of the detector, and isolates the stochastic 
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FIGURE 24.13 (a) Variance decomposition using the polynomial model for an a-Se digital mammography detector. Also shown is NPS decomposition for 
the same detector using the same model at (b) 6.1 µGy/image, (c) 102 µGy/image, and (d) 812 µGy/image.
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part of the noise (Granfors and Aufrichtig 2000). The averaged 
image contains a fraction of stochastic noise correlated to each 
of the 20 images; hence (S2

div), it has to be corrected by the 
factor N/(N − 1) to give the stochastic part of the noise ((S2

st) 
or NPSst), where N is the number of images used to compute 
the averaged image (i.e., N = 20 here). The non-stochastic part 
of the noise S fp

2( ) is taken as the difference between total and 
stochastic noises:
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Electronic and quantum noise are independent (stochastic) 
noise sources. Electronic noise is exposure independent and, 
hence, is present even without an X-ray signal. A linear extrapo-
lation to stochastic noise data, Sst

2( ), in the low and middle dose 
range is performed to find the electronic noise component. The 
linear fit for electronic noise has to be made using weights equal 
to the inverse of the variance of the noise data at each exposure. 
Quantum noise, Sq

2( ), is finally taken as the residual stochastic 
noise after subtracting the electronic noise component.
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24.5.10  Noise Transfer in Cascaded Imaging 
Systems: Quantum Amplification, 
Swank Noise, Noise Aliasing

Models for the signal and noise transfer through cascaded 
linear detector models have already been developed for CR 
systems (Vedantham and Karellas 2010), for scintillation phos-
phors (Rabbani et  al. 1987; Rabbani and van Metter 1989; 
Siewerdsen et  al. 1997; Cunningham et al. 2004; Kim et al. 
2006), and a-Se photoconductors (Zhao and Rowlands 1997), 
and have recently been extended to photon counting (Tanguay 
et al. 2013; Xu et al. 2014) detectors. In these models, signal 
and noise is transferred through three types of stage: (1) a gain 
stage represented as a binary selection process, (2) a stochastic 
blurring stage represented as a convolution integral with the 
PSF of the detector, and (3) a deterministic blurring stage such 
as an integration over the pixel aperture (Rabbani et al. 1987). 
For a gain stage “i,” for input signal and input NPS, respec-
tively, di−1 and NPSi−1, the output signal and NPS will be noted 
as di and NPSi. The signal and NPS transfer through a gain 
stage of mean gain, gi, and gain variance, σgi

2 , can be stated as 
(Rabbani et al. 1987):

 
d f f g d f fi x y i i x y( , ) ( , )= ⋅ −1  (24.55)
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For a stochastic blur stage characterized by a convolution pro-
cess with a PSF, and where Ti( fx,fy) is the Fourier transform of the 
PSF for the stage “i,” the resulting signal and NPS are given by 
(Rabbani et al. 1987):

 
d f f d f f T f fi x y i x y i x y( , ) ( , ) ( , )= ⋅−1  (24.57)
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For a deterministic blur stage, the NPS transfer is simpler 
(Cunningham et al. 1994):

 
NPS NPSi x y i x y i x yf f f f T f f( , ) ( , ) ( , ).= −1

2

 (24.59)

The signal and noise propagations of an incident X-ray fluence 
Q through X-ray detectors are modeled by dividing the detection 
chain into six successive elementary stages.

24.5.10.1  Capture of Incident X-rays by 
the Detector Converter 

This is a stochastic gain stage with a gain (probability of X-ray 
capture or primary detection efficiency) α and gain variance 
α(1 − α) (binary selection process) (Rabbani et al. 1987).

 d Q1 = α  (24.60)

 
NPSq Q Q Q1

2 1= + − =α α α α( ) .
 (24.61)

24.5.10.2  Conversion of X-rays into 
Secondary Quanta

This describes the stochastic gain conversion of X-rays into sec-
ondary quanta (light quanta or electronic charges for a-Se or 
PC detectors): gain β and gain variance σβ

2 . The fluctuations in 
this gain term are caused by two principal factors (Swank 1973). 
The use of a polyenergetic spectrum gives a variation in X-ray 
photon energy, which then leads to a variation in generated light 
or charge, and stochastic variations in this conversion gain add 
additional noise. The variation in the absorbed energy distribu-
tion (AED) is called radiation Swank noise, while optical Swank 
noise represents the variation in the optical pulse distribution 
(OPD) (Swank 1973; Chan and Doi 1984). For photon counting 
systems, a noise factor, ISPC, equal to the probability that a true 
photon count is recorded given an interaction event (true positive 
fraction), has been introduced, based on a depth dependent inter-
action statistical model (Tanguay et al. 2013). The noise associ-
ated with this gain stage is described by the Swank factor, As

 d Q2 = αβ  (24.62)
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with
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+
1
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 (24.64)

24.5.10.3  Spreading of Secondary Quanta 
Wthin the Converter

This stage represents stochastic spreading of secondary quanta 
in the detector described in the frequency domain by multipli-
cation with a transfer function describing the scatter spreading 
characteristics of the detector converter (T) (scintillator or pho-
toconductive layer) (Rabbani et al. 1987).
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24.5.10.4  Capture of Secondary Quanta 
(Optical or Electrical Coupling)

This is a stochastic stage that describes the optical or electrical 
coupling of the X-ray converter to the electronic readout sub-
system. The coupling efficiency is a gain stage, with a gain κ 
and gain variance κ(1 − κ) (binary process), which gives the 
probability that the generated secondary quanta are converted to 
electronic signal (Rabbani et al. 1987):
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 (24.67)
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24.5.10.5  Collection of Secondary Quanta in the 
Detector Elements (Pixel Aperture)

This is a stochastic gain and deterministic spreading stage, with 
a gain equal to the pixel fill factor
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where Δx and Δy are the detector pixel spacing, and ax and ay 
the active pixel size in the x- and y-directions, and gain variance, 
η (1 − η) (binary process). The spreading is determined by the 
rectangular pixel aperture.
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24.5.10.6 Sampling 

Stage 6 describes the sampling of signal and noise by the pixel 
lattice. As discussed in Section 24.4.1.3, sampling causes signal 
and noise spectra to be replicated, with a replicate centered on 
every harmonic of the sampling frequency, 1/a, where a is the 
pixel pitch. Noise after sampling consists of the infinite sum of 
aliased pre-sampling NPS centered at the frequencies k/Δx and 
k/Δy. The noise components at frequencies above the Nyquist 
frequency are aliased into the image noise at lower frequencies. 
The mean sampled signal at stage 6 can be obtained by multi-
plication of the expression for stage 5 with an infinite train of δ 
functions, uniformly spaced by intervals equal to the pixel sam-
pling (Giger and Doi 1984):
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The product between the converter transfer function, T, and 
the pixel aperture function is equal to the modulus of the pre-
sampling optical transfer function, OTFpre:
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 (24.72)

The digital (sampled) OTF is given by  Giger and Doi (1984) 
and Dobbins (1995), and corresponds to the digital MTFd:
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The expectation value of MTFd averaged over all phases 
(EMTF) is usually used to describe the digital MTF, since it sat-
isfies the stationarity property:
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 (24.74)

The mean sampled quantum NPS at stage 6 can be obtained 
using the same formalism:
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where
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The coefficient kq1 represents the amplitude of the correlated 
noise component, and depends on the X-ray absorption efficiency 
(α) and the Poisson excess noise nex = −( )( )/σ β ββ

2 2 , which 
arises if conversion noise is not Poisson-distributed (Mackenzie 
and Honey 2007.). The coefficient kq1 will always be greater than 1. 
The coefficient kq2 represents the non-correlated noise component, 
and is expected to be close to zero, since a large average conversion 
gain (β) is required to ensure no secondary sink occurs and the 
DQE scales with the quantum absorption efficiency, α. Practical 
application of cascaded modeling to the problem of quantum noise 
in mammography detectors is described by Monnin et al. (2016).

24.6  Global Measures of Image Quality 
and Detector Efficiency

24.6.1 Noise Equivalent Quanta (NEQ)

The signal transfer of a linear digital imaging system is repre-
sented in the spatial frequency domain by the pre-sampling MTF 
and, hence, we can use the NPS to form the spatial frequency 
dependent SNR: the noise equivalent quanta (NEQ) represents 
the SNR2( f) in frequency space,
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The NEQ is a fundamental index of image quality, first intro-
duced by Shaw (1963), that describes how many X-ray quanta an 
image is worth. It is linked to the detection performance of low 
contrast structures in a uniform noise limited image by an ideal 
human observer. A greater NEQ at a given frequency corresponds 
to a lower normalized image noise at this frequency. The NEQ has 
the unit mm−2, and can be interpreted as the (lower) photon fluence 
that a perfect imaging system would need to produce the measured 
image noise (“noise equivalent quanta”). A perfect imaging sys-
tem is defined as a system that does not increase the input quantum 
noise (via absorption losses), and does not add other sources of 
noise (it does not degrade the SNR). Such a system would produce 
a NNPS equal to MTF2/Q, where Q is the mean photon fluence at 
the detector input, and would give the highest possible NEQ, equal 
to the photon fluence Q. The NEQ of an image will, therefore, 
increase with the photon fluence Q and with the detector DQE.

24.6.2 Detective Quantum Efficiency (DQE)

X-ray detector imaging performance can be described by the 
detective quantum efficiency (DQE) (IEC 2003), a param-
eter that quantifies the ability of a detector to transfer spatial 

frequency domain signal-to-noise ratio squared (SNR2) from the 
input X-ray beam to the image. Any degradation in SNR within 
the detector results in a DQE less than 1.0. As we have seen, a 
Poisson-distributed photon with mean fluence Q also has a mean 
quantum noise variance of Q and, hence, the input SNR squared, 
SNRin

2( ), is simply equal to Q. The DQE is the ratio between the 
output (image) SNR2, SNRout

2( ), and the input SNR2, SNRin
2( ) 

(Dainty and Shaw 1974), and can, therefore, be calculated as:
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The DQE is dimensionless and is independent of Q if the detec-
tor does not add noise components such as electronic or fixed 
pattern noise. The value of Q is established from the measured 
DAK, and Φ taken from tables (e.g., Table 24.1). The DQE may 
also be defined as the ratio of the real NEQ to the NEQ that an 
ideal (perfect) detector would give, as an ideal detector would not 
degrade the input NEQ and would produce an NEQ equal to Q. 
A distinction drawn between DQE and NEQ is that the DQE is 
not an explicit measure of image quality, but rather the efficiency 
of the detector/imaging process. The DQE ranges between 0 and 
1, and can be used to rank detectors, but gives no information 
on the absolute level of quantum noise present in a given image. 
Such information is obtained from an incident number of quanta 
per unit area (Q) and the DQE, such as the NEQ.

24.6.3 Cascaded Imaging Systems

Linear systems theory allows a cascaded transfer of signal and 
noise through successive component stages. Linear models that 
describe the signal and quantum noise transfer through detector 
models decomposed into successive stages have been widely used 
to establish theoretical models of DQE for various detector types 
(Rabbani et al. 1987; Siewerdsen et al. 1997; Zhao and Rowlands 
1997; Vedantham and Karellas 2010; Tanguay et al. 2015). If the 
stages can be assumed to be linear (Section 24.2.2) then cascaded 
systems analysis is a useful tool for designing imaging systems 
and assessing their SNR transfer performance. Section 24.5.10 
described signal and noise transfer using gain, stochastic blur, 
and deterministic blur stages. A “generic” digital X-ray detector 
can be modeled as a cascade of six elementary stages:

 1. Detection of primary quanta with a given quantum effi-
ciency (stochastic gain).

 2. Conversion of primary quanta to secondary quanta, 
such as a conversion of X-rays to light photons or elec-
tronic charges (stochastic gain).

 3. Spatial blurring of secondary quanta within the detec-
tive layer characterized by a PSF (stochastic blur).

 4. Coupling of the secondary quanta to the active detector 
elements (stochastic gain).

 5. Integration of the secondary quanta in the pixel aper-
ture (stochastic gain, deterministic blur).

 6. Sampling of the signal and noise by the pixel lattice.

The number of quanta at each stage can be displayed graphi-
cally in quantum accounting diagrams (QAD) for different 
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spatial frequencies (Cunningham et al. 1994). QAD values for a 
given spatial frequency are directly related to the DQE at the cor-
responding frequency. QADs are a convenient means of locating 
the quantum sink within the chain, thus the stage with the few-
est quanta determines DQE and image noise. A quantum sink is 
more likely to occur at high spatial frequencies where the signal 
is low (low MTF). Two elemental rules can be observed from the 
simplest cascaded models:

 1. The DQE scales with the primary quantum absorption 
efficiency.

 2. A large secondary quantum gain is required to ensure 
the DQE remains close to the primary absorption effi-
ciency—otherwise a secondary quantum sink occurs 
that will severely decrease the DQE.

Cascaded models can also be used to predict the effect of vari-
ous physical processes such as signal and noise aliasing, Poisson 
excess noise, or Swank noise (Cunningham et al. 1994; Monnin 
et al. 2016). Figure 24.14 shows an example of cascading DQE 
for an X-ray  digital detector, using analysis developed in Monnin 
et al. (2016).

24.7 Detector and System Characterization

24.7.1 Measurements of MTF, NPS, and DQE

This section presents examples of the technical characterization 
of X-ray detectors described in the previous sections, includ-
ing examples of sharpness, noise, and DQE dependencies. 
Figure 24.15 shows greyscale extracts of homogeneous images 
acquired using two different 2 mm Al filters on an a-Se mam-
mography detector. The high purity Al filter gives images that 
have a strong mottled pattern, while the 99.0% purity filter has 
notably less structure. Examining the NNPS curves calculated 
from these images (Figure 24.15a) shows a large bump at low 
spatial frequencies for the image acquired with the high purity 

sheet compared to the less pure sheet. At higher spatial frequen-
cies (>∼1 mm−1), the NNPS is almost identical. The increased 
NNPS from the structure mottle in the Al filter strongly sup-
presses DQE <∼1 mm−1, while DQE is identical above ∼1 mm−1 
(Figure 24.15b). Hence, filters to be used in detector characteriza-
tion should be evaluated for the presence of mottled patterns by 
comparison against images acquired with homogeneous PMMA 
plates (Ranger et al. 2005).

Figure 24.16a shows pre-sampling MTF curves measured 
using the RQA5 beam quality for three diagnostic X-ray detec-
tors: a CsI-phosphor indirect conversion DR detector and two 
different CR detectors, one with a needle structure based phos-
phor screen and one with a powder phosphor. Despite notable 
differences in detector design and conversion material, the 
MTFpre curves are remarkably similar for all three detectors. A 
simplistic evaluation of image quality using a high contrast bar 
pattern would probably lead to the conclusion that image quality 
is similar between these detectors. However, measured NNPS 
curves at 2.5 µGy target DAK/image (Figure 24.16b) show a dif-
ferent picture, namely that the magnitude of noise in the image 
(characterized using the NNPS) is considerably greater for the 
powder CR device compared to the DR and needle CR detectors, 
for the same nominal input DAK/image. Given that the detectors 
have similar MTFpre curves, the calculated DQE data reflect the 
changes seen in the NNPS results: efficiency is similar for the DR 
and needle CR detectors, but notably lower for the powder CR 
device (Figure 24.16c). A similar sharpness (MTFpre) between 
powder and needle CR could be achieved by reducing the linear 
thickness of the powder phosphor. This, however, reduces pri-
mary quantum absorption—the result is higher NPS and lower 
DQE. The difference in DQE is reflected in the CD performance 
measured using the TO20 test object: Figure 24.16d shows simi-
lar performance for the DR and needle CR detectors at 2.5 µGy, 
while the threshold contrast is higher for the powder CR detec-
tor. In order to approximately match threshold contrast perfor-
mance using the powder CR detector, the DAK/image should be 
scaled by the ratio of the peak DQE values, such as by ∼0.5/0.2 
and, thus, by a factor of ∼2.5 (Aufrichtig 1999).
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The DQE curves of most energy integrating-type detectors 
used for medical imaging generally exhibit an exposure depen-
dency. This is a direct consequence of the presence of noise 
sources other than X-ray quantum noise in the X-ray detector/
images and, hence, DQE should be characterized as a func-
tion of exposure/image at the X-ray input. Figure 24.17a shows 
DQE at 1.0 mm−1 for four mammography detectors, measured 
as a function of DAK/image. If we consider ∼100 µGy/image 
as a standard operating point for these detectors, a strong reduc-
tion in DQE is seen for the a-Se DR detector, consistent with the 
presence of (additive) electronic noise (see Section 24.5.9). No 
such reduction is seen for the CR devices, where photomultiplier 
electronic noise is known to be low (Rowlands 2002). However, 
there is a gradual fall in DQE as the DAK/image is increased, 
indicating the presence of (multiplicative) structured noise (see 
Section 24.5.9). This has the effect of reducing DQE at higher 
detector exposures for the CR detectors, where flat-field cor-
rection is generally not performed. Figure 24.17b illustrates the 

behavior of the NNPS at 1.0 mm−1 for the powder CR and a-Se 
DR detectors, compared to a detector with pure quantum noise. 
This figure clearly shows the increase in NNPS (relative to X-ray 
noise) for the a-Se DR detector at a low DAK/image, and the ten-
dency to quantum noise limited behavior at a DAK/image above 
∼90 µGy/image. Conversely, the CR detector is quantum noise 
limited at a low DAK/image (∼no electronic noise), but structure 
noise pushes the detector away from quantum limited behavior 
at a high DAK/image. Note that a discrimination threshold can 
be set for photon-counting detectors, whereby electronic noise 
is rejected. Taken together with flat-fielding, this means that 
photon-counting detectors are likely to be quantum noise limited 
across a wide exposure range (Monnin et al. 2007).

Given that DQE depends on the energy absorption efficiency 
or interaction probability of the primary photo receptor, then 
some energy dependence in DQE is to be expected. Figure 24.18 
shows DQE measured at mean X-ray beam energies ranging 
from ∼18.0 to ∼23.4 keV. This relatively small 5 keV change 
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in mean energy leads to a strong reduction (∼20%) in DQE for 
a dual plate CR system (Figure 24.18a). For an a-Se based FP 
detector, a similar 5 keV change in mean energy has only a small 
influence on the DQE (Figure 24.18b) (Marshall 2009). These 
evaluations were made using typical X-ray spectra in combina-
tion with PMMA blocks at the X-ray tube exit port; these are 
non-standard radiation qualities in terms of IEC reference, but 
are clinically realistic. Diagnostic X-ray detectors are used over 
a greater range of energies (Table 24.1) and, hence, characteriza-
tion at the different RQA spectra is essential.

24.7.2  Uses of Physical Image Quality Measurements

Measurement of the response functions, MTF, NNPS, and DQE, 
have become standard means of characterizing detectors used 
for both medical imaging and non-destructive testing, thanks 
largely to the development and adoption of the IEC protocols (IEC 
2003, 2005). Although initially developed within the framework 
of manufacturer standardization, these protocols are now widely 
used within the scientific community when assessing new detec-
tor technology. Given the objective and repeatable nature of these 
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measurements, there have been moves to implement these param-
eters as part of routine QC programs (Cunningham 2008, IPEM 
2010). The short-term repeatability and longer-term stability (i.e., 
over months/years) of MTF, NNPS, and DQE measurements has 
already been demonstrated in the context of routine QC measure-
ments (Marshall 2007; Cunningham 2008); furthermore, MTF 
and NNPS have been shown to be sensitive to changes in X-ray 
detector performance under fault conditions (Marshall 2006b). 
Hence, these parameters give a clear and direct picture of detector 

performance and any changes that may have occurred over time. 
Access to “For Processing” image data needed for this type of 
analysis is well established for digital mammography systems, 
but remains problematic for many diagnostic X-ray detectors/
systems. It is hoped that the recent NEMA initiative (XR27-
2013) providing “For Processing” images for use in QC of X-ray 
equipment for interventional procedures is extended to general 
diagnostic imaging devices. Physical image quality parameters 
evaluated from these image types give considerable insight into 
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detector performance. Furthermore, observer models bridge the 
gap between quantitative measures and simple task-based evalu-
ations using CD methods (Rose 1948; Burger 1950; Aufrichtig 
1999; Monnin et al. 2011).

24.7.3 From Detector to System Characterization

Performance evaluation of radiographic systems has primar-
ily focused on the assessment of detector DQE. This parameter 
characterizes detector efficiency in transferring the SNR from 
the X-ray fluence to the image and, as such, the influence of 
magnification and focal spot blur is minimized by the choice of 
geometry (Section 24.3.2), even though these factors are pres-
ent in the pre-sampling MTF. Furthermore, DQE evaluations 
are performed under conditions without scatter and scatter rejec-
tion technique. Extensions of detector DQE to system DQE that 
includes scatter and anti-scatter devices have, therefore, been 
developed by a number of authors.

24.7.3.1  Effective DQE (eDQE)/Generalized 
DQE (gDQE)/System DQE

Generalized metrics were developed as extensions of DQE to 
include beams with scatter and the anti-scatter device efficiency 
into a global imaging system efficiency metrics. The concept of 
scatter detective quantum efficiency (SDQE), proposed initially 
by Wagner et  al. (1980) to describe grid efficiencies, was com-
bined with detector DQE by Samei et  al. (2009) into a figure 
of merit named effective DQE (eDQE). The eDQE defined in 
Equation 24.80 for the frequency, f ′, at the object plane depends on 
the primary transmission of the grid (Tp), the scatter fraction at the 
detector (SF), and requires an estimate of the primary fluence (P) 
at the grid input (corrected for the distance to the detector plane):

 
eDQE

MTF SF
NNPS

SF DQE( )
( ) ( )

( )
( ) ( ).′ =

′ ⋅ −
′ ⋅

= ⋅ − ⋅ ′f
f

f P
T fp

2 21
1
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The eDQE is maximal (and equal to 1.0) for a system with 
a perfect detector (DQE = 1.0) and perfect grid. The eDQE is 
always equal to or less than the DQE, and reverts to the detector 
DQE for a perfect grid.

The generalized DQE (gDQE) proposed by Kyprianou et al. 
(2005) defines a generalized MTF (gMTF) determined for dif-
ferent beams characterized by different SF. The gMTF incorpo-
rates blurring due to the detector, the focal spot, and scattered 
radiation. The gDQE, defined in Equation 24.81, is normalized 
by the total photon fluence including primary and scatter at the 
detector input (P + S), and differs on this point from the eDQE,
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The gDQE reverts to the detector DQE for a perfect grid, but 
scales differently from eDQE with the scatter fraction.

More recently, SNR transfer through the scatter reduction 
device and detector were multiplied as cascaded efficiencies in 
the form of a global system efficiency metric named system DQE 
(DQEsys). DQEsys is the product of the anti-scatter device effi-
ciency (DQEASD) and the standard DQE of the X-ray detector 
(DQEd) (Monnin et al. 2017).
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DQEASD depends on the primary (Tp) and total (Tt) transmis-
sions of the anti-scatter device, as a function of the SF. The pre-
sampling MTF is measured without scatter, e.g., using RQA 
beam whose effective energy (HVL) is adjusted via the alumi-
num thickness to the beam with scatter. In the absence of an 
ASD, DQEsys reverts to detector DQE. Therefore, DQEsys is 
higher or lower than DQEd, depending on the ability of the ASD 
to modify the SNR.
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Figure 24.19 shows the detector DQE, eDQE, gDQE and 
DQEsys for a mammography system with a beam characterized 
by a scatter fraction of 0.38 at the detector input.

24.8  Linking Physical Parameters 
and Object Detectability

24.8.1  Pixel Signal to Noise Ratio (SNR) and 
Contrast to Noise Ratio (CNR)

The measure of PV standard deviation (σ) in a homogeneous ROI 
is the simplest means of image noise assessment. This measure 
of noise can be combined with the mean PV measured within the 
same ROI to give the pixel SNR:

 
SNRpixel =

d
σ

.
 

(24.83)

A related parameter is the contrast-to-noise ratio (CNR), 
which, for QC purposes, is often measured for some target object 
(e.g., a thin aluminum square of dimension 10 × 10 mm [EC 
2006]), imaged in a homogeneous background. CNR is defined 
as the measured object contrast (Cw) (using mean PV), divided 
by the standard deviation measured in an ROI positioned in the 
image background,

 
CNR =

Cw

σ
.
 

(24.84)

While these parameters reflect changes in image noise (and, 
hence, signal detectability), pixel SNR has to be used with cau-
tion (Burgess 1999). Both SNRpixel and CNR involve the use of 
standard deviation, which is expressed in pixel values and is 
accordingly dependent on PV units. The magnitude of these units 
may be arbitrary or specific to an imaging system/modality and, 
hence, pixel SNR and CNR must not be used for direct (scale) 
comparisons between different detector/systems. Figure  24.20 
shows how the detection of an object signal in a noisy background 
is CNR dependent. Given their ease of measurement, SNRpixel 
and CNR are often specified in QC programs (EC 2006), as 
CNR offers a quick means of assessing the automatic exposure 
control system set up (EC 2006). For example, relative changes 
in CNR due to changes in breast equivalent phantom thickness 
have been shown to follow changes in small detail detectability 
measured using a CD test object (Salvagnini et al. 2015).

24.8.2  Rose Model as Simple Detection Model: 
Fundamental Importance of SNR

Pixel SNR can be considered as a kind of generic measure of the 
image SNR, but it is not referenced to a particular imaging task 
or even object size of interest. We know that signal detectability 
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in an image is linked to the object characteristics (contrast, shape, 
and size), and signal detection theory provides models that quan-
tify the task-dependent detection performance of human observ-
ers. Rose (1948) was the first to investigate the simplest task of 
detecting an object signal in a homogeneous, noisy background, 
and laid the foundation for both the concept of DQE and for 
modeling low contrast threshold detection. A useful derivation is 
given by Burgess (1999), using a flat topped, sharp edged signal 
of area A, in a uniform background. A vital step taken by Rose 
(1948) was considering the photon noise integrated over the same 
area as the object; this step provides an absolute scale for image 
fluctuation. The mean number of photons in area A is Nb, and, 
by assuming Poisson statistics, this is also the variance, σb

2( ). 
Photon densities (mean number of photons/unit area) are used 
to describe the background nb, and the incremental change in the 
object Δns so the contrast, C = ΔNs/Nb = Δns/nb. The SNR was 
defined by Rose (1948) as:
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(24.85)

or

 SNR CNRRose = .A  (24.86)

The detection performance (called detectability index, d′) of 
the Rose model, therefore, scales with the contrast-to-noise ratio 
(CNR) or, more explicitly, the area of the object, the exposure at 
the detector, and object contrast. The contrast, C, of thin discs 
of thickness, T, and attenuation coefficient, µ, surrounded by 
a flat background (constant signal and noise) will be equal to 
1 − e−µT ≅ µT for T ≪ 1. For discs of different diameters, d, the 
contrast-detail curve corresponding to a threshold detectability, 
d′, will satisfy the conditions of the Rose model for detection 
(SNRRose), and Equation 24.86 becomes:

 T d⋅ = const.  (24.87)

Equation 24.87 gives a linear contrast-detail curve of gradient 
d−1 on a log-log graph whose axes represent the discs diameter 
and contrast. This simple shape of contrast-detail curve arises 
from the assumptions behind the model and, hence, applies to 
the range of disc diameters where resolution is not a limiting 
factor. While the Rose formula usefully models simple detection 
tasks—a typical scenario is a low contrast object in homogenous 
∼white noise (Marshall 2006a)—the model starts to fail when 
the assumptions of low contrast signals, no blurring (correlation), 
and uncorrelated Poisson noise no longer apply (Burgess 1999).

24.8.3  Linking Contrast-Detail Curves 
to NEQ and Simple Tasks

Physical image quality parameters (MTF, NPS, and NEQ) and 
observer performance, as measured using simple tasks like the 
CD analysis described in Section 24.2, can be linked together 

via observer modeling derived from statistical decision theory. 
Physical parameters measured for the imaging system are input 
to some numerical or model observer that generates an output 
SNR (or detectability index d′) that is related to the detectabil-
ity of simple objects in the image (Loo et al. 1984; ICRU 1996; 
Aufrichtig 1999; Barrett and Myers 2003). Only the basics of 
observer models will be presented in this section.

As discussed earlier, the Rose model provides a starting point 
when trying to predict observer performance for an image with 
a given SNR (noise level), but does not account for correlations 
that are likely present in the image. A model that takes into 
account the frequency correlations can be achieved by combin-
ing the NEQ with the object signal spectrum (S) in the frequency 
domain, as described in ICRU 54 (1997):
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where f is the radial frequency, and C is the object contrast on the 
image. The model given in Equation 24.88 is the ideal observer 
or pre-whitening (PW) model; the term “pre-whitening” refers 
to the step taken by the observer to remove correlations pres-
ent in the noise (i.e., “whiten” the noise) and, hence, apply the 
signal template in white (∼Gaussian) noise (Wagner and Brown 
1985). This observer model, therefore, uses all the image infor-
mation for detection (ideal observer), and tends to outperform 
real observers. A more realistic non-pre-whitening matched fil-
ter (NPW) model was, therefore, developed (Wagner and Brown 
1985; ICRU 1997) in which the observer uses the known signal 
as a template, but is not able to use information about noise cor-
relations (i.e., behaves as if the noise were white, even when it 
may not be). The detectability index is given by Equation 24.89:
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Burgess (1994) suggested a modification to the NPW model that 
improved performance in simple non-homogeneous backgrounds 
by adding an eye filter (E) that represents the contrast sensitivity 
function of the human visual system. The eye filter effectively acts 
as a bandpass filter that suppresses the influence of low spatial fre-
quencies on the detectability index. The non-pre-whitening matched 
filter with eye filter (NPWE) model is given in Equation 24.90:
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24.8.3.1  NPWE Model from MTF and 
NPS for CDMAM

Considering constant MTF and NPS shapes, the NPWE observer 
model (Equation 24.90) can be approximated for discs of dif-
ferent diameters, d, as the product between the contrast-to-noise 
ratio (C/σ) and a factor defined in the frequency domain (κ). 
The factor κ depends on the signal and noise bandwidths,
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The contrast-detail curves for the gold discs of diameters d in 
the CDMAM phantom satisfy the iso-d′ values (d′ = const),

 

C
d

σ
α⋅ = const.

 
(24.93)

For a thin disc of thickness T and attenuation coefficient µ, 
an image with a primary flat background signal P will give an 
object contrast C equal to

 C P e P TT= − ≅−( ) .1 µ µ  (24.94)

Equations 24.93 and 24.94 give:

 

P T
d
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σ
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(24.95)

If the parameters P, µ, and σ are constant across the image, 
the contrast-detail curves expressed in log-log graphs are simply 
linear with a negative slope α,

 log logT d− ⋅ =α const.  (24.96)

Monnin et al. (2011) and Liu et al. (2014) have used the NPWE 
model to accurately predict the visibility of small details in a 
homogeneous background for mammography imaging systems. 
This has been extended to general radiography detectors (Van 
Peteghem et al. 2016), again for the simple CD imaging task.

24.8.4  More Advanced Models of 
Object Detectability

The NPW and NPWE detectability indices are derived from 
the NEQ (Equation 24.78), using Fourier based metrics to char-
acterize image signal and noise and, hence, linear shift invari-
ant images with stationary Gaussian noise are a requirement. 
Although medical X-ray systems fulfil these requirements to 

some (limited) extent, there has been considerable effort to gen-
eralize metrics of task performance (Barrett and Myers 2003). 
This has led to the formulation of the (channelized) Hotelling 
observer, a linear observer that maximizes SNR—defined as the 
difference between the mean values of a test statistic divided by 
the square root of its average variance (Barrett and Myers 2003). 
Calculation of the (channelized) Hotelling SNR is implemented 
in the spatial domain and uses an estimate of the average covari-
ance matrix. This is more difficult to compute than the MTF and 
NNPS needed for the NEQ based detectability models, but the 
Hotelling model makes no assumptions of stationarity or shift 
invariance. This leads to a model observer that is more robust, 
with a wider applicability to a range of image quality evaluation 
scenarios and, thus, forms the basis of much of the image quality 
evaluation research undertaken over the past years (Barrett 1990; 
Barrett et al. 1995, 1998, 2015).

24.9 Summary

This section has described methods used in the evaluation of 
physical image quality in mammography and digital radiogra-
phy, with the emphasis on X-ray detectors. Test objects, primarily 
in the form of threshold contrast-detail (CD) methods, remain at 
the heart of image quality assessment methods used by medi-
cal physicists for QC testing. Minimum or typical performance 
standards are often given in terms of some threshold detectabil-
ity value and, hence, the use of these methods will continue for 
the foreseeable future. The assumption of linear, shift invariant 
detectors/imaging systems enables the implementation of transfer 
function analysis and the associated metrics of MTF, NPS, NEQ, 
and DQE. Such methods provide considerable insight into factors 
that influence the quality of images produced by mammography 
and general radiography detectors. Signal detection theory can 
be used to show the link between NEQ and detection of objects 
in a homogeneous background used in CD methods. However, 
this is just the starting point for task-based assessments of image 
quality using realistic targets, such as mammography soft tissue 
lesions in a realistic background, that are the true measure of 
image quality.

REFERENCES
Albert, M. and A.D.A. Maidment. 2000. Linear response theory 

for detectors consisting of discrete arrays. Medical Physics 
27:2417–34.

Aufrichtig, R. 1999. Comparison of low contrast detectability 
between a digital amorphous silicon and a screen–film based 
imaging system for thoracic radiography. Medical Physics 
26:1349–58.

Barrett, H.H. 1990. Objective assessment of image quality: Effects 
of quantum noise and object variability. Journal of the Optical 
Society of America A 7:1266–78.

Barrett, H.H. and K.J. Myers. 2003. Foundations of Image Science. 
Hoboken, NJ: Wiley.

Barrett, H.H., C.K. Abbey, and E. Clarkson. 1998. Objective assess-
ment of image quality. III. ROC metrics, ideal observers, 
and likelihood-generating functions. Journal of the Optical 
Society of America A 15:1520–35.



504 Handbook of X-ray Imaging

Barrett, H.H, J.L. Denny, R.F. Wagner, and K.J. Myers. 1995. 
Objective assessment of image quality. II. Fisher information, 
Fourier cross-talk, and figures of merit for task performance. 
Journal of the Optical Society of America A 12:834–52.

Barrett, H.H., K.J. Myers, C. Hoeschen, M.A. Kupinski, and M.P. 
Little. 2015. Task-based measures of image quality and their 
relation to radiation dose and patient risk. Physics in Medicine 
and Biology 60:R1–R75.

Båth, M, M. Håkansson, and L.G. Månsson. 2003. Determination of 
the two-dimensional detective quantum efficiency of a com-
puted radiography system. Medical Physics 30:3172–82.

Boone, J.M. and J.A. Seibert. 1997. An accurate method for com-
puter-generating tungsten anode x-ray spectra from 30 to 
140 kV. Medical Physics 24:1661–70.

Boone, J.M., T.R. Fewell, and R.J. Jennings. 1997. Molybdenum, 
rhodium, and tungsten anode spectral models using inter-
polating polynomials with application to mammography. 
Medical Physics 24:1863–74.

Borasi, G., A. Nitrosi, P. Ferrari, and D. Tassoni. 2003. On site 
evaluation of three flat panel detectors for digital radiography. 
Medical Physics 30:1719–31.

Bouwman, R., K. Young, B. Lazzari, V. Ravaglia, M. Broeders, and 
R. Van Engen. 2009. An alternative method for noise analy-
sis using pixel variance as part of quality control procedures 
on digital mammography systems. Physics in Medicine and 
Biology 54:6809–22.

Buhr, E., S. Günther-Kohfahl, and U. Neitzel. 2003. Accuracy of a 
simple method for deriving the presampled modulation trans-
fer function of a digital radiographic system from an edge 
image. Medical Physics 30:2323–31.

Burger, G.C.E. 1950. Phantom tests with x-rays. Philips Technical 
Review 11:291–8.

Burgess, A. 2004. On the noise variance of a digital mammography 
system. Medical Physics 31:1987–95.

Burgess, A.E. 1994. Statistically defined backgrounds: Performance 
of a modified nonprewhitening observer model. Journal of the 
Optical Society of America 11:1237–42.

Burgess, A.E. 1999. The Rose model, revisited. Journal of the 
Optical Society of America A 16:633–46.

Chan, H.P. and K. Doi. 1984. Studies of energy absorption and quan-
tum noise properties of x-ray screens by use of Monte Carlo 
simulation. Medical Physics 11:37–46.

Cohen, G., D.L. McDaniel, and L.K. Wagner. 1984. Analysis of 
variations in contrast-detail experiments. Medical Physics 
11:469–73.

Cowen, A.R., J.M. Haywood, A. Workman, and O.F. Clarke. 1987. 
A set of X-ray test objects for image quality control in digi-
tal subtraction fluorography. I: Design considerations. British 
Journal of Radiology 60:1001–9.

Cunningham, I.A. 2000. Applied Linear-Systems Theory in Handbook 
of Medical Imaging, Vol. 1, 79–159. Bellingham, WA: SPIE.

Cunningham, I.A. 2008. Use of the detective quantum efficiency 
in a quality assurance program. Proceedings of SPIE 
6913:69133I–1.

Cunningham, I.A. and B.K. Reid. 1992. Signal and noise in modula-
tion transfer function determinations using the slit, wire and 
edge techniques. Medical Physics 19:1037–44.

Cunningham, I.A., M. Sattarivaud, G. Hajdok, and J. Yao. 2004. 
Can a fourier-based cascaded-systems analysis describe 
noise in complex shift-invariant spatially sampled detectors?. 
Proceedings of. SPIE 5368:79–88.

Cunningham, I.A., M.S. Westmore, and A. Fenster. 1994. A spatial-
frequency dependent quantum accounting diagram and detec-
tive quantum efficiency model of signal and noise propagation 
in cascaded imaging systems. Medical Physics 21:417–27.

Dainty, J.C. and R. Shaw. 1974. Image Science - Principles, Analysis 
and Evaluation of Photographic-Type Imaging Processes. 
London, UK: Academic Press.

Dobbins, J.T III. 1995. Effects of undersampling on the proper inter-
pretation of modulation transfer function, noise power spec-
tra, and noise equivalent quanta of digital imaging systems. 
Medical Physics 22:171–81.

Dobbins, J.T III. 2000. Image Quality Metrics for Digital Systems 
Physics and Psychophysics Handbook of Medical Imaging, 
Vol 1. Bellingham, DC: SPIE.

Dobbins, J.T. III, D.L. Ergun, L. Rutz, D.A. Hinshaw, H. Blume, 
and D.C. Clark. 1995. DQE(f) of four generations of com-
puted radiography acquisition devices. Medical Physics 
22:1581–93.

Dobbins, J.T. III, E. Samei, N.T. Ranger, and Y. Chen. 2006. 
Intercomparison of methods for image quality characteriza-
tion. II. Noise Power Spectrum Medical Physics 33:1466–75.

European Commission. 2006. The European Protocol for the 
Quality Control of the Physical and Technical Aspects of 
Mammography Screening: Part B. Digital Mammography 
European Guidelines for Breast Cancer Screening, 4th edn 
1.0. Luxembourg: European Commission.

Evans, D.S., A. Mackenzie, C.P. Lawinski, and D. Smith. 2004. 
Threshold contrast detail detectability curves for fluoroscopy 
and digital acquisition using modern image intensifier sys-
tems. British Journal of Radiology 77:751–8.

Fetterly, K.A., N.J. Hangiandreou, B.A. Schueler, and E.R. Ritenour. 
2002. Measurement of the presampled two-dimensional mod-
ulation transfer function of digital imaging systems. Medical 
Physics 29:913–21.

Fujita, H., D.Y. Tsai, T. Itoh, K. Doi, J. Morishita, K. Ueda, and 
A. Ohtsuka. 1992. A simple method for determining the 
modulation transfer function in digital radiography. IEEE 
Transactions on Medical Imaging 11:34–9.

Giger, M.L. and K. Doi. 1984. Investigation of basic imaging prop-
erties in digital radiography. 1. Modulation transfer function. 
Medical Physics 11:287–95.

Granfors, P.R. and R. Aufrichtig. 2000. Performance of a 41 × 41-cm2 
amorphous silicon flat panel x-ray detector for radiographic 
imaging applications. Medical Physics 27:1324–31.

Hay, G.A., O.F. Clarke, B.A. Coleman, and A.R. Cowen. 1985. A set 
of X-ray test objects for quality control in television fluoros-
copy. British Journal of Radiology 58:335–44.

Hendrick, R.E., L. Bassett, M.A. Botsco, et al. 1999. Mammography 
Quality Control Manual. Reston, VA: American College of 
Radiology.

ICRU (International Commission on Radiation Units and 
Measurements). 1996. Medical Imaging – The Assessment of 
Image Quality (Report 54). MD: ICRU 54.

IEC (International Electrotechnical Commission). 2003. Medical 
Electrical Equipment – Characteristics of Digital X-ray 
Image Devices: Part 1. Determination of the Detective 
Quantum Efficiency IEC 62220–1. Geneva, Switzerland: IEC.

IEC (International Electrotechnical Commission). 2005. Medical 
Diagnostic X-ray Equipment – Radiation Conditions for Use 
in the Determination of Characteristics IEC 61267. Geneva, 
Switzerland: IEC.



505Physical Image Quality Evaluation of X-ray Detectors for Digital Radiography and Mammography

IEC (International Electrotechnical Commission). 2007. Medical 
Electrical Equipment—Characteristics of Digital X-ray 
Image Devices: Part 1–2. Determination of Detective 
Quantum Efficiency—Detectors Used in Mammography IEC 
62220–1–2. Geneva, Switzerland: IEC.

IPEM report 32(VII). Mackenzie, A., Doyle, P., Honey, I., Marshall, 
N., O’Neill, J., Smail, M., Doshi, S., and Hill, A. 2012. 
Measurement of the Performance Characteristics of Diagnostic 
X-Ray Systems: Digital Imaging Systems. York, UK: IPEM.

Ji, W.G., W. Zhao, and J.A. Rowlands. 1998. Digital x-ray imaging 
using amorphous selenium: Reduction of aliasing. Medical 
Physics 25:2148–62.

Judy, P.F. 1976. The line spread function and modulation transfer 
function of a computed tomographic scanner. Medical Physics 
3:233–6.

Karssemeijer, N. and M.A.O. Thijssen. 1996. Determination of con-
trast-detail curves of mammography systems by automated 
image analysis. In Digital Mammography, edited by K. Doi, 
M.L. Giger, R.M. Nishikawa, and R.A. Scmidt. Amsterdam, 
The Netherlands:  Elsevier, pp. 155–60.

Kim, H.K., L.E. Antonuk, Y. El-Mohri, J. Yorkston, W. Huang, J.M. 
Boudry, and I.A. Cunningham. 2006. Generalized cascaded 
model to assess noise transfer in scintillator-based x-ray imag-
ing detectors. Applied Physics Letters 89:233504–1–233504–3.

Kyprianou, I.S., S. Rudin, D.R. Bednarek, and K.R. Hoffmann. 
2005. Generalizing the MTF and DQE to include x-ray scatter 
and focal spot unsharpness: Application to a new microangio-
graphic system. Medical Physics 32:613–26.

Liu, H., K. Chakrabarti, R.V. Kaczmarek, L. Benevides, S. Gu., and 
I.S. Kyprianou. 2014. Evaluation of clinical full field digital 
mammography with the task specific system-model-based 
Fourier Hotelling observer (SMFHO) SNR. Medical Physics 
41:051907–1–9.

Loo, L.-N.D., K. Doi, and C.E. Metz. 1984. A comparison of physi-
cal image quality indices and observer performance in the 
radiographic detection of nylon beads. Physics in Medicine 
and Biology 29:837–56.

Lubberts, G. 1968. Random noise produced by X-ray fluorescent 
screens. Journal of the Optical Society of America 58:1475–83.

Mackenzie, A. and D. Honey. 2007. Characterization of noise 
sources for two generations of computed radiography systems 
using powder and crystalline photostimulable phosphors. 
Medical Physics 34:3345–57.

Mackenzie, A., D.R. Dance, A. Workman, M. Yip, K. Wells, and 
K.C. Young. 2012. Conversion of mammographic images to 
appear with the noise and sharpness characteristics of a dif-
ferent detector and x-ray system. Medical Physics 39:2721–34.

Maidment, A.D.A. and M. Albert. 2003. Conditioning data for cal-
culation of the modulation transfer function. Medical Physics 
30:248–53.

Marshall, N.W. 2006a. A comparison between objective and sub-
jective image quality measurements for a full field digital 
mammography system. Physics in Medicine and Biology 
51:2441–63.

Marshall, N.W. 2006b. Retrospective analysis of a detector fault for 
a full field digital mammography system. Physics in Medicine 
and Biology 51:5655–73.

Marshall, N.W. 2007. Early experience in the use of quantitative 
image quality measurements for the quality assurance of full 
field digital mammography x-ray systems. Physics in Medicine 
and Biology 52:5545–68.

Marshall, N.W. 2009. Detective quantum efficiency measured as a 
function of energy for two full-field digital mammography 
systems. Physics in Medicine and Biology 54:2845–61.

Marshall, N.W., A. Mackenzie, and I.D. Honey. 2011. Quality control 
measurements for digital x-ray detectors. Physics in Medicine 
and Biology 56:979–99.

McDonald, M.C., H.K. Kim, J.R. Henry, and I.A. Cunningham. 
2012. A robust approach to measuring the detective quan-
tum efficiency of radiographic detectors in a clinical setting. 
Proceedings of SPIE 8313:831315–1.

Metz, C. and K. Doi. 1979. Transfer function analysis in radio-
graphic imaging systems. Physics in Medicine and Biology 
24:1079–106.

Monnin, P., H. Bosmans, F.R. Verdun, and N.W. Marshall. 2014. 
Comparison of the polynomial model against explicit mea-
surements of noise components for different mammography 
systems. Physics in Medicine and Biology 59:5741–61.

Monnin, P., H. Bosmans, F.R. Verdun, and N.W. Marshall 2016. 
A comprehensive model for quantum noise characterization 
in digital mammography. Physics in Medicine and Biology 
61:2083–108.

Monnin, P., D. Gutierrez, S. Bulling, D. Guntern, and F.R. Verdun. 
2007. A comparison of the performance of digital mammog-
raphy systems. Medical Physics 34:906–14.

Monnin, P., N.W. Marshall, H. Bosmans, F.O. Bochud, and F.R. 
Verdun. 2011. Image quality assessment in digital mammog-
raphy: Part II. NPWE as a validated alternative for contrast 
detail analysis. Physics in Medicine and Biology 56:4221–38.

Monnin, P., F.R. Verdun, H. Bosmans, N.W. Marshall. 2017. A com-
prehensive model for x-ray projection imaging system effi-
ciency and image quality characterization in the presence of 
scattered radiation. Phys Med Biol 62:5691–722.

Neitzel, U., E. Buhr, G. Hilgers, and P.R. Granfors. 2004. Determination 
of the modulation transfer function using the edge method: 
Influence of scattered radiation. Medical Physics 31:3485–91.

NHSBSP (National Health Service Breast Screening Programme). 
2013. Technical evaluation of Philips MicroDose L30 with 
AEC software version 8.3. NHSBSP Equipment Report No. 
1305. Sheffield, UK: NHSBSP Publications.

Nishikawa, R.M. and M.J. Yaffe. 1990. Effect of various noise 
sources on the detective quantum efficiency of phosphor 
screens. Medical Physics 17:894–904.

Ohara, K., K. Doi, C.E. Metz, and M.L. Giger. 1989. Investigation 
of basic imaging properties in digital radiography. 13. Effect 
on simple structured noise on the detectability of simulated 
stenotic lesions. Medical Physics 16:14–21.

Rabbani, M. and R. Van Metter. 1989. Analysis of signal and noise 
propagation for several imaging mechanisms. Journal of the 
Optical Society of America A 6:1156–64.

Rabbani, M., R. Shaw and R. Van Metter. 1987. Detective quantum 
efficiency of imaging systems with amplifying and scatter-
ing mechanisms. Journal of the Optical Society of America 
A 4:895–901.

Ranger, N.T., E. Samei, J.T. Dobbins III and C.E. Ravin. 2005. 
Measurement of the detective quantum efficiency in digital 
detectors consistent with the IEC 62220–1 standard: Practical 
considerations regarding the choice of filter material. Medical 
Physics 32:2305–11.

Reichenbach, S.E., S.K. Park, and R. Narayanswamy. 1991. 
Characterizing digital image acquisition devices. Optical 
Engineering 30:170–7.



506 Handbook of X-ray Imaging

Reis, C., A. Pascoal, T. Sakellaris, and M. Koutalonis. 2013. Quality 
assurance and quality control in mammography: A review of 
available guidance worldwide. Insights in Imaging 4:539–53.

Rimkus, D.A. and N.A. Bailey. 1983. Quantum noise in detectors. 
Medical Physics 10:470–1.

Rose, A. 1948. The sensitivity performance of the human eye on 
an absolute scale. Journal of the Optical Society of America 
38:196–208.

Rossman, K. 1969. Point spread-function, line spread-function and 
modulation transfer function. Radiology 96:257–72.

Rowlands, J.A. 2002. The physics of computed radiography. Physics 
in Medicine and Biology 47:R123–R166.

Salvagnini, E., H. Bosmans, L. Struelens, and N.W. Marshall. 2015. 
Tailoring automatic exposure control toward constant detect-
ability in digital mammography. Medical Physics 42:3834–47.

Samei, E., M.J. Flynn, and D.A. Reimann. 1998. A method for mea-
suring the presampling MTF of digital radiographic systems 
using an edge test device. Medical Physics 25:102–13.

Samei, E., S. Murphy, and O. Christianson. 2013. DQE of wireless 
digital detectors: Comparative performance with differing fil-
tration schemes. Medical Physics 40:081910–1

Samei, E., N.T. Ranger, J.T. Dobbins III, and Y. Ching. 2006. 
Intercomparison of methods for image quality character-
ization. I. Modulation transfer function. Medical Physics 
33:1454–65.

Samei, E., N.T. Ranger, A. Mackenzie, I.D. Honey, J.T. Dobbins III 
and C.E. Ravin. 2009. Effective DQE (eDQE) and speed of 
digital radiographic systems: An experimental methodology. 
Medical Physics 36:3806–17.

Schmidgunst, C., D. Ritter, and E. Lang. 2007. Calibration model of 
a dual gain flat panel detector for 2D and 3D x-ray imaging. 
Medical Physics 34:3649–64.

Shaw, R. 1963. The equivalent quantum efficiency of the pho-
tographic process. Journal of the Photographic Society 
11:199–204.

Siewerdsen, J.H. and D.A. Jaffray. 1999. A ghost story: Spatio-
temporal response characteristics of an indirect-detection flat-
panel imager. Medical Physics 26:1624–41.

Siewerdsen, J.H., L.E. Antonuk, Y. El-Mohri, J. Yorkston, W. 
Huang, J.M. Boudry, and I.A. Cunningham. 1997. Empirical 
and theoretical investigation of the noise performance of indi-
rect detection, active matrix flat-panel imagers (AMFPIs) for 
diagnostic radiology. Medical Physics 24:71–89.

Swank, R.K. 1973. Absorption and noise in x-ray phosphors. Journal 
of Applied Physics 44:4199–203.

Tanguay, J., S. Yun, H.K. Kim, and I.A. Cunningham. 2013. The 
detective quantum efficiency of photon-counting x-ray detec-
tors using cascaded systems analyses. Medical Physics 
40:041913–1–15.

Tanguay, J., S. Yun, H.K. Kim, and I.A. Cunningham. 2015. 
Detective quantum efficiency of photon-counting x-ray detec-
tors. Medical Physics 42:491–509.

Tapiovaara, M.J. and R.F. Wagner. 1984. SNR and DQE analysis 
of broad spectrum x-ray imaging. Physics in Medicine and 
Biology 30:519–29.

Thijssen, M.A.O. 1993. Bepaling en bewaking van de beeldkwaliteit 
in de radiodiagnostiek. Radboud Repository 1–164.

Thornton, M.M. and M.J. Flynn. 2006. Measurement of the spa-
tial resolution of a clinical volumetric computed tomogra-
phy scanner using a sphere phantom. Proceedings of SPIE 
6142:61421Z.

Urbanczyk, H., E. McDonagh, N.W. Marshall, and I. Castellano. 
2012. Characterization of the effects of the FineView algo-
rithm for full field digital mammography. Physics in Medicine 
and Biology 57:1987–2003.

Van Peteghem, N., H. Bosmans, and N.W. Marshall. 2016. NPWE 
model observer as a validated alternative for contrast detail 
analysis of digital detectors in general radiography. Physics in 
Medicine and Biology 61:N575–N591.

Vedantham, S. and A. Karellas. 2010. Modelling the performance 
characteristics of computed radiography (CR) systems. IEEE 
Transactions on Medical Imaging 29:790–806.

Veldkamp, W.J.H., M.A.O. Thijssen, and N. Karssemeijer. 2003. 
The value of scatter removal by a grid in full field digital 
mammography. Medical Physics 30:1712–8.

Wagner, R.F. and D.G. Brown. 1985. Unified SNR analysis of 
medical imaging systems. Physics in Medicine and Biology 
30:489–518.

Wagner, R.F., G.T. Bernes, and B.S. Askins. 1980. Effect of reduced 
scatter on radiographic information content and patient expo-
sure: A quantitative demonstration. Medical Physics 7:13–18.

Warren, L.M., A. Mackenzie, J. Cooke, R.M. Given-Wilson, M.G. 
Wallis, D.P. Chakraborty, D.R. Dance, H. Bosmans and K.C. 
Young. 2012. Effect of image quality on calcification detec-
tion in digital mammography. Medical Physics 39:3202–13.

Williams, M.B., P.A. Mangiafico and P.U. Simoni. 1999. Noise 
power spectra of images from digital mammography detec-
tors. Medical Physics 26:1279–93.

Xu, J., W. Zbijewski, G. Gang, J.W. Stayman, K. Taguchi, M. 
Lundqvist, E. Fredenberg, J.A. Carrino, and H. Siewerdsen. 
2014. Cascaded systems analysis of photon counting detec-
tors. Medical Physics 41:101907–1–15.

Young, K.C., J.J.H. Cook, J.M. Okudo, and H. Bosmans. 2006. 
Comparison of software and human observers in reading 
images of the CDMAM test object to assess digital mammog-
raphy systems. Proceedings of SPIE 6142:614206.

Zhao, W., I. Blevis, S. Germann, J.A. Rowlands, D. Waechter, and Z. 
Huang. 1997. Digital radiology using active matrix readout of 
amorphous selenium: Construction and evaluation of a proto-
type real-time detector. Medical Physics 24:1834–43.

Zhao, W. and J.A. Rowlands. 1997. Digital radiology using 
active matrix readout of amorphous selenium: Theoretical 
analysis of detective quantum efficiency. Medical Physics 
24:1819–33.



507

25
Mammography, Breast Tomosynthesis, and Risk 
of Radiation-Induced Breast Cancer

James G. Mainprize

25.1 Introduction

The best evidence to date suggests that low radiation doses from 
X-ray imaging procedures may carry a small risk of causing a 
radiation-induced cancer (National Research Council 2006). 
Both mammography (see Chapter 19 of this book) and breast 
tomosynthesis (see Chapter 20) typically have higher radia-
tion doses than simple chest radiography, but lower than most 
CT procedures (see Chapter 29 for more on radiation dose in 
mammography and tomosynthesis). In a breast cancer screening 
program, in which most women are expected to never develop 
the disease, the risk of inducing a cancer is a small, but impor-
tant concern. In this chapter, the biological effects of ionizing 
radiation are introduced, as well as the concepts of excess risk 
and the benefits of breast cancer screening. Several groups have 
attempted to establish an estimate of radiation risk in a modern 
screening program, and a comparison of their approaches is pre-
sented. Finally, recent trends in radiation dose levels in screen-
ing mammography and breast tomosynthesis are described.

25.2 Radiation Doses

For radiation measurement, the “absorbed dose” is measured in 
grays (Gy), which is a unit of energy deposited per unit of irradi-
ated mass (J/kg). Typically, diagnostic radiology procedures are 
on the order of 0.1 to 10 milligray (mGy). The “effective dose” 
is measured in Sieverts (Sv), which is adjusted to account for the 
differing radiosensitivities of organs in the body. See Table 25.1 

for a comparison of typical radiology procedures. The weighting 
factor to convert the absorbed dose in the breast to an effective 
dose is 0.12 (Wrixon 2008).

25.3 A Brief Overview of Radiation Biology

The seventh report from the National Research Council on the 
Biological Effects of Ionization Radiation (BEIR VII Phase 2) is 
a consensus report from a large committee of experts across sev-
eral fields of study, on the “Health Risks from Exposure to Low 
Levels of Ionizing Radiation” (National Research Council 2006). 
The first chapters from that report are on the observed radiation 
biology effects at the molecular, genomic, and cellular levels. 
Later chapters deal with the current epidemiological understand-
ing of radiation effects in human populations and risk assessment 
for low levels of radiation. An overview of the findings reported 
by BEIR VII is presented here, with a focus on radiation-induced 
breast cancer.*

X-rays are ionizing radiation, meaning that X-ray interactions 
with matter can knock electrons from atoms, resulting in an ion 
or the breaking of chemical bonds. When X-rays interact in mat-
ter, the X-ray energy is transferred as kinetic energy to bound 
electrons which, in turn, can interact with other electrons, pos-
sibly causing additional bond breaks. These secondary electrons 
can produce “clusters of ionizations” that can cause clustered-
damage or “locally multiply damaged sites” in the DNA (BEIR, 

* Page numbers indicated throughout this section refer to BEIR VII Phase 2 
Report (National Research Council 2006).
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National Research Council 2006, p. 26). The energy range of 
X-ray photons used for mammography and tomosynthesis imag-
ing is roughly 15 to 40 keV. This is sufficient energy for each 
X-ray photon interacting in tissue to be potentially responsible 
for hundreds or even thousands of chemical bond breaks.

If these bond breaks occur in the DNA of the cell, single or 
double strand breaks or cross-linking may occur directly in the 
DNA. More likely, the X-ray interaction liberates “free radicals” 
(e.g., hydroxyl radicals) from nearby molecules. Free radicals 
are highly reactive chemical groups with unpaired electrons that 
can cause oxidative reactions that can result in additional DNA 
damage and damage to other cellular structures (BEIR, National 
Research Council 2006, pp. 29–31).

Generally, normal cellular repair mechanisms can repair DNA 
damage. These mechanisms deal with the inherent instability of 
the DNA molecule. In a typical cell, DNA may undergo several 
thousand damage events per day, which generally corrected by 
DNA repair mechanisms (BEIR, National Research Council 
2006, pp. 30, 33–39) (Saul and Ames 1986). However, an ion-
izing radiation event may cause many localized simultaneous 
breaks and, if there are enough events, the repair mechanisms 
may fail to correct the damage. If the radiation dose is high 
enough in the cell, the DNA damage may be so severe that it 
causes the cell to die. However, at sub-lethal doses, the DNA 
may be incorrectly repaired, resulting in a cell transformation. 
A transformed cell with a mutation in a tumor suppressor gene 
or a proto-oncogene will pass this on to progeny cells, and may 
ultimately lead to malignancy.

One intriguing line of investigation regarding radiation effects 
is the so-called “bystander effect” (BEIR, National Research 
Council 2006, pp. 45, 53–55) (Morgan 2003), which suggests 
that even cells that are not directly hit by radiation may become 
affected. This is presumably because of cell–cell signaling 
between a damaged cell and the surrounding cells. Some studies 
(Dent et al. 1999; Lorimore et al. 2001) have indicated that this 
may decrease cancer risk by causing the affected cell to be elim-
inated, whereas others have suggested that this might actually 
increase the risk as this cell signaling adversely affects the nor-
mal cells nearby (Belyakov et al. 2001). It is possible both posi-
tive and negative bystander effects may play a role in humans, 
but their effects at low doses have been limited to laboratory 
studies, and have not been observable in a human population 
(BEIR, National Research Council 2006, p. 55).

A number of studies have attempted to measure the “dose 
response” relationship between radiation dose and the number of 
chromosomal damage, mutations, or malignant transformations 
of a cell, and determine its functional shape (Grosovsky and 

Little 1985; Ullrich et al. 1987; Lloyd et al. 1992; Schiestl et al. 
1994). Most studies, across a number of cell types, have dem-
onstrated a linear response down to ∼50 mGy, and a few as low 
as ∼20 mGy. Most of these studies are “consistent with a linear 
no-threshold model” (LNT), suggesting that there is a linear risk 
increase extrapolated down to 0 dose (BEIR, National Research 
Council 2006, pp. 9–11, 57–59).

At a human population level, much of our understanding of 
radiation dose effects are from the Life Span Study (LSS) on 
Japanese A-bomb survivors of Hiroshima and Nagasaki, and 
a number of much smaller cohorts that were exposed to vari-
ous levels of radiation either acutely or over a protracted period 
of time (Preston et  al. 2002b, 2007; Land et  al. 2003). These 
cohorts have been studied extensively, with attempts to establish 
a model relationship between radiation dose and excess cancers 
seen in these cohorts compared to an unexposed population. At 
high doses (>100 mSv), there is strong evidence of a linear dose 
response model for solid tumors. Leukemia is a notable excep-
tion, which appears to have a linear-quadratic dose response 
(BEIR, National Research Council 2006, pp. 15, 43, 144). The 
BEIR VII committee reviewed the “available biological and bio-
physical data” to determine the most likely cancer risk model for 
low doses (<100 mGy). Their conclusion was that there was an 
increased risk in humans, and that the LNT model was the best 
estimate to date (BEIR, National Research Council 2006, p. 15).

One of the factors that may also affect the risk associated with 
low dose radiation is the dose rate. Studies have shown that acute 
doses have a greater effect than a slower dose rate, with a “dose 
and dose rate effectiveness factor” (DDREF) of approximately 
1.5 for radiation doses below 2 Gy. It is believed that cellular 
“adaptation” (stress response that protects DNA or enhances 
DNA repair) and/or bystander effects may be responsible for the 
reduced risk at lower dose rates. The DDREF may be tissue type 
specific with a DDREF of 2 to 6 for leukemia and lymphoma, ∼3 
for lung adenocarcinoma, and ∼1 for mammary tumor for radia-
tion doses below 2 Gy (BEIR, National Research Council 2006, 
pp. 78, 246–50).

At-risk populations (those that carry a gene mutation pre-dis-
posing them to cancer) may be at increased risk of developing 
radiation-induced cancer. This hypothesis appears to be sup-
ported by experiments and mechanistic models developed from 
animal studies for several mutations, including Atm, Rad51 and 
p53 (BEIR, National Research Council 2006, pp. 79–83, 85–6). 
Gene mutations of BRCA1 and BRCA2, which are involved in 
repair of DNA double strand breaks, are of particular interest for 
breast cancer. Women who are BRCA1/BRCA2 gene mutation 
carriers are at significantly increased risk of developing breast 
cancer (Pijpe et  al. 2012). Intuitively, one might conclude that 
this population of women would be at increased risk of radiation-
induced cancer. However, it was several years before such a link 
could be established. Several small studies of BRCA1/BRCA2 
gene mutation carriers have shown inconsistent results (Andrieu 
et al. 2006; Narod et al. 2006), and only recently was the GENE-
RAD-RISK study (Pijpe et al. 2012) able to conclude that there is 
a 90% increased risk for women with BRCA1 or BRCA2 muta-
tions for any radiation (mammography or otherwise) for women 
under 30. Somewhat surprisingly, no increased risk was observed 
for women exposed at ages 30 to 39. The study included n = 1993 
women currently in cohort studies in the UK, The Netherlands, 

TABLE 25.1

UNSCEAR (2008) Report on the Average Effective Radiation Doses 
from Typical Radiology Procedures for the Decade 1997 to 2007

Medical Procedure Average Effective Doses (mSv)

Chest Radiography 0.07

Mammography 0.26 (2.2 mGy)

CT Scan 7.4

Angiography 9.3

Source: Adapted from UNSCEAR. 2008. Sources and Effects of Ionizing 
Radiation—Annex A. Vol. I.
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and France, and used a detailed questionnaire to establish their 
exposure history (e.g., fluoroscopy, radiography, mammography) 
before the age of 40. Despite the potential for memory recall bias 
in self-reported studies and a relatively crude estimate of radia-
tion dose (based on typical historical exams), the researchers 
were able to demonstrate increased risk at all dose levels. The 
researchers attempted to minimize “survival bias” by analyzing 
a sub-cohort of women who were diagnosed with cancer within 
5 years of the study date, and showed largely similar risks as 
the larger population. The researchers did not establish a dose–
response relationship, but demonstrated that, with the increas-
ing number of ionizing radiation procedures, the hazard ratios 
increased.

In addition to cancer, radiation exposure has been demon-
strated to increase the risk of other diseases, particularly cardio-
vascular disease, in persons exposed to high therapeutic doses, 
and also in A-bomb survivors exposed to more modest doses. 
However, there is no direct evidence to date of increased risk 
of non-cancer diseases at low doses, and data are inadequate to 
quantify this risk if it exists (BEIR, National Research Council 
2006, p. 153). Radiation exposure has also been shown to 
increase risks of some benign tumors, but data are inadequate to 
quantify this risk.

25.4 Excess Risk Due to Radiation Exposure

When more disease is observed in a sub-population compared to 
the expected (background) rate, that increase may be expressed 
as an excess risk. This excess risk may be modeled as additive 
or multiplicative risk. An additive excess risk is called an Excess 
Absolute Risk (EAR), as added to the background rates of dis-
ease. Alternatively, a multiplicative risk is the Excess Relative 
Risk (ERR), in which the increased rate of disease is the product 
of the ERR and the background rate. Within that sub-population, 
the ERR and EAR should yield the same numbers of new dis-
ease. The EAR or ERR model may be more appropriate when 
describing the excess risk in a different population than the origi-
nal cohort(s) modeled. Care must be taken when risk models are 
transported to a different population where the background can-
cer rates are different (BEIR, National Research Council 2006, 
pp. 240–3; Walsh and Schneider 2013). Often neither model is 
completely satisfactory at explaining the excess risk observed 
in different populations, and, in some cases, hybrid EAR/ERR 
models have been suggested (Walsh and Schneider 2013).

25.4.1  Dose/Risk Models for Radiation-
Induced Breast Cancer

BEIR VII recommends the EAR model developed by Preston 
et al. (2002a,b) that fits incidence rates of breast cancer seen in 
four separate cohorts. The committee noted that Preston et  al. 
also examined four other cohorts for which the model did not fit 
well, possibly because of low dose rates (two skin hemangioma 
cohorts), or the existence of breast disease (post-partum masti-
tis and benign breast disease cohorts). Preston et al. examined 
whether an ERR model would successfully describe the behav-
ior of excess cancers in these cohorts, especially knowing that 
the background risk for breast cancer in the eight cohorts were 

different (e.g., the LSS have particularly low breast cancer rates, 
and the acute post-partum mastitis cohort have significantly 
increased background cancer rates). However, no single model 
could explain the behavior seen in each cohort. Attempts to use 
the Preston ERR model by Pijpe et al. (2012) did not explain the 
observed hazard ratios seen in the GENE-RAD-RISK study in 
groups with increased background risk.

There are a number of factors that can potentially modify the 
dose response for an individual, especially sex, age of exposure 
(fetal, childhood, and pubescent exposures are at significantly 
increased risk, whereas ages >50 show little increased risk), 
and attained age (how old they are at present). Often correc-
tions are made for a “birth year effect”, which acts as a surrogate 
for changing societal, lifestyle, and environmental factors that 
affect cancer rates in populations. As described above, genetic 
mutation carriers and family history of breast cancer appears to 
increase the risk of radiation-induced cancer.

25.4.2 Average Radiation Risk Model

From Preston et al. (2002b), the EAR model of radiation risk is,
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where aX is the age of exposure, a is the attained age, 
β = 9.9 × 10−5/women-years/mGy, D is the dose in milli-
gray, θ = 0.05 y−1, and γ(a) = 3.5 for a < 50 (“pre-menopausal 
attained-age effect”) and γ(a) = 1 for a ≥ 50 (“post-menopausal 
attained-age effect”). Table 25.2 summarizes the model parame-
ters and their 95% confidence intervals, which are large. Preston 
et al. (2002b) postulate that uncertainties on the risk estimates 
from the model should be of the order of 40%. Note that many 
radiation risk models employ the effective dose (in mSv), whereas 
breast risk models largely use the absorbed dose (in mGy) to the 
fibroglandular tissue in the breast.

The effect of age of exposure in the EAR model is strong, as 
illustrated in Figure 25.1 for ages 40 and 50. For comparison, the 
Preston ERR model is also shown, using the background breast 
cancer rates of the UK (Office for National Statistics 2003), simi-
lar to data used by Berrington de González and Reeves (2005). 
The ERR model lacks an age of exposure component, and the 
increased risk at any attained age is, therefore, the same, regard-
less of the age of exposure. Lifetable corrections are applied 
 (dotted lines) to indicate the expected rates for 100,000 women at 
the age of exposure and surviving until the attained ages shown. 
At younger ages, the ERR and EAR models for a UK popula-
tion are dramatically different, although they converge to similar 
results at 70+ years.

Preston et  al. (2002b) note that their models largely do not 
predict the excess risk in the earliest years following exposure, 

TABLE 25.2

EAR Model Parameters from Preston et al. (2002b) and Their 95% 
Confidence Intervals in Parentheses

β θ γ(a < 50) γ(a ≥ 50)

9.9 (7.1,14) 0.05 (0.033,0.071) 3.5 (2.4,4.9) 1.1 (−0.4,2.4)



510 Handbook of X-ray Imaging

postulating that a latency period, in which the lesions are not 
clinically detectable, is required to complete the model. Latencies 
of 0 to 10 years with zero excess risk have been used by various 
groups to model this sub-clinical period of tumor development. 
Note that latency is not included in Figure 25.1.

As mentioned above (see Section 25.4), neither model (EAR or 
ERR) may be entirely acceptable. For example, the best fit model 
may not accommodate an observable age of exposure term, or 
it does not account for an observable birth year effect. In such 
cases, a hybrid ERR/EAR model may yield better results (Walsh 
and Schneider 2013). Largely, these hybrid models are based on 
ad hoc weighting factors. Walsh and Schneider have suggested 
a more algorithmic approach to selecting appropriate weights 
based on “information scoring” that essentially weights the mod-
els towards the one with the least deviance and the fewest model 
parameters. Using this approach, they have suggested weighting 
factors for several cancers based on the analysis of LSS data by 
Preston et al. (2002b). In their analysis, they show that the opti-
mum weighting for breast cancer risk for the Japanese popula-
tion is the 100%/0% ERR/EAR model, unless the EAR model 
includes the pre/post-menopausal attained age scaling factor 
(i.e., including a model term like γ(a) in Equation 25.1) in which 
case the best fit is the 70/30 ERR/EAR model.

Ideally, we would like to use the risk models determined 
from one population to predict the risk for a different popula-
tion. The populations may have different geo-ethnicity, health, 
genetic, environmental, or age distribution. If the populations 
can be shown to be relatively similar (e.g., similar background 
rates of cancer, similar competing risk factors, or similar cancer 
sub-type distribution), then transport of the ERR (or EAR) model 
might work. However, if the populations are different, then the 
epidemiological models are likely to fail unless significant cor-
rection factors are used. For example, the baseline rates of breast 
cancer in Japanese women in the LSS study are dramatically 

lower than their contemporary western counterparts, and even 
more so when looking at a modern population, say in the US or 
Europe. Preston et al. (2002b) suggest that, if their ERR model 
fitted to the LSS data was to be applied to a US cohort, then the 
ERR should be scaled down by roughly the ratio of the back-
ground rates of the Japanese to US population: 1.8 ERR/Gy (at 
age 50) scaled by the ratio of the background rates at age 50 (0.3) 
to yield 0.5 ERR/Gy, which is reasonably close to the 0.74 ERR/
Gy (95% CI = 0.4–1.2) developed in a pooled model of three 
western cohorts.

Hybrid models may help reduce bias when transporting to a 
new population, or mechanistic models that model cancer growth 
may be more robust in new populations (Bijwaard et al. 2010). 
Regardless of the methodology used in transport to the new pop-
ulation, it pre-supposes that at least some measure of the excess 
risk is known in the new population against which the model can 
be evaluated. Without that knowledge, any transported model 
predictions cannot be expected to be reliable.

25.5 Radiation Risk in Mammography Screening

There are a number of recent studies that have attempted to 
estimate the risk of radiation-induced cancer related to mod-
ern screening mammography exams (Feig and Hendrick 1997; 
Berrington de González and Reeves 2005; Hendrick 2010; Yaffe 
and Mainprize 2011). Most use an epidemiological model of risk 
that calculates proportions of populations that might get cancer, 
may die of the cancer, or die by other means. A few use sophis-
ticated “mechanistic” models that simulate individual cancer 
development and growth. A few studies are described below, 
labelled as HEND, BERR, YAFF, and MIGL (first four letters of 
the first author in each report). Selected cancer incidence and can-
cer mortality risk results for each model are given in Table 25.3.

Hendrick (2010) (HEND) applied a reasonably straightforward 
approach based on the lifetime attributable risk (LAR) tables to 
radiation provided in the BEIR VII report. To determine the 
impact of multiple screens on risk, Hendrick used an average dose 
of 4.3 mGy digital mammography and integrated the LAR inci-
dence and mortality by each screening exam extrapolated from 

TABLE 25.3

Selected Incidence and Mortality Risks Reported by Four Different 
Models for Several Screening Regimen and Radiation Doses per 
100,000 Women

Reference
Screening 

Years

Average 
Glandular 
Dose/Exam 

(mGy)
Number 
of Exams

Incidence
(/100,000)

Mortality
(/100,000)

HEND 40–80 3.7 41  72 20

50–80 3.7 31  31 10

BERR 40–49 4.5 10 – 50

50–59 4.5  4 – 11

60–69 4.5  4 – 4

YAFF 40–49 3.7 10  59 7.6

50–59 3.7 10  26 3.1

MIGL 40–74 4.8 35 125 16

50–74 4.8 25  49 7

40 50 60 70 80
Attained age

0

20

40

60

80

100

120

140

160

180

Ca
nc

er
s/

10
0,

00
0 

w
om

en
-y

ea
r

ERR 40
EAR 40
ERR 50
EAR 50
All cause adj.

FIGURE 25.1 Comparison of excess cancer incidence risk from a single 
exposure at ages 40 and 50 using the ERR and EAR models of Preston et al. 
(2002b) at 1 mGy. No latency period is assumed in these examples. Dotted 
lines indicate rates after reducing cohorts by all-cause mortality at each 
attained age.
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Table 12D-1 and Table 12D-2 in BEIR VII (National Research 
Council 2006). Note that, in the BEIR VII, tables of LAR were 
reduced by a DDREF of 1.5 included in the HEND model.

Berrington de González and Reeves (2005) (BERR) used a 
more sophisticated model based on the ERR model from Preston 
et al. (2002b). For BERR, the mortality was calculated summing 
the expected mortality resulting from a cancer induced at the 
attained age, aj. The “cumulative risk of radiation-induced breast 
cancer mortality,” (CLR) is
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where Rj is the incidence, Mj is the age-specific mortality from 
cancers, and Sj is the all-cause survival to adjust the number of 
women dying due to competing causes. The incidence was calcu-
lated from the Preston ERR model as
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where λj is the background rate at aj, β = 0.74 is the ERR at age 
50, γ = −2 is the attained age risk reduction exponent, and D(k) 
is the screening dose at age k from the start of screening up to 10 
years (the latency period) prior to age aj. The BERR model used 
age-specific mortality rates, an all-cause survival (i.e., dying due 
to non-breast cancer effects) correction, and background breast 
cancer rates for the UK that was reported in years 2001 to 2005. 
They also calculated the expected increase in radiation-induced 
cancer mortality for women with family history of breast can-
cer by adjusting the background incidence and mortality terms, 
based on data from the Collaborative Group on Hormonal Factors 
in Breast Cancer (2001).

Yaffe and Mainprize (2011) (YAFF) used a similar approach to 
the BERR model, but elected to use the Preston EAR (Equation 
25.1) model preferred by BEIR VII, and applied the all-cause 
survival and mortality rates observed in Canada. They did not 
use an age-specific survival, but instead calculated the number 
of women surviving to each year, aj, following a cancer inci-
dent in each previous year, based on the average breast cancer 
survival curve reported by Coldman et al. (2007) for women in 
British Columbia (a province in Canada). See the Supplement in 
Yaffe and Mainprize (2011) for the complete description of the 
calculation.

More recently, Miglioretti et  al. (2016) (MIGL) described a 
twin model incorporating a validated mechanistic tumor growth 
model called the MISCAN-Fadia model, as well as a second 
model similar in principle to that of the YAFF model, but incor-
porating age-specific mortalities extracted from the MISCAN-
Fadia model. The MISCAN-Fadia model simulates the natural 
lifespan of a woman, and uses a continuous growth tumor model 
with a “fatal diameter” acting as a surrogate for the lethality of 
the cancer (i.e., if detected before the tumor achieves the fatal 
diameter, the cancer is curable and, if detected after, then the 
cancer is fatal). The MISCAN-Fadia model shows a good match 
to the Swedish Two Country Screening trial and to US breast 

cancer statistics (Tan et  al. 2006). Like the YAFF model, the 
MIGL models used the Preston EAR model for estimated excess 
radiation risk. The second MIGL model was more complex than 
the YAFF model, in that it allowed for variation of the number of 
views per exam (because of re-takes, “tiling,” and/or uncommon 
views), breast size and breast density, and age-related changes 
in density, as well as incorporating an estimate of extra imaging 
due to recalled exams. In their modeling, the average radiation 
dose was 4.3 mGy for the screening exam alone, which increased 
to an average of 4.8 mGy, when the extra dose included for all 
recalled workup and diagnostic imaging was included. Both of 
the models were consistent in predicting cancer incidence and 
mortality for the average breast dose and were shown to be rea-
sonably consistent with HEND and YAFF models. The second 
model showed that, because of variability in radiation dose 
due to breast size, density, and extra views, a small percentage 
of women (<5%) received doses of 21 mGy compared to the 
4.8 mGy average. The LAR predicted for an annual screening 
program was six per 100,000 women for an annual screening 
program between ages 50 and 74 for women with small breasts 
compared to 14 per 100,000 for women with large breasts, and 
as high as 25 per 100,000 for women in the 95th percentile of the 
large breast group.

Because of the differences in the approaches from each of 
these four studies and different choices made in comparing the 
screening regimen, it is somewhat difficult to compare the results 
in a straightforward manner (Table 25.3). To facilitate this here, 
the approaches of the first three studies are re-calculated, match-
ing the algorithms as closely as possible to the original refer-
ences, at a standardized breast dose of 1 mGy per exam. The 
radiation-induced cancer incidence and mortality are tabulated 
in Tables 25.4 and 25.5 for annual and biennial screening, either 
from ages 40 or 50 to age 74. For the MIGL study, the data were 
already presented for these screening regimens, and are simply 
rescaled to 1 mGy for the average woman.

Three of the studies that used the Preston EAR model present 
remarkably similar incidence rates, despite different methodolo-
gies. Mortalities for the YAFF and MIGL models are much lower 
than HEND, because HEND used the total population mortality 
rate (a mix of screened and unscreened women), and the YAFF 
and MIGL models both used survival data for screened popula-
tions. The BERR model shows much higher incidence and mor-
tality rates (∼2.5× and 3.3×, respectively). This is primarily due 
to the discrepancy seen between the Preston ERR model and the 
Preston EAR model over the age ranges of interest, and a sec-
ondary effect due to the greater mortality rate used in the BERR 
model, reflecting statistics seen in the UK over the study period.

It should be noted that the uncertainties in a radiation risk 
model are large. In Table 25.2, the 95% confidence intervals are 
provided for each parameter of the EAR (Equation 25.1). Ideally, 
to estimate the uncertainties on the final risk model, these 
uncertainties could be propagated through the complete model. 
However, Equation 25.1 is non-linear, and the cross-correlations 
of the terms are not stated in Preston et al. (2002b). To create a 
conservative estimate of uncertainty, the parameters for the EAR 
in the YAFF model were sequentially changed for their lower 
and upper bounds and the minimum and maximum risk (inci-
dence or mortality) were recorded for each screening strategy. 
These “extreme bounds” (EB) are listed in Tables 25.4 and 25.5 
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for the YAFF model, in brackets, and should not be confused 
with the true 95% confidence interval for incidence and mortal-
ity. In reality, the true confidence interval is likely much narrower 
than the bounds listed. Nevertheless, these extreme bounds show 
the remarkable range of risk estimates that range roughly 0.25× 
to 4× the mean estimate of the risk model. Preston et al. (2002b) 
suggest a smaller uncertainty on the EAR model of 40%. The 
MIGL model is largely a mechanistic model, and a more com-
plete uncertainty analysis can be performed because the variabil-
ities of the biological, epidemiological, and screening parameters 
for the MISCAN-Fadia cancer growth model were evaluated. 
They demonstrate approximately 40% to 50% variability in risk 
estimates. It is unclear if MIGL incorporated the uncertainty of 
the Preston EAR model as well.

25.5.1 Benefit and Risk of Mammography

No risk analysis for a medical test is complete without assess-
ing the benefits of that exam. Screening mammography has been 
shown to reduce mortality and morbidity by earlier detection of 

breast cancer. Finding cancers earlier allows for treatments that 
are more localized, and with fewer side-effects than for treat-
ments for late stage cancers. The mortality reduction has been 
observed to be between 10% and 40% (Blanks et  al. 2000; 
Humphrey et al. 2002; Tabar et al. 2003; Coldman et al. 2007), 
with many studies having at least 10 years, and some with more 
than 20 years of follow-up.

Breast cancer is very common, with roughly a 1:10 risk of 
developing breast cancer for women in developed nations, or 
approximately 10,000 (fewer if all-cause survival corrections are 
included) women from a group of 100,000 women could develop 
cancer in their lifetime. In Yaffe and Mainprize (2011), it was 
estimated that the number of background breast cancers devel-
oping over a screening period of 40 to 74 years of age was 8175 
(out of 100,000 women) for a Canadian population, and that 2070 
women would die of the disease.

If a woman dies prematurely due to cancer, the number of 
years of life lost can be estimated by comparing the age of death 
to the expected age of death for that woman. Yaffe and Mainprize 
(2011) estimated for the 2070 premature deaths, 44,470 years of 

TABLE 25.4

Lifetime Cancer Incidence Due to Radiation Dose of 1 mGy per Screening Exam for a Cohort of 100,000 Women Using the Four Model 
Approaches for Biennial (B) or Annual (A) Screening, Starting at Age 40 or 50

Screening Years Number of Exams HENDa BERR YAFF MIGL

40–74 B 18 14 34 (243%) 14 (100%) [3.5–52 EB] –

50–74 B 13 6.1 16 (262%) 5.4 (89%) [1–25 EB] 5.6 (92%)

40–74 A 35 28 65 (232%) 26 (93%) [7–100 EB] 26 (93%)

50–74 A 25 12 31 (258%) 10 (83%) [2–48 EB] 10 (83%)

a The DDREF = 1.5 reduction used in HEND was removed for comparison.Values in parentheses represent the scale in percentage relative to the HEND 
model. The YAFF column also includes the extreme bounding range (EB) of incidence in brackets, calculated by testing the 95% confidence intervals for 
each parameter in the Preston EAR model.

TABLE 25.5

Mortality Due to Radiation-Induced Cancer for Dose of 1 mGy per Screening Exam for Biennial (B) or annual (A) Screening Starting at 
Age 40 or 50 for a Cohort of 100,000 Women

Screening Years Number of Exams HENDa BERR YAFF MIGL

40–74 B 18 3.9 13 (333%) 1.6 (41%) [0.5–5.7 EB] 2.5 (64%)

50–74 B 13 1.8 6 (350%) 0.6 (33%) [0.1–2.6 EB] 0.8 (46%)

40–74 A 35 7.5 24 (333%) 3.1 (41%) [0.8–11 EB] 3.3 (44%)

50–74 A 25 3.4 12 (353%) 1.1 (32%) [0.2–4.8 EB] 1.5 (44%)

a DDREF = 1.5 reduction removed for comparison.

TABLE 25.6

Benefits and Risks of Two Screening Regimen for the YAFF and MIGL Models in Terms of Lives Saved and Lost (Number of Women) 
and Life Years Saved and Lost (In Women-Years, WY).

Model Screening Years Lives Saved Lives Lost Benefit:Risk WY Saved WY Lost Benefit:Risk (Life Years)

YAFF 40–74 497 11.6 43:1 10,673 145  74:1

YAFF 50–74 416 4.1 102:1 7957  40 199:1

MIGL 40–74 968 15  59:1 – – –

MIGL 50–74 819 6 123:1 – – –

Source: Adapted from Tan, S.Y.G.L. et al. 2006. JNCI Monographs 2006:56–65.
Note: In the YAFF model, a 24% reduction in mortality due to screening was used for a cohort of 100,000 women at the beginning of screening for an average 

dose of 3.7 mGy. The MIGL model has approximately a 15% mortality reduction for screening and average dose of 4.8 mGy.
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life would be lost for women with cancer developing between 
ages 40 and 74. If screening mammography has a mortality 
reduction of 24% (Coldman et  al. 2007), Yaffe and Mainprize 
(2011) estimated 497 lives would be saved, and 10,670 years of 
life would be saved.

The benefit to risk for women saved by screening versus 
women lost to radiation-induced cancer and the years of life 
saved are summarized in Table 25.6 for the YAFF model. The 
benefit-to-risk ratios for annual screening from ages 40 or 50 to 
age 74 are largely in favor of screening, despite radiation risk. It 
is noted that earlier screening reduces the benefit-to-risk ratio by 
more than a factor of 2, but increases the net number of women 
saved by ∼70 (18% increase in net lives saved). Also shown are 
the lives saved and lost from the MIGL model, which had higher 
background incidence rates, better cancer survival rates (10%–
19% mortality), a more sophisticated mammography screening 
sensitivity model, and higher radiation doses, but showed similar 
trends to the YAFF model for the average woman.

Miglioretti et al. (2016) identified sub-groups of women who 
received notably more radiation than the average woman. For 
example, they calculate that the benefit to risk for women with 
large breasts may drop to as low as 28 (95% CI = 20–40) deaths 
averted for every radiation-induced cancer death for annual 
screening from ages 40 to 74. Identifying groups like this can 
help inform strategies for reducing risk and for monitoring pos-
sibly unnecessary radiation doses.

Note, however, Miglioretti et  al. (2016) appear to have 
assumed the same benefit (breast cancer deaths averted by 
screening strategy) and underlying radiation risk (based on the 
EAR model) for all sub-groups. Ideally, calculating the benefit 
and risks to a specific sub-group of women should be adjusted 
to account for the differences in that population compared to the 
average population. As a theoretical example, suppose a study 
was performed to estimate the benefit-to-risk ratio for women 
with dense breasts. These women are known to be at increased 
risk of developing breast cancer (i.e., increased background rate 
over the average population), but mammography is less sensi-
tive for dense breasts. Combining just these two effects yields a 
different benefit than the average population. Following the rea-
soning of Miglioretti et al. (2016), it is likely that these women 
may be subject to more recall imaging than the average popu-
lation, and that will yield an increased radiation risk. Finally, 
and perhaps more fundamentally, can excess risk models be suc-
cessfully transported from the average population to the dense 
breast population? Until such risk estimates can be observed for 
a particular sub-group (either extracted from an existing risk 
cohort or in new cohorts), risk estimation for these sub-groups 
should always be considered to be approximations with weak 
statistical certainty.

25.5.2 Recent Radiation Dose Trends

The radiation risk estimates in the above models largely rely on 
established data prior to 2005. Certainly, the results of the Digital 
Mammography Imaging Screening Trial (DMIST) (Pisano et al. 
2005) were used for doses in three of the studies, and two of 
those studies used the extra view information reported in that 
study. DMIST was conducted on a number of prototype digital 
mammography machines that were very quickly replaced with 

more robust systems, better quality detectors, and, importantly, 
larger detectors, reducing the need for additional views.

In DMIST, nearly 20% of women imaged required extra 
views, yielding a mean glandular dose of 4.3 mGy (2.2–8.3 mGy 
for 5%/95% percentile). As digital mammography has matured, 
there has been a reasonably steady drop in exam doses in modern 
digital mammography. Young and Oduko (2016) analyzed data 
from 99 breast screening centers in the UK for 2010 to 2012, and 
found that only 2% of a two-view screening mammography exam 
resulted in extra views (1.4%). The average patient dose fell to 
3.03 mGy, compared to 4.3 mGy for film mammography, in 2001 
to 2002. A small group of women received larger doses (gener-
ally related to larger compressed breast thicknesses > 90 mm). 
This corresponds to ∼1.8% of women who received ∼4.95 mGy 
per examination, with 0.05% of women receiving a maximum 
dose of greater than 9.8 mGy per examination.

It appears that doses have dropped significantly since the intro-
duction of digital mammography, and the risks estimated in the 
literature should be adjusted accordingly for women currently 
being screened. Improvements in technology (larger detectors), 
quality control, and training have reduced the need for extra 
views, and risks for new screening women will likely be lower 
than reported by Miglioretti et  al. (2016), even for individuals 
who are prone to additional views and recall imaging.

25.6 Radiation Risk in Tomosynthesis

Digital breast tomosynthesis (DBT) (Chapter 20) has been pro-
posed as an alternative to digital mammography that reduces the 
impact of tissue superposition by imaging the breast at different 
angles and reconstructing a series of planes through the breast.

One study suggested that two-view DBT has better diagnostic 
accuracy than two-view mammography and that one view DBT 
(mediolateral oblique (MLO) only) is not significantly differ-
ent than two-view mammography (Wallis et al. 2012). Another 
small study demonstrated that one view DBT (MLO) + one 
view mammography (craniocaudal, CC) had a better detection 
rate and non-inferior malignant lesion characterization than two-
view mammography (Gennaro et al. 2013). In a comparison of 
DBT, CC, and MLO views, it was found that 8% of lesions were 
only detectable on the CC view. A study by Rafferty et al. (2014) 
showed that that the addition of 1- or 2-view DBT to 2-view 
mammography improved detection and reduced the recall rate.

Bouwman et al. (2015a) examined the doses to phantoms and 
patients from DBT and mammography views for five systems. 
The doses delivered were system specific. For example, System 
I delivered 2.29 and 2.28 mGy in DM and DBT, respectively, 
for compressed breast thicknesses of 50 to 59 mm. A summary 
of doses is provided in Table 25.7. Assuming equal use of all 
five systems, the average dose to a 50 to 59 mm breast would 
be roughly 1.5 mGy for DM and 1.9 mGy for DBT. Please see 
Chapter 29 for more detail on radiation doses in DM and DBT.

From these studies, there are several possible screening regi-
mens that could, therefore, be used. The combinations of one- and 
two-view DBT, with or without mammography views, are sum-
marized in Table 25.8. Here, the dose for MLO and CC views were 
assumed to be the same, and the radiation doses from each view 
can be simply summed to estimate the total dose to the breast.
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As radiation risk is generally assumed to be linear, DBT 
screening can potentially change radiation risk by a factor of 0.63 
to 2.27 depending on the number of views that become acceptable 
for a screening exam. Because the addition of a mammographic 
view is seen to increase the risk, synthesized mammograms 
extracted from the DBT dataset are being considered as an alter-
native. Although image quality is inferior to a real mammogram 
(Nelson et al. 2016), the results for diagnostic accuracy with a 
synthesized mammogram are promising (Gilbert et  al. 2015). 
If the additional mammography views can be eliminated, then 
DBT screening radiation doses drop to a factor of 0.63 to 1.27 of 
that of a two-view mammography exam.

25.7 Summary

X-rays are ionizing radiation that carries a health risk. For 
medical imaging, the principle health risks are primarily radi-
ation-induced cancers which manifest 5 to 15 years after an 
exposure event. At low radiation doses, the best evidence to 
date is that there is an elevated risk, and that risk is linear with 
the radiation dose. Great effort has been applied to develop 
models, based on several cohorts of women exposed to various 
levels and types of radiation to help predict radiation risk in 
other populations. Care must be taken when applying epide-
miological models from one group to another group if there 
are believed to be differences in radiation sensitivity that have 
not been accounted for in the original models. Nevertheless, 
several groups have attempted to estimate the benefits and risks 
for screening mammography.

Digital mammography is an evolving platform that has gener-
ally seen a drop in average dose per exam from 4.3 mGy in 2002 

to about 3 mGy in 2012, although these doses vary by system 
and by jurisdiction. From various models, the risk for screen-
ing from age 40 to 74 (if the LNT proposal is assumed) is esti-
mated at approximately 2 to 13 additional deaths per 100,000 
women per mGy for biennial screening, and twice that for 
annual screening. Changing the screening age to 50 drops the 
risk of radiation-induced cancer death to approximately 0.5 to 6 
per 100,000 per mGy. This is compared to an expected benefit 
of 400 to 800 deaths averted by screening mammography and 
early treatment. Models suggest that screening beginning at age 
40 will have an additional 18% cancer deaths averted. These 
values are for the average woman, and sub-categories of women 
(e.g., those with large breasts) may receive significantly higher 
radiation doses and corresponding radiation risk. Furthermore, 
women who have a genetic mutation for breast cancer may be at 
significantly elevated risk (e.g., young women who are BRCA1/2 
carriers) compared to the average population. More work is 
needed to identify and predict risks (and benefits) in these sub-
groups of women.

Breast tomosynthesis may increase the radiation risk if it is 
determined that additional 2D mammographic views are neces-
sary. However, if synthesized mammograms provide sufficient 
information, then radiation doses may be roughly the same as 
screening mammography or drop further still.
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26.1 Introduction

This chapter introduces the clinical radiographic units that the 
reader might find in the hospital. It takes a practical and descrip-
tive approach to identifying clinical and radiographic units and 
their purpose. X-ray tubes have been described elsewhere in 
this book, the other essential equipment of the X-ray room is 
described here. This includes X-ray tables, C-arm tables, X-ray 
stands, grids, cassettes, AECs, patient positioning and protection 
devices, as well as mobile and portable equipment.

26.2 Fixed X-ray Units

X-ray rooms are configured as per their clinical requirements. 
Each X-ray room is designed with its most common usage in 
mind. The types of equipment in each of these rooms varies 
considerably, depending on the usage. Some disambiguation is 
useful at this point, as multiple terms are used as synonyms for 
an X-ray table. The professional who oversees the X-ray room 
is referred to as a medical radiologic technologist (MRT), a 
radiographer, or a radiologic technologist (RT). The multiple 
terms used for the professional working with X-rays reflects the 
various cultures within radiology worldwide. Associated with 
these cultures are often different nomenclature. Multiple terms 
are also used synonymously for an X-ray table. The X-ray table, 
which has a horizontal position, might be referred to as a “bed,” 
“couch,” “the Bucky table,” and possibly other terms. The X-ray 
stand, which is vertical, is often referred to as an “erect bucky,” 
“X-ray stand,” “the board,” and other various terms.

26.2.1 General Fixed X-ray Units

Patients attending the general X-ray department are non-emer-
gency patients. They have been referred to the general X-ray 
department for imaging by either a general practitioner, a clinic 
within the hospital, or another general referrer. As the name sug-
gests, general X-ray departments need to be prepared for a wide 
range of clinical examinations and patient presentations. Thus, it 
is common to find that the X-ray room in a general department is 
configured for maximum flexibility and adaptability.

The most common configuration combines a horizontal X-ray 
table with a vertical X-ray stand, or erect bucky, in the same 
room. The X-ray table is used for patients lying in the supine 
and prone positions, as well as for sitting the patient at the table 
side. The vertical X-ray stand is used for patients that can stand, 
or for patients sitting in a wheelchair. As i shown in Figure 26.1, 
the center of the X-ray table and X-ray stand are often aligned, 
this makes it simpler to adjust the X-ray tube so that it is centered 
to the middle of the table, or the middle of the erect stand, while 
still being locked to the same central axis.

26.2.2 X-ray Table

Every X-ray examination requires some sort of patient support 
device. This might be an erect X-ray stand also called the erect 
bucky, a small support for a specific organ like a breast, or an 
X-ray table.

X-ray tables come in a wide variety of shapes, types, and styles. 
The standard table is approximately 75 cm wide and 225 cm long. 
It must be strong enough to support increasingly heavy patients 
that have a low X-ray attenuation. X-ray tables need to be easy 
to disinfect, and relatively scratch resistant. Commonly the sides 
of the X-ray table are supported by metal side rails to increase 
the strength. These railings also provide an attachment point for 
positioning accessories, such as patient compression devices, or 
vertical cassette holders.

The X-ray table is also sometimes referred to as an X-ray couch 
or bed. It can have a flat or curved surface (flat is more common), 
fixed or floating (floating more common), and may have adjust-
able height. Although curved tables reduce the object to image 
distance, they create difficulties when horizontal X-ray beams 
are needed, as the patient’s anatomy will be superimposed on the 
sides of the X-ray table.

The surface of the table or erect stand must be made of a 
material that is of uniform thickness to avoid artefacts, and be 
as radiolucent as possible, to reduce dose. Early X-ray tables 
were made from wood, later from plastic, but modern tables are 
often made of carbon fiber, which is strong and highly radiolu-
cent (Dance et al. 1997) and “at 80 kVp the use of carbon fiber 
materials enables the patient dose to be reduced by 30%–50%, 
depending on the existing equipment, type of examination, and 
technique used. Typically, the dose can be reduced by 3%–15% 
by changing the table top, 6%–12% by changing the front of the 
film cassette, and 20%–30% by using a grid with carbon fiber 
covers and fiber interspace” (Hufton and Russell 1986; Brennan 
and Hourihan 1998).

FIGURE 26.1 An X-ray room showing a horizontal X-ray table aligned 
with an erect X-ray stand.
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The X-ray table needs to be positioned within the X-ray room, 
such that it allows access to the patient by the radiographer. 
There should be sufficient room for the top of the table to be 
moved to its maximum extent and still enable the radiographer to 
walk around the table. Fixed X-ray tables are increasingly rare. 
They have ergonomic and health and safety disadvantages, as 
well as being difficult for the patient to access. A fixed table does 
not allow height to be adjusted; thus, the patient will need to be 
assisted in getting on top of the table, nor does it allow the patient 
to be moved easily when they are lying down. Thus, it is unlikely 
that the reader will come across fixed X-ray tables.

The X-ray table in Figure 26.1 has pedals incorporated at its 
base. The outermost pedals are both to disengage the electromag-
netic locks on the table top. Depressing either of these pedals will 
turn off the locks on the table top and allow it to float. The function 
of this is to allow patients, whether heavy or light, to be moved eas-
ily on the table without physical exertion by the operator. The float-
ing table top allows the radiographer to position patients smoothly 
and quickly while minimizing the amount of movement the patient 
needs to complete. The floating table top, however, does increase 
the object to image distance, thus increasing magnification in the 
image, also the locks on the table have a risk of failing, and there is 
the potential for misalignment between the X-ray beam and image 
receptor device. The increased object to image distance can be 
compensated for by increasing the source to image distance.

Floating table tops are designed to make movement of the patient 
light and easy, this is achieved by means of moving the table on top 
of round steel bearings. Increasingly, imaging the obese patient is 
a concern, and typically table weight limits have been increasing. 
The General Electric Lightspeed VCT for example, has a weight 
limit of 227 kg, which is 500 lb. and the Toshiba aquillon ONE 
has a weight limit of 300 kg, which is 661 lb. However, “the size 
of the patient and the anatomical region to be imaged (such as the 
abdominal and pelvic regions) have been found to be more impor-
tant than weight or BMI alone in determining when protocols and 
techniques need to be adjusted. The radiographic image quality 
of obese patients is mainly compromised by an inadequate signal 
to noise ratio, due to additional radiation scatter caused by the 
thicker layer of adipose tissue” (Le et al. 2015).

The radiographer will use the floating table top to move the 
patient into the correct position under the X-ray tube. The two 
central pedals allow the radiographer to increase or decrease 
the table height. These pedals enable the operator to change the 
height of the table and make it suitable for the patient and opera-
tor. Commonly, before the patient enters the room, the radiogra-
pher will lower the table to its lowest extent, thus allowing easy 
access to the table for the patient.

Generally speaking, the table base can be categorized into 
three different types: the horizontal table, alternative X-ray table 
types, and the tilting table. For the horizontal table, a simple base 
such as that shown in Figure 26.1 can be used. For most gen-
eral and accident and emergency work this type of table suffices. 
Generally, there are three broad types of X-ray examinations that 
are carried out on the X-ray table. The first is with the patient 
lying on the table, either in the supine or prone position. The 
types of X-ray examinations carried out in this position include 
skull, spine, abdomen, pelvis, and femur. The second is when the 
patient is sitting on the X-ray table. This is normally the position 
for examinations of the lower limb from the toes to the knee. The 

third is with the patient sitting beside the X-ray table. This is gen-
erally for extremity examinations from the finger to the elbow. A 
chair is placed parallel to the edge of the X-ray table, the patient 
is seated with the arm resting on the table top, then the table is 
raised so that their shoulder, elbow, and wrist and at the same 
height. However, X-ray examinations of the axial shoulder also 
take place with the patient sitting beside the X-ray table.

26.2.2.1 Alternative X-ray Tables

X-ray tables can also be mobile, as with the GE Revolution DR 
pictured in Figure 26.2. This is not fixed to a point on the floor, 
and can be wheeled into position between the X-ray tube and the 
detector. This type of X-ray table does not come with an integrated 
cassette holder, or grid, rather it is to be used with an image recep-
tor device that has detector, grid, and automatic exposure device 
integrated within it. This style of table can be moved out of the 
way when not in use, thus increasing the flexibility of the X-ray 
room, and allowing a single X-ray detector to be used for multiple 
purposes. The economic cost of integrated single flat panel detec-
tors that incorporate the detector, grid, and AEC means that it can 
be very expensive to have two detectors in one room. Having one 
detector and using it both as an erect X-ray stand and as a horizon-
tal table detector reduces the cost of the room by almost half. The 
single detector can be moved into the erect position for chest X-rays 
in the horizontal position and combined with the X-ray table when 
imaging patients in the supine or prone position. This style of table 
also comes with the option of connecting the table to a pivot point 
on the floor, so that the X-ray table can be swung into and out of 
position quickly. This style of table can be used in combination 
with a direct X-ray stand that can be moved into the horizontal 
position, as well as a “U-arm” X-ray configuration (discussed later).

Some X-ray systems, such as the Siemens Aristos FX, have 
automatic positioning of the X-ray tube and X-ray detector around 
the X-ray table. In these configurations, the patient lies flat on the 
X-ray table, and the X-ray tube and detector are aligned appro-
priately for each image once an examination has been selected 
by an operator. To enable this, both the detector and the X-ray 
tube are ceiling suspended and telescopic, while the X-ray table 
has a small base from which a long carbon fiber cable extends. 
Once the operator has selected an examination from the control 
panel, automatic movements begin. It is important that the patient 
is either lying on the X-ray table, and is not in the room during the 
movement of the equipment. Although all equipment has auto-
matic collision sensors, the risk of collision is one worth avoiding.

26.2.2.1.1 Tilting Tables

The tilting table is primarily used for fluoroscopy. Some X-ray 
units combine fluoroscopy and radiography (R/F). The benefit 
of this type of room is that a fluoroscopic procedure can quickly 
be followed up with a radiographic procedure. It is common to 
take radiographic images of the patient in both lateral decubitus 
positions using the radiographic system after the dynamic fluo-
roscopic examination has finished. In these configurations, there 
are two X-ray tubes; one under the X-ray table attached to the 
image intensifier, and one separate from the X-ray table, ceiling 
suspended on a telescopic column. For the purposes of radiation 
protection, the X-ray tube is underneath the table, and the image 
intensifier is above the table.
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This configuration creates a scattered profile that is beneficial 
to the operator. This configuration is also used in some countries 
to check the patient’s position fluoroscopically before a projec-
tion X-ray radiograph is taken. Although this technique is not 
recommended from a radiation protection perspective, it does 
have the consequence of reducing the number of repeats due to 
the position. The accepted best practice is for the radiographer 
to use their positioning skills experience and training to ensure 
the patient is in the correct position, and then expose them once. 
When fluoroscopy is used, the dose can be minimized by the 
following steps:

• The patient should be positioned as close as possible to 
the image intensifier.

• The X-ray tube should be as far away as possible from 
the patient table to avoid excessive skin dose.

• The lowest frame rate acceptable and last-image-hold 
facility should be used.

• Some centers prefer to set a “floor” (a kVp) below which 
the system will not go, such as 70 kVp for pediatric 
patients, and 80 kVp for adults.

• Additional copper filtration also reduces patient dose 
(Justino 2006).

For X-ray tables to be used for both fluoroscopy and radiog-
raphy, the X-ray table must also be able to tilt to at least 30° 
for the head down and 90° for the feet down. This range of 

movement is adequate for examinations of the gastrointestinal 
tract. Table  tilting is driven by an electrical motor in the base of 
the bed, these often restrict lowering of the table; therefore, steps 
may be needed to allow the patient to access the table top. The 
operator can control the tilting of the table either remotely, or at 
the bedside. As there are frequently two X-ray tubes in this style 
of room, collision sensors are incorporated to ensure that the tilt-
ing table does not collide with the X-ray tube. When an X-ray 
table tilts during fluoroscopic examination, the image intensifier 
and the X-ray tube move along with the table.

These tables frequently incorporate extra stabilization devices 
such as foot rests at the bottom of the bed, “bucky bands,” and 
compression paddles. A bucky band is an immobilization and 
compression device, it is used for patients to help compress their 
abdomen and, thus, reduce the amount of extra exposure needed 
to penetrate this thick part of the body. A compression paddle 
is used for location-specific compression, and to compress the 
loops of the bowel to separate them during a barium enema or 
barium meal. It is also common to see extra radiation protec-
tion in the form of lead number attached to the image intensi-
fier for  reducing the amount of scatter reaching the operator 
(Figure 26.3)

26.2.3 The Erect X-ray Stand

The erect X-ray stand (also called the vertical bucky, or the chest 
stand) is normally floor mounted and attached to a column, 
so that it can be adjusted in the vertical direction to change its 

FIGURE 26.2 A mobile X-ray table that can be used with image receptor devices that have integrated grid, detector, and AEC. The detector is that of the 
GE revolution system. (Image, authors own.)
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height. Normally, the erect X-ray stand will have a chin rest on 
top and is positioned vertically as its most common use is for tak-
ing chest X-rays (Figure 26.4). However, it can also be adjusted 
so that the stand goes into the horizontal position (Figure 26.5). 
A cassette holder can also be attached to the face of the erect 
X-ray stand, to enable chest X-rays to be taken without the use 
of a grid.

The typical examinations that take place against the X-ray 
stand are those that require the patient to be erect. Most com-
monly, a PA chest examination takes place against the erect 
X-ray stand. Also, the examinations of the skull, facial bones, 
and sinuses take place against the erect stand, with the patient sit-
ting facing towards the X-ray detector. Other direct examinations 
include X-rays of the shoulder, clavicle, ribs, or cervical spine.

26.2.4 U-Arm Tables

Another configuration of X-ray table and tube is the “u-arm” 
configuration. In this configuration, the X-ray tube is connected 
to the detector via a rigid metal connector, often configured in 
a U shape or C shape. The entire X-ray tube and detector u-arm 
can either be column suspended attached to the floor, or ceil-
ing suspended. Thus, as the tube position is moved, it remains 
centered to the X-ray detector. This configuration has benefits, 
particularly for accident and emergency imaging. The operator 
does not have to be concerned with positioning the detector, no 

positioning aids are required for stabilization or positioning of 
the cassette, no grid cutoff can occur as the X-ray tube and detec-
tor are at 90° to each other, and there is always a fixed source to 
image distance. This configuration means that, when a patient is 
lying supine on an emergency trolley, the X-ray tube and detec-
tor can be moved around them, meaning that the patient does not 
have to adjust their position; rather, rotation can be achieved by 
moving the X-ray tube and detector combination (Figure 26.6).

26.2.5 The Sub-Frame

Underneath the table top and above the table base is a struc-
ture called the sub-frame. The sub-frame provides a space for 
the equipment used to record the image. This image recording 
equipment moves along the sub-frame in a wheeled carriage 
device. The sub-frame should allow the movement of the car-
riage along the length of the table base. The carriage contains a 
combination of devices often referred to as “the bucky.”

The term “bucky” is a historical term referring to a German 
radiologist named Gustav Bucky who, in 1915, patented a 
“Method of and apparatus for projecting Röntgen images” 
(Bucky 1915). His method used lead strips for blocking most 
of the scattered radiation from reaching the detector. This 
grid of lead strips improved the quality of medical X-rays by 
reducing the amount of scatter that reached the detector, and 
his device is more correctly referred to as an anti-scatter grid. 

FIGURE 26.3 Radiography and fluoroscopy (R/F) room. As can be seen in the image there is an erect X-ray stand, a horizontal X-ray table with incorpo-
rated bucky, as well as an above table image intensifier. Sheets of lead rubber can be seen hanging from the image intensifier, these protect the operator from 
scatter during fluoroscopy. Underneath the table is a second X-ray tube, which is used during fluoroscopy.
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However, the term bucky is used colloquially to refer to the 
grid, along with the cassette holder and the AEC, together as 
one. Although this is an incorrect term, it is still one that pre-
dominates. Each one of these devices is described individu-
ally below. Ii is important to understand that, in the modern 
digital era, the cassette holder and cassette have been replaced, 
in some instances, by direct digital devices. However, the use 
of grids is still essential and cassette-based image receptors, 
whether computed radiography, film-screen radiography, or 
direct digital cassettes, are still relatively common and, there-
fore, worth describing.

26.2.6 The Grid

X-rays passing through matter are either attenuated, scattered, or 
transmitted (Fosbinder and Orth 2011). The transmitted radiation 
is the primary radiation, and this contains the information about 
the patient’s anatomy. Scattered radiation degrades the contrast 
in the image, as its angular direction from the point of scatter is 
widely distributed around 360°. As the source of the scattered 
photon is not geometrically related to the position within the ana-
tomical image, the information from scattered photons in radi-
ography is useless and creates a reduction in contrast. Scattered 
radiation (S) reduces the subject contrast (C), giving the final 
contrast with scatter (Cs). Where ΔD is the difference in the tar-
get intensity and the background intensity, measured by taking 

a profile through the object, and D1 is the background intensity 
(Bushong 2013):
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Scatter can be reduced in many ways. Tighter collimation 
reduces scatter and reduces patient dose, using beam restrictors 
such as lead cylinders, and lead diaphragms in the light beam 
diaphragm can help to restrict the beam. More commonly, the 
adjustable collimator in the light beam diaphragm is used to 
restrict the beam to its smallest size (Martin 2007). Reducing the 
patient thickness through compression can also reduce scatter. 
Some manufacturers designed systems with an option for auto-
matic collimation to the image receptor. This means that the col-
limation of the X-ray beam can never be larger than the image 
plate or image receptor placed within the cassette holder. This 
ensures that the X-ray beam never extends beyond the area of 
the useful image. An alternative to automatic beam collimation 
is for the radiographer to collimate to the detector size before the 
detector is placed underneath the table, and then either not adjust 
the collimation or make it smaller, as appropriate.

Compression of the abdomen is commonly used during fluoro-
scopic examinations and intravenous urograms (IVU), and using 
prone positioning (posteroanterior) during abdominal X-rays, 

FIGURE 26.4 A typical configuration for a chest X-ray using the erect 
X-ray stand, with the X-ray tube directed to its center at 180 cm. The detec-
tor is of the Carestream DRX cassette-based, wireless, direct radiography 
revolution system. (Image, authors own.)

FIGURE 26.5 The erect X-ray stand, configured in the horizontal posi-
tion. In this configuration, it may be used for imaging of the upper limb. The 
patient can be seated alongside with the hand on the surface. The pedals for 
adjusting the height of the detector are shown on the ground. The detector 
is of the GE revolution large flat panel DR system. (Image, authors own.)
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lumbar spine X-rays, and pelvic X-rays (Brennan and Madigan 
2000; Chaparian et al. 2014). Reducing the kilovoltage peak of 
the X-ray beam reduces scatter, and the radiographer should use 
the lowest kVp to minimize scatter (Wrigley and Borak 1983). 
As scatter control grid will be needed at energy above 70 kVp. 
At 70 kVp, 60% of the photon interactions with the patient will 
be photoelectric, and 40% will be Compton. Above this, the bal-
ance of photoelectric effect interactions drops to 46% at 80 kVp 
(Bushong 2013). Thus, there is a significant loss of contrast, and a 
further reduction of contrast from scattering will make the image 
usable.

However, probably the most important way of reducing scat-
ter radiation to the image is through the use of a radiographic 
grid. A grid is placed in front of the detector to prevent scattered 
X-rays from reaching the detector and affecting the subsequent 
image. As scattered X-rays do not travel parallel to the primary 
X-ray beam, they do not contribute to the useful image, produc-
ing a “fog” of non-useful information across the top of the image. 
By removing these scattered X-rays from the image, the contrast 
in the image is increased. However, some of the primary X-ray 
beam is also absorbed by the grid, thus the amount of radia-
tion emitting from the X-ray tube through the patient should be 
increased. The increase in the amount of radiation with the grid 
as compared to without the grid is referred to as the bucky factor.

Grids are composed of fine lines of attenuating material (such 
as lead) interspersed with non-attenuating materials (such as 
plastic, paper, fiber, or aluminum). The purpose of the non-atten-
uating material is to allow the transmission of X-ray photons, 
and to preserve the distance between the fine lines of attenuating 
material. The non-attenuating material provides structure and 
support for the fine lines of lead within the grid. The choice of 
non-attenuating material will affect the quality and longevity of 
the grid. Aluminum provides greater accuracy of the interspace 
distance, and has the advantage of not absorbing moisture fluid 
when wet. Thus, aluminum grids are easier to manufacture, and 
would last longer in the X-ray department without warping due 
to moisture. However, aluminum also absorbs 20% more radia-
tion than plastic or fiber and, thus, requires a higher dose to the 
patient.

The percentage of X-ray absorption (%A) can be calculated by 
dividing the width of the attenuating material (Wa) by the width 
of the attenuating material (Wa) plus the width of the non-attenu-
ating materials (Wn) multiplied by 100. If the absorbent material 
was 50 µm wide, and the interspace material was 200 µm wide, 
the absorption by the grid would be 20%. Therefore, 1/5 of the 
X-ray beam entering the grid will be absorbed by it. The differ-
ence between the X-ray exposure needed for the same patient 
with and without the grid would be a 20% difference:

FIGURE 26.6 An Agfa DX-D 300 column suspended U-arm system utilizing. In this configuration, the X-ray tube is permanently centered to the detector. 
(Image, authors own.)
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A measure that considers both of the materials used in the 
construction of the grid and the percentage absorption is the 
bucky factor. This is a measure of the impact of using the grid on 
the patient dose. The bucky factor is calculated by dividing the 
patient dose with the grid by the patient dose without the grid. 
Higher grid ratios increase the bucky factor, as does increasing 
kilovoltage peak (kVp). As kVp increases the amount of scat-
ter produced, increases in the amount of radiation reaching the 
detector decreases; therefore, to maintain the same image qual-
ity, the radiographer must increase the amount of radiation pro-
duced by the X-ray tube. Typically, grids can increase the dose 
to the patient by 2- to 6-times. The highest bucky factor, 6, will 
be achieved with a grid ratio of 16:1, and 120 kVp, while the low-
est, 2, will be achieved with a grid ratio of 5:1 and 70 kVp. The 
radiographer can choose to increase the dose when using a grid 
by either increasing the mAs or kVp. Typically, for a 5:1 grid the 
mAs increases by ×2 or the kVp by ×10. For a 16:1 grid the mAs 
can in increased by ×6 or the kVp by 40 kVp.

Another important aspect of a grid is its ratio. Grid ratio (GR) 
is the height of the absorbent material (Ha), divided by the width 
of the non-absorbent material. For example, a 2 mm grid height 
and a distance between the strips of absorbent material of 0.4 mm 
(Wn) would result in a grid ratio of 5:1.
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A grid with a ratio of 5:1 would typically be stationary, and 
would be used in the accident and emergency department, under-
neath a trolley or held by a patient. As the grid ratio is smaller, the 
necessity for the X-ray beam to be perfectly perpendicular to the 
grid is reduced. As the attenuating strips are not high, some degree 
of misalignment between the grid and the X-ray tube can happen 
without the image being significantly degraded. Underneath an 
X-ray table, a grid ratio of 16:1 would be common. This is because 
the grid can be fixed inside the X-ray table perfectly perpendicular 
to the X-ray beam. Thus, even though the attenuating slots of a 
high ratio grid are taller, it is less likely that the primary X-ray 
beam will be absorbed as it passes through the parallel slots of the 
grid. As scatter increases with kVp, higher kVps require higher grid 
ratios. Generally, above 90 kVp, ratios higher than 8:1 are needed.

The grid density or grid frequency is another factor which must 
be considered. It is the number of grid strips or lines per centi-
meter. The higher the number of grid strips, the thinner the non-
attenuating materials need to be and, thus, the higher the grid 
ratio will be. High-density grids, therefore, are used in more con-
trolled radiographic scenarios such as under the X-ray table or in 
the erect X-ray stand, rather than in the emergency department or 
while taking mobiles on the ward. Most grids have a frequency of 
between 25 and 80 lines per centimeter. Grids above 45 lines per 
centimeter were introduced at the same time as digital radiogra-
phy. Lower grid frequencies tend to cause aliasing artefacts with 

digital radiography. These artefacts occur when the parallel scan-
ning lines of the laser in computed radiography, or the matrix 
transistors in direct radiography, are not perfectly parallel to the 
lines from the grid. These artefacts can be avoided by ensuring 
that the lines of the grid are either perpendicular to the direc-
tion of the laser scanning in computed radiography or that the 
greater frequency is high enough so that the aliasing artefacts are 
sub-perceptible. If the width of the attenuating material (Wa) is 
50 µm, and the width of the non-attenuating material is 200 µm, 
the grid frequency will be 250 µm, divided into 10,000 µm 
(1 cm), which would be 40 lines per centimeter (lp/cm).

26.2.7 Focus, Parallel, or Crossed Grids

Grids can be focused, parallel, or crossed. The X-ray beam radi-
ates outwards from a single point source; focused grids take this 
into account and have grid lines that are angled to match the radi-
ating source. All the lead strips in the focus groups are directed 
back to the point where the X-ray source originates. They are 
designed for specific source to image distances (SID). Most com-
monly, focus screens are designed for 120 cm, 140 cm (Figure 
26.7), and 180 cm. A focused grid should be used at, or close 
to the SID marked on the grid. Having a distance less than or 
greater than the distance marked on the grid will result in a grid 
cutoff, leaving visible white lines as artefacts on the image. With 
a focus grid, these artefacts will be to the periphery of the image.

There is a focal range within which a focused grid can be used, 
as marked on the grid in Figure 26.7. The focal range of the grid 
is longer for low grid ratios. A grid focused at 100 cm with a 
ratio of 8:1 and 60 lp/cm will have a 50 cm focal range from 80 
to 130 cm; while the same grid with a ratio of 15:1 will have 
a 2 cm focal range from 99 to 101 cm. Lowering grid density 
also increases the focal range of a grid, a grid focused at 100 cm 
with a ratio of 15:1 and 34 lp/cm will have a 20 cm focal range 
from 90 to 110 cm. Thus, grids with high-density and high ratios 
require the strictest accuracy of the SID and perpendicularity, 
and are, therefore, used primarily in the X-ray tables and X-ray 
stands, while low ratio low-density grids are primarily used in 
the emergency or in a mobile setting. This is because, at low grid 
ratios, the grid can be slightly angled, and the primary beam will 
still be able to reach the detector. It is essential that the focused 
grid is placed with the focus of the gridlines facing back towards 
the X-ray tube; this is clearly marked on the grid. Should the grid 
be placed in the incorrect, backwards orientation, grid cutoff will 
occur in all but the central portion of the image.

Unfocused or parallel grids have grid lines that are parallel and 
perpendicular to the surface of the grid. Since all X-ray beams 
radiate outward from a single point source, parallel grids will cause 
cutoff at the periphery, particularly at low SID between 100 cm 
and 180 cm. Parallel grids are most suited to longer sourced image 
distances, such as 180 cm or more. Thus, it is common to see par-
allel grids used during chest radiography when the SID is quite 
long (often equal to more than 180 cm). The distance at which 
grid cutoff will occur can be calculated by dividing the SID by the 
grid ratio. A grid ratio of 5:1 at 120 cm will result in cutoff occur-
ring at 24 cm (120 cm/5) from the center. Thus, if a radiographer 
is using an 18 × 24 cm cassette, grid cutoff in this scenario will 
not be an issue. However, if they are using a 35 × 43 cm cassette, 
then a 19 cm portion of the periphery could be subject to grid 
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cutoff. With both focused and unfocused grids, there will never be 
grid cutoff at the central portion of the image. Thus, if the object 
being imaged is small and centered in the middle of the grid, the 
focal distance and focus of the grid become less relevant.

Both parallel and focused grids allowed a radiographer to 
angle the primary X-ray beam in the direction parallel to the 
strips of attenuating material. Once the X-ray beam is parallel to 
the attenuating material, the radiographer can angle up or down 
along the grid without any of the primary beam being attenuated. 
Parallel and focus groups remove scatter radiation from all direc-
tions, apart from those that are parallel to the grid lines. Scattered 
radiation that is parallel to the grid lines can move through the 
non-attenuating material and reach the detector causing scatter 
on the image, thus reducing the contrast of the object.

Crossed grids (Figure 26.8) have two layers of fine line attenu-
ating materials that run in a grid at 90° to each other, thus pre-
venting scatter from reaching the detector in any direction. The 
two layers are essentially sandwiched together with their grid-
lines running at 90°. These grids do not allow the radiographer 
to angle the beam at all, they also cause gridlines to be visible if 
the X-ray beam is not perfectly at 90° to the grid.

26.2.8 Moving Grids

Grids can also be either stationary, or moving. Stationary grids 
have the advantage of no moving parts and, thus, there is little 
that can go wrong with them. However, the lines from the sta-
tionary grade are often visible in the resultant image, and can 
be distracting from the diagnosis. As stationary grids are used 
in environments where positioning may not be 100% control-
lable, misalignment of the stationary grid can occur. The grid 
can be less than or more than 90° to the X-ray beam (resulting 
in an under-exposed image, and grid cutoff across the entire 
image), can be off centered (resulting in the appearance of grid 
cutoff across the entire image), can be upside down (resulting in 

complete cutoff everywhere, except in the central portion of the 
image), or a combination of these. In each of these scenarios, 
the gridlines will become more evident. High-frequency grids 
produce less obvious grid lines compared with lower frequency 
grids.

FIGURE 26.7 A 140 cm focused grid with 12:1 GR, aluminum interspaced and 80 strips per centimeter. The “tube side” marking is clearly visible.

FIGURE 26.8 A crossed grid with an 8:1 ratio, and a focal distance of 34 
to 44 inches.
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The solution to grid lines was proposed by Potter (1921). As an 
improvement to the original Gustav Bucky grid, a gentle 2.5 cm 
oscillation in the grid during the exposure, has the effect of blur-
ring the gridlines photographically, while still absorbing the 
scattered radiation during the exposure. The oscillation of the 
grid is factorially slower than the exposure from the X-ray tube, 
which travels at the speed of light. This style of moving anti-
scatter grid is referred to as the Potter–Bucky grid.

For a moving anti-scatter grid to work, the grid movement must 
begin before the X-ray exposure and finish after it, the solution 
must be sufficient to blur the gridlines, the movement must be 
continuous throughout the exposure, and the grid must be larger 
than the image receptor device. There are some disadvantages; 
as the mechanical device for moving the grid requires space, this 
increases the distance from the object to the detector, creating 
geometrical unsharpness. In addition, the movement mechanism 
can fail, requiring mechanical repair, and during this time grid 
lines may become evident, or aliasing artefacts will be present 
on digital images.

Moving anti-scatter grids isolated using electromagnetism 
require a power supply and, thus, they are found with fixed X-ray 
units. In X-ray tables and X-ray stands the moving anti-scatter grid 
is activated when the exposure button is prepared on the X-ray tube. 
In most situations, the grid is not removable, however, modern dig-
ital direct detectors allow the grid to be removed when it is not 
needed (Figure 26.9). Direct digital detectors are often larger, mea-
suring 43 × 43 cm as compared to the typical 35 × 43 cm of a film-
screen or computed radiography cassette. The grid above this direct 

digital detector is, thus, of equivalent size. These removable grids 
are light, but must be stored carefully as they are prone to damage.

The decision as to whether a grid is needed lies with the opera-
tor. This decision is usually based on

 1. Thickness of the part being imaged.

 2. The kilovoltage peak that is necessary during the imaging.

 3. Dose considerations.

Generally, when the kVp is above 70 kVp, a grid is necessary, 
as a significant proportion of the X-ray beam will be scattered. 
Likewise, when the patient part is thicker, a grid is needed, as 
scatter will be produced at a greater rate for thicker parts.

In situations where no power can be given to the grid, a sta-
tionary grid is used. Typically, this would be in the accident and 
emergency department in a trolley situation, on the wards, or in 
the theater. A low ratio grid is used as it reduces scatter, while 
still allowing the operator margin for error in the positioning of 
the grid. Typically, there are two types of stationary grid, one 
into which the cassette is placed, and one that is affixed on top 
of the cassette. These types of grids are usually produced in two 
sizes, 24 × 30 cm and 35 × 43 cm. They are produced in these 
sizes to fit the most common sizes of cassettes used in imaging.

26.2.9 Air Gaps

The alternative to the use of a grid is the use of an air gap tech-
nique (Gould and Hale 1974). When this technique is used, dis-
tance between the object and the detector enables the scattered 
rays to diverge away from the image receptor, allowing only 
those ways that are perpendicular to the image receptor to cre-
ate the image. A typical air gap would be 15 cm between the 
object and the receptor; this is sufficient for effective elimination 
of scatter, as scatter produced in the body and deflected from its 
normal path will fail to reach an image receptor device placed at 
this distance. For this technique to work, the patient needs to be 
placed against an error Box with a radiolucent front plate. Here 
they can be stabilized and positioned for the procedure, without 
being in contact with the erect X-ray detector.

Due to the inverse square law, the exposure must be increased 
approximately 10% for every centimeter of air gap used. As there 
is no lead or non-attenuating material, the dose needed for an air 
gap technique is lower than that of a grid, but more than that of 
a non-grid technique. However, the larger the object to image 
distance, the more magnification of the image, plus there will 
be associated geometrical unsharpness. To combat this, the SID 
used with air gap techniques is often between 2 and 3 m. This, of 
course, can have implications for room design, with some rooms 
being too small to apply the technique. Also, when the patient is 
lying in the supine or prone position on the X-ray table, raising 
the X-ray tube to 2 or 3 m is impossible. The gap is most com-
monly applied in the chest radiography scenario with beam ener-
gies of over 120 kVp and SIDs of over 2 m.

26.3 Automatic Exposure Control

An automatic exposure control (AEC) is a device that is used to 
automatically terminate the X-ray exposure when a specific pre-set 

FIGURE 26.9 A removable, moving anti-scatter grid used with a direct 
digital detector.
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dose to the detector has been reached. AECs are placed between 
the patient and the image receptor device. The most common types 
of AEC is a radiolucent, flat ionization chamber, or solid-state 
semiconductor. For the ionization chambers, ionization occurs 
when radiation hits a gas chamber, generating charge. The charge 
generated is proportional to the number of X-ray photons pass-
ing through the chamber. The charge is very small, so it needs to 
be amplified; as different techniques require different exposures, 
resistance is adjusted per technique. When a pre-set appropriate 
amount of charge has been reached, a feedback system terminates 
the X-ray exposure. This is done by means of either a pulse count-
ing circuit or crystal oscillation. With pulse counting, the exposure 
will cease when a binary counter determines that the pre-selected 
number of current pulses have been generated. Likewise, with 
a quartz crystal, current causes oscillations in the crystal, these 
oscillations are again counted and, when the required number have 
been reached, exposures are terminated (Stockley 1986).

The AEC must be calibrated so that the amount of radiation 
received by the detector is appropriate. If the AEC is too sen-
sitive to radiation, the X-ray exposure will be terminated pre-
maturely, and the image will be under-exposed (too light in a 
film-screen, and too noisy in a digital system). If the AEC is 
insensitive to radiation, the exposure will be terminated too late, 
and the image receptor will be exposed to too much radiation 
(too dark in a film-screen system, and noiseless, or burnt-out in 
a digital system).

The AEC is commonly used where the patient can lie on the 
X-ray table or stand against the erect X-ray stand. Also, portable 
automatic exposure devices are available with some mobile X-ray 
units. These are situated behind the cassette when the patient is 
being X-rayed on the ward. Great care must be taken when using 
an AEC. Should an unwanted object get between the patient and 
the AEC, the patient can be over-exposed. For example, if a piece 
of lead was lying behind the patient, the X-ray tube would be 
exposed, radiation would be absorbed by the lead, and the AEC 
would continue the exposure as it will not have received suffi-
cient photons to terminate it. In this case, as warranted by the 
regulations, the AEC will terminate at a pre-set mAs. Usually, 
when 600mAs is reached, regardless of whether sufficient pho-
tons have been received, the AEC will terminate the exposure. 
Typically, an image receptor device will have AEC detectors in 
three or five positions, as can be seen in Figure 26.10. This allows 
the exposure to be automatically controlled for the correct ana-
tomical part. The central AEC will be used when the object of 

interest is in the center, such as during a spine X-ray or a skull 
X-ray. The lateral AEC will be used when the object of interest is 
on the lateral aspect of the image.

26.4 Cassette Holder

Another important aspect of image quality in radiography is sharp-
ness. An image can be made unsharp by geometry (Ug), pho-
tography (Up), or movement (Um). This source of the movement 
unsharpness can be from the equipment or the patient. When image 
unsharpness is seen, it is more commonly as a result of movement 
from the patient. The reason for this is that, in the design of X-ray 
equipment, effort has been placed on maintaining the stability of the 
imaging equipment during the exposure. One part of the equipment 
that ensures image stability is the cassette holder. This is a simple 
device into which the cassette is placed and clamped. When used 
with an X-ray table, this is horizontal and has a spring-loaded grip 
for the cassette in the transverse direction. The spring-loaded grip 
allows the cassette holder to be adapted to the size of the cassette. 
In the longitudinal direction, there is a manually adjusted grip for 
the cassette (Figure 26.11). The radiographer adjusts this to ensure 
that the cassette cannot move in the longitudinal direction. Once 
these two are in place, the cassette will be secured, and movement 
unsharpness due to cassette movement will be virtually impossible.

26.5 X-ray Detectors

X-ray detectors come in a variety of configurations and use a 
wide range of technologies to detect X-rays and convert them 
into images. For the purposes of this section, I have separated 
these into cassette-based detectors, and flat panel detectors.

26.5.1 Cassette-Based Detectors

The term cassette has become increasingly confusing as the num-
ber of cassette-based technologies used for recording the image 
proliferates. In fact, cassette is often an inappropriate term, and 
is used as a synonym for “image receptor device.” In the past, 

FIGURE 26.10 The positions of the AECs on the image receptor device. 
Reconfiguration of five automatic exposure control chambers is shown on 
the left, whereas the configuration of three automatic exposure control 
chambers is shown on the right. (Image, authors own.)

FIGURE 26.11 An X-ray cassette holder on an X-ray table with a 35 × 43 cm 
cassette in situ. The cassette is placed in the center and locked in place.
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film-screen radiography was used. The X-ray would strike an 
image intensifying screen, producing light, and this light would 
expose a film, which was then processed. The hard, outside cover 
protecting the intensifying screen and the film was referred to 
as the cassette. These cassettes were produced in standard sizes 
of 18 × 24 cm, 24 × 30 cm, 35 × 35 cm, and 35 × 43 cm and 
approximately 1.5 cm thick. Thus, all X-ray tables and stands 
with cassette holders can accept these sizes of cassettes. The 
technology inside the cassette has changed significantly over the 
years. The types of image receptor devices that an X-ray cassette 
holder must be able to receive include film-screen, computed 
radiography, and direct digital cassettes.

26.5.1.1 Computed Radiography

Computed radiography (CR) is a cassette-based digital radiogra-
phy system that uses a special type of phosphor, called photo-
stimulable storage phosphors (PSP), in combination with a plate 
scanning system to produce a digital image. The cassettes in 
which the image plate is contained may look and feel very much 
like those used in film-screen radiography, which helps the new 
technology to be accepted into existing work practices and to fit 
existing cassette holders. The computed radiography cassettes 
will be compatible with all existing equipment, such as cassette 
holders and trolleys, and will easily fit into cassette holders incor-
porated into mobile X-ray units. However, there are many differ-
ences between the two systems once the cassette cover is removed.

The body of a CR (Figures 26.12 and 26.13) cassette, like any 
other cassette used in radiography, must be very tough, while at 
the same time being lightweight and low-attenuating to X-rays. 
The materials used by manufacturers vary from carbon fiber to 
polypropylene. The corners of the cassette are usually protected 
by rubber to prevent damage to an individual if dropped. The 
typical weight of 35 × 43 cm2 CR cassettes is 1.6 kg.

Polypropylene plastic cassettes are warm to the touch, rela-
tively inexpensive, and have a good level of flexibility; however, 
they have a higher attenuation coefficient than carbon fiber 

cassettes. Carbon fiber cassettes (Figure 26.13) are more expen-
sive, but attenuate less radiation, they are also cold to the touch, 
which can be uncomfortable for the patient, and they are rela-
tively inflexible.

Outwardly one of the most noticeable differences between a 
film-screen cassette and a computed radiography cassette is the 
missing identification window. Many computed radiography cas-
settes have an embedded memory chip in place of the identifi-
cation window on the screen-film cassette (Figure 26.14). This 
embedded memory chip stores data entered at the identification 
terminal. This information can be transferred from the identifica-
tion terminal to the data chip via a radio-frequency pulse or a 
magnetic field. Thus, the identification data and the cassette are 
linked as they pass through the processing system. The chip also 
records other details such as the body part, the exposure class 
to be used, and some auto-routing information used to send the 
resultant image to its destination. The identification is associated 
with the cassette, and not the image plate. If one were to swap the 
image plate from one cassette to another, the image would then 
be misidentified. This might occur on the rare occasion that an 
image plate becomes lodged inside the image reader during the 
processing system. CR cassettes do not differ from conventional 
screen-film cassettes in having backscatter protection; however, 
backscatter protection takes on an added importance when the 
sensitivity of PSP plates to scattered radiation is considered (see 
below). The lead backing is usually 150 µm of lead. An anti-static 
layer made of a material called Makrolon is present over the inside 
surface of the cassette. This material provides a high degree of 
protection against electrostatic charging and dust collection.

An alternative method for introducing patient identification on 
to a cassette is by using a barcode system (Figure 26.15). Each 
individual cassette has a barcode that identifies it. The barcode 
can then be associated with the patient data and other informa-
tion, such as the body part and the patient position.

It is essential that the patient information transferred to the 
image plate is accurate. If the CR system is fully integrated 
into a Picture Archiving and Communications System (PACS) 
the information on the patient may be sent directly to the image 

FIGURE 26.12 Plastic computed radiography cassette used with the Agfa 
ADC system.

FIGURE 26.13 Carbon fiber cassettes used with the Carestream computed 
radiography system. The storage phosphor plate has been pulled out, this is 
inflexible with this system. The barcode for scanned the cassette can be seen.
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identification terminal from the Hospital Information System 
(HIS). In a hospital where the CR system is not fully integrated, 
information from the hospital information system can be trans-
ferred to the computed radiography system via printed barcode 
information on the patient’s request form, and scanned at the 
identification terminal by the radiographer. Other identification 
technologies use electronic swipe cards to transfer information 
from the HIS to the CR system. In the worst-case scenario, the 
patient information may be inputted manually by the radiogra-
pher at the identification terminal. However, this is undesirable, 
as mistakes made, even in one digit, will render an image irre-
trievable once it has been sent to the image archive.

26.5.1.2 Direct Radiography Cassettes

Cassettes may also contain direct digital radiography (DDR) 
technology. When DDR was first developed, it was bulky in size 
and required a permanent power supply. Initially, flat panel direct 
radiography was thought to be best suited to an under table or 
in an erect bucky setup with movement only in the horizontal 
 direction, or to a chest room arrangement, where the detector 
would be positioned vertically with movement only in the verti-
cal direction (Figure 26.5). The large size and the requirement 
of a permanent power supply meant that DDR was not particu-
larly useful in the emergency setting or on the ward. Since its 
initial development, modifications have made the technology 
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FIGURE 26.14 A schematic diagram of a hinged cassette for a flexible computed radiography detector plate. The cassette has foam pads to ensure an even 
distribution of the imaging plate, and a radio-frequency identification chip by which the plate is associated with a patient.
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FIGURE 26.15 A schematic diagram of a rigid computed radiography plate. The plate is extracted from the cassette via the extraction hooks, and the 
identity of the patient is associated with the cassette via the barcode.
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significantly slimmer, and able to be powered by a slim battery 
pack. Flat panel detectors are now being using for different appli-
cations and are being marketed in many formats to suit all radio-
graphic examinations with cassette-based DR (Figure 26.16), 
with associated battery pack (Figure 26.17), column suspended 
DR (Figure 26.5), and u-arm DR being very well suited to the 
trauma situation. Two clinical situations that cassette-based DR 
can facilitate are theater and mobile/ward and radiography.

Mobile direct radiography allows, for the first time, images 
to be processed and evaluated without the image plate being 
removed from behind the patient. This means that, if a repeat is 
necessary due to positioning error or failure to include the region 
of interest, the image plate can be adjusted and the exposure 
repeated without needing to lift the patient again. This results 
in much less transportation of image plates for the radiographer, 
saving time and increasing efficiency. It makes the experience 
a better one for the patient, with less re-positioning and subse-
quently less discomfort.

One of the disadvantages of a mobile direct detector is the 
weight of the cassette, which weighs 3.5 kg. There may be a 
danger that repetitive use of such heavy image plates could 
increase the strain on the arms and shoulders of radiographers. 
Another disadvantage is that some units currently available have 
a detector that is joined to the mobile unit via a wire, leading to 
an increased risk of infection when moving from one patient to 
another. This disadvantage is removed by wirelessly transmitting 
images to the mobile unit via a wireless connection.

The mobile direct radiography unit stores hundreds of radio-
graphs in the on-board computer. The matrix sizes (1500 × 1248 
pixels) and, thus, the total image size is smaller than that of a 
dedicated chest direct radiography unit. This facilitates greater 

storage of images and quicker transmission of images via the net-
work. These radiographs can be downloaded to the PACS via the 
hospital network at any local area network point or continuously 
via wireless networking.

26.5.2 Direct Digital Radiography

Direct digital radiography (DDR) can be grouped into three spe-
cific technologies: charge coupled devices (CCD) using crystal-
line silicon technology and large area flat panel detectors (DDR), 
including both amorphous selenium (a-Se) and amorphous sili-
con (a-Si) technology. The following section will introduce how 
these technologies work.

26.5.2.1 Charge Coupled Devices

Crystalline silicon detectors are composed of pure silicon crystals 
in wafer form. Pure crystalline silicon is a photoconductor; that 
is, it conducts electricity in the presence of light. It is commonly 
described as a charge coupled device (CCD). CCDs are light sen-
sitive integrated circuit devices made of very pure crystalline sili-
con and electronic gates, which can be used for X-ray applications 
as an image detector. The CCD is often combined with a phosphor 
layer to provide X-ray detection and conversion of X-rays to light.

The process of image production when using pure silicon is 
surprisingly simple. X-ray photons or light hitting the pure sili-
con with just the correct amount of energy will cause electrons 
to be produced. The electrons form an electrical current, the 
number of electrons in the electrical current is proportional to 
the number of X-ray/light photons that were incident on the pure 
silicon chip. When photons are incident on the silicon surface, 
an electron-hole pair is produced. The bonds within the crys-
talline silicon can be broken to produce an electron-hole pair 
if 1.1 eV of electromagnetic radiation (a wavelength of 1µm or 

FIGURE 26.16 The back of the Carestream DRX direct digital radiogra-
phy cassette containing amorphous silicon cesium iodide technology. The 
battery pack can be seen in the bottom left of the back of the cassette. This is 
removable and rechargeable. The battery also recharges when the cassette is 
inside the cassette holder of the X-ray table or the X-ray stand.

FIGURE 26.17 The front of the Carestream DRX direct digital radiogra-
phy cassette containing amorphous silicon cesium iodide technology.
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less) is incident on the CCD. The electrons produced are drawn 
toward the positive bias, and the holes are attracted by the nega-
tive charge at the storage wells, beneath the electrodes.

The stored charge can be swept along the CCD towards the read-
out electronics. The readout electronics are comprised of thousands 
of semiconductor switches, and amplifiers delivering the current 
to the analog-to-digital converter. The charge on the CCD may 
be read line by line or readout instantaneously by conducting the 
charge as it is created. As the charge is transferred from one elec-
trode to the next, it is crucial that the transfer of charge is efficient. 
If there is a loss of 1/1000th of the charge from one electrode to the 
next, there will be a 10% loss in signal across 10,000 electrodes.

These types of small area CCD have been used for many years, 
with X-ray image intensifiers connected to the output phosphor of 
the image intensifier as part of the TV pick-up circuitry. Shown 
below (Figure 26.18) is a setup for using a small CCD for chest 
radiography. This setup allows a small CCD to be used when 
imaging the large area of the chest. They have also been used in 
small multi-format cameras.

CCD detectors are, however, associated with some drawbacks. 
For reasons of cost, large wafers of crystalline silicon cannot 
be manufactured and, therefore, manufacturers produce small 
wafers, which, during image intensification, are attached via opti-
cal minification to the full-sized output phosphor. Anatomical 
size CCD image detectors often use several crystalline silicon 
wafers stitched together, which is combined with the phosphor 
layer through tapered fiber-optic couplings. Stitching crystal-
line silicon wafers is not a simple process, but it provides the 
imaging system with higher spatial resolution (more pixels per 
millimeter). Boundary artefacts may be created between wafers, 
and these usually require the aid of software processing tools to 
remove them completely from the image.

To avoid the problems created by the necessity of stitching 
crystalline wafers, manufacturers have developed large area flat 
panels of amorphous silicon. Amorphous (unstructured or ran-
domized) silicon has several advantages over crystalline silicon. 
Primarily it allows large panels to be constructed that are more 
practical for imaging human anatomy. These large flat panel 
detectors can be used for radiography and fluoroscopy.

26.5.2.2 Large Flat Panel Detectors

Two large flat panel detector technologies will be described, 
one using amorphous silicon in conjunction with cesium iodide 
(a-Si:CsI), and the second using amorphous selenium (a-Se). a-Si:CsI 
detectors are described as indirect conversion methods, using a two-
step process to convert X-ray photons into an electrical signal, whilst 
a-Se directly converts X-ray photons into electrical charge.

26.5.2.2.1  Amorphous Silicon Caesium 
Iodide Detectors (a-Si:CsI)

Amorphous silicon cesium iodide detectors are used by manu-
facturers for indirect acquisition of radiographic images. An 
example of an indirect digital detector configured for chest radi-
ography is shown in Figure 26.19. The internal structure of the 
detector is shown in Figure 26.20.

The amorphous silicon cesium iodide (a-Si:CsI) detector has 
three layers: the phosphor layer, for conversion of X-ray photons 
into light; the amorphous silicon layer, for conversion of light to 
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FIGURE 26.18 The use of the small charge coupled device for detection of a large anatomical area. (Image, authors own.)

FIGURE 26.19 An example of an indirect digital detector configured for 
chest radiography.
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electricity; and the thin film transistor (TFT) layer, for signal pick-
up. The process of image acquisition using this type of image plate 
is usually referred to as indirect conversion due to the two-step pro-
cess used in the conversion of X-ray photons to an electrical signal.

The X-ray photons, which interact with the flat panel detec-
tor, cause scintillation of the phosphor layer producing light; the 
amount of light produced is proportional to the number of X-ray 
photons incident on the phosphor layer. When light reaches the 
a-Si photodiode, an electron-hole pair is created and an electric 
charge is generated. This charge is collected by the charge col-
lectors and converted to an electrical signal. The signal is read by 
activating the electrodes in the TFT across each row. The signal 
is read for every row, each of which is attached to a low noise 
charge amplifier. This electrical signal is amplified and con-
verted to a digital signal via an analog-to-digital converter and 
sent to the computer, where it is processed and sent for display, 
archival or printing. Each layer of the detector will now be dis-
cussed, and its role in image production outlined.

26.5.2.2.1.1 Phosphor Layer Phosphor layers are often used 
in combination with photodiodes to convert X-rays into light 
photons, which are then converted into an electrical signal. 
These phosphors are made from many layers of randomly dis-
tributed phosphors. In most phosphors light produced by each 
layer spreads out in a diverging pattern. The thicker the phos-
phor layer, the further the light will diverge. Light divergence 
reduces the spatial resolution of the system, and the clarity with 
which image details can be faithfully reproduced. Thin layers of 
phosphors, however, do not detect X-ray photons with the same 
efficiency and, thus, require more radiation dose to produce an 
image. Microcrystals of phosphor help to address this dilemma.

Microcrystals of cesium iodide (CsI) of 5 to 10 µm across, 
which are produced by vapor deposition, are employed as the 
phosphor. CsI has a highly relative density and atomic number, 
thus it is a material with a high X-ray attenuation power. CsI 

also has excellent X-ray detection properties, with cesium having 
an atomic number of 55, and iodide having an atomic number 
of 53. The higher the atomic number, the greater the probabil-
ity that X-ray photons will interact with the phosphor and cause 
scintillation. Unlike conventional multi-layered phosphors, the 
X-ray detection efficiency of cesium iodide can be increased 
by increasing the thickness of the phosphor layer without any 
detrimental effect on the spatial resolution of the system. It is 
also relatively resistant to thermal and mechanical shock; it is, 
however, susceptible to humility, and is hygroscopic, so contact 
with water should be avoided. Its maximum emission efficiency 
is between 25°C and 30°C, it’s light output at 0° would be 90% 
of its maximum. The crystals behave in a similar way to optical 
fibers by channeling light through internal reflection, thus reduc-
ing the amount of light divergence (Figure 26.21). It can be used 
in its doped or undoped form.

The maximum wavelength of undoped CsI is 300 nm. CsI is 
often doped with thallium (Tl) to create thallium-doped cesium 
iodide (CsI:Tl). Only a small fraction of the atoms in CsI emit 
light, these are called emission centers or luminescent centers. 
The addition of a small amount of impurity increases the number 

Unstructured
scintillator

Structured
scintillator

X-ray photons

Photodiode (a-silicon)
Thin-F Transistor (TFT) array

FIGURE 26.21 The effect of structured scintillator crystals in cesium 
iodide. (Image, authors own.)
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FIGURE 26.20 Internal structure of an amorphous silicon cesium iodide flat panel detector. (Image, authors own.)
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of inhomogeneities, and Tl acts as an activator by creating more 
luminescent centers and prolongs the emission time. CsI:Tl is 
a bright scintillator with a maximum emission at 550 nm, well 
suited to the readout of amorphous silicon, and it produces 54 
photons per kiloelectronVolt (keV) and is, therefore, one of the 
brightest scintillators available. This results in a photoelectron 
yield for X-rays that is almost double that when CsI is undoped. 
It does, however, have a relatively slow decay of 1 µs for X-rays. 
At diagnostic X-ray levels, radiation damage to this scintillator 
is insignificant, radiation doses of 10 Gray would be needed to 
cause 10% to 15% of the light output to be lost (Rodnyi 1997; 
Leo 2012; Saint-Gobain Ceramics & Plastics, CsI(Tl), CsI(Na) 
Cesium Iodide Scintillation Material 2016).

26.5.2.2.1.2 The Amorphous Silicon Layer As mentioned 
earlier, there are technical difficulties associated with produc-
ing large crystals of pure silicon. Amorphous (formless) silicon 
is created by evaporating silicon onto large glass substrates. 
The formless reconstitution of the silicon layer increases the 
amount of radiation that silicon can be exposed to before dam-
age. A large area covered by silicon is formed, which is not a 
large silicon crystal, but rather millions of tiny silicon crystals 
compressed together to form one large plate. This allows ana-
tomical size plates to be formed. Silicon has good photoconduc-
tion properties, it readily converts light photons into electrons; 
however, it is a poor X-ray detector, having an atomic number of 
just 13. This means that X-rays pass through silicon very easily, 
and few photons are attenuated. To increase the efficiency of 
silicon as an X-ray detector, a phosphor layer is used to convert 
the X-ray photons into light. The phosphor, cesium iodide, is 
combined with the amorphous silicon in the uppermost layer of 
the detector.

26.5.2.2.1.3 Thin Film Transistors Flat panel detectors have 
integrated readout mechanisms based on a thin film of transistors 
(TFT). The TFT (Figure 26.22) enables the adjacent coupling of 
the readout electronics and the pixels within the flat panel, and 
is built into a sheet of glass positioned along with the amorphous 

silicon and phosphors: the phosphors on the uppermost layer; 
the amorphous silicon in the middle; and the readout TFT on 
the lower level. The TFT is created through a process of micro-
fabrication, where the parts of the thin film are created using 
photolithography. This uses light to transfer a geometric pattern 
to the substrate. This enables the new material for the thin film 
transistors to be deposited inside the photolithographic geometry 
(Neudeck and Pierret 2002).

This construction allows all layers to be superimposed and 
be immediately adjacent to the site of X-ray interactions. Each 
TFT is associated with an individual address via the horizontal 
and vertical circuitry. The physical size of the charge collector 
in combination with the TFT determines the pixel size, typi-
cally this is approximately 200 µm. One aspect of the design 
of a TFT that affects image quality is the fill factor. This is 
the percentage area of the pixel that is sensitive to the imaging 
signal. As can be seen in Figure 26.22, the pixel elements are 
combined with the electronics for the drain (D), gate (G), and 
source (S), typically 10 µm wide; therefore, the sensitive area 
of the pixel can never be 100%. Typical fill factors range from 
50% to 80%.

As already stated, the production of images with flat panel 
detectors is an indirect process with an intermediate step of 
light production. Although the scattering of light during this 
intermediate step is greatly reduced using structured phosphor 
crystals, which act as microfiber optics, some light spreading 
still exists, and the channeling of light is not perfect. Direct 
conversion of X-rays to electron-hole pairs is, however, possible 
using X-ray photoconductors. These are materials that directly 
convert X-ray photons into electron-hole pairs. Silicon may be 
used for this purpose; however, its low atomic number (Z = 14) 
means it has a poor X-ray absorption efficiency. A preferable 
method is to use a structureless electrostatic layer made from 
selenium.

26.5.2.2.2 Amorphous Selenium Detectors

Selenium is an element, found as a by-product of copper mining. 
It exists naturally, but it is never found in sufficient quantities 
to warrant mining solely for it. Selenium is not a newly-intro-
duced material to the X-ray department, but has been utilized for 
many years in xeroradiography procedures. It is also used as the 
photoconductor in Xerox machines or photocopiers. Selenium 
has potential in radiographic imaging due to its X-ray detec-
tion properties, having an atomic number of 33. At low X-ray 
beam energies, selenium’s detection properties are equivalent to 
a-Si:CsI, and, thus, it is commonly also used in digital mam-
mography (Noel and Thibault 2004). In mammographic sys-
tems, the Detective Quantum efficiency of an a-Si:CsI system 
such as the GE Senographe DS, is 0.5 at 1 mm−1 averaged, and 
is 0.6 at 1 mm−1 averaged in GE Senographe Essential; while 
the Hologic Selenia, which uses a-Se, has a detective quantum 
efficiency (DQE) at 1 mm−1 of 0.55 ± 0.03 averaged (Caterina 
et  al. 2008; Salvagnini et  al., 2013). A thorough examination 
of the DQE of direct and indirect systems (Samei and Flynn 
2003) concluded, “Overall, the high absorption of the indirect 
detection system provides better performance below a spatial 
frequency of approximately 2.5 mm, while the negligible blur 
and the small pixel size of the direct detection system provides 
better performance above that frequency.” They applied these 
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FIGURE 26.22 The thin film transistor array used to collect charge from 
the amorphous selenium or silicon semiconductors. D, the drain, this con-
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findings clinically, stating: “The high MTF and superior DQE 
of the direct system of 2.5 mm−1 suggest that this system may 
be particularly effective in radiographic applications where fine 
anatomic structures need to be imaged with high detail and 
contrast. Utilization of this system for imaging trabecular bone 
structures in skeletal extremities, for example, would, thus, be 
indicated. On the other hand, the DQE of the indirect system at 
frequencies below 2.5 mm−1 makes it attractive in radiographic 
applications, where the visibility of low contrast anatomic struc-
tures is limited by noise. Utilization of these systems for imaging 
of lung nodules in thoracic imaging, for example, would, thus, 
be indicated.”

Large flat panel detectors that utilize selenium also use the 
TFTs described earlier. The top layer, in this case, is amor-
phous selenium (a-Se), again amorphous meaning formless or 
unstructured. It is because selenium is used in its unstructured 
form that large panels can be made through the evaporation pro-
cess. The amorphous state of the selenium also makes it pos-
sible to  maintain uniform imaging characteristics, as there are 
no grain boundaries. The under surface of the selenium layer 
has TFT electrodes attached to allow the collection of charge 
(Figure 26.23).

The process of image production in direct conversion a-Se is 
as follows: Prior to exposure, a potential difference is applied 
across the a-Se top layer of the flat panel detector, with a posi-
tive layer on the uppermost surface. The X-ray photons pass 
through the patient, and some reach the image plate, which 
are attenuated by the selenium, causing excitation of electrons 
throughout the a-Se layer. This results in the generation of 
electron-hole pairs in proportion to the intensity of the incident 
X-rays. The potential difference across the a-Se draws the elec-
trons directly to the positive bias and the holes to the negative 
bias. The charge is collected by the charge collecting electrodes 
and converted to an electrical signal via the TFT. This electrical 
signal is converted to a digital signal via an analog-to-digital 
converter.

26.5.3  The Cost of Flat Panel Compared 
with Computed Radiography

Radiology managers must justify the cost of digital radiogra-
phy, both in terms of image quality and competitive cost. When 
choosing a digital radiography system, they must consider that 
DDR is somewhat faster at producing a readable image, but that 
CR is sometimes more versatile.

26.5.3.1 Capital Costs of DR versus CR

The initial outlay required to start up a digital department can 
be prohibitive. The average cost of a flat panel DR system is 
$400,000 to $600,000, depending on whether a room can be ret-
rofitted or a full new room is purchased. The number of rooms 
in the department and the number of detectors per room can also 
significantly increase the capital outlay. On the other hand, CR 
requires much less of an initial capital outlay. A full entry level 
CR system can cost from as little as $70,000 to $300,000 if X-ray 
equipment is included. CR is generally much cheaper than DR 
because the X-ray rooms may normally be retrofitted with no 
extra cost. Retrofitting involves simply replacing the old screen-
film cassettes with the new CR image plates. The cost of CR is 
also significantly reduced by the fact that a single CR reader may 
service several rooms. Choosing a cassette-based direct digital 
radiography system removes the need to replace existing X-ray 
equipment and allows retrofitting, thus saving a significant initial 
setup cost.

26.5.3.2 Ongoing Costs with DR versus CR

The discussion of ongoing costs can be greatly influenced by 
whether the DR or CR system is filmless. Maintenance con-
tracts formed the most significant aspect of any ongoing cost 
for X-ray equipment. The level of service provided for main-
tenance will affect the cost on an annual basis with response 
times playing a significant role in the cost. Maintenance of 
CR often requires more engineer callouts than DDR, due to 
the mechanical nature of the device. Imaging plates can get 
caught inside the plate reader, often requiring the dismantling 
of the plate reader to remove these. There can also be mechani-
cal timing issues with computed radiography cassette readers, 
as mechanical belts and cogs can get damaged and worn over 
time, resulting in failure of the readout process. Another ongo-
ing cost of CR is image plate wear and tear. Replacement costs 
for a CR image plate range from $1000 to $1500, depending 
on the plate size. DR systems can also be damaged by inap-
propriate usage, and cost more than $100,000 if they need to be 
replaced. Wireless, cassette-based computed radiography has 
increased portability, and, therefore, an increased risk of dam-
age due to movement of falls. The cost of replacing a cassette-
based direct digital radiography device is factorially higher 
than replacing a computed radiography cassette. Maintenance 
and service costs are equal for both CR and DR, running at 
about 8% per year.

The most frequently quoted saving provided by digital radiog-
raphy is time-saving, due to increased user productivity, which 
may help offset the high initial outlay. Embedded DDR provides 
greater productivity savings than CR, by eliminating the need 
for the user to handle cassettes of any type that can increase 
efficiency, allowing more examinations to be carried out or 
reducing the workload of understaffed departments. If more 
examination can be carried out per room there is also the poten-
tial to reduce the number of X-ray rooms in use, thus reducing 
maintenance and upgrade costs for the X-ray equipment. The 
key to saving money through the installation of a DDR system 
is to have a higher patient throughput compared with computed 
radiography.
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FIGURE 26.23 The configuration of amorphous selenium and the associ-
ated electronics. D is the drain; S is the source; and G is the gate.
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26.6 Portable and Mobile Units

X-ray examinations are often carried out beyond the general or 
accident and emergency department. These examinations are 
often necessitated by the patient’s inability to come to the General 
Department. A patient may be too unwell to travel from the ward 
to the X-ray department, could be attached to specialized equip-
ment, or could be anaesthetized in the theatre. Thus, on these 
occasions, the equipment must go to the patient. Equipment that 
can be moved to the patient are generally classified as either a 
portable or mobile.

26.6.1 Portable Units

Portable radiography equipment can be separated into reason-
ably sized parts, to be carried to a destination and easily reas-
sembled. It can often be packed up, or taken apart so that it can 
be brought to the difficult access environments. These can be 
simple self-rectified units, or higher output capacitor discharge 
units. Domiciliary radiography, the practice of taking X-ray 
equipment to the patient’s home, uses portable X-ray equipment. 
Portable X-ray equipment is also used on farms for veterinary 
radiography, forensic radiography, or in a remote region of the 
hospital or an outlying hospital or ward where the call for radio-
graphic examinations is small and unable to justify the cost of a 
machine permanently sited there.

Some portable X-ray units can be simply hung from any 
available fixture to enable an X-ray to be taken with the objects 
lying on the ground or another surface (Figure 26.24). These 
units are typically self-contained, having the high-tension gen-
erator, controls, and light beam diaphragm all within one por-
table unit.

Similar configurations are available for dental X-ray units, as 
shown in Figure 26.25. The portable dental X-ray unit shown is 
designed to be handheld; this, however, places the operator at 
some risk. These devices date back to the 1990s, and have their 
history in military operations. However, recently these have been 
marketed for general dental facilities, and their numbers have 
increased. A recent position paper by the European Academy 
of dental maxillofacial radiology provides a thorough treatment 
of the safety precautions needed with such equipment, they 
indicate. “As a general rule, a handheld portable X-ray device 
should only be used in scenarios where an intraoral radiograph is 
deemed necessary for a patient and the use of a fixed mounted or 
semi-mobile X-ray device is proven impractical,” and conclude 
“the use of handheld portable X-ray devices should be consid-
ered only after careful and documented evaluation (which might 
be performed based on medical physics support), when there is 
evidence that handheld operation has benefits over traditional 
modalities and when no new risks to the operators and/or third 
parties are caused. It is expected that the use of handheld por-
table X-ray devices will be very exceptional, and for justified 
situations only” (Berkhout et al. 2015).

X-ray equipment is normally heavy and stationary, portable 
units are either all in the one piece, that is lightweight and con-
structed to be carried, or can be taken apart into major parts and 
carried to their destination. The most common elements of por-
table radiography equipment include:

• Tube stand

• Tube head drive, normally a manual rack and pinion 
type

• The control unit

• Tube head, that contains the high tension transformer

Portable radiography equipment must be light and small enough 
to be carried individually. Care must be taken when assembling, 
to ensure fixations are secure, to prevent staff and patient injuries. 
A typical tube head may weigh 30 kg, and the stand a similar 
amount. As opposed to mobile equipment, portable equipment 
has smaller castors to aid positioning and movement, but the small 
wheel diameter limits the ability to traverse large obstacles. The 
range of movements is usually limited to vertical and tube rotation 
at 90° to the long axis of the tube movements, controlled by fric-
tion locks and/or rack and pinion movement (Figures 26.24 and 
26.25). The electrical supply needs to be domestic, with no spe-
cial supply or plugs necessary for the unit being operated from a 
standard domestic 13 Amp socket. Typical maximum power con-
sumption is 240 volts at 13 Amps. There may be a special earth 
lead to connect to all exposed metal parts. Care must be taken 
with electrical safety, since damage may occur when the unit is 
being transported, visual inspection of electrical cables and the 

FIGURE 26.24 This SEDECAL stand-alone X-ray unit including genera-
tor X-ray tube and collimation. This is a truly portable X-ray device that can 
be carried in a suitcase. There are limited controls with two versions avail-
able. The kVp can go from 40 to 150 kVp, with 10 mA to 500 mA and 0.001 
to 8-second exposure, enabling 0.1 to 500 mAs exposures.
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support structure must be undertaken whenever the equipment is 
setup or taken down. Units range from €6000 for a very basic unit 
up to €20,000 for a more sophisticated set. Major advantages of 
portable equipment include these units permit radiographic exam-
ination in locations only limited by the availability of a standard 
electrical supply. Disadvantages include the fact that it is difficult 
to control X-ray safety aspects of radiation protection.

Most portable sets are self-rectified or have two rectifiers. 
The auto transformer has the following controls located within 
its construction:

• Line voltage compensation

• kVp selector

• mA selector controlling the filament circuit

• A basic timer unit; early models clockwork, now 
solid state

The importance and implications of this output waveform are 
that, unless there is some form of exposure phasing to ensure 
that the exposure encompasses a full cycle, the exposure, if less 
than 0.01 seconds, may not achieve the maximum output volt-
age (shaded section in Figure 26.26). The autotransformer is 
connected to the high-tension transformer, and the X-ray tube is 
connected to the high-tension transformer directly or via a recti-
fication circuit. Generally, a single focus stationary anode tube.

26.6.2 Mobile Units

Equipment for radiography (Figure 26.27) and fluoroscopy 
(c-arm) can all be made mobile by adding wheels that enable it to 
be moved to a specific location. Mobile equipment differs from 

portable, in that it cannot be separated up into parts and carried. 
This equipment is also too heavy and large to be carried; how-
ever, it can be moved and, thus, is mobile. Exclusions to this defi-
nition for this chapter include stationary X-ray equipment housed 
in lorries and vans to provide radiographic services at different 
sites, such as relocatable CT scanner and breast screening units.

Mobile X-ray systems are moved around hospitals all the time to 
perform radiography on patients who cannot easily get to an X-ray 
room. Therefore, mobile equipment must be so designed as to be 
easily accommodated in limited space, such as ward side rooms 
and alongside beds, and in the often limited space of an operat-
ing theater. The generator and base unit may be of low design or 
waist high design. Mobile X-ray machines have many things in 
common, including an X-ray tube, positioning stand, an integrated 
exposure control, and integrated generator all on rubber, antistatic 
wheels. They do differ in their chassis design, and generator types, 
with different designs having different advantages. A short wheel-
base enables increased maneuverability, with a slight decrease 
in stability, and a shorter reach of the X-ray tube, while a longer 
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FIGURE 26.26 Typical output waveform of a portable X-ray generator.

FIGURE 26.25 A DR Go portable unit. This is a high-frequency portable X-ray unit model, pictured mounted on a lightweight stand with a cassette 
holder, manual rack and pinion device for height adjustment, and a base mounted on castors.
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wheelbase might allow a larger battery capacity and increased sta-
bility. A common mobile X-ray design is shown in Figure 26.27.

Figure 26.27 shows a cordless, mobile X-ray unit of the inverter 
generator type, meaning it can operate while it is not plugged 
into the wall. It has a flexible arm that permits optimum and 
easy positioning, and the compact body and low profile column 
will pass through a narrow doorway. The unit moves smoothly, 
assisted by a motor-drive mechanism with a top speed 1.75 mph. 
It uses lead acid batteries, and has an X-ray tube certified for 6 
to 320 mAs and 50 to 125 kVp. An optional extra is an automatic 
exposure control paddle. This is placed behind the patient during 
an X-ray exposure, and enables the automatic termination of the 
exposure once a pre-set radiation dose has reached the detector.

Another example of mobile X-ray machine design is the 
Siemens Mobilett (Figure 26.28). This has a rotating anode X-ray 
tube, and handheld control, just like the AMX4. It has a 5 to 
200 mAs range and a 40 to 130 kVp range. The major differ-
ence between this and the AMX4 is that the Mobilett is not bat-
tery operated, rather it requires an electrical supplie during the 
exposure. Increasingly, mobile X-ray systems have digital X-ray 
detectors incorporated with them.

26.6.2.1 Range of Movements

The range of movements available is one of the most important 
factors governing ease of use of mobile equipment. The range of 

movements can be split into five major components. To prevent 
damage to cables, which is a safety hazard, all movements should 
have mechanical stops.

 1. Rotation around the center of the column.

 2. Cross arm movements; the extension of the tube head 
away from the center of the column.

 3. Rotation around the axis of the cross arm.

 4. Angulation across the long axis of the tube head.

 5. Vertical movement up and down the main column.

An important point in the usefulness of the range of move-
ments is the maximum distance obtainable from the center of 
the tube column to the tube head, as this determines how close 
alongside a bed or operating theatre table the mobile can be 
placed. If the distance is short, accurate positioning becomes 
awkward and, in an operating theater, creates difficulty in main-
taining a sterile field.

One of the limitations of the range of movements is dependent 
on the center of gravity of the design,

• If the center of gravity is low, then the distance the tube 
head can be moved from the center of the column is 
longer than if the center of gravity is raised.

The center of gravity of a mobile is determined by how low the 
components of major mass can be positioned.

FIGURE 26.27 Mobile chassis design of the GE AMX4, demonstrating 
short wheelbase columns, suspended X-ray tube, and incorporated auto-
matic exposure control.

FIGURE 26.28 The Siemens Mobilett XP digital; this incorporates a 
direct digital detector connected via a wire. The image produced is dis-
played on the console of the mobile X-ray unit.
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• Mobiles with battery packs that tend to be heavy and 
large HT transformers positioned low down tend to be 
more stable, as in the “low design.”

• Some machines (IGE Explorer and Dean 38) have an 
extending column to increase the range of height move-
ment, whilst at the same time allowing the column to fit 
under a normal door height.

26.6.2.2 Movement Locks and Limiters

All movements of the tube head must have a lock to maintain the 
position, there are four main types.

 1. Friction locks: These are generally a clamp type design, 
and are hand operated at the site of locking, they have 
the advantage of being cheap effective and simple, but 
suffer from sometimes being inaccessible in use.

 2. Electromechanical locks: These consist of a solenoid 
operated friction clamp operated by switches, some-
times remote from the site of operation often on the 
tube head handles, making for easier operation during 
use. Disadvantages include being non-operable when 
the machine is switched off or not connected to the 
electrical supply.

 3. Counterbalance systems: These systems employ either 
gas/oil filled struts or cables and counterbalance weights 
to apply an equal and opposite force to that caused by 
the mass of the tube head, only requiring the effort of 
the operator to overcome friction to position the tube 
head. Counterbalance systems should be locked during 
transport; gas struts can be bulky and limit the range of 
movements (Figure 26.29).

 4. Rack and pinion electrical drive locks: Some mobiles 
have  a variety of movement aids, including a motor 
driven column system that reduces radiographer strain 
and simplifies positioning, especially in difficult loca-
tions. There is usually a manual override system in case 
of failure, remember to disconnect drive when operat-
ing manually.

26.6.2.3 Wheels and Drive

There are two types of motive power for mobiles:

 1. Radiographer power: Here, the motive power is pro-
vided by human effort. This is the mechanism of move-
ment in systems that do not have a battery such as the 
Mobilett or portable systems.

 2. Motor driven or motor assisted: Here, the rear wheels 
are driven by an electric motor with power supplied by 
the battery when it is available or from the mains when 
the mobile is plugged in.

With battery powered drive the drive batteries are separate 
from any batteries used for X-ray production. The drive may be 
provided at a single speed, continuously variable speed, or a two-
speed system, where the first position on the switch, usually a 
hand switch, is low speed for positioning, and a higher speed for 

moving around the building, plus either a single speed or two-
speed reverse. A motion brake is generally provided and may be 
interlocked with the speed control, there may also be interlocks 
to prevent full transport speed when the tube is not parked safely 
and or the machine is plugged in.

Motor assisted mobiles require less effort, but add to the weight 
and cost of mobiles. In general, mobiles have two larger drive 
wheels at the back and two small steerable casters or wheels at 
the front. Some mobiles have a drive warning sound that is a 
safety requirement in some countries. The typical drive statistics 
for a Picker Explorer at the full charge are shown below:

• Fast speed = 2.5 mph max

• Slow speed = 1.2 mph

• Reverse = 0–1.25 mph

• Distance ability = 10 miles

• Incline ability = 1.2 miles at 10°

• Braking within 3/4 inch

• Ability to climb steps, 1-inch max

• Turning circle = 54 inches

26.6.2.4 Weight

The weight of a mobile is important when considering old lifts 
and floors and maneuverability. Examples of the weight of 

FIGURE 26.29 An example of a counterbalance system using gas strut of 
a portable X-ray system.
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mobile X-ray machines are given below; this can be compared to 
a typical person weighing in at 70 kg.

• 499 kg GE AMX4

• 375 kg Siemens Mobilett

• 400 kg Picker Explorer battery driven self-powered

• 575 kg Philips Digital Diagnost

26.6.2.5 Light Beam Diaphragm and Collimator

Most mobiles have a light beam collimator with fully adjustable 
collimation and a central line laser light indicator. Capacitor dis-
charge mobiles have an extra lead shutter that closes when the 
capacitors unused residual charge is being discharged through 
the tube after use.

26.6.2.6 Cable Storage

All mobile systems have some form of mains cable, either a 
heavy-duty type if the X-ray circuits do not use either a discharge 
capacitor or an inverter, or a thinner lightweight cable to sup-
ply battery charging functions. Some equipment has a special 
retracting cable drum that minimizes cable damage in storage, 
others have simple hooks to wind the cables around. Care must be 
taken with mains leads to prevent damage that may compromise 
electrical grounding. The mobile trust the system is connected 
to a display device via an A/V cable. This can pose a health and 
safety risk, as a trip hazard in the operating theatre. Care must 
be taken to ensure the positioning of the display device to ensure 
that the operating physician can visualize the radiographic anat-
omy during the procedure and to ensure that there is no work 
health and safety risk. Most mobile fluoroscopy units require a 
standard 240-volt single phase 13 Amp supply.

26.6.2.7 Maintenance and Safety

All mobile equipment should be serviced as per the manufactur-
er’s schedule as, due to their mobility, extra mechanical stresses 
are imposed on them that increase the possibility of electrical 
and mechanical failure. Mobiles should be charged in a well-
vented atmosphere, as hydrogen is given off along with oxygen 
during the charging of lead acid batteries. Most mobiles contain 
a warning that they are not to be used in explosive anesthetic 
atmospheres. Mobiles should be kept “clean,” as they represent 
a contamination risk, due to being moved between wards and 
encountering patient beds, etcetera, which increases the likeli-
hood of cross-infection. Attention should be paid to radiation 
safety, and all local rules governing their use should be adhered 
to. When moving mobiles, the tube head should be parked as 
per the manufacturer’s instructions to minimize damage to the 
anode rotor bearings.

26.6.3 Digital Mobile X-ray Equipment

Increasingly mobile X-ray units are installed with a digital acqui-
sition system. Figure 26.30 is an example of a direct digital flat 
panel detector attached to a RadPro mobile X-ray system. This 
configuration has many advantages. The flat panel detector has an 
AEC built within it, thus ensuring that, like in the general X-ray 
room, a mobile X-ray can have the extra exposure terminated 

when sufficient exposure has reached a detector. A second major 
advantage is that the image can be viewed immediately after expo-
sure. In this scenario, it can be readjusted for a second exposure 
if needed, without having to move the patient significantly. This 
has a major benefit of allowing the radiographers to complete the 
examination at the bedside before moving to the next patient. This 
is a better scenario for infection control, as the imaging plate can 
be completely wiped down after one patient, knowing that you 
will not have to return to them for repeated exposure.

For those that have older mobile X-ray equipment, going 
digital while using mobile X-ray equipment is still possible. 
Computed radiography cassettes may be used. Although these 
do not give the benefit of an immediate image viewing after 
exposure, they significantly reduce the number of repeats neces-
sary due to inappropriate exposure. Some manufacturers have 
also developed mobile X-ray units that incorporate a computed 
radiography reader within the chassis, as shown in Figure 26.31. 
Other manufacturers have taken the approach of  producing 
a mobile computed radiography plate reader (Figure 26.32); 
this can be brought along with the X-ray equipment, and com-
puter radiography cassettes can be processed at the bedside. 
Alternatively, patients can be X-rayed, and the cassettes can be 
brought for processing in bulk. Bulk processing has the potential 

FIGURE 26.30 A RadPro mobile X-ray machine with an integrated flat 
panel direct digital detector.
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disadvantage of cassettes being labeled with the incorrect name 
of the patient.

26.7 Mobile Fluoroscopy

Mobile fluoroscopy is commonly performed in theaters, pain 
clinics, gastrointestinal units, and in some cases on the ward of 
a cardiac intensive care unit. The basic principle enables “live” 
radiographic visualization of anatomy during a procedure. An 
orthopedic surgeon can follow the progress of a medullary nail 
through the shaft of the femur, or a pin position can supervise 
the positioning of a needle for the delivery of painkilling drugs. 
Mobile fluoroscopic units have the basic configuration of an 
X-ray unit and image acquisition device perpendicular to each 
other at the end of a “c-arm” configuration. The basic c-arm con-
figuration is shown in Figure 26.33. Visualization is a crucial 
aspect of fluoroscopy; therefore, the c-arm will have an associ-
ated mobile monitor system that often incorporates some mecha-
nism of producing a hard copy image.

The c-arm is designed to maximize the radiographer’s abil-
ity to visualize the anatomy of a patient lying in the supine 
position in the operating theatre. The c-arm can be maneu-
vered around the patient on this table, enabling the physician 
to visualize the anatomy and operating equipment during the 
procedure.

26.7.1 Mobile Fluoroscopy Detectors

There are two options for mobile digital fluoroscopy, these are:

• Using an image intensification process and digitizing 
the resultant signal.

• Using a flat panel digital screening system, based on 
amorphous silicon coupled with cesium iodide.

The first option requires very little change to the equipment 
normally employed for conventional fluoroscopy. Simply, the 
output of the image intensifier is digitized. The second option 
is to use a digital acquisition device that interacts with X-rays 
 leaving the patient. Both options are considered here.

26.7.1.1 Image Intensification Digital Fluoroscopy

Fluoroscopy has been used in radiology departments since the 
1920s. It is a technique that allows visualization of motion within 
the body. Initially, the patient would stand in a darkened room 
between and X-ray tube and a phosphor screen, and the radiolo-
gist would observe the luminance as the X-rays passed through 
the patient, causing stimulation of the phosphor screen. Since 

FIGURE 26.31 Siemens Mobilett XP CR system incorporating a com-
puted radiography reader within the chassis of the mobile X-ray unit. Images 
processed within the unit are displayed on a large touchscreen panel display.

FIGURE 26.32 A mobile computed radiography reader with embedded 
computer and display.
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the radiologist was often in the direct radiation beam, along 
with their patient, high doses of radiation were received. Image 
intensification, developed in the 1960s, allowed the image on the 
phosphor plate to be amplified and viewed on a television moni-
tor, with less dose to the radiologist. Today, fluoroscopy is used 
for many procedures, such as angiography, gastrointestinal stud-
ies, and observing the movement of catheters within the body.

The image is intensified through Flux and minification gain. 
Flux gain is the gain in light photons from the number leaving 
the input phosphor to the number leaving the output phosphor. 
In general, the gain is about a factor of 50. Minification gain 
depends on the size ratio between the input and the output phos-
phor. A minification gain ratio of 15:1 is produced by an input 
phosphor of 15 inches and an output phosphor of 1 inch. The 
combination of flux and minification gain results in an image at 
the output phosphor that is 7500-times brighter than that of the 
input phosphor (Figure 26.34).

Close to the output phosphor is a video camera that receives 
the light image. An aperture helps control the amount of light 
reaching the video camera (Figure 26.35). Decreasing the aper-
ture width will reduce the light reaching the camera, and more 
radiation will be needed, whilst a large aperture means that 
less radiation will be necessary to produce the same amount of 
brightness.

The electrical signal from the video camera is sent to televi-
sion monitors, where it may be viewed or recorded on media 
such as video tape (Figure 26.36). The exposures necessary to 
produces images using fluoroscopy are minimal compared to 
that required when using screen-film radiography, and image 

FIGURE 26.33 A typical c-arm configuration of a mobile fluoroscopy unit. Its associated visualization device is shown. Power and visual data are carried 
along the thick cable connecting the X-ray units to the visualization device.
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FIGURE 26.34 The image intensification chain. Electrons produced by 
the input detector are accelerated toward the output phosphor. The image is 
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intensification has been successfully used for many years in 
the production of diagnostic images. In recent years, however, 
upgrades of this type of fluoroscopy unit by using an analog-
to-digital converter have facilitated the provision of digital 
fluoroscopy.

The fluoroscopic image chain lends itself easily to digital 
upgrading. Adding an analog-to-digital converter to the video 
signal allows the conversion of the video signal produced during 
conventional fluoroscopy to be digitized.

Although digitization of X-ray image intensification systems 
are a way of performing digital fluoroscopy, there are some 
limitations compared with analog systems: for high resolution 

a large image intensifier is needed, which reduces the amount 
of available space in the screening room and often reduces the 
maneuverability of the system; there is distortion of the image 
due to the shape of the input phosphor and magnetic fields; a 
loss of detective quantum efficiency at every step of the image 
formation process is evident, with only 37% of the X-ray photons 
leaving the patient contributing toward the useful image; image 
contrast is limited due to X-ray and light scatter within the image 
intensifier tube classified as veiling glare; the matrix is often 
limited to 1 K × 1 K, with resolution decreasing as the field of 
vision increases. Subsequently, alternative methods of produc-
ing a digital fluoroscopic image have been explored, and this has 
resulted in the commercially available flat panel systems.

26.7.1.2 Direct Digital Screening

Flat panel radiographic imaging devices can be adapted for real-
time imaging. The term fluoroscopy cannot be correctly applied 
to these systems, as strictly speaking no fluoroscopy is used; 
therefore, commentators often refer to them as flat panel screen-
ing systems, or direct digital screening (DDS). Such devices have 
specifically been developed for application in cardiovascular 
imaging, since cost currently inhibits their introduction into the 
screening room for examinations such as barium examinations; 
however, it is only a matter of time until direct acquisition sys-
tems are being used for all types of screening procedures in the 
radiology department. One example of a direct digital screening 
system is the Avanti Medtech zeihm RFD shown in Figure 26.37. 
This is a mobile “image intensifier” that is using a flat panel for 
image acquisition. The flat panel detector setup is the standard 
C-arm layout, and can be used in a theater where mobile image 
intensifiers were once used. The system shown is suitable for 

FIGURE 26.37 An Avanti Medtech zeihm RFD mobile screening unit with a flat panel detector and liquid crystal display.
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hospital wards and theaters. It has an amorphous silicon cesium 
iodide detector attached, and is completely mobile.

Just like the DDRs described for digital radiography described 
earlier, the X-rays interact with the phosphor and release light 
photons in proportion to the number of X-ray photons incident 
on the phosphor. The X-ray detector is a thallium-doped, cesium 
iodide (CsI:Tl) phosphor coupled to a hydrogenated amorphous 
silicon (a-Si) photodiode/thin film transistor readout array 
(Figures 26.20 through 26.22). The light from the phosphor 
causes an electrical signal to be created in the photodiode array 
proportional to the amount of light. A matrix of thin film transis-
tors is designed in such a way that each pixel is given an address 
(the equivalent of sampling the image) and the electrical signal is 
quantized so that an appropriate grey level is given to each pixel.

To enable the detector to be used for screening, the detector 
readout matrix must be re-initialized within milliseconds to 
allow an image to be acquired at a maximum of 1 frame every 
30 seconds. Producing an image every 30 seconds is sufficient to 
trick the human eye into believing that the image is continuously 
moving (Russ 2016). The radiation waveform should be pulsed at 
the same rate to minimize radiation dose (Durutovic et al. 2016). 
Other rates of 15 and 7.5 frames per second are selectable. As 
the X-ray pulse must be matched to the image acquisition cycle, 
there are fewer options for frames per second than are available 
with II imaging systems. The options available are 30, 15, and 7.5 
frames per second.

An anti-scatter grid is supplied with DDS systems to help 
reduce the amount of scattered radiation; however, this will 
increase the dose to the patient. The anti-scatter grid supplied 
with the DDS system is removable; this is a useful feature for 
pediatric screening. The grid lines are also aligned diagonally 
to the pixel array to help prevent the occurrence of aliasing 
artefacts.

The major differences of DDS for screening and conventional 
image intensifiers (II) are:

• The overall dimensions of the DDS assembly are 
smaller than for II. The surface of the DDS is 
30 × 30 cm or 20 × 20 cm, whereas the II can have a 
diameter of 24 cm; however, the bulky image intensi-
fier unit is not present. This greatly assists maneuver-
ability in the operating theatre.

• It is frequently reported that DDS is more efficient at 
detecting X-rays due to the higher detective quantum 
efficiency (DQE). However, in a study comparing XR 
II chain (Thales tube TH943OHX optically coupled 
to a 12 bit CCD camera) and the a-Si FXD prototype 
(Trixell), the authors concluded “both X-ray imagers, 
the show similar performance with regards to modula-
tion transfer function (MTF) and DQE down to 5 nGy 
with a pixel size of 310 µm (fluoroscopic mode), and at 
1 uGy with a pixel size of 155 µm (radiographic mode). 
Despite the very established technology of the XR II, 
the whole detection chain is still subject to continued 
development and improvements in particular because 
of the progress in CCD technology. A 20002-pixel cam-
era coupled to a 12” XRII provides an improvement in 
MTF and DQE, especially at high spatial frequencies” 
(Koch et al. 2001).

• There is no image distortion in a DDS, while there are 
many sources of image distortion within the II, such as 
barrel and pincushion distortion.

• Magnetic fields do not affect DDS, whereas magnetic 
fields can affect the transfer of electrons from the pho-
tocathode to the output phosphor in the II.

• Screening using a DDS is always pulsed; therefore, 
there is potential dose reduction compared with the 
continuous screening fluoroscopy used with an II.

• The limiting spatial resolution of a DDS system 
depends on the pixel size and the image display, not the 
size of the II.

• The DDS system has a larger dynamic range than II.

• The DDS can perform advanced post-processing to 
produce CT-like images.

• The DDS image field is square, enabling easier capture 
of overlapping images.

With DDS systems, the pixel size of the detector limits the the-
oretical resolution of the system; therefore, unlike image inten-
sifiers, if a magnified field is selected the pixel size and spatial 
resolution remains the same. The fill factor, the ratio of the sensi-
tive area of the pixel to the effective area of the detector itself, 
reduces the spatial resolution of the system.

The system takes approximately 5 minutes to power up ready 
for use; it is during this time that calibration takes place and 
several self-tests are carried out. The DDS detector is calibrated 
and two image datasets are produced for later subtraction. Two 
sets  of image data are subtracted from every image produced 
of the DDS, these are the correction matrix and the dark field 
calibration. The correction matrix is calculated from a flat field 
exposure; this takes dead or non-functioning pixels into account. 
Fast acquisition in the DDS can produce a thermal noise dark 
signal. This means that, when the system should be displaying no 
signal, some signal is being sent due to the heating of the detec-
tor. This signal is determined at warm-up and again subtracted 
from every image in real time. As with all digital detectors, a 
relatively low exposure will result in a noisy image; however, a 
noisy image may contain the relevant diagnostic information. A 
high dose exposure will improve image quality, but may not add 
any extra information or improve the diagnostic quality.

The DDS detector for screening is physically smaller than 
the detector used for digital radiography. The image area of 
the detector is usually 20 × 20 cm. The image is acquired on a 
1024 × 1024 pixel × 14-bit matrix, and the pixel size is 100 µm. 
The theoretical limiting resolution of the detector is 5 lp/mm at 0 
and 90°. The limiting spatial resolution can be higher than this if 
the test object is placed at a slight angle to the detector.

The DDS detectors have been shown to have higher noise 
levels than a typical II for cardiac imaging, this suggests higher 
intrinsic noise levels. The manufacturers claim this is due to the 
selectable image presentation algorithms in the image chain, 
the noise level attributable to the TFT circuitry is equivalent to 
that of an II. There are no vignette artefacts, even at the largest 
field size, as there are no optical components in the image chain. 
Manufacturers also claim that, from accelerated testing, the life-
time of the DDS system will be 7 to 10 years, with the negligible 
drop off in image quality.
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With the DDS system, the dose to the patient is measured in 
terms of dose area product. The magnitude of the Dose Area 
Product, together with the exposure parameters set by the kV/mA, 
will determine the patient dose to be recorded. The exposure level 
at the detector surface is controlled by the automatic brightness 
control (ABC). In the case of the DDS, the ABC controls the expo-
sure by monitoring the electrical signal from the central 500 × 500 
pixels. The DDS systems are usually provided with two dose set-
tings (low and normal). The normal dose setting is usually slightly 
higher than the average for cardiac II imaging systems. The low 
dose screening settings are reported to be significantly lower than 
the comparable average for II imaging systems. A physics tutorial 
for radiology residents published in the journal RadioGraphics 
concludes that DDS “image receptors generally have better stabil-
ity, lower radiation dose rates, and improved dynamic range, and 
they eliminate glare and geometric  distortions  such as vignetting 
and defocusing effects. The disadvantages  of FPD systems include 
higher costs, lower spatial  resolution with very small and very large 
FOVs, and a different  appearance of the displayed image compared 
with that  of images from image intensifier fluoroscopy systems” 
(Nickoloff 2011).
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27
Clinical Fluoroscopy Units

Gyorgy Hegyi

This chapter is a natural extension of Chapter 21, where the prin-
ciples of real-time imaging–fluoroscopy are described. We need 
to emphasize that fluoroscopy is almost performed in the pres-
ence of the radiologist. Therefore, the technical details presented 
in this chapter are focused on personnel and patient safety, since 
some of those procedures require a long beam-on time.

Fluoroscopy units used in hospitals, although based on com-
mon principles, can differ substantially depending on the 
clinical application [2]. These applications can range from gastro- 
intestinal (GI), genito-urinary (GU), cystography, and lithotripsy, 
to more complex suites of equipment dedicated to peripheral and 
cardiac angiography and catheterization, cardiac electrophysiol-
ogy, and neurovascular imaging.

This chapter will not deal with fluoroscopic units with the 
X-ray source under the treatment table and the image receptor 

above the table, as used in radiology departments for GI and GU 
applications. We consider this type of fluoroscopic unit obsolete, 
and they are usually offered by some manufacturers for only lim-
ited and specific applications in private clinics. In modern hospi-
tals, they are replaced by remote-controlled fluoroscopic systems. 
However, for very specific applications like lithotripsy, for exam-
ple, the practice of positioning the X-ray source under the table 
and image detector above the patient will likely remain. This 
application needs fluoroscopic imaging for positioning the table 
with the patient in an exact location where the ultrasound gun can 
be most effective to treat kidney stones. From the imaging point 
of view, the procedure is very short, and the stone embedded in 
the kidney offers a very good contrast that does not require high-
quality images. This means that the fluoroscopy part of the unit is 
very simple and does not need a detailed description.
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27.1 Remote-Controlled Fluoroscopic Systems

27.1.1  Technical and Functional Description of 
Remote-Controlled Fluoroscopic Systems

This type of fluoroscopic system is usually located in general 
radiology departments, side-by-side with radiography rooms. 
Patients imaged in such fluoroscopic rooms do not require anti-
septic measures and the duration of the examination is usually 
short. These systems are designed for remote operating by spe-
cialist physicians, such as the gastroenterologist or urologist. 
They are completely motorized and are operated from the con-
trol room, which is completely shielded. This fluoroscopic sys-
tem minimizes radiation exposure to the physician and other 
personnel. Any operation can be performed from a sitting posi-
tion without wearing a lead apron.

This type of system will always have the X-ray tube positioned 
above the table while the image detector (image intensifier based 
detector or flat panel detector [FPD]) is under the table or built 
into the table—as can be seen in Figure 27.1. If a FPD is used, 
its location may not even be apparent. However, the imaging 
detector must be capable of following the position of the X-ray 
tube during its travel over the table. These types of systems are 
not suitable for table-side patient interventions by radiology per-
sonnel because scattered radiation originating in the patient is 
much higher than with the X-ray tube located under the table. 
Hence, these fluoroscopic systems are mainly dedicated to GI or 
GU studies or any other applications which do not require direct 
physician manipulation of the patient.

These types of fluoroscopic machines are offered by the major 
medical equipment manufacturers such as Siemens, Philips, GE 
(General Electric), and Toshiba and some smaller companies 

such as Shimadzu, GMM (General Medical Merate). Some of 
the major medical equipment manufacturers may discontinue 
this product line based on market saturation considerations.

The table can be tilted up to the vertical position, either head 
down (Trendelenburg) or feet down—see Figure 27.2. If the study 
involves a barium swallow, the physician can study the pathol-
ogy as the patient swallows and can visualize the surfaces of the 
stomach lining on which barium exerts the maximum pressure. 
Also, these systems are equipped with a remotely actionable and 
retractable motorized compression cone, which can exert con-
trolled pressure on different body parts, giving the radiologist 
more information about internal organs in GI studies.

Originally, remote fluoroscopic systems were designed as 
radiographic–fluoroscopic rooms, also called “R–F rooms,” uti-
lizing an overhead tube mounted on a ceiling rail system which 
could be aligned with a wall-mounted image receptor. If the 
image receptor is a computed radiography (CR) cassette, the 
cassette holder is commonly called “bucky.” The wall-mounted 
image receptor also could be tilted and acquire radiographic 
images separate from the table. Radiographic images could be 
acquired on the fluoroscopic table too using the imaging detector 
available in the table (screen–film, CR, built-in, or portable digi-
tal radiography [DR]). To support the radiography capability of 
the fluoroscopy table of these devices, they are equipped with an 
automatic exposure control (AEC) system, that has multiple X-ray 
dose detectors, such as the radiographic tables, air kerma level 
settings (analogous with the older film density levels settings), 
and the mandatory anti-scatter grids. In addition, to enhance 
the radiographic performance of the fluoroscopic unit, the X-ray 
tube can rotate in the cranio-caudal plane, making the system 
capable of taking radiographic images under non-perpendicular 
angles, and some models, like Shimadzu SONIALVISION G4 

FIGURE 27.1 Remote-controlled fluoroscopic system.
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and OPERA T90 and higher models, can even do tomosynthesis 
for orthopedic cases (http://www.shimadzu.com/med/products/
fluoro/m-k25cur000000641v.html [consulted April 2017] and 
http://www.gmmspa.com/fluoroscopy [consulted April 2017]). 
In some models, like the Opera Swing—top model of GMM—
the X-ray tube can be positioned to take lateral radiographic 
exposures with the patient in decubitus position on the table. The 
X-ray tube of this model has the most types of motion in the seg-
ment, which makes it possible to emulate any positioning, like 
the ceiling mount radiology room X-ray tubes. For a demonstra-
tion see: www.youtube.com/watch?v=cd7EPydrrIU (consulted 
April 2017).

The newest development in remote-controlled fluoroscopic 
systems by Philips—the Philips CombiDiagnost R90—offers 
an image fusion option called “stitching,” which could be useful 
when a large field of view (FOV) is needed.

One of the newer radiography installation models by Siemens—
the Multitom RAX (Robotic Advanced X-ray)—is equipped with 
a ceiling-mounted X-ray tube and a FPD which is, independently, 
also ceiling-mounted. This system has many of the capabilities of 
remote-controlled fluoroscopy; however, the table does not tilt. It 
is completely automated and has cone beam CT and angiographic 
capabilities (www.healthcare.siemens.com/robotic-x-ray/twin-
robotic-x-ray/multitom-rax/features, consulted April 2017).

Remote-controlled fluoroscopic systems always have a dupli-
cate control panel in the fluoroscopic room which perfectly rep-
licates the commands available in the control room, for cases 
such as uncooperative patients, neonate infants where tableside 
assistance to the patient is necessary, or in cases where table 
maneuvering from the control room would be dangerous for both 
patient and personnel. In addition, X-ray exposure can be acti-
vated from either the control room or the fluoroscopic room in 
those cases where personnel presence is necessary in the room. 
Also, in situations when personnel must be inside the room 
assisting the patient, the fluoroscopic room is equipped with a 
replica of the X-ray display monitors available in the control 
room. Because of the possibility that a physician or technolo-
gist must be in the remotely controlled fluoroscopic room, these 
rooms are equipped with ceiling-mounted leaded glass to protect 
the faces of personnel from scattered radiation.

The X-ray tube usually has a variable height related to the 
tabletop. This distance can vary, depending on the manufacturer, 
from 90 to 150 cm. The greater the X-ray target-to-table distance, 
the smaller the entrance skin exposure (ESE) to the patient, and 
the better the spatial resolution of the image.

In addition, the X-ray tube can travel parallel to the table axis. 
The tabletop can slide in both parallel and perpendicular direc-
tions to the axis.

Regardless of the fluoroscopic device type, purpose, or appli-
cation type, each fluoroscopic suite must have an intercom com-
munication system between the control room and fluoroscopic 
room to enable communication between patient–physician or 
personnel in the fluoroscopic room and personnel in the control 
room.

27.1.2  Dose Considerations of Remote-
Controlled Fluoroscopic Systems

Like all fluoroscopic systems, remote-controlled fluoroscopic 
devices are equipped with different levels of exposure rate set-
tings, magnification modes, automatic filter change systems, 
automatic focal point setting systems, different pulse rate choices 
and radiographic grade acquisition modes, both single radio-
graphic image (“photospot”) or radiographic image sequence 
mode [5]. Older fluoroscopic systems usually have a normal fluo-
roscopic exposure rate level and a high-grade exposure rate level, 
and eventually a low-dose exposure rate level. They also have a 
continuous exposure mode [2].

Newer models offer several choices of exposure rate level (dose 
level) based on patient-size dependent protocols. The appropriate 
technique settings are automatically programed once the tech-
nologist estimates the patient size. Table 27.1 displays the expo-
sure rate variation as a function of dose level and FOV.

Flat panel-equipped fluoroscopic systems are typically of 
43 × 43 cm2 size. Those built in Europe, such as Siemens Luminos 

FIGURE 27.2 Remote-controlled fluoroscopic system in the vertical posi-
tion. As is necessary for gastro-intestinal studies, the stand was removed 
from the table of this system.

http://www.shimadzu.com/med/products/fluoro/m-k25cur000000641v.html
http://www.shimadzu.com/med/products/fluoro/m-k25cur000000641v.html
http://www.gmmspa.com/fluoroscopy
www.youtube.com/watch?v=cd7EPydrrIU
www.healthcare.siemens.com/robotic-x-ray/twin-robotic-x-ray/multitom-rax/features
www.healthcare.siemens.com/robotic-x-ray/twin-robotic-x-ray/multitom-rax/features
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dRF and GMM Opera, use a FPD manufactured by Trixell, a mul-
tinational company owned by Thales Electron Devices, Siemens, 
and Philips, which for fluoroscopy applications, typically has 
a 148 µm pixel size. Shimadzu and Toshiba use a Varian-made 
FPD, which has a typical 139 µm pixel size. These FPDs, in gen-
eral, have the capability to generate four FOVs (or magnification 
modes), except Shimadzu SONIALVISION, which has five FOVs 
down to 10 × 10 cm2. These field sizes–magnification modes 
broadly cover the GI/GU cases. They will also typically use a 
pulse rate of 3–15 pulses per second (pps), and could exception-
ally operate at 30 pps. Continuous fluoroscopic exposure mode is 
no longer available (at least in patient treatment mode, potentially 
in service mode). Some fluoroscopy manufacturers can offer a 
record fluoroscopy mode, where besides the recorded radiography 
grade images, fluoroscopic images can be recorded and replayed, 
although the image quality of the latter is significantly lower than 
that of radiography grade images. This feature is useful when 
imaging dose is a concern, such as in the case of neonates, who 
may present swallowing problems. In these cases, fluoroscopic 
image quality is diagnostically acceptable because of the contrast 
enhancement provided by the ingested barium combined with the 
small attenuating volume of the neonates.

27.1.3  Image Quality of Remote-Controlled 
Fluoroscopic Systems

The spatial resolution of remote-controlled fluoroscopic systems 
does not need to be very high since there are very few patholo-
gies with dimension of the order of 1 mm diameter. For that pur-
pose, a maximum of 3–4 cycles per mm (the Nyquist frequency) 
is perfectly adequate [2].

27.2 Multipurpose Fluoroscopic Systems

27.2.1  Technical and Functional Description of 
Multipurpose Fluoroscopic Systems

Multipurpose fluoroscopic systems are remote-controlled units 
that are also placed in the radiology department in the same 

location as the radiography rooms. However, their functionality 
is extended in terms of where the X-ray tube is positioned, that is, 
under the table and above the table. Although they are still con-
sidered to be R–F fluoroscopy systems, they can be used in some 
simple interventional cases as well, such as, for example, ortho-
pedic interventions, and they could come with angiographic and 
cardio capabilities. They are designed for hospital use and could 
serve as a backup for angio-suites. Two major manufacturers 
are offering this type of fluoroscopy unit: Siemens and Toshiba. 
Siemens produces the Artis Zee, while Toshiba produces the 
Ultimax-i. This paragraph will present the main features of these 
machines. Exhaustive technical details are available on the fol-
lowing website:

Toshiba—http://www.toshibamedicalsystems.com/ products/
xray/rf/ultimax_i/index.html (consulted April 2017).

Applications for these fluoroscopic units require more 
advanced features than the simple remote-controlled fluo-
roscopic systems and include three focal spots, typically for 
Siemens, a large focal spot (1 mm), a small focal spot (0.6 mm), 
and a “micro” focal spot (0.3 mm) and, for Toshiba, a large 
focal spot (1 mm), a small focal spot (0.6 mm), and a “micro” 
focal spot (0.4 mm). The Siemens fluoroscopy unit, which has 
48 × 48 cm2 FPD, has more FOVs, typically 48 × 48 cm2, 
42 × 42 cm2, 32 × 32 cm2, 22 × 22 cm2, 16 × 16 cm2, and 
11 × 11 cm2, while Toshiba has a 43 × 43 cm2 FPD with FOVs 
of 42 × 42 cm2, 34 × 34 cm2, 25 × 25 cm2, and 18 × 18 cm2. 
Finally, they also typically feature more flexibility in X-ray 
tube movements. The tube and the imaging detector (image 
intensifier or flat panel) are mounted on a C-arm, and besides 
the possibility of traveling parallel and perpendicular to the 
table, they can also rotate in the left and right anterior oblique 
(RAO/LAO) and cranio cranio-caudal (CRA/CAU) directions. 
The RAO/LAO rotation can be seen in Figure  27.3 (Toshiba 
Ultimax-i).

The focus-image distance is variable by sliding the imaging 
detector on a rail system and changing the distance relative to 
the X-ray tube. In cases where the tube is positioned above the 
table, the position of the image detector relative to the tube can 
be increased or decreased in conjunction with the table eleva-
tion, thereby keeping the distance between the detector and 
table at a constant minimum. This feature helps to reduce the 
ESE to the patient. Even though the table is usually relatively 
thin, the resistant carbon fiber plate can accommodate hyper-
baric patients. Multipurpose fluoroscopic systems can also have 
the table tilted by up to 90° and have full GI/GU fluoroscopic 
functions, which include the retractable compression cone. 
Figure 27.4 shows the Toshiba Ultimax-I in an intermediary 
tilted position.

Some remote-controlled fluoroscopic units do not feature 
compression cones because of lack of interest from the physi-
cians. Figures 27.5 and 27.6 depict the two positions of the X-ray 
tube relative to the table.

Most of the multipurpose fluoroscopic systems have at least 
three monitors in the fluoroscopic room, which are duplicated in 
the control room: one for the real-time fluoroscopic image, one 
for the last image hold, and one for playback of the last radio-
graphic image acquisition series.

TABLE 27.1

Automatic Exposure Rate Control (AERC) Stabilized Exposure 
Rate for Different Dose Levels

Dose Level 1 Dose Level 2 Dose Level 3

FOV (cm)
Exposure Rate 

(mR/min)
Exposure Rate 

(mR/min)
Exposure Rate 

(mR/min)

41 × 41 275.5 331.4 501.4

30 × 30 374.4 451.4 616.0

22 × 22 521.8 587.3 734.9

15 × 15 753.5 844.4 1090.4

Setup conditions: Focus–Image Distance (FID) = 150 cm, Focus–
Chamber Distance (FCD) = 113 cm, Chamber–Table Distance 
(CTD) = 30 cm, phantom (PMMA), thickness = 20 cm, pulse rate = 
15 pps.

Note: Dose level 2 generates a 10%–20% higher exposure rate than dose level 
1, whereas dose level 3 leads to a 40%–80% higher exposure rate than 
dose level 1. These exposure rate increases can vary with the pulse rate.

http://www.toshibamedicalsystems.com/products/xray/rf/ultimax_i/index.html
http://www.toshibamedicalsystems.com/products/xray/rf/ultimax_i/index.html
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FIGURE 27.3 Toshiba Ultimax-I multipurpose fluoroscopic unit rotated in the RAO/LAO plane.

FIGURE 27.4 Toshiba Ultimax-I in a tilted position.
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27.2.2  Dose Considerations of Multipurpose 
Fluoroscopic Systems

Multipurpose fluoroscopic systems are relatively new: about 15 
to 20 years on the market. The newest systems feature three 

exposure rate levels: low, normal, and high. Siemens Artis 
Zee is equipped with a large variety of Cu filters with thick-
nesses from 0.1 mm to 0.9 mm and pulse rates from 3 pps to 
15 pps, while Toshiba Ultimax-I is equipped with Ta 0.015 mm 
(approx. 2 mm Al equivalent), Ta 0.03 mm (approx. 4 mm Al 

FIGURE 27.5 Siemens Artis Zee fluoroscopic system with the tube positioned under the table.

FIGURE 27.6 Siemens Artis Zee fluoroscopic system with the tube positioned over the top of the table.
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equivalent), a 0.2 mm Al and a 1.2 mm Al filter. The physicist 
doing dosimetry measurements with multipurpose measuring 
tools should take extra precautions because the Ta filtered X-ray 
beam is not usually on the correction list of these instruments 
and kVp and HVL measurements can end up with significant 
errors. To achieve a good signal-to-noise ratio (SNR), the pulse 
width can also vary. The technologist operating the fluoroscopic 
system does not need to change any of these settings since the 
system comes with preprogramed protocols for virtually every 
possible application. These typically provide an optimal image 
brightness and contrast; nonetheless, one can keep the chosen 
 exposure rate level by changing practically every input param-
eter of the machine, including kVp, mA, pps, pulse width, X-ray 
beam  filtration. ESE to the patient can be reduced by high fil-
tration of the X-ray beam, low mA, and higher kVp. Table 27.2 
shows the dependence of the stabilized exposure rate on the 
FOV and the fluoroscopic input parameters for a low exposure 
rate setting.

For a high exposure rate level option, less X-ray beam filtration 
is used and lower kVp, as can be seen in Table 27.3 (settings and 
measuring conditions are the same as for Table 27.2).

From Tables 27.2 and 27.3, one can observe that, by changing 
the dose level options, the exposure rate has changed by approxi-
mately an order of magnitude.

27.2.3  Image Quality of Multipurpose 
Fluoroscopic Systems

Newer multipurpose fluoroscopic systems feature an increased 
number of magnification modes, depending on the size of the FPD. 
As mentioned above, the Siemens 48 × 48 cm2 FPD can have a 
magnification appropriate for FOVs of 48 × 48 cm2, 42 × 42 cm2, 
32 × 32 cm2, 22 × 22 cm2, 16 × 16 cm2, and 11 × 11 cm2. The 
limiting spatial resolution for each FOV is shown in Table 27.4.

In Table 27.4, it can be seen that, once the system reaches max-
imum spatial resolution, that is, reaches the Nyquist frequency 
for a given FPD sampling rate, further magnification will not 
improve the spatial resolution. For the Siemens FPD, the Nyquist 
frequency is 3.4 lp/mm. Table 27.4 results are within the mea-
surement error. The lower spatial resolution for larger field sizes 
is the result of binning pixels together to lower the quantum noise 
and increase the SNR. Once, by increasing magnification, the 
spatial resolution limit has been reached, a further increase of the 
magnification will result in a higher dose per pixel to maintain 
the SNR. This will lead to increased patient ESE without obtain-
ing more detail in the image.

27.3 Mobile Fluoroscopy Devices

27.3.1 Mobile C-Arms

Mobile C-arms are mobile fluoroscopic systems mainly used in 
intensive care units and operating rooms [2]. They can be used 
in a multitude of applications like intraoperative, orthopedic, and 
trauma, and the most advanced units can perform interventional 
radiology, vascular applications, neurosurgery, craniomaxillofa-
cial surgery, and interventions on the spine. The shift to use more 
and more laparoscopic types of surgery makes the use of fluoro-
scopic systems in operating rooms practically permanent. Since 
surgeons do not diagnose based on images, they do not normally 
need high-quality images. Their surgery instruments are clearly 
visible on the images so they mostly need fluoroscopic X-ray 
beams. The radiographic X-ray mode is very seldom used. The 
exceptions to this rule are when high-precision intervention is 
applied on the patient, such as for the spine or for some orthope-
dic cases, or when the system supports angiography applications 
like digitally subtracted angiography (DSA). Then the user will 
need higher quality image sequences. Since surgeons use a short 
beam-on time per procedure, and because of the large size of the 

TABLE 27.2

Data for Siemans Artis Zee Multipurpose Fluoroscopic Device, 
Tube Under the Table

Field 
Size 
(cm)

Exposure 
Rate 

(mR/min)

Pulse 
Rate 
(pps)

mR/
Frame kVp mA

Pulse 
Width 
(ms)

Cu 
Filter 
(mm)

48 0.09 7.5 0.21 86.7 36.0 3.5 0.9

42 0.09 7.5 0.20 86.7 35.8 3.5 0.9

32 0.14 7.5 0.32 86.7 59.7 3.5 0.9

22 0.20 7.5 0.47 86.7 93.6 3.4 0.9

16 0.31 7.5 0.71 86.7 95.6 5.4 0.9

11 0.43 7.5 0.99 86.7 96.7 7.8 0.9

The tabletop exposure rate was measured. Measuring conditions: 20 cm 
PMMA Phantom used, FID = 100 cm, FCD = 70 cm. The table shows an 
extremely low tabletop exposure rate using a highly filtered X-ray beam 
(0.9 mm Cu) and high kVp (86.7) for a relatively small phantom thickness.

TABLE 27.4

Variation of the Spatial Resolution 
with Magnification Using an 
Angio Protocol with 10 pps at a 
High Exposure Rate Level

Field Size (cm) lp/mm

48 1.80

42 2.00

32 2.80

22 3.55

16 3.55

11 3.55

TABLE 27.3

Data for a High Contrast Fluoroscopic X-ray Beam

Field 
Size 
(cm)

Exposure 
Rate 

(mR/min)

Pulse 
Rate 
(pps)

mR/
Frame kVp mA

Pulse 
Width 
(ms)

Cu 
Filter 
(mm)

48 1.20 15 1.3 70.0 95.0 4.3 0.2

42 0.99 15 1.17 68.4 96.6 6.2 0.3

32 1.45 15 1.76 68.4 111 8.2 0.3

22 2.29 15 2.54 68.4 163 8.2 0.3

16 3.20 15 3.79 68.8 241.5 8.3 0.3

11 4.84 15 5.92 70.5 242 8.3 0.2

The higher tabletop exposure rate using a less filtered X-ray beam (0.2–
0.3 mm Cu) and lower kVp value (68.4–70.0) is apparent. It can be seen that 
the current can go up to almost 250 mA. Pulse width is increasing during 
magnification mode to keep the signal-to-noise ratio (SNR) constant.
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operating rooms, most of the operating rooms are not shielded. 
Only newer operating rooms that have a permanent fluoroscopic 
system installed are usually shielded. The most popular C-arms on 
the market are manufactured by Philips, Siemens, Ziehm Imaging, 
and GE. Philips offers C-arms with both types of image receptor: 
the Veradius with FPD and the BV Pulsera with image intensifier. 
Siemens manufactures the “Cios” mobile C-arm, featured both 
with FPD—the “Cios Alfa”—and image intensifier—the “Cios 
Arcadis Orbic 3D, and Cios Select. GE and Toshiba only offer 
image intensifier-equipped mobile C-arms. GE manufactures the 
OEC 9900 Elite and OEC 9800 Plus models while Toshiba pro-
duces the Surginix and the Clearscope, although the latter might 
not be available in every country because of health authority 
approval or market saturation considerations. Exhaustive techni-
cal details can be found on the manufacturers’ websites.

• Philips—http://www.usa.philips.com/healthcare/
product/HC718131/veradius-neo-mobile-c-arm-flat-
detector (consulted April 2017) and http://www.philips.
ca/healthcare/product/HC718095/mobile-c-arm-with-
image-intensifier-bv-pulsera (consulted April 2017)

• Ziehm—https://www.ziehm.com/us/ (consulted April 
2017)

• Siemens—https://www.healthcare.siemens.com/surgi-
cal-c-arms-and-navigation/mobile-c-arms (consulted 
April 2017)

• GE—http://www3.gehealthcare.com/en/products/ 
categories/surgical_imaging/oec_c-arms (consulted April 
2017)

• Toshiba—http://www.toshibamedicalsystems.com/ 
products/xray/mc/index.html (consulted April 2017)

27.3.1.1  Technical and Functional Description of the 
Mobile C-Arm Fluoroscopic System

These devices are all wheel-mounted and made of two sepa-
rate units: the C-arm itself and the control unit with the display 
monitors. The two pieces are linked with a detachable cable. The 
C-arm operates on relatively low power and can be plugged into 
standard power wall outlets. Most image intensifier-equipped 
C-arms have imaging detectors of 20 cm (some with 9”, 23 cm) 
and 30 cm diameter FOV, while the FPD equipped image intensi-
fiers have a 20 × 20 cm2 and 30 × 30 cm2 FOV. Larger detectors 
would be impractical because they would interfere with the activ-
ity of the surgeons and the operating room personnel, without 
adding more useful information. The C-arm itself can rotate in 
two planes: RAO/LAO and CRA/CAU. The height of the isocen-
ter is adjustable. Older models equipped with image intensifiers 
can work in continuous X-ray fluoroscopic mode and pulsed fluo-
roscopic mode [4]. Newer units equipped with FPDs usually fea-
ture only the pulsed fluoroscopic mode, typically between 3 and 
15 pps, but if the mobile C-arm has cardio options, the pulse rate 
can go up to 30 pps. Some advanced models, such as the Siemens 
Cios Alfa, can go as low as 0.5 pps. The X-ray tubes of the higher 
end mobile C-arms have a rotating anode for better heat manage-
ment and a remarkable 0.3/0.6 mm focus size. Since the size of 
the imaging detector is limited, there are only three FOVs and 
three corresponding magnification modes: a 30 × 30 cm2 FPD 

will typically have 30 × 30 cm2, 20 × 20 cm2, and 15 × 15 cm2 
field sizes. The corresponding size image intensifier will have 
12″ = 30 cm, 9″ = 23 cm, and 7″ = 18 cm diameter field sizes. 
For safety reasons, beam-on is signaled acoustically and visually 
to the personnel in the room. Additionally, if the high-grade fluo-
roscopic X-ray beam is on, the acoustic signal becomes faster to 
make the user aware of the higher exposure rate use. All mobile 
C-arm fluoroscopic systems can acquire radiographic quality 
images either as spot images or image sequences at different 
frame rates. The most advanced FPD equipped mobile C-arms, 
like Ziehm Vision RFD 3D, can perform cone beam CT imag-
ing. See more details at: https:// www.ziehm.com/uploads/media/
US_ZiehmVisionRFD3D_brochure_2017-03-31.pdf (consulted 
April 2017). This cone beam CT imaging feature is also offered 
by Siemens Arcadis Orbic 3D; however, this one is equipped with 
an image intensifier—see Figure 27.7.

Since it was demonstrated that cone beam CT perfusion imag-
ing is not inferior to multidetector CT perfusion [10] imaging, cone 
beam CT-based perfusion imaging is becoming more and more 
common on the more recent and more advanced mobile C-arms.

A typical FPD equipped C-arm fluoroscopic system is shown 
in Figure 27.8.

27.3.1.2  Dose Considerations of the Mobile C-Arm 
Fluoroscopic System

Most mobile C-arms feature a low exposure rate mode (in the 
case of GE OEC 9900, it represents 50% of the normal expo-
sure rate, regardless of whether it is continuous or pulsed) and a 
high exposure rate mode (High Grade Fluoro). The high-grade 
fluoroscopic mode provides, in some models, up to roughly six 
times the exposure rate provided in the normal fluoroscopic 
mode. Table 27.5 shows the dependence of the exposure rate on 
the magnification and the dose level option for a GE OEC 9900.

The newer editions of mobile C-arm fluoroscopic systems, 
equipped with a FPD, demonstrate a better detection efficiency, so 
the high-grade fluoroscopic mode does not need to be more than 
2.5× the normal fluoroscopic mode, as can be seen in Table 27.6.

The newest mobile C-arms equipped with FPDs are using 
iterative noise reduction software that can lead to an up to 50% 
patient ESE reduction. Also, the newest ones are equipped 
with removable anti-scatter grids, which can produce a similar 
patient ESE reduction. There are studies that demonstrate that 
mobile FPD equipped C-arms deliver a significantly lower dose 
to the patient for peripherally-inserted central catheter arrange-
ments than a conventional angiography machine [9].

27.3.1.3  Image Quality of Mobile C-Arm 
Fluoroscopic Systems

Mobile C-arm fluoroscopic systems have a similar spatial reso-
lution to remote fluoroscopic systems or multipurpose systems. 
The limiting spatial resolution of the FPD equipped mobile 
C-arms is determined by the Nyquist frequency corresponding 
to the flat panel pixel size. For the Ziehm Vision RFD and the 
Siemens Cios Alfa, the pixel size is 194 µm and the correspond-
ing Nyquist frequency is 2.6 lp/mm. However, on the display 
monitor, after image post processing, the acquisition mode can 
reach a limiting spatial resolution of 3.1 lp/mm. The Philips 

http://www.usa.philips.com/healthcare/product/HC718131/veradius-neo-mobile-c-arm-flat-detector
http://www.usa.philips.com/healthcare/product/HC718131/veradius-neo-mobile-c-arm-flat-detector
http://www.usa.philips.com/healthcare/product/HC718131/veradius-neo-mobile-c-arm-flat-detector
http://www.philips.ca/healthcare/product/HC718095/mobile-c-arm-with-image-intensifier-bv-pulsera
http://www.philips.ca/healthcare/product/HC718095/mobile-c-arm-with-image-intensifier-bv-pulsera
http://www.philips.ca/healthcare/product/HC718095/mobile-c-arm-with-image-intensifier-bv-pulsera
https://www.ziehm.com/us/
https://www.healthcare.siemens.com/surgical-c-arms-and-navigation/mobile-c-arms
https://www.healthcare.siemens.com/surgical-c-arms-and-navigation/mobile-c-arms
http://www3.gehealthcare.com/en/products/categories/surgical_imaging/oec_c-arms
http://www3.gehealthcare.com/en/products/categories/surgical_imaging/oec_c-arms
http://www.toshibamedicalsystems.com/products/xray/mc/index.html
http://www.toshibamedicalsystems.com/products/xray/mc/index.html
https://www.ziehm.com/uploads/media/US_ZiehmVisionRFD3D_brochure_2017-03-31.pdf
https://www.ziehm.com/uploads/media/US_ZiehmVisionRFD3D_brochure_2017-03-31.pdf


553Clinical Fluoroscopy Units

FIGURE 27.7 Siemens Arcadis Orbic 3D. One can observe the main components of the C-arm and the command post with the two monitors: one for the real-
time fluoroscopic/radioscopic image, and the other for the last-image hold, the recorded radioscopic image sequence, and the cone beam CT sequence replay.

FIGURE 27.8 The Siemens Cios Alfa is a typical FPD-equipped mobile C-arm. The small size of the FPD compared with an image intensifier can sub-
stantially increase the free space between the tube and the imaging detector.
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Veradius has a slightly smaller pixel size of 184 µm and a cor-
responding slightly higher Nyquist frequency of 2.7 lp/mm. The 
SNRs achieved on all FOVs are remarkably good, especially 
given the low power consumption.

27.3.2 Mobile Mini C-Arms

Mini C-arms are very versatile fluoroscopic systems, with applica-
tions limited to orthopedic and pediatric cases. Their maximum 
FOV is 15 cm. They are very light and can be positioned eas-
ily. The model shown in Figure 27.9 is an older model from GE 
equipped with an image intensifier. Given the very close distance 
between the X-ray tube and the image detector, the exposure rate 
is extremely low: in the order of µR/min. These devices usually 
provide two FOVs and, because there cannot be a large variation of 
tissue thickness imaged, there are no different dose level options. 
Having a very small FOV, the spatial resolution of the mini C-arms 
is slightly higher than their larger peers, going up to 4 lp/mm.

27.3.3 Mobile O-Arms

This type of mobile fluoroscopic system is designed for guidance 
in high-precision surgery, where 3D views of the pathology are 
very important. Head or spine trauma patients or neurosurgery 
can also benefit from 3D images during treatment.

27.3.3.1  Technical and Functional Description of the 
O-Arm Fluoroscopic System

This mobile unit is another, rather specialized, type of mobile 
fluoroscopic system, used mainly in operating rooms. It is a 

fully motorized device, made to acquire real-time 2D/3D images 
through cone beam CT acquisition on a FPD. The imaging pan-
els revolve inside a ring opposite to the X-ray tube. Figure 27.10 
shows an O-arm in closed position.

The O-ring can be opened to enable positioning of the patient 
on the table inside the O-ring. After closing the ring around the 
table with the patient, the system can be positioned over the treat-
ment site in an optimal imaging position by moving the ring up 
and down or side-to-side. This imaging positioning process is 
facilitated using a static, fluoroscopic beam delivered by the X-ray 
tube. The ring can also be tilted in both directions if the acquisi-
tion plane needs to be other than perpendicular on the table axis.

27.3.3.2  Dose Considerations of the O-Arm 
Fluoroscopic System

O-arms are designed mainly to acquire 3D images and use 2D 
images only for positioning purposes. They also come with a 

TABLE 27.5

Exposure Rates of Mobile C-Arm Fluoroscopic Systems in 
Different Operating Modes

Magnification 
Mode

Normal
Exposure 

Rate (R/min)

Low Dose
Exposure 

Rate (R/min)

High Grade
Exposure Rate 

(R/min)

N 0.815 0.377 5.298

M1 1.383 0.548 8.248

M2 1.712 0.910 9.491

The data show that the low dose was constantly around 50% of the normal 
dose setting, and the high-grade exposure rate is around six times the normal 
exposure rate. Acquisition parameters were: 18 cm PMMA phantom, 
FID = 100 cm, FCD = 68 cm, with 8 pps settings.

TABLE 27.6

Data Acquired from a Philips Veradius C-Arm Equipped with a 
Flat Panel Detector

Normal Fluoro Hi Grade Fluoro
Field of View (cm) Exposure Rate (R/min) Exposure Rate (R/min)

27 0.37 0.86

18 0.44 1.1

13 0.59 1.38

FID = 100 cm, FCD = 72 cm, with high quality (HQ) and 8 pps settings. An 
18 cm PMMA phantom was used.

FIGURE 27.9 A GE mini C-arm fluoroscopic system.
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“standard-dose mode” and a “low-dose mode,” which limits the 
dose to the patient to 50% of the standard dose mode.

Physicians need to be made aware that this mobile fluoroscopic 
system is not just another mobile fluoroscopic device and use it 
as such. The limited way the table can be adjusted inside the ring 
between the X-ray tube and the imaging detector diametrically 
opposed can lead to very significant ESE to the patient compared 
to an ordinary mobile C-arm, where the imaging detector can be 
placed right next to the patient.

27.4 Interventional Fluoroscopy

Interventional fluoroscopy is arguably the most important appli-
cation of fluoroscopy. It is applied for treatment of the whole vas-
cular system, the heart, and for the treatment of some types of 
cancer delivering drugs through blood vessels right into the tumor. 
Interventional fluoroscopy is applied to the heart, typically in a 
so-called “Cardio Catheterization Suite.” Fluoroscopy for pacing 
and recording electrodes placed in the heart to stimulate and mea-
sure electrical properties is performed in the so-called “Cardio 
Electrophysiology Laboratory.” Any other vascular pathology is 
dealt with in the “Peripheral Angiography Suites [2].”

27.4.1 Peripheral Angiography Suites

These types of units are offered by the main players in the medi-
cal imaging equipment field: Siemens, Toshiba, and GE. Siemens 

offers the Artis Zee suite, which essentially has the same graphic 
user interface as the multipurpose Artis Zee and shares most of 
the components used in that type of device. For more techni-
cal details, visit the Siemens website: https://www.healthcare.
siemens.com/angio/artis-interventional-angiography-systems/
artis-zee/technical-details (consulted April 2017). GE offers the 
Innova IGS 540/530/330 angiographic suite. More details can 
be found on the site http://www3.gehealthcare.com/en/prod-
ucts/categories/interventional_image_guided_systems/igs_for_
interventional_radiology_and_oncology (consulted April 2017).

Toshiba offers a multitude of versions of the Infinix-i—the 
 single plane model is Infinix-i Sky+ and the biplane model 
is Infinix CF-i/BP. Further details can be found at: https://
medical.toshiba.com/products/angiography/infinix-i-sky-plus/ 
( consulted April 2017) and https://medical.toshiba.com/products/
angiography/infinix-i-biplane/ (consulted April 2017).

27.4.1.1  Technical and Functional Description 
of Peripheral Angiography Suites

Peripheral angiography is used for any blood vessel in the body 
outside the heart [4]. This fluoroscopic system (X-ray tube and 
image detector) is also mounted on a C-arm, which in turn can be 
mounted on the floor or on the ceiling—see Figure 27.11. These 
C-arms are mostly floor-mounted because most  manufacturing 
companies also offer biplane angiographic suites and the sec-
ond C-arm is always ceiling-mounted. Of course, they can 
offer the ceiling-mounted C-arm as a standalone single plane 

FIGURE 27.10 The O-arm can fit inside the ring a radiographic table with the patient. The inset picture shows the O-arm open.

https://www.healthcare.siemens.com/angio/artis-interventional-angiography-systems/artis-zee/technical-details
https://www.healthcare.siemens.com/angio/artis-interventional-angiography-systems/artis-zee/technical-details
https://www.healthcare.siemens.com/angio/artis-interventional-angiography-systems/artis-zee/technical-details
http://www3.gehealthcare.com/en/products/categories/interventional_image_guided_systems/igs_for_interventional_radiology_and_oncology
http://www3.gehealthcare.com/en/products/categories/interventional_image_guided_systems/igs_for_interventional_radiology_and_oncology
http://www3.gehealthcare.com/en/products/categories/interventional_image_guided_systems/igs_for_interventional_radiology_and_oncology
https://medical.toshiba.com/products/angiography/infinix-i-sky-plus/
https://medical.toshiba.com/products/angiography/infinix-i-sky-plus/
https://medical.toshiba.com/products/angiography/infinix-i-biplane/
https://medical.toshiba.com/products/angiography/infinix-i-biplane/
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FIGURE 27.12 The Toshiba Infinix CF-i/BP biplane peripheral angiographic suite.

FIGURE 27.11 The Siemens Artis Zee single plane peripheral angiographic suite.
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angio-suite. Biplane angiographic suites are two completely 
independent imaging chains with two C-arms, generators, tubes, 
fluoroscopic detectors—see Figure 27.12. One of the C-arms is 
 ceiling-mounted, usually the lateral C-arm, which can be swung 
out when only a single plane treatment is needed. The other, usu-
ally antero-posterior (AP), C-arm is floor-mounted. The two, 
independent X-ray tube–detector systems can work simultane-
ously, taking orthogonal views or any oblique view of the region 
of interest with a single injection of the contrast material. During 
biplane angiography, to avoid cross talking between the two fluo-
roscopic systems, the pulse sequence is adjusted in such a way 
that the imaging system of one C-arm will not record the scat-
tered radiation of the other C-arm system. Biplane angiography 
suites are mainly used in complex cases of neuro angiography.

The angiographic table cannot be rotated but its height can 
be adjusted and it can be translated longitudinally and laterally, 
allowing the patient to be imaged head-to-toe. The C-arm can 
also be translated over the entire length of the stationary table, 
and can be rotated to offer RAO/LAO views and tilted to offer 
CRA/CAU views. In general, the dimensions of the imaging 
detector for peripheral angiography can go up to 48 cm, but for 
neuro angiography these are limited to 30 cm. Angiography 
suites are equipped with multiple display monitors, which can 
separately display the live fluoroscopic image, the last image 
hold, record live images, the last record image sequence, and in 
some cases, the patient vital signs. Newer models use one com-
prehensive display that can be custom-divided for the different 
functions as per radiologists’ preference. Because interventional 
angiography always uses iodine contrast media, these suites are 
equipped with power injectors, which can be ceiling-mounted or 
table-mounted. Because of the small size of the objects to be visu-
alized, peripheral angiography suites are implemented with more, 
or similar, magnification modes than multipurpose fluoroscopic 
units. One of the newer FPD-equipped models has magnification 
modes corresponding to six FOVs including 48 × 48 cm, 42 × 42 
cm, 32 × 32 cm, 22 × 22 cm, 16 × 16 cm and 11 × 11 cm.

The lateral detector in biplane angiographic systems is usually 
smaller than the AP detector, which will offer less magnification 
modes than the AP detector.

Biplane angiographic suites can present a patient radioprotec-
tion issue. If both planes are used, the table must be positioned 
in such a way that the patient is in the lateral X-ray beam. This 
means that the height of the table is fixed, regardless of whether 
this position is ideal from a patient radioprotection point of view 
in the AP direction or not (if it is at the closest point to the image 
detector). To provide more flexibility to handle the patient radio-
protection problem, it is preferable to have a variable-height 
lateral C-arm, where the table height can be adjusted according 
to patient size to the closest position to the AP detector, while 
the lateral C-arm can be raised accordingly. In very long cases, 
this feature can save significant ESE to the patient. The Toshiba 
Infinix CF-i/BP has this feature.

To save ESE to the patient, most peripheral angiographic 
devices are using heavily filtered X-ray beams with up to 1 mm Cu 
filter. During the imaging process, these filters can be dynamically 
changed in real time when the imaged thickness of the patient 
changes. To maintain a constant SNR during different procedures, 
the automatic exposure rate control (AERC) can simultaneously 
adjust the mA, the kVp, and pulse width in real time [6,8,14].

Practically all new angiographic fluoroscopy devices equipped 
with a FPD are provided with a cone beam CT capability [10]. 
This feature helps the radiologist to visualize the digitally sub-
tracted blood vessels in 3D, even rotate them in space to arrive at 
a cross-section in any desired plane. If this feature is applied in 
a biplane C-arm suite, the lateral C-arm is swung out and the AP 
C-arm will perform the rotational image acquisition.

Angiographic studies do not need extreme pulse rates. The 
common pulse rates applied to angiographic imaging are: 3, 7.5, 
10, and 15 pps. These pulse rate options adequately cover all 
non-cardio applications.

27.4.1.2  Dose Considerations of Peripheral 
Angiography Systems

In general, interventional fluoroscopy is the highest dose-to-
patient modality in X-ray based imaging [7,13]. Therefore, 
besides image quality, patient ESE is the main issue the manu-
facturers must address. Since a single angiographic study—espe-
cially a neuro angiographic study—can take more than an hour 
fluoroscopic beam-on time, and additionally several radiographic 
image acquisition sequences, each type of study is preprogramed 
to minimize the ESE to the patient. Protocols are set up for small 
patients, medium sized patients, and large patients, or low-dose 
fluoro, medium-dose fluoro, and high-dose fluoro. Each type of 
protocol defines the pulse rate for the appropriate procedure and 
the AERC will adjust the other parameters to keep the ESE to the 
patient as low as possible while keeping the image SNR to the 
optimal level. Table 27.7 shows how the exposure rate depends 
on the FOV and the dose level setting.

There is a significant dose penalty for using higher magnifica-
tion modes. The ESE of the patient increases by a factor of five 
at the highest magnification mode. Hence, the radiologist should 
be aware of these dose penalties. If the duration of the investiga-
tion is long and requires many radiographic image acquisition 
sequences, it is imperative that the beam-on time, on magnifica-
tion modes, is kept as short as possible.

In some special cases, when the imaged volume is smaller— 
like neuro angiography cases—the anti-scatter grid can be 
removed, saving up to 50% ESE to the patient.

27.4.1.3  Image Quality of Peripheral 
Angiographic Fluoroscopic Systems

The spatial resolution of the angiographic fluoroscopic systems, 
at the highest magnification mode, is 3.4 lp/mm, limited by the 
Nyquist frequency. This gives the radiologist the opportunity to 
follow the catheter inside the blood vessels and to discern smaller 
blood vessels in digitally subtracted image sequences which 
have radiographic image quality. As discussed in the multipur-
pose paragraph, the largest magnification modes are not always 
capable of offering better spatial resolution than the smaller ones 
because of the limits imposed by the FPD pixel size.

27.4.2 Robotic Arm Angiography Suites

From the X-ray imaging point of view, there is no fundamental 
difference between a robotic arm angiographic unit and a ceil-
ing/floor mount C-arm angiographic unit, as seen in Figure 27.13. 
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Both are indeed C-arms but, from a mechanical point of view, the 
robotic arm has more degrees of freedom and can position the 
C-arm in multiple ways to decrease the chance that equipment is 
in the way of the radiologist or technologist. This type of installa-
tion is offered only by Siemens, and the model is called Siemens 
Artis Zeego. More technical specifications can be found at: 
https://www.medimagingsales.com/wp-content/uploads/2014/11/
Siemens-Artis-Zeego-Tech-Specs.pdf (consulted April 2017).

27.4.3  Cardiology Catheterization Suites

The main player in this field is Philips, who offers models such 
as the Philips Allura Xper FD10/FD20, Azurion 7/3. More 

details can be found at the site: http://www.usa.philips.com/
healthcare/solutions/interventional-xray/percutaneous-coronary-
intervention#Systems (consulted April 2017).

27.4.3.1  Technical and Functional Description 
of the Cardio Catheterization Suites

Cardio catheterization suites or laboratories are very simi-
lar to the angiographic suites. Any differences lie in technical 
details. The image detectors are smaller than the angiographic 
detectors because the volume of the heart needs a smaller FOV, 
20 cm, as can be seen in Figure 27.14. This has the consequence 
that there  will be fewer magnification modes, typically three, 

FIGURE 27.13 An angiographic C-arm suite mounted on a robotic arm.

TABLE 27.7

Exposure Rate Variation in a Neuro-Angiography Protocol as a Function of Field of View (FOV) and Dose Level Setting on a Siemens 
Artis Zee Angiographic Suite

Low Dose Medium Dose High Dose

Field 
Size
(cm)

Exposure 
Rate

(R/min)

Pulse 
Rate 
(pps)

Pulse 
Width 
(ms)

Cu 
Filter 
(mm)

Exposure 
Rate

(R/min)

Pulse 
Rate 
(pps)

Pulse 
Width 
(ms)

Cu 
Filter 
(mm)

Exposure 
Rate

(R/min)

Pulse 
Rate 
(pps)

Pulse 
Width 
(ms)

Cu 
Filter 
(mm)

48 0.13 7.5 3.4 0.9 0.32 10 9.2 0.6 0.98 15 5.8 0.3

42 0.13 7.5 3.4 0.9 0.33 10 9.2 0.6 1.03 15 5.9 0.3

32 0.19 7.5 4.8 0.9 0.46 10 13.2 0.6 1.45 15 8.4 0.3

22 0.26 7.5 6.9 0.9 0.67 10 19.5 0.6 2.07 15 12.1 0.3

16 0.4 7.5 10.9 0.9 0.98 10 25.4 0.6 3.08 15 18.5 0.3

11 0.63 7.5 17.6 0.9 1.54 10 25.5 0.6 4.82 15 25.3 0.3

Measurement parameters: FID = 100 cm, FCD = 70 cm, 20 cm PMMA phantom. Aside from the pulse rate, which is set initially in the protocol, all other 
X-ray beam parameters—including mA and kVp, not shown in the table—are dynamically adjusted by the AERC.

https://www.medimagingsales.com/wp-content/uploads/2014/11/Siemens-Artis-Zeego-Tech-Specs.pdf
https://www.medimagingsales.com/wp-content/uploads/2014/11/Siemens-Artis-Zeego-Tech-Specs.pdf
http://www.usa.philips.com/healthcare/solutions/interventional-xray/percutaneous-coronary-intervention#Systems
http://www.usa.philips.com/healthcare/solutions/interventional-xray/percutaneous-coronary-intervention#Systems
http://www.usa.philips.com/healthcare/solutions/interventional-xray/percutaneous-coronary-intervention#Systems
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 corresponding to the three FOVs: in case of FPD, 25 × 25  cm, 
20 × 20 cm and 15 × 15 cm. The smaller size permits a more 
extended flexibility for movement of the C-arm on which 
the detector is attached. Another difference between the cath-
eterization laboratories and angiographic suites are the pulse 
rates used. While in angiographic suites the maximum pulse 
rate is 15 pps, in catheterization suites the pulse rate can go 
up to 30 pps or 60 pps, to eliminate image lag to capture, for 
example, heartbeat. This implies that the FPD can receive 
radiographic image quality acquisition sequences of 60 frames 
per second. Cardiac catheterization suites sometimes contain 
biplane systems that can provide the cardiologist with a better 
view of the heart with a single injection of the contrast material. 
The suite itself is also equipped with a series of heart monitor-
ing systems which are simultaneously displayed, side-by-side, 
with the X-ray images.

27.4.3.2  Dose Considerations of the Cardiac 
Catheterization Systems

As for the angiographic suites, the cardio catheterization suites 
are preloaded with protocols which pre-establish most of the 
parameters of the X-ray beam. They also feature three ESE levels 
corresponding to three patient sizes: small, medium, and large. 
The AERC can change the mA, kVp, pulse width, and the Cu filter 
thickness during the procedure. Except neuro  angiography, car-
dio catheterization procedures tend to be longer than  peripheral 
angiography procedures and additional  precautions need to be 
taken to avoid patient skin injuries. In their more recent  models, 
most manufacturers provide software that can denoise the fluo-
roscopic images and offer the same image  quality at half of the 
exposure rate of the former versions [3].

One of the more successful implementations of this type of 
software is the Philips ClarityIQ [12]. This software is described 
as performing the following corrections in real-time: (1) patient 
or accidental table motion on live images; (2) noise and artifacts 
on moving structures and objects; (3)  image enhancement and 
the sharpening of edges. With image processing, a lower patient 
dose is required to create an image that is comparable in image 
quality to an image created without image processing at higher 
patient dose levels.

The following image processing technology is used in 
ClarityIQ: (1) real-time pixel shift (P) with automatic motion 
control (AMC); (2) motion compensation (M); (3) noise reduc-
tion (N); (4) image enhancement (I).

27.4.3.2.1  Real-Time Pixel Shift with 
Automatic Motion Control

In DSA procedures, subtraction is done to enhance visualization 
of vessels by removing disturbing background structures like 
soft tissue or bones from the image. Real-time pixel shift aligns 
images with each other before subtraction, so that fewer motion 
artifacts will appear. The AlluraClarity system performs pixel 
shifting automatically and in real time using the AMC feature. 
The AMC feature compares images taken prior to injection (mask 
image) with images containing contrasted vessels (live image or 
contrast image). AMC finds the optimal alignment with sub-pixel 
accuracy before subtraction. AMC is performed on every single 
image in the run—fully automatically, in real time—without 
requiring any user interaction.

These techniques lead to a reduction of subtraction artifacts 
and produce a better starting image for additional image process-
ing elements to act upon, which allows, for instance, stronger 
noise reduction and contrast enhancement.

FIGURE 27.14 The Philips Allura FD20 Cardiac Catheterization Laboratory.
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27.4.3.2.2 Noise Reduction Techniques

Noise is a random phenomenon. Noise reduction first makes a 
distinction between the random nature of the noise and the more-
or-less constant signal for X-ray absorption of the anatomy and 
objects, such as catheters or coils. The different characteristics 
between noise and signal are used to filter out a large part of the 
noise. This results in enhanced image quality. Noise reduction 
consists of both temporal and spatial noise reduction. Temporal 
noise reduction refers to processing that is carried out over time, 
over subsequent images, while spatial noise reduction refers to 
processing carried out over an area within one image. The algo-
rithms distinguish between signal/objects and noise. As noise 
is random, it can be reduced by averaging pixel intensity over 
multiple pixels in time or in space, termed filtering. The filtering 
algorithms applied are adaptive, meaning they perform differ-
ent operations on noise than they do on real signal, for example, 
from a vessel or catheter.

27.4.3.2.2.1 Temporal Noise Reduction Temporal noise reduc-
tion reduces noise by averaging several frames over time: the more 
frames that are averaged, the higher the noise reduction. The SNR 
is increased by approximately the square root of the number of 
frames averaged (=√n). That is, if 16 frames are averaged (n = 16), 
the SNR would be increased by a factor of four. When motion is 
detected, the temporal filter is switched off in the region of the 
image where motion is detected. This prevents “ghosting,” but at 
the same time, it reduces the number of frames that can be used 
for temporal noise reduction in the presence of motion. Some algo-
rithms offer a motion compensation feature that registers the mov-
ing structures before averaging, so that more frames can be used 
and stronger temporal filtering can be applied.

27.4.3.2.2.2 Spatial Noise Reduction Spatial noise reduction 
finds the noise within a single image and filters out the noise 
pixel by pixel, by averaging it with the pixels surrounding it in 
its so-called neighborhood. For (potentially) clinically relevant 
features, the averaging adapts to structures, such as vessels and 
guide wires, to avoid blurring. When performing spatial noise 
reduction, it takes a significant processing power to average the 
neighborhood for every single pixel in the image. These process-
ing power requirements increase with the square of the size of 
the neighborhood. Since more surrounding pixels are used for 
averaging, more noise is reduced. Considering a larger neighbor-
hood also makes it possible to identify clinically relevant struc-
tures with greater specificity, so that stronger spatial filtering can 
be applied with less blurring of the signal.

27.4.3.2.3 Image Enhancement

The algorithm performs edge enhancement, contrast enhance-
ment, harmonization (reducing background contrast), brightness 
control, and other image enhancements. Image enhancement 
has a limited effect on the objective image quality, as it 
mainly enhances subjective image quality. It allows images to 
be adapted to the user’s preference and experience. Some users 
like very sharp images, while others prefer high contrast or low 
noise images. If one of the attributes is enhanced, the others are 
automatically reduced. Image enhancement makes use of spatial 
frequencies. Typical technology usually makes use of advanced 

algorithms to apply more powerful enhancements across all fre-
quencies. This greatly enhances the visualization of small details 
for applications such as neuroradiology.

Additionally, for cardiac fluoroscopy, the dose reduction in 
the AlluraClarity system is achieved by using a highly filtered 
X-ray beam created by, for example, the use of a 0.4 mm Cu fil-
ter. When copper filtration is used, 1 mm of aluminum is also 
used, which is roughly equal to an additional 0.1 mm of cop-
per. A radiation quality of 0.4 mm Cu, in reality, corresponds to 
1 mm Al + 0.4 mm Cu = 0.5 mm Cu equivalent.

For neuro DSA exposure, the AlluraClarity system uses a 
reduced tube current instead of high copper filtration. This makes 
the use of the small focal spot of the tube possible. In addition, 
the lower tube current delivers a correspondingly lower exposure 
rate, typically half of the exposure rates of the non AlluraClarity 
systems. The main advantage of using a small focal spot is the 
increased sharpness of the image, which is very important when 
visualizing tiny cerebral vasculature.

27.4.4 Cardio Electrophysiology Laboratory

A cardio electrophysiology laboratory is very similar to a cardio 
catheterization laboratory and is used to insert pacemakers and 
recording electrodes into the heart to stimulate and record the 
electrical properties of various cardiac functions. These stud-
ies can also take an extended period, sometimes up to hours, 
so as described in earlier paragraphs, extra precautions need to 
be taken into consideration to avoid patient skin injuries. Also 
because of long cases, cardiologists have the option of using 
special personal X-ray shields, for example, a leaded, ceiling-
mounted cylindrical device with a leaded glass window to allow 
close observation of the patient. This precaution avoids the need 
for them to wear the lead apron for extended periods of time. 
Some electrophysiology laboratories are equipped with two con-
trol rooms to ease monitoring the functional parameters of the 
heart. Advanced electrophysiology laboratories can use remote 
fluoroscopy coupled with high-field strength magnets, which can 
steer the catheters into a target area in the heart with very high 
accuracy.
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28
Physical Basis of X-ray Breast Imaging

Chai Hong Yeong, Kwan Hoong Ng, and Noriah Jamal

28.1 Introduction

Mammography is a specialized medical imaging that uses low 
energy X-rays to examine the human breast. A radiograph of the 
breast is called a mammogram (see also Section II, Chapter 19 
of this book). The goal of mammography is the early detection 
of breast cancer, typically through detection of characteristic 
masses, microcalcifications, and architectural distortions of the 
breast structure. In some countries, mammography is used for 
breast-screening programs for women in the higher risk groups.

The small X-ray attenuation differences between normal 
and cancerous tissues in the breast require the use of specially 
designed X-ray equipment and detector systems to optimize 
breast cancer detection. The first X-ray unit dedicated to breast 
imaging was available in 1965 and, very soon after, it became the 
standard practice in breast imaging. The examination was done 
using direct X-ray exposure on the radiographic film (without an 
intensifying screen), hence it involved a high radiation dose, low 
image contrast, and relatively poor sensitivity for breast masses. 
The screen–film system was then introduced to improve detec-
tion efficiency and reduce radiation dose to patients. Like gen-
eral X-ray, mammography underwent the same transition from 
screen–film technology to digital imaging to enhance the overall 
image quality and enable image processing. It is important to 
understand the physical basis of these technologies before opti-
mization of image quality and radiation dose can be achieved. 
This chapter aims to provide the basic principles and fundamen-
tal physics of X-ray breast imaging.

28.2 Physical Characteristics of the Breast

The breast is the tissue overlying the chest (pectoral) muscles. 
A normal breast consists of adipose (fat), fibrous, and glandu-
lar tissues. The function of the glandular tissue is to produce 
milk, whereby the fibrous and adipose tissues provide support 
to the breast and form its shape. The glandular portion of the 
breast consists of 15 to 20 lobes. Within each lobe are smaller 
structures known as lobules, where milk is produced. The milk 
travels through a network of tiny tubes called ducts (about 2.0 
to 4.5 mm in diameter). The ducts connect and come together 
into larger ducts which eventually exit the skin in the nipple. 
The darker area of skin surrounding the nipple is known as the 
areola. Morphologically, the breast is a cone, with the base at the 
chest wall and the apex at the nipple. The superficial tissue layer 
(superficial fascia) is separated from the skin by 0.5 to 2.5 cm 
of subcutaneous fat (adipose tissue). The suspensory Cooper’s 
ligaments are fibrous tissue prolongations that radiate from the 
superficial fascia to the skin envelope. Figure 28.1 shows the ana-
tomical structures of a human breast while Figure 28.2 shows an 
example of a mammographic image of a normal breast.

The shape of the breast is naturally determined by the support 
of the suspensory Cooper’s ligaments, the underlying muscle 
and bone structure of the chest, and by the skin envelope. The 
shape and size of the breasts are influenced by normal life hor-
monal changes (i.e., thelarche, menstruation, pregnancy, meno-
pause) and medical conditions (i.e., virginal breast hypertrophy). 
In mammography, breast compression is necessary to preserve 
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a high quality image with low radiation dose. The compressed 
breast thicknesses typically range between 2 and 11 cm, and the 
skin layer thickness is commonly between 0.5 and 2 mm. The 
radiographic appearance of the breast varies among women and 
reflects the variations in breast tissue composition and the dif-
ferent X-ray attenuation properties of these tissues. Breast epi-
thelium and stroma attenuate X-ray more than fat, hence they 
appear bright on a mammogram while fat appears dark. The 
proportion of the breast that comprises epithelial and connective 

tissue is usually expressed as a percentage of the breast area (i.e., 
percent mammographic density) (Boyd et al. 2010). It is now well 
established that breast density, the amount of glandular tissue in 
the breast, is directly correlated to the risk of developing breast 
cancer (Boyd et al. 1992, Simpson et al. 2005, Ursin et al. 2005, 
Gill et al. 2006, Turashvili et al. 2009). This topic is discussed 
further in Chapter 25.

The atomic composition of a human breast is shown in 
Table 28.1. These data are obtained from a study carried out 
by Hammerstein et  al. (1979) using fresh mastectomy speci-
mens. Breast calcification is a common condition where cal-
cium hydroxyapatite or phosphate deposits within the breast. 
Calcifications usually appear as white spots or flecks on a mam-
mogram but cannot be felt during a breast exam. Although breast 
calcifications are usually benign, certain patterns of calcifica-
tions, such as tight clusters with irregular shape, may indicate 
early breast cancer or precancerous changes to the breast tissue. 
Breast calcifications can be divided into two categories, namely 
macrocalcifications and microcalcifications. Macrocalcifications 
appear as large white dots or dashes on a mammogram and are 
often dispersed randomly within the breast. Macrocalcifications 
are common, especially for the women above 50 years old, and 
are considered noncancerous. Microcalcifications are small cal-
cium deposits that appear like fine, white specks on a mammo-
gram. They are usually noncancerous but, if they appear in a 
certain pattern and are clustered together, they may be a sign of 
precancerous cells or early breast cancer.

28.3  X-ray Attenuation Properties 
of the Breast Tissues

One of the major challenges in X-ray imaging is to reveal micro-
structure information from low contrast resolution images. This 
is especially desired for inherently low contrast breast tissue 
imaging; therefore, the imaging requirements for mammography 
are more demanding than other X-ray examinations. The mam-
mography equipment is designed to produce very high radio-
graphic contrast and spatial resolution so that microcalcifications 
as small as 0.1 mm or less can be visualized.

The linear attenuation coefficients of different types of breast 
tissue are illustrated in Figure 28.3. It can be seen that the lin-
ear attenuation coefficient of cancerous tissue is almost similar 
to glandular tissue, reflecting their similarity in composition. 
However, there are significant differences between the linear 
attenuation coefficients for adipose and glandular tissues, due to 
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FIGURE 28.1 Anatomy of the human breast. (Credits: Patrick J. Lynch, 
medical illustrator and C. Carl Jaffe, cardiologist, with permission.)
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FIGURE 28.2 Example of a mammogram that shows the anatomical 
structures of a normal breast.

TABLE 28.1

Atomic Composition of Various Components of the Breast

Density 
(g/cm3)

Composition (% of Wet Weight)

H C N O

Fat – 11.9 76.4 0.2 11.5

Skin 1.09 9.8 17.8 5.0 66.7

Adipose tissue 0.93 11.2 49.1–69.1 1.7 18.9–35.7

Glandular tissue 1.04 10.2 10.8–30.5 3.2 55.2–75.9

Source: Retrieved from Hammerstein, G.R. et al. 1979. Radiology 130(2), 
485–491.
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the effects of both density and effective atomic number (Dance 
et al. 1999). Johns and Yaffe (1987) reported the density of differ-
ent types of breast tissue in 42 patients, as shown in Table 28.2. 
Adipose tissue or fat has a density of approximately 0.9 g cm−3; 
whereas the other three types of tissues (fibrous, fibroadenoma, 
and infiltrating ductal carcinoma) have mean densities of about 
1.04 g cm−3. On average, infiltrating ductal carcinomas are 
slightly denser than normal fibrous tissue but the extreme values 
could overlap considerably. A possible explanation for this could 
be that carcinomas may have elevated calcium concentrations, 
even in areas that do not show foci of mineralization. Ng et al. 
(1997) also reported that the concentrations of several elements, 
including calcium, were indeed elevated in tumor tissue.

The attenuation difference between the carcinoma and glan-
dular tissues is the highest at low energies (10–15 keV) and is 
poor at higher energies (>35 keV), as illustrated in Figure 28.3. 
A larger attenuation difference between tissues provides bet-
ter subject contrast; in other words, it is easier to differentiate 
between normal (mostly glandular tissues) and cancerous tissues 
on the mammographic image. Therefore, low energy (between 
15 and 35 keV) X-rays are typically used in mammography. 
Nevertheless, low X-ray energies result in a high breast dose due 

to higher tissue absorption and a longer exposure time (Bushberg 
et al. 2002).

28.4 Theoretical Calculation of Subject Contrast

The contrast between different tissues in an X-ray image depends 
on the mechanisms through which X-ray photons interact with 
the tissues. These vary with photon energy, as does the probabil-
ity that the photons will be absorbed (Martin et al. 1999). The 
choice of the low energy spectrum in mammography is based on 
the theoretical calculation of subject contrast between fibroglan-
dular and adipose tissues, as illustrated in Figure 28.4.

Suppose a homogeneous beam of X-ray photon intensity (I0) is 
incident upon a slab of breast tissue with thickness x cm in two 
adjacent regions; fibroglandular and adipose tissues. If, behind 
the slab of breast tissue, photon intensity (IFT) is measured in 
fibroglandular tissue while photon intensity (IAD) is measured in 
adipose tissue, then the subject contrast (CS) can be defined as 
(Bushberg et al. 2002):
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(28.1)

It has been known that if all incident photons are of the same 
energy (i.e., the beam is monoenergetic) and if the photons are 
attenuated under conditions of good geometry (i.e., the beam is 
narrow and contains no scattered photons), then the number of 
photons I penetrating a thin slab of matter of thickness x is:

 I I e x= −
0

( / )µ ρ ρ
 (28.2)

where (µ/ρ) is the mass attenuation coefficient, and ρ is the den-
sity (see also Section I, Chapter 1of this book).

Thus, the simple equations that define X-ray attenuation 
through fibroglandular and adipose tissues are:

 I I eFT
FT FTx= −

0
( / )µ ρ ρ

 (28.3)
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FIGURE 28.3 Linear attenuation coefficients of different types of breast 
tissues as a function of X-ray energy. The attenuation difference between the 
glandular and cancerous tissues is the highest at low energy (10–15 keV) and 
decreases with increased energy. (Reproduced from Johns, P. C. and M. J. 
Yaffe. 1987. Physics in Medicine and Biology 32(6), 675, with permission.)

TABLE 28.2

Density of Different Types of Breast Tissues as Reported by Johns 
and Yaffe in 1987

Tissue Type
Number of 

Patients

Density (g cm−3)

Minimum Mean Maximum

Fat 14 0.917 0.928 0.939

Fibrous 14 1.013 1.035 1.047

Fibroadenoma 2 1.037 1.042 1.047

Infiltrating duct carcinoma 12 1.027 1.044 1.058

Source: Adapted from Johns, P. C. and M. J. Yaffe. 1987. Physics in 
Medicine and Biology 32(6), 675.

Fibroglandular
tissue

Adipose
tissue

x

IFT

I0 I0
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FIGURE 28.4 Theoretical model of subject contrast between fibroglan-
dular and adipose tissue. I0 is intensity of the incident photon; IFT is photon 
intensity measured in fibroglandular tissue; IAD is photon intensity measured 
in adipose tissue; x is the thickness of tissue in cm.
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Substituting these (for a slab of breast tissue of 1 cm thickness) 
into Equation 28.1, we get:

 c eS
AD AD FT FT= − −1 ( / ) ( / )µ ρ ρ µ ρ ρ

 (28.5)

Using Equation 28.5, the subject contrast for a 1 cm slab of 
breast tissue can be calculated for the respective photon energy 
(keV). The mass attenuation coefficients of fibroglandular (i.e., 
breast tissue) and adipose tissues at different keV are documented 
in the ICRU-44 Report (ICRU 1989). The calculated subject con-
trast Cs as a function of X-ray energy (keV) is plotted in Figure 
28.5. It is seen that increasing X-ray energy decreases subject 
contrast due to decreasing attenuation differences. The opti-
mal subject contrast between fibroglandular and adipose tissues 
is found at low energy (15 keV) and is poor at higher energies 
(>30 keV). This is due to the cross-section for the photoelectric 
absorption that decreases rapidly with photon energy, while that 
for Compton scattering is comparatively independent of energy 
(Martin et al. 1999). However, this simplified theoretical model 
assumes that the X-ray beam is monoenergetic. In practice, the 
X-ray spectrum is polyenergetic and some scattered radiation is 
recorded, Cs may show some dependence on these variables.

28.5 X-ray Spectra for Mammography

As mentioned earlier, mammography uses relatively low energy 
X-rays (typically between 15 and 30 keV) to achieve optimum 
contrast between glandular and carcinoma tissues in the breast. 
At this low energy range, photoelectric interactions are domi-
nant. When the photon energy increases, the rate of photoelectric 
absorption decreases, thereby the absorbed dose and contrast also 
decrease, as illustrated in Figure 28.6. Hence, the selection of 
optimum photon energy for mammography should consider both 
dose and contrast relationship and depends on the size and den-
sity of the breast. The ideal spectrum for mammography would 
be a monoenergetic spectrum and the energy could be adjusted to 
achieve the optimum balance between contrast and dose for dif-
ferent sizes and densities of the breast (see also Section I, Chapter 
10, for methods to calculate the X-ray spectra).

Molybdenum and rhodium are the two anode materials that 
produce characteristic X-rays that are near the optimum energies 

for mammography. The interaction of electrons with molybde-
num atoms (Z = 42) produces characteristic X-rays at two ener-
gies, 17.9 and 19.5 keV, which are optimum for mammography, 
especially for a small breast. On the other hand, rhodium (Z = 45) 
has its principal characteristic radiation at 20.3 keV with a less 
intense emission at 22.7 keV. These energies are more penetrating 
than the ones produced by molybdenum, hence can be used for a 
denser breast. Most of the mammographic systems nowadays are 
equipped with dual-track anode so that either molybdenum or rho-
dium can be selected to produce the optimum photon energies for 
a specific patient based on the breast characteristics (i.e., density).

In addition to the desired characteristic X-rays, a continuous 
spectrum (bremsstrahlung radiation) is produced simultane-
ously during X-ray production. This is generally an undesirable 
part of the spectrum because it adds unnecessary radiation dose 
to the breast and has the effect of reducing contrast. Therefore, 
a filter is used to attenuate or remove the undesirable low and 
high energy photons in the spectrum. Filters made of the same 
element as the target (e.g., molybdenum and rhodium) are 
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adipose tissues (of equal thickness) using the mass attenuation coefficients 
(µ/ρ) recommended by the ICRU-44 report.
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commonly used. Figure 28.7 shows the linear attenuation coeffi-
cient of molybdenum and rhodium filters as a function of energy. 
Before the K-edge, the attenuation coefficient decreases expo-
nentially with increased energy. At the energy of the K-edge, 
the attenuation coefficient increases abruptly because of a large 
increase in photoelectric cross-section due to the ability of the 
photons to eject the K-shell electron. By utilizing multiple target 
and filter combinations, it is possible to tailor the beam quality 
to meet specific tissue type or thickness requirements. The most 
commonly used target/filter combinations include a 0.03 mm 
thick molybdenum filter with a molybdenum target (Mo/Mo), a 
0.025 mm thick rhodium filter with a rhodium target (Rh/Rh), 
and a 0.025 mm thick rhodium filter with a molybdenum tar-
get (Mo/Rh) (Bushberg et al. 2002). The filtered and unfiltered 
spectrum of these target/filter combinations are illustrated in 
Figure 28.8. A combination of Rh/Mo cannot be used because 
the K-edge of the molybdenum filter occurs at the characteristic 
X-ray energies of rhodium, as shown in Figure 28.8b.

The combination of Mo/Rh is more commonly used for thicker 
and denser breasts. This combination produces slightly higher 
effective energy than a Mo/Mo combination, allowing trans-
mission of X-ray energies between 20 and 23 keV (comparing 
spectra shown in Figure 28.8a). Higher beam penetration can be 
achieved by using a Rh/Rh combination, which generates char-
acteristic X-rays at 20.2 and 22.7 keV. However, rhodium has a 
lower melting point and the focal spot heat loading is reduced 
by approximately 20% compared to the molybdenum target. 
Therefore shorter exposure times are not usually possible with 
a Rh/Rh combination. Table 28.3 shows some recommendations 
of target/filter combinations and tube voltage for different breast 
thicknesses.

A tungsten target is also used in some mammographic sys-
tems with molybdenum and rhodium filters. Some modern 
systems, especially in digital mammography, use tungsten as 
a target, and silver (Ag), and aluminum (Al) as filters. Tungsten 
has a higher heat loading and bremsstrahlung production effi-
ciency, hence allows a higher mA and shorter exposure time. 

However, the unfiltered spectrum of tungsten contains some 
undesirable L-characteristic X-rays in the low energy range 
(between 8 and 12 keV) (refer to Figure 28.9a). Attenuation of 
these characteristic X-rays to an acceptable level requires a rho-
dium filter of 0.05 mm thickness, compared to the 0.025 mm 
thickness used in Mo/Rh and Rh/Rh combinations, as depicted 
in Figure 28.9b. To facilitate practical matching of optimum 
X-ray spectra to an individual breast, most of the mammogra-
phy systems are now equipped with multiple targets (e.g., Mo, 
Rh, and W) and filter (e.g., Mo, Rh, Ag, Al) materials. The 
selection of target, filter, and tube potential is automatically 
matched to the breast thickness and density following an initial 
pre-exposure of the breast.

28.6 Image Formation in Mammography

In image formation, the transmitted X-rays are detected and their 
energies are converted into useful signals. The efficiency of a 
detector in converting incident X-ray energy into an image sig-
nal is known as quantum detection efficiency, η. It is calculated 
using the following equation:

 η( ) ( )E e E d= − −1 µ
 (28.6)

where µ is the X-ray linear attenuation coefficient of the detec-
tor, which depends on the X-ray energy, E, and d is the thickness 
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FIGURE 28.8 Examples of X-ray spectra for different target/filter combinations acquired at 28 kVp tube voltage. (a) Output spectra from a Mo target, with-
out filter, with a 0.030 mm Mo filter, and 0.025 mm Rh filter, respectively. (b) Output spectra from a Rh target, without filter, with a 0.025 mm Rh filter, and 
0.030 mm Mo filter, respectively. Note that the K-characteristic X-rays are almost completely attenuated by the K-edge absorption of the Mo filter, making 
this spectrum useless for mammographic imaging. (Image courtesy of Josilene C. Santos and Paulo R. Costa, University of Sao Paolo, Brazil.)

TABLE 28.3

Recommended Target/Filter Combinations and Tube Voltages 
(kVp) for Imaging of Different Breast Thickness

Breast Thickness Target Filter Tube Voltage (kVp)

4 cm Mo 0.03 mm Mo 24–26

5–7 cm Mo 0.025 mm Rh 27–31

More than 7 cm Rh 0.025 Rh 32–35
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of the active region of the detector where the signal is produced. 
The quantum detection efficiency increases with increased thick-
ness of the detector material, as well as density and atomic num-
ber of the absorber.

The detector technology in mammography has undergone the 
same advancement as general radiography, whereby the screen–
film detector system has been gradually replaced by digital detec-
tors. The function of a detector or image receptor is to record the 
information carried by the X-ray profiles transmitted through the 
breast. In mammography, the image receptors must be uniquely 
designed to provide adequate spatial resolution, detector sensitiv-
ity, and image contrast at reasonably low radiation dose, which 
is crucial in the detection of microcalcification and other abnor-
malities in early breast cancer.

In screen–film mammography, a single-screen, single-emul-
sion detector (Figure 28.10) is used to preserve high spatial reso-
lution. Figure 28.11 illustrates the difference in terms of image 
resolution between a double-screen, double-emulsion detec-
tor (which is widely used in general radiography) and a single-
screen, single-emulsion detector. Terbium-activated gadolinium 
oxysulfide (Gd2O2S:Tb) is the most commonly used screen 
phosphor in mammography. This phosphor emits green light 
(average wavelength 545 nm) when struck by X-rays, therefore 
a green-sensitive film emulsion is required in the combination. 

The intensifying screen is positioned at the back of the cassette 
so that X-rays travel through the cassette cover and film before 
interacting with the phosphor. As X-rays are more likely to inter-
act near the phosphor surface which is closest to the film emul-
sion, this configuration reduces the distance between the light 
photons and film emulsion, and minimizes the diffusion path of 
the light to preserve high spatial resolution.

One of the limitations of screen–film mammography is its nar-
row exposure range, which can be a problem when imaging thick 
or dense breasts. In comparison, digital receptors have almost con-
stant sensitivity over a wide range of exposure. The characteristic 
curve of a digital detector shows a linear response over a wide range 
of exposure, compared to the sigmoidal response of a screen–film 
system (Figure 28.12). The exposure latitude of a highly glandular 
breast may exceed 200:1, hence producing under- or over-exposed 
areas on the film. Digital receptors have a dynamic range exceed-
ing 1000:1, and with digital image processing, it is possible to 
produce a high contrast image over all exposure levels in digital 
mammography (Bushberg et al. 2002). Other advantages of digital 
mammography are further discussed in Chapter 19.

28.6.1 Quantum Noise

Both the production of X-rays and their interactions in a detector 
are random processes where the statistics can be described by the 
Poisson distribution (Yaffe 2010). This means that the X-ray pho-
tons are not homogeneously distributed over the detector, even if it 
is exposed to the same average X-ray intensity. Consider the aver-
age number of X-ray photons recorded over a detector is N ; the 
number fluctuates from location to location with a standard devia-
tion of σ = N . This phenomenon is referred to as quantum 
noise. Since each individual photon is a quantum (specific quan-
tity) of energy, it is the quantum structure of an X-ray beam that 
creates quantum noise (Sprawls 1995). Quantum noise is inversely 
proportional to the square root of the exposure to the detector. In 
other words, it can be reduced by increasing the radiation exposure 
(i.e., patient dose) to the detector (for a general description of image 
quality in radiography, see also Section I, Chapters 14 and 15).

Film base

Film emulsion
Phosphor screen

Single-emulsion film and single-phosphor screen

“Latent” image

X-rays

FIGURE 28.10 Physical configuration of a single-screen single-emulsion 
detector system used in mammography. The intensifying screen is placed 
at the back of the cassette so that X-rays travel through the film emulsion 
before interacting with the phosphor to preserve high spatial resolution.
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FIGURE 28.9 (a) Unfiltered X-ray spectrum from a tungsten target acquired at 28 kVp tube voltage. A large fraction of L-characteristic X-rays are found 
between 8 and 10 keV. (b) Filtered spectra for tungsten target and 0.05 mm Rh and Ag filters, respectively. (Image courtesy of Josilene C. Santos and Paulo 
R. Costa, University of Sao Paolo, Brazil.)
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28.6.2 Structural Noise

In screen–film mammography, one of the important sources of 
noise is the random fluctuation contributed by the granularity 
of the film itself. The film emulsion comprises grains of silver 
halide and their random structure contributes to the total noise. 
It is difficult to eliminate the effect of structural noise from the 
image since each sheet of film has a different pattern of structural 
granularity. In digital mammography, although film granularity 
is eliminated, there are some structural variations across the 
detector which are usually associated with the spatial variations 
in detector sensitivity. Unlike the conventional noise character-
istic of being random in space and time, these variations remain 
constant over time, hence they are also known as the “fixed pat-
tern noise.” This type of structural noise can be removed from 
the image using an image correction method utilizing the digital 
data from the detector.

28.6.3 Signal-to-Noise Ratio

An important parameter in describing the noise level in an image 
is the relative magnitude of the noise compared to the useful 
image signal, which is referred to as the signal-to-noise ratio 
(SNR). For example, a SNR of 100:1 shows better contrast than 
a SNR of 10:1 although both images have the same noise magni-
tude of one. Therefore, it can be inferred that the SNR increases 
with increasing radiation exposure, implying improved image 
quality at higher mAs and for lower attenuating tissues.

The square of the output SNR, SNRout
2  is calculated at the 

final  output of the imaging system or at the output of some 
 intermediate stage. In a system where Poisson noise (i.e., quan-
tum noise) is the only noise source, SNRout

2  is equal to the num-
ber of X-ray quanta that the system used to produce the image. 
Whereas, in a system that contains one or more noise sources, 
SNRout

2  can be thought of as the number of X-ray quanta that 
the system “appears” to be using to form the image. Thus, 
SNRout

2  is termed the number of noise-equivalent quanta, 
NEQ (International Commission on Radiation Units and 
Measurements 2009). The higher the SNR or NEQ, the more 
reliably subtle details in the image can be detected above the 
background noise. If the NEQ is divided by the number of 
quanta incident, it quantifies the efficiency with which the sys-
tem uses the available quanta. This parameter is known as the 
detective quantum efficiency (DQE) and will be discussed in 
more detail in Section 28.6.5.

28.6.4 Signal Difference-to-Noise Ratio

In mammography, a more practical way to characterize image 
quality in terms of the potential detectability of structures in the 
breast is measuring the signal difference-to-noise ratio (SDNR). 
SDNR is defined as the ratio of the signal difference, SD, to the 
total noise, σtot.

 
SDNR

N NA B

tot
=

−
σ  

(28.7)
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FIGURE 28.11 Comparison of spatial resolution between (a) double-screen double-emulsion and (b) mammographic single-screen single-emulsion detec-
tor systems. In a double-screen double-emulsion system, the spatial resolution decreases because of the “parallax unsharpness” caused by overlapped 
image formations on the opposite film emulsion layers. (Adapted from Sprawls, P. 1995. The physical principles of medical imaging. Sprawls Educational 
Foundation. Open Resources for Learning and Teaching. Available at http://www.sprawls.org/resources, with permission.)
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where NA and NB are the number of signals detected at two adja-
cent areas in the detector.

The SDNR is related to the SNR and radiation contrast, Crad, 
by the following equation:

 SDNR SNR= 2Crad  (28.8)

Although both SNR and SDNR can be evaluated for a single 
pixel in an image, it is generally more meaningful to consider 
these quantities over a larger area corresponding to the region 
of interest or lesion and an equal area of adjacent background 
(Yaffe and Mainprize 2004). In digital mammography, SDNR is 
used to define the figure-of-merit (FOM), a useful parameter to 
compare techniques and exposure factors in the optimization of 
mammography systems.

 
FOM

SDNR
MGD

=
2

 
(28.9)

28.6.5 Detective Quantum Efficiency

Detective quantum efficiency (DQE) describes how efficiently 
a system translates incident photons into useful signals (relative 
to noise) within an image. It is generally expressed in terms of 
Fourier-based spatial frequency as follows:

 
DQE u

NEQ u
q

( )
( )

=
 

(28.10)

where NEQ is the noise-equivalent quanta, which is defined as 
the minimum number of X-ray quanta required to produce a 
specified SNR, (u) is the spatial frequency variable in cycles per 
mm, and q is the density of incident X-ray quanta in quanta per 
mm2. The DQE is often expressed in alternative forms, for exam-
ple, the (SNR)2 of an incident X-ray that has a uniform Poisson 
distribution is given by:

 SNR u qin
2 ( ) =  (28.11)

And that of an image corresponding to this input is given by:

 SNR u NEQout
2 ( ) =  (28.12)

Therefore, the DQE is often expressed as:

 
DQE u

SNR u
SNR u

out

in

( )
( )
( )

=
2

2
 

(28.13)

Therefore, for an ideal imaging system, the DQE is equal to 
one. If there are other sources of noise, SNRout will decrease 
below the value predicted by the number of interacting quanta 
and the DQE will be less than one. A high DQE improves the vis-
ibility of small, low contrast objects, which is a very important 
parameter in mammography. The DQE is often related to radia-
tion dose whereby the detectors with higher DQE use the photons 
more efficiently, hence require less radiation exposure to achieve 
an adequate SNR.

28.6.6 Contrast

Contrast is defined as the degree of density difference between 
two adjacent areas in a radiograph. As a general rule, the higher 
the contrast, the more the features become visible. Image con-
trast is very much dependent on the object contrast, scattered 
radiation, and the contrast characteristics of the receptor and dis-
play system. Compared to other anatomical regions, the breast 
has very low physical contrast properties because it consists of 
mainly soft tissues. Two factors tend to limit the amount of con-
trast between soft tissues, namely, the small difference in den-
sity and atomic number among these tissues; and the relatively 
low proportion of photoelectric interactions because of the low 
atomic numbers. Typical breast calcifications are very small or 
thin and produce low physical contrast, even though calcium is 
denser and has a higher atomic number than soft tissues (Sprawls 
1995). Because object contrast decreases rapidly with increas-
ing photon energy, a low energy X-ray is necessary to achieve 
adequate contrast in mammography. However, this has to be 
compensated for by a longer exposure time, resulting in a higher 
absorbed dose to the patient.

Detector contrast refers to density differences that result 
due to the type of detector used, how it was exposed, and how 
it was processed. For example, film is chemically processed to 
convert the latent image to a visible image. If the chemical pro-
cessing is deficient, some of the recorded image contrast may 
not be transferred into visible image contrast. In digital mam-
mography, image processing can be performed to enhance image 
contrast. The other type of contrast is the contrast that appears 
in the visible image. Displays for digital images may have their 
own contrast characteristics that will alter or limit the contrast of 
the displayed image. The contrast characteristics of the display 
can be tested using digital test patterns such as the AAPM TG18 
(Samei et al. 2005).

28.6.7 Scatter-to-Primary Ratio

As X-ray photons pass through the breast, three interaction mech-
anisms may happen: some of the photons will pass though the 
breast without interaction, some will be absorbed by the breast 
tissue (photoelectric absorption), and some will be scattered in 
the breast and escape (Compton scattering). In mammography, 
for an average breast, 40% or more of the photons reaching the 
detector may have been scattered one or more times in the breast 
(Barnes and Brezovich 1977). These scattered radiations reduce 
image contrast. The degree of contrast loss depends on the scatter 
content of the radiation emerging from the breast, as illustrated 
in Figure 28.13. In an ideal case, where no scattered radiation is 
reaching the detector, the contrast will be 100%. When there is 
40% scattered radiation reaching the detector (scatter factor = 4), 
the contrast reduces to 25%. The scatter factor, S, is also known as 
the contrast reduction factor. For example, if S = 1, the contrast 
would be 100%, if S = 2, the resulting contrast would be 50%, 
and so on (Figure 28.14). The value of the scatter factor is primar-
ily a function of tissue thickness, field size, and X-ray spectrum 
as determined by the kV (Sprawls 1995). In digital mammogra-
phy, although contrast can be restored by image processing, scat-
tered radiation reduces the SNR (Boone et al. 2002). Therefore, 
in both screen–film and digital mammography, strategies need 
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to be taken to reduce the scattered radiation that reaches the 
detector. These methods include using an anti-scatter grid, the 
air gap technique, and slot scan geometries. Nevertheless, none 
of these techniques can completely eliminate scattered radiation 
or restore the full image contrast.

Using an anti-scatter grid is the most effective and practical 
method for removing a portion of the scattered radiation. The grid 
is constructed of alternate strips of an X-ray absorbing material, 
such as lead, and a relatively non-absorbing interspaces mate-
rial, such as carbon fiber or aluminum. The ratio of the thickness 
of the strips to the diameter of the interspaces is known as the 
grid ratio (Figure 28.15). The grid is placed in between the breast 
and the receptor. Under normal operating conditions, the grid 
strips are aligned with the direction of the primary X-ray beam. 
In most grids, the interspaces are angled to be aligned with a 
specific point in space. These are designated focused grids. It 

is important to ensure that the focal point of the focused grid 
coincides with the focal spot of the X-ray tube. Because scattered 
radiation is not generally lined up with the grid strips, a large 
portion of it is absorbed by the grid (Figure 28.16). However, this 
method is not perfect as the use of the grid will also remove about 
25% to 30% of the useful primary X-rays photons while reject-
ing about 80% to 90% of the scattered radiation (Wagner 1991, 
Rezentes et  al. 1999). The loss of both primary and scattered 
radiation reduces the number of photons detected by the recep-
tor, therefore higher exposure (increased patient dose) is required 
to achieve adequate image contrast. The resultant increase in the 
tube output is known as the Bucky factor, which is in the order 
of 2 in 2.5 in mammography. The radiation dose is directly pro-
portional to the Bucky factor. For example, if a grid with Bucky 
factor of two is replaced by one with the Bucky factor of four, 
the exposure to the breast must be doubled to compensate for the 
additional grid absorption.

28.6.8 Spatial Resolution

Mammographic imaging requires higher spatial resolution 
than most radiological studies as the microcalcifications in the 
breast can be as small as 100 to 200 µm (Smith 2003). Current 

Without scatter
(scatter factor = 1)

With scatter
(scatter factor = 2)

Contrast = 100%/1 = 100% Contrast = 100%/2 = 50%

FIGURE 28.13 The basic concept of contrast loss due to scattered 
radiation. (Modified from Sprawls, P. 1995. The physical principles of 
medical imaging. Sprawls Educational Foundation. Open Resources for 
Learning and Teaching. Available at http://www.sprawls.org/resources, 
with permission.)
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mammographic equipment has a wide range of spatial resolution 
between 41 and 100 µm per pixel and an image contrast resolu-
tion between 10 and 14 bits per pixel. Screen–film mammogra-
phy can generally detect up to 15 line pairs per mm (lp/mm); 
however, the resolution is limited due to its limited ability to dis-
criminate low contrast structures. For digital systems, the spatial 
resolution ranges between 5 and 10 lp/mm but they have higher 
contrast resolution (Pisano and Yaffe 2005).

In fact, the modulation transfer function (MTF) is a more 
useful parameter to describe the spatial resolution in a quanti-
tative manner. The MTF describes how well the imaging sys-
tem or the detector transfers the contrast of sinusoidal patterns 
from the incident X-ray to the output (Yaffe and Mainprize 
2004). Each spatial frequency has a specific amplitude where 
the low spatial frequency represents the coarse structure and 
high spatial frequency represents the fine detail. The MTF 
describes how well each spatial frequency is transferred 
through a system, which can be defined as the ratio of the 
amplitude of the sinusoid at the output to that at the input. The 
highest MTF is 1.0 and decreases with increasing spatial fre-
quencies (Figure 28.17).

Several factors affect the spatial resolution in mammogra-
phy. First, the X-ray focal spot must be sufficiently small (e.g., 
0.1–0.3 mm) to prevent excessive image unsharpness. Second, 
the lateral spread of light or electrons within the image receptor 
should be kept to a minimum. This is one of the reasons why 
single-emulsion, single-screen detectors were used in screen–
film mammography. In digital mammography, the receptors are 
designed for high spatial resolution by using a combination of 
thin X-ray absorbers and small pixel size. Furthermore, recep-
tor blurring can be reduced by moving the object away from the 
receptor, that is, using the air gap or magnification technique. 
Another factor that will affect spatial resolution in digital mam-
mography is spatial sampling. Since the X-ray signal from each 
detector element (del) is averaged over the aperture, d, the MTFs 
of the digital detectors are usually lower than the screen–film 
systems. However, this limitation can be offset by improving the 
contrast and noise characteristics in digital systems. The size of 
the del typically ranges between 50 and 100 µm. If d is expressed 
in mm and the del is a square, the MTF would fall to zero at 
a spatial frequency of 1/d cycles per mm for both the x- and 
y-directions. For example, if the d of a del is 0.1 mm, the MTF 
falls to zero at 10 cycles/mm. In addition, the spacing between 

dels, also known as the pitch, p, will also affect spatial resolu-
tion. The larger the p, the more information lost through the sam-
pling process, and this restricts the maximum value of the spatial 
frequency of information in the image that can be represented 
accurately (Yaffe 2010). According to the Nyquist theorem, the 
highest spatial frequency, fN, that can be accurately represented 
by a detector with a pitch, p, is:

 
f

pN =
1

2  
(28.14)

Above fN, the spatial frequencies in the X-ray pattern will not 
be represented correctly and may cause an artefact known as 
aliasing. According to Equation 28.7, a detector with d = 100 µm 
and p = 100 µm will be susceptible to an aliasing artefact for 
spatial frequencies above 5 cycles/mm.

28.7 Breast Density

Many studies have revealed that the amount of glandular tissue 
(variously described as breast density, breast glandularity, mam-
mographic density, parenchyma, or fibroglandular tissue) has a 
strong correlation with the development of breast cancer; there-
fore, it can be used as a risk indicator for breast cancer in an 
individual patient (Ng and Lau 2015). The association of breast 
densities with breast cancer is suggested to derive from the asso-
ciation of breast densities with epithelial hyperplasia (with and 
without atypia) and carcinoma in situ (Boyd et al. 1992a,b, 1998). 
Several approaches have been taken to classify or quantify breast 
density; however, there is no consensus about the relative value 
of each approach (van Gils 1999). Measurement of breast density 
from a mammogram can be divided into two broad categories: 
subjective (diffuse or pronounced ductal structures and dense 
parenchymal patterns) and objective (amount) classifications. The 
subjective method attempts to integrate and summarize the mam-
mographic features, including the extent of dense breast tissue 
seen on the mammogram and their shape and texture into four or 
five categories. An early classification of breast densities proposed 
by Wolfe was using this approach (Wolfe 1976a,b). Other classi-
fications such as the Breast Imaging Reporting and Data System 
(BI-RADS), proposed by the American College of Radiology, 
and Tabar’s Patterns have also been used, and most of them have 
some similarities with Wolfe’s parenchymal patterns. The objec-
tive method attempts to assess the extent of fibroglandular breast 
densities separately without taking into account the various types 
of fibroglandular tissues using a six category scheme. A summary 
of the classification schemes for measurement of breast density 
from digitized mammograms is given in Table 28.4.

Furthermore, numerous researchers have developed com-
puterized algorithms for automated or semi-automated detec-
tion of parenchymal patterns from digitized mammograms. 
Many of the studies have been carried out to assess the cor-
relation between the computer results and the radiologists’ 
reporting schemes, namely BI-RADS (Zhou et al. 2001, Chang 
et al. 2002), the six-category scheme (Boyd et al. 1995, Byng 
et al.1996a,b), or patterns described by Wolfe (Caldwell et al. 
1989, Tahoces et al. 1995, Heine and Malhotra 2002) and Tabar 
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(Garrido-Estepa et  al. 2010). The methods and strategies of 
computer aided diagnosis based on breast density will be dis-
cussed in Chapter 60.
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29
Radiation Dose in X-ray Mammography 
and Digital Breast Tomosynthesis

David R. Dance

29.1 Introduction

Because of the high and increasing incidence of breast cancer 
in many countries, there is a large and expanding interest in 
methods of breast dosimetry and the values of the breast dose in 
the use of mammography as the primary imaging technique for 
breast screening, as there is a small, but not insignificant, associ-
ated risk of radiation induced breast cancer. Besides its use for 
risk estimation, knowledge of dose is essential for comparison 
and optimization of system performance, and its measurement 
is an essential component of quality control procedures for all 
X-ray based breast imaging systems. This applies to both conven-
tional planar X-ray mammography and to digital breast tomosyn-
thesis (DBT) (Niklason et al. 1997, Sechopolous 2013a,b), which 
has exciting potential for improved cancer detection because it 
removes or blurs the effects of overlying tissue that can obscure or 
simulate the appearance of breast abnormalities in the image (see 
also Section II, Chapter 19 of this book for a description of digital 
mammography and Chapter 20 for a description of DBT). This 
chapter addresses methods of breast dosimetry and their applica-
tion in national and international protocols. It is limited to con-
ventional 2D mammography (including contrast-enhanced digital 

mammography, CEDM) and DBT. It does not consider breast CT, 
partial breast irradiation, or the breast dose arising from X-ray 
examinations of other parts of the body. The reader is referred to 
the review by Dance and Sechopoulos (2016) for discussion of the 
dosimetry for breast CT and partial breast irradiation.

According to International Atomic Energy Agency (IAEA) 
Report TRS 457 (IAEA 2007), an accuracy of 20% (at the 95% 
confidence level) is required for risk estimation. For quality 
assurance/quality control, an uncertainty in dose measurement 
of 7% (again at the 95% confidence level) is desirable. We shall 
see that, because of uncertainties in the distribution of the tis-
sue within the breast, these levels are difficult or impossible to 
achieve routinely for the absolute estimation of dose. If, how-
ever, it is accepted that model breasts can be used, then within 
the limitations of a particular model, the uncertainty of 7% can 
be approached. This may be sufficient for quality control, dose 
comparisons, and system design and optimization. The actual 
value of the breast dose will vary depending upon breast size 
and density and the choice of equipment and exposure param-
eters. In the United Kingdom, a recent national survey (Young 
and Oduko 2016) found an average mean glandular dose (for 
definition see the next section) of 3.0 mGy for a two view mam-
mographic examination. Using risk factors provided by Yaffe 
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and Mainprize (2011) for a 55 year old women, this corresponds 
to a lifetime risk of radiation induced breast cancer of two in 
100,000.

29.2 Breast Dose Metrics and Conversion Factors

In the past, it was common practice to express the radiation 
dose from mammography in terms of the incident exposure or 
the incident air kerma (without backscatter from the patient) 
or the entrance surface exposure or air kerma (with backscat-
ter from the patient), as these quantities are convenient to mea-
sure directly or to calculate from measurements of tube output 
with knowledge of the exposure parameters. For example, the 
Breast Exposure: Nationwide Trends survey in the USA (BENT 
1978) reported values of the entrance exposure for a medium 
sized breast of between “immeasurable” to 16.6R. The United 
Kingdom survey reported by Fitzgerald et al. (1981) found values 
of the entrance surface dose for the exposure of a 50 mm thick 
breast phantom between 0.9 and 45 mGy. The peak tube voltage 
recorded in the latter survey varied between 24 and 49 kV and 
the measured half-value layer (HVL) between 0.2 and 1.7 mm 
aluminum. Because of the wide range of X-ray spectra used at 
that time for mammography, it was realized that the entrance 
surface or incident dose was not a good measure of absolute 
or relative risk. The absorbed dose within the breast decreases 
rapidly with depth, and the amount of the decrease depends on 
the X-ray spectrum used and the breast density and thickness. A 
practical dose metric was needed to provide a better measure of 
the average dose to the breast. It was Karlsson et al. (1976) who 
pointed out that the mean dose to the glandular tissue within the 
breast is an appropriate measure of risk, as it is believed that it 
is these tissues that have the highest risk of radiation induced 
carcinogenesis. According to the NCRP (1986), glandular tissue 
includes the ductal and acinar epithelium as well as the associ-
ated stroma. The use of mean dose to the glandular tissue (mean 
glandular dose, MGD, also known as the average glandular dose, 
AGD) was subsequently recommended by the ICRP (1987), and 
it is now in general use in national and international protocols for 
breast dosimetry.

It is, of course, impossible to measure the MGD directly, and 
conversion factors g are used that relate the MGD, Dg, to the 
measurable quantity, K, the incident air kerma* (i.e., the value 
without backscatter) thus:

 
D Kgg =

 (29.1)

The conversion factor g will depend upon the breast thickness, 
the distribution of the various tissues within the breast, and the 
X-ray spectrum. Because of the plethora of data needed, Monte 
Carlo calculations are used to determine the values of g rather 
than phantom-based measurements. These, in turn, require 
knowledge of the physical properties of the breast and the photon 
absorption and scattering properties of the various breast tissues, 
which we consider in the next section.

* This equation can also be written in terms of the incident exposure. In this 
chapter, we use the SI quantity air kerma throughout. See also Section 
29.4.2.

29.3  Properties of the Female Breast 
and Photon Interactions

For the purposes of radiation dosimetry, the breast can be con-
sidered as being composed of fibro-glandular and adipose tissues 
and skin. The pectoralis muscle may also need to be considered 
when modeling the medio-lateral oblique (MLO) radiographic 
projection. Measurements of the composition of these tissues 
or their interaction properties are, however, rather limited, and 
the tissue compositions and densities measured by Hammerstein 
et al. (1979) are mostly used in the Monte Carlo models. Ideally, 
it is better to know their compositions, rather than their total 
interaction cross-sections, so that proper apportionment can be 
made between photoelectric and scattering interactions, as there 
is zero energy transfer for a coherent scatter interaction and, in 
the mammographic energy range, only a small energy transfer 
for an incoherent scatter interaction. For example, for photons 
backscattered in Compton interactions, the energy transfers at 
20, 30, and 40 keV are only 1.5, 3.2, and 5.4 keV, respectively. It 
should be noted that the Hammerstein data are based on just five 
samples of glandular tissue, eight samples of adipose tissue, and 
six samples of breast skin. Figure 29.1 shows the linear attenu-
ation coefficients for glandular and adipose tissues calculated 
using the tissue compositions of Hammerstein et al. for the pho-
ton energy range 15–50 keV.

Glandular tissue has a higher density (1.09 g cm−3) than adi-
pose tissue (0.93 g cm−3) and a higher oxygen content, both of 
which mean that the linear attenuation coefficient for glandu-
lar tissue is larger than that for adipose tissue. This result is, of 
course, to be expected given the differences in attenuation that 
can be visualized between these tissues in all mammograms. 
Figure 29.2 shows the primary transmission through pure adi-
pose and pure glandular tissue for 20 and 30 keV photons. It is 
clear that both the average breast composition and the distribu-
tion of the glandular tissue within the breast will have an impor-
tant influence on the value of the MGD conversion coefficient for 
a given breast thickness and X-ray spectrum.

The thickness and area of the compressed breast vary widely. 
In general, the area will increase with increasing thickness. 
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Boone et al. (2000) reported a 5% percentile area of 77 cm2 and 
a 95% percentile area of 264 cm2 from a survey of 82 mammo-
grams. Dance (1980) gave a suggested area for a small breast 
of 35 cm2 whereas extremely thick compressed breasts may be 
so large that several exposures are required to image the whole 
breast.

Most tabulated values of the MGD conversion factors cover 
all or part of the compressed breast thickness range 20–110 mm. 
This encompasses almost all of the mammograms encountered 
in practice. Figure 29.3 shows the distribution of compressed 
breast thickness reported by Kelaranta et al. (2015) for both the 
cranio-caudal (CC) and MLO projections.

The average compressed breast thickness reported by these 
authors from a review of data from 13 countries was in the range 
37–63 mm, depending upon country and population.

In order to construct a model breast, or a series of model 
breasts, to be used in the computation of the MGD, it is neces-
sary to know the amounts and distribution of the various breast 

tissues. Before the advent of breast CT, there was little detailed 
knowledge of the distribution within the breast of the various 
tissues, and therefore very simple models of the breast were used 
for the computation of breast dose, and such models form the 
basis of the methods generally used in national and international 
protocols. These models and the corresponding values of the 
MGD conversion factors are discussed in Section 29.4 below for 
mammography and in Section 29.5 for DBT. More realistic mod-
els, mostly based on breast CT, are discussed in Section 29.6.

29.4  Estimation of MGD Conversion Factors for 
Mammography Using Simple Breast Models

There is a large literature on computation of MGD conver-
sion factors using Monte Carlo methods and simple models of 
the breast. We consider here only the two models that are most 
widely used, those of Dance and colleagues in Europe (Dance 
1990, Dance et al. 2000, 2009, Dance and Young 2014) and of 
Wu et al. in the USA (Wu et al. 1991, 1994) and further compu-
tations by Boone (1999) and (2002), Sechopoulos et al. (2007), 
and Nosratieh et al. (2015). The Monte Carlo codes used by these 
authors include bespoke codes developed by Dance and by Boone 
and the widely available standard codes MCNP/MNCPX and 
Geant4. All use scattering cross-sections for photon interactions 
with bound rather than free electrons, and some assume that the 
range of all electrons freed following a photon interaction is so 
short that they are locally absorbed. The range of a 50 keV elec-
tron in water is only 43 µm, so this is a reasonable assumption.

29.4.1  MGD Conversion Factors Calculated 
Using the Dance Model

The model breast used by Dance and colleagues is shown in 
Figure 29.4. It is comprised of a cylinder of semi-circular cross 
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section of radius 80 mm, height in the range 20 to 110 mm and 
is intended to simulate the breast in the CC projection. The 
model has two regions: a central region, which is a homoge-
neous mixture of adipose and glandular tissues, and a “shield” 
region that is a layer of adipose tissue 5 mm thick surround-
ing the central region on all sides apart from the chest wall. In 
the simulation, the breast rests on the breast support with the 
compression paddle in place and the focal spot of the X-ray 
tube is positioned at the appropriate distance above the chest 
wall edge of the breast support. The bespoke Monte Carlo code 
used followed photons from the focal spot of the X-ray tube and 
simulated their interactions in the compression paddle and the 
model breast.

The general features of the model shown in Figure 29.4a were 
first suggested by Hammerstein et  al. (1979), with the central 
region being a mixture of equal parts by weight adipose and 
glandular tissues and the breast skin being ignored. In Dance 
(1990), the glandularity was also fixed at 50%, but in subsequent 
papers, conversion factors were calculated for a range of glan-
dularities and additional X-ray spectra, and the following exten-
sion of Equation 29.1 is now used for the practical calculation 
of the MGD (Dance et al. 2000, 2009; Dance and Young 2014).

 
D K gcsg =

 (29.2)

In this equation, g is the conversion factor calculated for a 
breast of glandularity 50%, and c and s are factors that allow for 
the use of different X-ray spectra and MGD estimation for breasts 
of different glandularities. The breast glandularity is defined as 
the fraction of glandular tissue by weight in the central region of 
the breast. Thus a breast with glandularity 100% in this model 
still has a 5 mm thick adipose shield present.

As the Dance model developed, compatibility with previously 
published values of the conversion factors was maintained. Thus 
the factor g is that tabulated in Dance (1990) for a glandular-
ity of 50%, and the factor c corrects the dose to that for other 
glandularities.

Although the values of g were calculated for a wide range 
of X-ray spectra, the data were simplified by only tabulating 
them against the HVL of the X-ray beam. For the X-ray spectra 
considered in the original work (Dance 1990), this led to a sys-
tematic error of up to 5% for an 80 mm thick breast, which was 

considered acceptable. Figure 29.5 shows the dependence of the 
g-factor on the HVL and breast thickness.

It can be seen that, for a given breast thickness, the factor 
increases with increasing HVL because of the increasing pen-
etration through the breast with photon energy. Conversely, for 
a given HVL, the factor decreases with increasing breast thick-
ness. This is to be expected. As can be seen in Figure 29.2, the 
transmission through the breast decreases rapidly with increas-
ing distance, and beyond a certain breast thickness, the addition 
of further breast tissue will lead to very little additional energy 
absorption. As the energy absorbed has to be shared by all the 
glandular tissue present, the g-factor will decrease. Indeed, in 
Dance et al. (2000) g-factors for breasts thicker than 80 mm were 
calculated directly using the Monte Carlo program and also from 
factors for breasts 80 mm thick by assuming that the total energy 
imparted to glandular tissue for a given value of the incident air 
kerma remains unchanged and simply adjusting for the amount 
of glandular tissue present. The two sets of values agreed within 
2% or better.

As the technology developed and new target/filter combina-
tions were introduced for mammography (Figure 29.6 shows 
the standard spectrum from a molybdenum/molybdenum tar-
get/filter combination and spectra from rhodium/rhodium and 
tungsten/silver target/filter combinations), the use of the g-factor 
alone was no longer appropriate and the factor s was introduced 
to allow for the use of different target/filter combinations without 
significant systematic error.

Table 29.1 gives values of the s-factor for a range of target/
filter combinations together with an estimate of the maximum 
systematic error associated with its use.

It is noted that, for each of these target/filter combinations, a 
single s-factor is used, appropriate to all tube voltages and breast 
thicknesses modelled. The systematic error associated with the 
use of a single factor for each of these target/filter combinations 
is, at most, 5%. The factors for the molybdenum/molybdenum, 
molybdenum/rhodium, rhodium/rhodium, and tungsten/rhodium 
target/filter combinations are taken from Dance et al. (2000) and 
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els have a central region comprising a homogeneous mixture of adipose and 
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that for tungsten/silver from Dance et al. (2009). The factor for 
rhodium/silver is not otherwise published, but was calculated 
by the author using the methodology published in Dance et al. 
(2009). For tungsten/aluminum target filter combinations, how-
ever, it is not possible to use a single value of s and the values 
given in Dance et al. (2009, 2011), which are tabulated against 
breast thickness, should be used.

As noted above, the factor c corrects the dose for a glandular-
ity of 50% to that for other glandularities. Therefore c is unity 
for a glandularity of 50%, and is less than one and more than one 
for glandularities of more than and less than 50%, respectively. 
Figure 29.7 shows the dependence of the c-factor on HVL for 
breast thicknesses in the range 20 to 80 mm. The c-factors were 
calculated for a wide variety of spectra and it was found that 
for a given breast thickness and glandularity the variation of the 
c-factor was less than or equal to 1%, thus justifying the use of 
a tabulation independent of the X-ray target/filter combination 
employed. It can be seen that for fixed glandularity the varia-
tion of c with HVL is small and that the variation with breast 
thickness decreases as the breast thickness increases. The thin-
ner the breast and the closer the glandularity is to 50%, the closer 
the c-factor is to unity. The factor also becomes closer to unity 
(approaching from above or below as appropriate) as the HVL 
increases.

In order to apply Equation 29.2, it is necessary to know the 
breast glandularity. In the year 2000, this was difficult to assess 
for individual women (especially as the glandularity required is 
a property of a 3D breast, and not of a 2D image). Dance et al. 
(2000) therefore provided average values of the breast glandu-
larity as a function of breast thickness, which were determined 
by comparing patient exposures with exposures using sheets 
of breast tissue simulating plastics. These data were given for 
women in both the age groups 40 to 49 and 50 to 59 attending the 
UK breast screening program (Figure 29.8).

The above data tabulations are very convenient for conven-
tional projection mammography, but should not be used for the 
higher energy spectra employing a copper filter that may be used 
for CEDM. Dance and Young (2014) give tables of the g-fac-
tor to be used for spectra from molybdenum/copper, rhodium/
copper, and tungsten/copper target filter combinations and the 
HVL range 2.4–3.6 mm Al. These spectra are quite similar when 
matched in kV and HVL because the characteristic X-ray lines 
from both molybdenum and rhodium are heavily filtered by the 
copper filter. This is illustrated in Figure 29.9, which compares 
spectra at 45 kV and an HVL of 3.13 mm Al from molybdenum/
copper and rhodium/copper target/filter combinations.

The close agreement seen here was also obtained when com-
paring spectra from the other two pairings of target/filter com-
bination. Because of this close agreement, this g-factor table is 
used with an s-factor of unity. Because of the higher energy of 
these X-ray spectra, the c-factors are closer to unity than those 
provided for conventional projection mammography. The big-
gest differences occur for the largest breast thickness (110 mm) 
and smallest HVL considered (2.4 mm Al), and for this case, 
the c-factors range from 1.147 for 0.1% glandularity to 0.873 for 
100% glandularity. The corresponding values for conventional 
projection mammography at the lowest HVL considered there 
(0.3 mm Al) are 1.328 and 0.779, respectively.

Finally, it is noted that in Dance et al. (2009) and Dance and 
Young (2014), the air kerma has been calculated by simulating 
a cylindrical air-filled ionization chamber of diameter 30 mm 
and thickness 10 mm placed in contact with the compression 
paddle and centered at a distance of 40 mm from the chest wall. 
Scatter from the compression paddle into the chamber volume 
was included in the simulation, but backscatter from the breast 
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TABLE 29.1

s-Factors

Target Filter s-Factor

Mo Mo 1.000

Mo Rh 1.017

Rh Rh 1.061

Rh Ag 1.087

W Rh 1.042

W Ag 1.042

Source: Adapted from Dance, D. R. et al. 2000. Phys. Med. Biol. 45(11), 
3225–3240. Copyright Institute of Physics and Engineering in 
Medicine. Reproduced by permission of IOP Publishing. All rights 
reserved. Adapted from Dance, D. R. et al. 2009. Phys. Med. Biol. 
54, 4361–4372 and for Rh/Ag from Dance (unpublished).
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into the volume was excluded. Scatter from the paddle was 
found to increase the air kerma measurement by 7.6%, which 
is consistent with measurements by Hemdal (2011) and Toroi 
et al. (2013).

29.4.2  MGD Conversion Factors Calculated 
Using the Wu and Related Models

The model breast used by Wu et al. (1991, 1994) is also shown 
in Figure 29.4. It is comprised of a cylinder of semi-elliptical 
cross-section with semi major and minor axes of 90 and 80 mm. 
The range of breast thicknesses studied was 30–80 mm, less than 
that studied by Dance et al. The “shield region” round the central 
compartment of the breast, which contains the glandular tissue, 
was 4 mm of skin, rather than the 5 mm adipose tissue used by 
Dance and colleagues. The MNCP Monte Carlo code was used 
for the computation and the term “normalized average glandular 
dose” was introduced for the conversion factor that relates the 
measurable physical quantity to the average glandular dose. It 
is unfortunate that the terms average glandular dose and mean 
glandular dose are both used in the literature for the same quan-
tity. In this chapter, wherever possible, we have used the term 
mean glandular dose, and therefore call the conversion factor 
introduced by Wu et al. the “normalized mean glandular dose.” 
It is usually denoted DgN, so that with an appropriate choice of 
units, the MGD is given by:

 
D K Dg gN=

 (29.3)

Wu et al. (1991) provided values of DgN for the molybdenum/
molybdenum target/filter combination in the tube voltage range 
23–35 kV and for breast glandularities of 0, 50, and 100%. At 
each tube voltage, they varied the HVL by adjusting the added 
thickness of a sheet of polycarbonate, which was used to filter the 
beam. In this way, values of DgN were provided for six HVLs at 
each tube voltage. Contrary to the work of Dance et al., there was 
no lumping of data at the same HVL so that the moderate system-
atic error associated with this was avoided. Figure 29.10 shows 
the values of DgN for a glandularity of 50%, breast thicknesses of 
30 and 60 mm, and tube voltages of 25 and 33 kV and illustrates 
the small differences that arise when then the HVL is matched, 
but the tube voltage is different. Note that the original values 
of DgN provided by Wu et al. were expressed in mrad/R and the 
equivalent to Equation 29.3 involved exposure and not air kerma. 
For reasons of consistency, all values of DgN given here have been 
renormalized where necessary to air kerma rather than exposure, 
and the corresponding equations have been rewritten in terms of 
air kerma rather than exposure where appropriate. For Figures 
29.10 and 29.11, data in mrad/R were converted to mGy/mGy by 
multiplication by a factor of 1.145 × 10−3.

For the molybdenum/molybdenum spectra, a study was 
made of the effect of the compressed breast area on DgN. It 
was found that decreasing the semi major and minor axes of 
the ellipse to 60 and 40 mm decreased DgN by 2%, but increas-
ing these axes to 110 and 100 mm increased DgN by only 0.6%. 
As discussed in Dance (1980), this dependency increases with 
breast thickness and photon energy, and thus will be somewhat 

larger for the higher energy X-ray spectra presently in use for 
mammography.

In a second paper (Wu et al. 1994), values of DgN were added 
for the molybdenum/rhodium and rhodium/rhodium target/filter 
combinations. The same methodology, breast model, and glandu-
larities were used. Figure 29.11 shows DgN for rhodium/rhodium, 
a glandularity of 0%, breast thicknesses of 40 and 80 mm, and 
tube voltages of 27 and 33 kV. Once again, this illustrates the 
small differences that arise when then the HVL is matched, but 
the tube voltage is different.

The need for data for a wider range of breast thicknesses and 
for additional X-ray spectra was recognized by Boone (1999), 
who published values of DgN for the thickness range 20 to 
120 mm and spectra from tungsten/rhodium, tungsten/silver, 
and tungsten/palladium target/filter combinations in addition to 
those published by Wu et al. A breast model similar to that of 
Wu was used, except that some allowance was made for side and 
backscatter from the patient’s body by simulating the irradiation 
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of half of a circular cylinder, with the directly irradiated half 
simulating the breast in the CC projection and the other half of 
the cylinder the patient’s body.

In a subsequent publication, Boone (2002) provided values of 
DgN for monoenergetic photons in the energy range 8–52 keV. 
Values of DgN, which are denoted DgN(E) below, were provided 
for breast glandularities of 0%, 50%, and 100% and the breast 
thickness range 20–90 mm. The breast was simulated as a cyl-
inder of semi-circular cross-section, with radius 85 or 100 mm 
and a skin thickness of 4 mm. Using these monoenergetic data, it 
is possible to calculate DgN for any X-ray spectrum by summing 
over the spectrum using:

 

D
E E D E
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(29.4)

In this equation Φ(E) is the photon fluence in the spectrum 
between energy E and E + ΔE, and θ(E) is the factor that con-
verts photon fluence to air kerma. It is given by (e.g., Cunningham 
and Dance 2014).
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(29.5)

where the term in brackets is the mass energy transfer coefficient 
for air at energy E. To facilitate this calculation, Boone provides 
computer fits to DgN(E) for model breasts with radius 85 mm. The 
factor θ(E) is readily calculated using Equation 29.5 or tables 
such as those given by Cranley et al. (1997) can be used. Figure 
29.12 shows θ(E) and Figure 29.13 shows DgN(E) in mGy/mGy for 
breasts 20 and 80 mm thick and glandularity 50% (note that the 
original paper of Boone provides values of DgN expressed in units 
of mGy/R and used an exposure related function θ). It can be seen 
that θ(E) decreases with energy because of the sharp decrease 
with energy of the mass energy transfer coefficient for air.

This decrease is also responsible in part for the increase of 
DgN(E) with energy shown in Figure 29.13. From this figure it can 

be seen that the relative difference between the conversion fac-
tors for 20 and 80 mm breast thicknesses decreases with increas-
ing energy as the penetration through the breast increases.

In Nosratieh et  al. (2015), Boone’s fits to DgN(E) have been 
used to calculate DgN for a very wide range of target/filter com-
binations (tungsten/silver, tungsten/aluminum, tungsten/copper, 
tungsten/rhodium, molybdenum/copper, molybdenum/molyb-
denum, molybdenum/rhodium, rhodium/copper, and rhodium/
rhodium), breast thicknesses in the range 30–80 mm, and five 
breast glandularities.

All of the breast models described above were designed to 
simulate the breast in the CC projection, but the conversion fac-
tors were also applied to breasts imaged in the MLO projection.

In 2007 and 2008, Sechopoulos and colleagues presented 
Monte Carlo computations of DgN for both mammography and 
DBT (the results for DBT are considered in the next section) for 
breast thicknesses of 20–80 mm and five glandularities, which 
were calculated using separate breast models for each view 
(Sechopoulos et  al. 2007, Sechopoulos and D’Orsi 2008). The 
4 mm skin thickness used by Wu et al. was retained, the breast 
was attached to a cuboid of water to allow for back and side 
scatter, and the heel effect was included in the simulation. The 
model used for the CC view had a semi-circular cross-section for 
the breast, with rounded edges. For the MLO view, part of the 
pectoralis muscle was included in the model (Figure 29.14), and 
because the breast was positioned with the corner of the image 
receptor posterior to the axilla, the position of the glandular tis-
sue in relation to the central ray of the X-ray field (see figure) var-
ied with breast size. In addition, the pectoralis muscle provided 
some shielding for the breast tissue. DgN was calculated for five 
values of the chest wall nipple distance (CND in Figure 29.14) 
in each projection. Contrary to the normalizations used by other 
workers, the normalizing exposure was calculated at the central 
point on the breast support plate at the chest wall in the absence 
of the breast.

For the X-ray spectra from molybdenum/molybdenum, molyb-
denum/rhodium, and rhodium/rhodium targets considered in 
Sechopoulos et al. (2007), comparison of the DgN values for dif-
ferent values of CND showed variations from the mean of up to 
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3% for the CC view. For the MLO view, DgN for a CND of 70 mm 
was 6–14% less than the mean while for breasts with a CND of 
100 mm or greater, the variation was 6% or less.

Similar variation was found for the tungsten/aluminum and 
tungsten/rhodium spectra evaluated in Sechopoulos and D’Orsi 

(2008). A limited study with the heel effect omitted from the 
model increased the calculated value of DgN by 7%. Comparison 
of DgN values for the two projections shows that that for the CC 
view is larger by up to 11%, which is due to the location of the 
breast tissue in relation to the central ray of the X-ray field (Figure 
29.14) and the fact that the pectoralis muscle acts as partial shield 
for the glandular tissue in the MLO view. It is noted that this 
difference in DgN values does not in itself mean that the dose 
for the MLO view will be less than that for the CC view. The 
compressed breast thickness for the MLO view is usually greater 
than that for the CC view and will require a higher exposure.

29.5  Estimation of MGD Conversion Factors 
for DBT Using Simple Breast Models

DBT involves imaging the breast over a limited range of the 
incident angle of the X-ray beam, and then processing the 
resulting projection images to obtain tomographic image slices 
at a series of vertical heights through the breast. Two differ-
ent geometries have been used. In the first geometry (Figure 
29.15 left), a series of individual exposures are made at differ-
ent angles (α) as the tube rotates, each with full field irradiation 
of the breast.

The rotation axis can be in the plane of the image receptor, 
or slightly above it, depending on system design (Sechopoulos 
2013a). In the second geometry (Figure 29.15 right), a narrow 
beam is continuously scanned across the breast and imaged 
by a matched detector which is coupled to the X-ray tube 
and scans with it as the tube rotates. The first of these geom-
etries is the most widely used and the improved breast model 
of Sechopoulos et al. (2007), described in Section 29.4.2, was 
developed for this full field DBT geometry. A formalism was 

24.0 cm

Detector

Body

CND

Breast
skin

Breast
tissue

Pectoralis
muscle

Central
ray

1.
9 

x 
C

N
D

Compression plate

2.
5 

cm
30

.7
 c

m
2.

5 
cm

FIGURE 29.14 Model used by Sechopoulos et  al. (2007) to simulate a 
breast compressed in the medio-lateral oblique (MLO) view. (Adapted from 
Sechopoulos, I. et  al. 2007. Med. Phys. 34(1), 221–232. Copyright 2007, 
American Association of Physicists in Medicine (AAPM).)

X-ray tube
at 0° X-ray tube

at 0°

Breast

Breast support

Image receptor

X-ray tube
at α° X-ray tube

at α°

α

α

φ

Centre of rotation

Compression
paddle

Compression
paddle

Breast

Breast supportImage receptor

Centre of rotation

FIGURE 29.15 Geometry for digital breast tomosynthesis (DBT) using a full radiation field (left) and a scanning radiation field (right). The left-hand figure 
shows the positions of the central ray for projections in the straight-through position and at tube angle α. The field boundaries have been omitted for clarity. 
The right-hand figure shows the field boundaries for projection angle α and the matching of the image receptor to the scanning X-ray beam. (Adapted from 
Dance, D. R. et al. 2011. Phys. Med. Biol. 56(2), 453–471. Copyright Institute of Physics and Engineering in Medicine. Reproduced by permission of IOP 
Publishing. All rights reserved.)



584 Handbook of X-ray Imaging

adopted for the calculation of Dg which allowed consistency 
with the approaches of Wu and Boone. When adapted for nor-
malization using air kerma rather than exposure, this formalism 
becomes:

 
D K D RGDg CR gN= ∑( ) ( )0 α

 
(29.6)

In this equation, KCR is the air kerma for the zero degree pro-
jection determined at the point where the central ray intercepts 
the breast support. This is the normalization described in Section 
29.4.2 above. The argument of DgN is the tube angle so that DgN(0) 
is calculated for the straight-through position. The summation is 
over all tube angles α and the relative glandular dose, RGD(α) 
is the ratio of the dose for projection angle α to that for the zero 
degree projection. It has been calculated (Sechopoulos et  al. 
2007, Sechopoulos and D’Orsi 2008) for a wide range of con-
ditions on the assumption that the tube loading (mAs) remains 
unchanged for each projection and by definition is unity for the 
straight-through projection.

Because RGD is the ratio of two factors, it was found that it has 
little dependence on breast glandularity or X-ray spectrum. For 
fixed breast dimensions, Sechopoulos et  al. found that, for the 
MLO view, the maximum variations from the mean due to differ-
ences in glandularity and differences in X-ray spectrum were 1.9 
and 4%, respectively. The corresponding maximum variations 
for the CC view were 1.1 and 2.9%, respectively. For practical 

application, computer fits were therefore made to RGD just as a 
function of the tube angle, breast thickness, and the CND. Figure 
29.16 shows examples of the fitted curves for MLO and for CC 
views. It can be seen that, for the CC view, the variation of RGD 
with both the projection angle and CND is small. However, this 
is not the case for the MLO view where there is a large variation, 
particularly with CND.

If the mAs for each projection is the same, the dose for the 
whole procedure is proportional to µRGD, the value of RGD aver-
aged over all projections. Equation 29.6 can then be written:

 
D K D Ng = CR gN RGD( )0 µ

 (29.7)

where N is the number of projections. Sechopoulos et al. (2007) 
calculated µRGD for DBT with an angular range of ±30° for all 
of the configurations simulated and found values between 0.91 
and 1.01 for the MLO view and between 0.91 and 0.97 for the CC 
view. This means that, in general, for the same breast and X-ray 
spectrum, the conversion factor for DBT may be up to 9% less 
than that for 2D mammography.

Calculations of the MGD conversion factors for DBT for a 
wide range of spectra have also be made by Dance et al. (2011) 
using the breast model from Dance et al. (2000) and breast thick-
nesses in the range 20–110 mm. A formulation similar to that 
used by Sechopoulos was employed and Equation 29.2, used for 
2D mammography, was extended to:
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D K gcsTg =

 (29.8)

 
T p t= ∑ i i( )α

 
(29.9)

In Equation 29.8, K is the air kerma measured in the straight-
through position for the total mAs for the exposure, g, c, and s 
retain their meaning in Equation 29.2, and T is called the “tomo” 
factor for the whole exposure. It is calculated in Equation 29.9 
as a sum of “tomo” factors t(αi) for each individual projection 
multiplied by pi, the partition of the total mAs between the dif-
ferent projections. For equally weighted projections, T is simply 
the value of t(α) averaged over all the projections.

Thus the factors t(αi) have the same meaning as the factors 
RGD used by Sechopoulos, and the two sets of factors are directly 
comparable. Figure 29.17 shows the t-factor for a 50 mm thick 
compressed breast with glandularity 50% and two different X-ray 
spectra for the CC view and the angular range 0–30°. Also shown 
is the equivalent curve taken from the work of Sechopoulos et al. 
(2007). It can be seen that the variation with X-ray spectrum is 
small and that the two sets of computations agree well in spite 
of the different breast models used. In common with the work of 
Sechopoulos, the variation of t with glandularity was also small, 
and it is tabulated just against breast thickness.

Values of T are given in Dance et  al. (2011) for DBT scan 
ranges between −10 to +10° and −30 to +30° in scan range steps 
of 5°. The factor is tabulated against breast thickness, and varia-
tions with glandularity and X-ray spectrum were stated to be no 
more than 2.4%. A sample of the values of T for three angular 
ranges is given in Table 29.2. It can be seen that, similar to the 
values of µRGD reported in Sechopoulos et al. (2007), the values 
of T are quite close to unity.

Values are also given in the above paper for two commercially 
available DBT systems. Values for further commercial systems 
are given in the DBT quality control protocol prepared by the 
European Reference Organisation for Quality Assured Breast 
Screening and Diagnostic Services (EUREF) group (van Engen 
et al. 2015). Similarly, in a protocol developed by the American 
Association of Physicists in Medicine (AAPM) in the United 

States (Sechopoulos et al. 2014), generic values of µRGD are given 
as well as values for five commercial systems.

The values in Table 29.2 are for the CC view, but Dance et al. 
(2011)  recommend that they can also be used for the MLO view 
if there is an equal partition of the total mAs between views. This 
might seem surprising in view of the variation with angle shown 
by RGD for the MLO view in Figure 29.16. However, when aver-
aged over all DBT projections, the average values of t(α) for the 
two views (i.e., their T-factors) are remarkably similar. Dance 
et  al. (2011) calculated T-factors using data for MLO and CC 
views from Sechopoulos et  al. (2007), for a CND of 80 mm, 
breast thicknesses of 20–80 mm, and five ranges of DBT projec-
tion angle. The difference between the pairs of T-factors was, at 
worst, 3%, thus justifying the use of T-factors for the CC view 
and for the MLO view as well.

Dance et  al. (2011) also calculated T-factors, denoted TS for 
the  scanning geometry shown in Figure 29.15 (right). In this 
case, the scanning beam moves continuously, and normalization 
using the approach adopted for full field irradiation would have 
been sensitive to the width of the scanning beam. Instead, the air 
kerma is measured for the whole scanning motion in the absence 
of the breast, with a defined position for the dosimeter. This is 
important because the dosimeter is not irradiated for the whole 
of the exposure.

29.6  Estimation of MGD Conversion 
Factors for Mammography Using 
Realistic Breast Models

The model breasts described in the previous sections are all 
relatively simple and assume that the glandular tissues are in a 
defined region of the breast and form a homogeneous mixture 
with adipose tissues. Such models are, of course, fine for quality 
control purposes and are useful for system optimization and the 
comparison of the MGD arising from different imaging situa-
tions. However, even if an estimate of breast glandularity is made 
from the mammogram, (e.g., by using Volpara™ [Highnam et al. 
2010]) and accounted for in the dose calculation, the MGD thus 
estimated will not be the actual dose for an individual patient, 
or indeed the average dose for a group of patients. Because of 
the heavy attenuation of the incident X-ray beam by the breast 
tissues, the true MGD will be strongly dependent on the spatial 
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TABLE 29.2

T-Factors

Breast 
Thickness (mm)

T for Angular Ranges of (Degrees)

−10 to +10 −20 to +20 −30 to +30

20 0.994 0.982 0.960

40 0.992 0.973 0.944

60 0.989 0.969 0.939

80 0.988 0.967 0.937

110 0.986 0.963 0.931

Source: Adapted from Dance, D. R. et al. 2011. Phys. Med. Biol. 56(2), 
453–471. Copyright Institute of Physics and Engineering in 
Medicine. Reproduced by permission of IOP Publishing. All 
rights reserved.
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distribution of the various tissues within the breast. For exam-
ple, using the more detailed model of the breast developed by 
Bakic et al. (2002), Dance et al. (2005) found that the MGD con-
version factor was up to 45% less than that calculated using a 
homogeneous distribution of tissues. It is therefore of consider-
able interest to calculate MGD conversion factors using data on 
skin thickness, breast glandularity, and the spatial distribution of 
glandular tissues which are now available from breast CT.

The simple breast models described above assumed a constant 
thickness of either adipose tissue (5 mm) or skin (4 mm) before 
the breast region containing glandular tissue. Using breast CT, 
Huang et al. (2008) found the overall average skin thickness to 
be 1.45 mm with values ranging between 0.9 and 2.3 mm for 
individual women. A very similar average thickness (1.44 mm) 
was reported by Vedantham et  al. (2012a). However, it cannot 
be assumed that the glandular tissue extends uniformly to the 
skin, and it is noted that both the Wu and Dance models used 
a central region further separated from the breast surface than 
the true skin thickness. Notwithstanding this, and as a test of 
the effect of model parameters on the value of DgN, Huang et al. 
investigated the effect of changing the skin thickness on the val-
ues of DgN. They used the simple geometrical model of Boone 
(1999), with the homogeneous mixture of glandular and adipose 
tissue extending right to the skin, and a series of spectra from a 
molybdenum/molybdenum target/filter combination. They found 
that decreasing the skin thickness from 4 to 1.5 mm increased 
the value of DgN on average by 16 and 19% for breast thick-
nesses of 40 and 60 mm, respectively. When the skin thickness is 
decreased in the simple geometrical model, more of the incident 
energy fluence will be absorbed by the glandular tissue, and the 
effect of this on DgN is partially compensated by an increase in 
the amount of glandular tissue present.

Various authors have reported values of glandularity deter-
mined from breast CT. In contrast to the glandularity described 
above, which is a mass glandularity, these authors have reported 
the volume glandularity. Yaffe et al. (2009) analysed data from 
both digitized screen–film mammograms and breast CT and 
found an average volume glandularity of 14.3% (omitting a skin 
region of 1.5 mm). Also using data from breast CT, Huang et al. 
(2011) found average breast glandularities of 17.7, 19.2, 13.2, 
and 13.2% for bra cup sizes A, B, C, and D. Vedantham et al. 
(2012b) investigated the distribution of glandularities and found a 
mean of 17.2% and first and third quartile values of 6.7 and 24%. 
Hernandez et al. (2015) found quite similar values for a medium 
sized breast, reporting values of 12.6, 7.3, and 19.1% for the mean, 
lower, and upper quartiles, respectively. The volume glandulari-
ties can also be calculated from the mass glandularities given by 
Dance et al. (2000). When normalized to the whole breast vol-
ume, the corresponding volume glandularities are 22 and 14% for 
breasts of thicknesses 50 and 60 mm, respectively, in reasonable 
agreement with the values determined from breast CT.

Two groups of authors have calculated MGD conversion factors 
using models with realistic spatial distributions of glandular tissue 
determined from breast CT. Sechopoulos et  al. (2012) used CT 
images of the breasts of 19 patients. Each CT image was segmented 
into voxels containing air, skin, adipose tissue, or glandular tissue. 
A modified fuzzy C-means algorithm was used to classify adipose 
and glandular voxels, and morphological operations were used to 
assign voxels near the edge of the breast to skin. The resulting 

segmented voxelized model breasts had the pendant geometry 
used for the CT examination, and each was compressed to provide 
a realistic 3D simulation of a breast undergoing a mammogram 
in the CC view. For each breast model thus produced, a duplicate 
with the same glandularity was also created, but with the breast 
tissue homogenized so that the glandular tissue was uniformly dis-
tributed. Values of DgN were calculated for both sets of phantoms, 
in each case using an appropriate target/filter combination and 
tube voltage. Figure 29.18 shows the comparison of the resulting 
DgN values for the realistic and homogeneous models. The data 
are for compressed breast thicknesses in the range 27–78 mm. The 
value of DgN was higher for the homogeneous model for 17 out of 
the 19 cases studied. The use of the homogeneous model overes-
timated DgN on average by a factor of 1.27. The range of this fac-
tor was 0.84–2.17, so that the use of the homogeneous model can 
introduce large uncertainties. Further, large uncertainties for indi-
vidual patients would remain even if average values of DgN were 
used based on a series of realistic breast models.

The work reported by Hernandez et  al. (2015) used a much 
larger series of breast CT images (219 patients). An approach dif-
ferent to that of Sechopoulos et al. was used. Rather than using 
phantoms based on the breasts of individual women, a model of 
the average distribution of glandular tissue was developed for 
breasts of different sizes and volume glandularities in the pen-
dant geometry used in breast CT. This model was then used to 
construct voxel phantoms for three compressed breast sizes, as 
detailed in Table 29.3. Values of DgN were then calculated for 
each heterogeneous phantom and the equivalent homogeneous 
phantom with the same external dimensions and glandularity. 
Table 29.3 gives results for two X-ray spectra for each breast size 
and glandularity. The results again show that the conversion fac-
tor is less using the heterogeneous model than the homogeneous 
model. The relative difference between models is larger for spec-
tra using a Mo target (average difference 38.1%) than for spectra 
using a W target (average difference 25.2%) and increases with 
breast thickness. These differences are due to the distribution of 
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glandular tissue within the breast. As shown in Figure 29.19, for 
vertical slices through the compressed breast, this is highest in 
the center of the breast and falls off towards the breast surface.

Finally, it is noted that all current breast dosimetry protocols 
(Section 29.8.1) use conversion factors calculated using simple 
geometrical models of the breast. The use of more realistic breast 
models derived from breast CT in breast dosimetry protocols 
would reduce the estimated values of the MGD (but not of course 

the true value). It can perhaps be anticipated that future proto-
cols will be able to make use of conversion factors calculated 
using realistic breast models. Also, before the values of the MGD 
thus derived are used to estimate the risk of radiation induced 
carcinogenesis, the breast models used to derive the necessary 
risk factors would themselves need to be revised and the factors 
recalculated.

29.7 Physical Phantoms for Breast Dosimetry

For quality control purposes, physical phantoms are frequently 
used as a surrogate for the breast to determine the incident air 
kerma for the examination so that the MGD can be calculated 
in accordance with the equations presented in Sections 29.4 and 
29.5. This is done either instead of or together with the deter-
mination of breast dose for a series of patients. In order that the 
automatic exposure control (AEC) system can select the correct 
tube loading and X-ray spectrum, phantoms have generally been 
designed with the twin objectives of providing the same attenu-
ation and scatter properties as the breast being simulated, and 
these objectives should be met for all appropriate X-ray spectra. 
With the advent of more intelligent AEC systems, which may 
make use of the compressed breast thickness and the signals 
in a test image, it is also desirable that the phantom thickness 
matches that of the breast being simulated and that it contains 
some appropriate structure. Phantoms should also be inexpen-
sive to manufacture and with a simple modular design so that 
they can be used to simulate compressed breasts of different 
thicknesses. There are presently no breast dosimetry phantoms 
in routine use which satisfy all of these requirements.

The first practical series of dosimetry phantoms to be gener-
ally adopted was suggested by Dance et al. (2000) and is used 
in the UK (IPEM 2005), European (EC 2013), and IAEA (2007, 
2009, 2011) mammography dosimetry protocols. These phan-
toms (Table 29.4) comprise a series of polymethyl methacrylate 
(PMMA) slabs, which was designed to simulate the average 
breasts of women aged 50–64 attending the UK breast screening 
program. Because of the different chemical composition of the 
breast and PMMA, in Dance et al. (2009) a study was made of 

TABLE 29.3

Comparison of DgN Calculated Using Homogeneous and 
Heterogeneous Breast Models

Breast Size
Volume 

Glandularity (%) Spectrum (kV)
Relative DgN 

Difference (%)

Small 17 Mo/Mo 28 −28.6

W/Rh 28 −19.3

Medium 7.3 Mo/Mo 31 −34.5

W/Rh 31 −23.6

Medium 12.6 Mo/Mo 31 −36.4

W/Rh 31 −25.4

Medium 19.1 Mo/Mo 31 −39

W/Rh 31 −27.4

Large 7 Mo/Rh 32 −38.1

W/Ag 30 −25.2

Source: Adapted from Hernandez, A. M. et al. 2015. Med. Phys. 42(11), 
6337–6348. Copyright 2015, American Association of Physicists 
in Medicine (AAPM).

N
or

m
al

iz
ed

-R
G

F

0

0.25

0.50

0.75

1.00
0 0.2 0.4 0.6 0.8 1.0

Relative radial position

FIGURE 29.19 Distribution of glandular tissue in a vertical plane through 
the compressed breast. The figure shows the fitted radial glandular fraction 
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TABLE 29.4

PMMA Slab Thicknesses That Simulate Model Breasts for Women 
Attending the UK Breast Screening Program Aged 50–64

PMMA Slab 
Thickness (mm)

Model Breast 
Thickness (mm)

Model Breast 
Glandularity (%)

20 21 97

30 32 67

40 45 40

45 53 29

50 60 20

60 75 9

70 90 4

Source: Adapted from Dance, D. R. et al. 2000. Phys. Med. Biol. 45(11), 
3225–3240. Copyright Institute of Physics and Engineering in 
Medicine. Reproduced by permission of IOP Publishing. All rights 
reserved.

Note: PMMA: polymethyl methacrylate.
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the suitability of using PMMA when different X-ray spectra were 
used for the same breast size. It was found that, for the range of 
spectra considered, the systematic error arising from a mismatch 
in the properties of phantom and breast was less than 2% for 
breast thicknesses up to 60 mm and in some cases increased to 
around 10% for the extreme case of a 110 mm thick compressed 
breast.

It can be seen from Table 29.4 that the thicknesses of the 
PMMA phantoms and the breast that they simulate do not match 
exactly. For that reason, in the practical situation, spacers can be 
inserted on top of and at the edge of the phantom (so as not to 
cover the AEC) to ensure that the compression paddle is at the 
correct height.

Although originally designed for use in mammography, the 
PMMA phantoms are also used for dosimetry in DBT (van 
Engen et al. 2015). However, there has been some concern that 
the phantom height does not match the breast thickness that 
it simulates, and an alternative series of phantoms has been 
designed by Bouwman et  al. (2013) and evaluated for use in 
mammography and DBT (Bouwman et  al. 2015a) and CEDM 
(Bouwman et al. 2015b). These phantoms comprise slabs of two 
materials, PMMA and polyethylene (PE), intended to match both 
the breast height and photon interaction properties. In most DBT 
systems, there is no anti-scatter grid and scatter makes a much 
larger contribution to the energy deposited in the image receptor 
than for projection mammography with an anti-scatter grid. This 
means that matching these properties for DBT is a harder task 
than for mammography. Table 29.5 shows the thicknesses recom-
mended by Bouwman et al. These combinations did not provide 
an exact match, and in some situations for the same air kerma 
and spectrum, the signal calculated at the image receptor for 
the phantom in DBT differed from that calculated for the model 
breast by up to 10%. Larger differences were found for CEDM 
using PMMA and PE and differences of up to 10% for the use 
of PMMA alone. It must be realized, however, that no phantom 
can give an exact match to the average breast in all situations and 
a systematic error of 10% may be acceptable for quality control. 
What is important is that the method is reproducible, can be used 
to monitor change, and that differences from dosimetry with real 

breasts are not too large and are understood. Section 29.9 com-
pares and discusses values of MGD for 2D mammography and 
for DBT estimated using both series of phantoms with the MGD 
for the corresponding patient examinations.

The phantom recommended for standard breast dosimetry 
in the USA is designed to simulate a 42 mm thick compressed 
breast of 50% glandularity. This phantom is used for both breast 
dosimetry and quality control as it contains various test details 
which must be visualized. The original phantom was designed 
for screen–film mammography (ACR 1999) but a new phantom 
with the same thickness that has a larger area to allow artifact 
evaluation has been introduced by the American College of 
Radiology (ACR) (Baker et al. 2016). In addition, the 2016 ACR 
protocol outlines how breast dose can be measured for 20 and 
60 mm thicknesses of breast-equivalent materials.

29.8  Measurement Protocols and 
Practical Breast Dosimetry

29.8.1 Protocols for Breast Dosimetry

For the quality control and comparison of breast doses, it is 
essential that the dose measurements are performed in the same 
way and use the same metrics. As a consequence, many coun-
tries have developed their own protocol for breast dosimetry in 
mammography. There are also European guidelines (EC 2013) 
and international protocols produced by the IAEA (2006, 2009, 
2011). As well as detailing measurement procedures, the guide-
lines may specify limiting values for breast dose. In addition, 
diagnostic reference levels (ICRP 1996) may be set, locally and/
or nationally. According to the Commission of the European 
Communities, CEC (1997), diagnostic reference levels (DRLs) 
are:

Dose levels in medical radiodiagnostic practices for 
typical examinations for groups of standard sized 
patients or standard phantoms for broadly defined 
types of equipment. These levels are expected not to 
be exceeded for standard procedures when good and 
normal practice regarding diagnostic and technical 
performance is applied.

A survey of diagnostic reference levels for mammography by 
Suleiman et  al. (2015) cited publications from seven countries 
that used MGD conversion coefficients from Wu et al. or Boone 
(Section 29.4.2) and 11 countries that used the conversion coef-
ficients published by Dance et al. (Section 29.4.1). The dosimetry 
protocols used were those from the ACR (ACR 1999), the United 
Kingdom (IPEM 2005), IAEA (2006, 2009, 2011), and EC 
(2013). The latter two protocols are variants of the UK protocol 
and were developed since the advent of digital mammography, 
whereas the ACR protocol was developed for screen–film mam-
mography. The European protocol describes procedures for both 
phantom-based and patient-based measurements. The 1999 ACR 
protocol uses MGD conversion coefficients from Wu et al. (1991, 
1994). It only considers phantom-based measurements, but the 
dose calculation procedure can of course also be used to esti-
mate the MGD for patients. As noted in Section 29.7, a new ACR 

TABLE 29.5

PMMA and PE Slab Thicknesses Which Together Simulate Model 
Breasts for Women Attending the UK Breast Screening Program 
Aged 50–64

PMMA Slab 
Thickness (mm)

PE Slab 
Thickness (mm)

Model Breast 
Thickness (mm)

Model Breast 
Glandularity (%)

20 0 20 100

27.5 2.5 30 72

30 10 40 50

32.5 17.5 50 33

32.5 27.5 60 21

32.5 37.5 70 12

32.5 47.5 80 7

Source: Adapted from Bouwman, R. W. et  al. 2015a. Phys. Med. Biol. 
60(20), 7893–7907. Copyright Institute of Physics and Engineering 
in Medicine. Reproduced by permission of IOP Publishing. All 
rights reserved.

Note: PE: polyethylene; PMMA: polymethyl methacrylate.
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protocol specifically designed for digital mammography, but 
again only considering phantom-based measurements of dose, 
was published in 2016 (Baker et  al. 2016). This protocol uses 
MGD conversion coefficients from Dance et al. (2000) as these 
cover a wider range of spectra, breast sizes, and compositions. 
Some of the details of these protocols are presented in Sections 
29.8.2 through 29.8.5 below.

There are two protocols available for DBT: that of the AAPM 
(Sechopoulos et al. 2014) and a follow-on (van Engen et al. 2015) 
to the European quality assurance guidelines for mammography 
(EC 2013). Both protocols are quite recent, and they are not dis-
cussed in detail here, although it is noted that there are method-
ological differences between them as they use different positions 
for the measurement of air kerma.

There are a few useful tools available for the calculation of 
the MGD. Dose conversion factors for mammography have 
been parameterized by Sobol and Wu (1997) and for DBT by Li 
et al. (2013). A tool for the calculation of patient dose using the 
UK protocol has been developed by the National Coordinating 
Centre for the Physics of Mammography (NCCPM) in the United 
Kingdom and is downloadable from their website (NCCPM 
2016).

29.8.2 Mammographic Dosimeters

According to IAEA (2011), air kerma should be measured using 
a detector that has been calibrated at appropriate mammo-
graphic energies and which has an energy response that is flat 
within ±5%, an accuracy within ±5%, and repeatability within 
±5%. Specially designed dosimeters using ionization chambers 
or solid state devices are normally used. Notwithstanding this, 
IAEA (2007) describes the use of thermoluminescent dosim-
eters exposed on top of PMMA to measure entrance surface air 
kerma, and the correction of the measured value to the incident 
air kerma using an appropriate backscatter factor. This approach 
is still used in some centers, but is not further discussed here.

29.8.3 Phantom Measurements

According to the European guidelines (EC 2013), for routine 
quality control breast dose should be assessed using blocks of 
PMMA as tissue substitutes. Using the usual clinically selected 
exposure factors, including the automatic selection of target/
filter combination and tube voltage, PMMA sheets of thickness 
20–70 mm (see Table 29.4) are exposed using spacers as neces-
sary to make the total thickness the same as the breast being 
modelled (see Section 29.7). The incident air kerma is then cal-
culated from measurements of the tube output with the compres-
sion paddle in place and application of the inverse square law 
to convert these measurements to the position of the top of the 
PMMA phantom and the MGD found using Equation 29.2. The 
conversion factors used are those for the breast that is simulated 
by the PMMA slabs and the HVL must be measured with the 
compression paddle in place.

Although it proposes measurements with a series of PMMA 
thicknesses, the European protocol recognizes that measure-
ments with a 45 mm phantom may be sufficient for routine 
testing. The IAEA quality assurance program for digital mam-
mography (IAEA 2011) suggests measurements with PMMA 

thicknesses of 20, 45, and 70 mm. Both the IAEA (2011) and 
EC (2013) give limiting values (acceptable and achievable lev-
els) for the MGD. The acceptable level is the highest acceptable 
value of the MGD for the given PMMA thickness. The achiev-
able level is a lower dose that should be attained under favour-
able circumstances. It is recommended that systems operate as 
far as possible at a standard equal to or better than the achievable 
level (EC 2013). Figure 29.20 shows the acceptable and achiev-
able dose limits given in EC 2013. It is important to note that 
limiting values may change with time as both the technology and 
our understanding of the requirements for good image quality 
improve. It is clear from current evidence that, for a given mam-
mographic system, the detectability of calcifications decreases 
with decrease in dose.

According to the ACR protocol for quality control of digital 
mammography (Baker et al. 2016), breast dose should be assessed 
using a combined image quality/dosimetry phantom that simu-
lates a 42 mm compressed breast of 50% glandularity. The phan-
tom is exposed under AEC for the quality control tests and the 
exposure parameters noted. Contrary to the protocols described 
above, the incident exposure (not air kerma) is then measured for 
these clinically selected exposure factors, including target/filter 
combination and tube voltage. All parameters are set manually, 
and the center of the dosimeter is positioned so that its center is 
at a height of 42 mm above the breast support and the compres-
sion paddle is lowered so that it is just in contact with the top of 
the dosimeter. The MGD is then found using Equation 29.3. The 
limiting value for exposure of this phantom is 3 mGy, somewhat 
higher than the corresponding value shown in Figure 29.20 for 
the European protocol. The 2016 ACR protocol also suggests 
that MGD can be measured using 20 and 60 mm thicknesses of 
breast-simulating plastics but no limiting values are provided.

29.8.4 Patient Measurements

Besides assessment of breast dose using phantoms, it is also impor-
tant to determine the MGD for a series of patients. Patient-based 
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FIGURE 29.20 Acceptable and achievable dose limits for the exposure 
of polymethyl methacrylate (PMMA) breast-simulating phantoms. (Data 
taken from European Commission (EC). 2013. European Guidelines for 
Quality Assurance in Breast Cancer Screening and Diagnosis. 4th edn. 
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measurements of course provide a more realistic assessment of 
breast dose than phantom-based measurements and facilitate the 
study of the variation of dose with breast size and composition. 
They are usually preferred for the establishment and use of DRLs 
for mammography, but the values from different geographi-
cal regions may be difficult to compare because of the different 
patient populations and breast size ranges that may be used.

The general principles for patient dosimetry are the same 
as those for phantom-based measurements. In addition to the 
tube loading, tube voltage, and target/filter combination used 
for the exposure, the compressed breast thickness also needs to 
be recorded, either at the time of exposure or these parameters 
can be taken from the Digital Imaging and Communications in 
Medicine (DICOM) header of the digital image. The incident air 
kerma is then calculated using these parameters and measure-
ments of tube output and used to compute the MGD. It is noted 
that the MGD may also be available in the DICOM header. If this 
value is used instead of a calculation by the user, it is important 
that the method of MGD calculation used by the mammography 
unit is understood and sample values are checked against user 
calculations using measurements of tube output.

In the European protocol (EC 2013), the compressed breast 
thickness is recorded by the radiographer. The calibration of the 
thickness displayed by the equipment must be checked by apply-
ing a typical force to a known thickness of rigid material, and a 
correction applied to the reading before the MGD is calculated.

Depending on requirements, patient MGD may be evaluated 
for all patients presenting in a series, or for breasts in a specific 
size range.

29.8.5  Measurement Uncertainty in the 
Estimation of the MGD

The IAEA Code of Practice for Dosimetry in Diagnostic 
Radiology (IAEA 2007) provides estimates of the measurement 
uncertainty for the estimation of the MGD with a 45 mm phan-
tom and for patients. For the former, if an appropriate dosim-
eter is used with a calibration traceable to a Secondary Standard 
Dosimetry Laboratory, the calibration is corrected to the actual 
beam quality used and a correction for air density is applied to 
the dosimeter reading if appropriate, then the total uncertainty 
at the 95% confidence level is estimated to be 7.8%. This is only 
slightly more than the uncertainty requirement estimates given 
in Section 29.1 for quality assurance/quality control. This value 
is the uncertainty on the MGD estimated using a particular 
model breast. It takes no account of any difference between the 
model breast and real patient breasts. Nor does it account for the 
uncertainties inherent in the use of g-factors tabulated against 
HVL and constant s-factors for a given target/filter combination. 
Nevertheless, provided these limitations are recognized, it can 
be considered adequate for quality assurance/control purposes.

For a series of patients, the IAEA estimates the total uncer-
tainty in the MGD at the 95% confidence level as 14.6%. This 
larger value is due to the inclusion of uncertainties arising from 
an uncertainty of 5 mm in the compressed breast thickness. This 
estimate, of course, is for a single reading and the above caveats 
for phantom-based MGD values apply. If the average value of 
MGD for a series of patients is calculated, there will be further 
uncertainty arising from the distribution of dose values. Zoetelief 

et al. (1996) give the uncertainty in the average MGD value for a 
series of 50 patients as 14% at the 95% confidence level.

29.9 Results of Breast Dose Measurement

The MGD can be assessed from both phantom- and patient-based 
measurements, and there is a large and increasing literature giv-
ing the results of local and national surveys. In this section, we 
present some typical values of MGD for both mammography and 
DBT and give example comparisons of the results of assessment 
using phantom- and patient-based measurements, both using the 
same equipment. It is important to note that, whilst these results 
are representative at the time of writing, what is typical and what 
is acceptable may change with time as the technology and our 
understanding of image quality requirements develop.

In a large UK survey, Young and Odoku (2016) investigated 
both the MGD for women attending the national breast screening 
program and the MGD for exposure of a 45 mm thick PMMA 
phantom, which simulated a “standard breast,” 53 mm thick and 
of glandularity 29% (Table 29.4). Table 29.6 gives a summary of 
their results for 278 direct digital radiography (DR) systems and 
160 screen–film systems. The reduction in the MGD associated 
with the transition from screen–film systems to digital systems 
is clear. There is also a difference in recorded breast thickness 
between MLO and CC views and between screen–film and DR 
imaging. The national DRL in the United Kingdom is 3.5 mGy 
for breasts in the thickness range 50–60 mm and the average 
values (±1 standard deviation) of the MGD for screen–film and 
DR systems for this thickness range were 1.87 ± 0.47 mGy and 
1.40 ± 0.33 mGy, respectively. No system exceeded the DRL.

The MGD results given in Table 29.6 are averages over all sys-
tems and breast thicknesses, and it is important to study how the 
MGD varies with breast thickness and imaging system. Figure 
29.21 illustrates this for four DR systems and the average of all 
the screen–film systems from the survey of Young and Oduko 
(2016). The variation between the MGD values for different sys-
tems is quite large. It is due to differences in imaging geometry, 
AEC and detector design, X-ray spectrum, and local choice of 
operating point.

The selection of the tube loading and X-ray spectrum by the 
AEC system will depend not only on breast thickness, but may 

TABLE 29.6

Average Values of the Patient MGD and Compressed Breast 
Thickness and the MGD for the Standard Breast Simulated by 
45 mm PMMA

DR Screen–Film

MGD MLO (mGy) 1.58 ± 0.01 2.11 ± 0.01

MGD CC (mGy) 1.42 ± 0.01 1.83 ± 0.01

MGD 45 mm PMMA (mGy) 1.24 ± 0.04 1.67 ± 0.06

Average thickness MLO (mm) 59.3 ± 0.2 56.2 ± 0.2

Average thickness CC (mm) 56.3 ± 0.2 53.5 ± 0.2

Source: Data taken from Young, K. C. and J. M. Oduko 2016. Brit. J. 
Radiol 89, 20150831.

The errors given are twice the standard error on the mean.
CC: cranio-caudal; MGD: mean glandular dose; MLO: medio-lateral 
oblique; PMMA: polymethyl methacrylate.
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also be influenced by the breast glandularity and the structures 
within the breast. Thus, the curves in Figure 29.21 show aver-
age values at each breast thickness. Figure 29.22 illustrates the 
variation in MGD for a given compressed breast thickness that 
may occur in practice. Data are shown for a particular system for 
both mammography and DBT. The variation at a given thickness 
for mammography compared with DBT reflects the increased 
sophistication of the AEC system for mammography, which 
takes better account of breast structure and glandularity. In this 
particular example, the average doses for mammography and 
DBT seem comparable, but this cannot be generalized as this 
will be vendor dependent and each will change with time as the 
technology develops and with local preference.

Table 29.5 also gives average values of the MGD measured 
for exposure of a 45 mm PMMA phantom. These values are less 

than the average values of the MGD for the patient series in the 
breast thickness range 50–60 mm reported by Young and Oduko 
by 11% for both screen–film and DR, which can be considered 
quite good agreement, especially given the fact that a homoge-
neous phantom is used to simulate the breast.

Detailed comparisons of MGD estimated using both PMMA 
and PMMA/PE phantoms and MGD values for patients have been 
carried out Bouwman et al. (2015a) for both mammography and 
DBT. This study covered the breast thickness range 20–90 mm 
and four different X-ray systems capable of both mammography 
and DBT. A summary of the results is given in Table 29.7.

It can be seen from the ratios in the table that, for mammogra-
phy, apart from the results from System I, both phantom designs 
provide a reasonably good estimate of the average value of the 
patient MGD. For DBT, both phantom designs give a reason-
ably good estimate of the average patient MGD for all five sys-
tems. However, when all breast thicknesses were considered, the 
agreement was less good. For example, although for mammog-
raphy and the PMMA/PE phantoms the average ratio of MGD 
values was found to be 1.15, the ratios found as the breast thick-
ness and system varied were between 0.92 and 1.86. For DBT, 
the corresponding range of the MGD ratios was between 0.67 
and 1.61.

Because of the different designs of the AEC systems, the ratios 
of doses estimated using phantoms and patient-based estimates 
vary from system to system, and between mammography and 
DBT. It follows that dose comparisons between systems, or 
between DBT and mammography, should only be made using 
measurements of patient dose.

Finally, it is stressed that the equipment and the breast dose 
level must always be chosen to ensure that the image quality 
necessary for the examination is achieved. For a given imag-
ing system, careful justification is always required before breast 
dose is reduced. There is clear evidence from simulation studies 
(e.g., Warren et al. 2012, Mackenzie et al. 2016) that there is a 
link between calcification detection and MGD, with calcification 
detectability decreasing with decreasing dose.
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29.10 Conclusions

This chapter has discussed the methods used for breast dosim-
etry and their implementation in national and international pro-
tocols. For conventional projection mammography, there are two 
approaches which are well-established and widely used, both 
based on very simple models of the female breast, which assume 
a uniform distribution of glandular tissue. Both provide standard-
ized methods of estimating the mean glandular dose from mea-
surements of the incident air kerma at the upper surface of the 
breast by multiplying by conversion factors derived from Monte 
Carlo calculations. Both have been extended for use in DBT.

For quality control purposes, standard phantom(s) are avail-
able for quality control for each protocol. According to the IAEA 
(2007), an uncertainty in dose measurement of 7% (at the 95% 
confidence level) or less is desirable for quality assurance and 
the equivalent figure for risk assessment is 20%. Experimental 
uncertainties close to these values are achievable within the limi-
tations of the simple breast models used, and this is considered 
acceptable for quality control purposes. However, there are large 
systematic errors associated with the use of simple models of the 
breast for the Monte Carlo calculation of the MGD conversion 
factors, which are due to the actual distribution of the glandular 
tissue, which is not uniform. Calculations using models derived 
from breast CT suggest that the MGD calculated using the sim-
ple models is overestimated by about 30% on average, with large 
patient-to-patient variations. Thus it is desirable that an improved 
breast model be developed which takes better account of the spa-
tial distribution of the glandular tissues. A joint workgroup of 
the AAPM and the European Federation of Organizations of 
Medical Physics (EFOMP) has been established for this purpose.

The simple breast phantoms presently used for the estimation 
of MGD during quality control procedures approximately simu-
late the average attenuation and scattering properties of breast 
tissue, but do not simulate the structures and variability of the 
attenuation within an individual breast. This was not important 
for screen–film mammography, but with the advent of digital 
mammography and the increasing sophistication of automatic 
exposure control systems, which can take account of the struc-
ture within an image, there is not always a close match between 

values of the MGD determined for a real breast and the equiva-
lent breast simulating phantom. It might be argued that this may 
not matter for quality control providing the relationship between 
the two dose estimates has been ascertained and is not too large, 
but it may matter when phantom derived doses are compared 
for different systems or modalities. Thus an improved design of 
phantom is becoming desirable. This is also being investigated 
by the above-mentioned working party.
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30
Industrial Radiography

Uwe Zscherpel and Uwe Ewert

30.1 Introduction

Industrial radiography is typically applied for the volumetric 
inspection of industrial products and installations (Halmshaw 
1995; Bossi et al. 2002; Czichos 2013). W.C. Roentgen himself 
did the first radiographs of this kind in 1896, by imaging soldered 
tin plates and his hunting rifle (Glasser 1939) (see also Section 
II, Chapter 17 of this book for an historical introduction to 
Roentgen’s discovery; the original plate made by Röntgen of his 
shotgun is reproduced as Figure XXVI in the historical gallery, 
in the middle of this book). The basic setup consists of a radiation 
source in front of the object to inspect an area detector behind 
the object to capture the penetrated shadow image of the object 
under investigation. The classical detector is an X-ray film. New 
electronic area detectors are gradually substituting film. The 
radiation source can be an X-ray tube, a gamma source, a lin-
ear accelerator, or a particle accelerator, generating, for example, 
neutron, proton, or other charged particle radiation. Objects of 

all possible materials and thicknesses can be inspected, provided 
the right radiation source and energy is selected. There exist 
practical limitations to the upper material thickness, for exam-
ple, 0.5 m penetration length in steel or 2 m in concrete (at an 
X-ray radiation energy of 12 MeV).

Industrial radiography is based on the discovery of X-rays by 
W.C. Roentgen in 1895, the discovery of gamma radiation by H. 
Becquerel in 1896, and the extraction of Radium sources by P. and 
M. Curie in 1898. After the development of high-vacuum X-ray 
tubes with energies up to 100 keV in 1913, radiological techniques 
were introduced into industrial practice. Over the last decades, 
tremendous progress in hardware has occurred, such as the devel-
opment of radioscopic systems with X-ray image intensifiers, 
micro-focus X-ray tubes, and digital detector systems. This prog-
ress was accompanied by an enormous increase in computing capa-
bilities, which made the introduction of digital techniques possible, 
such as digital image processing and enhancement, automated 
defect recognition, data reconstruction, and three-dimensional 
computed tomography applications (see Chapter 45). Nowadays, 
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the increased capabilities of digital detection systems, such as 
storage phosphor imaging plates (CR—Computed Radiography, 
see Chapter 12) and flat panel detectors (DDA—Digital Detector 
Arrays), indicate a new era in industrial radiography.

30.2 Industrial X-ray Films (NDT Films)

At the beginning of radiography, the same kind of X-ray films 
were used for medical and industrial applications. However, soon 
after the end of the 1940s, and its wide use of industrial radiog-
raphy (also called non-destructive testing—NDT) for inspection 
of welds on vessels and tanks (military usage) or bridges and 
piping (civilian usage), the development of films splits into two 
branches: medical films with high light sensitivity using scintil-
lator screens for lowest dose sensitivity for only one radiation-
sensitive object (the human) and industrial films using lead 
screens for high image sharpness, but with very low sensitivity 
compared to medical films. The compensation of the lower sensi-
tivity by higher dose is not a problem, because industrial objects 
are not harmed by any X-ray dose. The industrial usage of metal 
screens with its intensification of the optical density in contact 
with films at the same dose level was discovered in the 1920s in 
the US and, after World War II (WWII), it was also implemented 
in Europe (Schnitger 1984). The basic idea was to expose the 
film not by light, as in the medical case using scintillator screens 
typically based on Gd2O2S, which converts the X-ray radiation 
into light exposing the film, but to use heavy metal screens like 
thin Pb layers inside the film cassette. The Pb screens generate 
photo electrons and, in close contact to the film emulsion, these 
electrons expose film emulsions. The metallic screens can be 
made very thin (10–20 µm) and, together with very fine grained 
films, the inner unsharpness of such an industrial film system 
can be below 20 µm for energies below 100 keV. Therefore, the 

production of industrial X-ray film with film grains below 1 µm 
and a high silver content started worldwide after WWII and, 
therefore, the properties of medical X-ray films and the indus-
trial X-ray films, as used today, are really different. These differ-
ences are not very well known, because most literature describes 
the medical film version only. Even the classical book on indus-
trial radiography by Halmshaw (1995) does not discuss this in 
detail. An overview on the properties of industrial X-ray films is 
presented here, based on the on-going international film system 
evaluation, which is done at the Federal Institute for Materials 
Research and Testing (BAM) since the 1960s.

In Figure 30.1, a medical film (AGFA film type F8 specified 
for industrial applications in combination with RCF fluorescence 
screens) for very high sensitivity, but low contrast inspections, 
for example for reinforcement detection in concrete, is compared 
with a fast NDT film (Fujifilm IX100, which is not de-sensibil-
ized for light). Typically, NDT films are today de-sensibilized for 
light for easier darkroom handling, because only electrons expose 
the film in NDT. The characteristic film response to the exposed 
radiation is the optical film density, D, after film development. 
The optical density of the film is a logarithmic measure of the 
light transmission of an exposed and developed film. The applied 
optical film density for medical films is typically between D = 1 
to 2. Industrial applications for non-destructive testing (NDT) 
use general exposure dose values which are 10- to 1000-times 
higher. The resulting NDT image quality is characterized by 
higher sharpness and contrast sensitivity. Industrial radiographic 
films usually contain a higher silver content, which allows for 
obtaining a higher optical density (blackening). NDT films are 
applied for density values between 2 and 4.5. Special high bright-
ness viewing stations are required. Medical viewing equipment is 
not sufficient. Industrial films have been manufactured for more 
than 40 years on a polyester or PET base (100–150 µm thick), 
which is often of blue tint for better flaw visibility on a yellowish 
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viewing station. The polyester base is coated on both sides with 
a film emulsion of about 10 µm thickness. In this way, the optical 
density of an X-ray exposure is doubled, because only a fraction 
of the X-ray radiation is absorbed by a one-sided screen-film sys-
tem. The DQE (Detective Quantum Efficiency, see Dainty and 
Shaw (1974) for more details) of an industrial film system depends 
on the radiation energy, but is not larger than a few percent!

Figure 30.1 shows the basic difference between medical and 
industrial films. The medical film contains less silver and shows 
density saturation for densities higher than 4.5. The plot of density 
versus log exposure of the photographic characteristic curve of 
films has a long tradition; it was introduced by Hurter and Driffield 
(1890) and is usually referred to as the “H&D plot.” It is typically 
S-shaped, and describes the complete dynamic range of the film 
exposure, starting from the density of the base and fog (subtracted 
in Figure 30.1, therefore the plot starts at zero density) up to the 
saturation density, when all silver bromide grains are exposed and 
developed (dark gray line in Figure 30.1). However, this H&D 
plot is not appropriate for an industrial NDT film with its high 
silver content, the saturation density is well above practical limits 
(e.g., AGFA industrial films have saturation densities of D > 15, 
the practical film viewing is limited to D < 6, otherwise the film 
absorbs so much light, that it will be “grilled” and destroys itself). 

NDT films have a linear response between exposure and optical 
density, which is much more clearly visible in Figure 30.2.

Here films are used in combination with lead screens and 
exposed with 220 kV X-ray radiation pre-filtered with 8 mm Cu, 
the standard exposure conditions of ISO 11699-1. In ISO 11699-1 
also the NDT film system classes are defined for industrial appli-
cation: classes C1 to C6. The AGFA F8 film shown in Figure 30.1 
is a special (medical) film (too fast and too low silver content for 
NDT) and does not fulfil the requirements of ISO 11699-1 for 
industrial film systems with metallic screens (lead screens typi-
cally with 27 or 100 µm thickness).

NDT film systems are classified corresponding to the stan-
dards ISO 11699, EN 584 (replaced by ISO 11699 in 2012), JIS 
K 7627, and ASTM E 1815. The classification requires the user 
to select the film type and the developer, as well as the certified 
developer temperature, and immersion time, to obtain confor-
mity with the standards.

NDT film emulsions have smaller grains than medical or pho-
tographic emulsions adapted to light exposure. In Figure 30.3, the 
two typical grain shapes of NDT films are shown: classical cubic 
grains (used by AGFA and FOMA (see FOMA NDT (2012) sys-
tems) and the “T-Grains” (used by KODAK and CARESTREAM, 
see Droin and Roussilhe 2006). T-Grains are generated when 
some of the AgBr (cubic crystallites) is replaced by AgI (hexago-
nal symmetry).

For industrial applications, the grain shape makes little dif-
ferences, but the grain size itself determines the sensitivity 
(“speed”) of the film emulsion. The name D2 of AGFA results 
from an average grain size of 200 nm, the D7 film has a grain 
size of about 700 nm. Opposite to a film exposure with light, 
where several light photons are needed to activate a grain (so 
called “seed” in the latent image before film development), in 
NDT, one X-ray photon, which generates several photo electrons 
in the metal screen, can activate several grains in a film emul-
sion. Therefore, such effects, like the Schwartzschild effect, and 
the decay of seeds at very low exposures, cannot happen for 
NDT film systems. The optical density versus dose curves are 
almost linear, as shown in Figure 30.2. However, the energy of 
the electrons and, in consequence, their mean free path in the 
emulsion depends on the X-ray energy used for film exposure. 
In Figure 30.4 (Ewert and Zscherpel 2013), the influence of the 
X-ray energy and also material thickness (causing beam hard-
ening) on the edge unsharpness, measured with the method of 
Klasens (1947/48), is shown.

X-ray radiation below 100 keV can generate very sharp 
images, because the free path of the exposing electrons is short. 
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With higher energy, this inner film unsharpness is increased. The 
fluctuations of the optical density in the film, the noise called 
“granularity” in ISO 11699-1, is a result of the quantum mottle 
of the impinging X-rays and the free electron path lengths of 
the electrons generated by the Pb screen in the film emulsion. 
The visible film noise after development is NOT due to the film 
grain distribution, as discussed for photographic film emulsions, 
where this noise is called “graininess.” As a result, the visible 
film noise of an Ir-192 exposure and a low-energy X-ray exposure 
look totally different. The industrial film systems are meanwhile 
optimized, so that a human observer is not able to recognize any 
noise in a normal film exposure. Magnifying glasses or suitable 
film digitization will reveal this noise.

The grain size of industrial films does not contribute to the film 
noise, but determines the sensitivity of the film system, as shown 
in Figure 30.2. This is a result of the generation of the “seeds” in 
the latent image by electrons, which occurs only at the surface of 
the grains. Having large grains, the electrons can generate seeds 
in a latent image with a large amount of silver after development. 
With smaller grains. more electrons are needed to generate a latent 
image with the same silver content after development. The optical 
film density after development is proportional to the number of 
seeds and to the number of electrons, emitted from the screens, 
and, therefore, also to the exposure dose. NDT systems are linear, 
with a deviation of only a few percent in the working range shown 
in Figure 30.2. ISO 11699-1 defines the procedure how to mea-
sure the film granularity. This is performed by a scanning micro-
scope using a round aperture with a diameter of 100 µm in a film 
plane, imaging both emulsions, measuring the transmitted light 
intensity, and converting this value to the diffuse optical density 
of the film sample under investigation. This aperture size is deter-
mined by the resolution of a human observer at 30 cm distance 
without a magnifying glass. Statistically independent neighbored 
aperture areas on the film are scanned, and the standard deviation 
of these noisy aperture values in diffuse optical densities is calcu-
lated as the granularity value (for more details see ISO 11699-1). 
According to system theory in a quantum limited system (X-rays), 

the noise is the square root of the number of quanta (Poisson 
noise). The optical density is the signal of the film, which is pro-
portional to the exposure dose (see Figure 30.2), thus the number 
of detected X-ray quanta. Therefore, it is expected that the film 
granularity should be proportional to the square root of the opti-
cal density, since the film granularity is caused by the quantum 
statistics of the X-ray radiation. Measurements of the granularity 
depending on the film density on different NDT film systems are 
shown in Figure 30.5 (Jadeed 2015).

The relationship of the granularity to the square root of the 
optical density is disturbed by a quadratic term, which alters 
from negative to positive with an increasing film system num-
ber. C3 film systems were measured as nearly linear. This effect 
changes with a decreasing gradient (the gradient is defined as a 
slope of the H&D plot at a given density) at D = 2, with increas-
ing film system class and ISO speed.

Finally, ISO 11699-1 defines the gradient over granularity ratio 
(at an optical density of D = 2 over fog and base) as the figure 
of merit of the NDT film system, which can be converted to the 
signal-to-noise ratio (SNR) measured for the film system.

Figure 30.6 shows a good correlation of measurements of the 
gradient over granularity ratio versus square root of exposure 
dose for NDT film systems analyzed from 2002 until 2013 at 
BAM Berlin. This demonstrates that a NDT film system can be 
considered as a quantum detector. This is valid for all classified 
film systems of all NDT film manufacturers, and even for all the 
mixed systems measured in the time period. A mixed system is 
a film of manufacturer “A” developed in chemistry of manufac-
turer “B.” These mixed systems are just shifted along the median 
line in Figure 30.6. This median line has a slope of 73.3 mGy−0.5, 
which is based on the efficiency of the used metallic screens of 
27 µm Pb in direct contact to the film emulsions (front and back 
side) and 220 kV X-ray radiation with an 8 mm Cu pre-filter at 
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tube port according to ISO 11699-1. Since these parameters are 
fixed for all film systems shown in Figure 30.6 (ISO 11699-1), 
all investigated film systems are moving along the median line 
and are in between the shown error limits of ±7%. The film sys-
tem class limits of the system classes C1 to C6 are also given 
in Figure 30.6, and most of the film systems are in the center 
of the corresponding system class. Only in film system class 
C6 most of the measured systems are outside the class, because 
the films are too fast; thus, these film systems have a too high 
ISO speed and a too low exposure dose for an optical density of 
D = 2 above fog and base. The speed for NDT films is defined as 
the inverse value of the exposure dose in Gray, necessary for an 

optical density of D = 2 above fog and base (see ISO 11699-1). 
For comparison, this definition is used also for medical films, but 
here the ISO value is defined as the inverse value of the exposure 
dose in mGy necessary for an optical density of D = 1 above 
fog and base. Be aware that a medical film with an ISO speed 
of 100 needs about 20 µGy to reach an optical density of D = 2 
in the film cassette equipped with 2 Gd2O2S scintillator screens, 
whereas an industrial NDT film with 2 Pb screens packed in a 
plastic Vacupac envelope will need 10 mGy to achieve an opti-
cal density of D = 2. As a consequence, films with identical ISO 
speeds in Medical and NDT differ by a factor of 500 higher dose 
for industrial radiography in comparison to a medical film!

The consequences of Figure 30.6 are presented in Table 30.1. 
From the minimum gradient/granularity ratios at D = 2 above fog 
and base requested by the standard ISO 11699-1 for the different 
film system classes, this ratio is directly correlated to a minimum 
exposure dose to reach this ratio and a maximum ISO speed of 
the film system, as the inverse number of the exposure dose (in 
Gray) for D = 2 above fog and base. Of course, in practice, the 
films are best in the middle of each film system band, as shown by 
the measurement values in Figure 30.6. Therefore, Saverage are typ-
ical ISO speeds for commercially available film system classes.

The footnote in Table 30.1 describes the conversion of the 
minimum gradient/granularity values of the film system classes 
measured according to ISO 11699-1 and the minimum normal-
ized signal/noise ratio SNRN of a digitized film image, with an 
optical density of D = 2 above fog and base. According to the 
system theory for a linear quantum detector (film), the normal-
ized SNRN is proportional to the square root of the optical density 
and an exposure dose proportional signal. So, the furthest right 
column of Table 30.1 can be used when digitized film images are 
evaluated for the achieved image quality and compared to other 
digital images from detectors like DDAs or imaging plates.

30.3 Image Quality in Industrial Radiography

The image quality is that characteristic of a radiographic image 
which determines the degree of visible detail (Czichos 2013). It 
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FIGURE 30.6 Correlation between gradient over granularity at an opti-
cal density of D = 2 over fog and base (G2/SigmaD) and the square root of 
the exposure dose for D = 2 over fog and base using film system measure-
ments at BAM Berlin for film system classification of different film system 
manufacturers and also mixed systems (film and chemistry from different 
manufacturers). The film system class limits according to ISO 11699-1 are 
marked as well as the median line and the achieved uncertainty of ±7%.

TABLE 30.1

NDT Film System Parameters According to ISO 11699-1:2012—Name of Film System Class and Their Minimum Gradient/Granularity 
Ratio at D = 2 over Fog and Base as Well as Derived Values, Saverage (see Figure 30.6), ISO Speeds and the Normalized Signal-to-Noise 
Ratio, SNRN, after Film Digitization

ISO 11699-1 Film 
System Class

ISO 11699-1 Minimum 
Gradient over 

Granularity Ratio, 
G2/σ, at D = 2 over 

Fog and Base

Minimum Exposure Dose 
K According to Figure 30.6 
with K = ((G2/σ)/73,3)2 in 

mGy

Maximum ISO Speed S 
According to Figure 
30.6, S = 1/(K in Gy)

Average ISO Speed, 
Saverage, of NDT Film 

Systems

Minimum Normalized Signal 
to Noise Ratio, SNRN, after 

Film Digitizationa

C1 300 16.8 60 50 260

C2 230 9.8 100 80 200

C3 180 6.0 170 125 155

C4 150 4.2 240 200 130

C5 120 2.7 370 320 105

C6 100 1.9 525 500 85

a This value is calculated as SNRN = 2 log(e) (G2/σ)at D = 2 above fog and base. The correction factor log(e) results from the linear film response and the log 
definition of the gradient. An additional factor of 2 has to be considered, because the film granularity is measured by a circular aperture of 100 µm diameter 
(see ISO 11699-1). The SNR normalization in ISO 17636-2 (film replacement by DDA and CR) and ISO 16371-1 (film replacement by CR) is related to a 
basic spatial resolution of 88.6 µm, which corresponds to a circular aperture size with a diameter of 200 µm.
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is influenced by a large variety of influencing factors originating 
in the inspected object (material, thickness), the radiation source 
(radiation quality), the imaging system (detector properties), 
geometry (focal spot size, source-to-object distance, object-to-
detector distance), and image noise (photon statistics and fixed 
pattern noise of detectors). Image quality is typically measured 
by image quality indicators (IQI), objects with a known geom-
etry, which are placed on the surface of the investigated speci-
men and analyzed in the obtained radiographic image. It can also 
be predicted from essential parameters as signal-to-noise ratio 
(SNR), effective attenuation coefficient, µeff, and basic spatial 
resolution, SRb

image, of the image (Ewert et al. 2012b).
The major problem in industrial radiography is the image deg-

radation by scattered radiation, generated by Compton scattering 
inside the penetrated object. This radiation can be much larger 
than the imaging primary radiation, depending on the material, 
the penetrated thicknesses, and used X-ray energies.

30.3.1 Contrast

The generation of a radiographic image can be explained in 
terms of a simple step wedge object (see Figure 30.7).

The radiation intensity or optical density difference seen 
between two thicknesses at a given detector intensity, I (signal), 
or optical density in an object on a radiograph represents the 
absolute radiographic contrast in the image:

 C I II = −1 2  (30.1)

with the intensities I1 and I2 after penetrating a material of thick-
ness d1 and d2, respectively. Introducing IP = IP1 as a reference 
primary intensity, a linear relation follows between the absolute 
contrast, ΔI, and the thickness difference from the exponential 
attenuation law, IP = I0 e−µd (approximation for small thickness 
differences, Δd ≪ d):

 Δ ΔI I dP= µ  (30.2)

For the interpretation of radiographs, the relative contrast, Cr, 
is important, which describes the imaging of an indication:
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with I = IS + IP giving the total intensity. For small thickness 
differences, it follows that:
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with the scatter ratio k = IS/IP and the relative specific contrast 
Crs = µ/(1 + k). Hence, the relative contrast and the relative spe-
cific contrast increase with the attenuation coefficient, µ, but 
decrease with increasing scattering ratio and increasing mate-
rial thickness. The term µ/(1 + k) is also named µeff. The scatter 
ratio increases with the material thickness. It is about 0.1-times 
the thickness of steel (in mm) for X-ray inspection with film (if 
the film is in contact with the object). The influence of the X-ray 
energy is low in comparison to the dependence on the material 
and material thickness for the scatter ratio. Gamma sources and 
linear accelerators generate radiation with higher equivalent 
energies, which produces lower scatter ratios than X-ray tubes 
and, therefore, the relative specific contrast is higher in compari-
son to X-ray radiography at high material thickness.

30.3.2 Noise and Granularity

The perception of any indication depends on its area, the con-
trast-to-noise ratio (CNR), and image unsharpness. The image 
noise is measured quantitatively as the standard deviation of 
the mean value of the intensity or density in a projected area of 
constant object thickness. Density fluctuations are described as 
granularity of film systems. The visual impression is noisy. The 
term noise is used dominantly in digital radiography (see also 
Section I, Chapters 14 and 15of this book, for an introduction to 
the theory of image quality in X-ray imaging).

Different noise sources have to be considered in digital radi-
ography, which have their origin in the following reasons (Ewert 
and Zscherpel 2013):

• EXPOSURE CONDITIONS: Photon noise, depending 
on exposure dose (e.g., mA⋅s or GBq⋅min). This is the 
main factor! CNR increases with higher exposure dose.

The maximum achievable CNR at a given radiation energy is 
limited by:

• DETECTOR: Structural noise of DDAs and Imaging 
Plates also called fixed pattern noise (due to variations 
in pixel to pixel response and inhomogeneities in the 
detection layer).

• OBJECT:
• Crystalline structure of material (e.g., nickel based 

steel, mottling).

• Surface roughness of test object.

The first two noise sources can be influenced by the exposure 
conditions and detector selection. The achieved CNR of images 

I0 I0
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Is IsIp1

I1
I2

I

Length

Ip1

Ip2
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FIGURE 30.7 Image formation by penetrating radiation (primary and 
scattered radiation). (Reproduced with permission from Ewert, U. and U. 
Zscherpel. 2013. Handbook for Training on Digital Industrial Radiology, 
RT-D, 239. Berlin, Germany: German NDT Society. DGZfP.)
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depends on the exposure dose (low dose application). The CNR 
increases with the square root of mA (minutes) or GBq (minutes), 
due to the improved X-ray photon quantum statistics. The struc-
ture noise of films and imaging plates depends on its manufactur-
ing process, and can be influenced basically by the selection of 
the specific detector type (e.g., fine- or coarse-grained film). Film 
development and IP scanner properties contribute also to the final 
noise figure. The structure noise of detectors and all noise sources 
depending on the object properties determine the maximum 
achievable CNR and limit; therefore, the image quality indepen-
dently on the exposure dose (high dose application) (Ewert et al. 
2012b). Only with Digital Detector Arrays, the structure noise 
(due to different properties of the detector elements) can be cor-
rected by a calibration procedure, since the characteristic of each 
element can be measured quite accurately (Ewert et al. 2010a).

30.3.3 Unsharpness

The sharpness of the outline of an image is directly affected by 
the geometrical unsharpness generated by the source size, the 
source-to-object and the source-to-detector distances (SOD, 
SDD), and the inherent unsharpness, ui, of the detector.

The blurring of an edge image due to a finite focal spot size, 
S, is defined as geometrical unsharpness, ug (Figure 30.8, left)
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(30.5)

with magnification factor, M, and source size, S, according to 
Figure 30.8 (right)
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Additionally, the detector system contributes to the system 
unsharpness. Due to the properties of the detector, an additional 
edge blurring is observed. It can be drawn back, for example, to 
the use of intensifying screens and to the scattering of photons or 
electrons in the detector layers. This contribution is called inher-
ent unsharpness, ui.

The total unsharpness, uT
image, observed in a radiographic image 

(neglecting the effect of motion during exposure), is the convolu-
tion of the geometrical and the inherent unsharpness contribu-
tions normalized to magnification, and can be approximated by
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The optimal geometry for taking radiographs with minimum 
effective unsharpness uT

image( ) can be determined if the inherent 

and geometrical unsharpness are chosen equivalent. From this 
condition, the optimal magnification, Mopt, for the best spatial 
resolution is

 
M u Sopt i= +1 2( / )

 (30.8)

As long as the projection, d’ = Md, of an object of size d is 
larger than the total unsharpness, the contrast of the indication 
is not decreased, and follows Equation 30.2. If the unsharpness 
exceeds d’, a decrease of the indication contrast is observed 
(compare Figure 30.9).

30.4  Visibility of Flaws and Image 
Quality Indicators

Figure 30.10 illustrates the effect of signal, contrast, and noise on 
the detectability of a notch in a radiographic image (Ewert and 
Zscherpel 2013). The visibility of fine flaws and IQIs for human 
observers depends on the normalzed contrast to noise ratio, 
CNRN per material thickness difference, and its lateral shape in 
the two-dimensional radiograph (Ewert et al. 2012b).

CNRN is the normalized CNR, which is the ratio of the CNR to 
the effective pixel size (basic spatial resolution of the image, SRb

image)  
of digital images. For small flaws and IQIs, CNR can be approxi-
mated by the product of the relative specific contrast, Crs = µeff 
(effective linear attenuation coefficient), the signal to noise ratio, 
SNR, and the thickness change, Δd, generating the contrast:

 
CNR SNR deff= ⋅ ⋅µ Δ

 (30.9)
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FIGURE 30.8 Geometrical unsharpness (left) and magnification (right).
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FIGURE 30.9 Influence of unsharpness on the image contrast.
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The basic spatial resolution (effective pixel size in an image), 
SRb

image, can be measured in different ways. The NDT commu-
nity mostly uses the duplex wire method due to its simplicity 
(ISO 19232-5 and ASTM E 2002). The measurement with the 
duplex wire IQI provides a total image unsharpness value (uT) 
in micrometers. The basic spatial resolution of a digital image, 
SRb

image, is defined by:

 SR ub
image

T
image= /2  (30.10)

Figure 30.11 illustrates the contributing parameters to the spe-
cific normalized Contrast-to-Noise Ratio, CNRN

specific ; thus, CNRN 
per wall thickness change, Δd (Ewert and Zscherpel 2013). The 
visibility of flaws of constant lateral size depends on three essen-
tial parameters, as given in the following equation, which is an 
approximation for IQIs and small flaws:

 
CNR SNR SRN

specific
eff b

image= ⋅  /µ
 (30.11)

This is an essential context for digital radiography (Ewert et al. 
2012b).

The visibility of flaws and IQIs for human operators is cal-
culated as a product of CNRN and the square root of the lateral 
projected area of flaws and IQIs (Rose 1946, 1948; Ewert et al. 
2012b). The human operator can recognize (percept) larger 
flaws at a lower CNR and, therefore, also at a lower SNR (see 
Figure 30.12).

This is a result of the quantum limited sensitivity of the human 
eye or any other light detector, as discovered first time by Rose 
(1946, 1948). Almost all contrast IQIs change their diameter pro-
portional to their thickness, this applies to wire IQIs (ISO 19232-
1, ASTM E 747) as well as to the hole diameters in plate and step 
hole IQIs (ASTM E 1025, ISO 19232-2).

Essential parameters in digital radiography

Material,
keV, gamma source

Scatter protection
Screens and filters

Visibility of small flaws

Specific normalized
contrast-to-noise ratio

Exposure time
Tube current, activity
Detector e�ciency
Source-to-detector distance

Depends on hardware: effective pixel size
Magnification
Focal spot size, source size

The normalized SNRN is considered as the equivalent value to the selection of a film system
and a required minimum opt. density.

Compensation
is possible

CNRN

Δd

SNR—Signal-to-noise ratio
µe� —Specific contrast,µe�  · SNRITotal effective attenuation coefficient
SRb —Effective pixel size in the image,

basic spatial resolution of image

=
SRb

FIGURE 30.11 The visibility of flaws and IQIs of a lateral size Δd in a radiograph depends on the specific normalized contrast-to-noise ratio, 
CNR SNR SRN

specific
eff b= ⋅µ / . SRb is typically measured in the radiographic image as SRb

image, if magnification technique (M > 1.2) is used. For contact 
radiography (M < 1.2), SRb can also be taken as the effective detector pixel size, SRb

detector .
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FIGURE 30.10 Influence of signal, contrast, and image noise on detail visibility.
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If the ratio of IQI thickness to hole diameter is fixed (see stan-
dards ASTM E 1025, ASTM E 1742, ISO 19232-2), the visibility 
(depending on a constant human perception threshold; PT) of 
plate hole or step hole IQIs depends on the square root of CNRN. 
In ASTM E 747 and E 1742 and related standards, the equiva-
lent penetrameter sensitivity (EPS) is used to describe the visible 
contrast sensitivity of a human operator as a percentage of the 
penetrated wall thickness (Ewert et al. 2012b).

Note: a sensitivity of 2%, for example, means that a hole in a 
thin IQI plate of 2% thickness of the material to inspect with a 
hole diameter of 2-times the plate thickness (2T) is just visible in 
the radiograph. This is described as 2-2T sensitivity or 2% EPS 
in the standards.

The equivalent IQI sensitivity (EPS as a percentage) can be 
calculated for a given material thickness, ttestplate, from the essen-
tial parameters (see Figure 30.11 and Equation 30.12), as follows 
(see also ASTM E 746 and E 1025):

 
EPS

PT
t

SR
SNRtestplate

b
image

eff
=

′
⋅µ

 
(30.12)

with PT′ ≈ 2⋅100% for 1T holes, determined from practical trials 
for clear visibility of holes on a monitor. This formula applies if 
the basic spatial resolution is much smaller than the wire or hole 
diameter of the IQI to be visualized. The smaller the EPS value 
achieved, the smaller flaws and IQIs can be visualized. A small 
EPS value means the contrast sensitivity is high. All three of 
the essential parameters in Equation 30.12 determine the image 
quality. Improving one parameter can compensate for reduction 
of others. For instance, the increase of tube voltage increases 
the SNR, but reduces the µeff. If SNR increases faster than µeff 
decreases, the total EPS improves (Ewert et al. 2010a).

30.5 Image Quality Indicators and Standards

30.5.1 Image Quality Indicators (IQI)

Image quality indicators are standardized devices comprising a 
series of elements of graded dimensions, which enable a measure 
of the image quality to be obtained. IQIs are usually used for 
every radiograph to check the adequacy of the used radiographic 
technique. The elements of IQI are commonly wires and steps or 
plates with holes. IQI, together with their usage, are described in 
detail in the ISO standards ISO 19232 part 1–5 and the American 
standards ASTM E 747, E 1025, and E 2002.

Wire type IQI consist of wires that are arranged by diameter 
and have all the same length (Figure 30.13a). The wire mate-
rial is chosen to match the material of the investigated object. It 
measures the thickness resolution of the radiographic technique.

The European step hole IQI system is based on a series of steps 
of different thickness, d, and holes of diameter equal to the step 
thickness (Figure 30.13b). The material is chosen to match the 
material of the investigated object. The image quality value is 
given by the number of the smallest hole, which is visible in the 
radiograph.

The American plate hole IQI (ASTM E 1025 and E 1742) con-
sists of a small rectangular or circular piece of metal, usually 
containing several holes, the diameters of which are related to 
the thickness of the plate. The ASTM penetrameter contains 
three holes of diameters 1T, 2T, and 4T, where T is the thick-
ness of the plate. The material is again chosen to match the 
material of the investigated object. The IQI gives the equivalent 
penetrameter sensitivity (EPS) in terms of contrast resolution, 
which is a measure for the minimal resolvable thickness differ-
ence, together with the minimal resolvable detail influenced by 
the total unsharpness (see also Figure 30.11).

Human observer model: perception threshold PT

What do you see? Detector = 50 μm pixel size

Noise = 1000
Signal = 30,000 Large area �aws are better

visible than small ones at
same contrast-to-noise
ratio

Each row has indications
with same CNR = Cdepth/σ

Each column has holes
with same diameter

PT—Human perception threshold

Rose approach, 1946

=PTconst
Alateral · Cdepth

SRb · σ
Alateral—Area of just visible indication
Cdepth—Mean contrast of just visible indication
σ—Noise of image (N)
SRb—Basic spatial resolution (effective pixel size)

CNR = 2.5

CNR = 1.25

CNR = 0.625

2T = 0.5 mm / 0.02’’
calculated CNRmin = 1

Alateral

0.5T

Flat bottom holes of di�erent depth and diameter

SRb image = 50 μm
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√

FIGURE 30.12 The visibility (“perception threshold of human eye”) of holes in IQIs depends on the normalized CNRN (= CNR/SRb) and the diameter of 
the IQI holes (∼square root of hole area). An X-ray image of a 20 mm thick steel plate with different drilled flat bottom holes was generated with a digital 
detector (simulation). The depth of the flat bottom holes and, consequently, the contrast was doubled from the lower line of holes to the upper one. The noise 
was almost constant in the whole image. The diameter was always doubled, starting from the left column to the right one. The diameter of the 1T hole cor-
responds to 0.25 mm (5 pixels).
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Duplex wire indicators (Figure 30.13c) are used when it is 
necessary to evaluate and measure the total image unsharp-
ness (spatial resolution or basic spatial resolution) separately 
from contrast sensitivity measurements. Every element con-
sists of two wires of a certain diameter, with equal spacing 
between the wires. High attenuating material is chosen for the 

wires, such as tungsten and platinum. The wire diameter of 
the largest element without identifying a separation between 
the image of the two wires (“dip < 20%,” see ISO 17636-2 or 
ASTM E 2002) is taken as the basic spatial resolution and, 
according to Equation 30.10, the total image unsharpness is 
calculated.

TABLE 30.2

Overview on Digital Industrial Radiology Standards and New Drafts of CEN, ISO, ASME, and ASTM without 
Standards on Computed Tomography (Status of 2016)

Standard Title

EN 13068 Radioscopy

EN 14096, ISO 14096 Film Digitization, 2 parts

EN 14784 CR (2005)
Goes after revision to ISO 16371

Part 1: Classification of Systems
Part 2: General principles

ISO 10893-7:2010 Steel tubes—NDT of welds with DDA and CR

ISO 17636-2:2013 NDT of welds: CR and DDA, substituted EN 1435 in 2013

EN 16407:2014 Corrosion and wall thickness measurement, Practice with film, CR and 
DDA for tangential technique (part 1) and double wall inspection (part 2)

ASME (BPVC, S.V, Article 2) Radiography and Radioscopy with Film, CR, DDA, …

ASTM CR (2005)
Revision on the way and nearly finished

Characterization (E 2446-15), Long-term Stability (E2445-14), Guide 
(E 2007-10, revision on-going), Practice (E 2033-06, revision on-going)

ASTM DDA (2010)
Revision on-going

Characterization (E 2597M-14), Guide (E 2736-10), Practice (E 2698-10), 
Long-Term Stability (E 2737-10)

ASTM DICONDE (2010)
E 2339-10, E 2663-08, E 2699-10, E 2738-10, 
E 2767-10

Standard Practice for Digital Imaging and Communication in Non-
destructive Evaluation (DICONDE), data formats for CT, CR, DR, film 
digitization, ultrasonics, visual testing, …

ASTM Reference Catalogs
E 2422-05, E 2660-10, E 2669-10, E 2669-10, 
E 2868-13, E 2869-13, E 2973-15

Digital reference images electronic catalogs for Al, investment steel 
castings, titanium and steel castings, Magnesium, Mg, and Al dye 
castings are already available, the conversion of all 13 ASTM film 
catalogs to electronic reference images is on-going

(a) (b)

(c)

FIGURE 30.13 Selection of image quality indicators described in ISO standard 19232: (a) single wire IQI acc. to ISO 19232-1; (b) step hole IQI acc. to ISO 
19232-2; (c) duplex wire IQI acc. to ISO 19232-5.
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30.5.2 Standards on DIR

Table 30.2 provides an overview about the most important stan-
dards on digital industrial radiology (DIR). In 2005, Europe and the 
USA published the first complete sets of CR standards. Especially, 
at ASTM the standardization has been pushed ahead over the last 
10 years. The next set of standards of DIR with DDAs was pub-
lished in 2010. Today the revision of the CR standards is on-going. 
At CEN and ISO, a common standard was published in 2013 (ISO 
17636), which substituted EN 1435 (only film as detector) for radio-
graphic weld inspection. The new ISO 17636 considers film (part I) 
and CR and DDAs (part II) as film replacement for weld inspection.

30.6 Digital Industrial Radiology (DIR)

Users of digital industrial radiology (Czichos 2013), who are 
interested to move from classical film radiography to digital 
industrial radiology (DIR), should know which particular appli-
cation field they want to enter. Basically, there exist unregu-
lated and regulated areas (standards, guidelines, and others). 
Table 30.3 describes the four basic application areas.

Before new methods and detectors will be described, the 
advantages of traditional film radiography should be summa-
rized. One of the major advantages of X-ray film radiography is 
its practicability. Important NDT film properties are:

• They are dust- and waterproof packed.

• They consist of flexible and break-proof material.

• The storage period after film development is >50 years 
(expected shelf life >500 years).

• The readability is independent of technological devel-
opment (e.g., independent of data format).

30.6.1 NDT Film Digitization

Film digitization systems can be classified by the sampling tech-
nology (see Table 30.4).

For example, digitization with a laser scanner proceeds as 
shown in Figure 30.14.

The film passes a scanning slit. A laser beam (wavelength about 
630 nm, red) with a fixed diameter (e.g., 50 µm) scans the film. The 
diffuse transmitted light through the film is integrated by a light 
collection tube and registered by a photo multiplier tube (PMT) 
on top of the collection tube (not shown in Figure 30.14). During 
the scan, the rotation polygon mirror deflects the laser beam and 
moves the spot along a horizontal line in the scanning slit. The 
film is advanced with a constant speed. The resulting current of 
the photo multiplier is proportional to the light intensity behind 
the film. After logarithmic amplification, a digitization yields gray 
values that are proportional to the optical density of the film.

The essential difference to other digitization principles in 
Table 30.4 is the reversed optical alignment. The laser scanner 
illuminates with focused light and measures the diffuse light 
intensity behind the film. All other methods illuminate the whole 
area of the film with diffuse light (the film is illuminated with 
a diffuser) and measure the light intensity that passes the film 
in one direction at each spot (camera objective or human eye in 
classical film inspection).

Complementary metal-oxide-semiconductor (CMOS) cameras, 
which generate a logarithmic output signal relative to the input light 
intensity, are also available. In this case, the digitized gray values 
will be proportional to the film density, and do not follow the lin-
ear light intensity characteristics as digitized with charge-coupled 
device (CCD) chips, which will need a logarithmic conversion to 
obtain gray values proportional to the optical film density.

The standard ISO EN 14096 defines the qualification pro-
cedure (part 1) and the minimum requirements (part 2) for film 
digitizers in NDT. NDT applications employ X-ray energies of 
10 to 15,000 keV. The standards require a pixel size (basic spatial 
resolution) of 15 to 250 µm, depending on the energy. This cor-
responds to a required spatial resolution of 16.7 lp/mm (line pairs 

TABLE 30.3

Application Areas of Digital Industrial Radiology (DIR)

Digital Industrial Radiology

Film Replacement New Industrial Areas Partly Standardized

Standardized applications Non-standard applications Serial part inspection Computed tomography

Welding Buildings Automated defect recognition (ADR) 3D-casting inspection

Casting Bridges Completeness test Ceramics, composites, plastics

Wall thickness, corrosion, erosion Plastics, composites Dimensional check Dimensional measurement

Electronics Food, tires, wood, … Special applications

TABLE 30.4

Classification of Digitization Systems by Technology

Principle Scanner Type

Point-by-point digitization Laser scanner

Line-by-line digitization CCD or CMOS line scanner

Array digitization CCD or CMOS camera

Folding mirror

Galvanometer

Laser Collection
tube

Film transport

FIGURE 30.14 Principle of a laser scanner (LS 85 SDR, Lumisys, USA) 
for NDT films.
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per millimeter) for energies <100 keV and, for example, 1 lp/mm 
for 1300 keV.

On the basis of the image quality of film radiography, the stan-
dard requires three quality classes: DA, DB, and DS. The user 
may select the testing class based on the needs of the inspection:

• DS: the enhanced technique, which performs the digi-
tization with an insignificant reduction of signal-to-
noise-ratio and spatial resolution; application field: 
digital archiving of films (digital storage).

• DB: the enhanced technique, which permits some 
reduction of image quality; application field: digital 
analysis of films; films have to be archived.

• DA: the basic technique, which permits some reduction 
of image quality and further reduced spatial resolution; 
application field: digital analysis of films; films have to 
be archived.

30.6.2 Image Processing

A digital image is physically not more than a data file in a com-
puter system linked to a program capable of displaying its con-
tents on a screen or printout, dot by dot. That means it consists of 
an array of individual image points. These are called picture ele-
ments (pixels). The pixels represent in practice small rectangles 
(squares) showing a certain color and brightness on the output 
device (printer or display).

The image resolution depends on the number of pixels within 
a given area; the more the better (see Figure 30.15).

Radiography commonly deals only with gray-level images, 
which represent the detected X-ray exposure at a given point in the 
image. The numerical values of any pixels within an image can be 
subjected to various kinds of calculations. Each pixel is character-
ized by a gray (intensity) value. The most trivial step is to adjust 
brightness and contrast when displaying the image. However, this 

does not allow one to overcome the lower luminance of monitors 
compared to commercial film viewers. The human eye can only 
distinguish between some 80 shades of gray (at a given adapta-
tion, equivalent to 6–7 bits of information), and a digital image 
may contain up to 65,536 gray levels (i.e., 16 bits). Thus, the con-
trast and brightness adjustments are essential to select the range of 
interest, so the 80 shades of gray on the display have to be selected 
very carefully when inspecting images with 16 bit gray values! 
The gamma transformation alters the linearity of the transfer from 
the original digital values listed in the image file to the digital 
driving levels used for image display on the screen, taking into 
account the brightness sensitive perception of human eyes.

Multiple-point calculations take advantage from relationships 
between adjacent pixels of the image (matrix operations). They 
are based on a variety of so-called convolution filter algorithms 
that are supposed to extract the desired features from the total 
image information. They may eliminate unwanted large, back-
ground intensity variations from changes in penetrated wall 
thickness, or noise masking other image details. Typical filters are 
described in Table 30.5. Processing of radiographic images is dis-
cussed together with filter recipes, in different textbooks (Lindley 
1991; Gonzalez and Woods 2002; Osterloh and Zscherpel 2012).

30.6.3  Computed Radiography and its 
Industrial Application

Storage phosphor imaging plates (IP) are image media for film-less 
radiography (Ewert et al. 1995). The technique is also called com-
puted radiography (CR) (see also Section I, Chapter 12 of this book, 
for a description of CR). IPs are routinely used in medicine and bio-
medical autoradiography. Different systems are available for NDT 
applications. Novel applications in addition to film radiography 
emerge, taking advantage of the higher sensitivity (shorter exposure 
time) and the digital image processing, as well as the capability to 
analyze digital radiographs with affordable computer systems. A set 
of standards was published first in 2005 in Europe and the USA, 

(a)

(b)

FIGURE 30.15 Radiographic image of a test weld BAM5, (a) 1024 × 512 
pixels; (b) 64 × 32 pixels. (Reproduced with permission fromEwert, U. and 
U. Zscherpel. 2013. Handbook for Training on Digital Industrial Radiology, 
RT-D, 239. Berlin, Germany: German NDT Society. DGZfP.)

TABLE 30.5

Typical Image Processing Filters

Digital Filter Advantage Disadvantage

Low-pass filter 
(smoothing)

Increases the signal-to-noise 
ratio

Reduces the spatial 
resolution

High-pass filter Increases the contrast of 
fine details in relation to 
intensity changes in a wide 
range, mostly used in NDT 
for reduction of the 
displayed dynamic range

Reduces the 
signal-to-noise ratio

Median filter Increases the signal-to-noise 
ratio, removes single peaks 
and outliers (single white 
or black pixels such as 
“salt and pepper” 
distortions), does not 
smooth edges

Reduces the spatial 
resolution

Edge filter Enhances edges or extracts 
edges to lines

Increases the noise

Source: Adapted from Ewert, U. and U. Zscherpel. 2013. Handbook for 
Training on Digital Industrial Radiology, RT-D. German NDT soci-
ety, 239. Berlin, Germany: DGZfP.
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which defines the classification and practice of CR systems for NDT 
applications (CR-Standards: EN 14784:2005).

IPs are handled nearly in the same way as radiographic films. 
After exposure, they are read by a laser scanner producing a 
digital image instead of being developed like a film (see Figure 
30.16).

Any remaining latent image can be erased with a bright light 
source so that the same IP can be recycled up to 1000 times. An 
IP consists of a flexible polymer support which is coated with the 
sensitive layer, which is sealed with a thin transparent protective 
layer. The sensitive layer of the most common systems consists 
of BaFBr doped with Eu2+. X-ray or gamma-ray quanta result in 
an avalanche of charge carriers, such as electrons and holes in the 
crystal lattice (Ewert et al. 1995).

These charge carriers may be trapped at impurity sites, such 
as electrons at a halogen vacancy (F-center) or holes at an inter-
stitial Br2+ molecule (H-center). Red laser light (600–700 nm) 
excites electrons trapped in a Br− vacancy (FBr-center) to a 
higher state from which they may tunnel and recombine with 
a nearby trapped hole. Transfer of the recombination energy 
excites a nearby located Eu2+ ion. Upon return to its ground 
state, this Eu2+ ion emits a blue photon (390 nm). This process is 
described as photostimulated luminescence (PSL).

The advantages of IP technology are:

• High linearity with radiation dose.

• High dynamic range, up to 105.

• Higher sensitivity than NDT film systems using lead 
screens.

• Reusable for 1000 cycles.

• No chemical darkroom processing.

• Capability for direct image processing.

The disadvantages are:

• Limited spatial resolution of fast IPs.

• High sensitivity in the low-energy range; therefore, 
very sensitive to scattered radiation.

• IP surface must be handled very carefully, if 1000 
times re-usage should be achieved.

The available systems of storage phosphor imaging plates and 
corresponding laser scanners cover radiation dose differences 
of up to 104. This feature reduces the number of exposures for 
objects with a high wall thickness difference. It also compen-
sates partly for incorrectly calculated exposure conditions. The 
number of so-called test exposures is reduced. The IP reader 
is typically separated from the inspection site. CR is based on 
flexible IPs (Ewert et al. 1995). High-definition CR systems can 
provide a basic spatial resolution of better than 40 µm. This is 
sufficient for weld and casting inspection of small components at 
lower X-ray voltages, as well as large components. The optimum 
X-ray voltage for CR is different from film radiography (Ewert 
et al. 2010b). For coarse grained imaging plates, the tube voltage 
should be reduced by about 20% in comparison to film radiogra-
phy. Details of the procedure are described in ISO 17636-2:2013.

30.6.3.1  Correlation of SNR to Gray Values 
for Computed Radiography

Monitoring the image quality by measurement of the SNR in 
production radiographs is difficult, because these radiographs 
may be distorted by shading and noise contributions from the 
inspected objects. This reduces typically the measured SNR 
 values. NDT operators can monitor the gray values in radio-
graphs easier than SNR values. Imaging plate–CR scanner sys-
tems provide digital radiographs with a strict correlation between 
 linear gray value response and SNR at a fixed parameter setting 
(pre-supposing the gray values are yielded linear to the exposure 
dose). This is widely independent of the radiation energy and the 
inspected material, but it depends on the IP type, the scanner, 
and its settings. Figure 30.17 shows the correlation of SNR as a 
function of the gray value at different mA and kV settings and for 
different test objects (step wedges) and exposure times.

An ideal radiation detector without inherent fixed pattern noise 
acquires digital images which depend on the quantum statis-
tic of the photons (Poisson statistics) only (Ewert et  al. 2012b). 

Exposure of imaging plate

Scanning the IP, digitizing and
erasing the residual image

Processing station
He-Ne Laser

PMT

IP
Data output

Imaging
plate

Cassette

Exposure

Lead filter
IP

FIGURE 30.16 Principle of application of storage phosphor imaging plates (IP) for computed radiography (CR). The plate is exposed in a lightproof cas-
sette. The scanner reads the IP with a red laser beam. All X-ray exposed areas emit blue light when stimulated by the laser. A photomultiplier collects the 
blue light through a blue filter and converts it into an electrical signal. The signal intensity values are converted to digital gray values and stored in a digital 
image file. Remnants of the image on the IPs are erased by intensive red light. They can be used usually 100 to 1000 times if they are handled carefully.
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That means the detector noise increases with the square root of 
the detector signal (gray value). So, the ideal detector converts all 
photons which interact with the detector into gray values (GV) 
(counter principle) proportional to the number of detected photons:

 
SNR Eff GVPhoto IP measured= ⋅

 
(30.13)

The production process of the IPs (coating of the storage phos-
phor on a plastic carrier) results in slight thickness variations of 
the storage phosphor layer. This generates a variation of sensitiv-
ity of this layer, depending on the IP location, the so called fixed 
pattern noise. This fixed pattern noise is an inherent property of 
any storage phosphor imaging plate, which limits the maximum 
achievable SNR in the image. It is called SNRmax, and increases 
linearly with the number of converted (counted) photons. The 
SNR of a detector with fixed pattern noise increases as follows 
with the dose (Ewert et al. 2010b):
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measured measured IP

=
+( )max/ /2 2

 
(30.14)

The gray value efficiency (EffIP) in computed radiography 
depends on the X-ray efficiency of the used imaging plate and the 
scanner parameters as, for example, gain, scan speed, and other 
internal conversion settings. The EffIP is for instance directly 
proportional to the scanner gain, if the scanner provides dose 
proportional digital images. Figure 30.17 shows the measured 

SNR values as a function of the measured gray values for two 
different imaging plates (UR-1 and ST-VI of Fujifilm) scanned 
with the DynamIx HR scanner (of Fujifilm).

This fixed correlation between gray value and SNR in a 
scanned IP image independent on the radiation energy is a spe-
cial property of CR, and is comparable with the change of dif-
ferent film system classes, see Figure 30.6. CR allows a much 
higher dynamic range than films. This range is limited by the IP 
structure noise, causing a maximum achievable SNR. This limits 
the contrast sensitivity of CR systems, see Equation 30.11. CR 
systems have been produced for NDT applications for about 20 
years, and the image quality of the IPs (achievable SNRmax) is still 
improving with each new IP generation.

30.6.3.2 Weld Inspection by CR

The inspection of welds and castings is traditionally performed by 
film radiography. Since the optical photography has been almost 
completely converted from film to digital photography, the trend 
is also visible in X-ray radiography. Nevertheless, the conversion 
rate from film to digital radiography applications is slow. First 
developments have been reported for application of computed 
radiography for weld inspection of pipelines. Figure 30.18 shows 
a typical application.

CR with imaging plates permits faster inspection if the require-
ments are taken from ASME BPVC (Section V, Appendix 2). 
This standard allows higher unsharpness and less contrast sen-
sitivity than the ISO 17636, class B, which is difficult to achieve 
with sensitive imaging plates.
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Scanner Dynamlx HR
– Controlled with BAM-software
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Each IP scanner system can be
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FIGURE 30.17 SNR and gray values are correlated independently on the radiation parameters (mAs, kV, penetrated material) in a wide range, but the 
correlation parameters depend on the used IP scanner system and its settings (UR-1 imaging plate, 50 µm pixels size, SRb = 80 µm, ST-VI imaging plate, 
100 µm pixel size, SRb = 130 µm).
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30.6.3.3  Measurement of Pipe Wall Thickness for 
Evaluation of Corrosion, Erosion, and Deposits

A typical application of the CR technology is the radiographic 
corrosion inspection in the chemical industry (Zscherpel et  al. 
2006). Figures 30.19 and 30.20 present typical examples of ther-
mally insulated pipelines and the related radiographic measure-
ment procedure.

The insulation is covered with an aluminum envelope. The radio-
graphic inspection can be performed without removing the insula-
tion. This is a considerable advantage relative to the other known 
methods. Radiographic pipe inspection for corrosion and wall 
thickness measurement is a major NDT technique for predictive 

maintenance. CR is also more and more applied for inspection of 
valves and armatures for functionality check and deposit search. 
See EN 16407 for more details on this inspection technique.

30.6.4  Industrial Radiography with Digital 
Detector Arrays (DDA)

30.6.4.1 Detector Types and Working Principles

Two types of DDAs (also called flat panel detectors) are avail-
able on the market. The first design (see Figure 30.21) is based 
on a photodiode matrix connected to thin-film transistors (TFT) 
(Ewert and Zscherpel 2013).

• 36 inch 12.7 mm wall thickness pipe weld (SWSI-panoramic exposure)

FilmFree meeting
April 17, 2007

11 12 13 14 15 16

FIGURE 30.18 Example of applications of Computed Radiography for pipeline inspection, provided by CIT in the FilmFree project. (Adapted from EU 
project. “FilmFree,” ref. number FP7-SME-2007-1-GA-222240, http://www.filmfree.eu.com 2005–2009.)

r = Outer pipe radius
R = Outer radius of insulation
w’ = Projection of wall thickness
         w on the detector plane

f = Film focus distance
y

w’

Film

Insulation

Pipe

Ir 192

x

R
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r

FIGURE 30.19 Computer-based inspection of an insulated pipe by tangential projection radiography in a petrochemical plant (VEBA Oil, Germany, 2000).

http://www.filmfree.eu.com
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These components are manufactured on amorphous silicon, 
and they are resistant against ionizing radiation. Alternatively to 
the amorphous silicon panels, CMOS arrays can also be applied. 
The photodiodes are charged by light, which is generated by a 
scintillator converting the incoming X- or gamma rays. This 
scintillator can be a polycrystalline layer that causes some addi-
tional unsharpness by light scattering or a directed crystalline 
system, which acts like a face plate with lower unsharpness, due 
to inhibited light scattering (see Figure 30.22).

The next generation (second type of DDAs) of flat panels is 
based on a photoconductor like amorphous selenium (Ewert 
and Zscherpel 2013), silicon, or CdTe (EU project, 2005) on a 
multi-microelectrode plate, which is also read out by TFTs (see 
Figure 30.23b) or CMOS arrays. Direct converting photodiode 

systems (Figure 30.23a) are not used in NDT, due to their low 
quantum efficiency using the silicon base material as absorber 
(only usefully for energies below 20 keV).

DDAs are suitable for in-house and in-field applications. 
In-field applications are characterized by harsh environmental 
conditions in some areas, which imply the risk of hardware dam-
age and restrict the mobile application of DDAs. First DDAs 
are on the market, which are protected against moisture and 
mechanical load.

30.6.4.2 Line Detectors

The classical concept of NDT with line detectors is based on a 
fixed radiation source, moving objects and a fixed line camera. 

X-rays

Scintillator

Pixel matrix

Switch
Photodiode

Amplifier, multiplexer, ADC

Contacts
Line driver

FIGURE 30.21 Scheme of a flat panel detector: the scintillator converts X- or γ-rays into light, which is detected by the photodiodes. They are read out by 
thin-film transistors (TFT) on the basis of amorphous silicon, which is resistant to radiation.

FIGURE 30.20 Computer-based inspection of an insulated test pipe by tangential projection radiography. The wall thickness is measured with the 
 profile function by an image processing software tool in the marked areas. (Adapted from Software. “ISee!”: radiographic image analysis software, by 
O. Alekseychuk, BAM Division 8.3, http://www.dir.bam.de/ic.)

http://www.dir.bam.de/ic
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This is the typical concept for baggage, car, and truck inspec-
tion. Line detectors are available with a pixel resolution of 0.25 to 
5 mm. The most common principle is the combination of scintil-
lator and photodiodes. The scintillator is selected in accordance 
with the energy range.

30.6.4.3  Application of DDAs: High Contrast 
Sensitivity Technique with DDAs

DDAs can provide a significantly better contrast sensitivity than 
films and imaging plates (Ewert and Zscherpel 2005; Ewert et al. 
2005a,b, 2008; Bavendiek et al. 2006). This is known as High 
Contrast Sensitivity (HCS) technique (Bavendiek et  al. 2006). 
The signal response of the different DDA detector elements can 
be corrected by a calibration procedure, since the characteristic 
of each element can be measured quite accurately.

Figure 30.24 shows the effect of SNR increase (equivalent to 
CNR increase) on the visibility of fine flaw indications (Ewert 
et al. 2008). The digitized NDT film (film system C1) provides 
a SNR of 265 in the base material region at magnification of 1. 
The DDA image was acquired with a SNR of about 1500 using a 
magnification of 3.5. It shows significantly more flaw indications 
than the digitized film image. The increase of the SNR is the key 
parameter for the increase of the contrast sensitivity correspond-
ing to Figure 30.11 and Equation 30.12.

30.6.4.4  Application Limits of DDA: DDA 
Calibration and Achievable SNR

DDAs contain millions of pixels. They do have differences in 
conversion gain (X-ray dosage to gray value) and also offset val-
ues (gray value higher than zero even if no radiation is detected) 
between the pixels, caused by the detector electronics. Even pix-
els can be dead or over responding, these are called “bad pixels.” 
For optimum DDA performance these raw data of the DDA are 
not useful and need to be corrected by an additional procedure 
called “detector calibration.” This detector calibration is typical 
for all types of DDAs, it is not used in film radiography or CR. 
Line scanners used for film or image plate scanning use similar 
approaches to equalize the scanner response along the scanning 
line (scan line calibration). A “dark image” (image acquisition 
without X-ray dosage) averaged by N frames for noise reduc-
tion in the final dark image and a “flat field image” without any 
object, but with a typical material plate and thickness penetrated 
by X-rays, are needed for detector calibration. The SNR in the 
acquired DDA increases with the number of averaged frames, 
see Figure 30.25.

Figure 30.25 shows the application of the different calibra-
tion procedures for the Hamamatsu detector C7942 (CMOS, 
CsI scintillator, 50 µm pixel size). The typical calibration uses 
a white and dark image to compensate for the dark signal 

X-rays

(b)(a)
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FIGURE 30.22 Principle of amorphous silicon flat panels with fluorescence screens. (a) Additional unsharpness is generated in the phosphor (scintillating) 
layer, due to light scattering. (b) Needle crystals of CsI on the surface of the photodiodes improve the spatial resolution, because the crystals conduct the light 
to the photodiodes like fiber light conductors.
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FIGURE 30.23 Principle of direct converting flat panels with amorphous silicon thin-film transistor arrays for read out. There is no light scattering process 
involved. The spatial resolution is determined by the pixel size of the detector array. (a) Photodiodes convert directly the X-ray photons to electrons. This 
technique is suitable for low-energy applications. (b) A photoconductor (e.g., amorphous selenium or CdTe) is located on microelectrodes in a strong electri-
cal field. Radiation generates charges, which can be stored in micro-capacitors.
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and equalize the sensitivity of the different detector elements 
(SNRN,max of 550 in Figure 30.25). It is important to acquire the 
dark and the flat field image within a considerably longer acqui-
sition time than for measurement to avoid introducing noise by 
the calibration procedure. At least a 2-times longer integration 
for dark and flat field image than for measurement of the digital 
radiographs should be sufficient. A plate of 30 mm Al was posi-
tioned near the target of the X-ray tube to calibrate for Al inspec-
tion. It was observed that some structural noise remains, due to 
the non-linear response of the detector elements. A non-linear 
4-point calibration using three flat field images at different dose 
values was used to consider the non-linearity of the detector ele-
ments. The structural noise could be decreased and the SNRN 
limit was increased to 810. This limit seems to be influenced by 
the inspected material. Fine mottling effects also act as a kind 

of structural noise. Positioning the calibration material in front 
of the detector added structural noise from the Al structure. The 
max obtainable SNRN with the 4-point calibration was reduced 
down to 725. In summary, the detector calibration carried out 
by the user of the DDA system limits the application range and 
the CNR of the DDA. This is an essential difference for DDA 
applications in comparison to films or CR with IPs, where these 
limits are set by the manufacturer and cannot be influenced by 
the user!

30.6.4.5 Testing of Heat Exchangers

The radiographic inspection of tube-to tube sheet welds using Ir 
192 isotope as radiation source and NDT film as detector is state 
of the art since decades (see Figure 30.26).

BAM 5, 8 mm steel

DDA technology
provides better
image quality than
film with a
special calibration
procedure!

Fuji IX25
SNRnorm~265

Images highpass
filtered for better
presentation

PerkinElmer 1620
SNRnorm~1500
Magn. = 3.5

Best (slowest) NDT film

DDA exposure

FIGURE 30.24 Better detail visibility of flaws by increased SNR of the DDA image in comparison to a digitized film image of the weld sample “BAM 5.”

900

800

700

600

500

400

300

200

100

0
0 0.5 1 1.5 2 2.5

Current limit of film and CR technology

DDAs exceed film quality!

3 3.5 4 4.5 5

1Pnt Correct Al @ T: 3mA

C 7942 30 mm Al 120kV

4Pnt Correct Al @ T: 3mA
4Ptn Correct Al @ Pos: 3mA

SNR limit 810
SNR limit 725

SNR limit 550

Sqrt (Dose) (mGy)

SNRN

FIGURE 30.25 SNR limitations due to the effect of different calibration procedures. The non-linear 4-point calibration with an Al filter in front of the 
X-ray tube reduces best the structural noise of the detector.
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For this application, the vacupaced films have to be punched 
light-tight to pass the radio isotope source through the film 
caused by the one-sided accessibility of the tube sheet. Special 
wall thickness compensators are used to account for wall thick-
ness changes in penetrating direction across the inspected weld 
regions. The sensitivity of this testing method is limited by the 
properties of the radiation source. Since heat exchangers are 
shipped worldwide over country boarders, NDT teams from 
different countries need to be involved. Nowadays, the testing 
with radio isotopes becomes more and more complicated, due to 
tough radiation protection regulations and transport limitations.

A direct converting detector, based on CdTe semiconduc-
tors, was redesigned in 2004 (DIC100TH, 2006). Together with 
a rod anode X-ray tube (X-ray tube MCTS 130A-0,6, 2007), a 
handsome unit was designed with four detector tiles arranged 
around the rod anode, which passes though the detector plane 
(see Figure 30.27).

The handling of this inspection unit, as well as the com-
puter-based image acquisition, sped up this radiographic (RT) 
inspection considerably. All problems with film chemistry, any 
consumables, and isotope transportation are avoided now. Within 
a very short time period, the investment into the expensive 
inspection equipment is amortized. In this way, the single-sided 
access for weld inspection was realized as an X-ray endoscope. 
The controlled area could be reduced considerably, because the 
unit provides best image quality in the range of 70 to 90 kV X-ray 
voltage compared with Ir 192 requirements (max. energy about 
650 keV) as used before.

30.6.4.6 Mechanized X-ray Inspection of Welds

High-resolution detectors have been introduced for weld inspec-
tion (Casagrande et al. 2000; Ewert et al. 2012a). Figure 30.28 
shows a mechanized X-ray inspection system, which is based 

Testing of heat exchanger welds with a

specialized digital detector array through the

detector

FIGURE 30.27 Digital X-ray endoscope for inspection of tube-to-tube sheet welds. A rod anode X-ray tube (X-ray tube MCTS 130A-0,6) and four DDA 
tails (DIC100TH) are integrated for fast digital inspection (Zscherpel et al. 2012). The image quality is improved in comparison to the system with Ir-192 
and film. Furthermore, a reduced controlled area is required and the inspection speed is about 10 times faster than for the classical inspection.

FIGURE 30.26 Classic design for inspection of tube-to-tube sheet welds. The gamma source is shifted from the radiation protection container into 
the tube through an X-ray film with a central hole. The radiation penetrates the tube-to-tube sheet weld and exposes the film, which is placed between 
the radiation protection container and tube sheet. (Reproduced with permission from Zscherpel, U. et al. 2012. X-ray endoscopy for inspection of tube 
to tube sheet welds in heat exchangers. 18th World Conference on NDT. April 16–20, Durban, South Africa. http://www.ndt.net/article/wcndt2012/
papers/335_wcndtfinal00335.pdf.)

http://www.ndt.net/article/wcndt2012/papers/335_wcndtfinal00335.pdf
http://www.ndt.net/article/wcndt2012/papers/335_wcndtfinal00335.pdf
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on an X-ray tube, a manipulation system, and a detector (Ewert 
et al. 2016).

New applications take advantage of photon counting technol-
ogy to improve the sensitivity (Walter et al. 2016). The image 
information is processed in the computer and a cross-section is 
reconstructed. Specialized tomographic routines were developed 
to reconstruct such a three-dimensional (3D) image of the weld 
(Redmer et al. 2006; Ewert et al. 2012a). This method is very sen-
sitive to indicate cracks and lack of fusion. The depths and shape 
of these defects can be reconstructed and measured. Figure 30.29 
shows the image of a reconstructed crack in an austenitic girth 
weld in comparison to a cross-sectional metallography.

The High Contrast Sensitivity Technique was combined with 
planar tomography and the TomoCAR setup. It enables a sig-
nificantly higher detail resolution than classical film radiography 
and digital laminography. The test sample BAM 5 (8 mm mild 
steel, Figure 30.30 left) was inspected with TomoCAR.

About 700 projections were acquired in an angle range of 
±40°. Each projection was taken at 100 kV with an SNR >200. 
After reconstruction, it was possible to classify and size the dif-
ferent flaws. The weld root (Figure 30.30, right bottom image) 
is dominated by a lack of penetration. In the center of the weld 

(Figure 30.30, right central image), the welding material is pre-
sented with lower density than the base material. At the right side 
of the central lateral crack, the welding material did not intermix 
with the base material. Lack of fusion is visible. Left of the cen-
tral lateral crack the welding material did intermix with the base 
material. In the cover layer of the weld (Figure 30.30, right upper 
image) a variety of lateral cracks is visible. Such a detailed image 
presentation cannot be achieved with X-ray film or any other NDT 
method.

30.6.4.7  Automated Evaluation of Digital X-ray Images: 
Serial Inspection in Automotive Industry

Fast digital X-ray inspection systems are used in the serial exami-
nation of industrial products, since this technique is capable of 
detecting flaws rather differences in their nature such as cracks, 
inclusions, or shrinkage. They enable a flexible adjustment of 
the beam direction and of the inspection perspective, as well as 
online viewing of the radioscopic image to cover a broad range of 
different flaws. This economic and reliable technique has become 
of essential significance for different applications. The configura-
tion of such systems is schematically represented in Figure 30.31.

Metallographic sectioning:

Etched

Measured crack depth: Not etched

Tomographic
cross-section:

Comparison of results:

Metallography         –8.1 mm

Planartomography –7.7 mm

0 5 mm

0 5 mm

FIGURE 30.29 Reconstructed crack in an austenitic weldment compared to the metallographic cross-section.

360°
rotation Tube scan

X-ray tube

Photon counting DDA

Pipe to inspect

Detector setup

FIGURE 30.28 TomoWELD manipulator for 360° circumferential scan and laminographic inspection; scheme and photograph. The X-ray tube and a DDA 
are mounted on a manipulator for mechanized inspection of pipes.
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The object, irradiated from one side by X-rays, causes a 
radioscopic transmission image in the detector plane via central 
projection. The relation between the source–detector distance 
(SDD) and the source–object distance (SOD) determines the 
geometrical magnification of the image. An image converter 
such as an X-ray image intensifier, a fluorescence screen, or 
a digital detector array (DDA) converts the X-ray image to a 
digital image. Today, preferably DDAs are used, which have 
the highest efficiency for X-ray detection and allow the fastest 
inspection.

Light alloy castings are widely inspected in such a way, 
especially in automotive manufacturing. Due to imperfections 
of the casting process, these components are prone to material 
defects (e.g., shrinkage cavities, inclusions). These parts are 
frequently used in safety-relevant applications, such as steer-
ing gears, wheels, and, increasingly, wheel suspension compo-
nents. These parts have to undergo a 100% X-ray inspection 
for safety.

A fully automated X-ray inspection system for unattended 
inspection can guarantee objective and reproducible defect 
detection (see example in Figure 30.32).

The decision of whether to accept or to reject a specimen is car-
ried out according to the user’s acceptance specification. These 
systems are known as automated defect recognition (ADR) units.

Automated X-ray inspection is also used for a novel field of appli-
cation: the check of completeness and function. This is of impor-
tance if the presence and deformation of parts have to be checked. 
Furthermore, distances and spatial dimensions can be examined.

FIGURE 30.32 Defect detection with an automated system. Left: original 
image; right: detected flaw.

Attenuation image

SDD

SOD

Test sample

Digital signal

Data acquisition and
digital image

processing/evaluation

Flat panel
detectorX-ray tube

Image processing system
Monitor

Monitor image

FIGURE 30.31 Schematic setup of a digital industrial radiology system.

Cover layer with cracks

Central layer with cracks and lack of fusion

Root layer with lack of penetration

DDA measurement with Hamamatsu

FIGURE 30.30 Left: Photograph of test sample BAM 5 with different IQIs. Right: The slices at the right side show the welded root (right bottom) with 
lack of penetration, the central layer of the weld (right central) with lack of fusion, and the cover layer of the weld (right upper) with a variety of lateral cracks 
beneath the weld surface.
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31
Forensic Radiology

Claire Robinson, Bruno Morgan, and Guy N. Rutty

31.1 Introduction

Forensic radiology (FR) started within months of Röntgen dis-
covering “X-rays” (see Chapter 17). The term “forensic” is com-
monly thought to mean the application of scientific methods and 
techniques for the investigation of death, but it actually relates to 
courts of law. The scope of FR is therefore wider and may include 
clinical cases seen in imaging departments, such as road traffic 
collisions, non-accidental injury, drug smuggling (body packing), 
and assault. FR may also include imaging of inanimate objects, 
such as art or jewelry in suspected fraud. However, this article is 
mainly concerned with the investigation of death, to answer not 
only “how” and by “what means” the person died, but the other 
key questions of “who” they were and “when” they died.

Developments over the last 20 years have taken imaging 
beyond plain film radiography and fluoroscopy, incorporating 
cross-sectional imaging techniques, such as computed tomogra-
phy (CT) and magnetic resonance imaging (MRI), which have 
now become an integral part of many post-mortem (PM, after 
death) investigations (see Section III, Chapter 32 of this book for 
an introduction to the CT technique). Many centers around the 
world have been undertaking research to improve the ability of 

FR to be an adjunct to, or replace, invasive autopsy. This has led 
to the slightly different concept of PM imaging.

This chapter will discuss the role and scope of FR and PM 
imaging and how the different modalities may be used. As post-
mortem CT (PMCT) is becoming the internationally favored 
modality, this will be the main focus.

31.2  Why Do Forensic Radiology and 
Post-Mortem Imaging?

FR and PM imaging are primarily conducted to assist in iden-
tifying the deceased and determining how death occurred (the 
“cause of death”). Using imaging to estimate the PM interval 
is possible but imprecise (Rutty and Morgan 2016), and imag-
ing rarely helps with this if the place of death is unknown. 
Identification is vitally important for the family and friends of the 
deceased, for psychological as well as legal reasons (Saukko and 
Knight 2004, Riddick 2011). Identification may be a relatively 
straightforward process if the deceased is intact, but fragmenta-
tion and decomposition will complicate things significantly. One 
of the first challenges is establishing if the remains are human 
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or not, and if there is one deceased or several. Identification may 
be established from DNA, fingerprints, or odontology (a foren-
sic examination of the teeth, including X-rays) if ante-mortem 
(AM) comparison data are available. Visual identification is not 
recommended as it is unreliable (Interpol 2014), resulting in mis-
identifications (Lino and Akoi 2016), and can also be traumatic 
for relatives involved (Dorries 2004, Interpol 2014). Comparison 
of PM and AM radiological images may also assist, particularly 
if there is previous trauma with unique healing characteristics 
or surgical intervention. Prostheses and medical devices can 
be located, many of which will have unique serial numbers. 
Personal effects, watches, rings, and other jewelry may also be 
identified on imaging, but are insufficient alone to provide an 
accurate identification.

These techniques are useful if the deceased identity is poten-
tially known, such as in a contained mass fatality such as an air 
crash with a passenger manifest, or in a missing person search. 
If there is no clue to identity, imaging can also help in the iden-
tification process with age estimation by using primary and 
secondary ossification centers, dentition which develops in a rea-
sonably predictable time scale (Weems 2011), and calcification 
of cartilage and erosion of bone with increasing age. Sex can be 
determined from many skeletal structures, particularly the skull 
and pelvis, and stature can be estimated from the length of long 
bones (Trotter and Glesser 1952). The data from a single PMCT 
scan can be presented in such a way to answer all these questions 
in a simple report (Brough et al. 2014).

Investigating the “cause of death” involves studying the rel-
evant history and environment, an external examination of the 
body, and then an internal examination, normally performed 
by autopsy. This involves macroscopic examination, sometimes 
followed by the microscopic examinations of bodily fluids and 
tissues (histology and microbiology) and biochemistry and toxi-
cology testing. The legal investigation may be initiated for a wide 
range of indications, from a probable but unexpected natural 
death of unknown reason to an unnatural death suspected to be 
murder. Sometimes, the actual cause of death may be obvious, for 
example, in a road traffic collision, and the investigation focuses 
more on the pattern of injury, giving important information about 
the circumstances of the trauma, such as speed, use of a seat belt, 
and site of impact. Imaging is of particular help in this, as bony 
injuries are easily demonstrated by all imaging modalities. A 
radiographic survey of the deceased will enable the pathologist 
to identify and evaluate injuries before the autopsy and differ-
entiate accidental from inflicted injuries. To physically evaluate 
injuries at autopsy following a road traffic accident, for example, 
will take a significant amount of time and will be very disruptive 
to the body. Imaging, and especially PMCT, can considerably 
speed up this process. MRI may also be helpful in assessment 
of soft tissue damage, such as in strangulation or clinically in 
attempted strangulation (Yen et al. 2007).

Using PM imaging to delineate patterns of injury can help 
establish how an injury occurred in the living and deceased and 
can also help confirm, or refute, the reported circumstances of 
an incident and improve safety. For example, specific fatal inju-
ries to the head, abdomen, and lumber spine were recognized 
in plane crashes and attributed to the use of single “lap belts,” 
without upper body restraint (Veronneau and Ricaurte 2008), 
and similar injuries have also been seen in car accidents where 

“lap belts” have been worn (Figure 31.1). Legislation now exists 
in many countries making three-point seat restraining seat 
belts mandatory in all new cars. Similarly, following the 1989 
Kegworth air crash, the design of overhead lockers in planes 
was altered to address specific head injuries seen in this accident 
(Wallace et al. 1995).

Following a traumatic death, foreign objects may be retained 
in a body, which may not be known about and may be needed 
as evidence. These may include glass, from windows or a bottle 
used in stabbing, fragments of metal from car or aircraft acci-
dents, and parts of weapons used in stabbings. These may all 
pose a risk to the pathology team performing the autopsy, as 
may sharp bone fragments. Physically locating these objects in 
a body may be difficult and dangerous during autopsy, but easily 
done using imaging. In cases of shootings, not only can the bul-
lets, “shot,” or casing be identified, but in some cases the bullet 
tracks can be visualized. The retained bullets and “shot” can be 
located for removal, if required for evidence, using plain film 
radiography or fluoroscopy, but is more readily demonstrated 
on PMCT. In addition, PMCT has the ability to demonstrate a 
wider variety of artefacts than plain film modalities, such as 
plastics.

FR is routine in some institutes and preferable in others. 
Some institutes, for example, the Victorian Institute of Forensic 
Medicine, Melbourne, Australia (O’Donnell and Woodford 
2008), Centre Universitaire Romand de Médecine Légale, 
Lausanne (Schneider et  al. 2012), the Virtopsy® group (Thali 
et  al. 2011), and the Institute of Forensic Medicine, Odense, 
Denmark (Leth 2009) have dedicated CT scanners in the mor-
tuaries, which enable them to scan many, if not all, the deceased 
who arrive at their units. Elsewhere, forensic institutes gain 
access to hospital clinical scanners, normally overnight. This, 

FIGURE 31.1 A 3D reconstruction of a lumber spine computed tomogra-
phy scan. This shows a “chance” or “lap belt” fracture to L2 (arrow), caused 
by sudden spine flexion around a single restraining seat belt, in a head-on 
road traffic collision.
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however, is impractical if the institutes are not adjacent to the 
hospital or the hospital uses all their CT scanners 24 hours a day.

FR has a far wider scope than just assisting with deceased inves-
tigations. Clinical imaging for non-accidental injury, assaults, 
abuse, and road traffic collisions may be part of a legal investi-
gation. Imaging is involved in detecting drugs being smuggled 
by body packers, whether that is a clinical or PM examination 
(Figure 31.2). Person and vehicle scanning using X-ray machines 
by border control agencies to detect contraband and human traf-
ficking may also be considered forensic examinations, as may art 
and antique fraud detected using X-rays. Imaging can also assist 
archeological investigations, including the identification of the 
remains of Richard III (Appleby et al. 2015). FR is not limited to 
only helping in single case investigations, but has proven invalu-
able in mass fatality investigations, including the September 11th 
attack (Harcke et al. 2002) and the MH17 investigation (Khoo 
et al. 2016).

Imaging has taken PM investigation to a new level and is now 
seen as an important adjunct to autopsy. It has even been proposed 
as a replacement to autopsy in certain situations (Dirnhofer et al. 
2006, Okuda et al. 2013, Addison et al. 2014, Rutty et al. 2016a). 
Not all cases are suitable; it is unlikely that courts would be com-
pletely satisfied with a “scan only” approach for all suspicious 
death investigations (Jeffery et al. 2011), but some coroners in the 
United Kingdom (UK) now accept “scan only” autopsies, partic-
ularly in road traffic accident cases. Under UK law, the family of 
a deceased may request a “scan only” autopsy. The circumstance 
of the death and the previous medical history must be considered 
in determining if imaging can provide a cause of death.

There are some natural pathologies that are difficult to iden-
tify on PMCT. A non-contrast-enhanced (native) PMCT scan 
may only reveal the cause of death in approximately 30% of 
cases, being able to diagnose trauma, cerebral hemorrhage, and 
aortic dissection, but unable to diagnose pulmonary embolism, 

coronary artery disease, and pneumonia (Roberts et  al. 2012). 
To address the weakness with arterial disease, PMCT angiogra-
phy (PMCTA) techniques have been developed (Jackowski et al. 
2005, Grabherr et al. 2011, Roberts et al. 2011, Saunders et al. 
2011). The introduction of PMCTA improves the ability of PMCT 
to be a viable alternative to autopsy, and we believe this is also 
helped by the introduction of ventilated PMCT to improve pul-
monary diagnosis (Germerott et al. 2010, Robinson et al. 2014).

“Scan only” PM investigation services are becoming more 
common. The first in the UK started in 1997 as an MRI service, 
privately funded by the local community (Bisset et  al. 2002). 
Since then, PMCT has proven to be more practical than MRI for 
adults, and PMCT services are now available in a few centers 
across the UK.

31.3 Historical Review

Imaging in forensic investigations started within months of 
Röntgen discovering X-rays. In the first year after their dis-
covery, X-rays were used in shootings, medical negligence, 
murder, dental imaging, and attempted murder cases, and their 
value and potential were realized (see also Section II, Chapter 
18 of this book for an historical introduction to radiology). 
X-rays were first used in a murder investigation in April 1896 
in Nelson, Lancashire, UK (Eckert 1984). Elizabeth Hartley 
was shot in the head four times by her husband but, amazingly, 
she survived. Her doctor, wanting to locate the bullets, sought 
the help of the new X-rays, but she was too unwell to move. 
Undaunted, they moved and reconstructed the X-ray equipment 
in her home (Thomas and Banerjee 2013). Although the house 
did not have electricity, they managed using batteries supplied 
by a local electric corporation. The X-rays were duly taken, 
and the bullets were located, but unfortunately Mrs Hartley 
was too unwell to undergo treatment and she died. As Brogdon 
et al. (2011) observed—“This case can be considered an early 
manifestation of our tendency to use elaborate procedures and 
the newest technology, whether or not it will influence the out-
come” (Brogdon and Lichtenstein 2011, p.14).

The use of radiographs in court was contentious, and early 
attempts to use them were refused, with one Judge claiming 
“it is like offering the photograph of a ghost” (Withers 1931). 
Photographs were acceptable at the time as secondary evidence 
and could be explained by witnesses, but the introduction of 
radiographs required acceptance of this new medical develop-
ment. It took a further 20 years for radiographs, and indeed radi-
ologists, to be accepted in courts.

The development of FR over the next 100 years was sporadic. 
Following the initial flourish of activity at the turn of the century, 
little changed until the forties. Pediatric FR became a distinctly 
different issue when, in 1946, non-accidental injury was first sug-
gested by Caffey, who recognized a link between unexplained 
long bone fractures and subdural hematomas (Caffey 1946). 
Kempe et al. took this a step further, publishing “The battered 
child” in 1962, suggesting the injuries were caused by a parent 
or foster parent. They acknowledged the hitherto unrecognized 
or undiagnosed condition was, in part, due to the reluctance to 
believe the parents capable, let alone guilty, of abuse (Kempe 
et al. 1962).

FIGURE 31.2 3D (volume rendered) reconstruction of a body computed 
tomography scan, showing a virtual dissection of the stomach area demon-
strating concealed packets. These were packets of powdered narcotics in the 
stomach of a body packer.
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Imaging in mass fatality incidents was first reported in 1949. 
The SS Noronic, a large passenger liner on a holiday cruise on 
Lake Ontario with nearly 700 passengers and crew on board, 
was docked at Toronto harbor when fire broke out at 2:30 a.m. 
The fire spread rapidly and, despite being docked, exit was only 
possible via one of five passenger levels using one of two gang-
planks. The total number of dead was uncertain with estimates 
ranging from 118 to 139 fatalities. The problem was that many 
were so badly burned they were impossible to recognize, or even 
count accurately. A pain-staking investigation was made to iden-
tify the bodies, and comparison of AM and PM X-rays was the 
sole method of identification in 24 fatalities.

Since then, plain film imaging has, and continues to, provide 
pathologists with valuable information. There is little doubt the 
plain film techniques have a role in forensic practice but are 
limited by two-dimensional images. The introduction of CT in 
the seventies overcame this, but scepticism limited its use in the 
forensic field for many years.

The benefits of cross-sectional imaging in forensic investiga-
tion were recognized in 1977 when a clinical head CT scan was 
reported to investigate a gunshot injury (Brogdon and Lichtenstein 
2011). First publications on the use of PMCT in the mid-eighties 
generally looked at single cases or single body areas (Krantz and 
Holtås 1983, Okuda et  al. 2013) and were restricted by the CT 
technology of the time. Despite the technical limitations com-
pared to the scanners of today, their potential as an alternative to 
the invasive autopsy was recognized (Donchin et al. 1994).

Key developments in CT scan technology have occurred over 
the last two decades: spiral and multi-detector CT scanners have 
allowed faster scanning with improved three-dimensional abil-
ity, allowing the body to be viewed in any plane. This has been 
accompanied by better X-ray generating ability to allow rapid 
scanning of large body areas and improvements in image recon-
struction techniques and image analysis. All this has greatly 
improved the application of CT in forensic investigation, but 
probably the biggest change has been availability. In the early 
nineties, 20 years after the invention of CT, many large towns 
and cities in the UK would have access to only one CT scanner; 
the number now could be as many as 10 or more! This avail-
ability has led to more research being undertaken into the use 
and capabilities of PMCT, and use is becoming standard in many 
places around the world, thanks to its ability to scan a large 
volume in seconds, portray bone and soft tissues, and its 3D 
reconstructions.

MRI has also been used in forensic investigation since the 
nineties. One of the earliest papers evaluated the ability of 
post-mortem MRI (PMMRI) to detect abnormalities and found 
PMMRI to be equal to autopsy in detecting gross pathology but 
that abnormalities smaller than 1 cm were missed, including 
infarcts and hemorrhage, and microscopic petechiae (which can 
be a sign of asphyxiation) (Ros et al. 1990). Limitations of the 
technology at the time may have contributed to these findings. 
The potential uses of MRI were also investigated with a study 
on the effects of judicial hanging on the bony and soft tissues of 
the neck (Wallace et al. 1994). Many assumed death was caused 
by spondylolisthesis of C2, the so-called “Hangman’s fracture,” 
but studies of suicidal hangings, undertaken without the benefits 
of PMCT and PMMRI, had suggested soft tissue injuries were 
the cause of death. Spinal dislocation with cord transection was 

demonstrated but also subarachnoid hemorrhage due to dam-
age to the vertebral arteries, confirmed with angiography. These 
were affected by the position of the knot and the distance the 
body falls, the drop. Ethical concerns over the use of judicial 
hanging and the inconsistencies in the causes of death led to the 
practice being largely proscribed.

Since the initial work, PMMRI research has primarily involved 
pediatric (Thayyil et al. 2013, Arthurs et al. 2014) and soft tis-
sue imaging with mixed successes (Patriquin et al. 2001, Thayyil 
et al. 2013), and PMMR may miss around a quarter of the patholo-
gies (Arthurs et al. 2014). However, with additional tests such as 
biopsy and cytogenetics, PMMR may be able to provide sufficient 
information when autopsy is declined in pediatric cases (Breeze 
et al. 2011). One problem with using MRI in the PM field is due 
to the problems encountered with metallic foreign objects. The 
inability to exclude metallic objects with any certainty is a poten-
tial problem in PM cases. The risk to clinical scanners is great and 
so a pre-PMMRI screening, most likely by CT, could be required. 
Possibly more importantly, MRI involves longer examination 
times, more complexity, and increased costs. CT is therefore more 
frequently used and so will be the primary focus of this chapter.

31.4 Modalities

Adult and pediatric FR should be dealt with confidentially and 
with the upmost dignity and respect. Ideally, in all cases, as much 
as is known about the deceased, the circumstances of their death, 
and any previous medical history needs to be available to the 
imaging team, prior to starting an examination.

Plain film imaging, dental imaging, and fluoroscopy have been 
used for many decades. The benefits they may bring are numer-
ous, and they are inexpensive and readily available resources, 
which can be used in any hospital or mortuary, whether tem-
porary or permanent. They are not without problems, and ide-
ally should be operated by radiographers or technicians with 
expertize in clinical imaging to avoid suboptimal images, radio-
graphic under- or over-exposure, and poor anatomical position-
ing (Jefferson 2015). These problems, and those of processing 
the images (particularly if using photochemistry processing), can 
be exacerbated if the imaging is being completed away from the 
radiology department.

The problems of photochemistry processing have been resolved 
by digital processing, but there are limitations of the modalities 
themselves. Each can only produce two-dimensional imaging 
and has a limited area that can be imaged at a time. There is also 
the risk of radiation exposure to those operating the equipment, 
particularly for fluoroscopy, which must be minimized.

When using digitized images, data storage must be considered. 
In hospitals, it is likely the storage facility will be the hospital 
PACS (Picture Archive and Communication System) or DVDs. 
Outside the hospital, image archiving must be considered to 
ensure the medico-legal requirements are satisfied. In addition, 
the ability to store images indefinitely gives imaging an advan-
tage over autopsy. For example, if an investigation needs to be 
re-opened into a historic case, the images can be retrieved easily 
from the archive and reviewed, a so-called “virtual exhumation” 
(Morgan 2010). These images can be transferred anywhere in the 
world to be reviewed by any expert or interested party.
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Pediatrics is generally considered differently to adults and 
requires pediatric specialist pathologists and radiologists when-
ever possible. As in clinical practice, the anatomy, pathology, and 
disease etiology differ from adults and need a different approach. 
The reasons for undertaking imaging in deceased pediatric cases 
must be conveyed prior to the examination so the radiographer 
and/or radiologist can determine the optimal imaging approach. 
The age of the child and medical history must also be considered 
when making this decision. MRI is used more often in pediat-
ric FR than adult FR due to its superior ability to delineate soft 
tissues, but plain film imaging is considered mandatory if bony 
injury needs to be ruled out (Royal College of Pathologists 2005, 
American College Radiology 2012). Age is of particular impor-
tance when considering bone injury due to the differing fracture 
patterns at different stages of skeletal development.

Rib, long bone, and pelvic fractures, without an acceptable 
explanation, are highly indicative of abuse, particularly in chil-
dren under one year of age (Offiah et  al. 2009). Metaphyseal 
injuries are also highly specific for inflicted trauma in infancy 
and are most commonly seen in the distal femur and proximal 
and distal tibia, but also in the proximal humerus (Kleinmann 
2008). Imaging for these “bucket handle” or “corner fractures” is 
therefore vitally important, but they can easily be missed if the 
wrong modality or poor technique is used. Adherence to inter-
national guidance on what to include in a skeletal survey and 
image quality is essential (Royal College of Radiologists/Royal 
College of Paediatrics and Child Health 2008, American College 
of Radiology 2012). Rigor mortis may make positioning difficult 
and may challenge the most able radiographers to achieve the 
high-quality images required, but this can generally be overcome 
with care and time.

31.4.1 Plain Film Imaging

For almost 100 years, plain film X-rays or radiographs were, and 
still are, very important in FR. Digital radiography (DR) has made 
radiographic exposure easier and more reliable, and has over-
come the problems of photochemistry processing. In addition, the 
image is produced electronically without having to remove the 
plate, thus reducing manual handling and increasing productivity.

Plain film imaging can be used in various ways in FR. It can be 
employed as a screening tool to image the entire “body bag” to 
determine its contents, or to complete a detailed skeletal survey 
of a body. A sealed body bag limits the infection risk, but reduces 
the image quality as the position of each bone is not known and 
will result in suboptimal images. Care must be taken when com-
pleting the imaging, as the limited X-ray plate sizes will neces-
sitate multiple views of an area to ensure the entire region is 
included. The resultant “jigsaw” of images may make interpreta-
tion difficult. In addition, the careful application of anatomical 
side markers is essential.

A plain film review of the whole skeleton (the skeletal survey) 
is the “Gold Standard” for the identification of abuse, in living 
and deceased children, and must be reported by a radiologist 
(Royal College of Pathologists 2005). In the living, a CT scan of 
the head is also advocated for children considered “high-risk” or 
who are of clinical concern (Royal College of Radiologists/Royal 
College of Paediatrics and Child Health 2008, American College 
of Radiology 2012). For clinical cases, the survey is essential, in 

line with international guidance, as 80% of non-accidental inju-
ries (NAI) were in found in children under 18 months of age 
(Mok 2008) and subtle metaphyseal “bucket handle” and, par-
ticularly, “corner” fractures may not be seen on other modalities. 
In deceased cases, when radiation dose is not a concern, a CT 
scan, in addition to a skeletal survey, could be considered for 
children under two years and a CT alone for children over two 
years. (For further information on imaging living NAI cases, see 
Royal College of Radiologists/Royal College of Paediatrics and 
Child Health 2008.)

In both pediatric and adult investigations, achieving the 
required quality of images should be attainable for any radiog-
rapher. There are natural differences when dealing with the 
deceased, and a little forethought in body and equipment prepa-
ration may help.

Rigor mortis, the stiffening of the tissues associated with 
death, causes some problems in obtaining good anatomical posi-
tioning. The interval between death and time of imaging, the cir-
cumstances of death, and environmental and storage factors will 
dictate the extent of rigor. Rigor can occur within hours of death 
and can persist for up to 48 hours and results in the stiffening of 
muscles. This can be overcome by warming and/or gentle pres-
sure applied to affected joints to straighten the affected areas. 
Should this not help, high-quality images can also be obtained in 
the majority of cases by adapting radiographic techniques.

In most cases, the use of pads for positioning, tape for immobi-
lization, and adjustment of tube and plate angulation should suf-
fice. In other cases, more thought may be required. Turning the 
entire area or torso of the deceased may be required to achieve 
the ideal image. In pediatrics particularly, turning the child prone 
can produce images of the lower limbs that are superior to those 
that could be achieved supine. FR can involve imaging excised 
parts, such as the ribs to look for subtle rib fractures suspected at 
autopsy, but not seen on the skeletal survey. High-quality images 
in this case are clearly paramount and so stabilizing the area, 
using pads and wedges, is vital. As imaging the entire body to 
a standard equivalent to clinical practice is vital, if there is any 
doubt, repeat or additional views should be performed. Should 
these prove inadequate, imaging using other modalities may be 
required.

31.4.2 Fluoroscopy

Fluoroscopy is also used in FR to provide an initial survey of 
the deceased, or provide “spot” films of an area of interest (see 
also Section II, Chapter 21 of this book for an introduction to 
fluoroscopy). Real-time imaging is useful as a screening tool, 
particularly for locating foreign objects. The body and bag are 
imaged systematically, ensuring the images overlap and cover 
the entire body and bag. This will demonstrate the contents of 
the bag, whether an individual is intact or disrupted, if there are 
comingled remains (parts of more than one deceased in the bag), 
and if there are any foreign objects (personal effects, hazardous 
material for the pathology team, or ordnance). The survey should 
be recorded and individual “spot” images taken, looking at spe-
cific areas of trauma or artefacts of interest. Fluoroscopy has two 
main limitations—the image quality and the size of the image 
intensifier that produces the images. It is best used as a screening 
tool, accompanied by dental and plain film imaging (Viner 2011).
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31.4.3 Dental Radiography and Odontology

Odontology involves the physical and radiological examination of 
the mouth for the presence or absence of teeth, their position, size, 
shape, and signs of decay or repair (see also Section II, Chapter 22 
of this book for an introduction to dental radiography). An indi-
vidual’s dentition is unique and is an excellent means of identifica-
tion if previous dental records are available detailing the position, 
condition, and work performed on each tooth. Furthermore, even 
without previous records, certain signs of wear can suggest age, 
race, and diet, such as staining from chewing betel nuts, which 
may suggest ethnicity (Pretty and Sweet 2001).

Although examination and previous dental records alone may 
suffice, comparison of PM images to AM clinical X-rays is the 
best way to establish a definite identification and provides a high 
degree of certainty (Pretty and Sweet 2001). Dental imaging is 
particularly important in mass fatality incidents. A total of 209 
victims of the Lockerbie air crash were identified by odontol-
ogy (Moody and Busuttil 1994), and in the South East Asian 
tsunami, odontology provided 79% of the identifications (James 
2005). As with all radiographs, image quality can vary, so PM 
dental images may have to be repeated to match the AM images. 
Depending on the AM images available, comparison of other-
wise hidden identifying features, such as implants, root canal 
repair, retained roots, undescended teeth, maxillary sinuses, 
bony trabecular patterns, or surgical plates and interventions, 
can be used to aid the identification (Figure 31.3).

The odontologists may dictate the views required, but at mini-
mum, these should include peri-apical imaging of the whole 
mouth. Care must be taken orientating and labeling the film or 
plate to ensure the correct identification of the teeth. Upper and 
lower standard occlusals and oblique occlusals may be required 
to image the maxilla and mandibular dentition, bones, and soft 
tissue structures. The views may be used to detect impacted or 
embedded teeth and roots or calcified salivary stones. Bitewing 
images may also be required to demonstrate repairs to the crowns.

There are two different techniques employed in dental peri-
apical radiography. Paralleling technique requires the X-ray 
plate or detector and the long axis of the tooth to be parallel. The 
X-ray beam is directed perpendicular to that plane and produces 
an image of the tooth without distortion. This technique should 
be used whenever possible to reduce the effects of elongation, 

foreshortening, and distortion that can occur using the bisecting 
angle technique. This method dictates that a plate or detector 
is placed in the mouth behind the tooth and the X-ray beam is 
directed perpendicular to the line mid-way between the angle 
of the long axis of the tooth and the X-ray plate. This technique 
is renowned for being difficult to replicate, which is not helpful 
when comparison of AM and PM images is crucial.

31.4.4  Post-Mortem Computed 
Tomography (PMCT) Scanning

Current PMCT bears little resemblance to that first described 30 
years ago. The use of PMCT was first reported in the eighties 
(Krantz and Holtås 1983, Okuda et al. 2013), and a decade later, 
a study on the use of PMCT first suggested PMCT as a possible 
alternative to autopsy (Donchin et al. 1994). Since then, PMCT 
has expanded both in technical complexity and the extent of its 
use. A true three-dimensional representation of the whole body 
is now possible, quicker and easier than obtaining whole body 
imaging using the other modalities. The data can also be recon-
structed to produce images for use in court (Jeffery et al. 2011). 
For the first time in forensic practice, an alternative to autopsy is 
now viable.

The concept of a virtual PMCT autopsy was discussed in the 
early Israeli publications (Donchin et  al. 1994) and the term 
Virtopsy® was coined by a Swiss research group (Thali et  al. 
2003). The early research was primarily in trauma, and PMCT 
was able to accurately diagnose the cause of death in approx-
imately 30%–50% (Iizuka et  al. 2013, Thali et  al. 2003, Leth 
2009) of cases with various natural pathologies being missed, 
such as cardiac diseases and pulmonary embolism. As experience 
in scanning and reporting increased, so did accuracy, to between 
75 and 100% in trauma cases (Scholing et  al. 2009, Westphal 
et al. 2012). Whilst highly successful for trauma, for PMCT to be 
considered a potential alternative to invasive autopsy, it also has 
to diagnose natural causes of death. Contrast-enhanced images 
were required, and techniques to achieve this have been devel-
oped. PMCT is now an adjunct to some, and an alternative to 
many, invasive autopsies.

PMCT is irreplaceable to determine if a child took a first 
breath. (MRI can also be used but with the considerations men-
tioned above.) Establishing aeration in the lungs, airways, and 
stomach is vital in a deceased newborn when “neonaticide,” 
the murder of a child in their first 24 hours of life, is suspected, 
to ensure the child was not stillborn. Air in these areas, in the 
absence of resuscitation, means the child has taken a breath 
and so was a live birth (Guddat et  al. 2013). Determining if a 
child has taken its first breath is difficult pathologically and the 
tests (e.g., seeing if the lungs float in water) can be unreliable 
(Barber et  al. 2015). These children may have been subject to 
accidental or intentional airway obstruction, which also can be 
seen on PMCT (Rutty et  al. 2010) (Figure 31.4). Oesterhelweg 
et al. (2009) have reported similar airway obstruction by natu-
ral and unnatural causes in adults. Decomposition changes will 
affect the appearance and gas content of the body, including 
the lungs, and so should be given due consideration (Sieswerda-
Hoogendoorn et al. 2013).

PMCT is not without its disadvantages, the main one being 
cost. A CT scanner is significantly more expensive than plain 

FIGURE 31.3 Orthopantomogram (OPG) radiograph showing previous 
dental restoration. It is likely that the individual pattern of work is unique to 
this individual, especially if previous radiographs are available, and could 
identify the deceased.
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film equipment, but is becoming more widely used clinically 
and therefore widely available. If a scanner is unused out of 
clinical hours, the additional cost for a forensic scan is minimal. 
Interpreting the imaging is more complex than plain film images 
but pathologists and radiographers, with the assistance of radi-
ologists, can be trained. Dental imaging using CT is problematic 
as dental amalgam can cause image artefacts, despite modern 
metal artefact reduction techniques on CT. If this is a problem, 
plain film dental images or cone beam CT could be required.

Reporting PMCT introduces another element of uncertainty 
into the discussion. As a relatively new type of scanning, expe-
rience is limited. This inexperience probably led to some mis-
interpretation of imaging signs in early studies, particularly as 
autopsy control was not used in all studies. With experience 
and an increasing volume and range of research being pub-
lished, confidence in the accuracy of PMCT and its reporting 
is increasing. There are potential pitfalls for the less experi-
enced, as images of the deceased are different to those of the 
living. Within minutes of death, cells start to break down and 
fluids start to disperse from vessels and organs, changing the 
appearance dramatically in some cases, and accumulate in areas 
not seen in clinical imaging. The abdomen is most obviously 
affected by gas, due to the high number of naturally occurring 
bacteria. Gases also accumulate in the vasculature and can 
mimic fractures in the vertebral bodies. Hypostasis, the break 
down and settling of blood, is seen in all areas, but is regularly 
seen in the venous sinuses of the brain, potentially mimicking 
thrombosis or a subdural hematoma, and in the chest, masking 
existing pathologies (see ventilated PMCT below). Courses are 

now being run, primarily in Europe, to teach PMCT principles 
and reporting.

31.5 PMCT and How to Do a Scan

PMCT, without any body preparation or contrast enhancement, 
is particularly useful in cases of traumatic injury and can dem-
onstrate trauma in ways 2D imaging modalities cannot. It is now 
possible for PMCT to replace autopsy in some trauma cases as 
PMCT can be superior to autopsy in demonstrating some frac-
tures, such as in the spine, base of skull, and face. These may be 
difficult for the pathologist to visualize, even having seen them 
on PMCT (Figure 31.5). Significant soft tissue injury, sufficient 
to cause or contribute to death, can also been seen. Liver lacera-
tion, splenic and cardiac rupture are generally all apparent with-
out the use of contrast, although these lesions may not be visible 
if the subject has died before the laceration can bleed, such as 
from catastrophic injuries elsewhere. For example, major liver 
trauma as the cause of death is normally apparent, but liver lac-
erations in a subject who has hemorrhaged catastrophically from 
chest injuries, may be missed. The cause of death in such cases is 
often clearly demonstrated on PMCT and nothing of importance 
is learnt if an autopsy is performed.

There are changes that occur after death that can mimic 
pathologies and so need to be understood and recognized. Air 
in the body, where it would not be expected, may result from 
traumatic injury, and pneumothoraces and pneumocephalus, not 

FIGURE 31.4 Sagittal reconstruction of a computed tomography scan in 
a neonate found dead. The images show air in the lungs (white asterisk), 
confirming the child was born alive (the child must have taken a breath). 
The cause of death was suffocation due to obstruction of airway by forced 
“packing” in the throat (black arrows).

FIGURE 31.5 Victim of a fatal road traffic collision. The cause of death, 
due to dislocated cervical spine fracture (white arrow), is immediately 
apparent on the 3D reconstruction of computed tomography images. These 
images can be used to demonstrate mechanisms of injury to relevant inves-
tigators, such as the police or courts.
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always easily seen at autopsy, are obvious on scans. Any pen-
etrating trauma can introduce air into the body, particularly in 
the agonal moments, and this should be differentiated from a true 
air embolus.

Air can also be a hindrance, as decomposition gas must be 
distinguished from naturally occurring gas and air emboli. 
Decomposition starts immediately after death, and gases may be 
seen 24–48 hours after death and can be affected by tempera-
ture, environment, body size, insect and animal predation (Levy 
et al. 2010). It has been found that decomposition gas develops 
in different areas in a predictable pattern, enabling the develop-
ment of a radiological alteration index (Egger et al. 2012), which 
enables decomposition gases to be identified.

31.5.1 How to Do a PMCT Scan

PMCT is very similar to clinical scanning. It must be conducted 
with the same precision, care, and attention to detail as a conven-
tional scan. There are different considerations to clinical scans 
as the radiation limitations that constrain scanning protocols do 
not apply, but medico-legal restrictions will. The body can be 
scanned in the body bag, and for forensic investigations, the bag 
should not be opened except if the body will not fit through the 
scanner and the pathologist is present. Local protocols should be 
established to ensure all scans are completed consistently and to 
the same high standard.

Prior to starting the scan, it is advantageous to have the body 
as near to a normal anatomical position as possible. This will 
depend on the state of rigor and the circumstances of death. The 
arms need to be in the scan field of view. This can be achieved by 
crossing the arms in front of the body and using “Velcro” straps 
around the elbows. Alternatively, the arms can be raised above 
the head but the pathologist should assist with this, as it would 
entail opening the bag, risking contamination of evidence. It is 
also beneficial to have the head in a normal anatomical position, 
rigor allowing. Pads either side of the head or a mortuary neck 
block may assist with this.

If death occurred with the body not in the conventional ana-
tomical position and it cannot be corrected, lying on its side for 

example, the orientation of the scan should be changed to reflect 
its position. If the death occurred in a fire, the limbs may be bent 
in a pugilistic pose that cannot be moved. This may prevent the 
body fitting through the scanner bore. The pathologist should be 
consulted to determine if the scan is essential and, if so, they 
should be the one to alter the position.

Before scanning, the radiographer should check what require-
ments need to be met. Generally, a whole body CT scan is rec-
ommended (Royal College of Radiologist/Royal College of 
Pathologists 2012), which includes imaging the whole bag. This 
may be separated into head and neck, chest, abdomen, and pel-
vis, and leg scan (Table 31.1). All should have both bone and 
soft tissue reconstructions. A separate “angled” brain scan is 
also recommended, covering the same area as the head and neck 
scan, which will move any artefact caused by dental restoration 
and jewelry, which may obscure spinal fractures and posterior 
fossa bleeds. The scans should overlap to ensure all the body is 
imaged. Separating the scans in this way makes them easier to 
manipulate on image analysis workstations.

The head and neck should be scanned in its entirety to the level 
of T2 to include the entire cervical spine. The chest, abdomen, 
and pelvis can be scanned as one block, which should start above 
the shoulders so there is plenty of overlap with the head and neck 
block. The symphysis pubis must be included so the pelvis can 
be reconstructed if required. The arms and hands should also 
be included if possible, although these are sometimes omitted in 
obviously natural death. The leg block should cover from above 
the acetabulum to below the feet. Depending on the permissible 
scan length and height of the deceased, the body may need to be 
turned to scan the legs. This is completed by sliding the deceased 
back on to the body movement trolley or by rotating the body on 
the table, if there are at least three people present. The orientation 
of the scan on the scan console should be changed to reflect this.

If the arms are required and were not included in the chest, 
abdomen, and pelvis block, the body can be moved across to the 
side of the scan table to scan the opposite arm, if the width of 
the shoulders will allow. If the shoulders or arm position will not 
allow this, the body could be rolled onto the left side to scan the 
left arm and the right side to scan the right. If the body is rolled, 

TABLE 31.1

Example Post-Mortem Computed Tomography Scan Protocol

1. Head and Neck 2. Brain 3. Chest/Abdomen/Pelvis 4. Lower Limb

Scan Area
Top of head to level of 
thoracic vertebra 3

As for head and neck but 
angled to base of skull

Above shoulders to below 
symphysis pubis or fingers

Above acetabulum 
to below feet

kV 120 120 120 120

mA 300 300 300 300

Rotation time 0.75 0.75 0.5 0.5

Range 250 250 600 850

FOV 220 – S 320 – M 400 – L 400 – L

Thickness 0.5 × 32 0.5 × 32 0.5 × 64 0.5 × 64

Reconstruction— 
thickness

1 1 2 2

Interval 0.8 0.8 1.6 1.6

Pitch factor
Helical pitch

0.656
21

0.656
21

0.828
53

0.641
41

Recon algorithm Brain Body standard
Bone sharp

Body standard
Bone sharp

Body standard
Bone sharp
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care should be taken to change the scanner body position so the 
position markers on the scan images are correct.

In traumatic death, the body may be disrupted and may not be 
immediately recognizable. Scout views of the contents of the bag 
may be needed to determine the orientation and position of body 
parts. If possible, the scan can be completed as described above, 
but if there is considerable disruption, the scan can be completed 
in one or two scan blocks. Depending on the size being scanned, 
one block with a bone and soft tissue reconstruction may be suf-
ficient. If the body parts are larger, two blocks may be required. 
One could start at the top of the bag and conclude the scan over 
half way down the bag. The body and bag should be rotated and 
scanned, having changed the scan orientation, from the bottom 
of the bag to above the half-way point of the bag. A landmark, 
whether bony anatomy or other distinguishable point, possibly 
an immovable foreign object, should be used to ensure there is 
overlap between the two scans.

If a body area is not scanned in its entirety, the scan should 
be repeated. If the body position makes the scanning difficult, 
repeat scans should ensure that all long bones are included in 
a single scan. Lower leg trauma can present problems, par-
ticularly in the presence of rigor, but scanning the femur as 
one scan and the tibia, fibula, and ankles as another scan, with 
plenty of overlap of the scans, may be the only way to get the 
required imaging. In such a case, having the pathologist pres-
ent during scanning to discuss their requirements can be very 
valuable.

The scan parameters should be higher than those used clini-
cally. High kV and mA will reduce the artefact caused by hav-
ing the arms by the sides and improve image quality. The pitch 
should also be considered to maximize the image quality in the 
absence of the normal radiation dose restrictions.

Pediatric scans can be completed as described for adults, and 
the approach will be determined by age. If the child is young, 
the chest, abdomen, pelvis, and legs can be scanned in one block 
with a separate brain scan (Arthurs et al. 2015). Separate head 
and neck and angled brain scans are recommended. However, 
until its spatial resolution improves, it is unlikely that PMCT 
will replace the plain film skeletal survey in NAI investigation 
in under two year olds when metaphyseal fractures need to be 
identified. MRI may prove to be an alternate means of identify-
ing these injuries (Perez-Rossello et al. 2010).

31.5.2 PMCT Reconstructions

The image reconstructions that are required are a local decision 
that will depend on the reporting facilities available. Some will 
be fortunate to have reporting workstations in the pathologists’ 
and radiologists’ offices, and so reconstructions on the scanner 
may not be required, as long as the axial images sent to the work-
stations are of sufficient inter-slice resolution to allow recon-
structions on the workstation. Axial “volume” sets, formed with 
bone and soft tissue reconstruction algorithms, may be all that is 
required. If only basic image viewers are to be used by the view-
ing pathologists, then sagittal and coronal reconstructions may 
be required. The decision will also depend on the size and cost 
of data storage available. Consideration could also be given to 
the unusual position of many deceased and the non-conventional 
images that need to be reconstructed. Automatic multi-plane 

reconstructions on the scanner, therefore, may not be of much 
use if inappropriately angled.

31.5.3 PMCT Challenges and Solutions

PMCT faces challenges not seen in clinical scanning. The lack of 
circulating blood causes vessels to collapse and the appearance 
of organs to change. Hypostasis can be seen as sedimentation of 
the blood on PMCT and may mask pathology, such as pulmonary 
thromboembolism (PE), a frequent cause of sudden death. PM 
clots, formed due to the cessation in blood flow, can occlude ves-
sels and cause filling defects that mimic PE. PM blood clots are 
frequently seen at autopsy, where they are differentiated from PE 
by their characteristic plasma and blood product layered appear-
ance. This is not always seen on PMCT, and so developing a 
means of differentiating between PM artefact clot and fatal PE 
is crucial.

Natural causes of death, particularly coronary artery disease, 
unless advanced and demonstrated by calcification, are not easily 
seen nor interpreted. Ruptured aortic aneurysms with significant 
blood loss may be seen, but the point of bleeding may not be 
apparent. For PMCT to be able to replace autopsy, these more 
subtle causes of death need to be diagnosed, leading to the devel-
opment of PMCT angiography.

Following death, fluids can build up in the lungs and mimic and 
mask pathologies such as infection and pneumonia. Previously 
unseen in FR, as the plain film modalities are unable to image 
the lungs in this way, this caused problems in identifying a cause 
of death from lung pathologies. A technique of PMCT ventila-
tion was first reported in 2010 (Germerott et al. 2010) and has 
been developed to simulate clinical lung scanning (Robinson 
et al. 2014).

31.5.4  Post-Mortem Computed Tomography 
Angiography (PMCTA)

Means of introducing contrast have developed to image vascu-
lar and coronary vascular systems. PMCTA has certain advan-
tages over clinical angiography, particularly for clinical cardiac 
imaging, as there is no cardiac or respiratory motion. Unlike for 
clinical cardiac CT angiography, radiation dose is not a concern, 
and so imaging quality can be improved by using higher scan 
exposure parameters and scans can be repeated to ensure good-
quality images. Contrast media use is not limited by clinical 
concerns, and so other materials, such as toxic oily compounds, 
and even air can be used, allowing a “negative appearance” on 
scans. However, the lack of circulating blood to carry the con-
trast needed to be overcome.

The first report of PMCTA was in 2005 (Jackowski et  al. 
2005), and since then, several methods of introducing and circu-
lating contrast through the body have been discussed. These fall 
into two main methods: whole-body angiography (WBA) and 
targeted coronary angiography.

WBA was developed in Switzerland (Jackowski et al. 2005) and 
uses a modified heart lung perfusion pump to deliver the contrast 
into the arterial and venous circulation. Whilst this technique 
is successful, there are cost implications and inserting the cath-
eters, for the contrast injection, is not acceptable in all cultures. 
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In Japan, surgical intervention on a deceased is shunned, and so 
angiography techniques were developed (Okuda et al. 2013) by 
pumping contrast through a peripheral vein cannula, placed dur-
ing AM clinical care, and encouraging circulation using chest 
compressions in a manner similar to resuscitation techniques 
(Iizuka et al. 2013, Morgan et al. 2014).

Targeted coronary PMCT angiography was developed in 
the UK (Saunders et  al. 2011, Roberts et  al. 2011). Although 
recognizing the benefits of WBA, both groups realized that 
this approach may not be practical in the UK for the specific 
purpose of investigation of natural deaths for Her Majesty’s 
(HM) Coroner. Angiography targeted to the coronary vessels 
was developed as coronary artery disease is the most common 
cause of death in those undergoing an autopsy in the UK and 
is frequently missed on native PMCT (Roberts et al. 2011). The 
two groups adopt similar approaches, but use different contrast 
agents and have different means of administering them.

Each technique has proven successful but also has limitations. 
Targeted cardiac angiography will not assist in the diagnosis of 
pathologies in other organs but WBA is more expensive. The 
identification of PE, blood clots, and lung pathologies are weak-
nesses identified for all techniques. A plain PMCT scan precedes 
the PMCTA scan for each technique.

PMCTA in pediatrics has recently started to be investigated. A 
technique of contrast administration through the umbilical vein 
in a neonate has been described (Sarda-Quarello et al. 2016) but 
delivery of contrast may be challenging in the absence of umbili-
cal catheterization (Taylor et al. 2015).

31.5.5 Whole Body PMCT Angiography

31.5.5.1 Swiss Approach

Whole body PMCT angiography was developed in 2005 
(Jackowski et  al. 2005) using a modified heart–lung machine 
to infuse the contrast. Two centers in Switzerland are advocat-
ing this technique and have developed their approaches through 
extensive research. Initially, they used a water-soluble contrast, 
which clearly demonstrated the vessels but caused tissue edema 

due to extravasation of the contrast into the extracellular space. 
The Bern group added polyethylene glycol to increase the viscos-
ity of contrast, which solved the problem (Jackowski et al. 2006). 
The Lausanne group found this may cause fluid to be drawn into 
the vessel, leading remaining blood to clump together, which 
may be confused for a thrombus (Grabherr et al. 2015). Initial 
studies of the lipophilic contrast Lipiodol ultrafluide® and die-
sel oil perfusate showed promise, and further research led the 
group to develop their own contrast Angiofil® (Fumedica AG, 
Switzerland). Together with paraffin oil (paraffinum liquidum) as 
the perfusate, they found this to be optimal to stop extravasation.

Body preparation can be undertaken in the scan room or can 
be done in the mortuary. Catheters are inserted in the femoral 
artery and vein using a Seldinger approach, although some cen-
ters are now using an axillary artery and vein approach (Pomara 
et  al. 2015). (Full description of the technique development is 
described in Jackowski et  al. 2005 and Grabherr et  al. 2008.) 
The catheters are secured with tape on the leg. Prior to scanning, 
the catheters are attached to the heart–lung infusion device to 
administer the contrast. Three infusions of contrast and scans are 
completed. A total of 1200 mL of contrast are infused through 
the femoral artery prior to the “arterial phase” scan. A second 
“venous phase” scan is after infusion of 1800 mL into the vein. A 
final dynamic phase involves scanning whilst injecting 500 mL 
of contrast into the artery. This approach opacifies all the organs 
of the abdomen and thorax and will reach the extremities in 
many cases and demonstrates pathologies, such as a ruptured 
aneurysm (Figure 31.6). The femoral approach will limit contrast 
opacification on the side of cannulation. This may be overcome, 
if required, by reversing the direction of the cannulae on the side 
of the cannulation if required. This technique has been adopted 
in many centers around the world

31.5.5.2 Japanese Approach

In Japan, the approaches described in this chapter are difficult 
as PM incisions are not possible due to cultural concerns, and an 
autopsy is only permitted if there is suspicion of a criminal cause 

FIGURE 31.6 Whole-body angiography of a ruptured aortic aneurysm. An axial image (left) of an abdominal aortic aneurysm showing the rupture site 
(arrow) and a coronal view (right) showing the extent of the bleed. Although this was suspected on the plain scan, the rupture site could not be seen.
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of death (Okuda et  al. 2013). The teams therefore utilize lines 
and cannulae already in place for clinical intervention. After 
death is declared, with the consent of the family, a PMCT scan is 
performed, followed by PMCTA.

The cannula, usually in the cubital vein, is connected to a 
pump injector and contrast is injected at 1.5 mL/s and a dose 
of 2 mL/kg (Sakamoto 2016). While injecting, two minutes of 
chest compressions, as described in cardiopulmonary resuscita-
tion (CPR) guidelines, are used to attempt to create a circulation 
and move the contrast around the body. Although the contrast 
is injected into a vein, opacification of the arterial system is 
reported (Iizuka et al. 2013, Sakamoto 2016).

This approach has a great advantage over the other two meth-
ods in that the scan is completed immediately after death (Iizuka 
et al. 2013), despite using clinical scanners. This would not be 
possible in many centers, as the living would take priority, but 
this is facilitated in Japan as they have the highest concentra-
tion of CT scanners per head of population in the world (Okuda 
et al. 2013). This approach avoids the problems of extravasation 
experienced in the Swiss approach, as the permeability of the 
vascular wall has not increased due to the short time from death 
to scan (Sakamoto 2016). As discussed, hypostasis and clot for-
mation occur with increasing time after death. With immediate 
scanning, these are avoided and so problems of discerning clot 
from PE do not exist.

31.5.6 Targeted PMCTA

Coronary artery disease is one of the most common causes of 
death across the world, and so a means to fully diagnose it was 
required if PMCT was to be able to replace autopsy. Two groups 
adopted a similar approach to address the problem. The notable 
differences between the two groups are the contrast used and 
the means of administering it. The Oxford group use water- 
soluble iodinated contrast (Roberts et al. 2011), and the Leicester 
group use both iodinated contrast and air (Saunders et al. 2011) 
(Figure 31.7). The Oxford approach goes to lengths to exclude 
air from the process (Roberts et al. 2011) as they believe it may 

stop the opacification of the coronary arteries with contrast. 
The Leicester approach exploits the benefits of air as a negative 
contrast media to delineate the arteries, which is particularly 
effective where there is calcification. Water-soluble contrast is 
used to demonstrate areas of soft plaque encroaching on the 
lumen. Neither group have seen the tissue edema described by 
the Swiss, but the quantity and concentration of the contrasts 
used are lower.

The groups also differ on their means of contrast administra-
tion, with the Oxford approach using hand injections (Roberts 
et al. 2011). After death, as described, the blood settles as hypos-
tasis occurs and vessels collapse in the absence of circulatory 
pressure. Without pressure, a stenosis or luminal soft plaque 
encroachment may be overestimated and give false positive 
results. For these reasons, the Leicester approach uses a CT 
pump injector (Medrad Stellant pump injector system, Medrad 
UK Ltd., UK) to administer contrast, whether air or fluid con-
trast (Robinson et  al. 2013). Scanning whilst injecting using a 
pump injector causes distension of the vessels, mimicking physi-
ological conditions, with the intention of avoiding false positive 
stenoses. Scanning whilst injecting by hand is not recommended 
due to the unnecessary radiation dose to the person administer-
ing the contrast. As the scan has to be completed after the injec-
tion, when pressure is not maintained, there is the risk of vessel 
collapse.

The body is prepared in the mortuary or the scan room. A 
catheter is inserted into the left carotid artery through an incision 
made just above the clavicle. (The technique is fully described in 
Saunders et al. 2011 and University of Leicester 2016.) The cath-
eter is positioned in the ascending aorta with the tip just above 
the aortic valve. The balloon on the catheter is inflated using 1% 
solution of contrast, to hold it in place and to occlude the aorta. 
The position of the catheter balloon is confirmed on the initial 
PMCT scan. If the balloon is occluding the coronary ostia, the 
balloon is deflated, retracted, and re-inflated. Contrast can then 
be introduced through the catheter at 6 mL/s for 300 mL of air 
and 3 mL/s for 150 mL of 10% urografin (Urografin® 150 mg/mL, 
Bayer Healthcare).

FIGURE 31.7 A curved multiplanar reconstruction of a right coronary artery (RCA) and left anterior descending (LAD) artery. During an injection of 
air (a) and positive contrast (b), the vessel is shown to be patent, despite small areas of the vessel appearing occluded, air and contrast can be seen distal to 
these points.
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Both groups use body rolling and separate injection runs to 
allow preferential filling of the right and left coronary arteries 
due to gravity. Rolling onto a right decubitus position also allows 
any clot that may be occluding the left main stem to move out of 
the way.

31.5.7 PMCT Ventilation

Identifying lung pathology on PMCT is important in ascertaining 
the cause of death. In clinical cases, a scan is completed on sus-
pended inspiration to clear atelectasis and “dependant” changes 
(Morgan et al. 2014). PMCT scans of the lungs had previously 
been effectively acquired in expiratory phase. After death, fluid 
builds up in the lungs due to livor mortis, which increases with 
time since death (Shiotani et al. 2011). This pulmonary opacifica-
tion can mask true AM pathology or can be mistaken for pathol-
ogy, such as aspiration or contusion (Christe et al. 2010) (Figure 
31.8).

In 2010, Germerott et  al. published a novel method of ven-
tilating the lungs during a PMCT scan, using clinically placed 
intubation tubes, continuous positive airway pressure mask, 
or a laryngeal mask. Whilst helping to clear the lungs of PM 
artefactual fluid, this method caused gastric dilation, risking 
purging of the stomach contents and movement artefacts. The 
use of either mask did not occlude the airway and so had air 
leaks, reducing the efficacy of the ventilation. The motion arte-
fact issue was resolved by using a different ventilator to deliver 
continuous positive airway pressure using a continuous positive 
end-expiratory pressure of 40 mbar, which enabled an inspi-
ration breath hold to be simulated (Robinson et al. 2014). The 
technique was still prone to gastric dilation as laryngeal masks 
were used. Rutty et al. (2015) found a definitive airway, and par-
ticularly a shortened endotracheal tube (ET) inserted through 
a tracheostomy incision, the most effective for both adequate 
ventilation and avoiding the gastric dilatation issue. A technique 
has also been successfully developed for pediatric use (Arthurs 
et al. 2015).

A ventilated scan should only be completed after the whole 
body plain PMCT scan has been done. The scan should cover 
the entire chest, allowing for the expansion of the lungs from 

the original localizer sequence. The position of the intubation 
device must be checked on the plain scan. It is not uncommon, 
for example, for ET tubes to be in the right main bronchus and so 
must be pulled back to above the carina to ensure successful ven-
tilation of both lungs. The radiographer or technician performing 
the scan can reposition this on the scan table. The ventilator tub-
ing can then be attached to the intubation device. The ventilator 
is turned on prior to scanning and the time for the radiographer 
to leave the scan room is sufficient to successfully ventilate the 
lungs. The ventilator is switched off when the scan is completed 
to reduce the risk of creating surgical emphysema if there is pre-
viously unnoticed lung trauma.

31.6  Imaging in Mass Fatalities—
Disaster Victim Identification

Disaster victim identification (DVI) is the process of identify-
ing individuals who have died as a result of an incident with 
many fatalities. These may be naturally occurring incidents 
such as tsunami, earthquakes, hurricanes, or an epidemic such 
as the Ebola virus outbreak, or manmade, such as large traffic 
accidents, plane crashes, or acts of terrorism. The process starts 
with the recovery of the deceased and continues until all are 
identified and returned to their families. Each country has their 
own processes, but many follow guidelines agreed by Interpol. 
The process involves input from all emergency services and 
forensic experts, sometimes with military support, who are 
all trained to provide a co-ordinated approach to achieve the 
identification.

Since its first use in DVI in the SS Noronic disaster in 1949, 
described above, imaging has been involved many times. 
Different imaging modalities have been used in the manners 
described above. The forensic team is led by pathologists, who 
work closely with odontologists, anthropologists, radiographers, 
radiologists, and the mortuary team. Their role is to identify each 
individual and establish the cause of death. This may appear 
obvious, but in the Japanese Tsunami, a murder had been com-
mitted preceding the tsunami and was discovered during the 
investigation (Lino and Aoki 2016).

FIGURE 31.8 Lungs before (left) and during (right) ventilation. Post-mortem changes (black asterisk) give the appearance of pathology. This clears on 
ventilating to reveal the true bilateral effusions with ground glass shadowing.
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Identification is ideally completed by odontology, DNA, or 
ridge print analysis (fingerprints). In some instances, radiology 
alone is used. In the 2001 World Trade Center attack in New 
York, 188 victims were identified by dental radiographs alone 
(Centre for Disease Control and Prevention 2002). More com-
monly, imaging is used in conjunction with the other means of 
identification. Following the Oklahoma bombing, almost half 
the victims were identified using imaging and fingerprints or 
DNA, with an additional 30% only using imaging (Nye et al. 
1996).

A full dental radiological examination will be completed to 
assist the odontologist in comparing AM X-rays and records 
with the PM images (Middleton et al. 2016). Odontologists can 
also assist by identifying physical features that suggest ethnic-
ity, wear on the teeth that suggest cultural practices, and dental 
work, which can be specific to different countries. Imaging is 
also used to screen body bags looking for fragmented body 
parts and personal effects, as occurred following the 2001 
Pentagon attack (Harcke et  al. 2002). The anthropologists 
assist particularly when bodies are disrupted, by identifying if 
the bones are human (as animals may also be involved in the 
incident), identifying which bone is being examined, and the 
age of the deceased. Without radiology, the only way anthro-
pologists can examine the bones is to “deflesh” them, a time 
consuming process, potentially causing more distress to the 
relatives of the deceased.

Establishing identity can be assisted by identifying unique 
skeletal features, old healed fractures, and surgical implants 
such as pacemakers and prostheses, which often have unique ref-
erence numbers which can be compared to hospital records. In 
addition to dental examinations, a complete radiological skeletal 
survey of the deceased is completed in all cases to facilitate this. 
This may be done by plain film X-rays, fluoroscopy, or PMCT.

PMCT was used for the first time in a mass fatality in 2006 
(Rutty et al. 2007). It has since been used in the 2009 Australian 
bush fires (O’Donnell et  al. 2011), MH17 investigation (Khoo 
et  al. 2016), and the Shoreham air show crash (University of 
Leicester 2015). PMCT has recently been used in place of plain 
film modalities, as they can be time consuming (Nye et al. 1996). 
Additionally, CT is now more frequently used clinically, enabling 
more opportunity for AM and PM comparison. As CT is able to 
demonstrate bone, soft tissue, and foreign objects, in a way plain 
film modalities are unable to, CT offers more opportunity for 
identification. A cholecystectomy, for example, not demonstrated 
by plain film would be apparent on CT and potentially aid identi-
fication (Morgan et al. 2014).

Imaging in DVI applies the same principles and processes as 
when dealing with individual forensic cases in a mortuary and/
or hospital setting. It is not the same, however, particularly for 
a larger scale incident, as the logistics, circumstances, envi-
ronment, and demands on staff are all very different. Taking 
imaging out of the traditional hospital environment also has 
problems. Using a heavy fluoroscope on a temporary floor can 
be challenging, and the radiation protection of the whole mor-
tuary team must be considered. Incorporating PMCT is simpler 
as it is contained in a lead-lined vehicle, which can operate 
inside a large enough building or external to it. This may 
necessitate awnings being erected to ensure privacy. However, 
the location and type of incident may make this impossible. 

In the aftermath of the 2004 Japanese tsunami, the degree of 
devastation to the infrastructure and the need to treat all the 
deceased the same, meant imaging could not used (Lino and 
Aoki 2016).

31.7 Conclusion

Forensic radiography has evolved and expanded since its incep-
tion and hugely in the last 20 years. Previously being seen as a 
bonus if a pathologist could have it, it is now routine in many 
locations as it has been accepted that imaging, particularly 
PMCT, is better than autopsy at identifying fractures. Through 
the research undertaken, it has been demonstrated that, in many 
cases, imaging will add to the information gained at autopsy 
and the new “Gold Standard” of death investigation is PMCT 
and an invasive autopsy. In some instances, it is possible for 
PMCT to replace an autopsy, and in many more cases, dramati-
cally reduce the extent of an autopsy. However, any autopsy 
can be extremely distressing for the family and friends of the 
deceased, and it is hoped that further development of PMCT 
will enable imaging to replace autopsy in the majority of cases 
in the near future.
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32
X-ray Computed Tomography for Diagnostic 
Imaging—From Single-Slice to Multi-Slice

Xiangyang Tang and Huiqiao Xie

32.1 Introduction

With the enormous effort devoted by scientists and researchers 
to making it more potent for clinical excellence, X-ray computed 
tomography (CT) has been one of the most popular imaging 
modalities in the clinic for saving patients’ lives or improving 
their quality-of-life. In general, each aspect of CT’s imaging 
performance may not be the best in the clinic in comparison to 
other imaging modalities. For instance, the contrast resolution 
of CT for soft tissue differentiation is not as high as that of PET/

SPECT (positron emission tomography/single-photon emission 
computerized tomography) or MRI (magnetic resonance imag-
ing), the temporal resolution of CT may be inferior to that of 
MRI when special pulse sequences, for example echo planner 
imaging (EPI), are employed. Furthermore, the spatial resolution 
of CT is not as good as that of ultrasound when only a small and 
shallow region of interest (ROI), for example carotid, is being 
imaged. However, putting all the resolutions together, it is quite 
fair to say that CT is the best and most robust imaging modality 
to fulfill the requirements imposed by the vast majority of clini-
cal applications. This underlies the fact that CT has been playing 
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an indispensable role in management of the diseases or accidents 
that are listed as the first five leading causes of death in the US 
(Table 32.1) (Heron 2016).

Since its debut in the early 1970s, CT has advanced substan-
tially in every aspect of its capability for clinical applications, 
with the most remarkable in its speed of data acquisition and 
image formation. At the very beginning, as many as 5 minutes 
were needed in a first generation CT scanner to acquire a full set 
of data for the reconstruction of one single image slice. Nowadays, 
on average, roughly one millisecond is needed in state-of-the-art 
multi-slice CT (MSCT) scanners to acquire the data for generat-
ing one image slice—a 300,000 ((5 × 60)/(1/1000) = 300,000) 
fold increase in speed. Thus far, at least three major milestones 
have been passed in the advancement of CT technologies. The 
first is the evolution from the first/second generation geometry 
to the third/fourth generation geometry. The narrow pencil or 
small fan beam has expanded into a fan beam that can accom-
modate the entire body of a patient, enabling substantially faster 
CT gantry rotation speed to speed up data acquisition. The sec-
ond is the advent of spiral/helical CT empowered by the slip-
ring  technology in 1990 (Kalender et al. 1989, 1990; Crawford 
and King 1990). The elimination of the step-and-shoot scan 
mode and the resultant inter-scan delay marked the entrance 
of CT technologies and applications into a new era of unprec-
edented clinical excellence in patient throughput and comfort, 
saving of contrast agent, and reduction of motion artifact or 
spatial mis-registration. The clinical community acclaimed the 
overwhelming success of spiral/helical CT, driving all major CT 
manufacturers to deliver their spiral/helical CT products within 
a short period of time at the beginning of the 1990s.

The third major milestone was the MSCT, based on the 
multi-detector row technology. The initial attempt to transition 
from a single-slice CT (SSCT) to MSCT was the twin-slice CT 
scanner offered by Elscint (Elscint TWIN) in 1992 (Liang and 
Kruger 1996; Kalayoglu 2011). Six years later, all major ven-
dors unveiled their 4-slice CT scanners (Hu 1998; Taguchi and 
Aradate 1998) in RSNA’s 84th Scientific Assembly and Annual 
Meeting at the Exhibition Hall of McCormick Place in Chicago. 
With the launching of a 4-slice CT scanner on the market—the 
CT technology based on the 4th generation geometry was forced 
out—as the hardware cost for deploying a two-dimensional (2D) 

detector array along the entire CT gantry made the MSCT based 
on such a geometry competitively impotent against those based 
on the 3rd generation geometry. In 2002, all major CT vendors 
marketed their 16-detector row flagship scanners (Flohr et  al. 
2003), which turned the sub-millimeter craniocaudal spatial 
 resolution and three-dimensional (3D) isotropic spatial resolu-
tion into reality, enabling numerous advanced clinical applica-
tions, for example the imaging of temporal bone and coronary 
artery angiographies. Note that the leap from four to 16 slices 
only took about 4 years, while about 8 years elapsed from one 
to four slices. Just  3 years later, all major CT manufacturers 
launched their flagship 64-slice CT scanner (Flohr et al. 2005)—
an even larger leap in the number of detector rows in 2005. Since 
then, the major CT manufacturers have competed fiercely by 
launching their  flagship products at a variety of slices, for exam-
ple the 128-slice scanner in 2007, 256-slice scanner in 2007, and 
320-slice  scanner (Rybicki et al. 2008) in 2008.

We have observed a race in the number of slices among the major 
CT vendors since the mid-1990s, which is driven by the desire to 
scan a patient’s entire heart and other large organs without table 
movement. As a result, the X-ray radiation dose, contrast agent 
dose, and inter-slab artifact can be reduced  substantially, in addition 
to improving the efficiency in utilization of X-ray tube power. The 
dual-source-dual-detector CT (Flohr et  al. 2008; Petersilka et  al. 
2008) for cardiac imaging at almost doubled temporal resolution 
became available in 2008, followed by the scan mode at dual peak 
energies to conduct advanced clinical applications for material dif-
ferentiation with spectral resolution. To meet the challenges imposed 
by advanced clinical applications, the CT technology is continuing 
to advance in leaps. In this chapter, we provide an introductory 
review of MSCT’s system architecture, image reconstruction solu-
tions, image quality and its assessment, and clinical applications, 
as well as its technological and clinical potential in the near future.

32.2 Essential Physics in CT Imaging

The subject contrast in X-ray CT imaging is formed by the atten-
uation of the X-ray beam while it penetrates the human body. In 
the energy range (20–150 keV) for diagnostic imaging, the X-ray 
attenuation is mainly determined by photoelectric absorption 
and Compton scatter, as illustrated in Figure 32.1a,b (see also 
Section I, Chapter 1, for a description of X-ray interactions). In 
physics, the attenuation of X-rays by a material is characterized 
by its mass attenuation coefficient (Johns and Cunninham 1983; 
Bushberg et al. 2011),

 
µ α β( , ; ) ( , ) ( ) ( , ) ( ),x y E x y f E x y f Ec p= +

 (32.1)

where fP(E) ≅ 1/E3.2 is the energy dependency of photoelectric 
absorption, and fC(E) is the energy dependency of Compton 
 scatter (Klein–Nishina Function). α(x, y) and β(x, y) are charac-
teristic coefficients of the material at location (x, y):
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TABLE 32.1

Leading Death Causes of 2014

Rank Causes of Death
No. of 
Deaths

% of All 
Deaths

1 Heart diseases 614,348 23.4

2 Cancer 591,699 22.5

3 Chronic lower respiratory diseases 147,101 5.6

4 Accidents (unintentional injuries) 136,053 5.2

5 Cerebrovascular diseases 133,103 5.1

6 Alzheimer diseases 93,541 3.6

7 Diabetes mellitus 76,488 2.9

8 Influenza and pneumonia 55,227 2.1

9 Nephritis 48,146 1.8

10 Intentional self-harm 42,773 1.6

Source: Adapted from Heron, M. 2016. National Vital Statistics Reports 
65:1–96.
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Z denotes the atomic number, A the mass number, ρ the mass 
density, and K1 and K2 are constants. It is important to note 
that, given a material, Z/A is virtually constant. Thus, α(x, y) is 
determined by the atomic number of a material, while β(x, y) is 
 dominantly determined by its mass or electron density.

CT images are obtained by reconstruction of the linear 
attenuation distribution from its projection acquired with an 
X-ray detector based on energy integration or photon count-
ing mechanism. In the energy integration mode, an electric 
current proportional to the total energy carried by the X-ray 
fluency impinging upon a detector cell is recorded. In the pho-
ton counting mode, the  electric pulse generated by an interac-
tion between an X-ray photon and the detector scintillator at 
each cell is counted, whereby the pulse height is proportional 
to the energy deposited by the X-ray photon. Consequently, a 
threshold and range in the pulse height can be set to not only 
suppress electronic noise, but also endow each detector cell 
with energy resolution. Regardless of whether energy integra-
tion or photon counting is used for data acquisition, a CT with 
monochromatic X-ray source can be  conceived as to obtain 
the 2D distribution of linear attenuation coefficient, µ(x, y; E), 
from its projection
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(32.4)

where ∫L ⋅ dl denotes the line integrals along L, a family of lines 
passing through point (x, y) at various orientations. As long as 
the data sufficiency condition is met, numerous algorithms can 
be employed to reconstruct µ(x, y; E), although the algorithms in 
the fashion of filtered back projection (FBP) have been preferred 
by all major CT vendors due to its efficient data flow and capabil-
ity to reach the most achievable spatial resolution determined by 
detector cell dimension.

Although the pursuit of a monochromatic X-ray source con-
tinues, no viable technology that can provide a monochromatic 
X-ray source with sufficient intensity for diagnostic imaging is 
currently available. In current practice, a polychromatic X-ray 
source is always used, in which the energy of X-ray photons dis-
tributes over a spectrum up to the peak voltage, EkVP, applied to 
the X-ray tube’s anode. By taking all X-ray photons at various 
energies into account, Equation 32.4 becomes
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(32.5)

where ∫ E kVpS E dE( ){ }�  denotes the integration over the energy 
spectrum from 0 to EkVP. Note that, E represents a single energy 
level in Equation 32.4, whereas it becomes a variable in Equation 
32.5 within the energy range from 0 to EkVP. All existing image 
reconstruction algorithms assume Equation 32.4, rather than 
Equation 32.5. Hence, the X-ray polychromatics underlying 
Equation 32.5 may result in unexpected beam hardening effects 
(Cody et al. 2005; Ertl-Wagner et al. 2008) in CT images, such as 
the severe cupping artifacts shown in Figure 32.1a or subtle spec-
tral artifacts in Figure 32.1b,c, which necessitate the employment 
of empirical and proprietary approaches for data correction in 
state-of-the-art MSCT scanners.

32.3  System Architecture and 
Configuration of MSCT

The 3D-effect display of an X-ray CT scanner is illustrated in 
Figure 32.2a, while a schematic of its imaging chain is shown 
in Figure 32.2b. Below is a concise introduction on its system 
architecture and configuration, imaging chain, and one of its key 
components—the beam shaping device.

As schematically illustrated in Figure 32.3, the major dif-
ference between an SSCT and the MSCT is the utilization of a 
multi-row detector for data acquisition. The full cone angle, αm, 
spanned by the detector is proportional to the number of detector 
rows. By convention, MSCT has also been called multi-detector 
row CT (MDCT) or multi-section CT (MSCT). However, unless 
otherwise specified, we refer to the multi-slice, multi-section and 
multi-detector row CT as MSCT in this chapter.

32.3.1 Generations of CT Architecture

As briefly mentioned above, the architecture of CT has evolved 
at  least four generations, as schematically illustrated in 

(a) (b) (c)

FIGURE 32.1 The artifacts caused by the polychromatics of X-ray source in X-ray MSCT: (a) Cupping artifacts in a cylindrical water phantom, (b) spectral 
artifacts in a cylindrical water phantom, and (c) bone (skull) induced spectral artifacts in a clinical head scan. (Images in (b) and (c) adapted from Cody, D.D., 
D.M. Stevens, and L.E. Glnsberg. 2005.  Radiology 236:756–61.)
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Figure 32.4. The earliest CT was prototyped in the 1st generation, 
while the 1st commercially available CT was exemplified in the 
2nd generation (Buzug 2008). The evolution from the 2nd to 3rd 
generation was a major leap, in which not only high performance 
hardware, for example large scale detector array, but also unprec-
edented innovative image reconstruction algorithms, either via 
fan-parallel rebinning or directly from the data acquired by CT 
detector that spans a large angle (50°∼55°), are demanded. The 
structure of state-of-the-art CT for diagnostic imaging is in the 
3rd generation, since it is an optimal solution well balanced over 

image quality, speed, and cost. The 4th   generation was actu-
ally a genius design to deviate ring artifact—one of the primary 
 challenges in CT technology. Unfortunately, however, due to 
its high cost in making an entire ring, instead of just an arc, of 
 detector array, the 4th generation architecture was forced out 
with the advent of MSCT around 1998.

32.3.2 Imaging Chain of CT

The seven major components or sub-systems of an MSCT scan-
ner are: (i) X-ray source, generating the X-ray fluency to pen-
etrate a patient, (ii) X-ray filtration, removing the low energy 
X-ray photons that do not make a contribution to image for-
mation and shaping the beam’s intensity to conform a patient’s 
body contour for radiation dose reduction and noise uniformity, 
(iii) post-patient collimator, removing the Compton scattering 
that degrades image contrast and CT number (Hounsfield Unit) 
accuracy, (iv) detector array, made of scintillator converting 
the X-ray photons into light photons, (v) data acquisition sys-
tem (DAS), collecting the current generated by diodes and con-
verting it into digital data and transferring for data storage, (vi) 
image reconstruction engine, for data pre-processing and gen-
erating transverse image slices, and (vii) computation engine, 
for image presentation, such as coronal and sagittal multi-planar 
reformatting, maximum intensity projection (MIP), and volume 
and surface rendering. Every component plays an indispens-
able role, no matter if its implementation is costly or virtually 
costless. For example, the X-ray filtration is just a thin layer of 
aluminum, copper, or molybdenum, on top of the bowtie filter’s 
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FIGURE 32.2 The diagrams showing the 3D-effect display of an MSCT for diagnostic imaging (a) and the schematic of its imaging chain (b). (Picture in 
(a)  courtesy of Analogic Corporation, Analogic. 2011. Computed Tomography Systems and Subsystems. http://www.analogic.com/products-medical-
computer-tomography.htm. Accessed September 28, 2011.)

αm

(a) (b)

FIGURE 32.3 The exaggerated schematic diagrams showing the scan of 
single-slice CT (a) and multi-slice CT (b). (Drawings  adapted and  modified 
from Rydberg, J. et al. 2000. RadioGraphics 20:1787–806.)

http://www.analogic.com/products-medical-computer-tomography.htm
http://www.analogic.com/products-medical-computer-tomography.htm
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graphite substrate, but it is critical to determine the low con-
trast detectability and dose efficiency of an MSCT in diagnostic 
imaging. Similar to the fact that the strength of a chain is deter-
mined by its weakest link, the overall image quality of a CT 
is up to the component in the imaging chain with the poorest 
performance. Thus, an adequate balance and trade-off over the 
spatial, contrast, temporal, and spectral resolutions is the key to 
reach the best possible imaging performance that can be offered 
by an MSCT.

32.3.3 Beam Forming Devices

The beam forming device in a CT is mainly utilized to shape 
the natural intensity distribution of an X-ray tube into one fit-
ting the habitus of a patient to be scanned, in addition to the 
fact that such a device can also shape the spectrum of an X-ray 
beam, although to a less significant extent. The two major ratio-
nales underlying the adoption of a beam shaping device are: (i) 
making efficient use of the CT detector’s dynamic range, and 
(ii) balancing the noise distribution across the entire field of 
view (FOV). Displayed in Figure 32.5a is a diagram showing 
the schematic of a beam forming device (bowtie, as usually 
called in the community) and its geometric relationship with 
other major components (detector array and a 20 cm circular 
water phantom to be scanned). Shown in Figure 32.5b is the 
intensity distribution of the water phantom with and without 

the bowtie in place. It is unambiguously observed that the 
dynamic range needed to acquire the projection data of the 
phantom has indeed been reduced substantially, as indicated 
by the solid arrows. Shown in Figure 32.5c is a profile of the 
water phantom after the –log  operation, thus, the projection 
in the sinogram. Again, it is clearly observed that the product 
of line length and linear attenuation coefficient becomes sub-
stantially more uniform while the bowtie is in place than that 
without the bowtie. Consequently, the noise distribution in the 
reconstructed image is anticipated to become uniform (Toth 
et al. 2007).

32.4 Data Acquisition (Scan) in MSCT

In an SSCT, the geometries of both data acquisition and 
image reconstruction are 2D, such as in fan beam geometry 
(Figure  32.6a), wherein a ray is uniquely determined by its 
view angle, β, and fan angle, γ. However, once evolved into 
MSCT, the geometry of data acquisition becomes 3D, such as 
cone beam (see Figure 32.6b), but that for image reconstruc-
tion is still in fan beam for the number of detector rows up 
to 16. This is because the cone angle corresponding to detec-
tor rows up to 16 is still relatively small and, thus, each of the 
images can be treated as slices stacked parallel to each other 
and orthogonal to CT’s rotation axis. Similar to the scenario in 
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SSCT, as required by clinical procedures, the patient table can 
remain motionless or proceed in data acquisition in the axial 
and spiral/helical scan modes, respectively. Under either mode, 
the angular range of projection data used for image reconstruc-
tion can be equal to 360° (full-scan) (Crawford and King 1990), 
larger than 360° (over-scan) (Crawford and King 1990), equal 
to 180° + γm, (half-scan (Parker 1982), where γm is the full fan 
angle of X-ray beam), or between 180° + γm and 360° (partial-
scan) (Silver 2000). The full- and over-scan are usually desired 
in noise-critical applications of detecting pathologic lesions in 
low contrast, whereas the half- or partial-scan are for applica-
tions wherein temporal resolution is of essence, for example 
cardiovascular, pulmonary, and/or  abdominal CT imaging. 
In practice, the over-scan and partial-scan have advantages in 
suppressing artifact caused by patient’s voluntary/involuntary 
motion, such as the head’s rotation in scanning pediatric or 
unconscious adult patients. No all-in-one solution can meet all 
the requirements imposed by various clinical applications. As 
illustrated in Section 32.6, the variety of scan modes and num-
ber of detector rows (and resultant cone angle) makes the design 
and optimization of image reconstruction solutions in MSCT 
very challenging.

32.5  Imaging Performance in MSCT

In general, the major image qualities to evaluate the performance 
of an MSCT are contrast, spatial, and temporal resolution, with 
the recent addition of energy or spectral resolution implemented 
in state-of-the-art MSCT via dual-source-dual-detector or dual 
peak energies (kVP) scanning (see also Section I, Chapters 14 
and 15 of this book, for description of image quality in X-ray 
imaging, and Section III, Chapter 37 of this book, for a descrip-
tion of quality assurance in CT).

 1. Contrast Resolution: The contrast resolution is also 
called low contrast detectability (LCD) and is defined 
as the capability of identifying low contrast (0.1% ∼ 
0.5%) targets at various dimension (1 ∼ 5 mm), given a 
radiation dose quantified as CT dose index (CTDI) (see 
also Section III, Chapter 38, for dose issues in CT). The 
contrast resolution depends on CT detector’s absorption 
and conversion efficiency, in addition to its geometri-
cal efficiency determined by the post-patient collima-
tor and active area of each detector cell. The LCD is 
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critical in detecting pathological lesions in soft tissues 
over patient body habitus. For example, in the scan-
ning of a large size patient, noise level is usually high; 
high noise levels also occur when scanning pediatric 
patients, as the radiation dose has to be compromised 
due to pediatric patient tissue or organ’s sensitivity to 
radiation. Presented in Figure 32.7a is a drawing of the 
CTP515 LCD module in the Catphan-600 phantom 
(Toth et al. 2007, The Phantom Laboratory 2011); the 
corresponding CT image is in Figure 32.7b, in which 
the LCD at a given radiation dose can be assessed. The 
contrast resolution is the differentiator between the 
CT for diagnostic imaging and those for other special 
purposes, such as the cone beam CT (CBCT) (see also 
Section III, Chapter 35) for image-guided radiation 
therapy and micro-CT for animals applications (see 
also Section III, Chapter 36, for a description of small 
animal CT), or specimen imaging in pre-clinical appli-
cations. To maximally make use of the X-ray photons 
that have penetrated the patient’s body, the scintilla-
tor in a diagnostic MSCT’s detector is about 3.0 mm, 

which is substantially thicker than that of the flat-panel 
used in CBCT (on the order of 0.5 mm).

 2. Spatial Resolution: The spatial resolution, which is quan-
titatively defined by the modulation transfer function 
(MTF), serves to indicate MSCT’s capability of differ-
entiating two objects that are in high contrast and stay 
close to each other. The spatial resolution of an MSCT 
is primarily determined by the dimension of its detector 
cell, but can be boosted to approach twice the Nyquist 
frequency determined by the detector cell dimension 
(Flohr et al. 2007; Tang et al. 2010). The typical detector 
cell size in an MSCT is approximately 0.5 mm (projected 
at ISO), corresponding to a Nyquist frequency 10.0 lp/
cm. However, almost all MSCT offers the highest spatial 
resolution beyond 15.0 lp/cm. For example, presented in 
Figure 32.8a is the MTF of MSCT provided by a major 
vendor, in which the 10% cutoff frequency correspond-
ing to the STAND reconstruction kernel is well below 
the Nyquist frequency. With sophisticated boosting tech-
niques, the 10% cutoff frequency of the BONE + ker-
nel of the same MSCT can readily exceed the Nyquist 
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frequency. A  similar strategy is exercised by another 
major MSCT vendor in kernel optimization to fulfill 
clinical requirements (Figure 32.8b). Aliasing artifacts 
may appear when the Nyquist frequency is exceeded. 
However, the so-called quarter-offset technique (Tang 
et al. 2010) can effectively improve the sampling rate sub-
stantially, if not double it, which avoids the occurrence of 
aliasing artifacts in clinical applications demanding high 
spatial resolution.

 3. Temporal Resolution: The temporal resolution, deter-
mined by the period of time during which the projection 
data to form a CT image are acquired, aims to  evaluate 
MSCT’s capability of imaging the organ/ tissues in 
motion; for example, the heart or lung in cardiac or 
respiratory motion. In practice, given MSCT’s gantry 
rotation speed, the short scan mode is used for the best 
possible temporal resolution. The temporal resolution of 
a short scan is defined as T × (180° + γm)/360°, where 
T is the time for CT gantry to rotate one turn. With 
increasing number of detector rows, MSCT is becoming 
a routine modality in the clinic for cardiovascular imag-
ing, wherein temporal resolution is of essence. Only a 
brief introduction on temporal resolution is given here, 
and more details can be found in Section 32.7.2 (see also 
Section III, Chapter 42, for 4D CT).

 4. Energy Resolution: The energy resolution implemented 
with a dual-source-dual-detector or dual kVP scan is a 
new addition to the potency of MSCT. In a single kVP 
CT scan, the pixel intensity in a reconstructed image 
is the mass attenuation coefficient that is jointly deter-
mined by the material’s effective atomic number and 
mass density. Consequently, a material, for example, 
iodine, with higher atomic number but lower mass 
density may happen to have approximately the same 
mass attenuation as that of other material, for example, 
calcium, with lower atomic number but higher mass 
density. However, the mass attenuation coefficient of a 
material varies over X-ray photon energy, and that of 
various materials vary at different rates. It is apparent, 
as will be elucidated in Section 32.7.3, that such energy 
dependence can be utilized to differentiate materials 
that generate no contrast in a single source or kVP scan.

As will be illustrated in the next section, the geometry of 
both data acquisition and image reconstruction in an MSCT 
with detector row number larger than 16 is 3D, such as in cone 
beam geometry. Nevertheless, although they are still being used 
for imaging performance evaluation in MSCT, almost all the 
phantoms used for image performance evaluation and verifica-
tion, for example the LCD phantom displayed in Figure 32.7a, 
are designed for the SSCT working at fan beam or slice mode. 
The targets in these phantoms are cylindrical and required to 
be placed in parallel with the gantry’s rotation axis, thus, no 
 variation along the craniocaudal direction. These cylindri-
cal targets work well in the SSCT or MSCT with the fan beam 
geometry for image reconstruction, but may result in at least 
two consequences in the MSCT with the cone beam geometry 
for image reconstruction. First, in general, a cylindrical target 
 cannot detect cone beam artifacts (see section 32.6.3 for details). 

Second, one may take advantage of the fact that there is no varia-
tion along the cylindrical targets to attain imaging performance 
that is not real. For instance, the LCD (Figure 32.7b) measured 
with the LCD phantom shown in Figure 32.7a may falsely appear 
better than what it actually is, when certain filtering along the 
longitudinal direction is applied. Hence, new phantoms with ade-
quate longitudinal variation to assure the accuracy in imaging 
performance assessment are anticipated to be defined by regula-
tory authority. The availability of such phantoms may not only 
benefit the patients and physicians with diagnosis accuracy in 
clinical practice, but also help identify the front-runner among 
the major MSCT vendors in their technological race.

32.6  Artifacts: Their Causes and 
Correction Measures

Being the key components of CT’s imaging chain, neither X-ray 
source nor detector is perfect in its performance, leading to 
numerous artifacts in CT images if the root cause are not found 
and addressed adequately. Each major CT vendor has its own 
solutions, which are business proprietary, to reduce, if not elimi-
nate, those artifacts. An exhaustion of all possible artifacts and 
their corresponding solutions are beyond the scope of this chap-
ter. Only the most common artifacts, including their root causes 
and the principles in addressing them, are concisely covered here.

32.6.1  Artifacts Caused by Inter-Channel 
Variation in Detector Gain

The most common artifact for a CT designer to deal with is ring 
and/or band artifact, due to the inter-channel (and inter-module) 
variation in detector’s gain, as illustrated in Figure 32.9a. It has 
been well investigated and concluded that even a 0.1% to 0.2% 
inter-channel gain variation may cause a subtle but visible ring 
artifact, and a 0.3% variation definitely induces an apparent ring 
and/or artifacts. In practice, these ring artifacts can be removed 
by the process called air calibration, as shown in Figure 32.9b, 
which is actually a normalization using a flat field image acquired 
without any object in the X-ray beam (Buzug 2008).

32.6.2  Artifacts Caused by Beam Hardening 
of Polychromatic X-ray

Thus far, only a polychromatic X-ray source is available for CT 
to be viable for routine diagnostic imaging tasks in the clinic. 
Among all the X-ray photons penetrating an object to be imaged, 
the ones with lower energy are more likely to be removed from 
the beam by the object. Thus, if a circular object is placed in 
a CT without bowtie, the effective energy of X-ray photons in 
the beam passing the phantom’s center is higher than that at the 
periphery. In other words, the material, water in this case, at the 
center of the phantom is effectively less attenuating than those at 
the periphery. Hence, the CT number at the center of the water 
phantom could be lower than that at the periphery, thus  shading 
(cupping) artifact occurs. However, if a bowtie is in placement 
(see Figure 32.5a), the shading (cupping) artifact becomes a 
 glaring (capping) artifact, as illustrated in Figure 32.9b. Measures 
based on data fitting have been developed to effectively eliminate 
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the glaring (capping) artifacts caused by beam hardening in an 
MSCT, as demonstrated in Figure 32.9c.

32.6.3  Artifacts Caused by Inter-Channel Variation 
in Detector’s Spectral Response

Even after the ring and glaring/capping artifact have been 
removed, a CT image may still be left with residual and subtle ring/
band artifacts, especially in the central area, as shown in Figure 
32.9c. The root cause behind this phenomenon, which is actually 
the most challenging issue for a CT designer to deliver the image 
quality acceptable for diagnostic imaging in the clinic, is the inter-
cell variation in CT detector’s spectral response to incident X-ray 
photons. It should be noted that, even though the X-ray photons 
emanating from the source possess an identical spectrum, each 
X-ray photon travels through a different route and, thus, unfor-
tunately, they possess various energy, which leads to subtle and 
variable ring/band artifacts, as illustrated in Figure 32.9c, because 
of the variation in a detector cells’ spectral response. Empirical 
measures can be utilized to remove those subtle artifacts or reduce 
them to an invisible extent, as demonstrated in Figure 32.9d.

32.7 Image Reconstruction Solutions in MSCT

Image reconstruction plays a central role in CT imaging (Kak 
and Malcolm 1988). As indicated above, the algorithms in the 
fashion of FBP have been preferably adopted by all major CT 

vendors, mainly because of the efficient data flow and capability 
to reach the most achievable spatial resolution (see also Section 
III, Chapter 33, for a description of analytical reconstruction 
techniques in CT). Below is a description of the typical image 
reconstruction solutions used in MSCT for diagnostic imaging, 
after we have a historical and brief review of the fundamental 
image reconstruction solutions utilized in SSCT.

32.7.1  Image Reconstruction Solutions 
in Single-Slice CT

 1. Axial Scan: The classical FBP algorithm for image 
reconstruction starts at the parallel beam geometry, and 
can be expressed as (Buzug 2008).
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 In reality, however, the 3rd generation geometry for 
data acquisition is in fan beam, as shown in Figure 
32.6a. Hence, the projection data in fan beam have 
to be converted into parallel beam via fan-to-parallel 
rebinning for image reconstruction, even though the 
spatial resolution may be slightly degraded due to the 
interpolation that is an indispensible step in the fan-
to-parallel rebinning. Later on, the FBP algorithm 
for image reconstruction directly from the data in fan 

(a) (b)

(c) (d)

FIGURE 32.9 Artifacts in the CT image of a water phantom caused by detector’s inter-cell gain variation (a), beam hardening (b), detector’s inter-cell 
spectral response variation (c), and their removal (d).
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beam geometry is derived, making image reconstruc-
tion much more efficient, while the spatial resolution 
becomes the most achievable. It is interesting to note 
that, around year 2000, almost all major CT vendors 
turned back the FBP algorithm in to parallel beam 
geometry for image reconstruction, at the expense of 
slightly degraded in-plane spatial resolution (Besson 
1998), in which the scheme of fan-to-parallel rebinning 
was reused, mainly for removing the so-called zebra 
artifacts caused by the distance-dependent weighting 
on the noise in multi-planner reformatted (MPR) view 
of CT images.

 2. Spiral/Helical Scan: A brief review of image recon-
struction in the spiral/helical SSCT would be beneficial 
for us to understand the spiral/helical image recon-
struction algorithms employed in MSCT. In a spiral/
helical SSCT scan, the artifact is mainly owing to data 
inconsistency due to table movement, because, given 
an image at a specified location, its projection can only 
be recorded with full fidelity by the one-dimensional 
(1D) detector array when the spiral/helical source tra-
jectory exactly intercepts the plane at which the image 
slice (namely mid-way) locates. At any other angular 
location the image slice does not intercept the source 
trajectory, and, thus, interpolation, either in the 180° or 
360° fashion, has to be carried out to obtain the needed 
projection (Kalender et  al. 1989, 1990; Crawford and 
King 1990). In geometry, this is to obtain the desired 
projection via view-wise (360°, Figure 32.10a) or ray-
wise (180°, Figure 32.10b) interpolation of two cor-
responding projections, based on their longitudinal 
distance (Kalender et  al. 1989, 1990; Crawford and 
King 1990). Apparently, only the projection at the mid-
way is identical to or consistent with the true projection 
of the image slice, but every other projection obtained 
by interpolation is just an approximation. Such incon-
sistency causes inaccuracy in reconstructed images, 
which is the underlying reason why the spiral/helical 
artifacts have been termed the inconsistency artifact 
(Larson et al. 1998; Bruder et al. 2000; Kachelrieβ et al. 
2000; Heuscher 2002; Tang 2003). Note that the slice 

sensitivity profile (SSP) is dependent on the used inter-
polation method. In addition, the SSP is also dependent 
on the spiral/helical pitch that is usually defined as the 
ratio of the distance proceeded by patient table within 
one helical/spiral turn over the beam aperture of the 
X-ray detector along the craniocaudal direction.

32.7.2  Image Reconstruction Solutions in 4-Slice CT

 1. Axial Scan: The geometry for image reconstruction in 
a 4-slice CT scanner is assumed as 2D or fan beam, 
even though the data acquisition is in fact carried out 
in 3D or cone beam. In an axial scan, the mismatch 
between the data acquisition and image reconstruction 
geometries may result in inaccuracy in reconstructed 
images. However, corresponding to the typical 20 mm 
longitudinal beam aperture implemented in 4-slice CT 
scanners by 5 mm × 4 or 10 mm × 2 mode, the cone 
angle of the outmost image slice is ½αm = ∼0.79° or 
½αm = ∼0.53°, respectively, which is quite small. 
The resultant inaccuracy or artifacts in reconstructed 
images is almost undetectable when the cone beam at 
such a small cone angle is assumed as four fan beams 
stacked parallel to each other along the longitudinal 
direction. This means that each image slice in the 
4-slice CT scanner in axial scan mode is treated exactly 
the same as that in an SSCT. Moreover, it should be 
pointed out that the back projector used by all the major 
CT vendors in 4-slice CT for image reconstruction is 
1D, which is exactly the same as those used in SSCT.

 2. Spiral/Helical Scan: In a spiral/helical MSCT scan, 
one is no longer bothered by the data inconsistency 
problem, since, in principle, the wider longitudinal 
dimension of the 2D detector array keeps intercepting 
the X-ray flux that has penetrated the image slice at the 
mid-way position, thus recording the projection, as long 
as the orthogonal distance between the X-ray focal spot 
to the image slice at the mid-way position is within rea-
sonable range. Thus, resorting to adequate ray tracking 
and view weighting techniques, the projection data over 
the angular positions of the image slice at a specified 

(a) (b)

FIGURE 32.10 The schematic diagrams showing the view-wise (360°) (a) and ray-wise (180°) (b) interpolation algorithms used in an SSCT to synthesize 
the projection data for image reconstruction.
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position can be obtained via cross detector row inter-
polation (Hu 1998; Taguchi and Aradate 1998) that is 
totally different from that in the spiral/helical SSCT. 
This can be better understood if the reader realizes 
that the interpolation in MSCT can be eliminated if the 
longitudinal sampling rate of the multi-detector row 
detector is sufficient and aligned to record the projec-
tion at each angular position, whereas the interpolation 
in the spiral/helical SSCT is always necessary. Since 
the interpolation is conducted across detector rows, 
rather than across views (Kalender et  al. 1989, 1990; 
Crawford and King 1990) in the spiral/helical SSCT, 
the SSP of an MSCT in principle is no longer dependent 
on the spiral/helical pitch. Once the projection data are 
obtained, the ramp filtering and 1D back projection are 
employed to generate tomographic images.

The most remarkable benefit brought about by the 4-slice CT 
to clinical applications is the speeding-up of data acquisition 
(Rydberg et al. 2000). In the step-and-shoot axial scan, it is quite 
intuitive to understand that each step of patient table proceeding 
is equal to 4-times that of an SSCT, as schematically illustrated in 
Figure 32.11. Figure 32.11a shows the case of helical/spiral SSCT 
scan at pitch 1:1. If the scan speed needs to be increased by a fac-
tor of 4, the SSCT may increase either the pitch or slice thickness 
by 4-times (see Figure 32.11b,c), which results in a substantial 
inter-helix gap or degradation in the longitudinal spatial resolu-
tion, respectively. Note that a spiral/helical scan at a pitch larger 

than 1:1 does exist in clinical applications, but a pitch as large as 
4:1 definitely rules out the possibility of image reconstruction at 
high quality. However, if there are four detector rows in the scan-
ner, a helical/spiral scan at pitch 1:1 can scan the patient 4-times 
faster and without an inter-helix gap, while thin slice thickness 
can be maintained (Figure 32.11d). In general, with recourse 
to the multi-detector row technology, the upper limit of spiral/
helical pitch is approximately 1.5:1, but may vary in practice, 
depending on the gantry geometry and the field of view (FOV) 
of scan and image reconstruction (Bruder et al. 2000; Kachelrieβ 
et al. 2000; Heuscher 2002; Tang 2003). It should be noted that 
an increase in spiral/helical scan reduces the radiation dose to 
the patient proportionally, while the noise index in a CT image 
deteriorates in a manner of square-root.

32.7.3 Image Reconstruction Solutions in 16-Slice CT

 1. Axial Scan: Although other numbers of detector rows, 
such as 8, 10, or 12, exist in MSCT, every major CT 
vendor positioned its 16-slice CT scanner as the flag-
ship product in the early 2000s. Despite the number of 
detector rows being increased by fourfold, the typical 
longitudinal beam aperture is still 20 mm in 16-slice 
CT, which can be implemented via an adequate com-
bination in 1.25 mm × 16, 2.5 mm × 8, 5 mm × 4 
and 10 mm × 2. The maximum half cone angle cor-
responding to the outmost slice at 1.25 × 16 mm mode 
is ½αm ≅ 0.99°, while that of the outmost slice in the 

(a) (b)

(c) (d)

FIGURE 32.11 The schematic diagrams showing the scanning of (a) SSCT at helical pitch 1:1, (b) SSCT at helical pitch 4:1, (c) SSCT at helical pitch 1:1, 
but 4-times thicker image, and (d) 4-slice CT at helical pitch 1:1.
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5  mm × 4 mode in a 4-slice CT scanner is ½αm  ≅ 
0.79°. Obviously, the maximum full cone angle in 
16-slice CT is approximately the same as that of the 
4-slice CT. Consequently, the geometry of stacked fan 
beams is still assumed for image reconstruction in the 
axial scan of 16-slice CT.

 2. Spiral/Helical Scan: The leap from four to 16 detector 
rows actually has provided the opportunity to imple-
ment image reconstruction in 3D geometry wherein 
a 2D detector is utilized. However, rather than taking 
this opportunity, the image reconstruction solution 
developers of almost all the major CT vendors still 
constrain themselves to what they have done in the 
single- or 4-slice CT—converting the 3D geometry 
into 2D geometry wherein the 1D back projector can 
still be utilized. The main reason behind this choice 
is business strategy for cost savings, since the 1D back 
projector implemented with a specially designed array 
processor is still fast enough to fulfill the requirements 
on image generation speed. This constraint makes 
the spiral/helical image reconstruction in 16-slice CT 
extremely difficult. Presented in Figure 32.12a′ are the 
projections of an orthogonal disc with its height equal 
to that of a detector row (Figure 32.12a) when the X-ray 
source focal spot is at view angle β = −90°, −45°, 0°, 
45°, and 90°, respectively. It is observed that, except 
at the mid-way position (β = −0°), the projection of a 
thin disc occupies a variable number of detector rows 
in the multi-row detector. The larger the magnitude 
of viewing angle, the greater the number of detec-
tor rows that are intercepted by projection of the thin 
disc. It is not hard to imagine that, if a 1D back projec-
tor is used, all the projection data must be fitted into 
one detector row. Consequently, data loss occurs with 
increasing view angle β. On the other hand, if the thin 
disc is tilted to conform to the spiral/helical source 
 trajectory, as illustrated in Figure 32.12b, its projection 

at various angular positions (Figure 32.12b′) can fit 
into an oblique 1D detector. Then, the loss of projection 
data can be mitigated substantially in comparison to 
the case of an orthogonal thin disc (Larson et al. 1998; 
Bruder et  al. 2000; Kachelrieβ et  al. 2000; Heuscher 
2002; Tang 2003). In reality, no oblique 1D detector is 
needed, because the projection of the tilted thin disc 
can be obtained via cross-row interpolation. As such, 
the tilted thin disc can be well reconstructed using a 1D 
back projector, and the entire 3D Cartesian coordinate 
 system can be exhaustively covered by nutating tilted 
thin discs. Any image corresponding to the orthogonal 
thin disc in the Cartesian coordinate system can be read-
ily obtained via 1D interpolation along the z-axis. An 
inspection of the images presented in Figure 32.13a,b 
shows that the image reconstruction via a nutation of 
tilted thin discs outperforms the one with orthogonal 
thin discs in reducing the artifacts caused by the spiral/
helical inconsistency. However, three undesirable side 
effects can be attributed to the nutation of tilted thin 
discs: (i) the spatial sampling by tilted thin discs is not 
uniform, (ii) the 1D interpolation along the z-axis may 
slightly broaden SSP, and (iii) a larger beam over-range 
at the starting and finishing ends of the spiral/helical 
scan (Tzedakis et al. 2005; Molen and Geleijns 2006) 
compared to that without tilting the thin disc, given an 
identical imaging zone.

32.7.4  Image Reconstruction Solutions 
in 64-Slice CT and Beyond

When the number of detector rows increases to 64, the half 
cone angle ½αm typically becomes larger than 2°. Then, no 
matter how the projection data is cleverly manipulated, there is 
no choice but to use the 2D detector or 3D geometry for image 
reconstruction (Figure 32.14a) (Tzedakis et al. 2005; Molen and 
Geleijns 2006). This means that there is no geometric mismatch 
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FIGURE 32.12 The schematic diagram showing the data acquisition geometry in MSCT with a disc orthogonal (a) or tilted (b) to its rotation axis, and the 
projection at view angle β = −90°, −45°, 0°, 45°, and 90° of the orthogonal (a′) and tilted (b′) discs.
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between image reconstruction and data acquisition anymore. 
However, in order to have uniform noise distribution in recon-
structed images, image reconstruction needs to be carried out 
in the so-called cone-parallel geometry (Figure 32.14b) that is 
obtained from the native cone beam geometry via row-wise fan-
to-parallel  rebinning. At the 64 detector row and beyond, the 
cone angle becomes a trouble maker, which manifests itself as 
artifacts through three mechanisms: (i) longitudinal truncation, 
(ii) shift-variant spatial sampling rate, and (iii) cone angle.

 1. Axial Scan: A 2D sectional view of the axial data 
acquisition geometry is illustrated in Figure 32.15a, 
whereby 64 slices of images are to be reconstructed 
from the data acquired with a 64-row detector. 
Because of the cone angle, truncation occurs unavoid-
ably, which indents the image zone to be just roughly 
55% of the detector’s longitudinal dimension, if the 
original FDK (Feldkamp–Davis–Kress) reconstruc-
tion algorithm (Feldkamp et  al. 1984; Wang et  al. 
1993) is utilized. However, in a full axial scan, the 
data redundancy of the vast majority of the voxels in 
the volume to be reconstructed is either one or two, 
whereas a data redundancy of one is sufficient for 
image reconstruction. Illustrated in Figure 32.16 is 
the data redundancy in the three outmost image slices 
in an axial scan of 64-slice CT, in which the FOV is 
assumed as 50 cm. It is clearly observed that almost 
all the voxels in the third outmost image slice are 
of data redundancy larger than one, and thus can be 
reconstructed appropriately. This means that, in the 64 
image slices corresponding to each row in the detector 
array, all but the two outer slices at upper and lower 
ends of the detector have enough projection data for 
image reconstruction. However, as further illustrated 
in Figure 32.17a, given a voxel P with the data redun-
dancy larger than one, there exists a pair of conjugate 
rays SP and S′P that may contribute to the reconstruc-
tion. Intuitively, the contribution from the ray with 

(a) (b)

FIGURE 32.13 Transverse images of the helical body phantom reconstructed from simulated projection data in a 16-slice CT at spiral/helical pitch 
25/16:1 = 1.5265:1, using orthogonal image slice with view weighting (a) and tilted image slice without view weighting (b).
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FIGURE 32.14 The schematic diagram showing the native cone beam geometry (a) and the cone-parallel geometry obtained from the native cone beam 
geometry via row-wise fan-to-parallel rebinning (b).
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a smaller cone angle, for example, ray SP with cone 
angle α in Figure 32.17a, should be more trustworthy 
(Patch 2004; Taguchi et  al. 2004; Tang et  al. 2005, 
2008a) than the ray with a larger cone angle, for exam-
ple, ray S′P with cone angle αc in Figure 32.17a, from 
the perspective of image reconstruction. Based on 
this insightful understanding, a cone angle-dependent 
weighting scheme is proposed to suppress the artifacts 
caused by the inconsistency between the rays of the 
conjugate pair (Patch 2004; Tang et al. 2005, 2008a). 
Figure 32.18 shows the performance of the cone 
angle-dependent weighting scheme, whereby the arti-
facts in the helical body phantom (Figure 32.18a,a′) 
and the humanoid head phantom (Figure 32.18b,b′) 
are reduced significantly.

 2. Spiral/Helical Scan: As illustrated in Figure 32.17b, 
the cone angle-dependent weighting scheme can 
also be employed in a spiral/helical scan, whereby 
the  calculation of the cone angle corresponding to 
each conjugate pair is a little bit more complicated, 
because the movement of the patient table during a 
scan has to be taken into account (Heuscher et al. 2004; 
Stierstorfer et al. 2004; Taguchi et al. 2004; Tang et al. 
2006; Tang and Hsieh 2007). Presented in Figure 32.19 
are typical clinical images, in which the superior image 
quality provided by the spiral/helical scan in state-of-
the-art MSCT scanners for clinical applications can be 
appreciated.

32.7.5  Iterative Image Reconstruction 
Solutions in MSCT

CT was invented with iterative image reconstruction (IIR) that is 
termed as an algebraic reconstruction technique (ART), but gave 
its way to FBP, due to IIR’s daunting requirements on compu-
tation speed and data access (see also Section III, Chapter 34, 
for a description of iterative reconstruction techniques in CT). In 
the past decade, the IIR resurged as an appealing alternative of 
CT reconstruction for clinical applications (Chen et al. 2009; La 
Rivière et al. 2006; Figueiredo et al. 2007; Thibault et al. 2007; 
Yin et al. 2008; Fessler 2000; Pan et al. 2009; Sidky et al. 2009, 
2011; Bian et al. 2010, 2013; Jia et al. 2010; Han et al. 2011; Lauzier 
et  al. 2012; Ma et  al. 2012; Niu and Zhu 2012; Tang and Tang 
2012; Xu et al. 2012; Lauzier and Chen 2013; McCollough et al. 
2015), since it brings the tight trade-off between spatial resolution 
and noise in the FBP  reconstruction to a less tight extent, and the 
requirement on computation and data access is no longer as daunt-
ing as before, mainly due to the unbelievable advance in computa-
tion power made by the semi-conductor industry (Moore’s law).

In IIR, the data acquisition of CT is modeled as an observation 
of a linear system of equations (Equation 32.7) and the recon-
struction of the image is to find a solution of the linear system

 g M fP P N N× × ×= ⋅1 1,  (32.7)

where N = n × n is the number of pixels in the image to be recon-
structed, P the number of observations (detected data), MP×N is the 
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FIGURE 32.17 Schematic diagram showing the rationale of cone angle-dependent weighting to deal with the data redundancy in axial (a) and spiral/
helical scan (b).
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system matrix, gP×1 denotes the observed data, and fN×1 is a rep-
resentation of the image. In a routine CT scan, P is  significantly 
larger than N, and, thus, the linear system of  equations in Equation 
32.7 is over-determined and can be mathematically perceived as 
the solution to a minimization problem, such as
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(32.8)

where Ω represents the set of potential solutions. Equation (32.8) 
can be solved using least squares (or minimized norm)
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where M+
N×P is the Moore-Penrose matrix. In theory, Equation 

32.9 can be solved using singular value decomposition (SVD). 
However, N is usually on the order of ∼O(106), and a direct 
inversion of matrixes in Equation 32.9 is formidable. Hence, 
the   community have to resort to iterative algorithms (Buzug 
2008).

Compared to FBP image reconstruction, the modeling of a CT 
system and its noise can be adopted into the system matrix, MP×N, 

(a)

(b) (b′)

(a′)

FIGURE 32.18 The images of helical body phantom reconstructed by the FDK algorithm (a) and the FDK algorithm with cone angle-dependent weighting 
(a′), and that of humanoid head phantom by the FDK algorithm (b) and the FBP algorithm with cone angle-dependent weighting (b′).

(a) (b)

FIGURE 32.19 Typical transverse images (a) reconstructed from the projection data of a 64-slice helical/spiral CT scan using cone angle-dependent 
weighting and (b) the coronal view of multi-planner reformatted image.
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to make (i) the image reconstruction more tolerable to imperfec-
tion or even data missing in data acquisition, (ii) the iterative 
 process more tractable in convergence, and (iii) the reconstructed 
image optimal in the trading-off between spatial resolution and 
noise.

The earliest IIR solution ART was implemented in the first 
commercially available CT scanner, which is in the fashion of 
beam wise pixel updating (Buzug 2008). To have better image 
quality, the ART was superseded by the simultaneous itera-
tive reconstruction technique (SIRT), which is in the fashion of 
image-wise pixel updating, although it converges slower than 
ART (Buzug 2008). It was found later that the slowness in con-
vergence can be remedied by a scheme called ordered-sub-set, in 
which the projection data are sorted and fed into the iteration in 
a specially designed order. Such a combination has been termed 
as OS-SIRT in the community, and presented in Figure 20 are 
examples of the intermediate images at the 1st, 3rd, 5th, 10th, 
25th, and 50th iteration. It was observed that, with increasing 
iteration, the intermediate image becomes increasingly better 
and arrives at an excellent status at the 50th iteration, while the 
image becomes increasingly noisy with sharper inter-structure 
edges.

The convergence of SIRT has not been mathematically 
proved yet. In fact, as we experienced, the noise in the images 
presented in Figure 32.20 continues to grow with increasing 
iterations. Moreover, as we know, similar to other optimization 
problems, the minimization problem of Equation 32.8 is usually 
ill-posed; thus, relatively small noise or data inconsistency in 

the observation (projection data) may lead to severe artifacts 
(anomalies or oscillation) in the reconstructed image (Buzug 
2008). It has been well studied that the instability of a solution to 
an optimization problem can be mitigated by regularization (or 
a priori), which is a functional added to the objective function 
and improves the conditioning of (or termed as pre- conditioning) 
a linear system of equations dramatically. Numerous function-
als, for example the Gibbs distribution of generalized Gaussian 
Markov Random Field (GGMRF) (Bouman and Sauer 1993; 
Buzug 2008), have been proposed in the literature (Buzug 
2008). It is our experience that the functional called total varia-
tion (TV), such as the magnitude of a 1st-order gradient of an 
image, is very effective for noise reduction. By incorporating 
TV into the minimization problem, Equation 32.8 becomes (Hu 
1998; Han et al. 2011):
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The images reconstructed by the OS-SIRT with TV regu-
larization are correspondingly presented in Figure 32.21, 
which clearly demonstrates that the structures and edges of 
the  phantom become increasingly sharper, with almost no 
increase in noise. It is important to note that the regularization 
term may compromise the spatial resolution of an image, and 
the  parameter λ plays a critical role in controlling this com-
promise in addition to its role in controlling the convergence 
speed.

1st iteration 3rd iteration 5th iteration

10th iteration 25th iteration 50th iteration

FIGURE 32.20 Intermediate images reconstructed by the OS-SIRT algorithm, in which the detail of metal wire is zoomed.
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32.8  Recent Advancements in 
MSCT Technologies

32.8.1  Up-Sampling to Suppress 
Craniocaudal Aliasing Artifacts

With the advent of MSCT, especially in its helical/spiral scan, 
the radiology community is bothered by an annoying artifact 

called windmill, pinwheel, or even “bear claw” (referred to as 
windmill artifact hereafter), because of its spoke-like pattern 
surrounding bony structures, as exemplified by Figure 32.22a. 
The windmill artifact frequently occurs in neurological scans if a 
high contrast bony structure gets involved, for example the circle 
of Willis or spinal cord. The root cause of this artifact is the 
fact that a bony structure can possess spatial frequency beyond 
the Nyquist limitation that is determined by MSCT’s detector 

1st iteration 3rd iteration 5th iteration

10th iteration 25th iteration 50th iteration

FIGURE 32.21 Intermediate images reconstructed by the OS-SIRT algorithm with TV regularization, in which the detail of metal wire is zoomed.

(a) (b)

FIGURE 32.22 Transverse head images reconstructed from the projection data acquired without (a) and with (b) the focal spot wobbling (z-sharp tech-
nique) along the z-direction, respectively. (Images courtesy Siemens Healthcare.)
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cell dimension. In  other words, the abrupt variation along the 
craniocaudal  direction is too severe to be adequately sampled by 
the MSCT’s detector. Hence, the windmill artifact is actually an 
aliasing artifact, which in principle can be suppressed through 
two approaches: (i) reducing the highest frequency of bony 
structure by smooth filtering along the craniocaudal direction to 
assure no frequency component exceed the Nyquist limitation; 
and (ii) increasing the sampling rate to lift the MSCT detector’s 
Nyquist limitation so that the projection data of bony structure 
can be acquired without aliasing. Both of them work effectively 
in suppression of aliasing artifact, but the latter outperforms the 
former in maintaining the spatial resolution and, thus, is pref-
erable in clinical applications wherein a thinner image slice is 
desired.

The “z-sharp” technique (Flohr et al. 2005) offered by one of 
the major CT vendors is intended to increase the spatial sam-
pling rate along the craniocaudal direction, while those by other 
vendors are aimed at reducing the highest frequency component 
via smooth filtering. The “z-sharp” technique is implemented 
by wobbling the focal spot along the craniocaudal direction in 
an MSCT scan, which is actually an extension of the focal spot 
wobbling in the lateral direction that is initially utilized in SSCT 
for suppression of aliasing artifact and enhancement of in-plane 
spatial resolution. Illustrated in Figure 32.23a,b are the focal spot 
wobbling schemes along the lateral (Sohval and Freundlich 1987; 
Lonn 1992; Tang et al. 2010) and craniocaudal (Flohr et al. 2005) 
directions, respectively. As demonstrated by Figure 32.22b, the 
“z-sharp” technique is very efficacious in suppressing the wind-
mill artifact caused by the stephoid bone at the bottom of the 
brain, while the image slice can be maintained thin.

32.8.2  Dual-Source-Dual-Detector MSCT 
for Cardiovascular Imaging

With the increasing number of detector rows, the MSCT is 
becoming one of the most popular modalities for cardiac 
 imaging, for example the diagnosis of stenosis in coronary 

arteries, in addition to the Gold Standard of fluoroscopy-guided 
catheterization. To take a snapshot of the heart in a cyclic motion, 
the temporal resolution becomes the most critical imaging per-
formance (Flohr and Ohnesorge 2000, 2008; Ohnesorge et al. 
2000; Vembar et al. 2003; Tang and Pan 2004; Hsieh et al. 2006; 
Taguchi et al. 2006; Tang et al. 2008b). The temporal resolution 
of an MSCT scanner is dependent on the duration of time during 
which the projection data are acquired (Flohr and Ohnesorge 
2000, 2008; Ohnesorge et al. 2000; Vembar et al. 2003; Tang 
and Pan 2004; Hsieh et al. 2006; Taguchi et al. 2006; Tang et al. 
2008b). Accordingly, the short scan mode mentioned in Section 
32.4 is usually employed for cardiovascular imaging. If, for 
instance, the time for an MSCT gantry to rotate one circle is 0.3 
seconds, the temporal resolution is 0.3 × (55° + 180°)/360° s ≈ 
196 ms, which is sufficient for imaging a heart that beats fewer 
than 65 times in a minute, 65 beats/minute (b/m). For patients 
with higher heart beat rate (HBR), which occurs frequently in 
the clinic, beta-blocker is usually administered to decrease the 
HBR until it is stably lower than 65 b/m. However, the avoid-
ance of beta-blockers is of clinical relevance, especially for the 
patients with suspected myocardial infarction. Therefore, in 
addition to short scan, more methods to improve the temporal 
resolution for clinical excellence are needed. A straightforward 
way to do so is to increase the rotation speed of MSCT’s gan-
try. For instance, if the gantry rotation speed can increase to 
0.2 seconds per rotation (s/r), the temporal resolution would be 
0.2 × (55° + 180°)/360° s ≈ 130 ms. However, to reach a 0.2 s/r 
gantry speed, the G-force in a typical MSCT would be larger 
than 70 g, leading to extreme challenges and high cost in MSCT 
gantry fabrication.

An alternative way is to acquire the projection data in an 
inter-cycle multi-sector fashion, as illustrated in Figure 32.24 
(Taguchi et  al. 2006; Flohr and Ohnesorge 2008; Tang et  al. 
2008b). Since the heart physiologically repeats itself, the pro-
jection data can be acquired over multi-cycles at an appropriate 
phase gated by ECG signal. Figure 32.24a illustrates an ideal 
case in the two-sector data acquisition, in which half of the data 
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FIGURE 32.23 Schematic diagrams showing the lateral focal spot wobbling (a) for enhancing in-plane spatial resolution and craniocaudal focal spot wob-
bling (b) for enhancing longitudinal resolution, where L and R are the distances from the focal spot to ISO and detector, respectively.
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come from  cardiac cycle I and the rest from cycle II. It is not hard 
to imagine,  however, that the ideal case rarely occurs in reality, 
because the temporal relationship between the two sectors are 
jointly determined by MSCT gantry rotation speed and patient’s 
heart beat rate and initial phase, which seldom guarantees a per-
fect line up in timing, not mentioning the fact that the patient’s 

heart beat rate variation may further complicate the situation. 
Actually, the cases illustrated in Figure 32.24b,c occur in the 
vast majority of the time in practice. In principle, the effective 
temporal resolution, Teff , of a two-sector data acquisition and 
image reconstruction can be defined as Teff = max(TI, TII), where 
TI and TII are the duration of time to acquire the data in cycles I 
and II, respectively, and max(⋅, ⋅) denotes an operation to select 
the larger one of the two variables. Hence, only the ideal case 
can assure a doubled temporal resolution, and all other cases 
are between the best (doubled temporal resolution) and worst 
(no gain in temporal resolution) scenarios (Tang et  al. 2008b). 
In general, the larger the difference between the two sectors, the 
less the gain in temporal resolution. It should also be realized 
that, although ECG may repeat itself, the mechanical state of the 
heart never repeats exactly, particularly for MSCT imaging at a 
spatial resolution that is significantly better than that in SPECT 
or PET, whereby a repetition in the heart’s mechanical state is 
reasonably assumed.

Fortunately, the shortcomings of data acquisition in the 
inter-cycle two-sector manner can be overcome by acquir-
ing projection data in an intra-cycle two-sector manner (Flohr 
et al. 2008; Petersilka et al. 2008), which can be implemented 
with the dual-source-dual-detector technology, as illustrated in 
Figure 32.25 (Flohr and Ohnesorge 2008). The data correspond-
ing to each sector come from an identical cardiac cycle, with an 
equal period of time for data acquisition, and, thus, guarantees a 
doubled  temporal resolution. It should be emphasized that there 
is no chance for the heart rate arrhythmia to degrade the tempo-
ral resolution, because all the data come from the same single 
cardiac cycle. As a dual-source-dual-detector MSCT being used, 
the heart beat rate of a patient can readily exceed 65 b/m, as 
demonstrated by the images of the coronary arteries presented 
in Figure 32.26.

(a)

(b)

(c)

FIGURE 32.24 Schematic diagram showing the dynamics of sectoring in 
the two-sector data acquisition and image reconstruction for cardiac imag-
ing: (a) The ideal case with equal sectors I and II, (b) a non-ideal case with 
the width of cycle I larger than that of cycle II, and (c) another non-ideal case 
with the width of cycle II larger than that of cycle I.
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FIGURE 32.25 Diagram showing the schematic of data acquisition in a dual-source-dual-detector CT to assure the ideal case always occurs, with the 
data corresponding to both sectors from the identical cycle. (Drawings adapted from Flohr, T.G. and B.M. Ohnesorge. 2008. Basic Research in Cardiology 
103:161–73.)
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32.8.3  Dual Peak Voltage (Dual kVP) Scan 
for Material Differentiation with 
Spectral Energy Resolution

As demonstrated by Equations 32.1 and 32.3, the mass attenua-
tion coefficient, µ(x, y; E), of a material is jointly dependent on 
its atomic number and mass density (Johns and Cunninham 1983; 
Bushberg et  al. 2011). There exist situations in practice where 
two different materials are not differentiable in an MSCT image 
acquired at single peak voltage, as the material with the lower 
atomic number may possess a higher mass density. It occurs often 
in the diagnosis of stenosis with CT angiography that the iodine 
contrast in vascular lumen may not be differentiable from the cal-
cification attached to the wall. However, the difficulty in such situ-
ations can be overcome using the dual kVP scan  capability that is 
available in state-of-the-art MSCT scanners (see also Section III, 
Chapter 39, for a description of dual energy techniques in CT).

32.9  Separation Between Material Atomic 
Number and Mass Density

A brief review of Equation 32.4 tells us that, if a pair of scans 
at two (low and high) monochromatic energies can be made, 
respectively, one has (Alvarez and Macovski 1976; Alvarez and 
Seppi 1979):
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where Elow and Ehigh correspond to the monochromatic energy at 
low and high levels, and
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Both fc(Elow) and fp(Ehigh) can be calculated according to 
Equations 32.2 and 32.3. Equations 32.13 and 32.14 are actu-
ally two simultaneous linear equations, and, thus, Aα and Aβ 
can be analytically solved given the measurements Ilow and 
Ihigh. Then, according to Equations 32.2 and 32.3, α(x, y) that 
is determined by the atomic number and β(x, y) by the mass 
density can be acquired via numerous image reconstruction 
algorithms.

Since only polychromatic X-ray sources are currently viable 
in practice, the dual energy MSCT imaging can only be imple-
mented via dual kVP CT scans. Starting from Equation 32.5 and 
exercising the same logic in getting Equations 32.13 and 32.14, 
we have (Alvarez and Macovski 1976; Alvarez and Seppi 1979; 
Lehmann et al. 1981):
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HBR = 50 ~ 63

(a) (b)

HBR = 87

FIGURE 32.26 The 3D surface rendering of the heart generated by a single-source-single-detector MSCT (a) and a dual-source-dual-detector MSCT 
(b). (Images courtesy Siemens Healthcare.)
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Equations 32.15 and 32.16 are no longer simultaneous 
 linear  equations and, thus, Aα and Aβ have to be obtained via 
data  fitting. For example, through a 3rd-order polynomial data 
fitting, one has
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The coefficients λ0, λ1, λ2, …, λ9 and χ0, χ1, χ2, …, χ9 can be 
attained either analytically or experimentally; thus, via a sys-
tem calibration process (Alvarez and Macovski 1976; Alvarez 
and Seppi 1979; Lehmann et  al. 1981; Kalender et  al. 1986; 
Chuang and Huang 1988; Heismann et al. 2003; Walter et al. 
2004; Liu et  al. 2008, 2009; Zou and Silver 2008, 2009; Yu 
et  al. 2009), once these coefficients are acquired, Aα and Aβ 
can be obtained from Ilow and Ihigh by solving the non-linear 
simultaneous equations. This means that an MSCT image cor-
responding to the distribution of mass attenuation coefficient 
at a sectional slice of patient can be separated into two images, 
corresponding to the atomic number and mass density, respec-
tively, and the clinical relevance of such a separation cannot be 
over-appreciated.

32.10 Material Decomposition

The separation of atomic and mass density images is a straight-
forward application of Equations 32.2 to 32.5. A further develop-
ment in dual kVP MSCT imaging is material decomposition (Yu 
et al. 2009b), elucidated below, which is of even more clinical 
relevance.

Suppose two materials are given and their mass attenua-
tion coefficients at pixel (x, y) and X-ray photon energy can be 
 represented as
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From Equations 32.19 and 32.20, it is not hard to attain
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Hence, as for another material, its mass attenuation coefficient 
at pixel (x, y) can be represented by
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Note that a1(x, y) and a2(x, y) are linear combinations of 
α(x, y) and β(x, y), respectively, which can be obtained via 
reconstruction from the data Aα and Aβ (Equations 32.13 and 
32.14) or obtained from Equations 32.2 and 32.3. A compari-
son between Equations 32.1 and 32.23 in detail tells us that, 
conceptually, Equation 32.1 implies that the mass attenuation 
of a material is a function in the functional space spanned by 
the two base functions, fc(E) and fp(E), whereas Equation 32.23 
implies that the mass attenuation of a material is a function in 
the functional space spanned by the two base functions, µ1(x, y; 
E) and µ2(x, y; E) ,corresponding to the two different materials. 
Hence, any material can be decomposed into a linear combi-
nation of two base materials (Lehmann et  al. 1981; Kalender 
et  al. 1986; Chuang and Huang 1988; Heismann et  al. 2003; 
Walter et al. 2004; Liu et al. 2008, 2009; Zou and Silver 2008, 
2009; Boll et al. 2009; Graser et al. 2009; Yu et al. 2009). It is 
important to note that a1(x, y) and a2(x, y) in Equation 32.23 have 
no dependence on X-ray photon energy, as the dependence on 
X-ray energy has been taken into account by the mass attenu-
ation coefficients, µ1(x, y; E) and µ2(x, y; E) of the two base 
materials (Kalender et al. 1986; Lehmann et al. 1981).

Demonstrated in Figure 32.27 is an example of the mate-
rial decomposition in dual kVP MSCT imaging, in which an 
iodine-calcium phantom is employed. Each cylindrical rod in 
Figure 32.27a consists of calcium and iodine, respectively, and 
their mass densities are deliberately manipulated to make them 
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non-differentiable from each other at single kVP MSCT imag-
ing (Figure 32.27a). However, as demonstrated in Figure 32.27b, 
via material decomposition with calcium and iodine as the base 
materials, the iodine at low mass density can be readily dif-
ferentiated from the calcium at high mass density. With such a 
capability of differentiating calcium from iodine, a physician 
can diagnose the stenosis in the carotid or coronary arteries 
with much higher confidence and accuracy. The application of 
dual kVP MSCT imaging is quickly growing in the clinic, and 
interested readers are referred to the numerous papers covering 
its current and future application (Boll et al. 2009; Graser et al. 
2009; Nicolaou et al. 2010; Desai et al. 2011).

32.11  Noise/Dose Reduction via Image 
Domain Iterative De-noising

It is always desired in the clinic to detect pathological lesions at 
high spatial resolution and low radiation dose, with resort to cer-
tain imaging processing methods. In general, however, if linear 
image processing methods are employed, this desire can never be 
fulfilled, because there are always trade-offs between the spatial 
resolution and noise in CT imaging (Chesler et al. 1977; Hanson 
1979, 1981; Ritman 2008), as one may have experienced in the 

situations wherein the so-called “STAND” or “BONE” filter 
kernels are utilized in image reconstruction (Tang et al. 2010). 
In practice, the techniques of modulating X-ray tube current 
according to the angular and longitudinal variation in patient’s 
body habitus have been utilized to significantly reduce the radia-
tion dose (Kalra et al. 2004a,b). Recently, a number of non-linear 
shift-variant approaches in image space to significantly reduce 
noise while maintaining spatial resolution have been proposed 
and implemented in MSCT for neurological, body, and cardio-
vascular applications. These image space based methods vary 
in implementations, but have the following features in common: 
(i) noise reduction via forward anisotropic diffusion (Black et al. 
1998; Perona and Malik 1990; Gerig et al. 1992); (ii) preserva-
tion and even boosting of edge via backward anisotropic diffu-
sion; and (iii) blending of the non-linear processed image with 
the original image reconstructed by FBP algorithm to make 
the appearance of the finally obtained images similar to that of 
conventional CT images. Presented on the right of Figure 32.28 
is an MSCT image of an anthropomorphic head phantom with 
de-noising based on anisotropic diffusion (Black et  al. 1998; 
Perona and Malik 1990; Gerig et al. 1992), and that of the origi-
nal image is on the left for comparison. It is interesting to note 
that, because the anisotropic diffusion is usually carried out in 
the fashion of iteration, these non-linear approaches have been 

Ca:l(a) (b)

50:1
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FIGURE 32.27 The transverse image of an iodine-calcium phantom consisting of cylinders made of iodine and calcium scanned at single peak voltage 
(a) and dual peak voltage (b).

s1 = 11.16 s1 = 6.5(a) (b)

FIGURE 32.28 The original FBP image of an anthropomorphic head phantom (a) and that with noise reduced by anisotropic diffusion (b).
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claimed as iterative image reconstruction by MSCT vendors 
(Siemens 2011a,b; Yang et al. 2011), even though all these non-
linear approaches are confined to be carried out in image space 
only. In light of the widely accepted concept of iterative image 
reconstruction wherein the back-and-forth operations between 
the projection and image spaces are essential (see Section 32.7.5) 
(Shepp and Vardi 1982; Lange and Carson 1984; Barret et  al. 
1994; Wilson et al. 1994; Lange and Fessler 1995; Bouman and 
Sauer 1996; Fessler 1996; Fessler and Rogers 1996; Saquib et al. 
1998; Wang and Gindi 1997; Fessler and Booth 1999; Qi and 
Leathy 2000; Qi 2003, 2005; DeMan et al. 2005; Xu et al. 2009), 
these  controversial claims have triggered debating in the com-
munity of CT imaging.

One may intuitively think that a reduction of noise in an 
MSCT image can result in radiation dose savings by observ-
ing the “square-root” rule; thus, a k times reduction in noise 
results in k2 times saving in radiation dose, and vice-versa. 
Nevertheless, it is important to clarify that this intuitive logic 
only works in the case wherein linear methods are employed. 
If non-linear methods are utilized, this “square-root” rule may 
no longer hold. In  addition, these non-linear approaches are 
usually shift-variant and, thus, one has to be cautious about the 
 appealing claims in radiation dose savings made by the vendors, 
whenever non-linear shift-variant methods are used to support 
such claims.

32.12 Clinical Applications of MSCT

As one of the most popular imaging modalities, MSCT is play-
ing an indispensible role for clinical excellence (Rogalla et  al. 
2009). Numerous investigations have been conducted to evaluate 
and verify MSCT’s sensitivity and specificity in cardiovascular, 
thoracic, abdominal, and neurologic applications and the imag-
ing of extremities. A detailed discussion about MSCT’s clinical 
applications is beyond the scope of this chapter, and interested 
readers are referred to the large body of introductory, review, and 
research papers published in the literature (Rydberg et al. 2000). 
For readers to have a broader impression about the significant 
role being played by MSCT in the clinic, a number of important 
clinical applications in addition to the examples that have already 
been presented above are presented in Figure 32.29.

32.13 Radiation Dose in MSCT

The metric of radiation dose in CT is defined as the CT Dose 
Index (CTDI) (Title 10 (Energy) of the Code of Federal 
Regulations (CFR) 2016), which is in theory the integral of dose 
profile given an X-ray beam aperture from negative to positive 
 infinity. Apparently, such a definition is not feasible in practice 
(see Equation 32.26). In the early days of CT technology, the 
FDA (Food and Drug Administration) specified a more feasi-
ble definition, presented in Equation 32.27 (Shope et al. 1980). 
Nowadays, CTDI100 is the one (Equation 32.28) that has been 
widely adopted, in which a 100 mm long pencil ion chamber is 
used to measure X-ray exposure and then convert to the radiation 
dose (air kerma) to soft tissue (Bushberg et al. 2011). Considering 
the human body’s attenuation, the weighted CT dose index 

CTDIW, defined in Equation 32.29, has become routinely used in 
the clinic, which has been extended for spiral/helical CT scans by 
taking the spiral/helical pitch into account (see Equation 32.30) 
(McCollough et al. 2008). Note that the length of the pencil ion 
chamber to measure CTDI100 is only 100 mm along the longitu-
dinal direction. However, in the 320- and 256-slice CT, the lon-
gitudinal beam aperture in the clinic has been up to 160 mm, 
exceeding the longitudinal range defined by CTDI100 and its 
derivatives CTDIW and CTDIvol. Hence, immediate actions by 
the federal or state regulation to define new radiation dose phan-
toms and metrics that can accommodate the MSCT scanner with 
an X-ray beam aperture up to 160 mm are needed.
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The ever-increasing radiation dose rendered by CT, particu-
larly MSCT, to the population has been drawing concerns in the 
public (McCollough et al. 2006, 2008; ACR-AAPM 2015; ICRP 
1991; NCR 2008; Pan et al. 2008; Yu et al. 2009a). According 
to Report No. 160 of the National Council on Radiological 
Protection (NCRP), up to 2006, the effective radiation dose con-
tributed by all medical imaging modalities to an individual in 
the US population accounts for 48% (3.0 mSv) of that from all 
natural and man-made sources (6.1 mSv), of which the contribu-
tion from CT alone is 24% (1.5 mSv). Hence, the importance of 
accurately measuring the radiation dose rendered by MSCT with 
a large beam aperture can never be overstated. However, detailed 
coverage on the radiation dose of MSCT is beyond the scope of 
this chapter. Interested readers are referred to the numerous ref-
erences in the literature (Title 10 (Energy) of the Code of Federal 
Regulations (CFR) 2016; Shope et al. 1980; McCollough et al. 
2006, 2008; ACR-AAPM 2015; ICRP 1991; NCR 2008; Yu et al. 
2009a).

32.14 Closing Remarks

An introductory review on MSCT imaging is provided in this 
chapter, covering its physical foundation, system architec-
ture, data acquisition schemes, imaging performance and its 
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 evaluation, image reconstruction solutions, typical clinical appli-
cations, and recent technological advancement. Prior to ending 
this chapter, we want to have a discussion on the future of MSCT 
technology, from the perspective, in addition to what has been 
envisioned in the literature (Pan et al. 2008; Wang et al. 2008).

First, we’d like to speculate how many detector rows would 
eventually be needed in MSCT. The number of detector rows 
is driven by the desire to cover large organs in the human body 
with one gantry rotation and the cost of CT detector. Presented 
in Figure 32.30 are the typical longitudinal ranges corresponding 
to the major organs in the human body. Most likely, the ultimate 
goal of MSCT is to cover the entire heart in one gantry rotation; 
as such the inter-slab discontinuity caused by the inconsistency 
in cardiac motion or contrast agent circulation can be avoided. 
The longitudinal range of the heart for the vast majority of the 

population is about 160 mm. Hence, the number of detector rows 
is 320 or 256, if the detector row width is 0.5 mm or 0.625 mm, 
as we have already seen in the market. All other organs with their 
longitudinal range larger than that of the heart would be scanned 
using the spiral/helical modes of MSCT, as we are conducting as 
routine in the clinic.

Second, we’d like to discuss the accuracy of image reconstruc-
tion solutions in MSCT, especially its prognosis with an increas-
ing number of detector rows. Theoretically speaking, only the 
image reconstruction in an SSCT at axial scan is accurate. All 
other reconstruction solutions, starting from the spiral/helical 
scan in SSCT and the axial scan in MSCT with the number of 
detector rows more than one, are approximate only. This fact 
may be surprising, but is what has happened so far in the SSCT 
and MSCT and most likely will continue in the future. One may 

CBV

(a) (b) (c)
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(g)

(e) (f )

CBF MTT

FIGURE 32.29 Typical clinical application of MSCT imaging: (a) head CT angiography, (b)  temporal bone, (c) coronal artery stent, (d) lung cancer, 
(e) abdominal/pelvic, (f) renal angiography, and (g) CT perfusion for acute stroke. (Images in (g) courtesy of GE Healthcare URL: http://www.gehealthcare.
com/euen/ct/pdf/CTClarity2009_Spring.pdf. Accessed September 28, 2011.)

http://www.gehealthcare.com/euen/ct/pdf/CTClarity2009_Spring.pdf
http://www.gehealthcare.com/euen/ct/pdf/CTClarity2009_Spring.pdf
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have to be cautious about the reconstruction accuracy that can 
be achieved by upcoming state-of-the-art CT scanners with an 
increasing number of detector rows. A number of points that 
may be informative for the readers to scrutiny the reconstruction 
accuracy are in order below.

 1. In an axial scan, owing to the cone angle spanned by 
detector rows that are not located at the central plane 
determined by the source trajectory, even an MSCT 
with only two detector rows in principle does not sat-
isfy the so-called data sufficiency condition (DSC) 
(Forthmann et  al. 2009). The greater the number of 
detector rows, the more severe the cone beam artifact, 
as demonstrated in Figure 32.31, wherein a phantom 
consisting of seven identical discs stacked parallel to 
each other along the craniocaudal direction is used to 
highlight the cone beam artifacts. The root cause of 
cone beam artifact is of course the violation of DSC, 
which may manifest itself as (a) streak-like shading or 
glaring adjacent to high contrast structures, (b) drop-
ping of CT number (or Hounsfield Unit) at the pix-
els that are not located within the central plane, and 
(c) geometric distortion. Artifacts (a) and (b) may be 
correctable with empirical approaches (Tuy 1983), but 

artifact (c)—the geometric distortion—may result in a 
distorted shape of organs and is much more difficult, 
if not impossible, to correct. It may be argued that no 
anatomic structure like the discs shown in Figure 32.31 
exists in the human body. However, the cone angle and 
the artifacts caused by it are indeed an open problem to 
be overcome in MSCT technology, even though it may 
not be a serious issue to the trained eyes of a radiologist.

 2. The spiral/helical scan of MSCT actually meets the 
DSC (Tuy 1983), as long as the effective spiral/helical 
pitch is within a reasonable range. For instance, the 
allowable spiral/helical pitch in MSCT scan is depen-
dent on gantry geometry and detector deployment, and 
a reasonable spiral/helical pitch up to 1.5:1 is routinely 
utilized in the clinic (Heuscher et al. 2004; Stierstorfer 
et al. 2004; Taguchi et al. 2004; Tang et al. 2006, 2008b; 
Tang and Hsieh 2007) However, no theoretically accu-
rate image reconstruction has so far been used in this 
scan mode in MSCT, even though Katsevich (2002a,b) 
published his breakthrough accurate reconstruction 
algorithm for a spiral/helical scan in 2001, just prior 
to the launching of 16-detector row CT in the market 
by all major CT vendors. The most distinct feature of 
Katsevich’s algorithm and its derivatives (Zou and Pan 
2004a,b) is the conducting of filtering along the white 
curves shown in Figure 32.32. Another important fea-
ture is the handling of data redundancy with the Tam-
Danielsson (Tam 1995; Danielsson et al. 1997) window 
that is also shown in Figure 32.32 by the curves indi-
cated by solid arrows. The DSC is satisfied, as long 
as the boundary of the Tam-Danielsson is within the 
dimension of an MSCT detector, which is equivalent to 
a spiral/helical pitch smaller than 1:1. It has been exper-
imentally evaluated and verified that, at a cone angle up 
to 4.5°, which roughly corresponds to that spanned in a 
64-detector row CT, there is no dominant advantage in 
reconstruction accuracy by Katsevich’s algorithm over 
the approximate solutions that employ various weigh-
ing schemes to suppress the artifacts caused by data 
truncation and inadequate  handling of the data redun-
dancy (Tang et al. 2005, 2008a).

 3. Although the number of detector rows in MSCT con-
tinues to increase, the number of detector rows used 
for spiral/helical scanning in the clinic may not exceed 
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FIGURE 32.31 The Defrise phantom (a) and the MSCT images in coronal view reconstructed from the projection acquired along a circular source trajec-
tory (b), whereby the relationship between artifact severity and cone angle is illustrated.
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FIGURE 32.30 Diagram showing the longitudinal range of the major 
organs in human body. (Drawing courtesy of Shutterstock. http://www.
shutterstock.com/pic-103183097/stock-photo-human-body.html. Accessed 
October 6, 2016.)
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64 or 128. This means that the increase in the num-
ber of detector rows is mainly to benefit axial scan 
for the coverage of a large organ in one gantry rota-
tion. One  primary reason behind this is that, at given 
 spiral/helical pitch, detector row width and gantry 
rotation speed, for example 1:1, 0.625 mm and 0.5 s/r, 
respectively, an X-ray beam aperture larger than 
128 × 0.625 mm = 80 mm results in patient table 
motion at a speed of 160 mm/s, which may cause 
 unacceptable discomfort to the patient due to the accel-
eration at the start and deceleration at the end of the 
scan. Moreover, a patient table proceeding at such a 
high speed may substantially run ahead of contrast 
agent, making the bolus chasing routinely conducted in 
the clinic no longer feasible, or leading to unexpected 
involuntary visceral motion.

The image space based non-linear shift-variant noise  reduction 
methods (Fan et  al. 2010; Siemens 2011a,b; Yang et  al. 2011) 
play an important role in the clinic. However, in  comparison 
to the statistical iterative or optimization-based image recon-
struction  solutions, the efficacy of these image space based 
solutions in noise reduction or dose saving is limited. As for 
the statistical iterative image reconstruction solutions, encour-
aging data have been demonstrated for certain clinical appli-
cations (GE Healthcare 2011; Siemens 2011a,b). The statistical 
iterative reconstruction solution needs more intensive computa-
tion and, thus, a much more powerful computation engine than 
that for FBP image reconstruction solutions. The image quality 
of MSCT provided by the existing FBP image reconstruction 
solutions has already been superior. To make the image qual-
ity even better, aggressive regularization schemes have to be 
exercised in the statistical iterative image reconstruction solu-
tions. In principle, the statistical iterative image reconstruction 
is an optimization-based solution, in which an accurate model-
ing of the imaging chain of MSCT at high fidelity is critical to 
its success. However, in practice, it would be very hard, if not 
impossible, to accurately model each component or sub-system 

of an imaging system. Moreover, a patient is actually a central 
component in the modeling of an imaging system when the 
optimization-based statistical iterative reconstruction is used. 
Recognizing the variety of anatomic structures over patients, 
tremendous effort having been devoted to enabling the statisti-
cal iterative image reconstruction routinely and reliably running 
in the clinic.

The energy resolution implemented by a dual-source-dual-
detector or dual kVP scan is a major addition to MSCT’s 
 capability for clinical applications. However, the potential of 
energy resolution is limited by the technologies that are cur-
rently  available in MSCT. If more advanced technologies, such 
as the photon-counting detector with high counting rate, energy 
resolution and spatial resolution (Taguchi et al. 2010; Wang et al. 
2011), are available, the energy resolution of MSCT may lead 
to advancement for advanced clinical applications. For example, 
if its potential were fully realized, the capability of material 
differentiation at high spatial resolution may enable MSCT to 
 substantially improve its contrast sensitivity, which is of para-
mount importance in early tumor detection.

A frequently asked question in MSCT imaging is: would the 
MSCT for general diagnostic imaging merge in the future with 
the flat-panel imager based CBCT aimed at special applications? 
Two prerequisites are imperative to fulfill if such a merge can 
eventually occur: (i) the absorption and conversion efficiency 
of the sodium iodine (NaI) or other scintillator based flat-panel 
X-ray imager needs to be substantially improved to reach that of 
the X-ray detectors used in MSCT; (ii) the data acquisition speed 
and transferring bandwidth of either TFT (Thin Film Transistor) 
or CMOS (complementary metal-oxide-semiconductor) flat-
panel imager need to be improved substantially. It should be 
noted that, as an imaging device for X-ray radiography, fluoros-
copy, and interventional procedures, the detection efficiency and 
data transferring bandwidth of a flat-panel imager is sufficient 
to replace the screen/film radiography or the image intensifier 
and TV based fluoroscopy. Nevertheless, many more projec-
tion views are needed in CT, demanding a high X-ray quantum 
detection efficiency to reduce radiation dose. Prior to fulfilling 
the two prerequisites, the flat-panel imager based CBCT would 
remain as an imaging modality for dedicated applications, such 
as image-guided radiation therapy, image-guided surgery, and 
dental applications.

Finally, we’d like to sketch a landscape of the technological 
advancement that is occurring in MSCT (Figure 32.33). The race 
in slice number in the past two decades has driven the major 
MSCT vendors to win not only in slice number, but also the 
imaging performance in contrast, spatial, temporal, and the very 
recently added energy resolution. Both hardware and software 
are the technological enablers, but the hardware-based methods, 
such as the dual-source-dual-detector MSCT system and/or faster 
MSCT gantry rotation speed for improving the temporal resolu-
tion of cardiovascular imaging, are the cornerstone. In addition, 
one should pay close attention to the technological advance-
ment in biomarker-targeted contrast agent (Hainfeld et al. 2006; 
Hyafil et al. 2007; Desai and Schoenhagen 2009; Chithrani et al. 
2010a,b; Hallouard et al. 2010; Lee et al. 2010). At present, almost 
all contrast agents used in the MSCT imaging are iodine-based 
organic compounds, based on the mechanism of blood compart-
ment retention (Idee et al. 2002). The macromolecule of iodine 
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FIGURE 32.32 The schematic diagram showing the curves along which 
the filtering required by Katsevich type algorithms is carried out (white 
curves), the Tam-Danielson window (curves indicated by solid arrows), and 
the boundaries of data detection area (curves indicated by dotted arrows).
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contrast agent is relatively small and, thus, the contrast agents 
are removed from circulation very quickly (in seconds) via renal 
excretion. Recently, nano-particulated contrast agent (Orza et al. 
2016) has been the subject of research to enable the retention of 
contrast agents in the human body for a substantially prolonged 
period of time by escaping the renal excretion and reticuloen-
dothelial clearance. Moreover, via biomarker-targeted  delivery, 
the subject contrast of pathological lesions, such as tumor and 
 vulnerable plaques in atherosclerosis, can be substantially 
increased. All these technological advancements encourage us 
to anticipate that the MSCT will play a more significant role in 
routine clinical practice in the future, and even a significant role 
in molecular imaging (Weissleder and Mahmood 2001; Czernin 
et al. 2006), wherein the subject contrast is of essence.
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33
Analytical Reconstruction Methods in X-ray Computed Tomography

Daniele Panetta

The previous chapter dealt with the physical and technological 
principles of computed tomography (CT). We will now focus on 
those steps in the CT imaging chain that start from a complete set 
of projection data in digital form (input) and end with the genera-
tion of a digital tomographic image (output). Such steps of the 
imaging chain are globally referred to as “image reconstruction,” 
or “tomographic reconstruction.” What precedes this process 
(e.g., the X-ray generation, interaction with matter, and detection 
scanner technology) as well as what follows it (e.g., conversion of 
images to standard image formats, post- processing, transferring 
to a database, printing, and referring) are outside the scope of 
this chapter. Even though the next sections are, in some cases, 
presented in the context of medical imaging, the results obtained 
are fully applicable to non-medical CT scanners whose working 
principle is very similar to their clinical or preclinical counter-
parts (see, e.g., Section III, Chapters 45 and 46, for industrial CT).

The mathematical prerequisites for reading this chapter are the 
Fourier analysis and a basic knowledge of the theory of linear 
systems (see also Section I, Chapters 14 and 15, for a general 
introduction to image quality in X-ray imaging).

33.1 Objects and Images

In the context of CT imaging, we define the object function f as 
follows

 
f t E t E( ) ( ), , , ,x x= µ

 (33.1)

that is, the function representing the spatial distribution 
of   linear attenuation coefficients of the object under study 
at each spatial position x = (x, y, z) of the laboratory and at 
each time t. The dependency of f on the time implies that the 
attenuation properties of the object at any given point x can 
change over time: in a medical context, for instance, this can 
happen when contrast agents (whose kinetics of distribution 
depend on several variables that are outside the scope of this 
chapter) are injected or, simply, when the entire patient or 
just single organs move and then change their position with 
respect to the reference coordinate system. In most formu-
lae, the dependency on t will be implicit, and we will assume 
that the patient’s body  is  still in the time interval spent by 
the scanner  for  acquiring a complete dataset; moreover, we 
will assume that any exogenous contrast agent has already 
reached a stationary distribution in the body at the time of CT 
acquisition.

The reader must bear in mind that the object function f rep-
resents the “ground truth,” that is, the actual spatio-temporal 
distribution of X-ray attenuation properties of the patient, 
which is independent from any physical measurement pro-
cess. The data acquisition process in a CT scanner can be 
modeled as
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m fijk ijk= +P noise

 (33.2)

where m is the measured attenuation of the X-ray beam on the 
detector pixel with index i, j at the k-st projection angle, and P is 
a projection operator acting on f. The above notation emphasizes 
the fact that the projection operator gives rise to a discrete set of 
measurements. For our purposes, let us remember three impor-
tant facts about the real acquisition process in CT:

• The number of available samples mijk is always finite.

• Noise is always present in the samples mijk.

• The projection operator P is not linear (this is either 
due to X-ray beam polychromaticity—see Chapter 2—
and/or to moderate non-linear behavior of some digital 
X-ray detectors—Chapter 24).

No matter how many independent measurements we perform 
in practice, the inverse problem of reconstructing f from the set 
of measurements m can never be solved exactly because a mul-
titude of objects f * are all compatible with the available data. 
This kind of inverse problem is referred to as ill-posed, as the 
existence of a solution is not guaranteed or, even if a solution 
exists, it may be not unique. For an in depth overview of inverse 
problems in imaging the reader should refer to other textbooks: 
see, for instance, Bertero and Boccacci (1998) or Barrett and 
Myers (2013). The best that we can do in tomography is to find 
an estimate of f that we will denote throughout this chapter by the 
symbol �f . Such an estimate is referred to as image in the context 
of tomographic imaging (unlike projection imaging where the 
“image” is the projection itself).

The basic idea underlying analytical reconstruction methods 
is that the real, discrete, and nonlinear operator Pijk in Equation 
33.2 can be approximated by linear and continuous operators or 
integral transforms of f. These operators mimic the real acqui-
sition process in an idealized fashion, and analytical inversion 
 formulae can be found for them. Eventually, practical reconstruc-
tion is performed by adapting the inversion formulae in order to 
work with discrete data. All the discrepancies between real and 
ideal data are neglected, which is the main source of artifacts 
in the reconstructed images. By an abuse of notation, we could 

relate the image �f  to the object in the following way

 
� �f f

n

= + +* * PSF noise artifacts  
(33.3)

where * *�
n

 denotes n-dimensional convolution, with n being the 
dimensionality of the object function’s domain (i.e., n = 2 or 3 
in this chapter) and PSF stands for point spread function. In the 
above formula, the PSF is not only related to the blurring that is 
always present because of the physical limitations of the acquisi-
tion system, but it is also dependent on the specific implementa-
tion of the reconstruction formula used. It follows from Equation 
33.3 that, in absence of noise and artifacts, one could obtain f 
from its image just by a deconvolution. Unfortunately, the pres-

ence of noise and the discrete nature of �f  in practical cases pre-
vent us from performing straightforward deconvolution without 
applying some kind of regularization (see, for instance, Barrett 
and Myers 2013).

In this chapter, we will take into consideration both exact 
and approximated algorithms. Rigorously speaking, exact algo-
rithms are such that �f f− < ε for any arbitrary ε > 0 if we 
use ideal data, that is, if we exclude noise, patient-related and 
physical-related image artifacts, and if we can arbitrarily refine 
the sampling step in the radial, axial, and angular directions. All 
algorithms not satisfying the above condition are referred to as 
approximated algorithms. Numerical simulations allow testing 
image reconstruction formulae in ideal conditions by forcing the 
noise and detector blurring to zero and by increasing the sam-
pling step arbitrarily.

33.2 Definitions and Theorems

33.2.1 Line Integrals and 2D Radon Transform

Let us first consider the case of a 2D object function f(x, y); that 
is, a single 2D slice of the patient in a given plane z = cost per-
pendicular to the axis of rotation AOR: = z. In the real world, 
such a 2D slice always has a finite thickness depending on the 
beam collimation width and on the detector pitch in the axial 
direction, as well as on the detector binning scheme used during 
the acquisition process. In the context of this chapter, we will 
neglect the physical thickness of the object function and we will 
just consider it as a continuous and integrable function with com-
pact support on a plane perpendicular to the z axis. In that plane, 
we consider a Cartesian coordinate system Oxy and a second sys-
tem Ox′y′ with the same origin and rotated by an angle φ with 
respect to the first one

 

′
′
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x
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(33.4)

where R is the rotation matrix

 
R =

cos sin

sin cos

φ φ
φ φ−











 
(33.5)

We will refer to Oxy as the laboratory coordinate system, and 
Ox′y′ as the gantry coordinate system (see Figure 33.1). A straight 
line l forming an angle φ with the y axis and placed at a distance 
x′ from the origin can be described by the equation

 x y xcos sinφ φ+ − ′ = 0  (33.6)

Hence, each line in the object plane can be univocally repre-
sented by the pair of parameters x′, φ, that can be regarded as 
signed polar coordinates because x′ ∈ ]−∞, ∞[ and φ ∈ [0, π[.

We define the line integral of the function f over l as follows

 

p x , x ,y( ) ( )′ = ′ ′ ′

−∞

∞

∫φ f yd

 

(33.7)

In Equation 33.7, f(x′, y′) is the object function in the gantry 
coordinate system Ox′y′. In what follows, it may be convenient 
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to rewrite the line integral in the non-rotated (laboratory) coordi-
nates system, obtaining

 

p f x y( ) ( , ) ( )′ = ′

−∞

∞

−∞

∞

∫∫x , x y x y xφ δ φ φ −1  cos  sin d d + 

 

(33.8)

We have then mapped the object function f to the set of its line 
integrals p, which is called the Radon transform (RT) of f. We 
will denote the RT in R2  by the symbol R2, that is, p = R2f. 
Interestingly, the 2D Radon transform of the object function f is 

strictly related to the set of physical measurements performed in 
a first generation CT scanner, that is, scanners working in par-
allel-beam acquisition geometry. It does make sense to start our 
discussion with the parallel-beam case because of its simplic-
ity, and also for historical reasons: in fact, the EMI Mark I head 
scanner (Hounsfield 1973) employed that geometry. For each 
gantry angle φ and radial position x′, the X-ray intensity recorded 
by the detector is (by assuming a monoenergetic radiation)

 I e y

y

( )
,

max

max

′ = ∫− ′ ′ ′
− ′

′

x , I
x y y

φ
µ

0

( ) d

 
(33.9)

Dividing the above equation by the unattenuated intensity I0 
and taking its natural cologarithm we get

 

−
′

= ′ ′ ′ = ′

− ′

′

∫ln
( , )
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(33.10)

which means that the set of all the X-ray projections of an object 
along all possible lines intersecting it is equivalent to the RT of 
that object. Rigorously speaking, as already explained in Section 
33.1, there are evident differences between the real set of physi-
cal measurements and the 2D RT because (i) X-ray radiation pro-
duced by most sources (e.g., X-ray tubes) is polychromatic and 
(ii) the line integrals are only available on a finite set of ′xi , φj 
positions, where i = 1, … , N and j = 1, … , M.

The graphical representation of p(x′, φ) in the 2D Radon domain 
Ox′φ is called a sinogram. The choice of such a name relies on the 
fact that the Radon transform maps points of the space domain to 
sinusoids of the Radon domain. For example, let us find the ana-
lytical expression of the RT of the function f = δ2(x−1, y), that is, 
a point-like 2D object placed at a point P: = (xP, yP) = (1, 0). By 
invoking the properties of the delta function and using Equation 
33.8 above, we can show that, for this case, we have p(x′, φ) = δ1(cos 
φ − x′); the corresponding sinogram is shown in Figure 33.2.

0

x

y

O

(xP, yP)

x′

p(x′, 0)

u Scanning

p(x′, π/2)

π/2

x′1–1
0

0 1–1

0

1

–1

Object space Radon space

Sinogram

φ

π

FIGURE 33.2 A simple point-like object function f(x, y) = δ2(x − 1, y) (left) and its sinogram p(x′, … ϕ) = δ1(cos ϕ − x′) (right).
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FIGURE 33.1 Definition of line integral of an object function f(x, y) in two 
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The RT is a linear operator (see, for instance, Deans 2007). 
Due to its linearity, the sinogram of an arbitrary function can 
be seen as the linear superposition of all the sinusoids cor-
responding to the (infinite number of) points of the function f. 
This observation should help the reader to better understand 
Equation 33.8 as it gives a graphical interpretation of the integral 
on the right-hand side. Furthermore, linearity also implies that 
if f = f1 + f2, then R2 f = R2( f1 + f2) = R2 f1 + R2 f2 (of course 
this example can be extended to an arbitrary number of factors). 
For instance, Figure 33.3 shows a simple compound object made 
up of two circles with different densities, along with its sinogram. 
In the context of 2D image reconstruction, the sinogram will be 
regarded as the input of any reconstruction algorithm.

33.2.2 Central Section Theorem

Let us consider the two frequency spaces Ouυ and Ou′v′, associ-
ated with the laboratory and gantry coordinate systems, respec-
tively. The rotation matrix R in Equation 33.5 allows one to 
transform the laboratory coordinates into the gantry coordinates
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Let us now consider an arbitrary projection p acquired at 
angle φ. We denote by P = ℱ1p the 1D Fourier transform (FT) of 
p with respect to the radial coordinate x′
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where ν is the frequency variable associated with the spatial 
coordinate x′. In this context, it is useful to express the polar 
coordinates of the frequency domain in a signed form, that is, 
ν ∈ ]−∞, ∞[ and φ ∈ [0, π[.

We can now look for some relationship between the above 1D 
FT of the projection and the 2D FT of the object function. To this 
purpose we rewrite the function F = ℱ2f in the gantry coordinate 
system as
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By comparing Equations 33.13 and 33.12 and arguing that in 
signed polar coordinates u′ = ν, it is easy to show that

 F u P( , ) ( , )′ =0 ν φ  (33.14)

or equivalently, by using the laboratory coordinates,

 F u v Pu( , ) ( , ).cos sinυ φ φ ν φ− = =0  (33.15)
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FIGURE 33.3 A simple object made up of two circles with different densities and centers (top row). Because of the linearity of the Radon transform, the 
sinogram of this object (bottom row) can be seen as the linear superposition of the sinograms of the two circles.
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The restriction of the function F to the line of equation −u sin φ + 
v cos φ = 0 (or, simply, υ′ = 0) is referred to as the central section 
of F, taken at angle φ. Equations 33.14 and 33.15 are two equivalent 
statements of the central section theorem (CST). In the literature, 
this theorem is also referred to as the Fourier slice theorem.

The theorem just stated is a cornerstone of analytical image 
reconstruction as it provides a direct link between the object and 
its projections in the frequency domain. Reconstruction algorithms 
based on the CST fall in the category of the so-called Fourier-
based methods. As a practical interpretation of CST, we could say 
that, due to Equation 33.15, each projection of f at an angle φ gives 
us access to a “sample” (i.e., a central section) of the 2D FT of f. 
Intuitively, by taking as many independent projections as possible, 
we can progressively refine our knowledge of F and eventually 
reconstruct f by taking the inverse 2D FT of such an approximated 
(due to the finite sampling) estimate of F. We will see in the fol-
lowing section that the approach just mentioned leads to one pos-
sible solution to the problem of image reconstruction, called Direct 
Fourier Reconstruction (DFR). Figures 33.4 and 33.5 show the link 
between p and f, in both the space and frequency domains.

33.2.3 X-ray Transform and 3D Radon Transform

When dealing with three-dimensional (3D) objects f = f(x), it is 
necessary to extend the definition of the Radon transform given 
above appropriately. In the laboratory coordinate system, let us 
define the plane integral of f as follows
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∫∫∫ 1

rr x y z)d d d  
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where r, θ, ϕ are the 3D spherical coordinates (see Figure 33.6). 
In a more compact form, Equation 33.16 can be rewritten by 
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FIGURE 33.4 Central section theorem (also known as Fourier slice theorem). The 1D Fourier transform (FT) of a row of the parallel-beam sinogram of f 
taken at angle φ is equal to a central section of the 2D FT of F taken at the same angle.
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vocally defined by a unit vector α and its distance from the origin r.
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using the two vectors x = (x, y, z) and α = (cos ϕ sin θ, sin ϕ 
sin θ, cos θ),
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3

3

x xd


  
(33.17)

which is a convenient definition for the 3D Radon transform R3 f, 
defined at any point (r, θ, ϕ) of the 3D Radon space. Despite the 
apparent complexity of the definition above, its geometrical inter-
pretation is very simple: p(r, α) is the plane integral of the function 
f over the plane x ⋅ α − r = 0, that is, the plane perpendicular to 
the unit vector α and placed at a distance r from the origin of the 
laboratory coordinate system. In other words, the 3D RT maps a 
3D object function into the set of its plane integrals. It is easy to see 
that the definition in Equation 33.17 reduces to the one in Equation 
33.8 when moving from R3  to R2 . As plane integrals haven’t an 
immediate link to the available data acquired with CT scanners, 
another integral transform is often used to describe projection data 
of 3D objects, referred to as the X-ray transform g = X3 f
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The 3D X-ray transform maps 3D object functions in their sets 
of line integrals. We used a different letter (g in place of p) to 
distinguish between plane integrals and line integrals.

To better understand the previous definition, let us remember 
that the parametric equation of a line in R3  passing through the 
point x′ and parallel to the vector α is x = x′ + tα, with t ∈ 
. 
Again, this new transform also reduces to the 2D RT in R2 , that 
is, X2 = R2. The previous identity does not hold in the 3D space. 
The X-ray transform is particularly useful, especially when 
dealing with divergent projection data, for example, with data 
acquired with third generation scanners operating in fan-beam 
or cone beam geometry. For such geometry, one can set the ref-
erence point x′ in Equation 33.18 to the position of the X-ray 
focal  spot xfoc at each gantry position; in this case, the func-
tion g(xfoc, α) represents the set of line integrals acquired at a 
given gantry angle, with α defined in a compact angular interval 
depending on the physical extension of the X-ray detector and 
on the scanner geometry. In the next section, we will employ 
the X-ray transform to describe the projection data of CT scan-
ners operating in fan-beam and cone beam geometry. To ease the 
notation, in that context we will use a slightly different param-
etrization of the function g in order to emphasize its dependence 
on the radial, axial, and angular variables that are more relevant 
for the geometry under consideration. Anyway, we will also keep 
the same letter g in the new parametrization in order to stress the 
fact that its values maintain the same physical meaning of the 
Xn f function, that is, a set of line integrals of f.

33.3  2D Reconstruction in Parallel-
Beam Geometry

This section deals with inversion formulas for the Radon trans-
form in the simplest case of 2D parallel-beam geometry. We 

will see that, in 2D, exact solutions to the inversion problem are 
available. Even though modern CT scanners work in fan-beam 
or cone beam scanning geometries, the derivation of inversion 
formulae in parallel-beam geometry is very useful since

 1. Rebinning techniques can be used to transform fan-
beam data to parallel-beam data.

 2. Parallel-beam reconstruction algorithms can be 
directly used in several positron emission tomography 
(PET) or single photon emission computed tomogra-
phy (SPECT) scanners (for SPECT, this is true only if 
parallel-hole collimators are used).

In the previous section, the object function has been regarded 
as the “input” of several operators, or integral transforms, giving 
some kind of projection data as “output” (line integrals in the 
case of Xn and R2, or plane integrals for R3). In this section, we 
will deal with the more complex problem of switching the output 
with the input, that is, we will now focus on the inverse problem 
of estimating f by starting from all the available projection data. 
This is what is being done everyday with CT scanners.

Even though analytical reconstruction methods don’t allow 
accurate physical modeAnbling (as done in iterative methods), 
they still remain indispensable tools in CT imaging as they are 
generally easy to implement and less computationally intense 
than iterative methods. As mentioned above, the peculiarity of 
analytical reconstruction methods is that Radon or X-ray trans-
form inversion is first obtained assuming that all the relevant 
functions (object and projections) are continuous functions 

defined in a compact support in Rn, and by neglecting the dis-
crepancy between real data and ideal data. Practical algorithms 
are then obtained by discretization of the continuous-space 
analytical inversion formulae. In most cases, data preprocess-
ing steps are introduced in order to compensate for either image 
noise or data nonlinearity.

33.3.1 Direct Fourier Reconstruction (DFR)

Let us suppose to know exactly the continuous 2D FT of the 
object, F = ℱ2 f. In this case, we could reconstruct f by just tak-
ing the inverse 2D FT of F, that is, f F= −F2

1 . Indeed, we have 
already shown that the CST Equation 33.14 provides a direct link 
between the projections of f and F in signed polar coordinates, as 

P v F u F v( , ) ( , ) ( , )φ φ= ′ =CST 0 . The previous identity can be intui-
tively exploited to formulate a reconstruction algorithm, called 
Direct Fourier Reconstruction (DFR):

Algorithm 33.1: DFR

 1. Take the 1D FT of p, P = ℱ1p, for all the available 
 projection angles φ;

 2. Exploit the CST by taking samples of the function F 
in the frequency domain from the results of point one, 
thus obtaining an approximated version �F  of the 2D 
FT of f;

 3. Reconstruct the image by taking the inverse 2D FT of 
�F, that is, � �f FDFR = −F2

1 .
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This reconstruction method is attractive for its conceptual sim-
plicity and also because it can take advantage of the very efficient 
techniques available for the computation of the discrete FT, or 
DFT (and of its inverse), known as fast Fourier transform or FFT. 
From a practical point of view, the data in a real CT acquisition 
are only available as an array of discrete samples, with sampling 
step Δx′ in the spatial domain and Δν = 1/Δx′ in the frequency 
domain. That is, the available samples of F are arranged in a 
polar grid as shown in Figure 33.7.

Taking the (discrete) inverse 2D FT would require F to be 
sampled on a rectangular grid, which implies an interpola-
tion procedure, also referred to as “gridding” in this context. 
Unfortunately, interpolation in the frequency domain is gener-
ally a hard task as it leads to image artifacts when the inverse FT 
is performed to convert data back to the spatial domain. Hence, 
more advanced polar-to-Cartesian interpolation strategies than 
simple linear or bi-linear interpolation are employed.

33.3.2 Filtered Back Projection (FBP)

A different reconstruction formula arises if we rewrite the inverse 
2D FT of F as follows
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where dudv = |ν|dνdφ, and |ν| is the Jacobian of the Cartesian 
to signed cylindrical coordinate transformation. Readers with a 
basic background in the theory of signal processing should fig-
ure out immediately that the inner integral in Equation 33.19 is 
equivalent to a 1D filtering of the sinogram p(x′, φ) along the 

radial variable x′, with a filter with frequency response equal to 
|ν|. By applying the convolution theorem, this equation can be 
rewritten as

f x y x p x h x y x( , ) ( , ) ( cos sin )= ′ ′ + − ′∫ ∫
−∞

∞

d dφ φ φ φ
π

0  

(33.20)

Basically, we have exploited the fact that the inverse 1D FT 
of the product P(ν, ϕ)|ν| is equal (for the convolution theorem) 
to the result of the 1D convolution p(x′, ϕ) * h(x′), where h is a 
generalized function expressing the so-called “ramp filter" due 
to its shape in the frequency domain
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In the jargon of signal processing, the function h is called the 
kernel of the ramp filter (or, equivalently, its impulse response). 
In a more compact form, we can rewrite Equation 33.20 as
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where we have defined the auxiliary function q p h= * =
F1

1− ( | |)P v . Here, and in what follows, we will refer to the func-
tion q as the filtered sinogram.

The inversion formula just written leads to the most used 
reconstruction algorithm in CT, which is called filtered back 
projection (FBP). This name is better suited when the inner inte-
gral is performed in the frequency space (see Equation 33.19); 
if, instead, the inner integral is written in the form of a convolu-
tion in the space domain, as in Equations 33.20 and 33.22, then 
the same algorithm is conventionally called convolution back 
projection (CBP). From a practical point of view, filtering of 1D 
 signals in the frequency domain is more efficient than that in the 
space domain, because computer implementations of this task 
can take advantage of very efficient strategies for the calcula-
tion of forward and backward FFT (both using general purpose 
central processing units or CPUs, hardware-based tools such as 
Field Programmable Gate Arrays or FPGAs or, more recently, 
also graphic processing units or GPUs). Practical issues of imple-
mentation of the FBP/CBP methods will be discussed later in 
this chapter. From now on, we will only use the FBP acronym to 
denote both methods, assuming that it will appear clear from the 
context which method is discussed.

As the name suggest, the FBP algorithm is made up of two 
basic “blocks”: a 1D filtering (the inner integral of Equations 
33.19 through 33.22) and a 2D back projection (the outer inte-
gral in the same equations). It must be noted that the inte-
gral definition of the ramp filter kernel h in Equation 33.21 is 
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φk

FIGURE 33.7 As a consequence of the central section theorem, the avail-
able samples of F are arranged in a radial grind in the frequency space.
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meaningful only in the sense of distributions, as the function 
|ν| is not L′ integrable and thus it does not admit an inverse FT. 
Nevertheless, an explicit expression for the ramp filter impulse 
response h can be found in practice by assuming that the object 
function f is band-limited, that is, F(ν, φ) = 0 for |ν| > νmax. 
If f is band-limited, it follows from the CST that P (ν, φ) = 0 
for |ν| > νmax (in other words, p is also band-limited) and 
hence the inner integral in Equation 33.22 can be restricted 
to the compact interval [−νmax; νmax] without loss of general-
ity. A natural choice for the limiting frequency can be made 
by remembering that, in practice, all sinograms are sampled 
with step Δx′ and hence we can set νmax = νNyquist = 1/(2Δx′). 
Due to the low-pass behavior of all real X-ray detectors, the 
spectrum  amplitude of p for spatial frequencies greater than 
νmax  should be negligible in most cases. In practical applica-
tions, a further modification of the ramp filter is done by mean 
of apodization windows, that we will generically denote as 
A(ν) in this context
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where Π is the boxcar (or rect) function. Kak and Slaney reported 
an analytical expression of �h in the simplest case of a flat apo-
dization window (i.e., A(ν) = 1) with cutoff frequency equal to 
1/Δx′ (this is also known as a Ramachandran–Lakshminarayan 
filter or, for short, Ram–Lak filter) (Figure 33.8)

 

�hRam Lak c c− ′ = ′
′
′









 −

′
′




( )

( )
sin sinx

x
x
x

x
x

1
2

2
22

2

Δ Δ Δ















 ,

 
(33.24)

with sinc(x) = sin(πx)/(πx) is the cardinal sine function and Δx′ is 
the sampling step, linked to the limiting frequency by the relation
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The notation just used emphasizes the conceptual differences 
between the real filter kernel �h  and the distribution h. In most CT 
workstations, the type of window A is one of the (indeed, very 
few) parameters of image reconstruction that the user is allowed to 
change when using FBP. Briefly, we will just say that such windows 
allow the user to modify the shape of the ramp filter by attenuating 
the high spatial frequency and then reducing the noise in the final 
image. We can now write an inversion formula for p, which is the 
basis for all practical implementations of the FBP algorithm
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FIGURE 33.8 Effect of the application of the ramp filter on the sinogram of the object shown in Figure 33.3. It is worth noting that the ramp filter intro-
duced negative values in the sinogram space, as visible in the linear plot on the right.
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with obvious meaning of the modified filtered sinogram 
� �q p h= * . In the above equation, we have assumed that f (and 
hence p) are both band-limited. It is worth noting that this must 
be meant as just a practical approximation, because band-lim-
itedness in the frequency domain does imply an infinite exten-
sion of the object in the space domain. On the other hand, as 
already explained above, the low-pass behaviour of most physi-
cal systems for X-ray detection partly justifies having neglected 
the information content at spatial frequencies |ν| > νNyquist. The 
final outcome of such an approximation is that aliasing artifacts 
always appear in images reconstructed by FBP; these artifacts 
become particularly evident when sharp edges and high-contrast 
details (rich in high spatial frequencies at the interfaces with the 
softer background materials) are present in the scanned object. 
Hip prosthesis or dental implants are typical examples of objects 
where we could not neglect the spectrum amplitude above the 
Nyquist frequency; for such objects, aliasing artifacts appear 
(along with photon starvation and beam hardening artifacts) in 
the FBP-reconstructed images unless specific correction strate-
gies are applied.

The integration with respect to the angular variable in all the 
equations above in this section is called “back projection,” (BP) 
representing the second step of the FBP algorithm, which fol-
lows the application of the ramp filter to each radial section of 
the sinogram. We will denote the back projection operator by the 
symbol ℛn

# , defined in two dimensions by means of the identity

 f q= ℛ2
# .  (33.27)

By comparing Equations 33.27 and 33.20, it appears clear that 
the back projection is not the inverse of the projection opera-
tor, or Radon transform. In fact, in Equation 33.27 we got the 
object function f by applying ℛ2

#  to q (i.e., the filtered sinogram) 
instead of p. We could then write

 f f h= ℛ ℛ2 2
# ( * ).  (33.28)

as an equivalent expression of Equation 33.20.
As a further, empirical demonstration that ℛ ℛ# ≠ −1 , let 

us consider a rectangular object, as shown in the left side of 
Figure 33.9, and let us try to reconstruct f supposing only two pro-
jections at zero and 90 degrees. Each projection produces a one-
dimensional profile p, corresponding to a row of the sinogram. 
Let’s now suppose we start from an empty image in the Oxy plane, 
by trying to “reverse” the forward projection process that produced 
those two profiles. Practically, this is similar to smearing back (i.e., 
back projecting) each profile on the image plane along the original 
direction of projection, as shown in the right side of Figure 33.9. 
Each back projected profile will give rise to an intermediate image. 
By superimposing all the intermediate images of the acquired pro-
files we get a BP-reconstructed version of the object function, �fBP . 
It is intuitive that the quality of the reconstruction increases as the 
number of back projected profiles is increased, even though we are 
not focusing on sampling considerations in this example.

One problem with this approach is that, if we skip the ramp-fil-
tering step, the back projected profiles will never superimpose in 
a destructive way because the projection p is positive definite (as it 
comes from the line integrals of a positive definite physical quan-
tity, µ). Hence, by BP alone, we cannot avoid the “tails” of the 
reconstructed image away from the object’s support. The ultimate 
reason why BP alone isn’t able to reconstruct the original object, 
apart from the insufficient number of views in this example, is 
more understandable by looking at the radial grid in the frequency 
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p = ∫mdL p = ∫mdL

Object Image

FIGURE 33.9 Example of back projection for a simple rectangular object. The linear super-position of the back projected view is constructive inside the 
support of the object, but is incoherent outside. As a consequence, non-zero values are reconstructed even outside the physical extension of the object.
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space shown in Figure 33.7. The sparsity of the samples of the 
object’s 2D FT at high spatial frequency with respect to those at 
lower spatial frequency has to be compensated in some way. High 
frequency samples of the spectrum must be weighted more than 
low frequency ones in order to compensate for such differences 
in sampling density. In other words, a filter must be applied to the 
data before back projection. Because the sample density decreases 
linearly with |ν|, the ramp filter appearing in Equation 33.19 is 
needed to counterbalance the undersampling at high frequencies.

 Let us now write a possible workflow for a practical imple-
mentation of the FBP algorithm.

This implies a discretization strategy that will be discussed later:

Algorithm 33.2: FBP

 1. Select the apodization window A(ν) and compute the 
discrete version of the modified filter kernel �h ;

 2. Apply the 1D ramp-filter to the sinogram: for each avail-
able projection angle φ, take the 1D DFTs P and �H  of 
the sinogram and of the modified filter, respectively, 
and multiply them in the frequency domain; after-
wards, compute the filtered sinogram �q  as the inverse 
1D DFT of the product P∙ �H, that is, � �q P H= ⋅−F1

1( );
 3. Reconstruct the image by back projecting each row of 

the filtered sinogram �q  on the image plane along its 
own direction of projection φ, that is, � �f qFBP = ℛ2

# .

33.3.3  Practical Considerations in 
FBP Reconstruction

Apart from a constant normalization factor, the discretized ver-
sion of the FBP inversion formula can be written as
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where the back projection integral has been replaced by a back 
projection summation. A practical problem with the imple-
mentation of this formula is that the available radial positions 

′ = ′x l xl lΔ , l = 0, …, Nl − 1, in the pixelized detectors almost 
never coincide with �q  in Equation 33.29. Hence, interpolation of 
the actual values of the radial argument is required to calculate 
the value of the filtered sinogram in the desired position. Figure 
33.10 shows the effect of two different types of interpolation in 
back projection for a simple dataset. In most practical cases, lin-
ear interpolation gives acceptable results. Nevertheless, nearest 
neighbor interpolation is more computationally efficient.

A common shape for the apodization window widely used in 
practical FBP reconstruction is due to Hamming and is depicted 
in Figure 33.11, in comparison with the product |ν|A(ν):

 

A v
v

v
if v v

if v
Hamming

| |

| |

( )
( )cos ,

,

max
max=

+ −






 <

≥

ξ ξ π
1

0 vvmax.
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The parameter ξ in the previous equation acts as a smoothing 
factor and can be varied in the interval ξ ∈ [0.5; 1] (ξ = 0.5 gives 
the maximum smoothing, while ξ = 1 reduces to the flat window).

The effect of angular sampling should also be taken into account 
in practical reconstruction. As a rule of thumb, the number of 
angular projections over a π interval should be of the same order of 
magnitude as the number of radial bins in the sinogram (see Kak 
and Slaney 1988). In Figure 33.12, the effect of angular unders-
ampling is evaluated for the same object of the previous examples 
reconstructed by FBP. The streaks visible for large sampling steps 
are aliasing artifacts coming from angular undersampling. This 
type of artifact is very well known in FBP reconstruction.

The most time consuming step in FBP reconstruction is the 
back projection. For a N × N image matrix with a number of 
projections M over 180 degrees of the same order of N, this 
operation implies that approximately N3 pixel projections onto 
the detector array must be performed. Some investigators have 
proposed fast back projection strategies with complexity of order 
O (N2 log N) (see, for instance, Turbell 2001). In some circum-
stances, the complexity of the back projection can be reduced by 
exploiting the symmetries of the imaging system. For instance, 
let us suppose to reconstruct an N × N image, with N even, and 
suppose that the number M of projections over 180 degrees is a 
multiple of four. In this case, the calculation of the detector posi-
tion ′ =x xl i cos φk + yj sin φk for a pixel at point xi, yj will give 
exactly the same result for the other three pixels located on the 
other three quadrants of the xy plane (see Figures 33.8 and 33.11).

33.3.4 Back Projection-Filtration (BPF)

We have shown in Equation 33.28 that the back projection opera-
tor R#, which is the dual operator of the Radon transform R#, is 
different from the inverse Radon transform R−1. When we omit 
the pedix in the RT symbol, it is understood that we are referring 
to the transform in two dimensions. We have seen in the previous 
section that we can still obtain an approximated (blurred) ver-
sion of f by performing a simple, unfiltered back projection of the 
sinogram, that is, �f p fBP = =ℛ ℛ ℛ# #( ) . The function �fBP  is 
called the laminogram of the object function f. We can state that 
the laminogram and the object function are linked by the opera-
tor ℛ ℛ# , having an impulse response h′ such that

 
�f f h fBP = = ′ℛ ℛ# * *  (33.31)

In order to find an analytical expression for the 2D filter h′, it 
is easier to study the problem in the frequency domain by writing 
�F H FBP = ⋅′ , where H′ = H′(u, υ) is the frequency response of 

the blurring filter. Hence, we rewrite Equation 33.31 as follows
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If we set
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(33.33)



679Analytical Reconstruction Methods in X-ray Computed Tomography

in Equation 33.32 then we get
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which demonstrates that the choice of the 2D blurring filter H′ 
defined in Equation 33.33 is coherent with the definition of the 
laminogram in Equation 33.31. In other words, we have found 
out that by backprojecting the unfiltered sinogram we get an 
image given by the convolution of f with a 2D blurring filter with 

frequency response 1 12 2/ u v v+ = /| | .
The identity in Equation 33.31 suggests another reconstruction 

method consisting of the 2D deblurring of the laminogram �fBP .
Deblurring in the frequency space is intuitively done by taking 
the reciprocal of the blurring filter H′, with frequency response 
ˆ /′ = = +′H 1 2 2H u v , and then writing

(a)
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FIGURE 33.10 Effect of the choice of interpolation in pixel-driven back projection. (a) For φk = 0, no interpolation is necessary. Nearest neighbor (b) or 
linear (c) interpolation are used in general.
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� � �f H hBPF BP BP= ′⋅ = ′−F2

1( ) .� �F * * f  
(33.35)

Basically, an implementation of the BPF algorithm consists 
of switching the filtering and back projection steps of the 
FBP algorithm, that is, by first back projecting the unfiltered 
 sinogram in the image space and then deblurring the interme-
diate image by applying the 2D filter ˆ ′H . Also in this case, 2D 
apodization windows A′(ν, ϕ) can be used in practice to control 
the image noise in the reconstructed image.

Algorithm 33.3: BPF

 1. Reconstruct the intermediate image �fBP  (i.e., the 
laminogram of f), by back projecting each row of the 

unfiltered sinogram p on the image plane along its own 
direction of projection φ that is; �f pBP = ℛ2

# ;
 2. Select the 2D apodization window A′(ν, ϕ) and compute 

the discrete version of the deblurring filter ′ ′A Ĥ ;

 3. Multiply the 2D deblurring filter ′ ′A Ĥ  to the function 
� �F fBP BP= F2  in the frequency space;

 4. Reconstruct the image by taking the inverse 2D 
DFT of the result of the previous point, that is, 
� �f FA HBPF BP= ′′−F2

1( )� .

Figure 33.14 shows the conceptual difference between FBP and 
BPF reconstruction. Due to both historical reasons and computa-
tional efficiency considerations, the FBP approach to image recon-
struction is most widely employed in practice in real CT scanners.

Df = 18° Df = 4° Df = 2° Df = 1°

FIGURE 33.12 Aliasing artifacts in FBP reconstruction, for various levels of angular under-sampling.
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FIGURE 33.11 Hamming-type apodization window, plotted against the product |ν|A(ν) for positive values of ν (the function is even). By changing the 
smoothing parameter ξ, the shape of the filter is changed, thus allowing a better control of the high frequency content in the image and hence of the image 
noise.
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33.4  2D Reconstruction in Circular 
Fan-Beam Geometry

We will now extend the results obtained in the previous section 
in order to reconstruct CT slices from projections acquired with 
divergent beams. This is very useful in practice because almost 

all today’s CT scanners are based on acquisition of divergent pro-
jections. The 2D fan-beam geometry is shown in Figure 33.15.

The practical implementation of this geometry can rely on 
both flat or curved detectors: in this chapter, we will just consider 
the most common cases of centered flat detectors (especially use-
ful when flat X-ray detectors are used) and circular arc detectors 
(which is the standard for clinical CT scanners).

i3, j3 i2, j2

i1, j1
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j = 0x′
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f2 = π/2 + f1

f3 = π/2 + f1

f4 = π + f1

x′

i4, j4

FIGURE 33.13 Exploiting symmetries can reduce the computational burden of the back projection. In this example, the detector position required in back 
projection is calculated just once for four pixels at the given angular positions. This is possible only if the number of projections M is a multiple of four.
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FIGURE 33.14  Schematic workflow showing the conceptual differences between back projection-filtration (BPF) (top) and filtered back projection (FBP) 
(bottom) reconstruction. Due to both historical reasons and computational efficiency considerations, the FBP approach to image reconstruction is most 
widely employed in practice in real CT scanners.
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33.4.1 Rebinning

For a first or second generation scanner operating in parallel-
beam geometry, the acquired data were easily linked to the 2D 
RT of the object as all the line integrals were collected sequen-
tially on the radial (x′) and then on the angular (φ) direction.

In a third generation scanner, each projection at a given gan-
try angle contains data from several angles φ and hence the fan-
beam sinogram that is formed by stacking all the projections 
taken at all the gantry angles does not coincide with the Radon 
transform of f. On the other hand, it is intuitive that all the data 
needed to “build” the 2D RT of f are somehow included in the 
fan-beam data. Resampling, or rebinning, the fan-beam data into 
a parallel-beam dataset is one possible solution of the reconstruc-
tion problem in fan-beam geometry.

Let us now denote the gantry angle, that is, the angle between 
the central ray of the beam and the y-axis, by β, and let us denote 
the angle between each detected ray at a given gantry angle and 
the central ray by γ (see Figure 33.15). The linear position on a 
flat detector array is denoted by σ. For this type of detector, all 
the reconstruction formulae are obtained by placing the detector 
array in such a way that it passes from the axis of rotation, which 
is of course physically impracticable: this is why we will refer to 
it as a virtual detector. The parallel-beam data can be calculated 
starting from the fan-beam data g( f ) (in the case of a flat detector) 
and g(c) (in the case of a curved detector) observing that
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(33.36)

where the fan-beam coordinates can be calculated for each 
desired bin of the Radon space with the following formulae:
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The reconstruction then consists of filling up the parallel-
beam sinogram p by taking, for each position of the x′, φ space, 
the corresponding line integral in the fan-beam sinogram.

From a practical point of view, mapping the (σ, β) coordinates 
or the (γ, β) coordinates to the Radon coordinates requires some 
type of interpolation.

33.4.2  Full-Scan (2π) FBP Reconstruction 
in Native Fan-Beam Geometry

Another approach to the reconstruction of fan-beam data is to 
adapt the FBP formula to the specific geometry under consid-
eration. The derivation reported here is based on those of Kak 
and Slaney (1988) and Turbell (2001), based on the results of 
(Herman and Naparstek 1977). Let us first rewrite the FBP 
reconstruction formula by expressing the image point location 
in (unsigned) cylindrical coordinates, r, ϕ, where r ∈ [0, ∞[ and 
ϕ ∈ [0, 2π[
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and let’s replace the Radon coordinates x′, ϕ with the coordi-
nates of the fan-beam sinogram by using the inverse relations of 
Equation 33.37
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for the case of a flat detector and
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for the case of a curved detector. By changing the variables 
defined in Equation 33.39 for the flat detector and Equation 
33.40 for the curved detector into Equation 33.38 and by using 
the  following auxiliary functions
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FIGURE 33.15 Fan-beam geometry and meaning of the related sinogram 
coordinates.
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we obtain the following inversion formulae for the fan-beam data 
(see Kak and Slaney 1988 for the complete derivation):
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where h(c) is a weighted version of the ramp filter given by
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The above inversion formulae can be used for reconstruc-
tion of fan-beam data from flat (Equation 33.42) and curved 
detectors (Equation 33.43). As one can see, they are in the form 
of filtered back projection, with some difference with respect 
to the parallel-beam formula. First, the fan-beam data must 
be pre-weighted with a factor that only depends on the radial 
coordinate (D D1 1

2 2/ + σ  for the flat detector and D1 cos γ for 
the curved one). The filter kernel is the standard ramp filter, 
h, for the case of the flat detector. For the curved detector, the 
change of variables introduced a bit different, weighted form 
for the filter kernel, and we have denoted it by h(c) (see Equation 
33.44) to distinguish it from the standard one. Finally, the 
back projection is done projection-wise by taking into account 
a space-dependent weighting factor (U and L for the flat and 
curved detectors, respectively) as defined in Equation 33.41. 
The geometrical interpretation of these factors can be under-
stood by looking at Figure 33.16. For the purpose of keeping 
the next equations as compact as possible, we also define the 
four weighting factors
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where the w(⋅) factors are applied to the fan-beam data before fil-
tering and the WBP

( )⋅  factors are applied on back projection.
The reader should note that the integration limit in the back 

projection integral has been changed from π to 2π and a factor 
1/2 has been added to compensate for the effect of this change. 
The reconstruction formulae in Equations 33.42 through 33.43 
must be used, assuming that the fan-beam data were acquired 
on a rotation interval of the gantry starting from 0 to 2π (i.e., 
360 degrees). This acquisition modality is referred to as full 
scan acquisition. Similarly to the parallel-beam geometry, in 
this case the ramp filter is also commonly modified in practice 
by mean of apodization windows and then truncated in the fre-
quency space according to the sampling theory (see Equation 
33.23). Then, we can write the reconstruction formulae for the 

implementation of the FBP algorithm in fan-beam geometry as 
follows
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where �q( )⋅  are the filtered fan-beam sinograms (in a given detector 
configuration), �h  is the apodized ramp filter defined in Equation 
33.23, and �h c( ) is a modified version of the curved detector ramp 
filter (see Equation 33.44) modified to take apodization and trun-
cation into account, that is, � �h hc( )( ) ( /sin ) ( )γ γ γ γ= 2 . We have 
also used the notation g(⋅) for the weighted fan-beam sinogram.

We are now ready to give a recipe for the 2D image reconstruc-
tion of fan-beam data using FBP:

Algorithm 33.4: Fan Beam FBP, Full Scan

 1. Select the apodization window A(ν) and compute the 
discrete version of the modified filter kernel �h;

 2. If curved detector geometry is employed, multiply the 
modified filter kernel by the factor (γ/sin γ)2;

 3. Multiply the fan-beam sinogram g(⋅) by the radial 
weighting factor w(⋅), obtaining the weighted fan-beam 
sinogram g(⋅);
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FIGURE 33.16 Fan-beam geometry and meaning of the back projection 
weighting factors U and L, depending on the pixel position (r, ϕ) and on the 
gantry angle β.
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 4. Apply the 1D ramp filter to the weighted fan-beam sino-
gram: for each available projection angle β, take the 1D 
DFTs G gw w

( ) ( )⋅ ⋅= F1  and � �H h= F1  of the weighted fan-
beam sinogram and of the modified filter, respectively, 
and multiply them in the frequency domain; afterwards, 
compute the filtered sinogram �q( )⋅  as the inverse 1D 
DFT of the product G Hw

( )⋅ ⋅ , i.e., � �q G Hw
( ) ( )( )⋅ − ⋅= ⋅F1

1 ;
 5. Reconstruct the image by back projecting each row of 

the weighted filtered fan-beam sinogram �q WBP
( ) ( )/⋅ ⋅  on 

the image plane; the back projection is performed by 
following the original direction of each acquired line 
integral at each gantry angle;

 6. Multiply the entire reconstructed image by 1/2.

33.4.3  Data Redundancy and Short-
Scan Reconstruction

The last step in the previous algorithm for full-scan fan-beam 
FBP consisted of dividing the reconstructed image by two (see 
Equation 33.46). This normalization step was necessary because 
the fan-beam data acquired on a 2π interval are redundant, 
that is, every line integral x′, φ crossing the object is acquired 
exactly twice. More specifically, the periodicity of the fan-beam 
sinogram
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Hence, when a full scan is performed, each line integral 
acquired at a given gantry angle β has a redundant one (acquired 
in the opposite direction) in the projection taken at β′ = β + π − 
2γ (this notation also applies to a flat detector, where γ = tan-1(σ/
D1)). We will now derive the minimum rotation interval of the 
gantry that allows us to obtain a minimally redundant dataset, 
that is, a fan-beam dataset where every line integral of the object 
is acquired at least once. First of all, let us notice from Equation 
33.37 that
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and then, for a given angle φ of the Radon space, the radial sam-
pling inside a circle of radius ′xFOV  is completed by varying the 
gantry angle β in the range
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or, equivalently,

 φ γ β φ γ− ≤ < +′ ′FOV FOV,  
(33.52)

where γFOV′ is the semi-aperture of the detected X-ray fan-beam. 
A complete dataset, in the sense of Radon inversion, is such that 
all the angles φ ∈ [0, π[ must be acquired; thus, Equation 33.52 
can be rewritten as

 − ≤ < +′ ′γ β π γFOV FOV  
(33.53)

which leads to

 0 2≤ β π γ< + ′FOV.  
(33.54)

The minimum rotation interval leading to a complete fan-
beam dataset is then β ∈ [0, π + 2 ′γFOV], that is, a half-rotation 
plus the angular aperture of the detected X-ray fan-beam.

A minimally redundant acquisition in CT is also referred to as a 
short-scan acquisition. The advantages of short-scan acquisitions 
in CT over full-scan acquisitions are mainly related to the improve-
ment of temporal resolution, as the time required for gathering a 
complete dataset is almost halved with respect to the gantry revo-
lution time. From the reconstruction point of view, a short-scan 
dataset can’t be reconstructed by simple application of the formu-
lae in Equation 33.46 because it contains partially redundant data. 
In other words, some line integrals are acquired once while some 
others are acquired twice. In this case, the application of a global 
normalization factor (as we have done by the 1/2 factor in Equation 
33.46) just won’t work. Figure 33.17 shows the redundant data of a 
short-scan acquisition (with a flat detector) as shaded areas in the 
σ, β plane. One possible solution to the problem of partial redun-
dancy is to apply a weighting window such that wShort = 1/2 on the 
redundant area and wShort = 1 elsewhere. This solution would cause 
a discontinuity along the radial direction in the sinogram, leading 
to severe artifacts when the ramp filter is applied. Parker (1982) 
proposed a smooth weighting window with continuous derivatives:
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FIGURE 33.17 Data redundancy in a short scan fan-beam sinogram (the 
figure refers to the case of a flat detector). Primed letters denote data points 
that are redundant copies of the non-primed ones. Shaded areas contain line 
integrals that are acquired twice during a short scan acquisition.
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The short-scan weighting window above has been written using 
curved detector coordinates, but it can be easily adapted for the 
flat detector by using γ = tan−1(σ/D1). Figure shows an example 
of a Parker-type weighting window for a flat detector geometry. 
When the partial redundancy is not corrected (i.e., full-scan 
reconstruction with global weighting is done), artifacts appear as 
shown in the figure. Reconstruction of short-scan fan-beam data 
requires then that the fan-beam sinogram g in Equations 33.47 
and 33.48 must be further pre-weighted by a short-scan weight-
ing window (e.g., like the Parker window in Equation 33.55) in 
order to pre-correct for partial data redundancy. For short-scan 
reconstruction, we can now write
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where
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(33.57)

For completeness, we report here the algorithm for short-scan 
fan-beam FBP reconstruction even though the only additional 
step required as compared to the full-scan algorithm is the pre-
weighting with the short-scan window wShort, which replaces the 
global weighting by the 1/2 factor (Figure 33.18)

Algorithm 33.5: Fan Beam FBP, Short Scan

 1. Multiply the short-scan sinogram by the short-scan 
weighting window wShort.

 2. Execute the same steps of the FAN BEAM FBP, FULL 
SCAN algorithm reported above (Algorithm 33.4), except 
for the last step of global weighting by the factor 1/2.

33.5 3D Reconstruction

This section deals with the problem of reconstructing 3D 
objects from projection data. Intuitively, the most straightfor-
ward method is by stacking 2D slices reconstructed in selected 
planes, by properly selecting the z-sampling step Δz depending 

Parallel-beam sinogram

Weighting window (Parker)

Parallel rebinning

Data weighting

Weighted sinogram

Parallel-beam FBP

Fan-beam FBP of
weighted short-scan

sinogram

Fan-beam FBP of
unweighted short-scan

sinogram

Short scan fan beam sinogram
(Shepp–Logan head phantom)

FIGURE 33.18 Possible approaches to the reconstruction of short scan fan-beam sinograms, applied to the Shepp–Logan head phantom (Shepp and Logan 
1974). This image also shows the result of fan-beam reconstruction applied to the short scan sinogram without applying a proper weighting for the partial 
data redundancy (bottom-right frame).
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on the instrumentation and on the specific goal of the imag-
ing procedure. Early generations of single-slice CT (SSCT) 
scanners allowed this type of quasi-3D (or non isotropic 3D) 
imaging to be performed by serial scanning and reconstruc-
tion of contiguous 2D slices, even though long acquisition 
times were required for the reconstruction of significantly long 
body segments. Multi-slice CT (MSCT) scanners improved the 
efficiency of sequential scanning, even though the real break-
through in 3D scanning was the introduction of helical (or spi-
ral) scanning trajectories in the early nineties, that is, almost a 
decade before the widespread use of the modern MSCT tech-
nology (see Kalender et al. 1990, Kalender 2011). This section 
starts with a short discussion of helical CT reconstruction. 
Afterwards, an introduction to intrinsically volumetric imag-
ing based on the inversion of the 3D Radon transform is given. 
As we will see later, exact reconstruction methods based on 
inversion formulae for the 3D Radon transform rely on strin-
gent conditions that must be met by the acquired data; these 
methods are generally difficult to implement. Approximate 
reconstruction methods that attempt to invert the divergent 3D 
X-ray transform are commonly used in practice: the most used 
approximated algorithm for cone beam CT reconstruction, pre-
sented in 1984 by Feldkamp, Devis, and Kress (also known as 
the FDK method Feldkamp et al. 1984) is described at the end 
of this section.

33.5.1  Reconstruction of Fan-Beam 
Data from Helical Scans

The technology of helical CT scanning has been already pre-
sented in Chapter 32. In the context of image reconstruction, 
it is customary to assume that the object function is still in the 
laboratory coordinate system while the source performs a helical 
trajectory. Let us first remember that the source trajectory in fan-
beam 2D geometry is described by the vector xfoc

:
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where zstart is the axial position of the plane defining the circular 
trajectory. For standard helical scan (i.e., with constant radius 
and pitch), the source trajectory is instead
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with d being the helical pitch and zstart is the starting z-position 
of the source.

Practical helical scan reconstruction is done by interpolation 
methods. In other words, we won’t search for new inversion for-
mulae for the fan-beam sinogram but instead we attempt to create 
a synthetic (i.e., interpolated) version of the standard planar 2D 
fan-beam sinogram by using the available projection data. Let 
us denote by z* an arbitrary axial position at which we want to 
reconstruct a 2D slice, with zstart < z* < zstop. The simplest algo-
rithm is obtained by linear interpolation of the required line inte-
grals g(⋅)(⋅, β) from the projection data of two consecutive gantry 
rotation, let’s say j and j + 1, with j = 0, … , N − 1 where N is 
the number of gantry revolutions, and where j must be such that

 z jd z z j dstart start+ < < + +* ( ) .1  
(33.60)

For full-scan reconstruction, we can see from the first β(z) 
graph of Figure 33.19 that the required angular range of the gan-
try to build a complete fan-beam sinogram is 4π; moreover, the 
axial positions zstart < z* < zstart + d are inaccessible, as well as 
the positions zstop –d < z* < zstop. This means that two segments 
of length d at the beginning and at the end of the helical trajec-
tory cannot be reconstructed, even though they have been crossed 
by the X-ray fan-beam for at least one gantry angle. Following 
the notation of (Kalender et al. 1990) and (Schaller et al. 2000), 
we denote the reconstruction method just described as 360°LI, 
where LI stands for linear interpolation.

b

z0

2π

z*zstart zstop

b

z0

2π

z*

1
2
3
4

Row ID

Single slice 360LI Multi-slice 360MLI

FIGURE 33.19 (Left) Rebinning scheme for a single-slice helical scan with the method 360LI. (Right) When the number of detector rows is increased, the 
z-distance of two useful data points for interpolation is reduced but is not constant throughout all the gantry angles (this figure refers to a four-slice scanner). 
The depicted rebinning method for MSCT is called 360MLI.
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For MSCT scanners, the reader must figure out that each detec-
tor row defines a β(z) graph shifted by a factor kΔz with respect 
to the central row, where Δz is the axial extent of a given row 
and k is the row index, with k = −M/2, …, M/2 – 1 and M is the 
number of rows. Optimal reconstruction is done for each arbi-
trary slice position z* by searching the two closest data points for 
each gantry angle β among all the available detector rows. The 
extension of the 360LI used method for helical SSCT is denoted 
by 360MLI in case of helical MSCT.

In most cases, the periodicity condition of the fan-beam sin-
ogram is exploited to further reduce the z-distance of the data 
points to be interpolated. Using this method leads to a family of 
rebinning algorithms called 180LI (for SSCT) and 180MLI (for 
MSCT). The reader can refer to Schaller et al. (2000) for further 
reading on the rebinning techniques in MSCT.

33.5.2  Inversion of the Radon Transform 
in More Than Two Dimensions

We will now focus on the problem of reconstructing a 3D object 
from 2D projections. As explained in Section 33.2, the X-ray 
transform of a 3D object g = X3f (made up of line integrals) is 
more directly linkable to the acquired projection data in a CT 
scan than the 3D Radon transform p = R3f (which is, instead, a 
set of plane integrals). Nevertheless, a general inversion formula 
for the n-dimensional RT is well known (see Natterer 1986)
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where the Hilbert transform Hx with respect to an arbitrary vari-
able x is defined as the Cauchy principal value of the integral
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and the derivatives are taken with respect to the radial variable.
Let us first show that, in two dimensions, the inversion formula 

above can be linked to one of the formulae obtained in the previ-
ous section for 2D reconstruction. For n = 2, remembering that 
we have previously denoted by x′ the radial variable in the Radon 
space, Equation 33.61 is written as
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By comparing Equations 33.63 and 33.28, one can see that, 
apart from a constant multiplicative factor, the two inversion for-
mulae are equivalent provided that
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where h is the ramp filter kernel (see Equation 33.21). In other 
words, we must now demonstrate that the operator Hx′∂/∂x′ is 
equivalent to the ramp filter in the space domain. Switching to 
the Fourier transform of both hands, we find that
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In the previous equation, the sign function sgn(⋅) equals +1 
when the argument is positive and −1 when the argument is nega-
tive, and zero otherwise. Hence, we have written the frequency 
response of the ramp filter as |ν| = −(1/2π)j sgn(ν) ⋅ (j2πν) and 
we have used the identities F1 [1/πx′] = −j sgn(ν) and F1 [dnf (x)/
dxn] = (j2πν)n [F1f (x)] to show that Equations 33.63 and 33.28 
are equivalent inversion formulae for the 2D Radon transform. 
Noteworthy, the Hilbert transform is not local, as can be seen by 
its definition in Equation 33.62. As a consequence, the ramp filter 
is not local and hence it requires that the projection data must 
be radially untruncated. From a practical point of view, the non 
locality of the ramp filter poses important limitations when only 
small portions of the object are scanned. Interior (or local) tomog-
raphy is outside the scope of this chapter. The reader can refer to 
Wang and Yu (2013), and references therein, for further reading.

Let us now focus on the inversion of the 3D Radon transform. 
From Equation 33.61, we get for n = 3

 
f x

r
p r( ) ( , ) .#= −

∂
∂













1
8 2 3

2

2π
ℛ α

 

(33.66)

The application of the above equation to image reconstruction 
from real data has been the subject of intensive study by several 
investigators for decades. From a practical point of view, we are 
interested in the reconstruction of projection data acquired in 
cone beam geometry, as this is the geometry employed in volu-
metric CT scanners using 2D (curved or flat) detectors.

As a first practical problem, data completeness in the Radon 
domain is required in order to apply Equation 33.66. Tuy and 
Smith (Tuy 1983) have shown that an exact reconstruction is pos-
sible only if all the planes crossing the object do intersect the 
source trajectory in at least one point. This is also called the Tuy–
Smith sufficiency condition (Tuy 1983). Based on Tuy’s inversion 
formula, Grangeat (1991) proposed a reconstruction framework 
in which the radial derivative of the 3D Radon transform can be 
extracted from line integrals acquired in cone beam geometry. 
Nevertheless, this solution presents practical issues and numeri-
cal instabilities. Defrise and Clack proposed a modification 
of Grangeat’s method, obtaining an FBP-type algorithm, with 
shift-variant filtering (Defrise and Clack 1994). More recently, 
Katsevich proposed exact reconstruction formulae for cone beam 
data acquired in a helical trajectory (Katsevich 2002) and subse-
quently extended this to an arbitrary trajectory (Katsevich 2003). 
Interestingly, the Katsevich formulae are of the FBP type with 
shift-invariant filtering. It is worth mentioning that the recon-
struction formulae provided by Katsevich for 3D reconstruction 
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have inspired a brand new family of 2D reconstruction algo-
rithms, allowing exact reconstruction of a region of interest 
(ROI) of an object in less than a short scan (Noo et al. 2002). 
This new type of fan-beam FBP is based on radial derivatives of 
the fan-beam sinogram and Hilbert transform, and requires that 
the fan-beam projections are radially untruncated.

Exact reconstruction has limited application in real-world 
cone beam CT imaging. The most used source trajectory for 
most CT and micro-CT scanners is a circle, which does not ful-
fill the Tuy–Smith sufficiency condition. Several scanning tra-
jectories have been evaluated by investigators in order to handle 
the data incompleteness, such as perpendicular circles or circles 
plus lines (Kudo and Saito 1994), circle plus arc (Wang and 
Ning 1999), or helix with constant or variable pitch and radius 
(Katsevich et al. 2004). Among them, only the circle and helix 
with constant pitch and radius have found significant applica-
tions. Even though a helical cone beam scan is performed on 
modern multi-slice CT (MSCT) scanners, the computational 
burden of exact algorithms is still an issue. On the other hand, 
exact reconstruction methods based on Radon inversion must 
somehow handle the problem of data truncation, which is almost 
always present in practice along the axial direction due to the 
small axial extent of real-world detectors with respect to the 
length of a patient. An exact solution to the so-called long-
object problem, that is, the problem of reconstructing limited 
axial segments of infinitely long objects, was first proposed by 
Tam et al. (Tam 1998, Tam et al. 1998). A quasi-exact solution 
to the long-object problem, called the zero-boundary (or ZB) 
method, was proposed subsequently by Defrise et al. (Defrise 
et al. 2000), based on the previous method developed by (Kudo 
et  al. 1998) for the short-object problem (i.e., the problem of 
reconstructing an entire object by axially truncated cone beam 
projections, provided that the source trajectory is such that the 
projection data include the top and bottom axial boundaries of 
the object). Hence, approximate algorithms are by far the most 
used, rather than exact ones, for practical cone beam reconstruc-
tion. The most widespread method for approximate cone beam 
reconstruction was derived by Feldkamp, Devis, and Kress 
(Feldkamp et al. 1984) and is described in the next section.

33.5.3 The Feldkamp–Devis–Kress (FDK) Method

The circular cone beam geometry is depicted in Figure 33.20. 
The data point coordinates are very similar to those of fan-beam 
geometry, where a longitudinal (i.e., axial) coordinate ρ was 
added, taking into account the axial extension of the 2D detector. 
The basic idea behind the Feldkamp method, or FDK method, 
is that for moderate axial apertures of the detected cone beam, 
the acquisition geometry should not deviate too much from a 
multi-slice fan-beam acquisition. The discrepancy between cone 
beam and multi fan-beam geometry could then be compensated 
by means of a correction factor. Furthermore, the resulting algo-
rithm should reduce to the fan-beam algorithm when just the 
axial midplane is reconstructed.

Let us first consider the case of a flat detector, similar to 
Feldkamp and colleagues in their original article. The cone beam 
coordinates are denoted by σ, ρ, β, where ρ is the axial coordi-
nate of the detector and the other two variables have the same 
meaning as those used for the fan-beam geometry. In analogy 

with the notation used for fan-beam sinograms, we will denote 
the cone beam projections as g( f )(σ, ρ, β). As one can see from 
Figure 33.20, each detector row (ρ = cost) defines a tilted fan-
beam with tilt angle κ. Let us first start by rewriting the fan-
beam reconstruction formula, which should provide an exact 
reconstruction of the object at z = 0: for the flat detector
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Away from the midplane, we can see that the line integrals in the 

tilted fan-beam are scaled by a factor D D1
2 2 2

1
2 2+ + +σ ρ σ/  

with respect to those passing from the central row of the detector. 
Hence, an approximate reconstruction for z ≠ 0 can be obtained 
by compensating for this extra-length of the tilted line integrals 
in Equation 33.67
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For the curved detector, the scaling factor in the tilted fans is 

simply D1
2 2

1+ ρ /D  so that the FDK reconstruction formula 
can be written as
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FIGURE 33.20 Meaning of the coordinates in circular cone beam geom-
etry. The axial coordinate has been denoted by ρ for both the flat and curved 
detectors, due to the fact that they have identical geometrical meaning (apart 
from a scaling factor).
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It is worth noting that the ramp filtering in the FDK method 
is done row-by-row, similar to the standard fan-beam recon-
struction. As one can see from Equations 33.68 and 33.69, FDK 
 differs from fan-beam FBP just due to the different shape of the 
pre-weighting factor, w(⋅), which is also dependent on the axial 
position ρ:
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while the back projection weighting factors W (⋅) and the ramp 
first �h are kept identical to those of the fan-beam formula. In this 
case, the back projection is done in the 3D space by following 
the original direction of the acquired line integrals. Even if the 
basic steps are very similar to those reported above for the full-
scan fan-beam FBP, we summarize here all the steps required for 
FDK reconstruction:

Algorithm 33.6: FDK Cone Bean FBP, Full Scan

 1. Select the apodization window A(ν) and compute the 
discrete version of the modified filter kernel �h;

 2. If curved detector geometry is employed, multiply the 
modified filter kernel by the factor (γ/sin γ)2; 

 3. Multiply the cone beam projection g(∙) by the weight-
ing factor wFDK

( )⋅  (see Equation 33.70), obtaining the 
weighted cone beam projection gw

( )⋅ ;
 4. Apply the 1D ramp filter to each row of the weighted 

cone beam projections: for each available projection 
angle β and for each axial position ρ of the detector, 
take the 1D DFTs Gw gw

( ) ( )⋅ ⋅= F1  and � �H h= F1  of the 
weighted cone beam projection and of the modified 
filter, respectively, and multiply them in the frequency 
domain; afterwards, compute each row of the filtered 
cone beam projections �q( )⋅

 as the inverse 1D DFT of the 
product G Hw

( )⋅ ⋅ , that is, � �q w
( ) ( )⋅ ⋅ ⋅= ( )−F1

1 G H ;
 5. Reconstruct the image by back projecting each weighted 

filtered cone beam projection �q W( ) ( )⋅ / BP
⋅  on the 3D image 

space; the back projection is performed by following 
the original direction of each acquired line integral at 
each gantry angle;

 6. Multiply the entire reconstructed image by 1/2.

Figure 33.21 shows how the back projection in cone beam 
geometry is done in practice. This figure refers to the case of 
voxel driven back projection for a flat detector: for each voxel 
location and for each gantry angle, the corresponding point (σ′, 
ρ′) is calculated on the detector surface. For that point, the value 
of the filtered projection �q f( )( , , )′ ′σ ρ β  (with proper weighting as 
explained above) is calculated by bilinear interpolation with the 
four nearest available data points. The interpolated value is then 
accumulated on the voxel, and the process is repeated for all the 
voxels in the target image volume and for all the gantry angles.

Short-scan reconstruction of cone beam data by the FDK method 
is also possible, even though the data redundancy away from the 

midplane is not guaranteed for all object functions and hence direct 
row-wise application of the short-scan weighting window for fan-
beam geometry can lead to image artifacts (see, for instance, Maaß 
et al. 2010). Interestingly, as reported in the appendix of their origi-
nal article, Feldkamp et al. have shown that their method is exact 
for z-invariant object functions, that is, when f is such that
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In this case, it is easy to see that the line integrals away from 
the midplane are just the scaled version on the integrals in the 
z = 0 plane, that is:
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For this class of objects, data redundancy and periodicity con-
ditions for the cone beam projections can be found similarly to 
the fan-beam case. This property can have practical applications: 
for instance, Panetta et al. have exploited the redundancy of cone 
beam projections of z-invariant objects for the determination of 
a subset of the seven misalignment parameters of cone beam CT 
systems (Panetta et al. 2008).

In practice, the basic idea behind the FDK approximation is 
that we are assuming that tilted X-ray paths can be approximated 
by rays that are parallel to the xy plane, and the error is compen-
sated by a correction factor. This approximation becomes exact 
in the case of globally or even locally z-invariant objects, which 
is realistic when the cone angle κ is small. Indeed, this approxi-
mation is clearly unrealistic for some objects that are strongly 
varying along z: as an example, Figure 33.22 shows an axial 
view of the multidisk phantom along with a FDK reconstruction. 
This phantom is sometimes called the “Feldkamp killer,” and 
the reason for this name is clear by observing the reconstructed 
image. For “normal” objects, the approximated nature of the 
FDK method is visible as underestimations of the reconstructed 
values for increasing cone angles. The difficulty in keeping 
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FIGURE 33.21 Voxel driven back projection in cone beam (CB) geome-
try. For each voxel location, the corresponding point (σ′, ρ′) is calculated on 
the detector surface. Then, the value of the weighted filtered CB projection 
�q f( ) ( , , )′ ′σ ρ β  is calculated by bilinear interpolation with the four nearest avail-
able data points.
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the image quality of peripheral slices similar to central slices 
can be viewed as one of the reasons of the end of the so-called 
“slice war.” Several decades after the publication of the article of 
Feldkamp et al., there is still effort in modifying and extending 
the FDK reconstruction formula. In 1993, Wang et al. general-
ized the FDK method to an arbitrary source trajectory (Wang 
et al. 1993). In 2002, the same author proposed a different formu-
lation that allows data to be reconstructed using a transversally 
shifted detector array (Wang 2002); the big advantage of such a 
formulation is that one can virtually enlarge the scanner field of 
view (FOV), thus coping with the problem of large objects and 
small flat panel detectors.
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34
Iterative Reconstruction Methods in X-ray CT

Geert Van Eyndhoven and Jan Sijbers

34.1 Introduction

In this chapter, a short introduction to computed tomography (CT) 
and X-ray physics is given. CT is an advanced imaging technique 
that allows for non-invasive visualization of the interior of a scanned 
object. In Figure 34.1, the typical steps involved in CT imaging are 
described. In a first step (see Figure 34.1a) X-ray projection images 
(also known as Röntgen photos or radiographs) are acquired at dif-
ferent angles from an object of interest. All steps involved in this 
acquisition process are described in Section 34.2. The second step 
in CT imaging is the reconstruction step, which is conceptually 
visualized in Figure 34.1b and thoroughly explained in Section 34.3. 
Finally, in Section 34.4, the concepts of the previous section are 
extended to dynamic CT, where the object is no longer assumed to 
be stationary throughout the acquisition process.

The chapter starts with a basic introduction to tomogra-
phy. A more detailed overview of tomography can be found 
in Kak and Slaney (2001) and Buzug (2008) (see also Section 
III, Chapter 32, for a general introduction to CT diagnostic 
imaging).

34.2 Acquisition Process

In this section, a brief introduction to the CT acquisition process 
is given. First, in Section 34.2.1, the necessary X-ray physics are 
discussed. A description of the law of Beer–Lambert, which is 
a simple model for the data acquisition step, is given in Section 
34.2.2. Finally, in Section 34.2.3, different projection geometries 
are discussed.
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34.2.1  X-rays: Generation, Matter 
Interaction, and Detection

X-rays are basically electromagnetic waves with an energy range 
between 10 and 200 keV. They were first discovered by Wilhem 
Röntgen in 1895, who named it X-radiation to signify the (at 
that time) unknown type of radiation (Röntgen 1898) (see also 
Section II, Chapter 17, for an historical article on the discovery 
of X-rays). X-rays can be described with a wave model or a par-
ticle model. In this chapter, X-rays will be modeled as packets of 
energy, referred to as  photons or X-ray quanta.

34.2.1.1  X-ray Generation

In medical and µCT scanners, X-rays are typically gener-
ated within a vacuum tube (see also Section I, Chapter 2, for a 
description of X-ray tubes). A standard vacuum tube consists of 
a cathode and an anode, over which a high voltage is applied. 
Thermionic emission sets electrons free from the cathode, accel-
erating them through the high voltage such that they hit the anode 
surface at high speed. When the fast electrons enter the anode 
surface, multiple interactions take place, resulting in a conver-
sion of the electron kinetic energy into X-ray radiation and heat. 

The emitted X-rays have a spectrum that typically resembles the 
spectrum illustrated in Figure 34.2 (Buzug 2008; Duisterwinkel 
et al. 2015) (see also Section I, Chapter 10, for methods to calcu-
late X-ray spectra from X-ray tubes). The shape of the spectrum 
can be explained by the physical mechanisms that are respon-
sible for the production of X-rays in the X-ray tube:

• Fast electrons can be diffracted and slowed down once 
they enter the anode surface. Due to the charged particles 
being decelerated (often multiple times), electromagnetic 
waves (in our case: X-rays) are radiated in a continuous 
range of energies. This phenomenon is known as brems-
strahlung and corresponds to the smooth part of the 
spectrum in Figure 34.2. The amount of deceleration is 
directly linked to the energy level of the emitted X-ray 
photon. If an electron directly collides into the nucleus of 
an anode atom, all the electron’s energy is converted to 
X-ray radiation, a process that corresponds to the upper 
energy limit in the emitted spectrum (see Figure 34.2).

• X-rays can also be generated from a direct interaction 
of fast electrons with the inner shell electrons of the 
anode’s surface. If an inner shell electron is kicked 

FIGURE 34.1 A conceptual visualization of forward and back-projection in X-ray CT. (a) The first step: projection data is acquired at different angles from 
an object under interest. (b) The second step: from the projection data, the unknown attenuation values of the object are to be calculated.
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out of the atom by a collision with a fast electron, an 
outer shell electron will take its place, a process that 
is accompanied by the emission of a photon. Since the 
binding energy difference between the same two shells 
is always constant, the emitted X-ray quanta resulting 
from this process can only have energy at a few discrete 
values. This creates sharp peaks in the emitted X-ray 
spectrum, known as characteristic emission.

The area on the anode that is hit by the fast electrons and from 
which the X-rays are emitted is called the focal spot. To obtain high 
resolution radiographs, a small focal spot size is desirable. The 
effect of the focal spot size is illustrated in Figure 34.3. In this fig-
ure, the penumbra is conceptually visualized, it is a blurry region at 
the edge of the scanned object’s projection, which is due to partial 
absorption/illumination of the X-rays originating from the source 
with a larger spot size. Since only 1% of the kinetic energy of the 
fast electrons is converted into X-rays, while the remaining 99% 
goes into heat, the maximum heat capacity of the focal spot area is 
the major limiting factor for the focal spot size. If the heat delivered 
during a single exposure exceeds the focal spot heat capacity, the 
anode surface will melt. For this reason, a common technique is 
to continuously rotate the anode, thereby spreading the heat over 
a larger surface. Other, more advanced, techniques exist as well, 
such as the liquid metal jet anode, where a continuous flow of liquid 
metal replaces the solid anode (Hemberg et al. 2003).

In synchrotron facilities, X-rays are produced in a different 
manner (Winick 1995). The path of the high energy electrons 
that are contained within the storage ring is bent (corresponding 
to a radial acceleration), resulting in the production of X-rays. A 
major advantage in synchrotron facilities is that monochromatic 
X-ray beams (i.e., X-rays of a single energy level) can be pro-
duced at a high photon flux. To generate a proper photon flux in 
medical and lab-based CT systems, one has to work with poly-
chromatic X-ray beams, consisting of photons within a continu-
ous range of energies (see Figure 34.2).

In the remainder of this chapter, the intensity of an X-ray beam 
is denoted by I(η, E), where η represents the distance traveled along 
the X-ray path, and E the energy bin. Often, a monochromatic X-ray 
beam is assumed, in which case the intensity is proportional to the 
number of photons and its intensity is denoted simply by I(η). The 
X-ray beam intensity at the source position is denoted by I(0) = I0.

34.2.1.2  X-ray Matter Interaction

As X-rays pass through an object, various scattering and absorption 
events result in a decreased intensity at the end of the object (Buzug 
2008; Bushberg et al. 2011) (see also Section I, Chapter 1, for a gen-
eral introduction to X-ray interactions in matter). This decreased 
intensity is described via the object’s attenuation coefficient, µ, 
which models all physical mechanisms that lead to attenuation of 
the X-ray beam. The radiation intensity of a monochromatic beam 
after passing a distance, Δη, through a thin slice of homogeneous 
material with attenuation coefficient, µ, is described as follows:

 I I I( ) ( ) ( ) ( )η η µ η η η+ = −Δ Δη  (34.1)

 = (1 − )I( ) ( )η µ η ηΔ  (34.2)

These equations have two intuitively different interpreta-
tions. In Equation 34.1, one can observe that the difference in 
intensity after passing through the thin slice is proportional to 
the attenuation coefficient and the distance traveled through the 
slice. Another interpretation is given by Equation 34.2, where 
(1 − µ(η)Δη) can be seen as the probability of a single photon 
passing through the thin slice, and I(η) (1 − µ(η)Δη) as the 
expected number of photons that pass through the slice.

34.2.1.3 X-ray Detection

A crucial part of a CT system is the detection of the transmit-
ted X-rays, thus the beam intensity, I, after it passed through 
the object. Various types of X-ray detection technologies are 
described in Buzug (2008). Conventional Xray detectors inte-
grate the total number of photons in each detector pixel over a 
short period of time (the exposure time), without obtaining infor-
mation about the energy of individual photons. An alternative 
is energy-resolved photon counting with dual energy detection 
(Kelcz et al. 1979) or multiple energy thresholds (Schlomka et al. 
2008), providing the additional capability of counting individual 
photons, based on their detected energies.

Detectors can detect X-ray photons either directly or indi-
rectly. Indirect-conversion detectors consist of two main com-
ponents: (1) a light emitting material (scintillator) layer, which 
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converts the X-ray radiation into visible light photons; and (2) a 
photon detector that converts these light photons in an electric 
charge, which is, hence, proportional to the intensity of X-ray 
radiation. A typical example of such a detector is an amorphous 
silicon-based panel detector with a cesium iodide (CsI) scintil-
lator deposed onto an array of photo-diodes. A second type of 
indirect-conversion detectors use a photon detector that consists 
of charge-coupled devices (CCDs). These CCD-based detectors 
use fiber optics to guide the light from the scintillator to the CCD 
camera.

Direct-conversion detectors have no intermediate stage in 
which visible light photons are generated, but directly convert 
X-ray photons into electric charge. Such detectors consist of a 
semi-conductor layer such as silicon (Si) or gallium arsenide 
(GaAS) to which an offset voltage is applied. X-ray photons 
entering the semi-conductor layer generate electron-hole pairs. 
The charges are accumulated and read using a thin-film tran-
sistor (TFT) array. Direct-conversion detectors are much more 
efficient than indirect-conversion detectors.

34.2.2 The Law of Beer–Lambert

The law of Beer–Lambert is an important law that is often 
exploited in the theory of computed tomography. It relates the 
attenuation of light (in our case X-rays) to the properties of the 
material through which the light is propagating. The Beer–
Lambert law states that a monochromatic X-ray with radiation 
intensity, I0, that propagates a distance, s, through a material with 
position dependent attenuation coefficient, µ(η), has a remaining 
intensity given by

 I s I e
s d( ) ( )= −∫

0
0 µ η η

 (34.3)

The law is conceptually visualized in Figure 34.4.
The law of Beer–Lambert can be derived as follows. Let η be 

the axis parallel to the direction of the X-ray beam (see Figure 
34.4). Rearranging the terms in Equation 34.1 gives

 

I I
I

( ) )
( ) ( )

η η η
η

η η
+ −

= −
Δ
Δ

(
µ

 
(34.4)

which results in

 

dI
dη

η µ η η( ) ( ) ( )= − I
 

(34.5)

after taking the limit for Δη → 0. Equation 34.5 is an ordinary 
linear differential equation which can be solved by rearranging 

the terms and multiplying the equation with the integrating 
 factor, e∫ ′ ′0

η µ η η( )d , leading to

 

dI
d

e I ed d

η
η µ η η
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(34.6)

Applying the product rule backward, this simplifies to
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(34.7)

Integrating both sides of this equation, leads to

 

d
d

I d d

s s

η
η η ηµ η η( ) ( )e d∫ ′ ′( ) =∫ ∫0

0 0

0
η

 

(34.8)

 ⇔ − =∫ ′ ′ ∫ ′ ′I I
s s

( ) ( )( ) ( )s e ed d0 00 0µ η η µ η η
 (34.9)

 ⇔ =∫ ′ ′I I
s

( ) ( )( )s e d0 0µ η η
 (34.10)

 ⇔ = −∫ ′ ′I s I e
s d( ) ( ) ( )0 0 µ η η

 (34.11)

This completes the derivation, since Equation 34.11 is equiva-
lent to Equation 34.3.

The law of Beer–Lambert is particularly of interest, because it 
can be transformed to a linear relation between the measured data 
and the attenuation coefficients of the object. That is, Equation 
34.3 can be rewritten as

 

−








 = ∫ln

( )
( )

I s
I

d

s

0
0

µ η η

 

(34.12)

If the incoming beam intensity, I0, is known, which is almost 
always the case in practical applications, the left hand side of 
Equation 34.12 is fully known. The process of dividing the mea-
sured intensity by the incoming beam intensity, I0, is known 
as flat-field correction. In the remainder of this chapter, it is 
assumed that the available projection data is always in its prepro-
cessed form, −ln(I(s)/I0).

34.2.3 Projection Geometries

A projection geometry refers to the setup and position of detec-
tor and source. Without intending to cover a full oversight of all 
possible projection geometries, some common projection geom-
etries are described here.

In the 2D case, a parallel beam geometry and fan beam geom-
etry are the most common. In the parallel beam geometry, all rays 
in a single projection are parallel to each other, as is visualized in 
Figure 34.5a. In fan beam geometry, all rays start from a single 
point source and reach the detector in equidistantly spaced detec-
tor points (see Figure 34.5b). In 3D, the parallel beam (see Figure 
34.5c) and cone beam (see Figure 34.5d) are the 3D analog of the 
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FIGURE 34.4 Illustration of the Beer–Lambert law.
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2D parallel beam and fan beam geometry, respectively. If cone 
beam projections are acquired in a circular trajectory, the term cir-
cular cone beam geometry is utilized. A helical cone beam geom-
etry refers to cone beam projections that are acquired in a helical 
trajectory (a geometry that is quite common in medical CT).

34.3 Reconstruction Methods

X-ray radiography is the most widespread medical imaging 
method, but it suffers from major drawbacks: (1) There is no depth 
information in the radiographic images; (2) X-ray radiographs 
often lack image contrast. That is, large changes in attenuation 
coefficient may result in only small changes in image intensity. 
The solution to these drawbacks is CT. In CT, the 3D attenuation 
distribution of the object that was imaged is reconstructed from 
a set of X-ray radiographs (projection data) that were acquired 
from different angular viewpoints.

The goal of CT reconstruction is to find the distribution of 
attenuation coefficients within the scanned object, based on the 
measured projection data (see Figure 34.1b). In what follows, 
different types of reconstruction methods are described. These 
can be roughly sub-divided into three classes. Analytical recon-
struction methods (Section 34.3.1) model the object’s attenuation 
coefficients as a function of its spatial coordinates and exploit 
various analytical properties of the forward projection model in 

order to generate a reconstruction. In algebraic reconstruction 
methods (Section 34.3.2), the object is modeled on a discrete 
pixel/voxel grid, and the reconstruction problem is reduced to 
a large system of linear equations. In a final class of methods, 
statistical reconstruction methods (Section 34.3.3), various sta-
tistical properties of the acquisition process are exploited, and 
typically some likelihood function, incorporating these statisti-
cal properties, is optimized.

In what follows, all methods are described for the 2D case, 
such as a 2D object from which one-dimensional projections are 
acquired. For algebraic and statistical methods, the extension to 
the 3D case is straightforward, but will not be described here.

34.3.1 Analytical Reconstruction Methods

In the analytical approach, the object’s attenuation coefficients are 
described as a function, f : R R R× →  that maps the spatial coor-
dinate (x, y) to its corresponding local attenuation coefficient, µ. In 
Sections 34.3.1.1 and 34.3.1.2, the Radon transform and the Fourier 
slice theorem are introduced. The latter makes a remarkable con-
nection between the analytical projections and the two-dimensional 
Fourier transform of f(x, y). These concepts lead to the Filtered 
Back projection (FBP) reconstruction algorithm in Section 34.3.1.3. 
Finally, some other analytical reconstruction methods are discussed 
in Section 34.3.1.4 (see also Section III, Chapter 33, for a general 
description of analytical reconstruction methods in CT).

(a) (b)

(c) (d)

FIGURE 34.5 Illustration of different projection geometries for the 2D and 3D case. (a) 2D parallel beam, (b) 2D fan beam, (c) 3D parallel beam, (d) 3D 
cone beam.
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34.3.1.1 Radon Transform

The projection process in tomography consists of straight rays 
traversing the object, f, at a certain angle and a certain distance 
from the center of the detector to the ray (this is illustrated in the 
left part of Figure 34.6). A particular line, L(r, θ), at a counter-
clockwise angle, θ, from the y-axis and at a signed distance, r, 
from the origin is defined as follows:

 
L r x y x y r( ) {( ) cos sin }, , θ θ θ= ∈ + =R2

 (34.13)

Remember that the log- and flat-field-corrected projections 
are theoretically given by a line integral of the attenuation coef-
ficients (see Equation 34.12). Therefore, a particular projection 
value, pθ(r), is defined as the line integral through f(x, y) over the 
line L(r, θ):

 

p r f x y ds

L r

θ

θ

( ) ( , )

( , )
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(34.14)

The Radon transform, ℛ, is the transformation that maps the 
object function, f(x, y), to the complete set of projection values, 
thus:

 
f x y p r r( , ) { ( ) [ , [, }↔

ℛ

θ θ π| ∈ ∈0 R
 

(34.15)

Equation 34.15 implies that (ℛf)(θ, r) = pθ(r)

34.3.1.2 Fourier Slice Theorem

The Fourier slice theorem for two dimensions is conceptually 
visualized in Figure 34.6. The theorem states that the one-
dimensional Fourier transform of a parallel beam projection of 
f(x, y) at a certain angle is exactly the same as the slice through 
the Fourier transform, F(u, v), which is perpendicular to the pro-
jection direction. The Fourier slice theorem is stated more pre-
cisely in the following theorem:

Theorem. Let f: R R R× → : ( , ) ( , )x y f x y	  be a two-
dimensional function and define its projection pθ(r): R R→ : 
r p r	 θ ( )  as in Equation 34.14. Denote the two-dimensional 
Fourier transform of f(x, y) as F(u, v) and the one-dimensional 
Fourier transform of pθ (r) as Pθ (q). Then the following equality 
holds:

 

F u v P q
u q

v q
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,
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=
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(34.16)

Proof: The proof of the Fourier slice theorem is straightfor-
ward for θ = 0, which can be assumed without loss of generality. 
Indeed, if the theorem applies for θ = 0, then the theorem is also 
valid for any θ ≠ 0, since a rotation in the spatial domain corre-
sponds to exactly the same rotation in Fourier space. It is, hence, 
sufficient to prove that F(q, 0) = P0(q).

The line integral, p0(r), corresponds to
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since L(r, 0) is the line x = r. The Fourier transform of f(x, y) is
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Evaluated in u = q and v = 0, Equation 34.18 becomes
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which concludes the proof.
Note that, if enough projections, pθ(r), can be acquired, the 

Fourier domain of the object can be fully sampled. A simple 
inverse Fourier transform could, hence, suffice to reconstruct the 
object function, f(x, y). In practice, however, projections are given 
in a finite number of detector pixels, and can only be acquired 
at a finite number of angles. Assuming a parallel beam projec-
tion geometry, the Fourier space of the object, f(x, y), is radially 
sampled, as is illustrated in Figure 34.7. To use the fast Fourier 
transform (FFT) algorithm (Heideman et  al. 1984) to perform 
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One-dimensional
Fourier transform

Fourier transform
Fourier domain

F (u,υ)

υ

u
θ

FIGURE 34.6 Schematic overview of the analytical projection model and 
the Fourier slice theorem. The one-dimensional Fourier transform of the 
projection data at angle θ yields a slice through the Fourier domain, which is 
perpendicular to the projection direction.
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the inverse Fourier transform in an actual implementation, the 
radially sampled Fourier space must be resampled on a regular 
grid. Therefore, interpolation is necessary. However, this intro-
duces large interpolation errors in the higher frequency part of 
the spectrum, since samples are only sparsely available in this 
region. These high spatial frequencies correspond to fine details 
in the object function, and, since they are less accurately repre-
sented after the resampling, image quality is seriously degraded. 
In the next section, an analytical method that compensates for 
the fact that points in Fourier space are more densely sampled 
near the origin, is introduced.

34.3.1.3 Filtered Back Projection (FBP)

The Filtered Back Projection (FBP) reconstruction method is 
based on the following analytical formula:
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(34.23)

Before proving this formula, its different components are 
explained. As can be observed from Equation 34.23, the FBP 
formula gives rise to a simple two step approach for calculating 
a reconstruction of the scanned object, based on the measured 
projection data:

 1. Filter the projection data, pθ(r), by multiplying its 
Fourier transform, Pθ(q), with |q| and calculating the 
inverse Fourier transform. This step corresponds to the 
inner integral in Equation 34.23.

 2. For a particular location in the image domain, (x, y), 
sum up all the filtered projection data that corresponds 
to the lines x cos θ + y sin θ with θ ∈ [0, π]. This step 
corresponds to the outer integral in Equation 34.23.

This approach can be turned into a practical algorithm, keep-
ing the following in mind:

• Since projection data is acquired at a finite number of 
detector pixels, and, thus, only available at discrete loca-
tions, the Fourier and inverse Fourier transform are per-
formed with the FFT algorithm. Also, the formula is only 
evaluated at discrete locations in the spatial domain, typi-
cally on the pixel coordinates of a pixel grid. Therefore, in 
a practical implementation, the entire formula in Equation 
34.23 is discretized by changing the integrals to sums.

• Projection data needs to be acquired over the full angu-
lar range, [0, π], corresponding to the outer integral in 
Equation 34.23. Also, the scanned object must be fully 
inside the field of view, so that pθ(r) and, hence, also 
Pθ(q) is available on its entire domain, thereby ensuring 
that the inner integral in Equation 34.23 can be cal-
culated. If these assumptions are violated, the recon-
structed image will contain artifacts.

• In a practical implementation, the FBP formula in 
Equation 34.23 is never evaluated individually at differ-
ent locations in the spatial domain. Typically, the FBP for-
mula is evaluated simultaneously at all pixel coordinates 
by first filtering the projection data with the high-pass 
filter |q| (in Fourier space) and subsequently summing all 
back-projections of each projection onto the pixel grid. 
A back-projection simply places the values of the projec-
tion, pθ (r) (with r describing the signed distances to all 
rays in a single projection defined by the fixed angle θ) at 
all pixels that coincide with the line x cos θ + y sin θ = r. 
This implies that the FBP algorithm as described here is 
only suitable for a parallel beam geometry.

The application of the high-pass filter, |q|, compensates for the 
high density sampling ratio in the low frequency domain and the 
low density sampling ratio in the high frequency domain (see 
Figure 34.7). In the context of FBP, the high-pass filter, |q|, is 
usually referred to as the “ramp” filter, because of its shape in 
the Fourier domain.

The FBP formula can be derived as follows. First, the rectan-
gular coordinate system (u, v) over which it is integrated in the 
inverse Fourier transform formula, such as
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is changed to a polar coordinate system (q, θ). This is achieved 
by making the substitution u = q cos θ and v = q sin θ, which 
results in
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The inverse Fourier transform in Equation 34.24 can now be 
expressed in polar form as
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(34.26)
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FIGURE 34.7 Parallel beam projections yield a radial filling of values in 
the Fourier space.
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The integral in Equation 34.26 can be split into two parts by 
integrating θ from 0 to π and from π to 2π and further rewritten 
as follows:
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Substituting the Fourier slice theorem formula (see Equation 
34.16) into Equation 34.27 leads to
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which completes the derivation of the FBP formula in Equation 
34.23.

34.3.1.4 Other Analytical Reconstruction Methods

Various variants on the FBP algorithm have been proposed in 
the literature. Most variants focus on redesigning the ramp filter, 
|q|, in Equation 34.23. One approach is to train a neural network 
that learns an optimal filter for a certain class of objects (Pelt 
and Batenburg. 2013). Another approach consists of approximat-
ing algebraic methods (see Section 34.3.2) by selecting a proper 
FBP filter (Batenburg and Plantagie 2012). The FBP algorithm 
described in Section 34.3.1.3 is suitable for a 2D parallel beam 
geometry. For fan beam, another formula and approach must be 
followed (Kak and Slaney 2001). For the 3D case, the Feldkamp 
(FDK) algorithm is a common choice for reconstructing from cir-
cular cone beam projections (Feldkamp et al. 1984). For helical 
cone beam CT, other algorithms are available (Kudo et al. 2004).

34.3.2 Algebraic Reconstruction Methods

In the algebraic approach, the object’s attenuation coefficients 
are modeled by a discrete representation of the object function, 
f(x, y), typically on a pixel grid. The discretization process is 
presented in Section 34.3.2.1. A well-known algebraic recon-
struction method, the simultaneous iterative reconstruction tech-
nique (SIRT), is derived in Section 34.3.2.2, after which other 
algebraic reconstruction methods such as algebraic reconstruc-
tion technique (ART) and simultaneous algebraic reconstruc-
tion technique (SART) are discussed. All mentioned algebraic 
reconstruction methods can be easily implemented with the open 
source ASTRA toolbox (van Aarle et al. 2015, 2016).

34.3.2.1 Discretization

A typical approach is to represent the scanned object on a pixel 
(or, in the 3D case, voxel) grid. This is conceptually visualized 
in Figure 34.8, which is the discrete analog of the left part of 
Figure 34.6. In the discretization on a pixel grid, it is assumed 
that the object has a constant attenuation value within each pixel. 
Assuming the pixel grid consists of N pixels, the object function, 
f(x, y), is approximated as f xj

N
j j( , )x y ≈ ∑ =1 φ , with φj the pixel 

basis function for the jth pixel, the constant attenuation value 
which is zero outside the pixel and one inside, and xj within the 
jth pixel. The basis functions, φj, do not necessarily need to be 
pixel basis functions. Other choices are possible as well, such 
as generalized Kaiser-Bessel functions (a.k.a. blobs) (Matej and 
Lewitt 1992). Since the object is modeled by a finite number 
of attenuation values, it can be represented as a column vector, 
x N= ∈( )x j R .

In practice, the measured projection data is also discrete: 
it consists of a finite number of measured projection values, 
each one corresponding to a specific detector pixel at a specific 
angle. Let M denote the total number of measured projection 
values for all angles, which are log-corrected and ordered in 
a vector p pi

M= ∈( ) R . Denote θi as the counter-clockwise 
angle from the y-axis and ri as the signed distance from the 
origin to the center of the detector pixel corresponding to pi. 
Following Equation 34.14, each projection value, pi, can be 
modeled as
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where Δr represents the detector pixel width. In algebraic recon-
struction methods, the forward projection model of Equation 
34.29 is approximated by p w xi j

N
ij j≈ ∑ =1 , where wij represents 

∑ N
j  =1 

wijxj

wij

∆r

θi

y

x

{

|ri|

FIGURE 34.8 Illustration of the discrete representation of the object and 
the projection. In this image, the contribution, wij, of pixel j to the projection 
value with index i is represented as the ray-intersection length of projection 
line i with pixel j.
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the contribution of pixel j to the projection value with index i. 
This is also illustrated in Figure 34.8. The complete projection 
data, p, can then be simulated by Wx, where W = ∈ ×( )wij RM N  
is a sparse matrix that collects all weights, wij. The weights can 
be calculated in a variety of ways. The most precise calcula-
tion involves a strip-kernel, which is visualized in Figure 34.9a, 
where the weight wij is equal to the fractional area of the jth pixel 
intercepted by the ith ray. A computationally faster approxi-
mation is given by the line-kernel, where the weight wij equals 
the ray-intersection length of the ith ray with the jth pixel (see 
Figure 34.9b), or by a linear-kernel (Joseph 1982) (also known 
as Joseph’s method), where the contribution of the ray to the 
 projection value is determined by linearly interpolating between 

the two nearest pixels of the intersection of the ray and the row 
or column.

Directly solving the system of linear equations, Wx = p, for an 
exact solution x is typically infeasible, since noise and discreti-
zation effects render the system of linear equations inconsistent. 
Therefore, algebraic methods typically minimize the projection 
distance ||Wx − p|| for some norm ||⋅||.

The projection data acquired from a 2D object is usually rep-
resented as a sinogram. A sinogram collects the projections from 
a 2D object in a matrix, where columns typically represent the 
different detector pixels and the rows the different projection 
angles. An example of a sinogram acquired from the Shepp–
Logan phantom (Shepp and Logan 1974) is given in Figure 34.10.

y

(a) (b)

y

x x

wij wij

FIGURE 34.9 Illustration of two different approaches to calculate the weights of the forward projection matrix W. (a) Strip-kernel, (b) line-kernel.
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FIGURE 34.10 An example of a sinogram acquired with a parallel beam geometry from the Shepp–Logan phantom. The projections acquired at θ = 0, 
θ = π/4, and θ = π/2 are explicitly shown, and their connection with the sinogram is illustrated.
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34.3.2.2  Simultaneous Iterative Reconstruction 
Technique (SIRT)

The simultaneous iterative reconstruction technique (SIRT) is 
an algebraic reconstruction algorithm known to converge to a 
 solution of

 
x* argmin= −( )

x
x R

W p
2

 
(34.30)

where R = ∈ ×( )rij RM M  is the diagonal matrix with inverse row 
sums of the projection matrix W (its diagonal elements are given 
by rii = 1/Σjwij) and Wx p Wx p R Wx p

R
− = − −

2
( ) ( )T  (Jiang 

and Wang 2003; Buzug 2008; Gregor and Benson 2008). Starting 
from an initial reconstruction, x(0) = 0, the SIRT  algorithm 
 iteratively updates the reconstruction as follows:

 x x CW R p Wx( ) ( ) ( )( )k k T k+ = + −1

 (34.31)

where C = ∈ ×( )cij RN N is defined as the diagonal matrix with 
the inverse column sums of W (i.e., cjj = 1/Σjwij). Before dem-
onstrating the connection between Equations 34.30 and 34.31, 
the iterative update in Equation 34.31 is analyzed more closely. 
The update in Equation 34.31 is illustrated in Figure 34.11, and 
consists of the following steps:

 1. Starting from the current estimate, x(k), a forward pro-
jection, Wx(k), is simulated.

 2. The projection difference p − Wx(k) is calculated. This 
difference indicates where and how much the simulated 
projection data, Wx(k), is different from the measured 
projection data, p. It quantifies the reconstruction qual-
ity of the current estimate, x(k).

 3. The projection difference, p − Wx(k), is weighted with the 
inverse row sum matrix, R. Intuitively, projection value 
differences corresponding to rays with a long intersec-
tion length with the pixel grid of the reconstruction 
domain get a small weight and projection value differ-
ences corresponding to rays that intersect only shortly 
with the reconstruction domain get a large weight. A 
large weight (and, hence, short ray-intersection length) 

indicates that the projection difference in the particu-
lar detector pixel has a large influence in the update. 
This makes sense, since that ray intersects with only a 
few pixels in the reconstruction domain, and thus the 
projection difference in the corresponding detector 
pixel is a good indication for how to update the pixels 
on that particular ray. If a ray intersects a lot of pixels, 
the projection difference is less trustworthy, since the 
projection value is based on the (weighted) sum of lots 
of attenuation values along the ray.

 4. The back-projected weighted projection difference, 
W T  R(p − Wx(k)) is calculated. That is, all projection 
differences are “smeared back” over the reconstruction 
domain by simply assigning the projection difference 
value of each ray to all pixels along that ray, weighted 
with the ray-pixel-intersection length.

 5. The result is weighted with the inverse column sum 
matrix, C. For a particular pixel, this corresponds to 
dividing the pixel value of the update by the com-
bined length of all rays that intersected that pixel. 
The resulting update reflects how the reconstruction 
should be updated in order to reduce the projection 
difference.

 6. The update is added to the current reconstruction, 
and the algorithm continues from the first step until 
a certain stopping criterion is reached. The stopping 
criterion can consist of stopping the algorithm after a 
pre-defined number of iterations or after the projection 
distance has reached a certain threshold value.

The connection between Equations 34.30 and 34.31 can be 
made as follows. The normal equations for Equation 34.30 are 
given by

 W RWx W RpT T=  (34.32)

Pre-conditioning Equation 34.32 with C and rewriting the 
equations gives

 CW RW CW RpT Tx =  (34.33)

x(0) = 0 x(k) Wx(k)

Detector pixel

Detector pixel

p

θ

θθ

Calculate projection
di	erence and
weight with R

Calculate weighted backward
projection with CWT

Forward project current reconstruction
x(k) with projection matrix W

+

R(p – Wx(k)) CWT R(p – Wx(k))

Detector pixel

FIGURE 34.11 The SIRT update process illustrated with the Shepp–Logan phantom.
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 ⇔ − − =( ( ))I I CW RW x CW RpT T

 (34.34)

 ⇔ = − =x I CW RW x CW Rp( )T T

 (34.35)

 ⇔ = +x x CW R p WxT ( )−  (34.36)

It follows that Equation 34.31 is a fixed-point iteration scheme 
derived from Equation 34.36. It can be proven that this scheme 
converges (for proof the reader is referred to Gregor and Benson 
2008).

The SIRT algorithm in Equation 34.31 can also be written 
explicitly for each component of x, such as each pixel’s attenua-
tion value, xj (Gordon et al. 1970):
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34.3.2.3 Algebraic Reconstruction Technique (ART)

In ART, an image pixel is updated by the projection difference of 
each individual detector pixel:
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with i the index of the particular projection value that is utilized 
in iteration k. ART processes a single projection value at a time to 
update the current reconstruction. In a geometric interpretation, 
the update formula represents the orthogonal projection of the 
current reconstruction on the hyperplane defined by the ith equa-
tion in Wx = p. Also note the difference with SIRT (Equation 
34.37), where all projection values are employed simultaneously 
to generate an update for the current reconstruction. The order in 
which the projection values are selected has been studied exten-
sively in the past, and various schemes with different properties 
are available (Guan and Gordon 1994, 1996). Generally, ART 
converges faster, but is less stable with respect to noise.

34.3.2.4  Simultaneous Algebraic 
Reconstruction Technique (SART)

In SART, all projection values in a single projection are pro-
cessed together in a single iteration (Andersen and Kak 1984). 
Let Iθ denote the set of all indices corresponding to projection 
values in a single projection at angle θ. Then, the update formula 
for SART is given by

 

x x
w

w p w x

wj
k

j
k

i I ij

ij i h
n

ih h
k

h
n

ih

( ) ( )
( )

+

∈

=

=
= +

∑
− ∑( )
∑






1 1

1

1

θ 






∀

∈
∑
i I

j
θ  

(34.39)

Notice that this algorithm is almost exactly the same as SIRT, 
with the only difference that SIRT processes all projection data 

simultaneously in one iteration, while SART handles one pro-
jection at a time. Modifications to SART have been developed 
where more than one projections are processed at a time (Hudson 
and Larkin 1994).

34.3.2.5 Conjugate Gradient Least Squares (CGLS)

In the CGLS method (Paige and Saunders 1982), the conjugate 
gradient method is applied to solve the following sparse least 
squares problem:

 
x Wx p* = −( )argminx 2

2

 
(34.40)

Notice that the norm in the object function of Equation 34.40 
is the standard 2-norm, whereas in SIRT a weighted norm is 
minimized (see Equation 34.30). CGLS applies the iterative 
Conjugate Gradient (CG) method to minimize the least squares 
norm ||Wx − p|| (Paige and Saunders 1982):

 W Wx W pT
rec

T=  (34.41)

With r(0) = p, z(0) = WT p, and x(0) = z(0), the update step of 
CGLS is the following:
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CGLS generally converges much faster than SIRT.

34.3.2.5.1 Regularization Methods

Various types of algorithms introduce a regularization term, 
U(x), in the objective function. The optimization problem then 
becomes

 x U* argmin ( ))= || − || +x Wx p x2 λ (  (34.45)

where λ > 0 is the regularization parameter that controls the 
strength of the regularization. The regularization term, U(x), 
typically reflects some prior knowledge about the scanned 
object, x. Among many options, popular choices for U(x) include 
the total variation penalty (Chambolle 2004), smoothness pri-
ors (Tang et al. 2009), and the non-local means prior (Lou et al. 
2010; Zhang et al. 2010).

34.3.2.6 Algorithms for Special Cases

Many algebraic algorithms have been tailored specifically to 
certain applications. These algorithms benefit from exploiting 
various types of prior knowledge about the scanned object, in the 
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sense that artifacts can be reduced, or high quality reconstruc-
tions can be reconstructed from only a few projections. Some 
examples:

• If the object consists of only a few discrete grey lev-
els, the discrete algebraic reconstruction technique 
(DART) has shown great potential for practical appli-
cations (Batenburg and Sijbers 2011; Dabravolski 
et al. 2014). In fact, an entire domain, named “discrete 
tomography”, deals with the reconstructions of such 
objects (Herman and Kuba 2008).

• Often, a segmentation of the reconstruction is of inter-
est. Various algorithms combine the segmentation and 
the reconstruction step into one algorithm, thereby 
simultaneously improving both steps (van Aarle et al. 
2011; Roelandts et al. 2012).

• Specific algorithms have been developed in medical 
imaging for reducing metal artifacts, such as the nor-
malized metal artifact reduction (NMAR) (Meyer et al. 
2010) and the frequency split metal artifact reduction 
(FSMAR) (Meyer et al. 2012) algorithms.

• In region of interest (ROI) tomography, the goal is to 
reconstruct only a small region inside the object. Often, 
certain assumptions are made about the region of the 
object surrounding the ROI, thereby greatly improv-
ing image quality (Hsung and Lun 2000; Anoop and 
Rajgopal 2009; Sidky et al. 2014).

• Another approach consists of changing the acquisition 
protocol from a step-and-shoot approach (i.e., stop-
ping the gantry at each acquisition angle to acquire a 
projection) to a continuous gantry rotation. This can 
be modeled in the reconstruction algorithm, resulting 
in algorithms which are particularly useful for ROI 
tomography (Cant et al. 2015).

34.3.3 Statistical Reconstruction Methods

In this section, a short introduction to statistical reconstruction 
methods is given. First, in Section 34.3.3.1, it is explained that the 
number of detected X-ray quanta follow a Poisson distribution. 
Next, in Section 34.3.3.2, the expectation maximization (EM) 
algorithm is derived. Finally, a class of more stable statistical 
algorithms is described in Section 34.3.3.3.

34.3.3.1 Poisson Distributed Noise

There are three components in X-ray imaging that can be mod-
eled via statistical processes (the reader is referred to Buzug 
(2008) for more details):

• In a typical detector, X-ray photon detection is a statis-
tically independent process. Therefore, the detection of 
multiple photons follows a Binomial distribution.

• The absorption of photons inside the object are also 
guided by Binomial statistics.

• The number of photons that leave the source follows a 
Poisson distribution.

Because Binomial selection of a Poisson process yields 
another Poisson process, the overall statistics can be modeled via 
a Poisson distribution:
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where Ii denotes the number of measured X-ray quanta at the 
ith detector pixel, and Ii

* the expected number of detected X-ray 
quanta*. From Equation 34.46, it follows that
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where I and Ii
* are the column vectors collecting all the values Ii 

and Ii
* for all i, respectively.

34.3.3.2 Expectation Maximization (EM)

The underlying idea of the expectation maximization (EM) algo-
rithm (Rockmore and Macovski 1977; Lange and Carson 1984; 
Lange et al. 1987) is to maximize the likelihood of acquiring the 
observed data while varying the expectation values of the atten-
uation coefficients of the scanned object. It can be derived as 
follows. Substituting the law of Beer–Lambert (i.e., the discrete 
version of Equation 34.3) into Equation 34.47 results in
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(34.48)

where x* denotes the expected attenuation values for the scanned 
object. The product in the likelihood function, L(x*), can be 
rewritten as a sum by taking its logarithm to produce the log 
likelihood function
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Note that the maximization of Equations 34.49 or 34.48 yields 
the same result, since the logarithm is a monotonically increas-
ing function. Therefore, maximizing P(I|x*) (which is the goal of 
the EM algorithm) is equivalent to solving the following optimi-
zation problem:

* This introduces a slight abuse of notation, since I0 was already defined in 
Section 34.2.1. I0 still denotes the radiation intensity at the source (in this 
case expressed in number of photons), whereas Ii (i = 1, …, M) denotes the 
number of measured photons in the ith detector pixel. Throughout this sec-
tion, it is assumed that I0 is the same for all detector pixels. However, all 
derivations can be easily adapted to account for a detector pixel dependent 
I0 value.
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If the log likelihood function, l(x*), is concave, a global maxi-
mum is guaranteed. The concavity of l(x*) can be shown by 
proving in the equivalent condition that the Hessian of l(x*) is 
negative semi-definitive. The reader is referred to Lange and 
Carson (1984) for proof of this statement. Since a global maxi-
mum exists, the Karush–Kuhn–Tucker (KKT) conditions must 
be fulfilled. The  inequality constraint in Equation 34.50 can 
be written in a more standard form for the KKT conditions, as 
g xk k( *) : 0*x = − ≤  for all k = 1, …, N. The KKT conditions 
guarantee the existence of the KKT multipliers λk ∈ R  (k = 1, 
…, N), such that
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 (2) ( ) 0 for all 1*g k Nk x̂ ≤ = ,…,  (34.52)

 (3) 0 for allλk ≥ =k N1, ,…  (34.53)

 ( ) ( ) for all 14 = 0 = ,…,*λk kg k Nx̂  (34.54)

Conditions (1), (2), (3), and (4) are typically referred to as the 
stationarity condition, the primal feasibility condition, the dual 
feasibility condition, and the complementary slackness condi-
tion, respectively. The first condition (Equation 34.51) is equiva-
lent to
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Substituting Equation 34.55 in the third and fourth conditions 
(Equations 34.53 and 34.54) yields
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By calculating the partial derivative of l with respect to xk
* , 

Equation 34.57 can be rewritten as
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In terms of the log-corrected projection data, pi = −ln(Ii/I0), 
Equation 34.60 can be rewritten as
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From Equation 34.61, a fixed point iteration scheme can be 
derived. Starting from a non-zero reconstruction, x xk

( ) ( )( )0 0= , 
each individual pixel is updated as
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The iterative algorithm in Equation 34.62 is the expectation 
maximization (EM) algorithm. In summary, the EM algorithm 
consists of the following steps:

 1. Starting from the current estimate, x(n), simulate the 

projection data with e j
N

ij j
nw x−∑ =1

( )

 for i = 1, …, M.

 2. Back-project the simulated projection data. For the 
pixel with index k, this is achieved by processing all 
rays, and for each ray adding the corresponding simu-
lated projection value multiplied with the intersection 
length of that particular ray with pixel k, thus
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 3. Also, back-project the measured projection data, e pi−  
for i = 1, …, M. In the kth pixel, this corresponds to
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 4. Compare the back-projected simulated projection data 
to the back-projected measured projection data by cal-
culating the ratio
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 5. This ratio is multiplied in a pixel-by-pixel manner with 
the current reconstruction, x(n), to produce an improved 
reconstruction, x(n + 1). The algorithm returns to step 1 
and terminates based on some stopping criterion.
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In practice, the EM algorithm of Equation 34.62 is rather 
unstable. Often some regularization term is added to the objec-
tive function in Equation 34.50, in order to improve the algo-
rithm’s stability. This is discussed in the following section.

34.3.3.3  Maximum A Posteriori 
(MAP) Reconstruction

In contrast to the EM algorithm, where the probability P(I|x*) 
is maximized, the posterior probability, P(x*|I), is maximized 
with respect to x* in the maximum a posteriori (MAP) approach 
(Lange and Fessler 1995). With Bayes’ theorem, the posterior 
probability, P(x*|I), can be written as a function of the condi-
tional probability, P(I|x*):
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The product in Equation 34.66 can be transformed into a sum 
by taking the logarithm
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Maximization of Equation 34.67 over x* is equivalent to mini-
mizing − ln (P (x*|I)), such as
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where the irrelevant terms in the objective function were ignored. 
With the result in Equation 34.49 and by ignoring all irrelevant 
terms, the minimization problem in Equation 34.68 can be 
rewritten as
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A MAP reconstruction method solves the optimization prob-
lem in Equation 34.69. The term −ln(P(x*)) typically represents 
the state of knowledge about the object x*. It is often referred to 
as the regularization term, U (x*) = −ln(P(x*)). With this nota-
tion, the MAP optimization problem becomes
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A connection with the optimization problem in Equation 34.45 
can be made as follows. First, rewrite Equation 34.70 by intro-
ducing p w xi j

N
ij j

* *= ∑ =1 :
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Next, calculate a second-order Taylor expansion of I p I ei i
pi* *+ −

0  
around the log-corrected measured projection values, pi, which 
results in (see Buzug (2008) for a detailed calculation):
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with D = diag(I1, I2, …, IM). The only difference with Equation 
34.45 is the weighting by the diagonal matrix, D. Again, vari-
ous choices can be made for the regularization term, U(x*) 
(Chambolle 2004; Tang et al. 2009; Lou et al. 2010; Zhang et al. 
2010). The optimization problem in Equations 34.72 and 34.70 
can be optimized with a variety of algorithms (Lange and Fessler 
1995; Tang et al. 2009). In general, algorithms based on the MAP 
principle are more stable than EM-like algorithms.

34.4 Dynamic Computed Tomography

In Sections 34.2 and 34.3, the classical tomography model was 
described, which assumes the scanned object to remain unaltered 
throughout the entire data acquisition process. This assumption 
is no longer valid in dynamic computed tomography, where 
projections are acquired from a time-varying object. Each pro-
jection, hence, corresponds to a different instance of the time-
varying object, as is illustrated in Figure 34.12.

The most well-known application of dynamic CT can probably 
be found in medical CT (see also Section III, Chapter 41, for 4D 
CT diagnostic imaging). The motion of the heart and/or lungs 
cause tissue to deform during the imaging process, making the 
tomography problem a dynamic one (Nehmeh and Erdi 2008). 
In gated CT, projections are sorted into several phase bins, and 
a reconstruction is generated separately for every separate phase 
bin. The sorting is typically performed with an external breath-
ing or electrocardiogram (ECG) signal (Low et al. 2003; Vedam 
et al. 2003; Nieman 2014a). In order to improve reconstruction 
quality, the correlation of reconstructions at adjacent phases can 
be exploited by temporal regularization (Jia et al. 2010; Gao et al. 
2011). Approaches without gating typically incorporate motion 
models into the reconstruction algorithm (Rit et  al. 2009; Van 
Eyndhoven et al. 2012; Van Nieuwenhove et al. 2017). Another 
medical dynamic CT application is perfusion CT, where a con-
trast bolus is injected into the patient’s blood stream and the local 
concentration changes in an organ of interest (brain, lung, liver, 
etc.) are monitored (Miles and Griffiths 2003). The same type of 
dynamic problems are naturally also encountered in small ani-
mal imaging (Schambach et al. 2010).

Dynamic CT problems are also frequently encountered in 
material research. In pressure tests, an incrementally increasing 
pressure is applied to a sample, while simultaneously monitor-
ing the changes inside the sample (Shi et al. 1999; Elliott et al. 
2002; Landis et  al. 2006). Rigid sample motion, causing the 
projections to be misaligned, or affine deformation (scaling and 
rotation) is a typical problem encountered in X-ray imaging. 
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Fortunately, solutions exist to estimate affine deformations, 
without the need for a computational intensive iterative recon-
struction scheme (Nieuwenhove et al. 2017). Other examples of 
dynamic CT include sample changes (while scanning) due to 
radiation damage (Luther 2007; Stern et al. 2009), the monitor-
ing of root growth over time (Tracy et al. 2010), imaging the solar 
corona (Butala et al. 2010), the investigation of micro-structural 
changes during development of internal flesh browning of apples 
(Herremans et al. 2013), etcetera.

When dealing with time-varying objects, an extra dependency 
on time is introduced. Therefore, the object’s attenuation coeffi-
cient function is represented by f(x, y, t). The projection value model 
of Equation 34.29, hence, also includes the time dependency, i.e.,
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where ti represents the point in time at which the ith projection 
value was acquired.

In the algebraic setting, the dynamic object is typically repre-
sented as a time series of images, xr

N∈ R , where each r ∈ {1, 
…, R} is the index referring to a particular point in time (i.e., 
a time frame), and R is the total number of time frames. The 
entire time series is represented by the vertical concatenation of 
x1, x2, …, xR, such as, � …x x x x: ( , , , )= ∈1 2

T T
R
T T RNR . To recon-

struct this time series of images, projection data is acquired for 
each time frame by rotating source and detector multiple times 
around the object, or, equivalently, by rotating the object itself in 
between a fixed source and detector. Standard approaches then 
typically reconstruct the object at each time frame individually, 
solely based on the projection data corresponding to a single 
180° or 360° rotation. For every r ∈ {1, …, R}, let pr

M∈ R  
be the measured projection data corresponding to the rth  time 
frame. Define W ∈ ×RRM N  as the forward projection matrix that 
models all  projection angles, and Wr

M N∈ ×R  as the sub-matrix 

of W that models the forward projection for the rth time frame. 
Furthermore, let the full vector of measured projection data, 
�p RM∈ R , be the vertical concatenation of p1, p2, …, pR, and �W  
the block diagonal matrix consisting of blocks W1, W2 … WR. In 
summary, we have introduced the following notations:
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and
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Analogously to the reconstruction problem for the static case, 
the goal in dynamic tomography is to find a reconstruction �x  that 
minimizes

 
�� �Wx p−

 
(34.76)

for some norm ||⋅||. If only a few projections are available per time 
frame, finding �x such that Equation 34.76 is minimal represents 
an ill-posed problem. This is mainly due to the large null space 
of the forward operator, �W, and the noise in the measured pro-
jection data, �p. Therefore, directly minimizing Equation 34.76 
for �x (e.g., by applying SIRT separately to the projection data, 
pr, for r = 1, …, R) will typically result in a solution �x, which 
is fully dominated by noise. This problem can be alleviated by 
imposing constraints/models on the reconstruction, �x, resulting 

Stationary object Dynamic object

Detector pixel Detector pixel

θθ

FIGURE 34.12 The effect of a time-varying object on the sinogram, illustrated with the Shepp–Logan phantom. In the left part of the figure, the sinogram 
corresponding to a stationary object is visualized. In the right part of the figure, the effect of a deformation in the same object on the sinogram is illustrated.
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in a smaller solution space. The connection between the dif-
ferent time frames, xr (with r = 1, …, R), is modeled, thereby 
basically reducing the degrees of freedom for the reconstruction 
algorithm in a model-compliant manner. The more accurately 
modeled reconstruction problem results in solutions that are less 
dominated by artifacts and more accurately represent the true 
underlying solution.

As was suggested in the previous paragraph, modeling the 
connection between the different time frames can be benefi-
cial. If the information from reconstructions at different time 
frames is combined, it becomes important to avoid redundant 
information as much as possible. This can be achieved by 
changing the conventional acquisition angle selection schemes 
to more advanced. In what follows, three different ways of 
selecting the acquisition angles for the projection data cor-
responding to each time frame are introduced. Let Mt denote 
the number of projections acquired per time frame, and Md the 
number of detector elements per projection (this implies that 
the total number of projection values per time frame is given by 
M = MtMd). Next, denote the projection angle for the lth pro-
jection as ωl (l = 1, …, MtR). This notation allows us to define 
the following three angle selection schemes, which are visual-
ized in Figure 34.13:

 1. Conventional decomposition: For each 180° rotation, 
the same (equiangular) projection angles are selected. 
This approach is the most widely used and suffices if 

the scanned object is reconstructed independently at 
each time frame. The angles are selected as follows:

 ω ωl tl l M R= − =( ) , ,1 1Δ …  (34.77)

  where ω πΔ = /Mt. This angle selection scheme is 
illustrated in Figure 34.13a.

 2. Binary decomposition: Analogously to the conven-
tional decomposition, the acquisition angles in each 
180° rotation are chosen equiangularly. However, a 
small angular shift is applied to the starting angle after 
each 180° rotation. The first Mt equiangular projec-
tion angles are chosen as ω ω π ωl l= ∈ −Δ Δ( ) [ , ]− 1 0  
for l = 1, …, Mt. The other projection directions are 
defined as
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(34.78)

  for l = 1, …, Mt, k R Mt=  1, ,… /  and kMt + l ≤ MtR. 
The angles ω1, ω2, …, ω2Mt are schematically displayed 
in Figure 34.13b. The small incremental step, k

R
π

, in 
Equation 34.78 ensures that there exist no two projec-
tion directions that are equal modulo π. This is benefi-
cial for reconstruction algorithms that aim at combining 
information from different time frames. On the one 
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FIGURE 34.13 Illustration of three different approaches to select the acquisition angles in dynamic CT. (a) Conventional decomposition, (b) binary 
decomposition, (c) golden ratio decomposition.
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hand, using the same projection angle (modulo π for 
parallel beam and modulo 2π for fan beam) more than 
once increases the signal-to-noise ratio (SNR). On the 
other hand, this will introduce redundant angular infor-
mation, since the rays going through stationary regions 
(that is, regions inside the object that do not change over 
time) give the same projection values (up to noise). This 
situation is avoided by choosing the projection angles 
via Equation 34.78. Furthermore, Equation 34.78 guar-
antees that each subsequent Mt projection directions 
cover a range of approximately 180°, thus avoiding lim-
ited view artifacts.

 3. Golden ratio decomposition: In the “golden ratio” 
scanning scheme, source and detector are rotated over 
a fixed angular step of Δ =ω π( )1 + 5 2/  radians to 
determine the next acquisition angle (Kohler 2004; 
Kaestner et  al. 2011). More precisely, the projection 
angle, ωl (l = 1, …, RMt), is defined by

 

ω π πl l= −
+( )










( ) mod1

1 5

2
 

  In the binary decomposition, the user must select the 
number of projections per time frame before the experi-
ment starts. The golden ratio scanning scheme is more 
flexible in the sense that it allows the user to select an 
arbitrary number of projections per time frame after 
the data acquisition, while still approximately covering 
equiangular positions over the entire angular range for 
each time frame (Kaestner et al. 2011). This allows the 
user to balance the temporal and spatial resolution a 
posteriori, which is a useful property in many applica-
tions. Furthermore, the golden ratio decomposition also 
ensures that the same projection angle is never selected 
twice.

34.5 Conclusion

X-ray CT allows one to visualize the interior of objects by 
acquiring a set of radiographs (projections) and reconstructing 
an image from this set of measured projections. Fast analytic 
reconstruction methods exist based on filtered back projection. 
However, they only generate high quality reconstructions if 
many projections are available from all angles. If not, one can 
resort to computationally more intensive (and, hence, slower), 
iterative reconstruction methods that often lead to much bet-
ter image quality, certainly if appropriate prior knowledge is 
exploited. The most common iterative reconstruction methods 
have been reviewed and discussed in this chapter.
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35
X-ray Cone Beam Computed Tomography

Kai Yang

Cone beam computed tomography (CBCT) is a versatile tomo-
graphic X-ray imaging modality that utilizes two-dimensional 
(2D) area detectors to acquire X-ray projection images around a 
three-dimensional (3D) object. The name of “cone beam” is in con-
trast to the traditional “fan-beam” geometry of clinical computed 

tomography (CT) systems, which typically collimate the X-ray 
beam into a relatively narrow slit (see Section III, Chapter 32). 
Thus, the acquisition process of CBCT is very similar to X-ray 
fluoroscopy (see Section II, Chapter 21), except that the X-ray tube 
and the area detector rotate around a common isocenter during the 
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exposure. Cone beam CT systems normally do not require a com-
plicated mechanical gantry as in a clinical CT scanner and are, 
therefore, much easier (and cheaper) to build. More importantly, 
due to the large coverage area of the 2D area detector, a single 
rotation will be sufficient to image a certain sized volume (such as 
an entire organ). This avoids the synchronized rotation with table 
increment (the helical scan) and reduces the potential of object 
motion during the acquisition. Other key advantages of CBCT 
when comparing to fan-beam CT include the better in-plane spa-
tial resolution and naturally iso-tropical resolution in 3D. Given its 
flexibility and acquisition efficiency, CBCT has emerged as one of 
the most widely utilized modalities throughout the entire field of 
biomedical imaging and non-destructive evaluation (NDE) (see 
Section III, Chapter 45). In this chapter, we will first introduce 
the development of cone beam CT and the basic concept of CBCT 
data acquisition and image reconstruction. Then the focus will 
be on its broad application spectrum and technical issues related 
to image quality and radiation dosimetry. We will also cover the 
major challenges and technical keys related to CBCT. Future 
directions will be reviewed at the end of the chapter.

35.1 Basics about CBCT

35.1.1 Development of CBCT

Bearing the same fundamental concept of data acquisition and 
image reconstruction, CBCT has always been regarded as a sim-
plified alternative of clinical CT systems. CBCT was initially 
developed for biological specimen and small animal imaging in 
the 1980s, and given the name “micro-CT” due to the typical 
reconstructed image pixel sizes being in the magnitude of microns 
(µm) (see Section III, Chapter 36). These systems typically utilize 
a Charge Coupled Device (CCD) or Complementary Metal-Oxide 
Semiconductor (CMOS) X-ray detector with a sensitive area less 
than 10 cm × 10 cm. Originally, micro-CT scans were relatively 
slow due to the limited X-ray tube output and detector read-out 
speed. A typical scan will take 10–20 minutes. Currently the 
state-of-art cone beam micro-CT systems are commercially avail-
able with detector pixel sizes less than 50 µm and read-out speeds 
of 60 frames per second or higher. A complete CBCT acquisition 
of 500 frames will take between 10 and 20 seconds.

With the development of large area digital X-ray detectors with 
a sensitive area up to 30 cm × 40 cm, it is feasible to build a cone 
beam CT system to image human objects. These detectors are 
typically called “flat-panel detectors,” and were originally devel-
oped for X-ray digital radiography and fluoroscopy. Many clinical 
applications of flat-panel detector based CBCT systems have been 
quickly utilized, including the on-board imager for radiation ther-
apy guidance and dedicated breast CT. With the transition from 
image-intensifier based fluoroscopy to flat-panel based fluoroscopy 
(see Section II, Chapter 27), a standard C-arm system (with the 
X-ray tube and detector mounted on a “C” shaped gantry) can nat-
urally produce CBCT data if the angular information of the gan-
try during acquisition is available. These systems provide extreme 
flexibility to guide clinical procedures, especially when a standard 
clinical CT system is not available within the procedure room.

CBCT has also been widely used in non-medical applica-
tions, such as Non-Destructive Evaluation (NDE) of defects in 

machine parts (see Section III, Chapter 45) and 3D evaluation 
of archeology specimens (see Section IV, Chapter 58). For these 
applications, the imaging objects can be as large as a wing of 
an airplane, and as small as an Integrated Circuits (IC) board. 
Given the natural 3D format of the reconstructed volumetric data 
from CBCT, it provides a convenient and accurate 3D model for 
prototyping, especially with the new development of 3D printing.

35.1.2 Major Components of CBCT

Here we will focus on the most common type of CBCT systems, 
and the major components always include an X-ray tube, an area 
X-ray detector, and a rotating gantry that can either rotate the X-ray 
tube and detector or the imaging object within a “rotation plane.”

For the X-ray tubes used for cone beam CT, key parameters 
include the overall power (ranges from several Watts to 15 kilo-
watts, limiting the scanning speed), maximal tube potential 
(ranges from 30 kilovolts to 80 kilovolts, affecting the beam pen-
etrability), focal spot size (ranges from a few microns to several 
hundred microns, affecting image resolution), and focal spot loca-
tion within the tube (affecting the system design, see the applica-
tion with dedicated breast CT in Section 35.2.4) (see also Section 
I, Chapter 2, for a description of X-ray tubes). The X-ray tube can 
be either working under pulsed mode (with X-ray intensity turned 
on and off periodically) or continuous mode (with X-ray inten-
sity turned on during the entire acquisition). For the flat-panel 
detector, key parameters include the detection quantum efficiency 
(DQE, affecting the tradeoff between image quality and radia-
tion dose to the object), pixel size (ranges from a few microns 
to several hundred microns, affecting image spatial resolution), 
overall area (ranges from a few square centimeters to a few thou-
sand square centimeters, affecting the magnification factor and 
the largest object size that can be covered), and the read-out speed 
or frame rate (ranges from a few frames per second to several 
hundred frames per second, affecting the scanning speed). The 
last important component is the driving motor that either rotates 
the entire gantry with the X-ray tube and flat-panel detector or 
the imaging object. This motor is typically capable of providing 
smooth rotation in accurate synchronization with X-ray exposure 
and detector read-out. It is very critical for the motor system to 
provide an accurate angular location of each acquired X-ray pro-
jection; typically the resolution should be within 0.1 degrees.

35.1.3 CBCT Geometry and Data Acquisition

Very similarly to clinical CT, there are two major steps to gener-
ate tomographic information of the imaging object with CBCT: 
data acquisition and image reconstruction. CBCT data acquisi-
tion is the process of recording X-ray projection images as indi-
vidual radiographs at different viewing angles around the object. 
This process is most commonly achieved by rotating the X-ray 
tube and detector through a completed 360-degree rotation 
within a single plane, and is typically much slower (from several 
seconds to several minutes) compared to a clinical CT. However, 
depending on the specific imaging task and system design, dif-
ferent rotation trajectories or angular ranges have been proposed.

As shown in Figure 35.1, individual X-ray “projection” of the 
object is recorded by the detector at a certain angle, just like 
acquiring a series of X-ray radiograph or a fluoroscopy sequence. 
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The comparison of “cone beam” versus “fan-beam” is also shown 
in Figure 35.1. The so-called “fan angle” and “cone angle” are 
defined as the angles that measure the angular span of the X-ray 
beam parallel and orthogonal to the rotation plane, respectively. 
The central rotation axis of the gantry, which is perpendicular to 
the rotation plane, is called the “isocenter.” The X-ray beam path 
that is parallel to the rotation plane and perpendicular to the rota-
tion axis is called the “central ray,” and its location is typically 
defined by its interception coordinate with the imaging detector.

Similar to all the X-ray imaging modalities, the object is 
geometrically magnified onto the detector and, thus, the X-ray 
shadow is larger than the object. A so-called magnification factor 
is defined as:

 
Magnification factor

Size of the object on the image
Physical size o

=
ff the object

.
 

(35.1)

For CBCT, it is also important to locate the isocenter of the 
entire rotation, and the magnification factor can also be defined as:

 
Magnification factor

Source to image distance
Source to isocenter

=
ddistance

.
 

(35.2)

A typical magnification factor is chosen between 1 and 2. 
There are several competing issues that affect the choice of an 
ideal magnification factor. Due to the finite-size of the X tube 
focal spot, a larger magnification factor will cause more blur-
ring on the projection image. On the other hand, a larger mag-
nification factor can help improve the native spatial resolution 
of the detector, but requires a larger imaging area (thus higher 

manufacturing cost) of the detector. Another important issue is 
that a larger magnification factor will increase the so-called “air 
gap” between the imaging object and the detector, and alleviate 
X-ray scattering. We will discuss the above issues in detail in 
later sections of this chapter.

35.1.4  Basic Concept of CBCT Image 
Processing and Reconstruction

Image reconstruction for CBCT refers to the mathematical proce-
dures which convert the acquired 2D projection data into a stack 
of cross-sectional images of the 3D subject, with the aid of a com-
puter (this is where the “computed” tomography came from). The 
2D projection images acquired with the flat-panel detector need to 
be first processed through two important procedures before they 
are fed into the reconstruction engine. The first procedure is the 
so-called “flat-field” processing. This is to correct for the non-uni-
formity within the image and, thus, to make the corrected object-
free image “flat” in appearance. We will talk about the causes of 
these non-uniformities and the details on how to correct for them 
in a later section. Right now, we can assume a simplified approach 
in which two images need to be pre-acquired without any object, 
an image without X-ray exposure (so-called offset image) and an 
image with a high level of X-ray exposure (so-called gain image). 
Then the “corrected” X-ray image of the object can be achieved by:

 
Flatfielding corrected image

original image offset image
gain im

=
–

aage offset image
.

–  
(35.3)

The above correction is actually performed on a pixel-by-pixel 
base, followed by dead-pixel correction (using the averaged value 
from neighboring pixels to replace the dead pixel). Figure 35.2 
shows an example of a projection image before (a) and after (b) 
flat-fielding correction. We will cover this topic in more details 
in the Section 35.4.

Following the flat-fielding process, the inverse logarithmic 
process is a key step to process projection images for CBCT 
reconstruction. This process is basically the inverse of so-called 
Beer’s law (see Chapter 1), and converts the measured X-ray 
intensity at a detector pixel to a value that is proportional to the 
integrated linear attenuation coefficient, ∫µ(t)dt, along a straight 
line that connects the focal spot to the detector pixel. The inverse 
logarithmic process can be simply described by:

 
P m n t dt

I
I m n

( , ) ( )
( , )

,= =










∫ µ ln 0

 
(35.4)

where I(m, n) is the X-ray intensity measured at the detector pixel 
located at index (m, n), and I0 is the X-ray intensity measured 
without any attenuation. Using P(m, n) = ∫µ(t)dt as the input for 
reconstruction creates an image where the voxel intensity values 
directly reflect the attenuation coefficients, µ, at the correspond-
ing location within the object.

CBCT image reconstruction can be considered as a math-
ematical problem, similar to solving a large number of linear 
equations (determined by individual projection rays on each 
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FIGURE 35.1 Concept of CBCT imaging. Comparison between fan-beam 
and cone beam CT geometry.
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detector pixel, as in Equation 35.4) for a large number of attenu-
ation coefficients (at individual reconstructed voxel locations). 
Therefore, the total number of equations = number of projec-
tion views × number of detector pixels per projection view. For 
a typical 500 projection views over 360 degrees and 1024 × 768 
pixels from a flat-panel detector, the number of equations is 
3.9 × 108. If the reconstructed dataset is 512 × 512 × 512, 
the number of unknowns is 1.3 × 108. This is a very compu-
tational expensive process and can be solved by two differ-
ent approaches: analytic or iterative. The concepts of both 
approaches have been described in detail in other chapters. For 
CBCT, the direct analytic reconstruction has its unique value 
of easy implementation and fast computation speed and, thus, 
has been the most commonly used reconstruction method (see 
Section III, Chapter 33). However, the analytic reconstruction 
has over-simplified assumptions such as: the X-ray focal spot 
is an ideal point source; there is no X-ray scattering; there is 
sufficient projection information to accurately solve for all the 
voxels. Apparently, these factors all need to be taken into con-
sideration if more accurate reconstruction is desired and espe-
cially in some unique situations when the goal is to reduce the 
number of projection views and the X-ray intensity at each view 
(in order to reduce the radiation dose or scanning time for prac-
tical reasons). Then a more complicated iterative approach will 
be more desirable at the cost of the computation time. Due to 
the limited scope of this chapter, we will focus on the analytic 
method. The analytic reconstruction of CBCT is a direct exten-
sion of fan-beam CT reconstruction, which is explained in detail 
in Chapters 33 and 34. Here we will briefly cover the basic con-
cept and unique issue related to CBCT and go into more details 
on the theory of Feldkamp–Davis–Kress (FDK) reconstruction 
and its practical implementation in Section 35.4.

As described in Chapter 33, filtered back projection (FBP) is 
the most straightforward and widely utilized approach for fan-
beam CT reconstruction. Intuitively, “backprojection” is the 
mathematical process that geometrically reverses the physical 
process of X-ray projection acquisition. With the goal to exactly 
solve the unknown distribution of attenuation coefficients of a 
2D plane within the object, it is necessary to “backproject” X-ray 
projections acquired from a minimal angular range (specifically 
180 + fan angle). As covered in detail in Chapter 33, the projec-
tion data also has to be mathematically filtered by a “ramp” filter 
before back projection, in order to achieve accurate reconstruc-
tion results. It is worth noting that the above-mentioned process 
naturally involves a single 2D plane and needs to be repeated 
throughout the longitudinal direction of a 3D object. For the 
case of CBCT, although the same concept of back projection still 
applies, the geometry is much more complicated. Simply back 
projecting all the pixel values (after the inverse logarithmic pro-
cess) from a 2D projection will involve multiple planes across the 
object. However, the majority of back projection rays will inter-
cept with these planes through an oblique angle. As shown by 
Tuy (1983), mathematically the CBCT reconstruction is no lon-
ger an exact reconstruction for the entire object volume, except 
for the central image plane, where all the back projected rays are 
within the same plane to be reconstructed. The so-called “cone 
beam artifact” can occur for the reconstructions planes other than 
the central plane, and gets more apparent with increasing cone 
angles. Given this limitation, Feldkamp et al. (1984) proposed an 
approximate CBCT reconstruction approach by simply extend-
ing the FBP fan-beam reconstruction model into 3D geometry. 
This is the most widely used CBCT reconstruction algorithm (the 
so-called “FDK” method). Their approach first applies 1D filter-
ing on each row of the projection data, assuming this is the direc-
tion parallel to the rotation plane. Then the back projection can 
be simply performed by tracing the coordinate of an image pixel 
back to the X-ray focal spot, as shown in Figure 35.3. There are 
two mathematically equivalent approaches to implement back 
projection: ray-driven and voxel-driven. The ray-driven approach 
is more naturally matching the concept of back projection (as 
shown in Figure 35.3) in which the pixel value from each detector 
pixel is distributed to all voxels along the straight line that con-
nects the X-ray focal spot and the same detector pixel. This is a 
sequential process where the reconstruction process needs to go 
through each projection ray one-by-one. On the other hand, for 
the voxel-driven approach, each voxel within the 3D dataset is 
determined by summing the corresponding detector pixel values 
at different projection angles. The advantage of voxel-driven is 
the independency of each voxel during reconstruction and, thus, 
the reconstruction can be naturally performed simultaneously (or 
in parallel) as long as the projection data is readily available. 
This potentially enables the division of the reconstruction task 
into sub-sets, which can be distributed to multiple computation 
equipment, such as multiple Graphics Processing Units (GPU).

Since the reconstruction accuracy of CBCT is fundamen-
tally limited by the maximal cone angle range for CBCT, most 
CBCT systems are designed with a cone angle range within 
±15 degrees. Also, due to the approximation nature of the FDK 
reconstruction, the reconstructed CBCT image pixel values are 
typically less reliable than traditional Hounsfield Unit (HU) val-
ues from fan-beam CT images.

FIGURE 35.2 Flat-fielding. A projection image of a mouse specimen 
acquired from a flat-panel detector. (a) The raw image before flat-fielding 
correction. (b) The same image after flat-fielding correction.
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35.2 CBCT Applications

35.2.1 Specimen and Small Animal Micro-CT

The early specimen micro-CTs were built as table-top systems in 
which the X-ray tube and the detector were mounted stationary 
on opposite sides of a rotating stage. The specimen to be imaged 
is typically restrained to the rotating stage, which is driven by 
a stepping motor. Figure 35.4 shows an example of a speci-
men micro-CT system with this design and example specimen 
images. The initial and most suitable biomedical application for 
micro-CT was for bone specimen imaging, given its advantage of 
high spatial resolution and excellent image contrast. Other appli-
cations for soft tissue specimen imaging have also been explored, 
and we still face the challenge of reduced image contrast.

From the technical aspect, the major challenge of micro-CT 
design is how to firmly rotate a biological specimen as accurately 
as the stepping motor’s angular encoder without artificially 
deforming the typically non-rigid specimen. With advanced 
mechanical designing, currently many commercial micro-CT 
systems had adopted the design of a rotating gantry. Just like 
a clinical CT system, these systems utilize an object bed (low 
X-ray attenuation, typically made of carbon fiber) to hold the 
specimen still during acquisition. The X-ray tube and detector 
rotate around the object. The main challenge for this design is the 
cable management. To avoid the cables (for the X-ray tube and 
detector’s power supply and data transmission) tangled together 
during rotation, a simple solution is to limit the scan to perform 
single rotation, and the entire system needs to rewind after each 
scan. The advanced method involves a so-called “slip-ring” 

design, just as universally used in clinical CT. With a slip-ring, 
the power supply and data transmission all go through two sets 
of concentric and conductive metal rings. The inner ring rotates 
independently from the outer ring for CT acquisition while main-
taining conduction with the outer ring. This approach apparently 
requires much higher hardware costs and is not typically utilized 
for specimen micro-CTs. We will see it being more realized for 
other high-end CBCT applications.

Besides biological specimen imaging, small animal (domi-
nantly mice and rats) imaging is another important application 
of CBCT. CBCT provides a convenient benchtop tool to explore 
in vivo 3D anatomical information and functional information 
(with the help of special contrast enhancement) within an ani-
mal. The major challenge for small animal micro-CT include 
two major aspects: (1) how to achieve the desired high spatial 
resolution (ideally a few microns in image pixel size) given the 
many practical limitations of X-ray tube power, focal spot size, 
detector pixel size, radiation dose to the animal, and scanning 
time; and (2) how to achieve sufficient soft tissue contrast given 
the polyenergetic X-ray nature and subtle differences in attenu-
ation properties between different tissue types. We have a much 
more detailed chapter on this topic in Chapter 36.

35.2.2 CBCT Guidance for Radiation Therapy

In the field of radiation therapy, high energy gamma ray photons 
generated from a linear accelerator are aimed at a targeted tumor 
within a patient’s body. With the goal to accurately damage the 
cancer cells with ionizing radiation while sparing the surround-
ing healthy tissue, a simultaneous tracking and targeting of the 
tumor is crucial. The so-called image-guided radiation therapy 
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FIGURE 35.3 Concept of back projection. Comparison between 2D and 
3D back projection. Highlighted boxes for 2D and cubes for 3D indicate the 
locations of image elements whose values are back projected by the same 
pixel from the projection image.
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FIGURE 35.4 A micro-CT system with example specimen images. (a, 
b), CAD drawing and picture of the prototype system. (c–f) Images from 
a breast cancer specimen, (c) micro-CT image of one slice of the specimen 
as pictured in (d), (e) pathological image of the same slice with a ×10 zoom. 
Clear surgical margins (arrow) and a cancer-related micro-calcification (cir-
cle) can be clearly visible from the micro-CT image. (f) A 3D rendering of 
the entire specimen using the micro-CT volume data.
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(IGRT) refers to frequent imaging of the patient during the course 
of treatment, and adapting the treatment plan with the updated 
image guidance. Due to the simplicity of the design of a CBCT 
system, it can be conveniently added onto a radiation treatment 
gantry (see also Section III, Chapter 44). As shown in Figure 
35.5, the CBCT system is typically mounted on a set of retract-
able arms which are 90-degrees away from (thus, orthogonal 
to) the treatment gantry. Both the X-ray tube and the flat-panel 
detector can be translated to the “parking” position during the 
treatment and back to the imaging position when necessary. The 
key feature of this type of design is that the treatment gantry and 
the CBCT gantry share the same rotation center. A typical CBCT 
scan for radiation therapy takes 15 to 60 seconds. The CBCT 
images can provide high-quality volumetric information of the 
targeted tumor and the patient positioning, with sub-millimeter 
image resolution. Computer algorithms can compare the CBCT 
images with the pre-acquired treatment planning CT images and 
accurately adjust the treatment plan with regard to the translation 
and deformation of the targeted tumor.

The major challenge for this application is the limited detec-
tor coverage. A typical flat-panel detector is about 30 × 40 cm2. 
With a magnification factor around 2, it can only cover a circular 
field of view within a diameter of 20 cm (40/2). This may not 
be sufficient to cover a large patient (size may be up to 35 cm in 
diameter). To overcome this limit, currently the commercially 
available CBCT systems for radiation therapy guidance utilize 

a compromised approach by shifting the flat-panel detector off-
center (as shown in Figure 35.5). By mathematically interpolating 
the acquired (so-called “half-fan”) data, a complete reconstruc-
tion of an extended field of view can be achieved.

35.2.3  CBCT for Interventional Radiology 
and Surgical Guidance

Traditionally, interventional radiologists and surgeons rely on 
2D imaging solutions such as radiography, fluoroscopy, and 
digital subtraction angiography (DSA) for procedure guidance. 
Advances in angiographic interventions, orthopedic surgery, 
and surgical oncology procedures have increasing needs for 
accurate 3D characterization of targeted anatomical locations. 
A clinical whole-body CT scanner is typically not available in 
these procedure rooms thus, can only provide pre- and post-pro-
cedure images for planning and verifications. For real time or 
intra-operative 3D guidance and feedback, CBCT were conve-
niently developed based on a small modification over available 
fluoroscopy systems designed with a mobile gantry, typically 
called “C-arm.” These C-arm systems are flexible to rotate and 
translate the X-ray gantry around the patient bed. The current 
state-of-art C-arm systems utilize flat-panel detectors and, thus, 
can naturally perform CBCT scans if the gantry rotation angle 
can be accurately recorded for each projection image. These in-
suite CBCT have many important clinical applications, includ-
ing the 3D characterization of aneurysm, orthopedic surgery 
guidance, head and neck neurosurgical procedure guidance, 
etcetera. With the high spatial resolution of the flat-panel detec-
tors, C-arm CBCT systems can achieve sub-millimeter resolu-
tions (comparable to or even higher than a whole-body clinical 
CT scanner) and very good contrast for bony-structures. Figure 
35.6 shows a commercial C-arm mounted CBCT system and 
example images.

The main challenges of this type of C-arm CBCT system 
include a less rigid gantry to prevent motion, limited angular 
sampling (typically less than 360 degrees), reconstruction arti-
facts due to incomplete sampling (i.e., cone beam artifact, will 
be covered in later section), and relatively higher image noise due 
to dose limitation.

35.2.4 Dedicated CBCT for Breast Imaging

Breast cancer is one of the leading causes of cancer death in 
women, and early detection through imaging is the most effec-
tive solution to reduce the death rate. Since the 1980s, mam-
mography has been widely accepted as the first choice for breast 
cancer screening for women. Similar to other X-ray radiographic 
techniques, mammography has been greatly improved with the 
development of digital X-ray detectors since 2000. Currently, 
full field digital mammography (FFDM) has been serving as the 
routine imaging solution for not only breast cancer screening, 
but also breast cancer diagnosis and treatment guidance. Large-
scaled clinical trials had shown that annual screening mammog-
raphy for women older than 40 greatly reduced the cancer death 
rate, with a cancer detection rate close to 83% (Kopans et  al. 
2008; Pisano et al. 2008, 2009). The readers can refer to Chapter 
19 for more details on mammography. The major limitation of 
mammography is the so-called issue of “tissue-superposition,” 
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FIGURE 35.5 CBCT On-Board Imager™ device (OBI) for radiation ther-
apy guidance. Image courtesy of Varian Medical Systems Inc. Copyright 
2017. All rights reserved.
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due to the radiographic nature in which the 3D anatomical infor-
mation within a breast is projected onto a 2D X-ray image. With 
all the tissues overlapped through X-ray projection, there is the 
potential that small tumors might be missed. This is the funda-
mental limitation for mammography, especially for women with 
dense breasts (thus, more glandular tissue will obscure a poten-
tial tumor). For dense breasts, the effectiveness of mammogra-
phy to detect cancer greatly decreases. Unfortunately, younger 
women tend to have denser breasts and worse clinical outcome 
with a delayed detection of breast cancer.

The abovementioned limitation for mammography calls for a 
tomographic imaging solution. There were studies reported using 
whole-body clinical CT for breast cancer imaging. However, the 

image resolution is too low (∼1 mm, compared to ∼0.1 mm of 
mammography) and other important organs of the patient (heart 
and lungs) will receive unnecessary direct beam radiation. In 
1972, dedicated breast CT (with only the breasts in the pri-
mary beam) was initially tested by GE and Kansas University. 
However, due to the limited technique of X-ray detectors, the 
images cannot provide sufficient quality for clinical application. 
With the development of flat-panel detectors, it seems feasible to 
perform high-quality CBCT for breast cancer detection. Boone 
et  al. (2001) published a seminar work calculating the radia-
tion dose to the glandular tissue within a breast by simulating a 
dedicated CBCT procedure. In this work, a CBCT scan for the 
breast is shown to be feasible by matching the radiation dose 
level to two-view mammography. Given the high contrast nature 
of CT, the X-ray photon energy (thus, the kVp) can be much 
higher than mammography (60–80 kVp in CBCT versus ∼28 
kVp) to improve the penetration and detection efficiency. Since 
then, many prototype CBCT scanners have been developed 
globally, and several early phase clinical trials have been car-
ried out (Chen and Ning 2002; McKinley et al. 2004; Lai et al. 
2007; Yang et al. 2007; Lindfors et al. 2008; Madhav et al. 2009; 
Prionas et al. 2010; Kalender et al. 2012; Mettivier et al. 2012). In 
2015, the CBCT scanner developed by Koning Inc. (based on the 
University of Rochester prototype by Dr. Ruola Ning; Chen and 
Ning 2002; O’Connell et al. 2010; Zhao et al. 2015a) gained FDA 
approval for clinical usage for diagnostics purpose. Figure 35.7 
shows a prototype breast CBCT scanner and example images. 
For a typical design of breast CBCT, the patient lays prone on 
a table-top with a central hole to have one breast imaged pen-
dant without any compression. The CBCT system underneath 
the table rotates around the breast, and the entire scan takes 
between 10 and 20 seconds. Several initial clinical trials showed 
the promising results of breast CBCT compared to mammog-
raphy, including the improved visibility and detectability of 
mass tumors (Lindfors et al. 2008) and accurate differentiation 
between benign and malignant tumor with contrast-enhanced 
CBCT (Prionas et al. 2010; Aminololama-Shakeri et al. 2016).

(a)
(b)

(c)

FIGURE 35.6 C-arm CBCT systems. (a) Floor-mounted Siemens Artis Zeego system. (b) Mobile C-arm Siemens Arcadis Orbic 3D system with CBCT 
capability. (c) Example images from C-arm CBCT systems. (Copyright Siemens Healthineers 2016. Used with permission.)
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FIGURE 35.7 Dedicated breast CBCT. (a) A prototype scanner developed 
at University of California, Davis. (b) A reconstructed breast CT image 
showing a spiculated mass lesion. (c) A reconstructed breast image show-
ing a very dense breast with micro-calcifications. (d) A 3D rendering of 
 contrast-enhanced breast CT scan with implant and a mass lesion.
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There are several major challenges for dedicated breast 
CBCT. Currently they remain a very active front for research-
ers to improve the system design. The first is to match the 2D 
resolution of mammography around 0.1 mm with 3D isotropic 
voxels. This is key for breast cancer imaging, since micro-cal-
cifications (size ranges 0.1–0.5 mm) within the breast have been 
shown to be a strong indicator of early phase breast cancer. 
With a tight dose limitation to the breast, it is quite challenging 
to achieve an acceptable signal-to-noise ratio with voxel sizes 
in the range of 0.1 mm (Kopans et al. 2008). One possible solu-
tion was proposed by Dr. Paolo Russo’s group to use a detec-
tor with very high spatial resolution (50 µm pitch), but limited 
coverage size (11.20 × 11.72 cm2), and perform CBCT scans 
with the detector shifted off-center (Mettivier et al. 2012). The 
second challenge is the coverage of the chest wall muscle. The 
upper-outer quadrant area of the chest has been shown to have 
an increased chance to have breast cancer, and the radiologists 
have to “see” the chest wall on the medial-lateral-oblique view 
of the mammogram for screening purposes. However, for breast 
CBCT, due to the pendant geometry with no breast compression, 
it requires a very diligent design of the table-top and imaging 
gantry underneath to be able to cover as much chest wall tissue 
as possible. Two key features are very helpful to minimize the 
physical gap between the imaging coverage and the table-top; 
specially designed X-ray tubes with a focal spot very close to 
the top of the tube enclosure, and flat-panel detectors with a 
minimal dead band on the top edge. The third challenge is due 
to the natural limitations of CBCT. As we previously described, 
the reconstructed HU values from CBCT are approximate and 
their accuracy is greatly affected by scatter, beam hardening, 
and large cone angle. We will discuss these limitations in gen-
eral in a later section. In contrast to clinical CT, the less accu-
rate HU values from CBCT may affect its capability to provide 
important quantitative diagnostic information with regard to 
tissue property and contrast enhancement. Recently, Kalender 
et al. (2017) proposed a helical CT based breast CT system with 
a photon-counting detector, and demonstrated very promising 
results, while the majority of the challenges from CBCT were 
overcome by using fan-beam geometry.

35.2.5 CBCT in Nuclear Medicine

Diagnostic nuclear medicine is a branch of medical imaging used 
to study the distribution of a specific radioactive tracer uptaken 
within a patient’s body. Typically, one or more radiopharmaceu-
ticals are first injected into the patient’s bloodstream. After a cer-
tain amount of “uptake” time, these radiopharmaceuticals will 
be distributed through the entire body and concentrate within 
certain targeted organs. Due to the radioactive emission of these 
radiopharmaceuticals, scintillation crystal camera detectors 
can be placed close to the patient’s body and detect the emitted 
radiation, mostly high energy photons. If the detector (typically 
called a gamma camera, could also be in pairs in opposite direc-
tion of the patient) can rotate around the patient, tomographic 
information can be reconstructed. There are two major types 
of nuclear medicine imaging routinely used in clinic, Single 
Photon Emission Computed Tomography (SPECT) and Positron 
Emission Tomography (PET). Both of these modalities can pro-
vide functional information of targeted organs (such as heart and 

brain) or tumor metabolisms through the reconstructed image 
representation of radioactive isotope distributions. However, the 
functional information needs to be correctly correlated to its ana-
tomical background. This is the main reason that almost every 
SPECT or PET scanner is coupled with a CT scanner. The over-
laid (or fused) image from the dual modality setup can provide 
accurate functional and anatomical information through either 
simultaneous or sequential acquisitions. Another key reason for 
CT in nuclear medicine is to provide attenuation correction (AC) 
for SPECT or PET reconstruction. The reconstructed CT images 
of the anatomy will provide an attenuation “map” to model the 
photons’ attenuation before they reach the gamma cameras. This 
will greatly improve the image quality and quantitative accuracy 
of reconstructed nuclear medicine images. There are clinical 
hybrid systems which combine a whole-body CT scanner with 
a SPECT or PET scanner. Typically, these two modules are 
acquired sequentially by translating the patient from one system 
to the other. If truly simultaneous acquisition is desired, and from 
the cost/benefit perspective of system design, CBCT is an excel-
lent candidate for this purpose. Similar to the setup in its applica-
tion for radiation therapy, the X-ray tube and flat-panel detector 
can be mounted on the same gantry of the gamma cameras, and 
both the emission (nuclear medicine) and transmission (CBCT) 
acquisition can be performed simultaneously. Figure 35.8 shows 
a commercial SPECT/CBCT system (Philips BrightView).

35.2.6 CBCT for Dental Imaging

Projection X-ray imaging has been commonly used in dentistry 
to depict the anatomy around the jaw bones (maxilla and man-
dible) for diagnosis and treatment planning. Due to the compli-
cated shape and location of this region and the high attenuation 
from human bones, a simple 2D image will be very difficult to 
depict the entire volume. Thus, 2D X-ray is mostly used as an 
intra-oral approach, with the small dedicated film/detector inside 
the mouth, and only shows the projection of a few individual 
teeth. Apparently, this approach has many challenges and limita-
tions. Later a new approach very similar to an early generation 
of CBCT was introduced, so-called “panoramic radiography.” 
The patient typically bites on a fixed central stage during the 
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FIGURE 35.8 CBCT for nuclear medicine. Phillips BrightView XCT sys-
tem, a combined SPECT and CBCT system. (Photo courtesy of Phillips.)
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acquisition and the X-ray system with a narrowly collimated 
beam and a detector rotates/translates around the patient’s head. 
By continuously translating/rotating the X-ray beam and detec-
tor, a panoramic projection of the entire maxilla and mandible 
region will be produced. With carefully designed acquisition 
geometry, only targeted area (mostly around the teeth, called 
the focusing trench) can be emphasized in the projection image. 
Panoramic imaging can provide a convenient solution to image 
the entire jaw region with one acquisition. However, it is not a 
truly tomographic approach and cannot provide information for 
regions not within the focusing trench. Even within the focus-
ing trench, due to the continuously changing magnification, the 
objects are not shown with the correct aspect ratio, nor at accurate 
locations. More details on projection dental X-rays are provided 
in Chapter 22.

Dedicated dental CBCT was first introduced around the 
1980s, with image intensifiers, and has experienced tremendous 
development in the last decade. Currently there are more than ten 
commercial manufacturers providing dental CBCT systems, and 
CBCT is becoming routine equipment in many dentistry clin-
ics. These systems all utilize high efficiency flat-panel detectors 
with a much more compact foot print and lower cost compared to 
a clinical whole-body CT scanner. Besides the apparent advan-
tages of being able to evaluate the clinically relevant regions 
in 3D with high resolution, CBCT has many important dental 
applications, including pain diagnosis (especially around the 
temporomandibular joints), dental implant planning, endodontic, 
periodontic, orthodontic, and even orofacial surgery guidance. 

Figure 35.9 shows an example dental CBCT system and clini-
cal dental CBCT images. Dedicated dental CBCT has a unique 
design that the rotation hub of the entire gantry is above the 
patient’s head (just opposite to dedicated breast CBCT).

Bearing the same limitation with all CBCT systems, dental 
CBCT also faces the challenge of metal artifact, which is very 
common due to metal objects such as dental fillings and crowns. 
Another major concern is the justification and selection of the 
usage of CBCT, given its potential higher radiation dose level 
compared to 2D radiography. Previous studies have shown that 
there is a large variation of the radiation dose level among differ-
ent scanners, ranging from several µSv to several hundred µSv in 
effective dose. This really depends on the system design, X-ray 
technique, and beam collimation. Currently there is not a stan-
dardized regulation on the proper usage of dental CBCT, and the 
majority of the dental CBCT images are not interpreted by an 
oral and maxillofacial radiologist.

35.2.7 Extremity CBCT

Dedicated extremity imaging has been another promising appli-
cation for CBCT. The main advantages comparing to a clini-
cal whole-body CT include more versatile imaging orientation, 
higher spatial resolution (with much reduced overall field of 
view), and greatly reduced radiation dose to other parts of the 
patient’s body. More importantly, with dedicated extremity 
CBCT, many scans can be performed with the patient in a more 
clinical relevant position other than prone or supine. For example, 

FIGURE 35.9 Dental CBCT. (Images courtesy of i-CAT/KaVo Kerr Group.)



722 Handbook of X-ray Imaging

to best evaluate the function and structure around the knee joint, 
it is critical to image the knee bearing the body weight; thus, the 
patient has to stand up for the scan. Figure 35.10 shows a dedi-
cated extremity CBCT and example images.

35.2.8 Cardiac CT with Cone Beam Design

Strictly speaking, as the current state-of-art whole-body CT 
scanners unanimously utilize a multi-row detector setup, the 
image acquisition is no longer in the “fan-beam” setup. The main 
reason is to improve the scanning efficiency with a slight cost of 
image quality due to scattering and reconstruction inaccuracy. 
For the application of cardiac CT, the goal is to capture station-
ary 3D images of the constantly beating heart at different cardiac 
phases. This requires a very fast acquisition, and may go beyond 
the limit of the gantry rotation speed and the X-ray tube power. 
Many different solutions have been proposed, including gating 
the CT acquisition with EKG signal or using a dual-source sys-
tem. Another natural thought to improve the scanning efficiency 
and speed will be using even more detector rows to acquire the 
projection image of the entire heart; thus, only a single rotation 
will be necessary for CT acquisition. This will greatly allevi-
ate the motion, since the table does not need to be translated 
during the scan. In 2010, Toshiba put out the first Aquilion One 
system that uses 320 detector rows with a coverage up to 16 cm 
(0.5 mm × 320) for the main purpose of cardiac application. 
Although this is not a flat-panel based CBCT system, the key 
advantages and challenges of CBCT comparing to whole-body 
CT still remain. Figure 35.11 shows a picture of such a system 
and example cardiac CT images.

35.3  Image Quality and Radiation Dosimetry

35.3.1 Image Quality

As the common goal for all imaging systems, sufficient image 
quality should be achieved to provide key information of the imag-
ing target. An image can be considered as a representation of infor-
mation related to the imaging target in space, or typically called 
the spatial domain. Practically there are fundamental limitations 
on image quality for a certain system, and also how much infor-
mation can be presented within the spatial domain. The most rel-
evant measurements of the quality of a biomedical image include 
spatial resolution and contrast resolution. These concepts have 
been covered throughout this book for each individual modality 
(see also Section I, Chapters 14 and 15, for a general description 
of image quality in X-ray imaging). Although the eventually per-
ceived image quality will also be determined by the digital display 
equipment (such as a computer monitor), here we will focus on the 
fundamental factors associated with CBCT image quality.

FIGURE 35.11 Cardiac CT with CBCT concept. (Images from https://
medical.toshiba.com/products/ct/squillon-one-family/clinical-gallery.php, 
used with permission.)

FIGURE 35.10 CBCT for extremity applications. (Courtesy of Carestream 
Health Inc.)

https://medical.toshiba.com/products/ct/squillon-one-family/clinical-gallery.php
https://medical.toshiba.com/products/ct/squillon-one-family/clinical-gallery.php
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35.3.1.1 Spatial Resolution

Spatial resolution describes the capability to visually resolve the 
smallest object or two most closely adjacent objects within an 
image. A higher spatial resolution indicates that smaller objects 
or finer details can be resolved. Based on the physical size or dis-
tance, the spatial domain information represented by an image can 
be re-organized into a new domain, called the spatial frequency 
domain. Small objects and fine details in the spatial domain cor-
respond to the higher spatial frequency range, while slowly chang-
ing, large uniform objects in the spatial domain correspond to the 
low spatial frequency range. The reason for a certain imaging sys-
tem to have limited spatial resolution is the loss of high-frequency 
information through the formation and representation of an image. 
For CBCT, the key limitation comes from the finite-sized X-ray 
focal spot, limited flat-panel detector pixel size, and the serial 
steps of digital sampling. The X-ray focal spot size and the mag-
nification factor (typically between 1 and 2 for CBCT) determine 
a natural blurring (called geometrical blur) of the information as 
X-ray photons incident onto the flat-panel detector. This blurred 
information is then subsequently sampled and digitized as a pro-
jection image from a flat-panel detector. This sampling process 
loses certain high-frequency information, and can be considered 
as another blurring process. For CBCT reconstruction, an apo-
dization filter which is typically applied before back projection can 
suppress more high-frequency information and, therefore, results 
in subsequent loss of related detail information. There is also 
another discrete sampling process for the back projection, which 
can further decrease the content of high-frequency information.

To quantitatively measure the spatial resolution of a CBCT sys-
tem, a so-called Modulation Transfer Function (MTF) has been 
introduced. Intuitively, MTF is a function defined in the spatial 
frequency domain and is derived from the Fourier Transform 
(FT) of a so-called Line Spread Function (LSF). LSF is a function 
defined in the spatial domain, and describes the “spreading” of an 
infinitely thin line along the perpendicular direction, due to all the 
blurring processes throughout the imaging chain. A system with 
a better spatial resolution will have a narrowly spreading LSF 
and a widely spreading MTF, indicating more high-frequency 
information can be delivered. The LSF (and then the MTF) can 
be practically measured from a CBCT system by carefully imag-
ing a very small but high contrast object, such as a small metal 
ball-bearing or a thin piece of metal wire. Ideally, to approximate 
these objects as infinitely small, their physical dimensions need 
to be about one tenth of the image pixel dimensions.

Since CBCT is a 3D volumetric modality, the 1D LSF and 
MTF can be generated for at least three orthogonal directions, as 
shown in Figure 35.12. Within the rotation plane or the natural 
reconstruction plane, the MTF and, thus, the spatial resolution 
is typically symmetric along the two orthogonal directions. As 
we just discussed above, the key limitations of the extension of 
the MTF curve include the X-ray tube focal spot size, the mag-
nification factor, the detector pixel size, the reconstruction ker-
nel, and the reconstructed image pixel size. Along the direction 
that is perpendicular to the reconstruction/rotation plane, similar 
limitations exist, except for the reconstruction kernel, since it is 
only applied within the reconstruction plane. Figure 35.13 shows 
an example of the dependencies of MTF (and the system resolu-
tion) on different system parameters. For certain CBCT systems 

utilizing continuous acquisition during gantry/object rotation, the 
relative motion will also cause blur on the projection image and 
the reconstructed CBCT images. This effect is demonstrated in 
Figure 35.13b, where the best MTF can be achieved with pulsed 
acquisition during gantry rotation.

It is worth noting that one of the key advantages of CBCT, 
when compared to fan-beam CT, is the better in-plane resolution 
and naturally iso-tropical resolution in 3D. This is mainly due to 
the small squared pixel (100 × 100 µm2 to 200 × 200 µm2) of 
flat-panel detectors.

35.3.1.2 Image Contrast Resolution

While spatial resolution describes the limitation of an imag-
ing system to resolve small sized objects, contrast resolution is 
related to how subtle of a difference a system can resolve from 
an image. Since human eyes can only respond to differences in 
gray scale values (or the “image intensity”), it is critical to pres-
ent a minimal level of contrast between adjacent regions within 
the image. For X-ray CBCT, a reconstructed image is an array of 
digital values called Hounsfield Units (HU), which are associ-
ated with the linear attenuation coefficients at discrete locations 
within the imaging target. A simple equation to calculate the 
contrast is through the relative contrast:

 
Relative contrast

mean HU of the target region

mean HU of the backgr
=

− oound region
mean HU of the background region

.
 

(35.5)

The best contrast can be represented by a CBCT system, which 
depends on many factors, including the X-ray spectrum (which 
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FIGURE 35.12 The concept of point-spread function (PSF), LSF, and 
MTF. (a) A 70-µm wire used to simulate a point-like object. (b) The CBCT 
image of the wire. (c) The surface plot of the PSF. (d) The relationship 
between spatial resolution and MTF. Better spatial resolution with wider 
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determines the photon interactions with the object, thus the linear 
attenuation coefficients), X-ray detection efficiency by the flat-
panel detector, image reconstruction algorithm, and eventually 
the digital image display. For biomedical applications, the CBCT 
image contrasts between different soft tissues are very subtle, 
because their linear attenuation coefficients are fundamentally 
very close to each other, and the quantum detection efficiency of 
flat-panel detectors is limited by the relatively thin scintillators 
(0.5–1 mm). Although the X-ray spectrum can be optimized by 
changing the kV and tube filtration to enhance contrast between 
various tissue types, additional contrast-enhancing agents (typi-
cally iodine based) have to be injected/introduced to overcome 
this limit. The contrast improvement comes from the increased 

photon absorption (thus, the linear attenuation coefficient) of the 
iodine around the imaging targets (such as blood vessels around 
a tumor). Figure 35.14 shows some examples of the image con-
trast between different types of tissues and contrast agents.

As an imaging modality based on the quantitative detection of 
X-ray photons, CBCT also has a similar challenge to other X-ray 
imaging modalities: “noise.” The stochastic or random fluctua-
tions result from the detected X-ray signal and are presented in 
the image. There are many sources contributing to CBCT image 
noise, mainly from the fundamental stochastic nature of X-ray 
photon detection (called quantum noise, following the Poisson 
distribution) and the additional electronic noise through the cir-
cuits of the flat-panel detector. A well-designed CBCT system 
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should always be “X-ray quantum limited,” which means that 
X-ray quantum noise is the dominant source of the reconstructed 
image noise. Under this assumption, there is a direct trade-off 
between image noise and radiation dose to the imaging object, 
while a higher radiation dose will provide less noisy images, as 
in the example shown in Figure 35.15. This trade-off calls for a 
very careful consideration of the system design, imaging proto-
col, and reconstruction algorithm, in order to achieve sufficient 
image quality and acceptable radiation dose simultaneously. The 
details on CBCT dosimetry will be covered in a later section.

With the unavoidable existence of noise in each image, the 
perceived contrast will be affected. If the subtle difference in 
gray scale is below the noise level, this difference cannot be reli-
ably detected by the observer. So, a more complete description of 
the quality measurement of the contrast resolution should be the 
contrast-to-noise ratio (CNR, or signal difference to noise ratio, 
SDNR):

 
CNR

mean HU of the target region

mean HU of the background region
sta

=
−
nndard deviation of the background region

.
 

(35.6)

Here the image noise is represented by the standard deviation 
of the uniform background region. Higher standard deviation 
within a uniform background region indicates a higher level of 
image noise. We can also apply the spatial frequency domain 
analysis to image noise. Similar as the relationship between LSF 
and MTF, Fourier transform of a uniform region of the image in 
the spatial domain can convert the noise information into the spa-
tial frequency domain, which is typically called noise spectrum. 
Since we are mostly interested in the magnitude of the noise 
spectrum, the noise power spectrum (NPS) is the magnitude-
squared function of the noise spectrum, and has been used as the 
standard metric to measure image noise intensity as a function of 
spatial frequency. For CBCT, NPS can actually be a 3D function 
determined by the 3D Fourier transform of a uniform volume 
within the reconstructed data. Figure 35.16 shows the example 
NPS functions measured from CBCT systems.

35.3.1.3 Artifact

Artifacts are referred to the visual patterns in an image, but do 
not physically belong to the imaging target. Figure 35.17 shows 
a collection of typical CBCT imaging artifacts from various 
causes. Ring artifact is a representative artifact related to all 
the third-generation CT systems, including the current design 
of CBCT systems. This is caused by imperfect calibrations of 
discrete detector pixels and, due to the rotation and back projec-
tion nature of CT reconstruction, the information from a “bad” 
or not-calibrated pixel will form a distinctive iso-centered ring 
in the reconstructed image. Ring artifacts can typically be cor-
rected with careful detector calibration and dead-pixel correction 
with interpolation.

Metal artifact is typically associated with high-attenuating 
objects, mostly metal implants inside a human body. This is 
mainly due to the abruptly high attenuation coefficients of these 
objects and the resulting high signal on the filtered projection 
image. This signal will be back projected as high-intensity straight 
bands during back projection, and they cannot be fully compen-
sated with the limited number of projection views. It is very chal-
lenging to correct for metal artifacts, and many approaches have 
been explored with iterative reconstructions. The main idea was 
to segment out the metal objects and artificially compensate for 
the highly attenuated signals in the projection data.

Cupping artifact is referred to the reduction of image inten-
sity toward the center of the reconstructed image, caused by two 
different mechanisms: beam hardening and photon scattering. 
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FIGURE 35.14 Example of CBCT images with different contrast levels. 
(a) A cadaver breast specimen with different inserts. (From Prionas, N. et al. 
2011. Medical Physics 38:646.) (b) A wine cork showing subtle contrast from 
different layers of barks. (c) A piece of rabbit sternum showing bone contrast. 
(d) Various fruits and vegetables. (Image courtesy: Dr. John M. Boone.) (e) A 
CBCT images showing the cross-section of the chest of a mouse.

FIGURE 35.15 Example CBCT images of the same uniform object. (a) 
Acquired with 1× dose level and shows higher noise level. (b) Acquired with 
2.8× dose level and shows lower noise level.
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Beam hardening is due to the mono-energetic assumption of the 
CBCT reconstruction; thus, the incident X-ray photons all have 
the same energy (instead of a spectrum) and the object has con-
stant attenuation of the X-ray beam at different depth. Apparently, 
this assumption is not satisfied for any X-ray based CT systems, 
including CBCT. Practically, beam hardening can be alleviated 
by physically “pre-hardening” the beam with object-adaptive (or 
the so-called bowtie) filters between the X-ray source and the 
imaging object. Photon scattering is one of the key challenges 
of CBCT due to the wide opening of the X-ray field. At the typi-
cal energy range of CBCT (∼40–120 kV), Compton scattering is 
the dominant interaction between X-ray photons and biological 
tissues. Thus, the majority of photons detected by the flat-panel 

detector will be coming from scatter instead of along the original 
straight-line path from the focal spot. We will cover the chal-
lenge of scattering correction in detail in a later section.

As its name indicates, the cone beam artifact is a unique arti-
fact for CBCT geometry, and is mainly caused by the incomplete 
sampling of projection data with a single rotation CBCT acquisi-
tion. As we previously mentioned in the CBCT reconstruction 
section, although the cone beam projection does cover the entire 
imaging object (and thus only single rotation is needed), the 
theoretical condition for exact reconstruction can only be met 
for the central plane. All other planes besides the central plane 
will be an approximated reconstruction. This will cause increas-
ingly loss of information as the cone angle increases. Cone beam 
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artifact can be best demonstrated in the orthogonal plane with a 
so-called “Defrise” phantom, which is made of a stack of disks 
with low attenuation spacers in between (as shown in Figure 
35.17). This is one of the fundamental limitations of CBCT when 
considering the trade-off between object coverage versus image 
reconstruction accuracy. Typically, the cone angle is limited to 
be less than 10 degrees on each side of the central plane.

35.3.2 CBCT Dosimetry

The ionizing radiation of X-rays used in CBCT requires careful 
evaluation and monitoring of the radiation dose to the imaging 
target, due to the potential impact on humans and small animals. 
One key parameter in X-ray dosimetry is the absorbed dose (in 
the units of Gray), which is defined as the energy (in the units 
of Joules, J) absorbed by the imaging target per unit mass (in 
the units of kg), thus 1 Gray = 1 J/kg. Generally speaking, it is 
practical to first measure the absorbed energy with an ion cham-
ber to record the energy deposited in the small volume of air 
sealed in the ion chamber (thus, the air kerma, in units of mGy). 
The chamber can be placed either in free air or within a tissue 
equivalent standardized phantom to simulate/approximate a sim-
ilar acquisition for real human or animal studies. The measured 
data from the ion chamber, thus, needs to be converted into the 
absorbed dose for biological tissues (in mGy) and then with a 
radiation weighting factor (wR, in the units of mSv/mGy, equal 
to 1 for photons) into the so-called equivalent dose (in the units 
of Sievert, 1 Sv = 1 J/kg). The measured equivalent dose can 
be weighted by the biological sensitivity of the exposed tissues 
and organs (relative to uniform whole-body irradiation) with pre-
determined weighting factors for specific organs (wT, in the units 
of mSv/mSv, most recently updated by ICRU in 2007) into the 

so-called effective dose (also in the units of Sv) for the purpose 
of stochastic risk estimation.

In the above-mentioned two-step approach, the first step focuses 
on the imaging system output, and the measured absorbed dose 
(or air kerma) can be readily compared across different systems 
and protocols for a generic or standardized phantom. The second 
step requires the weighting factors that are artificially calculated 
and depend on many factors, including the energy spectrum of 
the X-ray beam, the coverage area of the beam, the size of the 
object, the density/attenuation of the object, and even the specific 
organ within the object. The currently available data came from 
computer simulations using a so-called Monte Carlo method to 
simulate the statistical behavior of X-ray interaction and tally the 
energy deposited within a certain location. In the following sec-
tion, we will remain focused on the first step of CBCT dosimetry, 
such as how to measure the absorbed dose with an ion chamber.

To best describe CBCT dosimetry, we have to start with the 
traditional fan-beam CT dosimetry concept and the definition of 
CT Dose Index (CTDI). CTDI (in the units of mGy) is a refer-
ence index measured with an ion chamber placed within uniform 
polymethyl methacrylate (PMMA) water-equivalent cylindri-
cal phantoms. The standardized phantom is 15 cm in length 
and with two diameters of 16 and 32 cm to simulate the adult 
human head and body, respectively. Due to the rotational nature 
of CT acquisition, the dose distribution is typically assumed to 
be radially symmetrical within a cylindrical object. The current 
standard index, CTDI100, is measured with a 100 mm-long pencil 
chamber, with a single rotation of the gantry, at the center and the 
periphery of the PMMA phantom. If the dose can be determined 
on these two locations within the phantom, an overall descrip-
tion of the dose from a CT scan can be achieved. The resulting 
weighted CTDI (CTDIw) is defined as

 
CTDI CTDI CTDIw = +

1
3

2
3100 100, ,center periphery 

(35.7)

There are two important assumptions associated with the 
CTDI100 (and the resulted CTDIw) measurement: (1) The 15 
cm-long phantom can adequately simulate the radiation dose 
deposited from the primary and scatter photons, as in a simi-
lar sized patient, especially the scatter dose to the region out-
side the primary beam; (2) The 100 mm-long ion chamber can 
adequately record the total dose generated within the phantom, 
again including the scatter dose outside the primary beam. These 
two assumptions are relatively appropriate for the narrow fan-
beam CT cases, in which case the primary beam width (typically 
defined as the nominal beam width at the isocenter and less than 
40 mm) is relatively small compared to the phantom length and 
the chamber length.

Given the wide acceptance of the CTDI100 approach in fan-
beam CT field, people had naturally applied it to the CBCT field. 
The American Association of Physicist in Medicine (AAPM) 
Report No. 95 published in 2007 (Murphy et  al. 2007) pro-
vided some reference dose levels for CBCT used in the radiation 
therapy field. Results from four different studies on the CBCT 
systems from two different manufacturers were quoted in that 
report. When corrected for the differences in X-ray technique, 
such as kVp and mAs, and scan protocol, such as number of pro-
jections, the measured results were very consistent. For example, 

Cone angle increasing(d)

(b)

(c)

(a)

FIGURE 35.17 Example of CBCT images with different artifacts. (a) Ring 
artifact; (b) metal artifact, a biopsy clip within a breast lumpectomy speci-
men; (c) cupping artifact; (d) cone beam artifact, showing the CBCT image 
in the x–z plane from a “Defrise” phantom. Note the incorrect profile of 
disks away from the central plane.
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the dose delivered by the Elekta XVI kV cone beam CT has been 
measured by Islam et al. at 120 kV. The typical doses at the cen-
ter and surface of the body phantom were 16 and 23 mGy, while 
for the head phantom the center and surface doses were 30 and 
29 mGy, respectively (Table 35.1).

Cossmann et al. report doses of 30–80 mGy from the Varian 
OBI system for 900 projections, a 48 cm field of view, and a 
scan length of 17 cm. Measurements of the Varian OBI system 
at Virginia Commonwealth University using a bowtie filter, 125 
kVp, and the low-dose technique 616 projections at 0.4 mAs, 
gave center and surface doses of 15 mGy for a 16 cm cylindrical 
head phantom. For the standard dose technique, 616 projections 
at 2 mAs, the head phantom dose was 74 mGy at the center and 
72 mGy at the surface.

We need to emphasize that the above data were measured 
using the CTDI100 approach. For CBCT, the primary beam width 
is typically between 100 and 160 mm, and, thus, wider than the 
100 mm chamber. Apparently, a 100 mm pencil chamber can-
not even fully record the primary dose, let alone the extended 
scatter dose tails within the object. Furthermore, the standard 
15 cm-long CTDI phantom does not seem sufficient to simulate 
a real patient, given the wide primary beam width for CBCT. If 
directly using the CTDI100 index, the CBCT dose will be under-
estimated, mainly because the above-mentioned two assumptions 
cannot hold. To overcome this issue, different approaches have 
been proposed and, currently, there are two major approaches 
proposed by the International Electrotechnical Commission 
(IEC) (International Electrotechnical Commission 2012) and the 
American Association of Physicist in Medicine (AAPM) (AAPM 
Task Group 2010). The IEC approach focused on the modification 
of the CTDI100 approach, while using a longer chamber (30 cm) 
to determine a conversion factor with free-in-air measurement. 
The AAPM approach recommended using a longer phantom 
(>45 cm) with a small ion chamber to measure the accumulated 
dose. Although a global agreement is not currently available, we 
will focus on the AAPM approach in this section.

A comprehensive theoretical framework on CBCT dosimetry 
has been setup by Dixon and Boone (2010), and later adopted in 
the AAPM Report No. 111 (AAPM Task Group 2010). Derived 
from traditional fan-beam CT dosimetry, CBCT falls into the 
category of a stationary scan (i.e., no table or object translation 
during the CT acquisition) with a relatively large beam collima-
tion width (∼10–20 cm at the isocenter). The AAPM recommen-
dation is to measure the so-called central point dose, f(0), with a 
very small sized ion chamber (such as 0.6 cc, 20 mm in length) 
instead of the 100-mm pencil chamber. As shown by Dixon and 
Boone (2010) and in Chapter 38, the central point dose, f(0), 
which is measured at the central ray plane, will be an accurate 
estimate of the peak dose from a single rotation CBCT scan. f(0) 

will have very similar dependencies as traditional CTDI on the 
beam collimation width and object size. Below is a table sum-
marizing the measured dose data for CBCT comparing to f(0) 
predicted from the theoretical model when considering the scat-
ter spreading function. Very small percentage error (<9% max) 
between these two groups of data were observed for both the 
central and peripheral axes (Table 35.2).

35.4 Technical Keys

In this section, we will focus on the details of several key issues 
related to the practical implementation of CBCT, including geomet-
ric calibration, detector flat-field calibration, reconstruction, scatter 
correction, HU accuracy calibration, and, lastly, noise reduction.

35.4.1 Geometric Calibration

Precise assessment of a CBCT system’s geometric parameters 
is crucial to achieve successful reconstruction with good spatial 
resolution and low artifact content in the reconstructed tomo-
graphic images. To describe the CBCT geometry, it is convenient 
to assume that the X-ray tube and detector system are stationary, 
and that the object rotates around the rotation center. As shown 
in Figure 35.18, the rotation axis is defined as the z-axis of the 
system. The axis which passes through the cone vertex (X-ray 
tube focal spot) and is also perpendicular to the z-axis is defined 
as the x-axis. The axis perpendicular to the x–z plane which 
passes through the intersection of the x-axis and z-axis is defined 
as the y-axis. In the detector plane, two more axes are defined 
along the edge of the detector, (u, v), for horizontal and vertical 
directions, respectively. Thus, (u, v) = (0, 0) represents the top 
left (viewed from the X-ray source) detector pixel.

If the detector is aligned such that the v-axis is parallel to 
z-axis and the u-axis is parallel to y-axis, the system geometric 
parameters include:

 1. Source to isocenter distance, RFI, distance from the cone 
vertex to the rotation center, and, thus, the coordinate of 
the cone vertex (X-ray tube focal spot) is (–RFI, 0, 0).

TABLE 35.1

Dose from the Elekta XVI kV Cone Beam CT

Parameter Head Chest

Mean dose at center (mGy) 29 16

Mean skin dose (mGy) 30 23

Effective dose (mSv) 3.0 8.1

Conversion factor (mSv/mGy cm2) 6.0 × 10−5 16.0 × 10−5

Source: Islam et al. 2006. Medical Physics 33:1573–82.
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FIGURE 35.18 CBCT geometry and detector rotation. (Figure adapted 
from Yang, K. et al. 2006. Medical Physics 33: 1695–706.)
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 2. Source to detector distance, RFD, distance from the 
cone vertex to the detector plane, so the detector plane 
is located at x = RFD – RFI.

 3. u0, horizontal location of the intersection of the x-axis 
and detector plane.

 4. v0, vertical location of the intersection of the x-axis and 
detector plane.

  The detector rotation is defined by three param-
eters, as shown in Figure 35.18. φ and σ are out-of-
plane   rotation angles, and η is the in-plane rotation 
angle.

 5. φ, the rotation angle of the detector plane along the axis 
of u = u0, which is also the axis determined by y = 0 
and x = RFD – RFI.

 6. σ, the rotation angle of the detector plane along the axis 
of v = v0, which is also the axis determined by z = 0 
and x = RFD – RFI.

 7. η, the rotation angle of the detector plane along 
the point of (u0, v0), which is also the point of (RFD – RFI, 
0, 0).

For a position (xi, yi, zi) to be reconstructed in the volume data-
set which defines the object, the corresponding projection posi-
tion on the ideally aligned detector plane (without any in-plane 
or out-of-plane rotation) is determined by:
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For a non-ideally aligned detector with three rotation angles 
known as (φ, σ, η), a transform matrix, T, can be used to define 
the ideally aligned detector position. We use (u′, v′, w′) to repre-
sent a point on the non-ideal detector plane, and (u, v, w) to repre-
sent the corresponding position on the ideal detector plane. The 
origin of the rotation in the (u, v, w) system is located at position 

(u0 · Δu, v0 · Δv, RFD – RFI) under the (x, y, z) coordinate system, 
where Δu and Δv are pixel dimensions in the units of mm/pixel 
in the horizontal and vertical directions, respectively.

Then we have:
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Thus, the seven geometric parameters, RFD, RFI, u0, v0, φ, σ, 
and η, are required to completely describe the CBCT geometry. 
With precise measurement of these seven parameters, the exact 
3D geometric structure of the object can be reconstructed from 
the projection data. Many different geometric calibration meth-
ods were proposed to determine the above-mentioned param-
eters (von Smekal et al. 2004; Cho et al. 2005; Yang et al. 2006; 
Mennessier et al. 2009). Coincidently these methods all involve 
a phantom with certain arrangement of metal markers (typi-
cally small ball-bearing or BBs). The phantom was scanned by 
a CBCT system, and the projected locations of each BB on the 
projection image were utilized to extract the system geometric 
information, as shown in Figure 35.19a–c.

Based upon the results of previously reported methods, the fol-
lowing observations can be made:

 1. The two out-of-plane rotation angles, φ and σ, are quite 
difficult to determine with reasonable accuracy.

TABLE 35.2

Stationary Phantom Doses, f(0)a, as Predicted from a Measurement of Peak Dose for a Single 
Aperture Setting

Central Axis Peripheral Axis

Peak Dose f(0)aPeak Dose f(0)a

a (mm) Predicted Measured Error (%) Predicted Measured Error (%)

138 4.35 mGy 4.37 mGy 0.5 9.38 mGy 9.60 mGy −2.3

111 3.90 9.02
49 2.34 2.27 3.1 7.67 8.06 −5.l

28a 1.63 1.53 8.0 6.74 7.34 −9.0

7.8 0.85 5.26

∞ Aeq = 6.08 Aeq = 6.17 1.5 Aeq = l0.7 Aeq = 10.9 −1.5

Source: Dixon, R.L. and J.M. Boone. 2010.  Medical Physics 37:2703–18.
Note: In this example, f(0)111 was used as the measured value (shown in bold type) from which the values of Aeq 

shown in the last row were predicted using H(a). Predicted doses are given in italics, the actual measured 
doses, and the percentage error is shown.

a 28 mm rounded off from 27.5 mm.
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 2. These two angles have only a small influence on the 
image quality compared with other parameters.

 3. In practical implementation, these two angles can be 
kept small (less than 1°) by good mechanical design, 
high accuracy machining, and careful alignment of sys-
tem components.

Below, as an example, we will briefly introduce a method 
developed by the author to estimate five system parameters, 
assuming that the two out-of-plane rotation angles, φ and σ, 
are zero (Yang et al. 2006). This method utilized a ball-bearing 
phantom (BB phantom) and angle information generated from 
the gantry motor encoder. Because this method did not require 
precise information about the phantom (only a rough measure-
ment of distance between two BBs was required), it was relatively 
robust and easy to implement. This method was tested in com-
puter simulations as well as on two different CBCT systems (one 
dedicated breast CT and one micro-CT). The achieved results 
demonstrated the high accuracy and robustness of the calibration 
method (even with an in-plane rotation angle >7°) and excellent 
reproducibility over a relative long time period (2 months).

We first need to understand the projection orbit and the con-
cept of benchmark points. Again, for simplicity, we can assume 
that only the object rotates and the X-ray tube and detector remain 
stationary. The orbit of a point in the object (such as a BB) during 
the scan is a circle in a plane parallel to x–y plane. The projection 
of this circle or the projection orbit on the detector plane will be 
an ellipse. Individual points on this ellipse correspond to the BB’s 
physical location on the circle, labeled by the angle relative to an 
initial reference position. We refer to two points on the circular orbit 
that are exactly 180° out of phase as a “radial pair,” as illustrated 
in Figure 35.19d. We can calculate ρ, the distance between a radial 
pair of points on the detector plane. We can also prove that ρ will 
have its maximum and minimum values when the point objects 
are physically on the x-axis or y-axis, respectively. This assump-
tion holds well for typical CBCT systems with a fan angle less than 
60° and a cone angle less than 30°. As illustrated in Figure 35.19d, 
after the maximum and minimum distances, ρ between a radial 

pair are determined, four corresponding benchmark points can be 
defined on the detector plane as Aij(uij, vij), where i is the index num-
ber of individual BBs, and j is the index number for four bench-
mark points on each BB orbit, j = 1, 2, 3, 4. We can, thus, carry out 
the following three-step calibration with the coordinates of these 
benchmark points.

35.4.1.1 Calculation of RFD and v0

For every individual BB indexed by i, we define
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A linear function X = a1 + b1Y can fit all the (Yi, Xi) pairs, and 
the values of the parameters v0 and RFD can be determined from 
two coefficients, a1 and b1, by
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35.4.1.2 Calculation of η and u0

To locate the projection line of the rotation center, we first need 
to locate the projection center of each ellipse Ai0(ui0, vi0), which 
can be determined by four benchmark points and every group 
of four points (positions) which are 90° apart from each other, 
as shown in Figure 35.20. For any group of four points, we have

 

u

u v

u v
u u

u v

u v
u u

u u v v

u

i

i i

i i
i i

i i

i i
i i

i i i i

i

0

1 1

2 2
1 2

3 3

4 4
3 4

1 2 1 2

=

−

−

− −

33 4 3 4

0

1 1

2 2
1 2

3 3

4 4
3 4

− −

=

−

−

u v v

v

u v

u v
v v

u v

u v
v v

u

i i i

i

i i

i i
i i

i i

i i
i i

i

,
11 2 1 2

3 4 3 4

− −
− −

u v v

u u v v
i i i

i i i i

.

 
(35.13)

We can go through all the different 4-point groups and aver-
age the results to get a more accurate estimation of the projection 
center of an individual ellipse. All these projection centers of 
the different BB trajectories will form the projection line of the 

(ui2, vi2)

(ui3, vi3)

(ui1, vi1) (ui0, vi0)

(ui4, vi4)

A10(u10, v10)

u

η

A20(u20, v20)

A0(u0, v0)

Ai0(ui0, vi0)

v

FIGURE 35.20 Calculation of η and u0. (Figure adapted from Yang, K. 

et al. 2006. Medical Physics 33:1695–706.)

(a) (b)

(c) (d) Benchmark
points

Ai3(ui3, vi3)

ρmin ρmax

θi4

θi1 θi2

θi3

Ai2(ui2, vi2)

Ai4(ui4, vi4)

Ai1(ui1, vi1)

FIGURE 35.19 Projection orbit and benchmark points. (a) Single projection 
image of a BB phantom; (b) projection orbit of a single BB; (c) projection orbits 
after tracking the BB location through a full rotation; (d) benchmark points. 
(Figure adapted from Yang, K. et al. 2006. Medical Physics 33:1695–706.)
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rotation center, and we can use a linear function, U = a2 + b2V, 
to fit all the coordinates (ui0, vi0). Since we already have the value 
of v0:
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(35.14)

35.4.1.3 Calculation of RFI

To calculate the last parameter, RFI, the distance between two 
BBs, l, needs to be measured before the phantom scan. This 
requirement is equivalent to the assumption in von Smekal 
et al.’s (2004) paper, where the source to isocenter distance, RFI, 
should be known. For a normal CT system, it is physically diffi-
cult to locate the exact position of the X-ray focal spot, because it 
is internal to the X-ray tube housing. It is also difficult to find the 
location of the isocenter. Consequently, it is much more difficult 
to accurately measure the source to isocenter distance directly 
than to measure the distance between two BBs embedded on a 
phantom.

If we label these two BBs as i = 1 and i = 2, as shown in 
Figure 35.21, h is defined as the vertical distance between two 
orbits, r1 and r2 are the radius for each orbit, and we have

 l h r r r r2 2
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From previous steps, we already have
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If we define the original angular positions (before the system 
starts rotating) of BBs #1 and #2 as θ10 and θ20, respectively, then
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We, thus, solve RFI using
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This method was first implemented on a dedicated breast 
CBCT systems, a set of lead ball-bearings with a diameter of 
2.3 mm was mounted into a foam board to make the BB phan-
tom. The distance between BB #1 and BB #6 was measured 
as: l = 100.00 mm (Figure 35.22a). Ten calibration scans were 
acquired in a period of about 2 months with the detector nor-
mally positioned (<1° in-plane rotation), and the calibration 
results are shown in Table 35.3.

To test the performance of this method under a large in-
plane rotation angle, the detector was deliberately tilted with 
an in-plane rotation angle of ∼7°. In this configuration, only 
one calibration was achieved. The system parameters were 
measured as
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The R-square values for the linear fitting were 0.9999204 and 
0.9999929, respectively.

CT images of a bone phantom reconstructed with the cali-
brated system parameters are shown in Figure 35.23a. As com-
pared with Figure 35.23b, excellent details and sharp edges of the 
bone structures were demonstrated with correct system param-
eters. The calibration method worked consistently, even with a 
relative large detector in-plane rotation angle.

The same calibration method was also applied to a micro-
CT system with a very different geometrical scale. In this sys-
tem, the CMOS detector (Shad-o-Box 2048, Rad-icon Imaging 
Corp., Santa Clara, CA) used in this system had an active area 

A12
A10

A11

A22

A20

A21

A24 A23

α1–α2

A14 A13
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I h

FIGURE 35.21 Calculation of RFI. (Figure adapted from Yang, K. et al. 

2006. Medical Physics 33:1695–706.)

2.3 mm diameter 254 µm diameter

(a) (b)

FIGURE 35.22 Ball-bearing phantoms for geometrical callibration. (a) 
BB phantom for breast CT; (b) BB phantom for micro-CT. (Figure adapted 
from Yang, K. et al. 2006. Medical Physics 33:1695–706.)
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of 50 × 100 mm2 and a pixel size of 48 µm, and produces 
1024 × 2048 projection images. Eight stainless steel ball-bear-
ings with a diameter of 254 µm were taped on the surface of a 
19 mm diameter test tube to make the BB phantom. The distance 
between BB #1 and BB #8 was measured as: l = 17.2 mm (Figure 
35.22b). The system parameters were measured 10 times under 
exactly the same conditions. The measured mean and standard 
deviation values were calculated and are shown in Table 35.4.

The measured results demonstrated excellent consistency of 
the proposed calibration method. Examples of micro-CT images 
of a mouse reconstructed with these system parameters are 
shown in Figure 35.24a–d. These images depict excellent detail 
and sharp edges of the bone structures, qualitatively illustrating 
the excellent performance of the calibration method.

35.4.2 Detector Calibration

To achieve optimal image quality in reconstructed CBCT images, 
pixel-specific corrections for the non-uniformities within the 
acquired raw projection images are crucial. There are various 

causes of the non-uniformities. From the X-ray source side, the 
photons leaving the focal spot can be assumed to form an iso-
tropic distribution on a spherical surface. Once this distribution 
projects onto a plane (the flat-panel detector), the resulted signal 
distribution (thus, the image) will be non-uniform due to the vari-
ant distances between individual detector pixels to the focal spot. 
The region of the detector with shorter distance to the focal spot 
will perceive higher incident signal level, obeying the so-called 
“Inverse R-Square” law. Also, the so-called “heel effect” (see 
Chapter 2) will also cause an inhomogeneous distribution of the 
X-ray intensity projected onto the flat-panel detector. From the 
detector side, a flat-panel detector is typically integrated from 
several large digital modules. Sharing common analog-to-digital 
converters (ADCs) and amplifiers, each module is also composed 
of individual X-ray integration and signal read-out elements (the 
pixels). Due to imperfections of the manufacturing of all the 
involved electronic components, there always exist variations 
of the output signal from different pixels, even if they receive 
an identical level of X-ray radiation. Some detector pixels might 
also be dysfunctional, and do not respond to the incident X-ray 
(thus, called “dead pixels”).

After proper correction, the majority of pixels from the 
detector are normalized to have a similar response to the same 
entrance exposure. The resulted object-free image appears uni-
form and “flat.” The correction technique is, thus, called “flat-
field” correction.

The general idea for pixel-based or pixel-specific flat-field cor-
rection is to assume that each individual pixel, although having 
different responses, follows a similar pattern in their responses, 
such as linear or higher-order polynomial responses, depending 
on the characteristics of the detector. Thus, from pre-acquisition 
measurements, the parameters of the response patterns are able 
to be determined. Then the acquired raw images can be cor-
rected with the pre-determined parameters on a pixel-by-pixel 
manner. For most amorphous silicon based detectors with a CsI 
scintillator, a linear model was found to adequately characterize 
the detector response Samei (2003) and, thus, the flat-field cor-
rection is simply a linear process.

TABLE 35.3

Breast CT System Calibration Results

Mean
Standard 
Deviation

Coefficient of 
Variation (%)

u0 (pixel) 514.0 0.2 0.0292

v0 (pixel) 53.0 0.3 0.5442

η (°) 0.22 0.01 6.5713

RFI (mm) 459.9 0.4 0.0874

RFD (mm) 860.3 0.7 0.0855

FIGURE 35.23 Example CBCT images from breast CT. (a) Axial view 
of bone phantom images; (b) axial view of bone phantom images with η 
off by 0.2 degrees. (Figure from Yang, K. et  al. 2006. Medical Physics 
33:1695–706.)

FIGURE 35.24 Example CBCT images from a micro-CT. (a–d) micro-CT 
images of a mouse. (a) Sagittal view; (b) coronal view; (c) axial view; (d) 
axial view with u0 and v0, off by 1 pixel. (Figure from Yang, K. et al. 2006. 
Medical Physics 33:1695–706.)

TABLE 35.4

Micro-CT System Calibration Results

Mean
Standard 
Deviation

Coefficient of 
Variation (%)

u0 (pixel) 1014.93 0.02 0.0018

v0 (pixel) 529.7 0.1 0.0248

η (°) 0.190 0.009 4.5254

RFI (mm) 225.04 0.05 0.0209

RFD (mm) 401.52 0.08 0.0199



733X-ray Cone Beam Computed Tomography

The fixed gain method has a very straightforward correc-
tion approach. In the calibration step, a “dark image” or “offset 
image,” D(x, y), is first acquired in the absence of X-rays, by aver-
aging over multiple images to reduce random noise. The offset 
image is a measurement of the dark noise distribution of each 
pixel, and works as the intercept of the linear response model. 
Then a “flood field image” or “gain image,” G(x, y), is acquired 
with the similar exposure level for a normal acquisition, also by 
averaging over multiple images to reduce random noise. The gain 
image measures the different responses to the selected exposure 
level between pixels, and G(x, y) – D(x, y) provides the slope 
of the linear response model. Thus, a raw image, I(x, y), can be 
simply corrected as
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A normalization factor, S, is used to preserve numerical preci-
sion as the raw data, such as a 10- to 14-bit precision for most 
flat-panel detectors.

Although the fixed gain method is easy to implement, it has 
limited accuracy, due to the lack of information when modeling 
the linear response with only two points (the offset image and the 
gain image). Kwan et al. 2006 proposed an improved approach 
(Kwan et  al. 2006) called variable gain method that measures 
multiple points over variant exposure levels. The spanned expo-
sure range covers the normal dose range and dynamic range for 
the detector in the specified application. At each exposure level, 
multiple images are acquired and averaged to reduce random 
noise. After images over a number of exposure levels have been 
acquired, a linear fit is used for each pixel over the measured 
response points at different exposure levels. Two parameters are 
determined from the linear fitting to model the response of each 
pixel, the intercept, A(x, y), and the slope, B(x, y). Similarly to 
Equation 35.19 for the fixed gain method, the correction of a raw 
image, I(x, y), is performed as
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Thus, the corrected image is normalized to the entrance expo-
sure level, which should ideally be measured by an additional 
ion chamber. Sometimes the tube output current-time product 
(mAs) or the response from a single pixel of the flat-panel detec-
tor can be used as a surrogate. However, they will not be as 
accurate as the entrance exposure measured by a calibrated ion 
chamber.

Another crucial procedure for the flat-field calibration is 
the determination of the location of dead pixels on the detec-
tor. Uncorrected dead pixels cause infamous “ring artifacts” on 
reconstructed CBCT images. Carried out together with the linear 
response-based calibration, a set of automated segmentation cri-
teria can be applied to locate dead pixels and listed as following:

 1. The linear fitting parameter, r2, is significantly less 
than 1.0 (the threshold can be set at 0.995 for example). 
A smaller r2 value corresponds to a less linear behavior 
for a pixel, and is less desirable.

 2. The acquired offset values from multiple measure-
ments (e.g., >10) vary significantly (the threshold of 
the maximal fluctuation can be set at 100 analog-
to- digital units [ADU]). Although there will be 
unavoidable variations between measurements of the 
dark signal, larger fluctuation means a higher pos-
sibility of the pixel being unstable through different 
acquisitions.

 3. The slope, B(x, y), is equal to or less than 0.0, indicat-
ing a reduction in signal level with increasing X-ray 
exposure. The response slope should be a positive 
number.

 4. The number of data points used for linear fitting is less 
than four points. Only the data points below the satu-
ration value (around 16,000 ADU for 14-bit data) are 
selected for linear fitting. If only very few data points 
can be used, it means the pixel has an uncommonly 
high response and becomes saturated at relatively 
low exposure levels. A relatively large error will be 
 introduced from these pixels, due to the lack of infor-
mation in modeling their responses, even though these 
pixels are not necessarily “dead”, based on the previous 
criteria.

 5. Among the data points used for linear fitting, the 
increase of the gain from the lowest to the highest 
exposure level is significantly small compared with the 
dynamic range (around 16,000 ADU for 14-bit data). 
The threshold can be set as 3000 ADU for example. 
Due to the selection of the exposure range in the cali-
bration, the response of a normal pixel is supposed to 
span through the dynamic range, which means a sig-
nificant increase of the signal from the lowest to the 
highest exposure level. This criterion eliminates those 
inert pixels that have uncommonly low responses to the 
increasing of X-ray exposure.

  After the calibration procedure, two image files, A(x, 
y) and B(x, y), and a dead-pixel map file are generated. 
These three files are then used by a computer program 
which performs the flat-field correction for projection 
images acquired from the CBCT system. This program 
will carry out the linear approach and corrects for dead 
pixels by averaging from the eight surrounding pixels 
of each dead pixel (making sure to skip dead pixels if 
present in these eight surrounding pixels). As the last 
step of the flat-field correction, defected rows or col-
umns with known locations are corrected by averaging 
over adjacent rows or columns. Figure 35.25 shows the 
example of a projection image before and after the flat-
field correction.

35.4.3 FDK Reconstruction

The well-known FDK cone beam reconstruction for equally 
spaced flat detector configuration was derived directly from 
the filtered back projection method (FBP) for two-dimensional 
reconstruction. The reconstruction is based on weighting, filter-
ing, and back projecting a single plane within the X-ray projec-
tion cone.
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35.4.3.1 Theory

As described by Kak and Slaney (2001), voxel-driven filtered 
back projection can be broken into the following three steps 
(geometric variables, are defined in Figure 35.26):

Step 1: Weighting
Multiply the projection data, Rβ(s, t), by the function 

sid sid s t/ 2 2 2+ +( ) to obtain R′β(s, t). This step is also referred 
to as “cosine weighting.”
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(35.21)

Step 2: Filtering
Convolve the weighted projection, R′β(s, t), with a ramp filter, 

h(s)/2, by multiplying their Fourier transforms with respect to 
s. This convolution is done independently for each row of data 
through all different t locations. The result, Qβ(s, t), is given by

 
Q s t R s t h sβ β( , ) ( , ) ( ).= ′ *

1
2  

(35.22)

We will talk about the filters in detail later. It is important 
to perform this convolution in the spatial frequency domain 
because of the much improved computation efficiency. So, for the 
practical implementation, Fourier transform and inverse Fourier 

transform of the projection data along the s direction are directly 
involved in the FDK algorithm.

Step 3: Backprojecting
For the last step, each weighted projection is backprojected 

over the three-dimensional reconstruction grid:
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Note here the integration of the angular projection is over the 
entire 0 – 2π. So, all the projection data are integrated to the 
reconstruction volume uniformly. In the situation when projec-
tion data can only be acquired within a limited angular range 
less than 360° (but still more than 180° plus the fan angle), the 
additional step of weighting of the projection data with a smooth 
function needs to be taken to balance out the redundant projec-
tion rays during back projection. That additional step is called 
“Parker weighting,” and interested readers can refer to the origi-
nal work by Parker (1982).

For most CBCT scanners with a circular source trajectory, due 
to the incomplete information acquired from this simple source 
trajectory, it is not possible to achieve exact reconstruction of a 
three-dimensional object, since Tuy’s (1983) condition is not sat-
isfied. This is the fundamental limitation for all reconstruction 
methods, including FDK. Despite its approximate nature, FDK 
has the following three important properties, as pointed out by 
Feldkamp et al. (1984):

 1. The reconstruction is exact for the central plane 
(z = 0), since FDK is identical to the fan-beam 
reconstruction in this plane. The reconstruction error 
increases as the cone angle increases, such as when 
the reconstruction plane is further away from the cen-
tral plane.

 2. The reconstruction is exact for objects homogeneous 
in the axial direction (z-direction), such as when g(x, 
y, z) = g(x, y). For this type of object, the reconstruc-
tion also reduces to the two-dimensional fan-beam 
situation.

Defected
row

Dead pixel

1/r2 effect from
cone beam
geometry

(a)

(b)

Different pre-
amplifiers

FIGURE 35.25 Flat-field correction results. (a) The raw image before flat-
field correction and different noise patterns are easily visible; (b) the same 
image after flat-field correction and most artifacts are corrected.
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FIGURE 35.26 CBCT reconstruction coordinates.
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 3. The integral of an object in the axial direction (z- 
direction) is preserved, thus ∫(x, y, z)dz = ∫true(x, y, z)dz, 
where g(x, y, z) is the reconstructed object and gtrue(x, y, 
z) is the true object.

Among all different approximate reconstruction approaches 
proposed for circular source trajectory, the FDK method does 
utilize all the available projection information (Radon data) and 
has many practical advantages, such as easy implementation, fast 
computation, and tolerance for data truncation in the axial direc-
tion. Tretiak (1978) derived an algorithm-independent lower bound 
for the mean squared error in a reconstructed image, and pointed 
out that, for the case of reconstructions from parallel projection 
data, this lower bound achieved from the FBP method is close to 
the theoretical limit, which leads to the conclusion that very little 
improvement can be obtained over the performance of FBP.

35.4.3.2 Example Implementation

While acknowledging the advantages of the FDK method, there 
is considerable room for improvement, and it has been an active 
area of research. The following example from the University 
of California Davis focuses on the implementation of the FDK 

algorithm in the PC environment. Based on the three major steps 
of FDK, a two-dimensional filtered back projection algorithm has 
been implemented in C (Microsoft VC++ 6.0 SP 5, Redmond, 
WA). Figure 35.27 shows the major program architecture. The 
input data are flat-field corrected projection images. The outer-
most loop reads in each projection view (500 views for the nor-
mal CBCT acquisition). Each projection image is weighted and 
then filtered in the horizontal direction. Three nested loops run 
through the x, y, and z-direction of the volume data, and voxel-
driven back projection is performed. Bi-linear interpolation is 
applied for each ray which pierces on the detector plane. The 
resulting volume data is stored as multiple coronal CT images.

35.4.3.3 Reconstruction Filters

For the filtering step of FDK, there is ample opportunity to 
study alternate methods for filter design. From the Fourier Slice 
Theorem, an ideal ramp filter, H( f) = |πf |, should be applied to 
the projection data in the frequency domain. However, in the 
computer implementation, because of the finite data length, a 
band limited version of this filter has to be used, equivalent to 
applying a rectangular window on the filter. Additional modifica-
tions to the window function, W( f), can be applied to modulate 
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FIGURE 35.27 CBCT reconstruction diagram.



736 Handbook of X-ray Imaging

the filter’s frequency response, and this can also be used as a tool 
to modify the noise characteristics of the reconstructed images, 
achieving the optimal compromise between spatial resolution 
and image noise. Certain frequency contents of the image could 
be emphasized or de-emphasized for different clinical applica-
tions by varying the upper and lower frequency attributes of the 
kernel. The ramp filter and different window functions are com-
bined together to create the reconstruction kernel, which is cru-
cial for the reconstruction algorithm. Although extensive work 
has been done on commercial scanners, the detailed design of 
kernels is generally considered proprietary, and is, unfortunately, 
not available in the public domain. Below we will cover four basic 
mathematical kernel functions, Ramp, Shepp–Logan, Hamming, 
and Hann. Among them, the Ramp and Shepp–Logan kernels 
are widely used for many CBCT systems. The corresponding 
window functions are defined as

Ramp: W( f) = 1;

Shepp–Logan: W f
f

f
( )

sin( )
=

π
π

;

Hamming: W( f) = 0.54 + 0.46cos(πf);

Hann: W( f) = 0.5 + 0.5cos(πf).

The reconstruction kernels made from these four window func-
tions are shown in Figure 35.28. Example images reconstructed 
with these kernels are shown in Figure 35.29. Despite the appar-
ently higher noise level for Ramp kernel, the other three kernels 
have similar noise suppression capabilities, and, thus, have only 
a slight difference in overall image appearance, due to their very 
similar shapes at high spatial frequencies.

35.4.3.4 Optimization with GPU

As shown in Figure 35.27, the voxel-driven back projection 
runs on a sequential manner by looping through the total num-
ber of projection views and the total number of reconstructed 
voxels. Within each individual inner most loop, the bi-linear 
interpolation process is also triggered every time. Given the 
large matrix size of projection images from flat-panel detectors 
(typically 512 × 512 – 1024 × 1024) and large matrix size of 

the reconstruction volume (typically 5123), this is not a trivial 
process in data processing, and takes the majority portion of 
the computing time of CBCT reconstruction. If such a program 
runs on a single CPU, the typical reconstruction time with the 
abovementioned data size is ∼1 hour. To accelerate the back 
projection, the key is to divide the processing into parallel tasks 
and assign them to multiple computing units, which could be a 
cluster of CPUs or, more popularly for CBCT reconstruction, a 
single Graphics Processing Unit (GPU). A GPU card typically 
has hundreds of individual computing cores, and was initially 
built to control the graphic display on a monitor. Its main func-
tion is to feed an array of screen pixels with a massive amount 
of data, consisting of color, brightness, textures, and geometry. 
This is almost identical to the back projection process in CBCT 
reconstruction. In the GPU structure, such a process can be ele-
gantly modeled as a continuous data stream, which is input into 
a pipeline of processing kernels (note that we also coincidently 
use “kernel” to refer to a reconstruction filter) at minimal data 
dependencies. This also matches the fact that each individual 
CBCT voxel can be independently reconstructed through the 
exactly same back projection process. Therefore, an inherent 
data-parallel processing model can be employed—the so-called 
SIMD model (Same Instruction Multiple Data). It is this SIMD 
model that makes processor design simple and greatly reduces 
the cost of manufacturing.

Figure 35.30 shows a simple diagram of an example of CBCT 
reconstruction implemented on GPU. The critical keys in GPU 
programming include:

 1. Streamline the sequential process of back projection 
into an identical parallel process. Some challenges 
include the conditional branches in the sequential 
mode.

 2. Careful management of the memory usage. Especially 
one needs to minimize the data exchange between 
the CPU memory and the GPU memory. For CBCT 
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FIGURE 35.28 Reconstruction kernels.
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FIGURE 35.29 Example CBCT images with different reconstruction ker-
nels. All images are shown in the same window and level (0.17, 0.05).
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application, typically the reconstructed volume data 
can be temporarily saved on the GPU memory, while 
currently the GPU memory cannot hold the entire pro-
jection dataset. Thus, a single projection image has to 
be constantly exchanged between the GPU memory 
and CPU memory.

 3. Full utilization of the natural texture interpolation fea-
ture built-in GPU.

Compared to the speed using a single CPU, a typical GPU 
reconstruction engine can achieve the same results within less 
than 1 minute. Thus, almost real time reconstruction can be 

achieved, which is very critical for many CBCT guided interven-
tional applications. Extensive research work has been carried out 
on the topic of GPU reconstruction (Sharp et al. 2007; Jia et al. 
2010; Noël et al. 2010). Currently there is an open source plat-
form (RTK, http://www.openrtk.org/) which provides cross-plat-
form program resources for CBCT reconstruction using GPU.

With the great acceleration boosted by parallel computing 
power of GPU, new frontiers of CBCT reconstruction can be 
explored. For example, it is possible (or more affordable) to per-
form iterative CBCT reconstruction algorithms on GPU. This 
is especially important and promising for applications with a 
reduced number of projections or reduced X-ray technique (mAs 
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per projection). The simple FDK method normally cannot pro-
vide optimized results under these non-ideal conditions (Sidky 
and Pan 2008; Bian et al. 2010).

35.4.4 Scatter Correction

X-ray scatter is one of the key challenges for CBCT systems (see 
also Section III, Chapter 48). With the wide beam collimation 
(typically 10–15 cm along the z-direction) and a large object vol-
ume interacting with the primary beam, the flat-panel detector 
unavoidably captures a majority of scattered X-ray photons dur-
ing acquisition. This breaks down the straight line path assump-
tion for back projection. The direct and most common impact of 
scatter on CBCT image quality is the perceived cupping artifact 
and the reduction of the contrast to noise ratio (CNR) of low con-
trast objects. Furthermore, scatter will also affect the accuracy of 
reconstructed HU values for CBCT. This will temper the value 
of CBCT as a quantitative imaging tool for many clinical tasks. 
Ruhrnschopf and Klingenbeck (2011a,b) had a series of two com-
prehensive review articles, which covered the general framework 
of scatter correction for CBCT. Interested readers are strongly 
recommended to these two review articles for more details. Here, 
we will give a brief summary and present two practical imple-
mentation examples.

There are two major types of approaches to handle scatter, 
and both have advantages and disadvantages. The first type 
is to reject/suppress the scattered X-ray photons from being 
detected by the flat-panel detector. Most intuitively, reducing 
the X-ray covered volume at each projection will reduce the 
generated scatter signal. A certain amount of air gap between 
the object and the flat-panel detector can also naturally reduce 
the detected scatter. However, in many situations, an additional 
hardware will be required, such as a bowtie filter or an anti-
scatter grid being placed before or after the imaging object, 
respectively. The key mechanism is to utilize the difference of 
the incident angles between the primary and scattered photons. 
Although being commonly used in most X-ray projection imag-
ing systems, an anti-scatter grid also reduces the detected signal 
from the primary photons and, thus, poses a radiation dose pen-
alty if equivalent image quality is desired. In most situations, 
the additional dose requirement (typically by a factor of 2–5, 
depending on the grid ratio) is prohibitive for clinical CBCT 
applications. Therefore, most of the research studies on CBCT 
scatter correction have been focusing on the second type, which 
is to work on the scatter “contaminated” projection images and 
try to correct for the detrimental effect within the image. The 
key mechanism is to first determine the assumed scatter signal 
and then eliminate it in a post-processing manner. Many dif-
ferent approaches have been proposed to determine the scatter 
signal for CBCT projections (Ning et al. 2004; Kwan et al. 2005; 
Siewerdsen et al. 2006; Rinkel et al. 2007; Li et al. 2008; Maltz 
et al. 2008; Chen et al. 2009; Poludniowski et al. 2009; Lazos 
and Williamson 2010; Ruhrnschopf and Klingenbeck 2011a,b; 
Lee et al. 2012; Dong et al. 2013; Thing et al. 2013; Yang et al. 
2014; Ouyang et  al. 2015; Ritschl et  al. 2015; Xu et  al. 2015; 
Zhao et al. 2015b), including analytical modeling, Monte Carlo 
simulation, and physical measurements. Below we will have two 
practical examples on software-based and physical measure-
ment based approaches.

35.4.4.1 Software-Based Approaches

For software-based approaches, they do not require additional 
system hardware, but typically assume that the object has a 
generic composition and shape. Therefore, the correction is not 
object-specific. While object-specific Monte Carlo simulation 
seems feasible, many new challenges, including the accurate 
imaging system modeling and limited computation resources, 
prevent its practical implementation. Here we have an example 
from a dedicated breast CBCT system using a hybrid method 
combining Monte Carlo simulation and analytical modeling. The 
main idea is to analytically simulate CBCT projection images 
of a cylindrical phantom which has very similar shape and size 
of the real imaging target (a breast). The simulated projection 
image will also include scatter signals of the cylindrical phantom 
from a pre-determined database using Monte Carlo simulation. 
By logarithmically subtracting the simulated projection images, 
the scatter component within the original projection images can, 
thus, be eliminated. Below are the details of the implementation.

A custom-developed Monte Carlo simulation program 
(SIERRA, developed by Dr. John M. Boone) was used to gener-
ate a generic database of the scatter signal distributions over a 
number of CBCT system parameters. The scatter to primary ratio 
(SPR) was produced as a function of the position on the detector 
plane and the object size. The object was assumed to be a cylin-
der with 50/50 glandular compositions (50% glandular tissue and 
50% adipose tissue) and placed at the isocenter of the scanner. 
The diameter of the cylinder ranges from 10 to 18 cm, with a 
1 cm increment. The length of the cylinder was set as 1/4, 1/2, 3/4, 
and 1 of the diameter of the cylinder. For each individual object 
dimension, the SPR was calculated over the entire detector plane, 
with a sampling pixel size of 1 cm × 1 cm. The simulated SPR 
data were then fit to a smooth function with commercial software, 
Table Curve 3D (Jandel Scientific). A general form of the fitting 
equations is a combination of two Gaussian functions as:
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where (x, z) determines the location on the detector plane. The 
parameters a, b, c…, and h are dependent on the object dimen-
sion. An example of the SPR distribution after fitting is shown in 
Figure 35.31.

The correction procedure starts with segmentation of the pro-
jection image of the breast. A binary image is generated to map the 
breast area in the projection image. A fast two-dimensional recon-
struction is performed with these binary projection images and 
provides a binary CT image that depicts the outline of the breast. 
Thus, the mass center of the breast and the minimal radius of a 
cylinder that encompasses the breast can be determined. These 
parameters are fed into the computer simulation code to deter-
mine the location and dimension of the water cylinder. The SPR 
parameters are also determined from the cylinder dimensions.

As illustrated in Figure 35.32, the computer simulated water 
image is subtracted from the breast image prior to reconstruction. 
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For a pixel located at (x, z) on the detector plane, the signal from 
a breast image can be modeled by
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where N0 is a constant to normalize the total photon number, 
and Ed(E) is the detector response as a function of energy. µ(E) 
is the linear attenuation coefficient of the breast and t(x, z) is the 

corresponding attenuation length from the X-ray source to the 
detector pixel (x, z).

The un-attenuated signal is defined by the average value of a 
rectangular region centered at (x0, z0) from the image, and can be 
also modeled as
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The corresponding attenuated and un-attenuated signal from a 
simulated water cylinder image can be defined very similarly as
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Thus, the logarithm subtraction can be carried out by

 
ln ln ln .

I
I

I
I

I
I

I
I

w

w w

w0 0 0

0
− =











 
(35.29)

By inserting Equations 35.25 to 35.28 into Equation 35.29, we 
can obtain
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FIGURE 35.31 SPR distribution. A smooth function was fit into the SPR 
data simulated from Monte Carlo simulation. The example is shown for a 
50/50 cylinder with 18 cm diameter and 18 cm length.
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This result from subtraction is used as the input to the recon-
struction algorithm and is equivalent to the “µ − µw” part of 
the definition of HU. It is worth noting that the first part of the 
right hand side of Equation 35.30 is only scatter-related, and the 
second part is only X-ray spectrum related or beam hardening 
related. With the assumption that the water cylinder has the clos-
est physical dimensions to the breast and, thus, a very close SPR 
distribution, an intuitive estimation of the first part is very likely 
to be a constant (independent of the (x, z) location), due to the 
cross ratio between these two SPR functions. Similarly, the sec-
ond part is very likely to only be a function of (x, z), instead of 
the energy, E. If these two intuitive constructs are proven to be 
fairly accurate, the cupping artifact caused from beam hardening 
and scatter will be corrected together with HU calibration. With 
the experiments on the breast CBCT scan data, this method has 
indeed eliminated major cupping artifacts from the CT images, 
proving the above two assumptions.

After reconstruction of µ − µw, a constant scale factor, 1000/
µwater, was multiplied to reconstructed CT images to achieve the 
corresponding HU values.

As a summary, Figure 35.33 illustrates the complete HU 
calibration procedure. Figure 35.34 shows the example images 
before and after scatter correction, and the correction of cupping 
artifact is clearly demonstrated.

35.4.4.2 Physical Measurement Based Approaches

Apparently, the abovementioned software-based approach worked 
reasonably well for objects with a shape or composition very 
close to the phantom model used in the simulation. However, this 
assumption cannot always hold. Using breast CT as an example, 
the breast is not always in a shape like a cylinder and, more impor-
tantly, its diameter typically tapers down along the chest wall to 
nipple direction. So, if the scatter information for each object can 
be directly measured during CBCT acquisition, a correction will 
be straightforward on the projection image. Several physical mea-
surement based approaches have been proposed (Ning et al. 2004; 
Siewerdsen et al. 2006; Maltz et al. 2008; Lee et al. 2012; Dong 
et  al. 2013; Yang et  al. 2014; Ouyang et  al. 2015; Ritschl et  al. 
2015). The goal is to measure scatter signal simultaneously during 
the CBCT acquisition. This is typically achieved with an addi-
tional beam blocker, which can block a small portion of the pri-
mary beam, while not interfering with the majority interactions 
happening within the object. This beam blocker can be placed 
either between the X-ray tube and the imaging object or between 
the object and the detector. With a certain design, this piece of 
hardware can block the primary beam either completely or par-
tially, and provide the information for scatter estimation. Below 
is an example using a so-called beam passing array (BPA) (Yang 
et al. 2014) to directly measure primary signals at discrete loca-
tions in addition to a non-blocked projection, which contains both 
primary and scatter signal. The key advantages of this method 
include the object-specific scatter estimation on a projection by 
projection basis, and the negligible radiation dose to the object.

As shown in Figure 35.35, a tungsten plate with 50 parallel 
holes (thus, the BPA plate) was mounted in front of the X-ray 
tube and can be inserted into or removed from the X-ray beam 
path by a solenoid-driven filter changer. The idea was to per-
form CBCT scans of the same object with and without the BPA 

plate, and scatter estimation and correction can be performed 
on each projection image. At each projection angle, there were 
two images acquired to estimate the scatter signal (including the 
detector glare within the detector). Thus, the scatter signal at a 
specific detector element can be determined as
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where S is scatter signal, I(i, j) is measured signal without the BPA 
plate, I′(i, j) is measured signal with the BPA plate, ff(i, j) is flat-
field calibration function for the detector without the BPA plate, 
f(i, j) is primary signal reduction factor of the BPA plate, and W 
is the pixel groups that detect an X-ray signal with the BPA plate.

Here we need to emphasize the importance of the primary sig-
nal reduction factor of the BPA plate, f(i, j). Since all the holes 
in this BPA plate are parallel and not focused towards the X-ray 
focal spot, there will be unavoidable attenuation of the divergent 
primary X-ray beam. This attenuation is non-uniform across all 
the holes, due to the different solid angles. This is an important 
parameter for this BPA using non-convergent parallel holes. This 
factor provides an accurate correction of the measured primary 
signal using a parallel-hole design comparing to an ideal con-
vergent-hole pattern. The primary reduction factor, f(i, j), can be 
determined from an approach very similar to a typical flat-field-
ing calibration for flat-panel detectors as we previously described 
by just performing the flat-field calibration with the BPA plate.

Following Equation 35.31, the corresponding scatter to pri-
mary ratio (SPR) at discrete locations can be determined as
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For the SPR signals determined within each pin hole opening 
from the BPA plate, an averaged SPR value was used as a single 
discrete measurement from that hole location. A bi-harmonic 
spline interpolation (MATLAB, The MathWorks, Inc.) was used 
to interpolate/extrapolate these discrete data (a total of 50 in this 
example) into a continuous 2D SPR. Thus, the scatter signal con-
tribution in each original projection image can be corrected by 
dividing by the factor (1 + SPR) on a pixel-by-pixel basis over 
the entire projection image (as shown in Figure 35.36):
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where P is the scatter corrected signal, I(i, j) is the measured 
signal without the BPA plate, SPR(i, j) is the SPR determined for 
the pixel location (i,j), and W2 is all the pixels involved in CBCT 
reconstruction.

Example images after scatter correction are shown in Figure 
35.37, and the apparent improvement of the cupping artifact can 
be observed. More importantly, as compared to the software-
based method, the correction works equally well for non-cylin-
drical objects.
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35.4.4.3  Final Note: CBCT Image Noise 
and HU Number Accuracy

We would like to emphasize that the abovementioned scatter 
correction approaches, no matter how accurate, can only correct 
for the “magnitude” or the mean value of the scatter signal. It is 
impossible to correct for the “noise” associated with the scat-
ter signal. We can use a very simple derivation to demonstrate. 
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FIGURE 35.34 Scatter correction results. CBCT images before and after the corrections are shown on the top and middle rows. The cross-section profiles 
are shown on the bottom row.
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BPA plate was mounted as part of the X-ray tube assembly, and can be 
inserted into or removed from the X-ray beam by a solenoid.
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For a single detector pixel location, the detected signal contains 
two components: primary and scatter. Each component has its 
own mean and variance, due to the statistical nature of X-ray 
detection; thus, the total signal can be described by its mean and 
variance:

 I I IP S P S= + = +, σ σ σ2 2 2

 

After the inverse logarithmic process, the signal from the 
same pixel to be backprojected can be described by its mean and 
variance as
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Here, the non-attenuated signal I0 can be assumed to be noise 
free, since it can be averaged from many repeated measure-
ments. So, apparently, a good scatter correction method can 
effectively remove the term, IS , in both the mean and variance 
of the signal for reconstruction. This will restore the mean signal 
value. However, the actual noise (variance) term will increase. 
Figure 35.38 shows an example of the impact of scatter removal 
on image noise. Here, by using very narrow z-collimations, 
we physically removed scatter while keeping other parameters 
unchanged. Then, as a quantitative indicator of the reconstructed 
CBCT image noise, the final noise power spectra (NPS) showed 
the great increase of image noise.

As pointed out by Ruhrnschopf and Klingenbeck (2011a,b) 
in their review articles, even though an accurate estimate of the 
scatter signal can be achieved, “the correction procedures have 
to take into account the stochastic nature of signal and scatter in 
a statistical framework.” So, a noise reduction process is almost 
guaranteed to be part of the CBCT scatter correction framework, 
not to mention other critical benefits for CBCT image quality. 
Eventually the accuracy of the HU value from a CBCT image 

needs to be rigorously verified. These two related topics will be 
our focus in the next two sections.

35.4.5 Noise Reduction

As we have mentioned in the image quality section, noise is 
one of the fundamental challenges for all X-ray based imaging 
modalities, due to its direct relationship with radiation dose to the 
imaging object. Effective noise reduction, therefore, serves two 
equally important purposes: improving image quality and reduc-
ing radiation dose. For CBCT, the major contributors to the noise 
in reconstructed images include quantum noise from X-ray detec-
tion (both the primary and scatter signals as we just talked about) 
and electronic noise from the flat-panel detector. The latter factor 
typically is not a major concern, except for very rare situations 
where the X-ray signal is extremely attenuated (Yang et al. 2008, 
2010). Therefore, most of the research efforts on noise reduction 
have been put into the alleviation of effect from quantum noise 
associated with X-ray detection.

The easiest idea of noise reduction is to assume its high spatial 
frequency nature and apply a smoothing function to the image 
data through a basic image processing approach. For CBCT, this 
can be done either on the projection domain (thus, typically 2D 
filtering) or on the reconstructed CT volume dataset (thus, typi-
cally 3D filtering). This type of non-variant filtering has a big 
drawback: while reducing the image noise, it also blurs out the 
sharp edges in the image, and, therefore, reduces the spatial reso-
lution. More intelligent noise reduction has to involve analyzing 
the image data and making a selected smoothing based upon the 
recognition of the related image information. For most situations, 
this is an iterative approach that the algorithm constantly adjusts 
its smoothing power, based on the updated information from pre-
vious rounds of smoothing. For CBCT (and the fan-beam CT), 

Original image BPA approach Software-based
approach

FIGURE 35.37 Scatter correction for CBCT images. Reconstructed 
CBCT images showing the comparison of scatter correction using the BPA 
approach and the software-based approach. Top row is from a uniform but 
non-cylindrical phantom, and the bottom row is from a real human breast.
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row: Noise Power Spectra of CBCT images with two different phantom sizes 
and three different z-collimation sizes.
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this is actually the same process of iterative reconstruction, and 
many studies have shown their effectiveness in noise reduction 
while maintaining the spatial resolution of the reconstructed 
images (Sidky and Pan 2008; Bian et al. 2010, 2014). Besides the 
iterative reconstruction approach, CBCT might be able to ben-
efit from advanced noise reduction algorithms that are applied 
directly to the projection images, due to the rich 2D informa-
tion within each image from a flat-panel detector. Below is an 
example algorithm proposed by Xia et al. (2008).

In Xia et  al.’s (2008) study, a so-called Partial-Diffusion 
Equation (PDE) approach was applied to dedicated breast CBCT 
datasets. The PDE denoising strategy was inspired by the heat 
equation, which regulates the spatial temperature distribution as 
a function of time. When the time period is sufficiently long, 
the temperature distribution tends to be uniform in space, even 
though it may be very non-uniform at the initial time point. This 
heat diffusion process can be considered as that the tempera-
ture map has been “smoothed” over time. Using that model, a 
noisy image can be treated as a temperature image and fed into 
the heat diffusion equation for smoothing. Another attractive 
nature of the heat diffusion model is that the diffusion speed or 
the smoothing power relies on the local temperature gradient, 
which corresponds to the local detail level in an image, i.e., sharp 
details will have a high gradient and uniform area will have a 
low gradient. Therefore, a non-linear PDE process can not only 
remove the noise, but also preserve the details in the image. The 
equation below defines the process:
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(35.34)

where the time period, t, can be discretized as a number of 
 iterations. ∇I is the gradient of the image, I, and the function of 
p(.) is called the diffusivity function, a function of the norm of the 
gradients in the image |∇(Gσ ⊗ I)|. It is used to regulate the local 
smoothness. In the presence of noise, the gradient, ∇I , can be 
unbounded. To overcome this problem, a Gaussian kernel Gσ with 
the standard deviation of σ is applied to the image before gradi-
ents are computed, as suggested by Catté et al. (1992).

In Xia et al.’s (2008) study, a diffusivity function proposed by 
Perona and Malik (1990) was chosen:
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where δ0 is a user-specified parameter. When the image gradient 
norm, d, is very large at a location region, the diffusivity will be 
very small, and, thus, the local image contrast will be preserved 
within a small time period, whereas another more uniform region 
will be smoothed out at the same time. The parameter, δ0, acts 
like a cutoff value; image regions with a gradient norm below δ0 
will have more noise removed, while regions with a higher gradi-
ent norm will stay sharp.

For practical implementation of Equation 35.34 on CBCT pro-
jection images, it needs to be discretized in the spatial domain:
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where t and t + 1 correspond to the iteration steps. The diffusiv-
ity function and image gradient were calculated at four different 
neighboring pixels of (i,j), and then summed as the step incre-
ment for pixel (i,j).

The above PDE method can be applied at different stages of 
the image processing and reconstruction chain of CBCT. In Xia 
et  al.’s (2008) study, it was found that the best denoising was 
achieved at the projection domain after the inverse logarithmic 
process, but before the FBP. As shown in Figure 35.39, better low 
contrast-detail performance can be achieved for computer simu-
lated phantoms, and clear noise reduction can be observed from 
clinical breast CBCT images.

35.4.6 HU Accuracy Calibration

As a tomographic imaging modality, the reconstructed CBCT 
images ideally should pertain consistent quantitative accura-
cies in terms of the HU values. Accurately calibrated HU values 
will provide meaningful information for many different clinical 
tasks. For example, in diagnostic applications, the difference of 

Ideal(a) (b) With noise: I0 = 1.0e4

(c) (d)PDE3Dpost PDEtomo

Original

PDEtomo

FIGURE 35.39 PDE-based denoising approach. Top panel: Contrast-
detail phantom study. (a) Ideal phantom image without added noise; 
(b)  Reconstructed phantom image with added noise in the projec-
tion; (c)  Phantom image with PDE applied to the reconstructed volume; 
(d) Phantom image with PDE applied to the projection image. Apparently 
(d) shows the better denoising performance. Bottom panel: Comparison of 
the clinical breast CBCT images before and after PDE denoising. (Both fig-
ures are from Xia, J.Q. et al. 2008. Medical Physics 35:1950–8.)
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HU values around a tumor between the CBCT scans with and 
without iodine contrast can serve as a strong indicator of the 
tumor’s malignancy (Prionas et al. 2010). In its radiation thera-
peutic applications, the concept of “adaptive therapy” is based on 
the accurate HU values from on-board CBCT images and aims 
to provide an updated treatment dose map with comparable qual-
ity as using a planning fan-beam CT (Yoo and Yin 2006; Guan 
and Dong 2009; Hatton et al. 2009; Kim et al. 2010; Rong et al. 
2010; Ma et al. 2014; Barateau et al. 2015).

On the other hand, HU accuracy might be the most challenging 
topic for CBCT. As we previously discussed, many non-ideal sit-
uations affect the accuracy of HU for CBCT, including two fun-
damental limitations: incomplete data sampling with cone beam 
geometry and X-ray photon scattering. Coincidently, the impact 
of both factors depends on the object’s shape, size, and density. 
This makes the task to achieve consistent HU values even more 
complicated. Therefore, the current prevailing opinion is that, 
due to lower image quality and less consistent HU values, CBCT 
cannot fully provide quantitative information. Many efforts have 
been put into breaking this limitation, and it still remains an 
active topic of CBCT research. In some initial approaches, the 
HU values of CBCT were calibrated against those from fan-beam 
CT, using the same phantom (or patients) selection. One (or sev-
eral, depending on the variability of the object size) correction/
conversion table(s) can be determined with a heuristic approach. 
Relative large variations in the accuracy of the results have been 
reported (Richter et al. 2008; Silva et al. 2012). Apparently, this 
type of conversion table approach does not bear true physics-
based modeling, and has limited generosity for certain specific 
imaging objects (such as the human head, abdomen, etc.). Below 
we will show two examples that we have explored for dedicated 
breast CBCT applications.

In the first example, a customized polyethylene cylinder phan-
tom with different inserts (Figure 35.40) was scanned on a ded-
icated breast CBCT scanner and a fan-beam CT scanner (GE 
Discovery ST). A software-based scatter and beam hardening 
correction (described in Section 35.4.4) was applied to the CBCT 
data. The comparison of the HU values between CBCT, fan-
beam CT, and theoretical calculation (based on the X-ray spec-
trum and insert material) was shown in Figure 35.40. Clearly 
with the scatter correction, the HU values form CBCT is quite 
close to that from the fan-beam CT and analytic calculation for 
soft tissue equivalent materials. However, for dense materials 
such as Lexan or Acrylic, there is a big difference between the 
fan-beam CT and CBCT. This shows the limited applicability of 
software-based correction methods for CBCT.

In the second example, a hardware based scatter correction 
method (also described in Section 35.4.4) was applied to the 
CBCT data. The focus was to achieve consistent HU value accu-
racies for a wide range of object sizes with the materials that 
are pertinent to breast imaging. A total of 10 different phantoms 
were scanned (Table 35.5).

As shown in Figure 35.41, relatively consistent HU values were 
achieved for a large range of object sizes with representative tis-
sue equivalent materials. However, caution still needs to be taken 
in regard to the effectiveness of any HU calibration method, 
given the fundamental limitations we have mentioned.

35.5 Summary and Future Directions

CBCT might be considered as the most versatile X-ray  imaging 
modality, with its extremely wide spectrum of applications. 
Its advantages include high spatial resolution, low system cost, 
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FIGURE 35.40 HU calibration with software-based scatter correction. The HU values are compared for different materials between fan-beam CT (GE 
Discover ST), CBCT (breast CT scanner), and analytical calculation.
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and flexible operations. Many dedicated applications of CBCT 
have become critical parts of the current medical imaging 
 practice. On the other hand, the relatively low image contrast, 
higher noise, X-ray scattering, and cone beam artifacts have 
remained major challenges for CBCT. This also stimulates the 

motivation in many frontier research projects related to CBCT. 
Although emerging technical developments on photon count-
ing and spectrum CT have been mostly related to fan-beam 
CT, eventually they should be available for CBCT as well. The 
future of CBCT remains promising, giving the new emerging 
technology related to X-ray source, flat-panel detector, and com-
putation hardware.
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36
Small Animal X-ray Computed Tomography

Cristian T. Badea

36.1 Introduction

X-ray computed tomography (CT) systems with high resolution 
(also known as micro-CT systems) have been developed over the 
last two decades and have been used with great success in small 
animal studies. A micro-CT scanner is based on the same under-
lying physical principle as a clinical CT scanner, but it is designed 
for higher-resolution imaging. It produces three-dimensional (3D) 
tomographic data at microscopic resolution (voxel size ≤100 µm3) 
by taking hundreds of 2D projections from multiple angles around 
the animal (Holdsworth and Thornton 2002). The X-ray source 
produces a cone beam, which is projected through the specimen 
with the resultant radiographic density of the specimen projected 

onto a 2D detector. The projections are used by a reconstruction 
algorithm that is generally based on the filtered back projection 
(Kak and Slaney 1988) (see Figure 36.1). The resultant micro-CT 
scan is a 3D matrix of voxels with values proportional to the mean 
linear attenuation coefficient of the material within each voxel; 
the 3D matrix can be sliced in any orientation to reveal different 
views of the anatomy.

There are many commercially available micro-CT scanners for 
in vivo and ex vivo imaging. In vivo scanners are used to scan live 
animals (mostly mice and rats), while ex vivo scanners are used for 
imaging dead specimens and materials, such as bone and scaffolds. 
There are major differences between the two types of scanners.

With in vivo micro-CT instruments, the animal remains alive 
and available for longitudinal studies, thus reducing the number 
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of animals required. Longitudinal studies can be performed to 
assess, for example, the effects of diet, drugs, and various treat-
ments on tumors, or bone growth. In vivo micro-CT data are 
currently also used as a reference for registration with many 
micro-PET (positron emission tomography) or micro-SPECT 
(single photon emission computed tomography) scans. For in 
vivo systems, it is best to have the animal remain stationary dur-
ing the scan, with its biological measures (e.g., electrocardiogram 
[ECG], breathing, temperature) monitored. A heater is used to 
keep the animal warm during the procedure.

Ex vivo micro-CT instruments typically handle applications 
such as imaging specific organs of an animal that are excised 
(such as bone, tumors), biomaterial studies, implants, or material 
studies. For ex vivo micro-CT scanners, physiological motion is 
not a concern, so monitoring is not needed. This means that the 
specimen stage can rotate while the X-ray source and detector 
are stationary. From an imaging performance standpoint, ex vivo 
micro-CT instruments allow for higher spatial resolution, bet-
ter signal-to-noise ratios, and therefore better images compared 
to in vivo imaging. However, this better imaging performance 
requires longer scan times and higher dose (since dose to the 
sample is not an issue for ex vivo scanning).

Consequently, there are advantages to both in vivo and ex vivo 
micro-CT systems and they can be used as complementary sys-
tems, depending on the application.

This chapter provides an overview of these aspects of micro-
CT: system components, methods, and applications of micro-CT 
for small animal studies.

36.2 System Geometry

There are two possible system design geometries in micro-CT 
imaging: (1) rotating gantry (tube and detector) and (2) rotating 

specimen (see Figure 36.2a,b). All of the current commercial 
systems for in vivo scanning use the rotating gantry geometry, 
that is, they are scaled versions of the clinical CT scanners 
(see Figure 36.2a) (see also Section III, Chapter 32). Using this 
design, the X-ray tube and detector, which are mounted on a 
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FIGURE 36.1 The micro-computed tomography (micro-CT) imaging process involves acquiring cone beam projections with a full rotation of an X-ray 
source and detector around the animal or specimen. Next, the projections are used by a reconstruction algorithm to create 3D tomographic images.
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FIGURE 36.2 The two possible design geometries for micro-computed 
tomography (micro-CT) are based on a rotating gantry (a) or rotating speci-
men (b). The effect of penumbra blurring: for the same focal spot size (fs) 
of the X-ray source, the penumbra blurring b is larger when the object is 
closer to the source (c) than when the object is closer to the detector (d). sod 
(source-to-object-distance) and odd (object-to-detector-distance).
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gantry, rotate around an axis, while the animal lies stationary on 
a table between the tube and detector. For most of these systems, 
the source-to-object distance (sod) is comparable to the object-
to-detector distance (odd). A geometrical representation of these 
distances is shown in Figure 36.2c,d. Positioning the object 
closer to the X-ray source and farther from the detector allows 
for an increase in magnification, defined as M = 1 + (odd/sod), 
which in turn allows for an increase in resolution (provided that 
the system is based on the use of a small focal spot X-ray source 
in order to compensate for the penumbra blurring effect). The 
penumbra blurring describes the unsharpness produced by X-ray 
tube focal spots.

The resolution limit due to penumbral blurring (b) in the pro-
jection plane is related to the focal spot diameter ( fs), odd, and 
sod by Equation 36.1:

 
b

odd
sod

fs=
 

(36.1)

Figure 36.2 shows graphically what happens when the scan-
ning is performed with the object closer to the source (Figure 
36.2c) or to the detector (Figure 36.2d). According to Equation 
36.1, if odd and sod are comparable, as in most of the rotating 
gantry systems, the penumbra blurring b becomes comparable 
or larger than the size of the focal spot and could compromise 
the spatial resolution if the system uses a large focal spot tube. 
In the case of systems with a rotating specimen, used in most 
ex vivo scanners (see Figure 36.1b), the X-ray source and detec-
tor are stationary. Such system design is more flexible in chang-
ing the magnification by changing the position of the specimen. 
The specimen could also be placed closer to the detector, that 
is, odd < sod, resulting in the reduction of penumbra blurring 
to less than the focal spot size. In this configuration, larger 
focal spot tubes that provide greater X-ray fluence, and there-
fore enable shorter exposure times, can be used. Despite these 
benefits of the rotating specimen design, this type of system has 
not gained popularity for in vivo imaging, primarily because the 
animal must be mounted in the vertical position. Combining the 
benefits of an object magnification and rotating gantry design, 
some commercial systems with odd < sod (M = 1.3) have also 
become available (Ross et al. 2006, Du et al. 2007) to allow rapid 
dynamic micro-CT, albeit at the price of reduced resolution.

36.3 System Components

36.3.1 X-ray Sources

The choice of the X-ray source strongly affects micro-CT sys-
tem performance. Due to the tradeoff between focal spot size and 
thermal loading of the source’s metallic anode, most X-ray tubes 
with micro-focus tubes (focal spot diameter: <∼50 µm) operate 
with very low photon output (in the order of 100-times lower) 
compared to the high-power tubes used in clinical scanners 
(Badea et al. 2004b). This fact explains the increase in the average 
scan time required in micro-CT compared with clinical scans.

The most-used X-ray sources for micro-CT are micro-focus, 
fixed tungsten anode tubes operating in continuous mode, with 
voltages in the range of 20–100 kV and anode currents in the 

range of 50–1000 µA (see also Section I, Chapter 2). In vivo 
micro-CT systems working at low magnification often use 
pulsed X-ray sources with higher power and wider focal spots, 
in the range of 0.3–0.6 mm. The use of pulsed X-ray sources is 
especially important for prospective ECG gating (Badea et  al. 
2008b). This type of imaging can also be done with sources oper-
ating in continuous mode by using external shutters.

For ex vivo imaging of small biological samples at very high 
magnification, the need for very small focus is more important 
because it represents a major influencing factor of the spatial reso-
lution. Reflection-anode X-ray tubes with focal spots in the range 
of 5–20 microns are available on the market. Because of the very 
high power density that such narrow electron beams can release on 
the target surface, the anode current must be controlled as a func-
tion of focal spot size to prevent melting (Grider and Erway 1986). 
The maximum anode currents in most micro-focus X-ray tubes 
are in the order of 100–200 µA, with maximum power <10 W. 
Other drawbacks of reflection-type X-ray sources with thick tar-
gets include a relatively narrow aperture of the cone beam (in the 
range of 30–60°) and a limited capability of reducing the focus-
to-object distance below a few millimeters. Non-uniformity of 
the beam intensity due to the heel effect can be reduced by flat-
field (gain) correction; however, accounting for the variation in 
the X-ray spectrum across the beam profile is difficult (Fivez et al. 
1996). Open-type sources with thin-target transmission anodes 
overcome these limitations, providing radiation beams with angu-
lar apertures in the range of 140–160° with the possibility of put-
ting the object virtually in contact with the focus. However, the 
back of transmission targets cannot be cooled with liquid, reduc-
ing the maximum possible power per unit area compared to reflec-
tion anodes. The spatial resolution obtainable with this type of 
source can be <1 micron, which is similar to synchrotron-based 
imaging. Nevertheless, synchrotron-based micro-CT and nano-
CT are still superior to laboratory-level micro-CT and nano-CT 
systems in terms of contrast resolution and signal-to-noise ratio 
because synchrotrons provide tunable, monochromatic radiation 
(see Section I, Chapter 8), avoiding beam hardening artifacts, and 
much higher photon fluxes, reducing noise (Ritman et al. 1997, 
Brunke et al. 2008, Stolz et al. 2011).

Other X-ray tube designs have been proposed. Cao et al. have 
investigated the use of a compact field emission micro-focus 
X-ray source based on carbon nanotubes (Cao et al. 2009, 2010) 
(see Section I, Chapter 4). In this type of source, the metal fila-
ment cathode is replaced by a field emission cathode that is 
capable of emitting electrons at room temperature with voltage 
controlled output current (Yue et al. 2002).

36.3.2 X-ray Detectors

There are two categories of micro-CT X-ray detectors: 
(1)  energy-integrating and (2) energy-discriminating detectors. 
The majority of detectors used in micro-CT scanners are energy-
integrating. Most micro-CT systems to date employ digital flat-
surface 2D detectors leading to a cone beam scanning geometry. 
Early prototype micro-CT systems employed X-ray image inten-
sifiers read by charge-coupled devices (CCDs) (Feldkamp et al. 
1989, Boone et al. 1993, Holdsworth et al. 1993). Later, in the 
mid-nineties, combined detection systems made up of scintilla-
tor screens coupled to CCDs via fiber-optic bundles, with various 
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de-magnifying ratios, became the standard for micro-CT imag-
ing (Paulus et al. 2000, Goertzen et al. 2004).

More recently, advances in complementary metal oxide semi-
conductor (CMOS) technology led to the production of large 
area detectors with high frame rates, which are the most widely 
used systems for in vivo, small animal imaging (Lee et al. 2003, 
Kalender and Kyriakou 2007). Cooled CCDs are still in use, 
especially in applications involving low X-ray fluences, due to 
their very low dark noise with respect to flat-panel CMOS detec-
tors. Also reported in the literature are studies on the use of direct 
conversion detectors coupled to thin-film transistor (TFT) arrays 
(Goertzen et al. 2004) and of single-pixel or small area detectors 
operating in photon counting mode (Paulus et al. 2000, Panetta 
et al. 2007, Roessl et al. 2011) for small animal micro-CT.

The energy discriminating photon-counting X-ray detec-
tors (PCXD) are the subject of intensive research and promise 
to make spectral CT a reality (see Section I, Chapter 13). In 
fact, micro-CT is the testing stage for spectral CT using PCXD 
(Taguchi and Iwanczyk 2013). PCXDs with energy binning can 
improve CT performance by counting and binning each X-ray 
detected into a number of energy bins equal to the number of 
energy thresholds per pixel. PCXDs allow for the elimination of 
dark noise in the image by rejecting all counts below the signal 
and also allow for spectral separation. The technology, currently 
in its infancy, is set to grow rapidly. Sensor materials for PCXDs 
include silicon (Si), gallium arsenide (GaAs), and cadmium 
telluride (CdTe) with pixel sizes as small as 55 µm (Taguchi 
and Iwanczyk 2013). Yet, there remain technical limitations to 
spectral detectors that preclude their immediate replacement of 
conventional, energy-integrating detectors for biomedical CT 
applications (Taguchi et  al. 2011). For example, Si is an X-ray 
detector material with fast signal collection and low susceptibil-
ity to signal pile-up, but suffers from a high fraction of Compton 
interaction at X-ray energies encountered in CT practice, degrad-
ing its spectral imaging capabilities (Bornefalk and Danielsson 
2010). Among the best available PCXDs, the Medipix detectors 
have a small pixel size and are best suited for imaging of small 
animals in preclinical applications (Yu et al. 2012, Taguchi and 
Iwanczyk 2013). Medipix is a series of photon-counting detec-
tors for X-ray micro-imaging from the Conseil Européen pour 
la Recherche Nucléaire (CERN) (Campbell et  al. 1998). There 
are already multiple generations of this PCXD. Medipix1 had 
a pixel size of 170 × 170 µm. Medipix2 reduced the pixel size 
to 55 × 55 µm. The performance of Medipix2 was limited by 
charge-sharing over neighboring pixels, compromising energy 
resolution. Medipix3 addressed this problem using a photon-
processing chip with special circuitry to allow charge deposition 
in adjacent pixels to be summed and analyzed with two simul-
taneous energy thresholds and without spectral distortion (Yu 
et al. 2012). The readout logic supports eight energy thresholds 
over 110 × 110 µm for spectroscopic imaging. A commercially 
available micro-CT system (MARS; University of Canterbury, 
Christchurch, New Zealand) is equipped with Medipix3 detec-
tors. We review spectral micro-CT in separate Section 36.12.

The projection raw data from the X-ray detector are first pre-
processed to compensate for the imperfectness of the system, for 
example, detector response heterogeneity, X-ray flux intensity 
drift, defective pixel correction, dark current subtraction, and 
mechanical geometry calibration.

36.4 Geometric Calibration

Successful micro-CT imaging is conditioned by an accurate 
knowledge or calibration of the sampling geometry, also known as 
alignment. Due to requirements of very high resolution for micro-
CT, the allowed mechanical tolerances in geometric variables 
such as the source-to-detector distance, source-to-object distance, 
the tilting angles of the detectors, or axis of rotation, are on the 
same order of magnitude of the thermal drifts of the components 
(Parkinson and Sasov 2008). An uncorrected displacement of the 
axis of rotation of a tenth of the detector pitch may result in a 
significant image blurring, and consequently, in a loss of image 
spatial resolution. Many methods have been proposed for the mea-
surement of the misalignment parameters from the analysis of the 
acquisition data in cone beam geometry (Noo et al. 2000, Beque 
et al. 2003, von Smekal et al. 2004, Yang et al. 2006, Defrise et al. 
2008). Such parameters can be embedded into the reconstruction 
process via a projection matrix in order to produce misalignment 
free reconstructed images (Karolczak et al. 2001).

Most geometric calibration methods make use of a phantom 
consisting of two or more small spherical objects, such as metallic 
beads; each bead traces an ellipse on the detector plane during the 
tomographic acquisition, hence the geometry of the tomographic 
system can be determined by the analysis of all the ellipses.

Despite their accuracy, a drawback of the calibration methods 
based on special phantoms is that they need dedicated acqui-
sition sessions to be applied. Many commercial systems for 
micro-CT imaging now provide zoom-in capability and vari-
able geometry. In such cases, nearly continuous calibration of 
the system’s geometry is necessary to guarantee the stability of 
the image spatial resolution. For this purpose, methods of self-
calibration have also been developed that attempt to estimate a 
subset of the geometric parameters of the system from the pro-
jection data of a generic object (Panetta et al. 2008) or by post-
reconstruction optimization of image-based metrics of image 
sharpness (Wicklein et al. 2012).

36.5 Image Reconstruction

All CT image reconstruction algorithms solve an inverse prob-
lem that maps cone beam projection data to a 3D tomographic 
representation of the specimen (Paulus et al. 2001).

There are two major types of algorithms: (1) filtered back pro-
jection (FBP)-based algorithms (see Section III, Chapter 33), 
and (2) iterative algorithms (see Section III, Chapter 34) (Kak 
and Slaney 1988). The most commonly used reconstruction 
algorithms in CT and micro-CT are based on FBP. In FBP, the 
acquired, 2D, cone beam projections are filtered, using a convo-
lution kernel that reduces the blurring inherent to the back pro-
jection process, and then they are back projected (i.e., smeared 
back) through the object space at the appropriate angle to gen-
erate an image. While first developed for 2D imaging (paral-
lel or fan beam), convolution back projection was adapted by 
Feldkamp (Feldkamp et  al. 1984) to compensate for the cone 
beam geometry. This method forms the basis for the reconstruc-
tion algorithms used in most current micro-CT systems. While 
Feldkamp’s algorithm is considered to be an approximation, 
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since the circular sampling trajectory does not satisfy Tuy’s data 
sufficiency condition (Tuy 1983), the quality of the reconstructed 
images is acceptable if the cone angle <10° (Holdsworth and 
Thornton 2002), except for very unusual object configurations 
(Defrise and Clack 1995).

When the number of projections available for reconstruction is 
limited and/or the projections are very noisy (e.g., low dose scan-
ning), both iterative and statistical reconstruction algorithms can 
provide notably better image quality than FBP. Reduction in the 
number of views translates directly to reduced radiation dose to 
the animal. Furthermore, it is sometimes not possible to acquire 
projections with regular-angular sampling in dynamic imaging 
applications such as cardiac studies. In such cases, the reconstruc-
tion is affected by artifacts when FBP is used. Iterative algorithms, 
such as the algebraic reconstruction technique (ART) (Gordon 
et al. 1970), present an alternative to FBP with the potential for 
robust reconstruction given less than ideal projection data (Kak 
and Slaney 1988). With such algorithms, the reconstructed vol-
ume is refined by repeatedly comparing simulated re-projections 
of the reconstructed volume with the original projections.

Artifacts from FBP reconstruction with an irregular-angular 
distribution of projections manifest as long thin streaks and 
shading artifacts. Total variation (TV) regularization has been 
recognized for its ability to suppress artifacts, while leav-
ing boundaries between homogeneous regions intact (Rudin 
et al. 1992). TV regularization can be interleaved with iterative 
reconstruction algorithms such as the simultaneous algebraic 
reconstruction technique (SART) by performing one or more 
iterations of each in turn. To illustrate the power of SART-TV-
based reconstruction using irregularly sampled projections, we 
present its application in 4D cardiac micro-CT. Specifically, 
Figure 36.3 compares image quality with FBP reconstruction for 
a well sampled case in which projections are acquired prospec-
tively gated on ECG with a regular angular distribution (Figure 
36.3a) and with a limited number (only 95), and irregular angular 
distribution of projections corresponding to a retrospective-gated 
acquisition (Figure 36.3b). The artifacts associated with the FBP 

reconstruction with retrospective gating are clearly visible in 
Figure 36.3b. With an iterative reconstruction such as SART-TV, 
the artifacts are alleviated (Figure 36.3c) (Song et al. 2007).

Statistical image reconstruction is another class of iterative 
reconstruction algorithms, first introduced for transmission 
imaging in nuclear medicine, but also applied for CT reconstruc-
tion (Elbakri and Fessler 2002). In essence, these algorithms 
treat the reconstruction as a statistical estimation problem and 
have the advantage that they can accurately model Poisson noise 
in the projection data. This results in lower noise levels with 
 statistical reconstruction for the same data when compared with 
FBP reconstruction.

One major limitation of iterative reconstruction algorithms 
is their running time. To overcome this limitation, the graph-
ics processing unit (GPU) has been recognized as an alternative 
computer architecture with potential for accelerating CT recon-
struction (Xu and Mueller 2007). This parallel architecture is ideal 
for CT reconstruction steps in which the same arithmetic opera-
tions must be performed at multiple pixels or voxels (e.g., pro-
jection, back projection). The development of programming tools 
for general-purpose computing on the GPU, such as NVIDIA’s 
Compute Unified Device Architecture (CUDA, Santa Clara, CA), 
has facilitated the acceleration of CT reconstruction, presenting 
the opportunity to explore more complex iterative algorithms. 
Micro-CT is already benefiting from GPU-based implementa-
tions of analytical, iterative, and statistical image reconstruction 
(Zhao et al. 2007, Jakab et al. 2009, Johnston et al. 2010a).

36.6  Cardio-Respiratory Gating in 
Small Animal Micro-CT

The influence of cardiac and respiratory motion during in vivo 
scanning can be minimized by using cardio-respiratory gating. 
4D micro-CT used in cardio-pulmonary studies typically employs 
either prospective gating (PG) or retrospective gating (RG). In PG, 
acquisition is triggered by the coincidence of a selected respiratory 

(a) (b) (c)

FIGURE 36.3 In vivo cardiac micro-computed tomography (micro-CT) images reconstructed from prospectively (a) and retrospectively (b) gated 3D cone 
beam measurements. In (a) filtered back projection reconstruction was used with 380 prospectively gated projections, while (b) and (c) show results for using 
95 retrospectively gated projections with filtered back projection reconstruction and total variation (TV)-CT reconstruction, respectively.
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phase and a selected cardiac phase. This produces a set of pro-
jections with a constant angular step, resulting in reconstructed 
images that are free of streaking artifacts. However, because of 
the time spent waiting for the coincidence of cardiac and respira-
tory events, the scan time can take as long as one hour to cover 10 
different phases of the cardiac cycle (Badea et al. 2004b).

In RG, the projection images are acquired at a rapid and con-
stant rate without waiting for cardiac and respiratory coinci-
dence. Respiratory and ECG signals are monitored and saved in 
synchrony with the acquisition of the projections. Using these 
signals post-sampling (i.e., retrospectively), the projections are 
sorted into different subsets corresponding to different cardiac 
and respiratory phases. With this protocol, the scan time can be 
shortened to 50 seconds when using a slip ring gantry (Drangova 
et al. 2007). However, the irregular angular distribution causes 
streaking artifacts in the FBP-based reconstructed images. As 
shown by Figure 36.3, superior results are possible using regular-
ized iterative algorithms such as SART-TV (Song et al. 2007). A 
different gating strategy called fast prospective gating (FPG) has 
been introduced (Guo et  al. 2012a), which combines the regu-
lar angular distribution of PG with the fast scan time of RG. In 
FPG, multiple projections are acquired at the same angle, corre-
sponding to all cardiac or respiratory phases to be reconstructed, 
before the cradle is rotated to the next angle. FPG requires on-
the-fly computation of the triggering events, which are delayed 
from the peaks of the respiratory or cardiac signals.

In terms of implementation, most of the proposed methods 
involve extrinsic cardio-respiratory gating, in which the cardiac 
and respiratory signals are acquired with dedicated monitoring 
devices (i.e., ECG leads and a pneumatic respiratory pillow). In 
addition to these extrinsic gating techniques, an intrinsic image-
based gating approach without any external devices was developed, 
initially for a clinical, spiral cone beam CT scanner (Kachelriess 
et al. 2002). In intrinsic gating, a post-processing algorithm evalu-
ates the center of mass of certain regions of interest (ROIs) within 
each projection to detect respiratory and cardiac motion (Bartling 
et al. 2008, Dinkel et al. 2008, Sawall et al. 2011).

36.7  Applications of Non-Contrast-
Enhanced Micro-CT

Micro-CT images only demonstrate high contrast when there 
are large differences between material densities (Compton 

scattering) or atomic weight (photoelectric effect) within the sub-
ject. In the case of soft tissue imaging, there is very little natural 
contrast, and an exogenous high atomic weight contrast agent 
must be administered for effective imaging (Yu and Watson 
1999). However, non-contrast-enhanced micro-CT performs 
well for bone, lung, or even helps in brain studies, in the absence 
of exogenous contrast agents.

36.7.1 Bone Imaging

Bone imaging was one of the very first common applications 
of micro-CT for small animal imaging (Feldkamp et  al. 1989, 
Kinney et al. 1995). Micro-CT is well-suited for bone imaging 
because of the natural contrast between bone and soft tissues, 
which is due to the higher effective atomic weight of bone. This 
makes micro-CT extremely valuable for non-invasive, high-
resolution bone imaging without the need for an exogenous con-
trast agent. Micro-CT can accurately quantify a variety of bone 
parameters, including cross-sectional area, cortical thickness, 
bone mineral density, bone volume, bone surface ratio, and tra-
becular thickness (Bouxsein et  al. 2010). Structural micro-CT 
studies have examined bone architecture (Waarsing et al. 2005, 
Hsu et  al. 2014), bone remodeling (David et  al. 2003, Cowan 
et al. 2007), and osteoarthritis (Appleton et al. 2007, McErlain 
et al. 2008). Micro-CT has also been used to monitor bone heal-
ing after treatment with basic fibroblast growth factor (Yao et al. 
2005), vascular endothelial growth factor gene therapy (Li et al. 
2009), or stem cell therapy (Lee et al. 2009). Micro-CT can also 
be used to longitudinally track bone loss and structural changes 
following radiation therapy and bone marrow transplantation 
(Dumas et al. 2009) or after spinal cord injury (Jiang et al. 2006). 
In the case of osteoporosis, micro-CT measurements have been 
used to study disease progression after ovariectomy (Laib et al. 
2001) or immobilization (Laib et al. 2000). Micro-CT has also 
been used to study early bone development and growth (Guldberg 
et al. 2004). Additionally, micro-CT has been used extensively in 
studies of bone regeneration (Umoh et al. 2009) and bone tissue 
engineering (Lin et al. 2005, Ho and Hutmacher 2006). In these 
cases, micro-CT can quantify mineral content, porosity, and con-
nectivity, as well as accurately determine 3D structures. Figure 
36.4 illustrates ex vivo micro-CT bone imaging at various resolu-
tions (Bouxsein et al. 2010). Note that structural bone details are 
lost as the resolution gets worse. This points to the importance of 
high resolution being required in bone studies.

(a) (b) (c) (d)

FIGURE 36.4 Effect of voxel size on image quality. 2D gray-scale images of the distal femur of an adult mouse scanned at voxel sizes of (a) 6 µm, (b) 
12 µm, (c) 18 µm, and (d) 36 µm. Images acquired at 70 kVp, 114 mA, and 200 ms integration time. (Adapted from Bouxsein, M. L. et al. 2010. Guidelines 
for assessment of bone microstructure in rodents using micro-computed tomography. J Bone Miner Res 25(7), 1468–1486. doi:10.1002/jbmr.141.)
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36.7.2 Lung Imaging

The large difference in density between air-filled lungs and soft 
tissues creates high contrast for lung imaging, which also makes 
CT an extremely useful modality for studying the lung. The 
primary difficulty in imaging the lungs is respiratory motion. 
Small-animal breathing rates are three to four times the average 
respiratory rate for humans, so completing an entire scan between 
breaths is not practical. Instead, various gating strategies are 
used, which allow researchers to acquire each projection at the 
same stage in the respiratory cycle, so that there is only minimal 
motion from one projection to the next. One of the most effec-
tive methods of respiratory gating is to intubate the animal and 
control the respiration by mechanical ventilation (Hedlund and 
Johnson 2002, Namati et al. 2006). This allows projections to be 
acquired at exactly the same point in each respiratory cycle. The 
X-ray projections can then be acquired automatically at the same 
point in the measured respiratory cycle (Badea et al. 2004a). For a 
less invasive approach, the respirations of a freely breathing ani-
mal can be monitored using a pressure transducer. This method 
does not perfectly eliminate respiratory motion, but it is much 
less invasive than mechanical ventilation and can still resolve fea-
tures down to ∼150 microns (Namati et al. 2006). Retrospective 
gating is also possible, in which many projections are acquired 
rapidly and sorted post-acquisition according to the phase of the 
respiratory cycle. Subsequently, these sorted projections are used 
for the reconstruction of tomographic images corresponding to 
each phase of the respiratory cycle (Ford et al. 2007).

Micro-CT has been used to study a wide variety of lung dis-
eases. Micro-CT can be used to longitudinally monitor mice for 
the presence of lung metastases (Li et al. 2006), as well as follow 
the growth of lung tumors (Hori et al. 2008, Namati et al. 2010, 
Li, et  al. 2013a, Rudyanto et  al. 2013). The treatment efficacy 
of chemotherapy (Ueno et al. 2012) or radiation therapy (Perez 
et al. 2009, 2013, Kirsch et al. 2010) on lung tumors can be mea-
sured using micro-CT, and lung injury resulting from radiation 
therapy can also be assessed (Saito and Murase 2012). In addition 
to tumor characterization, micro-CT is also useful for imaging 
diseases of the lung parenchyma. Mouse models of emphysema 
created by intra-tracheal instillation of elastase (Postnov et  al. 
2005, Artaechevarria et al. 2011, De Langhe et al. 2012, Munoz-
Barrutia et  al. 2012) or exposure to cigar smoke (Sasaki et  al. 
2015) have been developed and characterized by micro-CT. In 
emphysema, CT values decrease compared to normal lung due 
to the loss of soft tissue parenchyma and increased air-trapping.

A mouse model of bleomycin-induced lung fibrosis has also 
been studied extensively by micro-CT (Shofer et al. 2007, Shofer 
et al. 2008, De Langhe et al. 2012), and this model has been used 
with micro-CT for the preclinical evaluation of drug efficacy 
(Scotton et al. 2013, Choi et al. 2014, Zhou et al. 2015). In fibrosis, 
micro-CT values increase due to an expansion of the parenchyma 
tissue. Lung compliance and lung volume, which are important 
factors in both emphysema and fibrosis, can also be measured 
by micro-CT. Animals are mechanically ventilated at multiple 
pressures and the lung volume at each pressure is measured. The 
resulting lung pressure–volume curve can be used to calculate 
lung compliance (Guerrero et al. 2006, Shofer et al. 2007). Figure 
36.5 shows an example of longitudinal lung micro-CT imaging 
in a control and a mouse with bleomycin-induced fibrosis at one 

week post-instillation (Shofer et al. 2008). The micro-CT images 
were acquired both at end-expiration and end-inspiration using 
respiratory gating. In the fibrosis mouse, the images show dense 
consolidation at expiration with ground-glass opacities at inspira-
tion. Furthermore, there is limited movement of the diaphragm, 
suggesting reduction in lung volumes at end-inspiration.

36.7.3 Brain Imaging

A lack of significant contrast often poses a barrier to the imag-
ing of brain disease models with non-contrasted micro-CT. 
However, since the brain resides in a cavity that is circumscribed 
by the cranial bones of the skull, micro-CT can become use-
ful. For example, micro-CT has been used to locate metallic 
electrodes in the brain for neural recording studies (Borg et al. 
2015). Simultaneous neural recordings taken from multiple areas 
of the rodent brain can provide insight about spatially distrib-
uted neural circuitry. The traditional methods for localizing 
the precise location of surgically implanted metallic electrodes 
into intact rodent brains require slicing and staining of physical 
brain tissue, and are cumbersome. But, micro-CT localization 

(a)
Expiration Inspiration

(b)

FIGURE 36.5 Representative micro-computed tomography (micro-CT) 
images at end expiration and end-inspiration of a control mouse (a) and a mouse 
with fibrosis at week 1 (b). Note darkening of lung parenchyma, diaphragmatic 
depression, and enlargement of the airways present in the control mouse (a). In 
week 1 fibrosis mouse (b), there is dense consolidation in the expiratory images 
with ground-glass opacities at end-inspiration in the peripheral and lower lung 
fields with persistent consolidation apically. In addition, there is limited move-
ment of the diaphragm, suggesting reduction in lung volumes at end-inspiration.
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can provide a better solution. Figure 36.6 presents examples of 
micro-CT images used for electrode localization. Being metal-
lic, note that the electrodes produce streaking artifacts. Using 
adequate metallic artifact reduction techniques can make these 
micro-CT images sufficient for registration to a magnetic reso-
nance imaging (MRI) brain atlas, and thus provide accurate 
localization of the electrodes in known brain structures.

36.8 Micro-CT Contrast Agents

Due to lack of inherent contrast for soft-tissue imaging, the major-
ity of CT scans make use of high atomic weight contrast agents. 
In current clinical practice, iodine is the most commonly used 
element for intravascular CT contrast. Iodine contrast agents are 
made up of water-soluble aromatic iodinated compounds. These 
compounds provide effective contrast due to their high atomic 
number, which produces a strong photoelectric effect. Because 
CT is relatively insensitive to contrast, high concentrations of con-
trast agent (up to 400 mg iodine/mL) must be injected to produce 
adequate image enhancement. Clinical CT contrast agents are gen-
erally safe, but severe adverse reactions sometimes occur due to 
their high osmolality and high viscosity (Namasivayam et al. 2006, 
Tepel et al. 2006, Wang et al. 2007). Iodinated contrast agents are 
rapidly cleared from the bloodstream by the kidneys (Bourin et al. 
1997), so there is only a very short window for imaging after injec-
tion. Additionally, these agents quickly distribute from the intra-
vascular to the extravascular space throughout the body. Initially, 
this provides useful contrast, but after a short time, this nonspecific 
uptake leads to uniform enhancement throughout most of the body.

For small-animal imaging, the use of clinical contrast agents 
is particularly difficult. Small animals have much higher renal 
clearance rates than humans, so injected contrast agents are rap-
idly excreted. This can be illustrated for a mouse. In the aver-
age adult mouse, blood volume is approximately 1.5–2.0 mL 
(Diehl et  al. 2001), and the glomerular filtration rate (the vol-
ume of plasma filtered by the kidneys per time) is approximately 
0.4 mL/s (Cervenka et  al. 1999). Therefore, the whole mouse 
blood volume is filtered by the kidneys in less than five seconds. 
Consistent with this filtration rate, it has been shown that clinical 
iodine contrast agents drop to undetectable levels in the blood-
stream within four seconds of injection in a mouse (Lin et  al. 
2008). This rapid clearance of contrast agent severely limits the 
useful application of clinical contrast agents in small animals.

To overcome the rapid clearance of traditional contrast agents, 
blood pool contrast agents have been developed, which exhibit 
prolonged blood residence time and stable enhancement for min-
utes to hours. Blood pool agents are made up of a wide variety 
of high molecular weight compounds or nanoparticles that avoid 
renal clearance due to their large size. Iodine-based blood pool 
agents include iodine-containing polymers (Galperin et al. 2007, 
Aviv et  al. 2009), micelles (Trubetskoy et  al. 1997, Torchilin 
et al. 1999), emulsions (de Vries et al. 2010, Hallouard et al. 2013, 
Li et  al. 2013b), and liposomes (Krause et  al. 1993, Petersein 
et al. 1999, Mukundan et al. 2006, Ghaghada et al. 2011). The 
development and use of these iodine-containing blood pool 
contrast agents have been reviewed elsewhere (Hallouard et al. 
2010, Annapragada et  al. 2012, Cormode et  al. 2014, Li et  al. 
2014). Some iodine-containing blood pool agents are commer-
cially available for small animal research, including Fenestra® 
(MediLumine) and Exia™ (Binitio Biomedical, Inc.).

Over the past several years, metal nanoparticle contrast agents 
have been developed, which incorporate a wide variety of ele-
ments. The most commonly used metal nanoparticles for micro-
CT consist of gold. Gold nanoparticles produce greater CT 
enhancement than iodinated contrast agents because of the high 
atomic number of gold (Z = 79) compared to iodine (Z = 53). 
Gold nanoparticles are particularly promising for in vivo imaging 
applications because gold is extremely inert and gold nanoparticles 
can be readily modified with surface-linked molecules to render 
them biocompatible (Li et al. 2012). Surface conjugation is impor-
tant for nanoparticle contrast agents, because bare nanoparticles 
adsorb serum proteins and are readily recognized and cleared by 
the immune system. A variety of molecules can be added to the 
nanoparticle surface to decrease nanoparticle clearance, but the 
most common modification strategy is the addition of polyeth-
ylene glycol (PEG) (Jokerst et al. 2011). Surface PEGylation and 
size significantly increases the blood residence time of nanopar-
ticles, which allows them to be used as blood pool contrast agents. 
Nanoparticles for micro-CT have also been developed using other 
metals, including silver, barium, gadolinium, bismuth, ytterbium, 
tantalum, and thorium (Jakhmola et al. 2012).

36.9  Applications of Contrast-
Enhanced Micro-CT

The development of nanoparticle contrast agents has opened the 
door for many exciting applications in small animal imaging. 
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FIGURE 36.6 Micro-computed tomography (micro-CT) images of 
implanted rat brains. (a) 3D reconstructions illustrate the 3D structure of 
electrode bundles and head implants. (b) Examples of CT cross-sections 
without (left) and with (right) artifact reduction applied. (Reproduced from 
Borg, J. S. et al. 2015. Eneuro 2(4):ENEURO. 0017-15.2015.)
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While imaging applications using low molecular weight contrast 
agents have been limited, blood pool contrast agents have now 
been used for a wide range of imaging applications. Important 
modern applications for contrast-enhanced micro-CT in small 
animals include imaging of the vasculature, heart, liver, abdo-
men, and tumors. Current research of micro-CT contrast agents 
is now focused on developing agents with active targeting, multi-
modal, or theranostic capabilities.

36.9.1 Vascular Imaging

Vascular imaging for micro-CT is done primarily using blood 
pool contrast agents. Micro-CT scan times must be longer than 
clinical CT scan times due to the requirement for much higher 
resolution. Higher resolution implies a need for more X-ray flux, 
which is achieved with longer integration time per projection. 
Early micro-CT scanners required up to an hour to complete a 
scan. In these cases, low molecular weight contrast agents could 
not be used for vascular imaging, as they would be cleared from 
the bloodstream long before the image acquisition was completed. 
For current micro-CT scanners, scan times of under a minute are 
now possible. Using these fast protocols, low molecular weight 
contrast agents have been successfully used for vascular imaging 
(Kiessling et al. 2004, Badea et al. 2006, Schambach et al. 2010). 
However, these contrast agents must be either repeatedly or con-
tinuously administered over the course of a scan to achieve a con-
stant level of vascular enhancement. This increases the difficulty 
of imaging and may significantly increase the injected dose of 
contrast agent. As an alternative to low molecular weight contrast 
agents, blood pool contrast agents have been successfully used 
for a variety of vascular applications, including measurements 
of vascular morphology, diameter, and branching (Vandeghinste 
et  al. 2011), imaging pulmonary vasculature (Johnson 2007), 

imaging hepatic vasculature (Chouker et  al. 2008), imaging 
tumor vasculature (Badea et al. 2006, Graham et al. 2008), and 
measuring vascular permeability (Langheinrich and Ritman 
2006). By providing a constant level of enhancement within the 
vasculature over a prolonged period of time (minutes to hours), 
these contrast agents simplify the acquisition of vascular images 
using micro-CT and allow for a wider range of imaging protocols 
to be used. Figure 36.7 shows examples of vascular imaging both 
in vivo and ex vivo. In Figure 36.7a, micro-CT was used with a 
liposomal iodine contrast agent in order to study the vasculature 
associated with primary soft tissue sarcomas of the hindlimb 
(Moding et al. 2013). Maximum intensity projection is used to 
render the vascular component. In Figure 36.7b, we present an ex 
vivo case. The mouse lungs were perfused with Microfil medium 
mixture through the pulmonary artery at 3 mL/min. The study 
was focused on investigating how beta-arrestins regulate signal-
ing by bone morphogenetic protein type II receptor in pulmonary 
arterial hypertension (Rajagopal et al. 2011).

36.9.2 Cardiac Imaging

Cardiac imaging is challenging in small animals due to their 
rapid heart rate (∼600 bpm for mice). Like respiratory gating (see 
Section 36.6), cardiac gating can be used to minimize artifacts 
due to cardiac motion in the resulting CT images. Cardiac gating 
can be performed either prospectively (Badea et al. 2005, 2008a, 
2011b, Ford et  al. 2005, Guo et  al. 2012a) or retrospectively 
(Bartling et  al. 2007, Song et  al. 2007, Badea, et  al. 2008b,c, 
Badea et al. 2011c, Ashton et al. 2014a). In both cases, the ECG of 
the animal is continuously monitored. In prospective gating, each 
projection is triggered at a pre-defined point of the cardiac cycle, 
so that the heart is in the same position in each of the projections. 
In retrospective gating, projections are acquired rapidly over 

(a) (b)

FIGURE 36.7 (a) Coronal maximum intensity projection of the vasculature of a mouse with a soft-tissue sarcoma in the right hindlimb. Micro-computed 
tomography (micro-CT) imaging (88 µm voxel size) was performed immediately after injection of a liposomal iodine contrast agent. Bones have been 
removed from the image by segmentation in order to better visualize the vasculature feeding the tumors. (b) Mouse lungs were perfused with Microfil 
medium mixture through the pulmonary artery at 3 mL/min. Beta-arrestins regulate signaling by bone morphogenetic protein type II receptor in pulmonary 
arterial hypertension.
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several rotations and then the timing of the images is compared 
to the ECG signals. Each of the projections is next sorted accord-
ing to its cardiac phase and used for tomographic reconstruction. 
Retrospective gating is much more rapid but produces an irregu-
lar angular distribution of projections, which can cause artifacts 
during the reconstruction process. Because prospectively gated 
images are acquired using temporal delays computed based on 
the ECG signal, they require several minutes to perform. Many 
cardiac imaging protocols incorporate both respiratory and car-
diac gating to minimize overall thoracic motion during the scan 
(Badea et al. 2004a). We note that intrinsic retrospective gating 
can also be implemented with cardiac and respiratory motion 
signals derived from information within each of the acquired 
projections using image processing, thus avoiding the complica-
tions of having ECG or respiratory sensors attached to the mouse 
(Bartling et al. 2008, Kuntz et al. 2010, Johnston et al. 2010b).

For all cardiac imaging, contrast agents are necessary to 
differentiate the myocardium from the heart lumen. Because 
cardiac-gated scans can require several minutes to perform, 
enhancement of the blood within the heart must remain constant 
for a prolonged period of time to produce high-quality scans. 
Such imaging is possible with low molecular weight contrast 
agents by using continuous infusion during the scan or repeated 
injections (Sawall et  al. 2012), but the vast majority of studies 
have made use of blood pool contrast agents. Because images 
can be acquired over multiple phases of the cardiac cycle, cardiac 
micro-CT can produce 4D images of the beating heart. These 
datasets can be used to measure cardiac function, including ven-
tricular volumes, stroke volume, ejection fraction, wall motion, 
and cardiac output (Wetzel et al. 2007, Badea et al. 2005, 2007, 
2008c, 2011b). Measurements of cardiac function by micro-CT 
can be used, for example, to evaluate the effect of drugs such 
as dobutamine-induced cardiac stress (see Figure 36.8a [Badea 
2011b]). Cardiac micro-CT can also be used to longitudinally 

measure changes in cardiac function over time. For example, left 
ventricular remodeling following a coronary ligation-induced 
myocardial infarction has been tracked by micro-CT (Sheikh 
et al. 2010). Measurements of cardiac function and infarct size 
have also been performed in coronary ligation mouse models 
using either a combination of blood pool agent and a low molec-
ular contrast agent (Nahrendorf et  al. 2007) or a blood pool 
contrast agent (Exia 160), which shows specific uptake in myo-
cardium (Ashton et al. 2014a). An example of micro-CT imag-
ing of myocardial infarction using a delayed hyper-enhancement 
protocol in a rat, as described in Nahrendorf et al. 2007, is shown 
in Figure 36.8b.

36.9.3 Liver Imaging

Blood pool contrast agents, which avoid renal clearance due to 
their large size (>6 nm), are eventually cleared from the blood-
stream by phagocytic cells in the reticuloendothelial system 
(Moghimi et  al. 2001). This clearance occurs primarily in the 
liver and spleen, which leads to accumulation of contrast in 
those organs over time. This provides high enhancement of these 
organs for liver and spleen-specific imaging. One of the commer-
cially available micro-CT contrast agents, Fenestra LC (http://
www.medilumine.com/), is composed of iodinated phospholip-
ids, which are recognized by the ApoE receptor on hepatocytes 
and internalized in the liver, which provides additional specific-
ity for liver imaging. Because these blood pool contrast agents 
are taken up by normal-functioning liver and spleen, they can 
be used to identify necrotic regions (Chouker et al. 2008), liver 
tumors (Almajdub et al. 2007, Montet et al. 2007, Desnoyers et al. 
2008, Graham et al. 2008, Kim et al. 2008, Boll et al. 2011b), 
and spleen tumors (Almajdub et al. 2007), as well as to measure 
organ volume, quantify hepatic necrosis (Varenika et al. 2013), 
and determine liver anatomy (Fiebig et  al. 2012). Figure  36.9 
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FIGURE 36.8 (a) Coronal micro-computed tomography (micro-CT) images through the left ventricle showing the heart in systole (left images) and dias-
tole (right images) with and without the administration of dobutamine (10 µg/kg/min). End systolic volume is significantly decreased, and stroke volume and 
cardiac output are both significantly increased. End diastolic volume is relatively unchanged after administration of dobutamine. (b) An axial image showing 
myocardial infarction (arrow) in a rat using delayed hyper-enhancement.

http://www.medilumine.com/
http://www.medilumine.com/
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shows slices in a coronal orientation of a liver in mice with 
HT-29 colon adenocarcinoma tumors (Pandit et  al. 2013). The 
mouse was injected with a liposomal iodinated contrast agent 
and imaged one day and five days post-injection. The tumors 
appear hypo-enhanced relative to normal liver parenchyma.

36.9.4 Kidney Imaging

Micro-CT imaging of the kidneys can provide important ana-
tomical and even functional data. Because any low molecular 
weight iodinated contrast agents undergo renal excretion, con-
trast enhancement of the kidneys is straightforward. Thus, 
abnormalities like renal cysts are readily detected and measured 
during longitudinal studies (Xu et al. 2013). Research on mouse 
models for renal diseases, such as polycystic kidney disease, also 
use micro-CT (Wilson 2008).

Micro-CT allows accurate measurements of kidney volume 
(mm3), length (mm), and thickness (mm) (Almajdub et al. 2008). 
Figure 36.10 presents a maximum intensity projection of both 
kidneys and a coronal micro-CT slice through one of the kid-
neys. Note that the renal pelvis (inner core structure) is imme-
diately distinguishable from the renal cortex (outer rim) and 
medulla (intermediate space in between).

36.9.5 Gastrointestinal Imaging

Micro-CT has demonstrated its usefulness in detecting colon 
lesions in mouse models of cancer. Negative contrast-enhanced 
micro-CT imaging of murine models of colonic tumors has proven 
to be useful for detecting lesions <2 mm, validating the modal-
ity as a longitudinal imaging platform for investigating the disease 
(Pickhardt et al. 2005, Durkee et al. 2008). Other studies have inves-
tigated the efficacy of multiple contrast-enhanced experiments for 

detecting colon malformations. A combination of intraperitoneal 
(IP) injected with rectally-administered iodinated contrast agents 
was used for detecting colon tumors (Choquet et al. 2007).

Barium sulfate (BaSO4) solution is a contrast agent used for 
imaging the gastrointestinal (GI) tract. In clinical use, BaSO4 is 
suspended and then ingested orally for upper-GI imaging, or a 
BaSO4 solution is administered rectally for lower-GI imaging. 
BaSO4 coats the lining of the esophagus, stomach, and intes-
tines for a length of time sufficient for CT imaging. Figure 36.11 
presents examples of GI imaging using micro-CT with BaSO4. 
(Wathen et al. 2013). Polyps in the colon can also be detected by 
using an administration of BaSO4 followed by air used as a nega-
tive contrast agent for the bowel space (Boll et al. 2011a).

36.9.6 Cancer Imaging

Because tumors generally have the same density as their sur-
rounding tissues, contrast agents are necessary for tumor 

(a) (b)

FIGURE 36.9 Contrast-enhanced micro-computed tomography (micro-
CT) images of mice with HT29 human colon adenocarcinoma acquired (a) 
day 1, (b) day 5 post-contrast injection. Arrowheads in (a) indicate tumors 
(black) and blood vessels (white). A liposomal iodinated contrast agent has 
been used. (Reproduced from Pandit, P. et  al. 2013. Acad Radiol 20(4), 
430–439.)

(a) (b)

FIGURE 36.10 Micro-computed tomography (micro-CT) images of 
murine kidneys with low molecular weight contrast enhancement. (a) A 
maximum intensity projection and (b) a coronal section of a single kidney. 
The renal cortex is noted along the outer rim of the kidneys due to its differ-
ent uptake than the adjacent medulla.

(a) (b)

FIGURE 36.11 Micro-computed tomography (micro-CT) data of a murine 
gastrointestinal (GI) tract with BaSO4. In the coronal image (a), loops of 
the small intestine can be seen. (b) 3D reconstruction colored to aid in the 
visualization of the gastrointestinal (GI) tract (Reproduced from Wathen, 
C. A. et al. 2013. Sensors (Basel) 13(6), 6957–6980.)
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identification and characterization by micro-CT. The vast major-
ity of cancer imaging studies have been performed using blood 
pool nanoparticle contrast agents. Nanoparticles tend to accumu-
late in tumors due to the enhanced permeability and retention 
(EPR) effect (Maeda 2001, Maeda et  al. 2000). Rapid angio-
genesis within a tumor leads to the development of immature, 
poorly organized, leaky vasculature. Gaps in this leaky vascu-
lature are large enough that nanoparticles (up to 300 nm) can 
extravasate into the tumor tissue. Tumors also tend to have very 
poorly developed lymphatic drainage, so the nanoparticles are 
not cleared from the tumor once they extravasate. This effect 
leads to the gradual passive accumulation of nanoparticles in the 
tumor perivascular space over the course of hours to days. EPR 
has been widely exploited for both tumor imaging and therapy 
using nanoparticle agents.

Using micro-CT, dynamic biodistribution of contrast agent 
within small animal tumor models can be tracked. A liposomal 
iodine contrast agent was used in a rabbit tumor model for con-
trast agent tracking and biodistribution analysis (Zheng et al. 
2009). Quantitative analysis was performed to determine the 
percent contrast agent uptake within each organ, including the 
tumor. Liposomal iodine was also used in two mouse models 
of breast cancer to demonstrate dynamic changes in enhance-
ment within tumor vasculature and tumor parenchyma (Samei 
et al. 2009, Ghaghada et al. 2011). Immediately after injection, 
the contrast agent is entirely contained within the vasculature, 
with no significant enhancement within the tumor tissue. This 
early phase allows for the analysis of tumor vascular morphol-
ogy, location, and density. After the contrast agent is cleared 
from the bloodstream, late-phase imaging can be performed to 
demonstrate the passive accumulation of the contrast agent in 
the tumors due to EPR. The tumors typically show heteroge-
neous enhancement throughout their volumes, demonstrating 
spatial heterogeneity in tumor perfusion and vascular per-
meability. A few studies have been done in mouse xenograft 
tumor models to carefully map the spatial and temporal distri-
bution of liposome uptake by micro-CT (Ekdawi et al. 2015), 
which has important implications for nanoparticle-based drug 
delivery. Figure 36.12 shows an example of early- and delayed-
phase imaging using liposomal iodine-based contrast agent 
(Ghaghada et al. 2011). Measurements of tumor vascular den-
sity in early-phase imaging and total contrast accumulation in 
late-phase imaging have also been used in two mouse models 
of lung cancer to differentiate different aggressiveness levels 
in tumors (Badea et al. 2012). Iodine-containing nanoparticle 
contrast agents have also been used for tumor imaging in two 
other models of lung cancer (Kindlmann et al. 2005, Anayama 
et  al. 2013) and a mouse model of liver cancer (Rothe et  al. 
2015). Gold nanoparticles have also been used for passive 
tumor targeting in mouse models of breast and brain cancer 
(Hainfeld et al. 2006, 2013).

36.9.7 Micro-CT with Active Targeting

Beyond the passive targeting of nanoparticles to the reticu-
loendothelial system or tumors, active targeting of nanopar-
ticles can be accomplished by conjugating specific ligands to 
the nanoparticle surface which can then link to their binding 
partners in vivo (Erathodiyil and Ying 2011). Typically, these 

binding partners are cellular receptors or extracellular matrix 
proteins that are overexpressed in a pathological condition, so 
binding is specific to the region of pathology. Potential ligands 
for conjugation to the nanoparticle surface include antibodies, 
antibody fragments, other proteins, peptides, aptamers, lipids, 
carbohydrates, and other small molecules. The use of targeted 
contrast agents for micro-CT has recently been reviewed (Li 
et al. 2014). Gold nanoparticles have been used extensively for 
active targeting due to the ease of gold surface modification via 
gold–thiol bond formation. Gold nanoparticles have been used 
as a micro-CT contrast agent for the targeting of multiple tumor 
markers, including Her2 (Hainfeld et  al. 2011), the gastrin-
releasing peptide (GRP) receptor (Chanda et al. 2010), the epi-
dermal growth factor receptor (EGFR) (Reuveni et al. 2011), the 
folic acid receptor (FAR) (Wang et al. 2013), and tumor micro-
calcifications (Cole et al. 2014). Figure 36.13 demonstrates the 
use of EGFR-antibody conjugated gold nanoparticles to target 
an EGFR-expressing subcutaneous tumor. Tumor enhancement 
was significantly increased with targeted gold nanoparticles 
compared to non-targeted gold nanoparticles (190 HU versus 
78 HU).

Gold nanoparticles have also been used for CT imaging of 
lymph nodes by targeting CD4 (Eck et  al. 2010), imaging of 
inflammation by targeting intravascular E-selectin (Wyss et al. 
2009), imaging of atherosclerosis by targeting fibrin (Winter 
et  al. 2005), imaging of myocardial scars by targeting col-
lagen (Danila et  al. 2013), and imaging of other cardiovas-
cular disease (Ghann et  al. 2012). In addition to targeting by 
the surface conjugation of a ligand, some nanoparticles have 
inherent targeting abilities due to their nanoparticle chem-
istry. Gold nanoparticles encapsulated within high-density 
lipoprotein (HDL) particles are naturally recognized by HDL 

(a) (b)

FIGURE 36.12 (a) Coronal 3D volume-rendered images demonstrating 
co-opted vessels (top arrows) and newly developed tumor vessels (bottom) in 
early phase imaging (immediately after nanoparticle contrast agent admin-
istration). Both the co-opted and newly developed vessels traced their origin 
back to major venous structures such as the jugular vein (origin of vessel 
labeled with top arrow) or the inferior vena cava (origin of vessel labeled 
with bottom arrow). (b) In the delayed micro-CT image, at five days post-
liposomal contrast injection, the tumor is clearly enhanced. The only other 
organs enhanced are the liver and spleen, which are the organs for nanopar-
ticle contrast agent clearance.
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receptors and taken up in atherosclerotic plaques (Cormode 
et al. 2010). Exia-160 consists of iodinated molecules that can 
be fully metabolized by the body, and therefore it accumulates 
in metabolically active tissues, including the myocardium and 
brown adipose tissue. This effect has been used to discrimi-
nate between healthy and infarcted myocardium (Ashton et al. 
2014a).

36.10 Multi-Modality Imaging

Micro-CT can be used together with other imaging modali-
ties in order to better study functional molecular and anatomi-
cal information simultaneously. A micro-CT system can be 
combined with single photon emission computed tomography 
(SPECT), positron emission tomography (PET), or fluorescence 
molecular tomography (FMT) into a single unit (Goertzen et al. 
2002, Liang et al. 2007). SPECT, PET, and FMT are all highly 
sensitive, so targeted molecular imaging with radio-labeled or 
fluorescently-labeled small molecules or biomolecules is readily 
accomplished. However, these modalities are all limited by poor 
spatial resolution and poor anatomical imaging. By combining 
these systems with micro-CT, high-resolution anatomical images 
can be co-registered with molecular images to produce highly 
useful datasets. Combining micro-SPECT and micro-PET with 
micro-CT can also improve the image quality of the resultant 
SPECT and PET images by allowing for attenuation correction 
(Chow et  al. 2005, Hwang and Hasegawa 2005). Figure  36.14 
shows a combined micro-CT/micro-PET image for a 4T1 breast 
tumor-bearing mouse after injections of both liposomal iodine 
and 18F-fluorodeoxyglucose. The multi-modal imaging took 
place 72 hours post-injection of the liposomal CT contrast agent. 
Note the co-localization of the EPR-based accumulation of 

the iodinated liposomes visualized by micro-CT and the FDG 
uptake in the micro-PET image.

A second application of multi-modal imaging, which has 
gained much attention recently, is the use of agents that produce 
contrast for multiple imaging modalities simultaneously. Thus, 
multiple imaging modalities can be used after injection of a sin-
gle contrast agent. This helps to improve registration between 
the different modalities and increase the amount of information 
gained from hybrid imaging systems. Many different formula-
tions of multi-modal contrast agents have been developed, and 
the development of these agents has been reviewed previously 
(Key and Leary 2014). Combined CT/MR contrast agents have 
been developed using gadolinium chelates conjugated to gold 
nanoparticles (Alric et  al. 2008) or gold nanoshells (Coughlin 
et al. 2014), liposomes containing both gadolinium and iodine-
based contrast agents (Zheng et al. 2006), and iron oxide core 
nanoparticles surrounded by either a gold shell (Carril et  al. 
2014) or a mesoporous silica shell filled with iodinated oil (Xue 
et al. 2014). A combined CT/SPECT agent has been developed 
using a dendrimer linked to both iodinated organic molecules 
and SPECT agent chelators (Criscione et al. 2011). A combined 
PET/CT agent has been demonstrated using gold nanoparticles 
conjugated to both glucose and 18F-fluorodeoxyglucose (FDG) 
for targeting of metabolically active tumors (Roa et  al. 2012, 
Feng et al. 2014). All of these formulations have been success-
fully tested in vivo with multi-modal small animal imaging.

36.11 Theranostics

Many nanoparticles used as micro-CT contrast agents can eas-
ily be adapted to provide, or incorporate, therapeutics thus serv-
ing in theranostics. Gold nanoparticles, for example, have the 
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78 ± 15 HU

Tumor
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targeted GNPs
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FIGURE 36.13 3D reconstructions of micro-computed tomography (micro-CT) images of a mouse subcutaneous tumor model. Mice were injected with 
saline (a), non-targeted gold nanoparticles (b), or epidermal growth factor receptor (EGFR)-antibody targeted gold nanoparticles (c). Increased CT enhance-
ment was seen for both types of nanoparticles, but targeted nanoparticles showed significantly higher enhancement than non-targeted controls. (Reprinted 
from Reuveni, T. et al. 2011. Int J Nanomedicine 6, 2859–2864.)
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inherent ability to increase the effectiveness of radiation ther-
apy because they absorb therapeutic X-rays efficiently and then 
release that energy to the surrounding tissues, thus increasing 
the locally delivered dose in regions of high nanoparticle con-
centration. This radiation augmentation has been studied by sev-
eral groups to effectively treat cancer in multiple animal models 
(Hainfeld et  al. 2004, 2008, 2010, 2013, 2014, Jeremic et  al. 
2013, Park et al. 2015, Wolfe et al. 2015). Gold nanoparticles also 
exhibit high absorbance of light at their surface plasmon reso-
nance wavelength, which can be tuned by altering the shape and 
size of the nanoparticle. For many gold nanoparticle shapes (i.e., 
nanorods, nanoshells, nanostars), this plasmon resonance occurs 
in the near infrared region, which is optimal for use with pho-
tothermal heating. In photothermal heating, nanoparticles con-
vert laser light into heat, which leads to local hyperthermia. This 
effect can be used for tumor ablation. The use of nanoparticles 
for combined CT imaging and photothermal therapy has been 
recently reviewed (Curry et  al. 2014). Gold nanorods (Huang 
et al. 2011) and hollow gold nanoshells (Park et al. 2015) have 
both been used for combined CT imaging, radiation therapy, and 
photothermal therapy. Figure 36.15 shows a gold nanostar ther-
anostic probe that was used for CT imaging and photothermal 
therapy in a mouse model of primary soft tissue sarcoma (Liu 
et al. 2015). This probe showed high tumor accumulation and CT 

enhancement, as well as effective tumor ablation following pho-
tothermal therapy. Therapeutics can also be incorporated into 
nanoparticles by direct conjugation to the nanoparticle surface 
or by co-encapsulation of the therapeutic with the imaging agent 
(e.g., within the aqueous core of a liposome). Both methods have 
been used for the addition of therapeutic radioisotopes or chemo-
therapeutics to nanoparticle contrast agents (Chen et al. 2014, Lu 
2014, Ryu et al. 2014, Zhu et al. 2014).

36.12 Spectral Micro-CT

Spectral information can improve contrast discrimination in 
CT imaging. In traditional CT imaging, the overall attenuation 
of X-ray intensity is measured by the detector, but the detected 
X-rays are not spectrally resolved. The spectrum of transmitted 
X-rays is important because the absorption of X-rays by different 
materials is highly dependent on X-ray energy, so the transmit-
ted X-ray spectrum depends on what materials are present along 
the X-ray path. Therefore, there is a significant amount of infor-
mation that can be gained by including spectral data in the CT 
reconstruction process. Based on differences in X-ray absorp-
tion, multiple materials can be differentiated and quantified 
within a single scan using spectral CT.

There are two primary methods used to obtain spectral CT 
data. The first method, dual energy (DE) CT, uses X-ray sources 
with two different energy spectra and traditional energy inte-
grating X-ray detectors (see Section III, Chapter 39). The sec-
ond method uses a single X-ray source, but has energy-resolving 
detectors (photon-counting detectors) that can measure the 
energy of each detected photon. Dual energy CT is currently 
used clinically and has been successful in improving imaging for 
a variety of applications (Jepperson et al. 2013, Aran et al. 2014, 

(a) (b)

FIGURE 36.14 An illustration of a multi-modality study using micro-
positron emission tomography-micro-computed tomography (micro-PET-
micro-CT) in a mouse with 4T1 breast tumors (see arrows). (a) The maximum 
intensity projection (MIP) of the delayed enhanced micro-CT image at 72 
hours post-injection of a liposomal iodinated contrast agent. (b) The over-
lapping of MIPs for micro-CT and the 18F-fluorodeoxyglucose (FDG)-
micro-PET. Note that there is a significant accumulation of the iodinated 
liposomes as a result of enhanced permeability and retention in the tumor. 
The micro-CT image provides high-resolution anatomical detail to give con-
text to the tumor signal seen in the micro-PET image (Reproduced from 
Badea, C. T. et al. 2011a. Multi-modality PET-CT imaging of breast cancer 
in an animal model using nanoparticle X-ray contrast agent and 18F-FDG. 
Medical Imaging 2011: Biomedical Applications in Molecular, Structural, 
and Functional Imaging 7965.)
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Before BeforeAfter After

FIGURE 36.15 (a) Micro-computed tomography (CT) maximum inten-
sity projections through the soft-tissue sarcoma on a mouse hindlimb at 
Days 0, 2, and 4 post-injection of gold nanostars (AuNS). The decomposi-
tion represents gold concentration (windowed from 2 mg/mL to 10 mg/mL). 
(b) Photothermal therapy after injection of either gold nanostars or saline. 
The mice receiving gold nanostars showed complete remission of their sar-
coma, while the control mice had continued rapid tumor growth.
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Bongartz et al. 2014, Marin et al. 2014, Mileto et al. 2014, Ohana 
et al. 2014, Paul et al. 2014).

DE CT can use either a single X-ray source, which rapidly 
switches between two tube voltages, or two separate sources/
detectors which are orthogonally positioned and each operate at 
a different voltage. In either case, X-ray projections are acquired 
at each rotation angle using both X-ray sources. Additionally, a 
sandwich detector is sometimes used to separate low-energy and 
high-energy X-rays. In DE CT, two complete CT datasets are 
acquired for two different X-ray energy spectra. Most of a sub-
ject’s body appears the same on both images, because absorption 
of X-rays by low atomic weight materials, which is primarily due 
to Compton scattering, is very weakly dependent on X-ray energy. 
However, the photoelectric effect in high atomic weight materi-
als is highly dependent on X-ray energy. Therefore, the attenua-
tion coefficient of high atomic weight materials (calcium in bone, 
iodine, gold) will depend on the energy spectrum of the incident 
X-rays. This effect is particularly pronounced if the two energy 
spectra fall on either side of the k-edge for one of the materials. 
Because there is a large increase in attenuation at energies above 
the k-edge, this leads to a large difference in signal between the 
two scans. By combining data from the two energy sets, these high 
Z materials can be differentiated from one another and quantified.

Spectral separation using DE CT is somewhat limited by our 
ability to minimize the overlap of X-ray spectra using polychro-
matic sources. The separation between the two energy spectra 
can be improved by applying additional filtration to the X-ray 
tubes, which can preferentially remove low-energy photons and 
further increase the average energy of the X-ray spectrum. The 
other limitation for DE CT is its ability to discriminate between 
closely-related elements, for example, barium and iodine.

Using this method, DE micro-CT has been used successfully 
for a variety of applications in mice. DE micro-CT was used 
for atherosclerosis imaging to differentiate liposomal iodine 
accumulated in plaque macrophages from calcium within the 
plaque (Bhavane et  al. 2013). Iodine accumulated within the 
myocardium has been separated from other soft tissues and 
from calcium in the bone for imaging of myocardial infarction 
(Ashton et al. 2014a). DE micro-CT has been used to separate 
gold nanoparticles accumulated within soft-tissue sarcomas 
(Clark et al. 2013) or primary lung tumors (Ashton et al. 2014b) 
from liposomal iodine within the vasculature. In these studies, 
the simultaneous measurement of two different nanoparticle 
concentrations was used to calculate tumor vascular density 

and vascular permeability. This process is demonstrated in 
Figure 36.16, which shows scans of sarcoma tumors in a mouse 
that was injected first with gold nanoparticles and 72 hours later 
with iodinated liposomes. The dual energy micro-CT was per-
formed using 40 and 80 kVp. Following the acquisition, two 3D 
images were reconstructed. These two scans were then math-
ematically decomposed into maps of iodine and gold concentra-
tions (Clark et al. 2013).

Validation of DE micro-CT decompositions was performed 
using histology and ex vivo measurements of tissue gold and iodine 
concentrations (Ashton et al. 2014b). In two additional studies, DE 
micro-CT was used to assess vascular changes following radia-
tion therapy. In the first, the increase in vascular permeability in a 
soft-tissue sarcoma was determined by measuring accumulation of 
liposomal iodine (Moding et al. 2013). In the second study, cardiac 
injury following radiation therapy was assessed using gold nanopar-
ticles and liposomal iodine (Lee et al. 2014). Our Duke group has 
recently also demonstrated triple-energy micro-CT for the differ-
entiation of three materials: gold, iodine, and gadolinium. Using a 
novel algorithm called spectral diffusion (Clark and Badea 2014), 
these three materials were successfully separated and quantified 
both in an in vitro phantom and in vivo.

Although PCXDs are still experimental for clinical CT, their 
use in preclinical small animal studies has been successfully 
demonstrated. Spectral CT has been used with targeted nanopar-
ticles to image atherosclerotic plaques (Cormode et  al. 2010). 
Gold nanoparticles were encapsulated within HDL particles to 
target plaque macrophages. A preclinical spectral CT system 
(Phillips Research, Hamburg) was used to differentiate the gold 
from iodine, calcium, and soft tissues. Spectral micro-CT was 
used to resolve the signals from gold, iodine, and calcium within 
the tissue phantom matrix. The spectral micro-CT system suc-
cessfully differentiated the phantom regions containing gold, 
iodine, and calcium, with very little overlap between the signals. 
They also tested the targeting of their gold–HDL particles in a 
mouse model of atherosclerosis. Spectral micro-CT (and subse-
quent histology) demonstrated that the gold successfully accu-
mulated within the plaques and that gold could be discriminated 
from iodine, calcium, and soft-tissue in vivo. The same HDL-
encapsulated gold nanoparticles have been used along with a 
blood pool iodine contrast agent to simultaneously image the 
signals from gold accumulated within lymph nodes, and iodine 
within the blood, bone, and soft tissue (Roessl et al. 2011). Gold 
nanoparticles accumulating in lymph nodes after subcutaneous 

40 KVp 80 KVp

Dual energy
decomposition

Iodine Gold Iodine + gold

FIGURE 36.16 Dual energy micro-computed tomography (CT) scans and material decompositions for an in vivo imaging of gold nanoparticles and 
iodine-containing liposomes within a mouse soft-tissue sarcoma. The iodine and gold maps are the result of dual energy decomposition. The decomposition 
is able to successfully differentiate signal from the gold and iodine contrast agents.
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injection have been differentiated from soft tissue and bone 
(Schirra et al. 2012). Iodine within the vasculature and barium 
within the GI tract have been imaged and differentiated from 
bone and soft tissue (Anderson et al. 2010). Spectral imaging has 
also been used to detect novel ytterbium nanoparticles within 
the vasculature (Pan et al. 2012) and organic bismuth nanocol-
loids targeted to fibrin-rich clots (Pan et al. 2010). In both cases, 
spectral CT was used to differentiate contrast agent signal from 
soft tissue and bone. The primary limitation in all of these stud-
ies was that the low photon-count rate limitations of the PCXD 
system resulted in a long scan time. Because the scan time was 
so long, the imaging was done after sacrificing the animals in 
order to prevent motion over the course of the long acquisition. 
Despite the limitations, these studies demonstrate that spectral 
CT using a PCXD system has the potential for high-quality in 
vivo imaging and material discrimination. Some technical prob-
lems remain to be solved, but PCXD systems have great promise 
for use in both preclinical and clinical CT imaging.

36.13 Phase-Contrast Micro-CT Imaging

Micro-CT creates the perfect environment for the develop-
ment of phase-contrast CT imaging (see Section IV, Chapters 
49, 50, and 53). For most micro-CT applications, X-ray photons 
are treated as particles. Treating X-rays instead as electromag-
netic waves, their complex index of refraction is expressed as 
n = 1 – δ – iβ, which relates to the linear absorption coefficient, 
µ0, as β = µ0*(λ/4π) and to the coefficient of phase change, η, 
as δ = η*(λ/2π) for X-ray wavelength, λ. For diagnostic X-rays 
(10–100 keV) and low atomic number elements (Z ≤ 20), δ 
is approximately two to three orders of magnitude larger than 
β and falls off more slowly with increasing X-ray energy (∼1/E2 
versus ∼1/E3). Because of these factors, phase-contrast is inter-
esting for imaging soft biological tissues without the need for 
exogenous contrast agents and with potentially reduced radiation 
dose (Momose 2005, Bravin et al. 2013).

These theoretical advantages have been practically validated 
using monochromatic, synchrotron X-ray sources and one of 
several imaging schemes, including (1) propagation-based, (2) 
 analyzer-crystal-based, and (3) grating interferometer-based 
phase-contrast. Propagation-based phase-contrast imaging 
relies on the propagation distance of X-rays after they have been 
refracted within the sample (i.e., on the object-to-detector dis-
tance). Rotating the sample and acquiring projections at a single 
distance allows reconstruction of hybrid, edge-enhanced data in 
which the absorption information is augmented by the Laplacian 
of the refractive index. Explicit phase and absorption retrieval are 
possible by acquiring the projections at several object-to-detector 
distances followed by algorithmic post-processing (Langer et al. 
2008). Analyzer-crystal-based methods rely on Bragg diffraction 
within a silicon single crystal. Acquiring projections with a fixed 
sample position as the angle of the analyzer crystal is varied with 
respect to the X-ray beam exiting the sample yields a rocking curve 
(crystal angle versus recorded intensity) from which refraction and 
apparent absorption projections can be recovered (Chapman et al. 
1997). Grating interferometer-based phase- contrast methods use 
aligned, micron-scale gratings to generate systematic interference 
fringes in the propagating X-ray wavefront. Refraction within the 

sample shifts the interference fringes, allowing recovery of the 
differential of phase shifts caused by the object from intensity 
curves generated by stepping the sample or a component grating 
through a grating period (phase stepping), while the sample posi-
tion remains fixed (David et al. 2007).

One of the primary challenges in translating these phase-contrast 
imaging methods from synchrotron beam lines to routine clinical 
and preclinical application is the comparatively low brilliance and 
low coherence of laboratory X-ray sources; however, technological 
developments is this area are very promising. Pfeiffer et al. have 
demonstrated the effective translation of the Talbot–Lau grating 
interferometer from a synchrotron source to a polychromatic X-ray 
tube source through the addition of a source grating, which colli-
mates the source beam into an array of individually coherent X-ray 
line sources (Pfeiffer et al. 2006). They have also demonstrated the 
recovery of three contrast mechanisms with a single scan (absorp-
tion contrast, differential phase-contrast, and dark field scatter con-
trast) (Pauwels et al. 2012, Bech et al. 2013) and have developed 
a prototype small animal scanner in collaboration with Bruker 
micro-CT (Tapfer et al. 2012, Pauwels et al. 2012). Additionally, 
they have demonstrated the potential value of differential phase-
contrast and dark field imaging in several applications, including 
cancer identification and classification (Tapfer et al. 2013, Willner 
et al. 2014) and lung imaging (Meinel et al. 2014).

As an alternative to the Talbot–Lau interferometer with source 
grating, a non-interferometric, grating-based approach for dif-
ferential phase-contrast with a laboratory source, called coded 
aperture X-ray phase-contrast imaging, has been proposed and 
demonstrated using a physical phantom (Munro et  al. 2012). 
Additional work has been done with an analyzer crystal-based 
setup and a laboratory source (Connor et al. 2011).

Several technical challenges must be overcome prior to the 
widespread adoption of phase-contrast imaging. High-quality 
tomographic reconstructions of differential phase-contrast data 
using a Talbot–Lau grating interferometer can require hours to 
tens of hours of scanning owing to the flux limitations associ-
ated with laboratory X-ray sources, which are exacerbated by 
collimator-like phase gratings, and owing to the phase-step-
ping performed at each sample rotation angle (Fu et al. 2014). 
A single-shot alternative to phase-stepping, which uses Moiré 
patterns and Fourier analysis, has been demonstrated using a 
physical phantom and could lead to significantly reduced scan 
times (Bevins et al. 2011). Phase wrapping in thick specimens 
and bone poses a significant hurdle for preclinical and clini-
cal imaging; however, algorithms have already been proposed 
and demonstrated for phase unwrapping (Tapfer et  al. 2012, 
Epple et al. 2013). Additional fabrication challenges are associ-
ated with scaling the field-of-view and viable energy range for 
grating interferometers. Proposed solutions to these problems 
include helical scanning (Fu et al. 2014) and inclining the grat-
ings with respect to the beam direction for reduced transmit-
tance of high-energy photons (Stutman et al. 2013), respectively.

In addition to technological developments, the adaptation 
of iterative reconstruction algorithms to the problem of tomo-
graphic phase-contrast image reconstruction will reduce asso-
ciated scanning times and radiation dose. Some work has been 
presented in the literature illustrating how existing iterative 
CT reconstruction algorithms can be modified for this purpose 
(Köhler et al. 2011, Fu et al. 2013). Furthermore, techniques for 
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enforcing gradient sparsity in phase-contrast data have been 
demonstrated (Nilchian and Unser 2012, Herzen et al. 2014).

Figure 36.17 is adapted from Tapfer et al. 2013 and compares 
phase and absorption contrast results using a synchrotron and 
laboratory source in a mouse model of pancreatic ductal adeno-
carcinoma. The authors have used a grating-based phase- contrast 
CT method. It was found both visually and quantitatively by 
means of contrast to noise ratio that the increased soft tissue 
contrast apparent in phase images does allow for tumor identi-
fication, unlike in the attenuation images. Note that the quality 
of images acquired with a conventional X-ray tube is not much 
inferior to the synchrotron acquisition.

36.14 Radiation Dose

One of the major limitations of X-ray CT imaging is exposure 
to radiation (see Section III, Chapter 38). High radiation doses 
are required for high-resolution CT scans. Signal-to-noise ratio 
in CT is inversely proportional to the square root of the number 
of X-rays passing through each voxel. As voxel size decreases, 
the number of X-rays necessary to maintain a constant signal-to-
noise ratio increases significantly. In planning micro-CT stud-
ies, a balance must be made between desired image quality and 
radiation exposure.

X-ray radiation exposure can lead to biological damage and 
long-term health effects (Boone et al. 2004). The LD50/30 radia-
tion dose in mice (the dose required to kill 50% of mice within 
30 days) depends on many factors, but tends to be between 5 and 
8 Gy (Ritman 2004, Carlson et al. 2007). The typical radiation 
dose for a single micro-CT scan can vary widely and reported 
values in the literature range from 0.017–0.78 Gy (Carlson et al. 

2007). Rodents have the ability to repair damage from low doses 
of radiation (∼0.3 Gy) over the course of several hours (Parkins 
et al. 1985), so most low-dose micro-CT scans should have lim-
ited biological impact, even when the same animals are longitu-
dinally scanned over the course of a study. But, for higher-dose 
scans, longitudinal imaging can potentially lead to a cumulative 
dose that could affect biological function (particularly immune 
function and tumor response) and long-term health (Boone et al. 
2004). Therefore, careful consideration must be made to deter-
mine the optimal imaging protocol for each individual application 
to minimize the effects of radiation dose on the experiment. With 
additional advances in micro-CT technology and reconstruction 
algorithms, radiation doses should further decrease, which will 
help to overcome radiation as a limitation of micro-CT imaging.

36.15 Conclusions

Micro-CT has become an extremely important tool in small ani-
mal research. Micro-CT produces non-invasive, 3D, high-resolu-
tion anatomical images, which can provide a wealth of information 
about normal animal function and pathology. The increasing avail-
ability and low cost of micro-CT scanners (compared, for example, 
to MRI scanners) greatly increases the use and impact of micro-
CT imaging on small animal studies. Radiation dose is a limitation 
in micro-CT imaging, but can be reduced with better technology 
and more sophisticated image reconstruction algorithms. Although 
X-ray micro-CT is limited by low tissue contrast, developments in 
contrast agent design show great promise for use in imaging a wide 
range of organ systems and pathologies. Additional new develop-
ments in spectral and phase-contrast imaging will further improve 
the usefulness of micro-CT in acquiring functional and molecular 
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FIGURE 36.17 Coronal micro-computed tomography (CT) slices corresponding to attenuation and phase-contrast of the abdominal area in the mouse 
using (a) synchrotron, (b) tube source. All results shown in this Figure 36.17 were acquired ex vivo after whole-animal perfusion fixation with paraformal-
dehyde. (Reproduced from Tapfer, A. et al. 2013. PloS ONE 8(3), e58439. With permission.)
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information. This will greatly expand the potential applications for 
micro-CT in small animal research.
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37
Quality Assurance of X-ray Computer Tomography

Douglas Bollinger and Hua Li

37.1  Goal of Quality Assurance of 
X-ray Computed Tomography

Quality assurance (QA) of computed tomography (CT) scanners 
is motivated by three primary performance endpoints: safety, 
mechanical, and image quality. The format of this chapter fol-
lows this classification, with each of the following sections relat-
ing to a specific test or tests that can be categorized under one 
of those three components. Both a description of the purpose of 
the test(s) as well as how to carry it out are included. CT QA can 
further be categorized by frequency, and this will also be dis-
cussed for every example. Certain tests, such as surveys to ver-
ify adequacy of room, need only be done initially, or following 
major changes to the room or device, while other tests should be 
carried out on a daily basis. Typically, frequency of testing can 
be broken down into daily, monthly, annual, and one-off inter-
vals. It is also important to note that, while guidance documents 
on the recommended frequency of different tests do exist (Mutic 
et al. 2003), they are no more than recommendations, and it is the 
responsibility of the authorized medical physicist to adapt these 
recommendations to the needs of his or her clinic. The same is 
true for the majority of test tolerances. Finally, different vendors 

may have different and/or additional test recommendations to 
those discussed in this chapter. While they are likely to be simi-
lar in nature and purpose to what is discussed here, the autho-
rized medical physicist should consult the manufacturer of their 
scanner for specific recommendations on tests and equipment.

CT scanners can be operated in either axial or helical mode (see 
Section III, Chapter 32). In axial mode, the gantry completes a full 
rotation while the patient is stationary to obtain a “slice” of the 
patient’s anatomy. The couch is then moved a predefined distance 
and the process is repeated until the scan is complete. Due to time 
involved in this scan mode however, it has fallen out of fashion in 
favor of helical scanning. In helical scanning, the gantry continu-
ously rotates and images while the couch is simultaneously trans-
lated through the bore. The choice between the two modes has been 
shown to have a minimal impact on QA parameters (Kalender and 
Polacin 1991, Kalender et al. 1994) and so any QA that involves the 
scanning of a phantom should be performed with the scan mode 
typically used clinically. Similarly, CT scanners may be character-
ized as either single slice or multi-slice. For both types, however, 
the QA procedures are identical (Mccollough and Zink 1999), and 
so the distinction between the two will not be discussed further. 
Finally, scanners may be differentiated depending on their bore 
size. While most CT scanners have a bore opening with a diameter 
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of 70 cm, aptly named “large bore,” scanners with an opening of 
85 cm are available. Larger bore scanners have been shown to sup-
port similar, but not identical, performance with respect to image 
quality metrics (Garcia-Ramirez et  al. 2002) when compared to 
small bore scanners, and this should be taken into account when 
establishing an institutional baseline for QA.

It is the responsibility of the authorized medical physicist to 
establish the QA program for a CT simulator; however, the physicist 
is not required to perform every test themselves. For example, in 
many clinics, daily QA is delegated to the CT sim therapists. This 
is a perfectly acceptable practice; however, it remains the respon-
sibility of the physicist to ensure that the therapists are adequately 
trained to do this. Furthermore, if an unexpected or out of tolerance 
result is discovered by the therapists during routine QA, they must 
be trained on how to report it. It is then the role of the physicist to 
investigate the source of this discrepancy and analyze its potential 
impact. A further discussion on how to form a comprehensive QA 
program can be found in TG 40 (Kutcher et al. 1994).

Finally, it is important to note that not all CT QA tests are 
equally relevant to CT scanners used for diagnosis and in the 
radiation therapy workflow (Baker 2014). Where there is a differ-
ence in QA tolerance, frequency, or even QA procedure between 
them, this will be highlighted and discussed. All these tests may 
be carried out by either a diagnostic or a therapeutic physicist; 
however, who has ultimate responsibility for ensuring the quality 
of the scanner will depend on the department in question. Tests 
for both uses of CT scanners, along with recommended frequen-
cies and tolerances, can also be found in the American Association 
of Physicists in Medicine (AAPM) Task Group 66, International 
Atomic Energy Agency (IAEA) human health series No.19 (IAEA 
2012) as well as the American College of Radiology (ACR) 2012 
CT QC manual (Cody et al. 2012), and anyone involved with QA 
for CT scanners should familiarize themselves with these docu-
ments. In addition, if a facility wishes to obtain ACR accreditation, 
they must comply with the QC mandated by the ACR 2012 CT 
QC manual. While not suggesting tolerances and frequencies, the 
ACR–AAPM technical standard for diagnostic medical physics 
performance monitoring of CT equipment also provides a useful 
resource for the QA requirements of a CT scanner.

37.2 Safety Tests

As with any machine that could potentially injure a patient dur-
ing operation, CT scanners typically have a number of emergency 
interlocks in place to reduce the risk to the patient. This is dis-
cussed in Section 37.3. Routine QA should establish the continu-
ing functionality of these interlocks, however safety tests for a CT 
scanner extend beyond this. CT scanners are radiation-emitting 
devices so it is important to establish the typical dose one might 
expect a patient to receive from each type of scan performed. 
This is true for both scanners used for therapy and diagnosis, 
although particular care must be given to diagnostic scanners as, 
for many patients scanned with diagnostic intent, this may be the 
only source of radiation they receive during their treatment. The 
goal in testing the dose delivered per scan is not to keep it is 
as low as possible but instead to make sure it does not deviate 
unexpectedly from a baseline established during commission-
ing or provided by the manufacturer. Indeed, a sudden decrease 

in the recorded dose should be investigated just as one would 
investigate an increase. The most commonly used metric for dose 
measurements on a CT scanner is the computed tomography dose 
index (CTDI) and is described more thoroughly in Section 37.4.

In addition to making sure the dose level remains within tol-
erance, the quality of the radiation should also be periodically 
tested to ensure the continuing quality of the device. This can be 
done through measuring the kVp and the half-value layer (HVL) 
of the emitted radiation. The tests to measure these quantities 
are described in greater detail in Section 37.5. Other quantities 
such as timer accuracy, exposure linearity, and radiation profile 
can also impact the dose a patient receives and so a discussion of 
how to measure those is also included. Finally, it is not just dose 
to the patient that is of concern but also the potential exposure 
of staff members and people in surrounding rooms. During the 
initial design of the room, adequate shielding must be put in place 
to keep the kerma in both controlled and uncontrolled (loca-
tions to which non-radiation workers have access) areas below 
acceptable thresholds. These are typically considered less than 
0.02 mGy wk−1 and 0.1 mGy wk−1, respectfully. A more detailed 
discussion of CT shielding calculation is beyond the scope of this 
chapter and interested readers are referred to National Council 
on Radiation Protection and Measurements (NCRP) report 147 
(Korchin 2005). Part of QA for the safety of the CT scanner, how-
ever, involves surveying the neighboring rooms to the scanner to 
ensure that the shielding has been adequately constructed, and 
a more detailed discussion of this can be found in Section 37.6.

37.3 Safety Interlocks

Unlike linear accelerators, most CT scanners are typically not 
configured with an interlock that will stop the scan once a door 
to the room is open. As such, in the event of a crisis necessitating 
the scan be terminated, the operator must press an emergency 
switch, which can typically be found on the operator’s console as 
well as on the CT gantry. Due to the potential of these switches to 
damage the scanner, many departments choose not to test these 
regularly and instead either check them annually or only follow-
ing a major repair to the scanner. While the majority of sites do 
not have an interlock to turn the scanner off if the door to the 
room opens, some may elect to install an interlock whereby the 
scanner cannot begin scanning while the door is open. If this is 
the case, this interlock should periodically be evaluated, the fre-
quency of which should be determined by the physicist.

Daily audiovisual testing should also be conducted. This 
test, while not complex, is critical to ensuring that patients may 
be scanned safety and that therapists are able to immediately 
respond in the event of an emergency. It consists of simply veri-
fying that the couch and scanner are visible throughout a scan 
and that the intercom system is able to accurately transmit audi-
tory signals. Due to its simple and routine nature, audiovisual 
testing is typically conducted by a trained simulation therapist.

37.4 CTDI Testing

CTDI measurements provide an effective means of measuring 
the radiation dose output of a CT scanner, however it should not 
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be considered a precise predictor of patient dose (Boone et al. 
2011) (see Section III, Chapter 38). Instead, it is a metric for 
comparison of the dose output between different scanners and 
to record any drifts in dose delivered from a single scanner over 
time. The FDA defines the CTDI as “the integral dose profile 
along a line perpendicular to the tomographic plane divided 
by the product of the nominal topographic section thickness 
and the number of tomograms produced in a single scan” (The 
Code of Federal Regulations). To accurately record the CTDI, 
all dose delivered along the perpendicular line would also have 
to be included, and as that line is infinite, an infinitely long ion 
chamber would be required to make a measurement. As this is 
obviously impractical, the concept of the CTDI100 has become 
popularized. This is the CTDI measured with a 100 mm long 
pencil ion chamber. It is important to realize that the CTDI100 
is a measure of air kerma. A typical chamber that could be used 
for such measurements is shown in Figure 37.1. CTDI100 can 
also be calculated using the following equation, where N is the 
number of slices in a given CT scan, T is the slice thickness, 
and D(z) is the dose at a point given as a function of the position 
of that point along the length of the ion chamber:

 

CTDI D(z)dz

mm

mm

100

50

50

1
=

−

∫N T*
 

An alternative formulation involving an original reading mea-
sured in terms of exposure is as follows. Below, E is the mea-
sured value of the exposure in units of roentgen, 0.87 converts 
that reading from roentgen to rads to obtain the air kerma, L is 
the active length of the ion chamber (100 mm when using the 
CTDI100), and C is the electrometer calibration factor (Chu et al. 
1990). Both the ion chamber and electrometer being used must 
have been calibrated by NIST (National Institute of Standards 
and Technology) or an ADCL (accredited dosimetry calibration 
laboratory) within the last two years, as mandated by Code of 
Federal Regulations 10 CFR 35. Following this calibration, the 

owner of the electrometer will be provided with the electrom-
eter calibration factor, C, as part of the calibration report.
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When attempting to establish even an approximation of the 
dose to a patient from a CT scan, the CTDI100 alone is inad-
equate as it does not take into account human shape. As such, 
a metric known as the CTDIw was created, where the w stands 
for “weighted.” With a weighted CTDI, multiple measure-
ments are taken with the pencil chamber located at both the 
center and at the periphery of a solid water phantom. These 
readings can then be used with the following weighting to 
obtain the CTDIw.
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When a patient is on the table for a CT scan, the table is typi-
cally moving (unless a cine scan is being taken). To account for 
this and get a more accurate representation of dose to the patient 
from a scan, a further modification to CTDIw is required. We 
name the result of this modification CTDIvol. For a helical scan, 
it can be calculated as shown on the left, whereas if the scan is 
being collected in a series of axial slices, the equation on the 
right should be used, where I is the step size the table moves in 
between slices in mm:
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Finally, for patients, the total length of the scan will depend on 
the anatomy being imaged. To get a better idea of the dose level 
we expect a patient to receive from a specific protocol, we calcu-
late an additional metric called the dose length product (DLP), 
given as:

 DLP CTDI scan lengthvol= * .  

While the DLP does give us at least an approximation of the 
dose to a patient that we might expect, it is fundamentally a value 
derived from phantom measurements and so may not be used as 
a definitive statement on dose received. One problem with it is 
that it is typically measured with a perfectly cylindrical phantom 
which does not accurately represent patient shape. In addition, it 
consists of a homogeneous material with a density similar to that 
of water and does not account for patient anatomy heterogeneities 
such as lung and bone. Finally, it fails to account for tube current 
modulation and exposure control, both of which may affect the 
dose a patient receives. As a result of these flaws, among oth-
ers, much work has been put into the creation of new metrics 
that might better determine patient dose. Interested readers are 
referred to the TG 111 (American Association of Physicists in 
Medicine 2010) for more information.

While the DLP of a scan can be derived with the aforemen-
tioned calculation, it can also be measured directly with the CT 

FIGURE 37.1 The RaySafe XI CT detector shown here is just one example 
of a pencil chamber suitable for measuring the CTDI100 (computed tomog-
raphy dose index measured with a 100 mm long pencil ion chamber) of a 
scanner. The active volume is enclosed within the black cylinder.
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scanner operating in cine mode. With this setup, it is possible to 
calculate the CTDI from the DLP using the following equation:

 
CTDI

DLP
Total beam collimation

= .
 

TDI measurements can be a laborious process and so are typi-
cally carried out by the physicist on an annual basis. TG 66 rec-
ommends a tolerance of within 20% of what the manufacturer 
specifies for the machine. This is important because it means 
there is not a universal standard for the amount of dose to expect 
from a CTDI measurement. To measure CTDI, a CTDI phantom 
is typically used. A CTDI phantom usually either consists of two 
separate cylindrical phantoms, as shown in Figure 37.2, or as 
one phantom with a removable inner layer. As can be seen in 
the figure, there are typically at least five holes in the phantom 
into which an ion chamber can be inserted, four in the periphery, 
and one in the center. The purpose of having two separate phan-
toms with different diameters (or one phantom with a smaller 
removable mid-section) is to be able to measure CTDI for both 
an approximate patient head with the smaller cylinder and an 
approximate patient body with the large cylinder. The procedure 
to record the CTDI of a CT scanner is laid out as follows:

 1. Align the CTDI head phantom with the room lasers 
to center it in the scanner bore. Ensure that peripheral 
holes are aligned vertically and horizontally, as shown 
in Figure 37.3, and tape down the phantom to ensure no 
further rotation.

 2. Slide the couch into the gantry and align the phantom 
longitudinally with the gantry lasers so that the lasers 
bisect the phantom into two equal halves.

 3. Slide the pencil chamber into one of the holes on the 
CTDI phantom. At this point, the other holes should 
be plugged with acrylic cylinders. Connect the ion 
chamber to an electrometer or other device capable 

of providing both a bias to and a reading from the ion 
chamber. If one wishes measure the DLP directly, there 
are commercially available units for that. One such unit 
is the UNFORS detector and base unit set, shown in 
Figure 37.4, which consists of a 10 cm pencil cham-
ber with a built-in bias connected to a read-out unit 
that can directly display the DLP of a scan following 
measurement.

 4. Turn on the measurement system and select the scan 
protocol you wish to run on the CT unit. Two different 
protocols should be used to record the CTDI for both 
the head and the body phantom.

FIGURE 37.2 Two cylindrical computed tomography dose index (CTDI) 
phantoms. The larger phantom on the left could be used for CTDI body 
measurements, while the smaller phantom on the right is suitable for CTDI 
head measurements. Both cylinders have a height of 10 cm to allow for the 
measurement of CTDI100.

FIGURE 37.3 Chamber setup to measure the computed tomography dose 
index (CTDI) using the head phantom. The ion chamber is inserted into the 
central hole.

FIGURE 37.4 Set of UNFORS equipment. The base measurement unit is 
at the bottom left of the case. A pencil chamber is at the top, and the white 
rectangle in the middle is used to measure various dosimetric quantities.
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 5. Perform the desired scan three times and collect the 
results each time. The average of these results can then 
be used to calculate the CTDI using the equations dis-
cussed earlier in this section. For example, if your read-
ing is the DLP, you would simply divide this by your 
collimation to obtain a CTDI reading.

 6. Repeat step 5 with the four other possible positions of 
the ion chamber within the phantom, making sure to fill 
in the rest of the position with acrylic plugs each time.

 7. The manufacturer may provide expected CTDI results 
for these points, in which case a direct comparison can 
then be made. The results should also be evaluated 
against the results of previous years to see if a trend 
can be observed. The readings from all of the periph-
eral measurements can also be averaged and then can 
be added in the weighted sum shown earlier to obtain 
the CTDIw. This value can additionally be compared 
against the results of previous years, as well as the man-
ufacturer’s prediction. In addition, many CT consoles 
will also display a prediction of the CTDI. In these 
circumstances, this prediction can also be evaluated 
against the measured results.

 8. Take down the head phantom and repeat steps 1–7 
with the body phantom. For both the head and body 
phantom, the CTDI results should be within 20% of the 
manufacturer specifications.

Figure 37.5 shows an example of a table one might use to com-
pile and analyze the results of a CTDI measurement for QA if one 
is calculating the CTDI from a direct measurement of the DLP. 

It is also important to note that, while CTDI should be measured 
for both diagnostic and therapeutic scanners, attention is paid to 
reducing the dose to the patient as much as possible in the diag-
nostic setting. This is especially true with pediatric patients (Pages 
et al. 2014), where large efforts such as the “image gently” cam-
paign are underway to ensure that these patients do not receive 
more dose than is strictly necessary from imaging procedures 
(Paolicchi et al. 2014). Through a careful selection of scan param-
eters, the CTDI can be reduced (Klink et al. 2014). If the scanner 
in question makes use of such CTDI-reduced protocols clinically, 
these should also be evaluated whenever CTDI QA is performed.

Finally, it is important to note that, while CTDI is typically 
measured with an ion chamber, historically thermolumines-
cent dosimeters (TLDs) have been used as well (American 
Association of Physicists in Medicine 1993, Groves et al. 2004). 
Due to the increased complexity of the measurement procedure 
with TLDs, this practice has fallen out of favor.

The CTDI is still widely used in CT quality control programs. 
However, as mentioned earlier, CTDIvol, which is measured 
on a polymethyl methacrylate cylindrical phantom of a speci-
fied size (either 16 cm or 32 cm in diameter), does not represent 
patient dose. Actual patient dose depends on patient size, attenu-
ation, and CT scanner output, which can be very different to the 
CTDIvol. Recently, the AAPM Report 204 introduced the con-
cept of a size-specific dose estimate (SSDE). The SSDE is cal-
culated as the product of a size-dependent conversion factor and 
CTDIvol. This provides a simple estimate of mean patient dose 
from a CT scan at the center of the scan range, while considering 
patient size and attenuation, together with the available measure 
of CTDIvol. In AAPM report 204, the SSDE method has been 
evaluated for adult and pediatric CT scans of the torso. Patient 

Spec: +/–20% Collimation 16×2.5

CTDI
head Chamber length 10 cm Slice thickness 4 cm

Position DLP Readings (mGy-cm) Measured MFRG Spec.

Reading 1 Reading 2 Reading 3 Avg. CTDI100(mGy) CTDI100(mGy) %  Diff

Center

12

3

6

9

Periferal CTDI average = mGy

SatisfactoryCentral CTDI = mGy
Measured CTDIVol = (1/3 CTDI central +

2/3CTDI periphery) = mGy

Scanner Console CTDI vol mGy

MFRG Suggested CTDI vol mGy

Ratios Meas/Console

Ratio Meas/MFRG

FIGURE 37.5 Tabulated example of a QA form that might be used to calculate the CTDI of CT scanner.
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size descriptors were also proposed in the AAPM report 204, 
which include the length of the anterior–posterior dimension, 
lateral dimension, circumference of the patient, and effective 
diameter of the patient. However, the SSDE values discussed in 
this report are based on CTDIvol only. The SSDE corresponds to 
tissue doses, not air kerma or other qualities. Thus, the f-factor, 
air kerma to tissue dose correction values should explicitly be a 
part of the SSDE metric when using it for QA. While the tradi-
tional QA procedure is mainly based on CTDIvol measurement on 
either a 16 or 32 cm cylindrical phantom, for SSDE related dose 
estimation, CT measurements can be performed on different 
classes of CT phantoms, for example, the phantoms reported in 
AAPM task-group report 200 and those measurement protocols 
recommended in AAPM task group report 111. Despite this, the 
main considerations should remain focused on the consistency 
and reproducibility of CT scanner output.

37.5  Beam Quality and Other Metrics 
Affecting Dosimetry

This section discusses the QA necessary for measuring the kVp, 
HVL, exposure reproducibility and accuracy, radiation profile, 
and timer accuracy of a CT scanner. All of these (with the excep-
tion of the radiation profile) are classified by TG 66 as X-ray 
generator tests and it recommends they be performed annually 
or following a major repair or upgrade of the CT simulator. This 
does not, however, preclude the option to test it more often, for 
example on an annual basis, if the physicist feels that this is war-
ranted or if these values have been found to have a tendency to 
drift for a particular machine. On the other hand, a significant 
change in the kVp or HVL of a machine can usually be detected 
through changes to the CTDI. Typically, these tests required that 
the gantry be stationary while the QA is carried out. For most CT 
simulators, this is not available via the normal operating interface 
and a “service mode” must instead be engaged. In some cases, 
this may require manufacturer assistance, which motivates many 
clinics to evaluate these metrics only when deemed absolutely 
necessary. The procedure for measuring the kVp is as follows.

 1. Align your measurement device to the gantry lasers, 
making sure that its longer edge is running parallel to 
the gantry laser defining the axial imaging plane, as 
shown in Figure 37.6.

 2. Make sure the gantry is operating in static mode with 
the X-ray tubes stationed at a 12 o’clock position.

 3. Select the first kVp setting you wish to evaluate and 
expose your detector until it is able to get a reading. 
(Typically a one second exposure will suffice). Repeat 
this step twice more until three readings are obtained.

 4. Repeat step 3 for two more kVp settings.

Once you have collected all your results, you may compare 
the measured kVp to kVp you manually programmed into the 
scanner. TG 66 suggests a ±2kVp tolerance, whereas the IAEA 
suggests a threshold ±5%. Both of these are purely recommen-
dations, and it is the duty of the physicist to choose which toler-
ance, if either, to apply.

The setup for testing timer accuracy is the same as for evaluat-
ing the kVp. The main difference is that now the parameter you 
are altering is the scan time, and the kVp is kept constant. Again, 
three readings of the scan time the measurement device detects 
should be averaged for each of three scan time settings and these 
averages compared with the value programmed into the scanner. 
Constraints for this test should be obtained from the manufac-
turer and are typically given as percentages.

The HVL of CT scanner is given in mm Al, and tolerance 
is typically provided by the manufacturer. If the manufacturer 
does not define limits, then AAPM Report 25 (Lin et al. 1988) 
provides recommendations for the minimum values of the HVL 
at different kVp. For example, a HVL of at least 3.2 mm Al is 
expected for a scanner operating at 120 kVp. There is more than 
one method for measuring the HVL of a scanner (Kruger et al. 
2000), however it can be performed as follows:

 1. Set up your measurement device as was done for the 
kVp and timer accuracy tests.

 2. Add a vertical stand designed to hold aluminum fil-
ters above the detector so that when the scanner is 
turned on, the filters would intercept the beam before it 
reached the detector. The setup is shown in Figure 37.7.

 3. Expose the detector with no filter in place and record 
the dose.

 4. Place a thin layer of aluminum on top of the stand and 
then exposure the detector again, recording the result-
ing measurement. Repeat this process, adding another 
layer to the aluminum filter each time until the HVL 
measurement is exceeded.

 5. Normalize your graph with your readings on the y-axis 
and the mm Al present on the x-axis. Then, fit an expo-
nential decay curve to your data. Your curve should be 
in the format of y = ae−µx, where µ is the linear attenu-
ation co-efficient in mm−1 of the material.

 6. Using the fitted linear attenuation co-efficient, calcu-
late the HVL in mm Al of the scanner. The HVL and 
linear attenuation co-efficient are related by the simple 
equation, HVL = ln(2)/µ.

FIGURE 37.6 Setup to measure the half-value layer (HVL) of the scanner. 
Gantry lasers transect the device.
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Exposure linearity and reproducibility are measured with the 
same setup as measuring the kVp. For this QA, kVp and scan 
time are kept constant while the mA is set to a different pre-
defined value for each reading. The detector is then exposed for 
each mA setting and the total dose detected is recorded. For each 
measurement, a dose per unit mA can be calculated and an aver-
age taken between all results. The maximum deviation of any 
of these readings from the mean can then be calculated by the 
following formula:
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The max deviation for any reading should be less than 0.05, as 
specified by TG 66. For detectors measuring exposure instead of 
dose, the same methodology and equation can still be applied, 
except with mA/mR replacing mA/mGy. This test should be 
repeated for every kVp used clinically. To test the reproducibility, 
simply take a number of scans with identical settings and analyze 
the variation of your results. For this test, tolerances are typically 
provided by the manufacturer.

The radiation profile width concerns the radiation emitted by 
the scanner (Sorenson 1979). This distinguishes it from the sen-
sitivity profile width, discussed in Section 37.11, which is related 
to the radiation detected by the scanner. If the radiation profile 
width is out of tolerance, this may also be detected in CTDI mea-
surements and so some clinics choose not to perform QA on the 
radiation profile unless the CTDI results indicate the necessity 
to do so. Tolerances are typically provided by the manufacturer. 
This test can be carried out by placing a sheet of X-ray film at 
the gantry isocenter and then exposing it with a pre-defined col-
limator setting with the gantry held at 12 o’clock for the duration 
of the exposure. The section of the film that is exposed will typi-
cally darken,and then the width (given by the full width at half 
maximum, FWHM) can be measured using either a ruler or by 
scanning the film and using digital calipers. This should be done 
for the full range of collimator settings used clinically.

37.6 Shielding Survey

Following installation of a CT scanner, before it can be used 
clinically, the first step in the commissioning process is to verify 
that adequate shielding is in place. This is typically performed 
by measuring the instantaneous exposure rate (mR/h) with 
a survey meter at various points in the rooms neighboring the 
scanning room while the scanner is on. A solid water phantom 
should be placed in the center of the scanner while this is being 
conducted to simulate more realistic scatter conditions for when 
the machine is being used on patients. Measurements should 
also be conducted on the rooms directly above and below (unless 
the scanner is located on the lowest level of the building). To 
convert from exposure to calculate the instantaneous dose rate 
we use the approximation, 1 mR = 0.01 mGy. We can also use 
the knowledge that there are 0.00028 hours per second to derive 
the instantaneous dose rate in mGy/h. We can then calculate the 
weekly workload using:
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Before we can compare the measured weekly workload to our 
limits, we need to multiply our results by the occupancy factor. 
The occupancy factor is a metric to describe what portion of a 
day a person is likely to spend in a given location. For example, 
the console area where the simulation therapists work has an 
occupancy factor of one as it is not uncommon for the same ther-
apists to be working there for the entire day, whereas a corridor 
might have an occupancy of 1/8 as people are unlikely to spend 
an extended amount of time there. A list of recommended occu-
pancy factors for different types of rooms can be found in NCRP 
151. Once we have finished this multiplication, we can then com-
pare our final calculated weekly dose rate for each location we 
measured against our desired limits. As mentioned earlier, these 
would typically be 0.1 mGy/wk for a controlled area and 0.02 
mGy/wk for an uncontrolled area (Marx 1995). If this QA fails, 
the room should not be released for further testing or clinical use 
until the shielding has been increased to levels high enough to 
sufficiently attenuate the radiation produced by the scanner.

37.7 Mechanical Tests

Mechanical QA for CT primarily concerns the table and the 
lasers used for patient setup and localization. The QA for these 
devices is discussed in Sections 37.8 and 37.9, respectively. It is 
also important to note that the gantry lasers and room lasers are 
two separate (but related) systems and so both should be evalu-
ated independently. In addition, some CT gantries are capable 
of tilting. If this technology is being utilized in the clinic, then 
gantry tilt must be tested as well, and this is also touched upon 

FIGURE 37.7 Setup to measure the half-value layer (HVL) of the scanner. 
Thin layers of aluminum (Al) are placed on top of the stand.
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in Section 37.9. In addition to individual laser and couch QA, QA 
may be performed on both systems working in conjunction in an 
end-to-end test, also known as the isocenter determination test. 
The procedure for this is detailed in Section 37.10. This test is 
not typically found in QA of purely diagnostic machines but is 
critical in ensuring the capabilities of scanners used to generate 
therapeutic treatment plans. In this case, the patient will eventu-
ally be set up on the treatment machine in a location defined by 
co-ordinates first set during the simulation process. Similarly, 
laser and couch position tests are especially important for CT 
scanners used for therapy and, while these quantities should also 
be tested on diagnostic machines, the recommended tolerances 
are typically looser. The QA necessary to measure the sensitivity 
profile width can be found in Section 37.11. All mechanical tests 
mentioned here represent quantities either easier to measure or 
more subject to change than the majority of safety tests discussed 
earlier in this chapter, and so are typically carried out on a more 
routine basis, that is, daily or monthly. Again, while recommen-
dations exist in the literature, it is up to the physicist to correctly 
apply those recommendations to the specific needs of their own 
clinic. Finally, while not technically a mechanical test, if the CT 
scanner is being used to simulate patients for radiation therapy, 
the accuracy of the data transfer from the scanner console to the 
treatment planning system should be verified. This is described 
in Section 37.12.

37.8 Table and Gantry QA

Any direction a CT couch is capable of moving in must undergo 
QA. For a typical CT unit, this consists of both the vertical and 
longitudinal (in and out of the scanner) directions. TG 66 recom-
mends this be tested monthly with a ±1 mm constraint, however 
this may be somewhat looser for diagnostic scanners with the 
additional potential for less frequent testing. QA should be car-
ried out over the full range of motion with a solid water or a 
heavy phantom placed on the couch to simulate a real patient. 
The procedure for a monthly test can be summarized as follows. 
For an annual QA, the same procedure may be used, however 
the physicist may choose to test the couch motion over a greater 
number of distance increments.

 1. To test the longitudinal motion accuracy, align a 1 m 
ruler, as shown in Figure 37.8, so that the length of it 
runs parallel to the longitudinal overhead room laser. 
Have the 0 cm mark on the ruler transecting the axial 
overhead room laser.

 2. Move the couch a predefined distance into the gantry 
and compare the change in electronic position with the 
change in physical position, as shown by the ruler. For 
example, if the couch has been moved 500 mm, the 
axial overhead laser should transect the ruler at the 
50 cm mark.

 3. To test the vertical motion accuracy, tape the 1 m 
ruler to the side of the table, as shown in Figure 37.9, 
and align it so that its long axis is vertical. Have one 
of the horizontal room lasers bisect the 0 cm mark on 
the ruler.

 4. Move the couch a predefined distance vertically 
upwards and compare the change in electronic posi-
tion with the change in physical position, as shown by 
the ruler. For example, if the couch has been moved up 
200 mm, the axial overhead laser should transect the 
ruler at the 20 cm mark.

Physicists may also want to perform QA to ensure the couch 
is level and not greatly impacted by sag. TG 66 recommends 
this also be performed monthly, however if a physicist discovers 
this value to be relatively stable over time, they might choose to 
perform it less frequently. The recommended sag tolerance for 
linear accelerators is 2 mm (Klein et al. 2009) and, as one of the 
goals of a CT scan for a radiation therapy patient is to have them 
scanned in the same orientation as they will be treated, the same 
tolerance may be applied to the CT simulation. To check that the 
couch is level with respect to the imaging plane and measure the 
sag, the following steps can be used:

FIGURE 37.8 Setup to measure the table accuracy in the longitudinal 
direction.

FIGURE 37.9 Setup to measure the table accuracy in the vertical direction.
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 1. Distribute about 150 lbs of weight along the top of the 
CT couch and place a laser QA device (shown in Figure 
37.10) at the head of the couch.

 2. Align the QA device longitudinally with the imaging 
plane and take a scan so that a particular landmark on 
the device (for example, there is a hole in the center 
of the laser QA device in Figure 37.10) can be readily 
identified. The position of this should be noted using 
the CT scanning software.

 3. Move the QA device to the foot of the table and repeat 
step 2, making sure to record the position of the same 
landmark used in the first scan.

 4. Compare the positions of the landmark between the 
two scans. It should not differ by more than 2 mm in 
a vertical direction. The QA device shown in Figure 
37.10 can also be used to evaluate the roll of the couch 
by checking the difference in vertical position between 
landmarks on the two lateral blocks in both images. 
Again, this difference should be less than 2 mm.

Most CT scanners have gantries that are able to tilt with respect to 
the couch. While this may be used more often for diagnostic scans 
than for scanners used as part of the therapeutic workflow, this must 
undergo QA for scanners used for either purpose. TG 66 recommends 
that this test be performed annually with a 1° tolerance, however the 
frequency will depend on whether the scanner is routinely utilizing 
its capability. If the scanner is rarely rotated (as may be the case for 
a dedicated scanner for therapy), the physicist might elect to perform 
QA at a lower frequency. The QA itself is relatively simple. Simply 
tape a piece of X-ray film vertically along the side of a block of solid 
water and align the film so that it is orthogonal to the imaging plane 
and the gantry lasers exactly bisect it. Take a scan consisting of a 
single slice, then rotate the gantry to a known angle and take a single 
slice scan again. Once the film is processed, a protractor can then be 
used to measure the angle between the irradiated strips, which may 
then be compared with the programmed angle. If desired, this can be 
repeated for multiple angles.

37.9 Laser QA

Laser QA concerns not only the positional accuracy of the 
lasers but also their relation to the imaging plane. Given the 
critical role lasers play in localizing the patient in CT scan-
ners used in radiation therapy departments, TG 66 recommends 
laser QA be performed on a monthly or daily basis (depend-
ing on the specific test) and gives a tolerance of 2 mm for all 
tests. For CTs used only for diagnosis, this tolerance may be too 
tight whereas radiation oncology departments that make heavy 
use of stereotactic body radiation therapy may wish to obtain 
tighter tolerances.

TG 66 recommends that the co-incidence of the gantry laser 
with the imaging plane be tested daily, however the necessity 
of this frequency for departments that do not typically align 
patients to the gantry lasers may be evaluated by the physicist. 
This test is simple to carry out provided one has a QA device 
which contains a longitudinally narrow axial section with a dis-
tinct pattern that will show up on a scan. For example, the phan-
tom shown in Figure 37.10 displays an inverted T at its center. 
The device should be aligned so that the gantry lasers transect 
the section of interest in the phantom, and then a single slice 
image can be taken. If the expected pattern can be detected, 
then the lasers are aligned correctly. While TG 66 recommends 
an alignment test daily for the gantry lasers, it only recommends 
their orientation be tested monthly. Again, clinics may modify 
how often they do this up or down depending on their reliance 
on the gantry lasers. The same steps should be followed as for 
the alignment test, making sure both the horizontal and vertical 
gantry lasers exactly bisect the laser QA device. To check align-
ment, however, the person performing QA needs to go a step 
further and record the co-ordinates of the center of the device 
on the planar image using the scanning software. If they are 
closer to the origin than the given tolerance, then the scanner 
passes this QA.

The QA for the positional accuracy of the room lasers, both 
overhead and wall, is very similar to the QA for the couch posi-
tion accuracy. QA of the wall lasers follows the exact same 
setup described in step 3 of the table QA procedure in Section 
37.8. Then, program the lasers to move down a pre-defined dis-
tance and compare that distance with the reading on the ruler. 
This should be done with both the left and the right laser. To 
test the overhead laser, align a ruler along the axial overhead 
laser ensuring the sagittal laser transects a known position on the 
ruler. Then shift the overhead sagittal laser laterally by a known 
amount, and ensure the same shift can be read on the ruler. This 
can also be performed with the laser QA device if the blocks are 
separated by a known distance. To ensure the sagittal overhead 
laser is not rotated with respect to the couch, move the couch 
with the laser QA device attached along the range of the laser. 
The laser should always bisect the device. Finally, there should 
be a defined distance between the axial overhead laser and gan-
try laser for every CT scanner. This can be evaluated by aligning 
the laser QA device or ruler mark to the gantry lasers, zeroing the 
couch co-ordinates, then moving the couch so that the measure-
ment implement aligns with the axial overhead laser. The digital 
display on the couch position should now match the expected 
separation distance within tolerance.

FIGURE 37.10 Quality assurance (QA) phantom. The crosses on the out-
side can be used for laser QA, while its internal construction can be used to 
check couch sag on a scan.
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37.10 Isocenter Determination

For a scanner used in a therapeutic department, the isocen-
ter determination, or tumor localization, test provides a via-
ble method of checking the “end-to-end” performance of the 
machine. TG 66, the ACR, and the IAEA do not provide a rec-
ommended frequency or tolerance, so this is something that must 
be left at the discretion of the physicist. In addition, it should be 
noted that not all scanners have a commercially available soft-
ware capable of performing this test. The procedure can be sum-
marized as follows.

 1. Set up a phantom or solid water block on the patient 
couch, then tape a piece of wire, paperclip, or simi-
lar marker that will show up on a scan, to the edge of 
the device. An example of what this might look like is 
shown in Figure 37.11.

 2. Scan the phantom using a protocol with parameters that 
are clinically applicable.

 3. Load the resulting scan into the localization software of 
your scanner and identify the tip of the marker extend-
ing beyond the block. Set this point as the “isocenter.”

 4. Record the laser co-ordinates and couch co-ordinates 
that the software associated with the labelled isocenter. 
Then, without touching the phantom, move the couch 
and the lasers to the positions indicated by the software.

 5. The sagittal and wall lasers should now intersect at the 
tip of the marker (the location you labeled isocenter in 
the scan).

37.11 Sensitivity Profile Width

The expected sensitivity profile width (Rodney and Giovanni 
1977) is a quantity provided by the manufacturer of the scan-
ner and not necessarily identical to the slice thickness chosen by 
the operator of the scanner. As such, while TG 66 recommends 
a 1 mm tolerance, the physicist must consult the manufacturer 
guidance documents to determine a baseline. The recommended 
frequency for this test is semi-annual; however, it can often be 
performed with the same manufacturer-provided phantom used 
for the image quality tests discussed in the next section, which 
are typically conducted more frequently. If the clinic owns such 
a phantom, the sensitivity profile width QA can be performed at 
the same time as the image quality QA with little extra effort.

With a manufacturer provided phantom, this test can be con-
ducted simply by scanning that phantom with a known slice 
thickness. The resulting images can then be analyzed using the 
CT software, however the method of analysis will depend on 
the nature of the phantom. Some phantoms contain 45 degree 
ramps which reflect the incoming X-rays so that a solid line with 
a width equal to the slice width is projected onto the axial image 
(Judy et al. 1977). The width of this line can then be measured 
within the software. Alternatively, some phantoms will display 
a series of horizontal lines on axial images, with the number of 
lines appearing on a single slice relating to the slice thickness. In 
this case, the correlation between number of lines seen and slice 
thickness must be provided by the QA device manufacturer. This 
test should be performed over the range of slice thicknesses used 
in the clinic.

37.12 Data Transfer Tests

To verify the accuracy and integrity of data transfer from the 
scanner console, a phantom with a known orientation and local-
ization point should be scanned. The phantom shown in Figure 
37.11a is one example of what a suitable phantom could look like. 
Notably, it displays sagittal, coronal, and axial asymmetry as 
well as having a clearly identifiable point co-ordinate at the end 
of the paper clip for localization. Once the scan is completed, 
the co-ordinates of the localization point on the scanner con-
sole should be recorded as well as the orientation verified. For 
example, if the phantom is scanned head-first supine, the images 
displayed should also show the phantom in the same orientation. 
Following this, the scan should be imported into the treatment 
planning system (TPS). Once it has been loaded in the TPS 

(b)

(a)

FIGURE 37.11 Phantom for tumor localization quality assurance. The par-
ticulars of the shape are not important but the key point is that it is not sym-
metrical in any direction. This allows us to check that the axes of our scan 
software have not been flipped. The paperclip extending beyond the phantom 
is what we localize to. (a) Shows a view of the entire phantom whereas in (b) 
the paperclip being used for tumor localization can be more clearly visualized.
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workspace, the orientation should be verified to match that of the 
original scan. Particular care should be taken to verify that none 
of the axes have “flipped.” If this is satisfactory, the localization 
point should be found in the TPS and the co-ordinates recorded. 
The co-ordinates should match exactly with those found on the 
scanner console (minus potential rounding errors) and any dis-
agreement, even sub-millimeter, should be investigated to ensure 
the accuracy of data transfer. In addition, it might be a useful 
exercise to repeat this process for a number of different scan ori-
entations of the phantom to verify that this does not introduce 
any additional errors.

Finally, the spatial integrity of the data transfer process should 
be evaluated. For this, an object of a known diameter, or two 
objects separated by a known distance, should be scanned. 
Following this, the scan images should be transferred to the 
TPS. Here, the reference distance should be verified using the 
tools provided by the TPS. If it does not agree with the known 
distance, the source of this discrepancy should be investigated. 
While during the normal clinical work the accuracy of data trans-
fer is unlikely to drift or suddenly change, it is essential to verify 
the integrity of the transfer process whenever modifications or 
updates are made to either the scanner software or the TPS.

37.13 Image Quality Tests

Image quality QA is important for both diagnostic scanners, 
where image artifacts and distortions can lead to an incorrect 
diagnosis and subsequent mistreatment, and CT simulators used 
in therapy, where good image quality is critical for both dosim-
etry and target identification. There are now phantoms available 
on the market capable of performing the majority of image qual-
ity tests in a single scan (Digitally Reconstructed Radiographs 
[DRRs]). The “Catphan,” which is an example of one these 
phantoms, is shown in Figure 37.12. All image quality tests that 
can be performed with this, or a similar QA device, are dis-
cussed in Sections 37.14 through 37.16. Section 37.17 discusses 

the QA to establish and check the electron density to CT number 
conversion, which is critical for radiation therapy as this allows 
for a prediction of how radiation will be deposited within the 
patient.

37.14 Image Resolution QA

For CT QA, we need to test both the low contrast and high con-
trast (also known as spatial) resolution of the scanner. High con-
trast resolution concerns the ability of the scanner to resolve two 
distinct high contrast objects from each other, while low con-
trast resolution refers to the ability of the scanner to distinguish 
between two different objects (or one object against a back-
ground) of contrast difference less than 12% (Curry et al. 1990). 
While TG 66 only recommends these be checked annually, the 
tests for both forms of resolution are both fast and easy to per-
form as they can both be evaluated on a single scan of a multi-
layered QA device such as the Catphan.

To evaluate the resolution of the scanner, the procedure is to 
scan the QA device with a predefined set of parameters. While 
the particular values these parameters take is not critical, they 
should be similar to what is used clinically and, most impor-
tantly, they should be identical every time this QA is performed 
to allow a meaningful comparison of the most recent results with 
what has been obtained historically. The manufacturer may also 
suggest QA scan parameters and tolerances, in which case these 
may be used. When the scan of the phantom is complete, the 
user must then locate the axial slice containing the spatial resolu-
tion test. This slice of the phantom typically contains a series of 
high contrast lines or dots separated by different distances. An 
example of what this might look like is shown in Figure 37.13. 
The high contrast resolution of the scanner can be characterized 
either by visual inspection techniques or through calculation of 

FIGURE 37.12 Catphan phantom, which can be used for a variety of image 
quality tests. It is typically set up so that it rests on the end of the box that it 
comes in, parallel to the table top.

FIGURE 37.13 High contrast resolution image quality test. Here, resolu-
tion is determined by the number of rows where five distinct circles can be 
distinguished.
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the modulation transfer function (MTF). To evaluate the high 
contrast resolution on the example slice shown in Figure 37.13 
through visual inspection, the number of rows in which all of the 
dots can be distinctly resolved should be recorded and checked 
for any drift in this number from baselines. Other phantoms 
may employ a “bar pattern” to allow the operator to evaluate 
the spatial resolution. In this pattern, a small number of lines 
(usually four or five) lie parallel to each other with a predefined 
separation. This pattern is then repeated with a series of differ-
ent distances between the lines. Each of these individual bars of 
lines has a spatial resolution associated with it, which is typi-
cally given the units line pairs per cm. The line pairs with the 
smallest separation that are distinguishable to the operator as 
separate lines characterize the spatial resolution of the scanner. 
Visual inspection methods are intrinsically subjective, and so, 
to ensure a level of consistency between readings, the operator 
should ensure that the same scan protocol and same window and 
leveling are used every time this test is performed.

Alternatively, some scanners will have a built-in function 
to allow the operator to calculate the MTF of a thin cylinder, 
wire, or bead contained within a phantom; the result of which 
can be used as a metric of the spatial resolution (Judy 1976, 
Bentzen 1983). The MTF exists in the frequency domain and 
so, to obtain its characteristics, the scanner software must first 
carry out a Fourier transform. Once this is done, the MTF can 
be plotted against the spatial frequency and the relationship can 
be evaluated. It is often helpful to extract representative values 
from the graph for quantitative analysis, such as the frequen-
cies corresponding to the MTF at 50% and 10%. This tech-
nique has the advantage of objectivity. The MTF can also be 
extracted from the bar pattern if the scanner software allows. 
In this method, regions of interest (ROIs) are drawn over each 
group of lines, which the software then uses to calculate the 
modulation as a function of frequency. Even though the MTF 
provides a level of objectivity to high contrast resolution QA, it 
is not without limitations. The MTF is a linear shift-invariant 
(LSI) metric, however a CT scan itself is not necessarily LSI. 
Modern reconstruction methods are frequently non-linear, 
which results in the spatial resolution and image noise having 
different relationships with dose. This complicates the use of 
the MTF as the basic assumptions that it relies upon are no 
longer valid (Pelc 2014).

To determine low contrast resolution, a separate slice contain-
ing a series of objects with a low contrast (<12%) difference from 
the background medium should be found. These objects will typ-
ically have different levels of contrast, and the result for this test 
can be determined based on the minimum contrast object that 
the human eye can detect on the scanner interface. An example 
of what these objects might look like on a scan is shown in Figure 
37.14. For diagnostic CT scanners, physicists may find it helpful 
to use the ACR CTAP phantom. It operates in a similar manner 
to the Catphan for low contrast resolution QA in that there is a 
slice within it containing a series of low contrast objects. The 
physicist should analyze this slice to extract the lowest contrast 
and smallest object that they are able to detect. For a more quan-
titative analysis, a ROI can be drawn over the largest target in the 
slice and the contrast to noise (CNR) ratio recorded. The ACR 
recommends recording the CNR ratio of scans for the adult head, 
pediatric head, adult abdomen, and pediatric abdomen. These 

values should be at least 1.0 for each of the scan types, except for 
pediatric abdomen, which should be at least 0.5.

37.15  Uniformity, Noise, and Spatial Integrity QA

Noise is a measure of the random variations in pixel intensities, 
while uniformity is a test of systematic changes in the values of 
the pixels in different regions of a uniform section of a phantom. 
Spatial integrity is the metric that quantifies the ability of the 
scanner to accurately measure the distance between two points. 
Both TG 66 and the ACR 2012 QC manual recommend that the 
noise be tested. TG 66 additionally stipulates that the spatial 
integrity in either the x or y direction be tested daily, while on 
a monthly basis the field uniformity and the spatial integrity in 
both x and y be evaluated. For spatial integrity, the recommended 
tolerance is ±1 mm, for field uniformity it is ±5 HU, while the 
tolerance for noise is typically provided by the manufacturer.

As with the other image quality tests we’ve described in this 
section, uniformity, noise, and spatial integrity can all typically 
be evaluated on the same phantom with a single scan. To evaluate 
the noise and uniformity, one then finds a homogeneous region 
within the phantom, such as that shown in Figure 37.15, and 
draws a ROI using the scanner tools. Noise can be quantified as 
the standard deviation of the pixel intensity in that region. While 
for TG 66 it is acceptable to quantify noise for only helical scan 
mode, the ACR advises that noise should be evaluated for both a 
helical scan and an axial scan daily. To determine the uniformity, 
more ROIs must be drawn, adopting a pattern to test a series of 
areas representative of different regions within the phantom. The 
pattern shown in Figure 37.15 is only one example of a suitable 
sampling. The uniformity can then be computed as the maxi-
mum difference in the mean HU between any of these regions. 

FIGURE 37.14 Low contrast resolution image quality test. Here, resolu-
tion is determined by the number of white circles that can be distinguished 
from the background within the larger gray circle.
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Finally, to test spatial integrity, two objects in the phantom that 
are separated by a known distance must be located. The scanner 
interface can then be used to measure this distance and confirm 
its accuracy. Automated techniques for measuring image noise 
also exist, such as the algorithm developed by Christianson et al. 
(2015). It is possible that, in the future, these will gain increased 
commercial viability and so streamline the QA process.

37.16 CT Number Accuracy

The CT number is also known as the Hounsfield unit and so is 
typically described in units of HU. It is recommended that CT 
number accuracy be evaluated on a daily, weekly, and monthly 
basis, however the intensity of the test differs depending on the 
frequency. For example, on a daily basis, the ACR 2012 CT QC 
manual suggests that it is sufficient to verify that the CT num-
ber of water is correct to within 5 HU. For this, a solid water 
phantom is a suitable QA tool; however, the ACR also has a 
CT phantom suitable for this test. If the ACR phantom is used, 
the ACR sets an absolute upper limit on the daily tolerance of 
7 HU. The reason for this frequency is that the test for the CT 
number accuracy of water has been found to have a higher fail-
ure rate as well as potentially serious consequences for failure 
(McCollough and Zink 1995). The ACR recommends that cor-
rective action should be taken if this QA fails three days in a 
row or more than three times in a week. On a monthly basis, TG 
66 extends this test to checking the HU of four to five differ-
ent materials, while on an annual basis, a purpose-built electron 
density phantom should be used to evaluate a larger range of 
materials. TG 66 does not recommend specific tolerances for the 
monthly and annual tests so manufacturer guidance documents 
should be consulted. Alternatively, NCRP Report No. 99 (NCRP 
Report No. 99, 1988) can be consulted for a list of recommended 
tolerances for different materials. The QA itself is simple: first, 
the phantom being used (this will usually vary between daily, 

monthly, and annual tests) should be scanned using clinically 
relevant parameters, and then ROIs should be drawn on using 
the scanner interface over regions corresponding to known HU. 
Then, the HU calculated by the scanning software can be com-
pared against the known values to ensure the scanner is per-
forming according to specifications.

37.17  Electron Density to CT 
Number Conversion QA

To understand how therapeutic radiation will interact within 
the body, knowledge of the electron density of all tissues in 
the path of the radiation is required. This information can be 
obtained from the HU of the tissue; however, in order to do 
this, a way to correlate these two quantities is required. The QA 
to convert HU to electron density should first be performed at 
the time of commissioning of the CT simulation, and follow-
ing that, TG 66 recommends it be verified on an annual basis. 
Furthermore, this QA should be performed for both a head scan 
and a body scan with the kVp or kVps being used clinically. The 
test itself requires a specific phantom into which tubes contain-
ing a material of a known electron density can be placed. An 
example of one of these phantoms would be the CIRS phan-
tom shown in Figure 37.16. All of the colored cylindrical tubes 
in the phantom are removable to allow for testing of multiple 
materials. The smaller inner section of the phantom may also 
be removed and used for the head scan, while the entire phan-
tom would typically be used for the body scan. Once the phan-
tom has been scanned, ROIs can be drawn over the regions 
contained within each cylinder and the HU recorded. As the 
cylinders have known electron densities, this allows a mapping 
of HU to electron densities to be achieved. It is then possible to 
plot these values, as is shown in Figure 37.17, and then establish 
lines of best fit to predict the electron densities of tissues in the 
body with HU different from those within the phantom. As the 
figure shows, this mapping is typically approximated as a curve 
containing two linear portions.

FIGURE 37.15 Uniformity and noise test. Here both are measured in at 
least five different regions of the phantom.

FIGURE 37.16 The CIRS phantom. All of the small, inserted cylinders 
contain materials of different, but known, electron densities and can be 
removed. The entire inner section can also be removed from the phantom 
for “head measurements.”
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37.18 4DCT QA

Respiratory motion is a significant source of spatial uncertainty 
in CT scans when unaccounted for. It can introduce blurring, 
target volume distortion, and incorrect positional information, 
which can affect both CT scanners used for diagnosis as well as 
radiotherapy simulation (Pan et al. 2004, Malinzak et al. 2017). 
From a diagnostic standpoint, the aforementioned artifacts can 
interfere with the image quality to the point where accurate and 
reproducible findings may no longer be feasible, while from a 
radiation therapy standpoint, an uncorrected scan with the patient 
free-breathing may result in the creation of a treatment plan that 
actually misses the target for the majority of the respiratory cycle 
(Bert et al. 2014, Blanco Kiely et al. 2015). In a four-dimensional 
CT (4DCT) scan, the scan is taken as the patient goes through 
multiple respiratory cycles, which results in a series of slices 
being collected for every part (usually 10) of a given patient’s 
cycle. 4DCT works by using phase or amplitude based binning 
algorithms to sort data collected from these sections so that a 
complete scan of the patient for every segment of their respira-
tory cycle can be obtained. This reduces the effect of respiratory 
motion by allowing us to view the patient’s anatomy during any 
chosen period of the respiratory cycle, as well as allowing us to 
observe the full range of anatomical motion due to respiration.

While neither TG 66 nor the 2012 ACR CT QC manual 
suggest tests for 4DCT QA, if 4DCT is being implemented 
clinically, verification of its accuracy is essential. To that end, 
numerous publications proposing different ways of carrying out 
this QA have been published in recent years (Block and Mewes 
2009, Hurkmans et  al. 2011, Lambrecht and Hurkmans 2016). 
Typically, QA requires a phantom capable of mimicking respi-
ratory motion as well as a method of tracking that motion that 
mimics what would be done for an actual patient. The CIRS 
dynamic thorax phantom and QUASAR respiratory motion 
phantom are just two examples among many that are suitable for 
this. For both of these phantoms, the respiratory motion tracking 
device is placed on a platform above the phantom. The platform 
itself moves in time with the respiratory trace that the person 
performing QA programs into the phantom. At the same time, an 

arm on the phantom moves a cylindrical segment in and out of 
part of the phantom resembling a thorax, thus mimicking tumor 
motion. To carry out 4DCT QA, a fiducial of a known size and 
diameter should be placed within this cylindrical segment and 
then scanned under the clinical 4DCT protocol while the seg-
ment is moving. On the resulting scan, binned either by phase 
or amplitude, the volume of the fiducial can then be calculated 
and compared to the known value. This should be checked for 
every set of binned data. In addition, the amplitude of motion can 
be extracted by comparing the fiducial positions in the bins cor-
responding to the maximum inhale and exhale of the phantom. 
This amplitude should correspond to the amplitude originally 
programmed into the phantom.

37.19 Dual Energy CT QA and Considerations

With the continued development of CT scanners, they have gained 
more and more applications in medical fields, for example, quan-
titative imaging, model-based brachytherapy dose calculation, 
treatment planning for proton therapy, and so on. For all of these 
applications, HU from CT images are converted to relative elec-
tron density for either quantitative analysis or treatment dose cal-
culation through well-established procedures. The variations in 
HU from a spectrum of CT tube voltage and the uncertainty of the 
tube calibration process are associated with the conversion of HU 
to relative electron density. In radiation oncology, a single elec-
tron density calibration curve is typically applied to all patients, 
regardless of patient size. It has been suggested that the applica-
tion of dual energy CT (DECT) in conjunction with monoener-
getic imaging can help stabilize the CT number across patient 
sizes (see Section III, Chapter 39 for a description of dual energy 
CT). Therefore, one purpose of CT QA should be to quantitatively 
evaluate, in a wide range of phantom sizes, the CT number stabil-
ity achieved using single energy CT or dual-energy CT scanners.

With the wider and wider applications of DECT in both the 
diagnostic imaging and therapeutic fields, establishing a QA pro-
cedure for DECT is necessary. The capabilities of a dual source 
(DS) scanner introduce new challenges for performance charac-
terization of the system, primarily due to its increased complex-
ity. Compared to those routine CT QA procedures introduced in 
Section 37.14 to establish high contrast and low contrast reso-
lution, the combination of two X-ray tubes requires more tests, 
including both commissioning and routine tests. For DECT 
application in proton therapy, obtaining the CT HU to stopping 
power ratio curve and routinely validating its stability might be 
necessary for the QA of CT scanners.

CTDI measurements on DECT might bring additional chal-
lenges. First, CTDI measurements must be performed using an 
axial (sequential scan mode) scan, but helical (or spiral) acquisi-
tions on a DECT scanner may not have a comparable sequen-
tial acquisition. In addition, the second X-ray tube in a DECT 
scanner cannot be operated independently of the primary X-ray 
tube. According to the recommendations from ACR, when the 
detector configuration used for clinical applications cannot be 
matched for a CTDI measurement, the configuration with the 
closest total detector collimation should be used. In addition, the 
CTDI from the secondary tube must be deduced by measuring 
the CTDI from the primary tube only and both tubes together.
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FIGURE 37.17 Plot of electron density versus CT number. These values 
were obtained from a scan of the CIRS phantom.
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In brief, the Dual Energy CT QA procedures are still evolving, 
and it is the responsibility of the medical physicist to stay abreast 
of these developments.
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38
Radiation Dose in X-ray Computed Tomography

Robert L. Dixon

38.1 Introduction

The basic pencil chamber measurement concept was introduced 
over 25 years ago by Bob Jucius and George Kambic of Ohio 
Nuclear/Technicare, and the computed tomography dose index 
(CTDI) paradigm was formally developed by a group from the 
U.S. Food and Drug Administration (FDA) (Shope et al. 1981).

Unfortunately, the CTDI paradigm is a complex concept—and 
not just a formula to be plugged, as shown in Equation 38.1 below:
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f z dz100
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(38.1)

where f(z) is the in-phantom dose distribution resulting from a 
single axial rotation; with the integral typically being directly-
acquired using a 100 mm long pencil ionization chamber.

There is nothing straightforward or obvious about it – if you 
think so, then you don’t understand it. A glossary of parameters 
has been appended for quick reference.

Its original derivation (Shope et al. 1981) involved a complex 
and tedious summation of integrals, which has only recently 
been simplified (Dixon 2003) using convolution mathematics.

This archaic formula has significant limitations with respect 
to modern computed tomography (CT) techniques such as tube 
current modulation and stationary table scans, yet the IEC 
(International Electrotechnical Commission 2009) has contin-
ued to use ad hoc “patches” in an attempt to maintain its rel-
evance. The shortcomings of this IEC CTDI “life-support” 
system will be revealed in this chapter by a rigorous treatment 
of the physics.

The best (and only) way to understand the CTDI paradigm and 
its many limitations is to derive it, as illustrated below.
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38.2  Derivation of the Dose Equations and 
the CTDI Paradigm for a Shift-Invariant 
Helical Technique Using Constant mA in 
Which No Parameters Vary with z (Constant 
Tube Current, Pitch, Aperture, etc.)

It is relatively simple to derive the equations of the CTDI paradigm 
(Dixon 2003) for the accumulated dose DL(z) on the phantom cen-
tral axis for this case. Translation of the table and phantom at veloc-
ity υ produces a constant dose rate profile on the phantom central 
axis in the form of a traveling wave f z t f z t( ) ( )− = −−υ τ υ1 , 
as depicted in Figure 38.1, where f(z) is the single-rotation (axial) 
dose profile acquired with the phantom held stationary, and τ is 
the gantry rotation period (in seconds).

The dose accumulated at a fixed value of z (depicted in Figure 
38.1) as the profile travels by is given by the time-integral of 
f z t( )− υ over the total “beam-on” time t0, namely,
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the conversion from the temporal to the spatial domain having 
been made using z′ = υt, scan length L = υt0, and a table advance 
per rotation b = υτ, resulting in the above convolution equation 
describing the total dose DL(z) accumulated at any given z-value 
during the complete scan. Π(z/L) represents a rectangular func-
tion of unit height and length L. The reader will note the long 
scatter-tails on the dose profile in Figure 38.1, such that the point 
z will begin accumulating dose long before the primary beam 
component has arrived and long after it has passed. The convolu-
tion process is depicted schematically in Figure 38.2.

The accumulated dose at the center of the scan length (−L/2, 
L/2) is easily obtained by setting z = 0 in Equation 38.2, namely,
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The above equations have likewise been shown to be valid 
(Dixon 2003) for axial scanning using the “running mean” (an 
average over z ± b/2), as well as for helical scans on the periph-
eral axes using an angular average over 2π at a fixed z.

The resemblance of Equation 38.3 to the CTDI equation is 
obvious. By setting the table increment to b = nT (a helical pitch 
p = b/nT of unity or an axial scan interval b = Δd = nT) and, by 
arbitrarily truncating the scan length to L = 100 mm, Equation 
38.3 reduces to Equation 38.1 for CTDI100. Thus CTDI100 is equal 
to the dose at the center of the scan length z = 0 for a 100 mm 
scan length for a table increment of b = Δd = nT.

A separate stand-alone equation for CTDIL is unnecessary and 
redundant, since CTDIL = pDL(0). Nonetheless, it is included 
below for future reference:
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Since CTDI100 has a different value for the central and periph-
eral phantom axes, a desire to have a single CTDI number to rep-
resent “dose” led to an approximate (“weighted average”) dose 
across the central scan plane at z = 0 (Leitz et al. 1995), namely,

 CTDI CTDI CTDIw = +( ) ( ) ( ) ( )2/3 periphery 1/3 center100 100  
(38.5)

This was later modified by the IEC to include the effect of 
“pitch” (table increment b) on dose as

 CTDI p CTDIvol w= −1

 (38.6)

where p = b/nT = Δd/nT applies to both helical and axial 
scans. The nomenclature CTDIvol is a misnomer since it does not 
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FIGURE 38.1 A traveling dose rate profile f z t f z t( ) ( )− = −−υ τ υ1  in 
the phantom reference frame is created when an axial dose profile f(z) is 
translated along the phantom central axis z by table translation at velocity 
υ, where τ is the gantry rotation period (in seconds), which has the familiar 
form of a traveling wave. (From Dixon, R. and J. Boone. 2013. Med Phys 40, 
111920 (14pp). With permission.)
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FIGURE 38.2 Schematic graphical depiction of the convolution in 
Equation 38.2. The rectangular function can be considered as the normal-
ized tube current (mA) profile.
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represent a volume average as its subscript might imply—no aver-
age having been taken over the 100 mm scan length; rather it still 
represents the planar average dose over the central scan plane (at 
z = 0) for a 100 mm scan length (its basis is still CTDI100). There 
is a misconception that CTDI100 represents the average dose over 
100 mm since it is based on a 100 mm long integral as acquired 
by a pencil ionization chamber of the same length. This is incor-
rect, as can be seen from the derivation. The CTDI paradigm is 
predictive only—predicting the accumulated dose at the center of 
the scan length which would accrue if a 100 mm long scan series 
were performed. Using the measurement of the integral of a dose 
profile over (−L/2, L/2) from a single, axial rotation, it allows one 
to “foretell” the dose which would occur at z = 0 for multiple rota-
tions evenly spaced over the same phantom length L, where each 
rotation delivers the same mAs used for the integral measurement.

It is also important to note that the divisor nT in the CTDI 
equation represents a table increment and not a beam width, thus 
the CTDI paradigm does not apply to stationary table techniques 
(Dixon and Boone 2014). For multi-detector CT (MDCT), the 
actual primary beam width a ( fwhm) at isocenter must be larger 
than nT, where nT is the active detector length as projected back 
to isocenter (a > nT is called “overbeaming”). This is required 
to keep the penumbra beyond the active detectors on either end. 
Since a > nT (by more than a factor of two for narrow beam 
widths), calling nT the “nominal beam width” is both misleading 
and non-scientific terminology. The primary beam full width at 
half maximum (fwhm) a is equal to the z-collimator aperture 
projected to isocenter.

So how does a detector length nT arise as a parameter in a 
dose equation? From the rather arbitrary (but logical) definition 
of “contiguous” axial scans b = Δd = nT and a helical pitch of 
unity p = b/nT = 1. That is, nT is the maximum available recon-
structed slice width for axial scans.

We also note from the derivation that there are significant 
restrictions which apply to the CTDI paradigm—namely it 
requires shift-invariance along z. That is, no scanner (or phan-
tom) parameters can change along z; hence it applies only for 
constant tube current (mA); constant pitch; and constant z-colli-
mator aperture a; as well as constant phantom dimensions along 
z (e.g., it could also apply to an elliptical phantom of constant 
cross-section). It is also important to note that the divisor b 
and the integration limits ±L/2 are coupled via L = Nb where 
N = number of rotations, thus implicit in the CTDI100 formula 
is the often overlooked requirement for N = 100/nT rotations, 
and the fact that nT physically represents a particular value of 
table increment per rotation and not a beam width—“nominal” 
or otherwise.

The necessity for shift-invariance in CTDI can also be opera-
tionally understood from the nature of a pencil chamber acqui-
sition; namely, all profiles in the scan series must be identical 
to the single profile integrated by the pencil chamber in order 
for the equations and predictive nature of the CTDI paradigm to 
apply. On the other hand, the direct measurement method using a 
small, Farmer-type ionization chamber (Dixon 2003, Dixon and 
Ballard 2007), and as recommended by American Association of 
Physicists in Medicine (AAPM) Task Group 111 (AAPM 2010) is 
unaffected by shift-variance.

Integral dose (total energy deposited) and dose length product 
(DLP) are typically immune to shift-variance (DLP = LCTDIvol).

However, the IEC (2009) has felt it an imperative to report a 
CTDI value for any shift-variant scan technique such as tube 
current modulation (TCM), and also including stationary phan-
tom techniques. These ad hoc definitions and their short- comings 
will be described later.

Figure 38.3 illustrates the use of the convolution in Equation 
38.2 to generate the accumulated dose distribution (Dixon et al. 
2014).

We note that DL(0) = 5.0 gives the peak dose for a constant mA 
(shift-invariant) dose distribution. As the scan length increases 
further beyond L = 276 mm, the dose approaches a limiting 
equilibrium value of Deq = 5.4 corresponding to infinite inte-
gration limits in Equations 38.2 through 38.4. The approach to 
equilibrium is asymptotic and, for practical purposes, is reached 
(to within 2%) when L = Leq = 470 mm.

The limiting equilibrium dose Deq = 5.4 is first approached 
at the center (z = 0) for L ≥ 470 mm and then spreads over a 
wider range of z as L is further increased (analogous to inflating 
a balloon against a flat ceiling). The average dose over the scan 
length DL  is typically about 10% below the peak dose (Dixon 
and Boone 2013), and D DL L= =0 88 0 4 4. ( ) .  in this case. For 
an L = 100 mm scan length only 56% of the total energy E 
deposited is deposited by scatter and primary radiation within 
the directly-irradiated L = 100 mm interval (−L/2, L/2)—the 
remaining 44% is deposited by scatter alone outside the interval 
(−L/2, L/2).

38.3  Analytical Dose Equations: Looking behind 
the Integral Façade of the CTDI Paradigm

Analytical equations have been developed (Dixon and Boone 
2011) describing the dose profile f(z) which can be used to calcu-
late analytical expressions for the dose in Equations 38.1 through 
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FIGURE 38.3 Accumulated dose at constant mA using the convolution 
Equation 38.2 for DL(z) and also using the discrete superposition (summa-
tion) of the 11 dose profiles depicted, each having an aperture of a = 26 mm 
and spaced at like intervals using a table increment b = a = 26 mm (no pri-
mary beam overlap)—the discrete summation distribution being essentially 
indistinguishable from the convolution.



794 Handbook of X-ray Imaging

38.4, thereby stripping away the integral façade of the CTDI par-
adigm. For example, on the central axis of the 32 cm diameter 
body phantom, the maximum dose at z = 0 and CTDIL (Dixon 
and Boone 2011) is given by

 
D p CTDI

a
b

f eL L p
L d( ) ( )[ ( )]0 0 1 11= ≅ + −− −η /

 
(38.7)

where fp(0) is the primary beam intensity on the central ray, a is the 
z-collimator aperture (primary beam fwhm), b is the table incre-
ment per rotation (pitch p = b/nT), and η is the scatter-to-primary 
ratio; where η = 13 (scatter dominates primary) and d = 117 mm. 
Thus we see the hidden parameters that affect the accumulated 
dose DL(0) and CTDIL; namely, the attenuated primary beam 
intensity reaching the axis; its augmentation by scatter; the depen-
dence of this scatter on scan length; the aperture a which deter-
mines the amount of energy escaping the collimator; and 1/b (or 1/
pitch) which determines the concentration of this energy along z. 
The equilibrium dose approached when L→∞ is given by
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The relative approach to equilibrium function is likewise given 
by (Dixon and Boone 2011)
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Note that the approach to equilibrium is asymptotic and is 
met when L → ∞; however, for practical purposes, equilibrium 
is reached (within 2%) when L = Leq = 4d = 470 mm. We note 
that, for L = 100 mm, the dose and CTDI100 are only 60% of 
their equilibrium values, which agrees quite well with experi-
mental and Monte Carlo results.

The original intent of the CTDI paradigm (Shope et al. 1981) 
was to report the equilibrium value of Equation 38.4, namely 
CTDI∞, however, when codified into regulation (∞ is not in 
the legal lexicon) it was decided that integration limits using 
L = 14nT were long enough (which would have been 140 mm 
in those days). Then, later, it was truncated further to 100 mm 
(Leitz et al. 1995), which was a popular length for pencil cham-
bers although 150 mm chambers were readily available (physics 
by manufacturers), thus giving us our current CTDI100. AAPM 
Task Group Report 111 (AAPM 2010) advocates a return to the 
equilibrium dose. Although the equation for the central dose 
DL(0) (Equation 38.3) and directly related CTDIL (Equation 38.4) 
contain the integral of a single-rotation, axial dose profile f(z) 
over a scan interval (−L/2, L/2), the integration does not imply 
any averaging of the multi-scan dose over the scan length L; 
rather, both CTDIL and DL(0) always refer to the dose at the cen-
ter (z = 0) of the scan length L, and the integral over (−L/2, L/2) 
in their respective formulae appears solely as a result of phan-
tom translation over the scan length L, as is seen in the previous 
derivation. That is, in conventional CT, as a result of table/phan-
tom translation, the individual rotations and resulting dose pro-
files are laterally displaced from z = 0 and are uniformly spread 
out over a total length of L = Nb. As a result, the incremental 

dose increase at z = 0 contributed by scatter from the outlying 
rotations becomes smaller the further the rotations are displaced 
from z = 0; until eventually L becomes large enough such that 
the dose accumulated at z = 0 approaches a limiting upper bound 
called the equilibrium dose Deq. Table 38.1 illustrates some 
parameters of interest for a shift-invariant scan protocol.

Note that the energy deposited inside (−L/2, L/2) relative 
to the total energy deposited (Ein/E) grows significantly with 
increasing L.

The ratio of average dose DL  to peak dose DL(0) over (−L/2, 
L/2) remains remarkably constant with L, with DL  remaining 
about 10% below DL(0).

Foiled by CTDI100: this constancy could provide a useful 
physical interpretation, but only if DL(0) and CTDIvol were com-
puted using the actual scan length L (logical but not the case); 
unfortunately, CTDIw and CTDIvol are based on CTDI100, and the 
reported value CTDIvol is based on D100(0) and not DL(0). Thus 
CTDIvol does not increase with L and it is the ratio in the last 
column which is applicable, but the truncated CTDIvol

100 mm  fails 
us—causing a 248% variation of the average dose over the scan 
length over the range of scan lengths shown, and therefore the 
reported CTDIvol

100 mm  has no utility as a measure of the average 
dose over the scan length DL .

A change in the basis of CTDIw from CTDI100 to CTDIL would 
improve the situation on many fronts, and is easily effected 
using available H(L) data—measured or using the analytical 
equations (Dixon and Boone 2011) and (Dixon et  al. 2012) as 
CTDIL = [H(L)/H(100)]CTDI100, in which case the physical inter-
pretation of the reported CTDIvol

L for both constant and auto tube 
current modulation would then (and only then) have some com-
monality and an interpretation (Dixon and Boone 2013). Since 
most clinical scans exceed L = 100 mm, this easily-effected scan 
length correction would also make CTDIvol

L  (in and of itself) more 
closely represent the actual patient dose. The above Equations 
38.7 and 38.8 only apply to the central axis of the 32 cm PMMA 
phantom; however, derivation of like equations for the peripheral 
axes is straightforward using the equation for H(L)—periphery, 
previously derived (Dixon and Boone 2011).

TABLE 38.1

Various Accumulated Dose and Energy Deposition Fractions for 
the Central Axis of the 32 cm Diameter Body Phantom

Scan Length
L (mm)

H L
D
D
L

eq
( )

(0)= E
E

D
D

in L

eq
=

�
D

D
L

L (0)

�
D

D
L

100 (0)

58.5 0.43 0.41 0.95 0.66

100 0.60 0.56 0.92 0.92

200 0.83 0.76 0.89 1.25

286 0.92 0.81 0.88 1.33
470 0.985 0.88 0.90 1.44

702 0.995 0.92 0.93 1.51

∞ 1.00 – 1.00 1.64

Source: From Dixon, R. and J. Boone. 2013. Med Phys 40, 111920 (14pp). 
With permission.

Note: 120 kV, constant mA (aperture a ≪ L) for which d = 117 mm and 
the S/P ratio η = 13, as calculated in Dixon and Boone (2011).Ein/E 
is the fraction of the energy deposited inside (−L/2, L/2) relative to 
the total energy deposited (E). DL  is the average dose over the scan 
length (−L/2, L/2).
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38.4  Stationary Table Techniques 
and Wide Cone Beam CT

The CTDI paradigm clearly does not apply for a stationary 
phantom which would appertain to wide cone beams, which can 
cover the desired anatomy in a single axial rotation, and to per-
fusion studies using multiple rotations of a narrow beam at a 
fixed z location. Without table motion, the divisor in Equation 
38.3 is b = 0, and likewise the scan length and integration limits 
L = Nb = 0; such that the integral format of the CTDI paradigm 
is not valid and the pencil chamber integral measurement is 
inappropriate. However, in the limit as b → 0 and L = Nb → 0; 
DL(0) in Equation 38.3 does not approach infinity, rather it is 
straightforward to show that in this limit DL(0) → Nf(0), which 
is directly proportional to the central (z = 0) peak dose of the 
stationary axial dose profile f(z). That is, this convergence is 
illustrated by
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This is logical, since Nf(0) is the direct analog of the central 
maximum dose DL(0) with phantom motion, as illustrated in 
Figure 38.4. But what about Equation 38.4 for CTDIL? It likewise 
approaches the same limit CTDIL → N f(0) as nT → 0. So how 
can nT → 0? Because nT physically represents a particular value 
of table increment b = nT (a pitch of unity) in the CTDI equation, 
as previously noted—only this and nothing more. AAPM report 
111 (AAPM 2010) recommends a direct, “point-dose” measure-
ment of f(0) using a small ion chamber to represent the dose for 
stationary table techniques rather than CTDI. That is eminently 
logical. Consider the dose distribution of a helical scan with five 

rotations covering a scan length of L = 138 mm compared to a 
single rotation of a wide cone beam of width a = 138 mm, as 
shown in Figure 38.4. Since both directly-irradiate the same 
length of the phantom, the dose distributions are essentially the 
same, as is illustrated in Figure 38.4. The peak dose for the heli-
cal technique given by DL(0) = p−1CTDIL is seen to be equal to 
f(0) for the single axial rotation of the wide cone beam and is 
therefore the direct analog of the CTDI method for the case of 
a stationary table. The difference in the two distributions DL(z) 
generated by the convolution in Equation 38.2 and f(z), respec-
tively, is seen to be small—perhaps due to the asymmetric pen-
umbra and heel effect for the cone beam.

38.4.1 Summary, Stationary Table Dose

Suppose the phantom of Figure 38.3 had remained stationary 
(no table motion). Envision b → 0 thence L = Nb → 0, such that 
all the profiles get closer and closer together and the peak dose 
grows; and in the limit (b = 0, L = 0) all N rotations occur at the 
same fixed location z = 0 in the stationary phantom. In this case, 
all N identical profiles f(z) in Figure 38.3 would simply pile up 
on top of each other at the location of the central profile centered 
at z = 0; producing the obvious dose distribution DN(z) = Nf(z) 
having a peak central dose of DN(0) = Nf(0), which is the obvious 
analog to the peak dose DL(0) and thence CTDIL for the moving 
phantom (as likewise previously shown by their convergence to 
the same as b → 0, and L = Nb → 0). That is, f(0)a is clearly 
the appropriate “dose index” to use for stationary phantom CT 
dosimetry (AAPM 2010) for a primary beam width (aperture) a; 
for narrow fan beams and wide cone beams alike. This solution 
is apparent by inspection; no integral equations or pencil cham-
ber are required; no dose index is needed; CTDI does not apply; 
and nT has no relevance in this case. There is no need to inte-
grate f(z) along the z-axis, since it is already the complete, single-
rotation dose distribution function, as illustrated by Figure 38.4, 
and DN(z) = Nf (z) applies to multiple rotations: a study in sim-
plicity compared to the convolution for DL(z) in Equation 38.2, 
which was derived for “phantom in motion” CT dosimetry.

In the case of a stationary table, all that is required is a deter-
mination of the peak dose f(0)a of a single profile for a single 
aperture setting a via a direct measurement of f(0)a in a station-
ary phantom using a 0.6 cc Farmer-type thimble chamber for 
any known aperture setting (a > 24 mm). Alternately, a mea-
sured (or calculated) value of CTDI100 at an aperture a can be 
corrected as described in Dixon and Boone (2011). The variation 
of peak dose f(0)a with aperture relative to the equilibrium dose 
for a stationary phantom H(a) is the same as that for the mov-
ing phantom (Dixon and Boone 2011, Dixon et al. 2012), that is, 
H(a) = H(L) for a = L. For example, simply substituting a = L 
in Equation 38.9.

All that notwithstanding, the IEC uses the CTDIw formula 
(Equation 38.5) based on CTDI100 for stationary table techniques 
accompanied by a disclaimer (in a footnote) stating that it may 
overestimate the dose for nT < 100 mm. The additional conse-
quences of the misidentification of nT as a beam width is not 
mentioned in the footnote. This overestimate is particularly large 
(by as much as 300%) for narrow beams such as single high- 
resolution axial chest cuts or narrow beam perfusion studies 
(Dixon and Boone 2014), as will be described later.

Stationary cone beam a = 138 mm
and helical fan beams L = 138 mm
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FIGURE 38.4 Wide cone beam (Dixon and Boone 2010, 2011) with 
aperture a = 138 mm versus a helical scan with L = 138 mm using an 
a = 26 mm fan beam generated by the convolution in Equation 38.2. The 
heel effect for the cone beam primary component is illustrated, showing a 
variation of the transmitted primary fluence Φ reaching the detectors of 35% 
and a concomitant noise variation 1/ Φ( ) of 16% across the slice width.
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38.5  Review of the Physical Meaning of the 
Traditional (Bona-Fide) CTDIvol for Shift-
Invariant Techniques (e.g., Constant mA)

For a scan technique using a constant tube current, 
CTDIvol = p−1CTDIw has a precise physical meaning: namely 
the average dose across the area of the central scan plane at 
z = 0 for a pitch p = b/nT and a 100 mm scan length, where 
b = the table advance per rotation (and nT N T≡ × ). Since 
CTDIw depends inversely on nT, which subsequently cancels out 
in CTDIvol = p−1CTDIw, the value of nT is moot, and CTDIvol is 
independent of nT, depending solely on the inverse b−1 of the table 
increment b. Note that CTDIvol is essentially an area average and is 
not a volume average (as might be inferred from its subscript), since 
no averaging over scan length L has been performed (measurement 
of CTDI100 using a 100 mm long pencil chamber does not imply 
any dose averaging over 100 mm). CTDIL is a group concept and 
refers to the dose at z = 0 for an entire group of (identical) dose 
profiles evenly spaced over the entire scan length L, with each pro-
file augmenting the dose at the location of its neighbors via “scat-
ter-tails” extending well-beyond the primary beam width a; these 
profiles collectively contributing scatter to build the cumulative 
dose distribution. By definition, CTDIL does not possess a value 
until the complete set of multiple profiles covering length L have 
been laid down, thus it is fallacious to consider CTDI as a function 
of time t or position z; that is, CTDI(z) or CTDIvol(z) are absurdi-
ties, as are “CTDIvol per slice” or “CTDIvol per/sec.” That is, a 
CTDIvol(z) has been assumed proportional to local mA(z) for TCM 
techniques. It is clear from Figure 38.3 that, even for constant mA 
(for which CTDIvol(z) would be a constant), the actual accumulated 
dose DL(z) varies by a factor of two over the scan length.

38.6  Shift-Variant Techniques (Variable Tube 
Current, Pitch, and Collimator Aperture)

It is possible to derive convolution equations similar to Equation 
38.2 for some shift-variant techniques such as tube current mod-
ulation or variable pitch. Figure 38.5 illustrates the basic integra-
tion problem (Dixon et al. 2014).

For variable pitch, the table velocity varies; and for variable 
tube current i(z), the height of the profile varies in direct propor-
tion to i(z).

38.6.1 Tube Current Modulation (TCM)

The derivation again involves the integration of the dose rate profile 
in Figure 38.5 over the total beam-on time t0 and is detailed in Dixon 
and Boone (2013). The result is shown in Equation 38.11 below, 
where ˆ( ) ( )f z f z i= / 0 is the normalized axial dose profile per unit 
current where i0 is the constant current implicit in f(z)—a convenient 
value of which might be the average current over the scan length.
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The local dose �D zL ( ) at z is not proportional to the local 
mA(z) = i(z) as is often erroneously stated, but rather depends, 
via the integral in Equation 38.11, on the current i(z′) over all z′ 
locations due to scattered radiation which dominates the dose in 
CT. That is, the physical interpretation of the product (integrand) 

i z z z( ′ − ′) ( )f�  is that i(z′) determines the peak height of the profile 
at z′, and i z z z( ) ( )′ − ′f�  represents the magnitude of the scatter-
tail at position z from that z′-profile, the contributions of which 
must be summed (integrated) over every profile location z′.

Therefore, the accumulated dose in CT at a given location z 
(including CTDIvol at location z = 0) at a given time t depends on 
mA past and mA yet to come, and the scanner-reported “CTDIvol 
per slice” or CTDIvol(z) does not (and cannot) represent a dose, 
but merely represents the relative i(z) ≡ mA(z). In fact, the dose 
DL(z) even at constant mA is not constant due to variations in 
such mutual profile scatter, as shown in Figure 38.3. This is illus-
trated by the TCM mA profile shown in Figure 38.6a,b.

Since the dose distribution shown in Figure 38.6a has the same 
average mA over the scan length as the constant mA for Figure 
38.3, these disparate dose distributions (Figures 38.3 and 38.6a) 
will have the same CTDI100, thence the same scanner-reported 
CTDIvol, although little else in common.

Figure 38.6a shows that despite an mA drop by a factor of six, 
the accumulated dose at the center drops by a factor of only 1.7. 
Mathematically, this is due to the convolution in Equation 38.11 
softening the effect of the mA variation. Physically, it is due to 
the fact that, despite the low local mA at z = 0 [mA(0) = 1], the 
scatter-tails from the neighboring profiles significantly bolster 
the central dose at z = 0 (even in the face of the steep and sus-
tained mA drop). This is dramatically illustrated in Figure 38.6b 
in which the same dose data in Figure 38.6a are re-plotted using 
a logarithmic scale. This clearly shows the vast underpinnings 
provided by the scatter-tails, as well as their long “reach” over 
a large fraction of the scan length—every profile contributing a 
significant dose increment to the dose at z = 0. It is also evident 
from Figure 38.5 that the long scatter-tails on the traveling dose 
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the phantom reference frame is created when an axial dose profile f(z) is 
translated along the phantom central axis z by table translation at velocity 
υ(t), where τ is the gantry rotation period (in seconds), and ′ = ∫z t t dt( ) ( )υ .
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profile at the point z will begin accumulating dose long before the 
primary beam component has arrived and long after it has passed.

A pencil chamber measurement has no utility for auto TCM 
nor for shift-variant techniques in general.

38.6.2  Summary of Derivation Results 
for Shift-Variant Techniques 
(Variable mA, Pitch, or Both)

The results of the derivations for various shift-variant techniques 
(variable mA, pitch, or both) (Dixon et al. 2014) are illustrated 
in Table 38.2.

It will be noted that the PM (pitch modulation) and TCM dose 
distributions 

� �D z D zL L( ) ( )=  will be identical, assuming the 
same L t N b Nb= 〈 〉 = 〈 〉 =υ 0 , when b z b i i z( ) ( ( ))= 0 / . This 

would allow one to mimic a variable i(z) TCM technique (for 
a constant pitch b) using a variable pitch b(z) PM technique (for 
a constant tube current i0), as illustrated in Figure 38.7 (Dixon 
et al. 2014).

38.7  Total Energy E Absorbed in 
the Phantom (and DLP)

It is straightforward to show from the properties of the convolu-
tion below
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that the total energy E absorbed in the phantom along (and about) 
a given z-axis for all cases in Table 38.2 is given by

 

E D z dz N f z dz LDL eq= = =
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where N = (t0/τ) = total number of rotations. The resemblance of 
E to DLP is obvious except that DLP = LCTDIvol and thus is based 
on CTDI100, therefore DLP < E but serves as a surrogate to E. 
Thus E and DLP are robust (invariant) with respect to shift- variant 
techniques, whereas CTDIvol is not. We also note that neither 
E nor DLP depend on the scan length per se despite its appear-
ance in their respective equations but rather E (and DLP) depend 
only on the total mAs = 〈i〉t0 = i0t0 and the z-collimator aperture 
a (a = primary beam fwhm). That is, since L = Nb and both Deq 
and CTDIvol depend on b−1 (Equation 38.8), the table increment b 
cancels. Therefore for a given kV and beam filter, the total energy 
absorbed (integral dose) E (and its surrogate DLP) depend only on 
the product of total mAs and z-collimator aperture a.

So that’s it—E and DLP depend only on total 
mAs = ∫i(t)dt = 〈i〉t0, and collimator aperture a, and are indif-
ferent as to how the N rotations are spread out along the z–axis 
(Dixon and Boone 2013); in fact E and DLP remain unchanged 
even if the table should stop moving (b = 0 and L = Nb = 0). 
However, for a given E, the accumulated dose DL(z) will depend 
profoundly on how the energy E is spatially distributed along z 
(on E per unit length); depending on L and the functional form of 
i(z) for a TCM protocol.

38.8   Depiction of a Diverse Group of Dose 
Distributions All Having Common Scanner-
Reported Values of CTDIvol and DLP

All five of these diverse distributions in Figure 38.8 will 
have the same scanner-reported value of CTDIvol, only one of 
which is bona fide. This is best understood by looking to the 
source equation of the CTDI paradigm. The dose distribu-
tion D z b f z z LL ( ) ( ) ( )= ⊗−

0
1 Π /  for a shift-invariant tech-

nique (constant  i0 and b0) is the basis of the CTDI paradigm 
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FIGURE 38.6 (a) Accumulated dose obtained from the summation of the 
N = 11 individual mA-weighted dose profiles f(z), individually depicted in 
the figure, based on the plotted mA(z) profile (Adapted from Dixon, R. and J. 
Boone. 2013. Med Phys 40, 111920 (14pp.)). (b) A logarithmic plot log [ ( )]10

�D zL  
of the data depicted in the linear plot of Figure 38.6a in order to better visual-
ize the “lateral throw” of the scatter-tails, which bolster the dose in the center. 
Thus, despite the fact that the local mA(z) for the three central profiles drops by 
a factor of six, the accumulated dose drops by only a factor of 1.7.
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in Equations 38.1 through 38.4 and this convolution for a bona 
fide constant tube current i0 and pitch b0 always produces a 
symmetrical “bell-shaped” dose distribution similar to curve 
(1) in Figure 38.8, which always exhibits its maximum value 
DL(0) = b−1 CTDIL at the center z = 0, the latter approaching a 
maximum limiting equilibrium dose Deq at z = 0 for scan lengths 
L ≥ 470 mm (Deq = 5.4 in this case). However, Figure 38.8 shows 
that the peak doses for the shift-variant TCM or PM distributions 
(which have the same reported CTDIvol) do not necessarily occur 
at z = 0 and can also exceed Deq = 5.4, which clearly demands a 
“recalibration” of our physical interpretation of CTDIvol.

The IEC methodology for side-stepping a shift-variant tech-
nique i(z) or b(z) [TCM or PM] is simply replacing (“plug-
ging”) the average values 〈i〉 or 〈b〉t into Equation 38.1 under 
the pretext that 〈i〉 = i0 and 〈b〉t = b0 represent actual (constant) 
physical values. “Plugging” these “pseudo-constant” values 
into Equation 38.2 causes the convolution to generate (with-
out prejudice) the usual “bell-shaped” constant current/pitch 
dose distribution (albeit an imaginary one) having a peak dose 
at z = 0 of DL(0) = p−1CTDIL = 5.0 (our CTDIvol surrogate), 

TABLE 38.2

Summary of Derivation Results

Technique Accumulated Dose Equation Variable Table Speed Table Motion

Constant tube current and pitch
D z
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0

Note:   These convolution dose equations are quite general and apply to both the central and peripheral axes of the phantom as well as for concurrent 
angular and z-axis tube current modulation i(z, θ), as previously shown (Dixon and Boone 2013; Dixon et al. 2014).
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likewise the same DLP). All likewise have identical scanner-reported values 
of “CTDIvol”.
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with the result that all eight distributions in Figure 38.8 would 
simply converge to the “bell-shaped curve (1), all now hav-
ing the same peak value DL(0) = 5.0 and identical scanner-
reported values of CTDIvol. This common value of CTDIvol has 
no discernible connection to the actual shift-variant TCM or 
equivalent PM dose distributions, and therefore little relevance 
or utility. The IEC methodology has created a “CTDIvol of the 
second kind.”

38.9  The Trouble with Scanner-Reported Values 
of CTDIvol for Shift-Variant Scan Techniques

As previously noted, the CTDI paradigm and associated for-
mulae only apply to shift-invariant protocols in which nothing 
changes with z (constant mA, pitch, collimator aperture, phan-
tom diameter or cross-section, etc.). That is, every rotation is 
identical in technique to that used in the integral acquisition by 
the 100 mm long pencil ionization chamber. Since the CTDI 
paradigm (and the CTDI equation) do not apply to shift-variant 
techniques such as tube current modulation (TCM) or pitch 
modulation (PM), CTDIvol does not apply, leading one to be 
naturally suspicious of a scanner-reported value of same in the 
“dose report.”

Indeed, the ad hoc IEC approach (IEC 2009) to handling shift-
variance results in scanner-reported values of CTDIvol which 
have no useful physical significance, nor any interpretive utility. 
The IEC method attempts to “side-step” shift-variance by “plug-
ging” the (now invalid) CTDI equation with the time average of a 
variable parameter, averaged over the entire scan time t0 (or total 
scan length L); for example 〈i〉, 〈b〉, 〈a〉, 〈kV〉, and so on. A curi-
ous dichotomy, since CTDIvol is based on a truncated 100 mm 
scan length.

38.9.1  Comparing the IEC Method to 
Our Rigorous Equations

The IEC method is tantamount to replacing i(z′) in Equation 
38.11 for TCM or b(z′) in the Table 38.2 equation for PM by their 
average values 〈i〉 or 〈b〉 and removing them from their respec-
tive convolution integrals as constant values.

38.9.2 Tube Current Modulation (TCM)

For TCM, removing 〈i〉 from the convolution integral reduces 
the TCM dose equation �D zL ( ) in Equation 38.11 to the (then 
invalid) shift-invariant dose DL(z) of the CTDI paradigm 
(Equation 38.3), which then seemingly allows use of the 
CTDI-equation based on the fallacious assumption that 〈i〉 is 
physically-equivalent to an actual constant current. This has 
been previously discussed in detail (Dixon and Boone 2013), 
in which the scanner-reported value of CTDIvol for TCM was 
shown to have no relation to the actual TCM dose distribution 
�D zL ( ) it is supposed to represent and thus has no predictive 
utility concerning same (unlike the bona-fide CTDIvol at con-
stant current), but rather represents the peak dose of an imagi-
nary constant current dose distribution based on 〈i〉. Its only 
possible physical interpretation as an approximation to the 

average dose over the scan length for clinically-relevant scan 
lengths is negated by the dichotomy that CTDIvol is based on 
CTDI100 whereas 〈i〉 is averaged over the entire scan length L 
(although this could be improved by a change in the basis of 
CTDIvol from CTDI100 to CTDIL, as recommended by AAPM 
Task Group 111). It is also obvious from Equation 38.11 (and 
previously shown herein by simulation) that the local TCM 
dose �D zL ( ) at point z is not proportional to the local current 
i(z), and thus averaging the current is not the same as averag-
ing the dose, hence the IEC model of a local “dose per slice” 
[or “CTDIvol(z)”] does not represent an actual local dose at z 
but rather only a relative i(z) = mA(z). In fact, even in the shift-
invariant case (constant mA and pitch), the dose D zL ( ) is not 
constant (as “CTDIvol(z)” would predict), but varies by about a 
factor of two from z = 0 to z = ±L/2 on the phantom central 
axis (Figure 38.3).

The IEC version of a “local CTDIvol(z)” for tube current modu-
lation (TCM) is not a dose distribution at all, but rather just a 
scaled mA(z) distribution, as given by

 

CTDI z
mA z
mA

CTDIvol
TCM

L
vol

mA

( )
( )

=
〈 〉

〈 〉

100

 
(38.14)

As illustrated previously, the local accumulated dose DL(z) 
does not track the local mA(z)—even at constant mA (see Figure 
38.3). Indeed, CTDIvol(z) predicts that the “dose” is zero beyond 
the “directly-irradiated” scan interval (−L/2, L/2), which Figure 
38.3 and Table 38.1 show to be fallacious.

However, the integral of Equation 38.14 over the entire 
scan length (−L/2, L/2) does yield the global scanner-reported 
CTDI CTDIvol

TCM
vol mA= 〈 〉
100 , which is based on the dose over 

a 100 mm scan length (CTDI100) but which is evaluated at the 
average mA over the entire scan length L. The physical inter-
pretation of the scanner-reported CTDIvol

TCM  is the peak central 
dose for a 100 mm long scan length of an imaginary, constant-
current dose distribution having mA = 〈mA〉L and having a “bell-
shaped” appearance similar to that shown in Figure 38.3 (but 
with L = 100 mm).

38.9.3 Pitch Modulation (PM)

For pitch modulation, such as used in a helical shuttle technique 
(Dixon et  al. 2014), the IEC method is equivalent to replacing 
b(z) by its average 〈b〉 and removing it from the convolution inte-
gral in Table 38.2 as 1/〈b〉, whereby the PM dose 

�
D zL ( ) would 

again be (unjustly) reduced to the CTDI paradigm for which 
CTDIvol is calculated as if 〈b〉 represented a constant pitch over 
the entire scan length (not to mention its CTDI100 basis), namely 
by replacing the actual constant pitch p = b/nT in DL(0) = p−1 
CTDIL with the fictitious constant pitch 〈b〉/nT. As in the TCM 
case, replacing b(z) by 〈b〉 in the integral is a sham which will 
produce a flawed CTDIvol which represents the peak dose DL(0) 
of an imaginary (shift-invariant) dose distribution corresponding 
to a fictitious constant pitch with b = 〈b〉. The concave dose dis-
tribution for the helical shuttle shown in Figure 38.8, for which 
the pitch is a maximum at the center, is an example of variable 
pitch (Dixon et al. 2014).
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38.9.4  A Change in the Basis of CTDIvol 
from CTDI100 to CTDIL

A change in the basis of CTDIvol from CTDI100 to CTDIL 
would improve the situation on many fronts, and is easily 
effected using available H(L) data, either measured or using 
the analytical equations (Dixon and Boone 2011, 2013) as 
CTDIL = [H(L)/H(100)]CTDI100, in which case the physical 
interpretation of the reported CTDIvol

L  for both auto TCM and 
constant current would then (and only then) have some common-
ality and an interpretation, namely: the average dose over the 
total scan length L is approximately 0 9. × CTDIvol

L  for constant 
mA if (and only if) CTDIvol

L  were calculated using CTDIL (rather 
than CTDI100), as shown in Table 38.1. Likewise, this approxima-
tion would apply for TCM with longer scan lengths in which the 
dose at the center is close to Deq, in which case the average dose 
over L(Ein/L) approaches E/L = Deq. Since most clinical scans 
exceed L = 100 mm, this easily-effected scan length correction 
would also make CTDIvol

L  (in and of itself) more closely represent 
the actual patient dose. Equations 38.7 through 38.9 above only 
apply to the central axis of the 32 cm PMMA phantom; however, 
derivation of like equations for the peripheral axes is straight-
forward using the equation for H(L)—periphery, as previously 
derived (Dixon and Boone 2011).

38.9.5  The IEC Dose Standard for N Rotations 
about a Stationary CT Phantom

The IEC dose standard for N rotations about a stationary 
CT phantom uses the “phantom in motion formula,” namely 
CTDIvol = N × CTDIw (based on CTDI100), which is followed by 
a footnote (caveat) that the above formula will overestimate the 
phantom dose due to extra (but imaginary) scatter (IEC 2009). 
Recall that the CTDI100 formula (and thence CTDIw) requires 
phantom travel over L = 100 mm, whereby the dose profiles are 
uniformly distributed over L = 100 mm at intervals b = nT, thus 
requiring 100/nT profiles. In our previous example, in which the 
phantom in Figure 38.3 is assumed to be stationary, a = 26 mm, 
corresponding to nT = 20 mm (Mori et al. 2005), the CTDI100 
formula (derived for a moving phantom) assumes 100/20 = 5 
profiles spaced at intervals of b = nT = 20 mm, and the scan-
ner calculates a dose of N × CTDI100 (based on N rotations of a 
“gang of five” profiles spaced over 100 mm about a stationary 
phantom) rather than use the real world dose Nf(0) based on 
N rotations of a single profile at z = 0. Thus the IEC formula 
is based on the assumption of a scatter volume 100 mm long, 
compared to the a = 26 mm primary beam width of the single 
profile. Moreover, the divisor nT in the CTDI100 formula implies 
a scan interval (table increment) of b = nT = 20 mm, which is 
smaller than the primary beam width (a = 26 mm) of these five 
“contiguous” profiles; therefore, the IEC formula not only over-
estimates the scatter (as the note warned) but also produces an 
“over-beaming” dose increase by a factor of a/nT = 26/20 = 1.3 
(not mentioned in the footnotes); whereas in the real world 
of the single, stand-alone profile f(z) no over-beaming exists. 
Thus, the use of a CTDI100 basis in the stationary table IEC for-
mula overestimates the actual dose on a given phantom axis by 
a factor of

 

CTDI
f

H
H a

a
nTa

100

0
100

( )
( )

( )
=

mm

 
(38.15)

where H(a) is the approach to equilibrium function, such as 
that given in Equation 38.9, and where H(100)/H(a) gives the 
increase in (virtual) scatter and a/nT is the (imaginary) over-
beaming factor. For this example, the virtual scatter increase 
factor is H(100)/H(26 mm) = 0.61/0.255 = 2.35, and a/nT = 1.3 
is the over-beaming factor which has inappropriately been 
applied, thus the IEC approach predicts an overestimate of the 
phantom dose on the central axis by a factor of 2.35(1.3) = 3.1 
(310%); in good agreement (to within 1%) with the ratio of 
CTDI100/f(0) = 4.3/1.37 = 3.14 obtained directly from the 
dose profile peak and integral. Accounting for the N rotations, 
the actual central axis dose is Nf(0) = 11(1.37) = 15.1, but the 
scanner-calculated dose is N × CTDI100 = 11(4.3) = 47.3 (310% 
high as noted). However, one can see from Equation 38.15 that 
the scatter-increase factor H(100)/H(a) gets smaller as the beam 
aperture a gets closer to 100 mm, and the over-beaming factor 
will likely also decrease. The overestimate on the peripheral 
axis, likewise calculated using the peripheral axis H(a) formula 
(Dixon and Boone 2014), is somewhat smaller (168%), thus the 
weighted (1/3, 2/3) value of CTDIvol reported by the scanner via 
the IEC formula is high by a somewhat-reduced factor of 2.1 
(210%)—small comfort. The appearance of the over-beaming 
factor is due to the inappropriate appearance of a table increment 
nT in a stationary phantom dose equation, perhaps due to ignor-
ing our caveat that nT should never be interpreted as a beam 
width but rather as a particular value of table increment for a 
pitch of unity.

For wide cone beams a > 100 mm, the reverse is true since 
H(100)/H(a) < 1 and the over-beaming factor a/nT is likely 
smaller, hence the IEC formula may then underestimate the dose.

In evaluating a dose for possible deterministic effects such 
as epilation or erythema, the peripheral axis value of CTDI100 
is more appropriate than the weighted CTDIw for which 
Nf(0) = 0.6N × CTDI100 for this particular example.

The argument that no harm has been done by using the IEC 
formula, since it conservatively over-estimates the stationary 
phantom dose, is specious. The CT technical manuals describe 
many corrections that are applied in the calculation of CTDI100 
to ensure the accuracy of the phantom dose to typically less 
than ±15% (for acceptance testing), namely, kV, bow-tie filter, 
and aperture (over-beaming), and corrections are made for both 
the large and small focal spot; yet we are expected to accept 
errors in excess of 200% in phantom dose when the phantom 
doesn’t move, which applies to already high-dose perfusion stud-
ies (when, in fact, a stationary phantom is a much simpler dosi-
metric problem).

38.9.5.1  Clinical Examples of Such Anomalous 
Values of CTDIvol for Stationary 
Table Techniques

Clinical examples of anomalous values of CTDIvolwhich have 
surfaced in our American College of Radiology Dose Index 
Registry (ACR DIR) are:
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 1. The stationary multiple image region of interest 
(MIROI) phase of a head CT angiography (CTA) using 
N = 12 rotations around the neck with no table motion 
with nT = 5 mm (a = 7.8 mm) for which the scanner-
reported value of CTDIvol overestimated the actual 
weighted dose by 280% (50% of which is due to the 
imaginary over-beaming factor). In this case, the IEC 
formula CTDIvol = NCTDIw assumes imaginary scat-
ter from 100/5 = 20 dose profiles of width a = 7.8 mm 
spaced at 5 mm intervals over 100 mm, whereas only 
one profile actually exists.

 2. A high-resolution, single axial chest cut using 
nT = 1.25 mm, a = 1.84 mm for which the scanner-
reported CTDvol = 144 mGy, thereby overestimating 
the weighted dose by a factor of 3.4, including an “over-
beaming” factor of a/nT = 1.84/1.25 = 1.47 (but there 
is no over-beaming penalty for narrow collimation with 
a stationary phantom).

In short, we didn’t have a dose problem in either case (it is the 
IEC CTDIvol formula which has the problem). In both these exam-
ples of anomalous CTDIvol values, DLP remained robust and did 
not indicate an untoward high exposure as previously anticipated.

Such anomalous values of CTDIvol may also exceed govern-
mental regulatory limits in some countries or states, and require 
time-consuming explanations. Which begs the question, how 
many CT users have read the IEC warning footnotes or even 
have access to IEC publications? Most users of dose tracking 
software such as the ACR DIR likely lack the sophistication even 
to recognize such anomalies—much less to correct them. This 
IEC stationary CTDIvol equation should be replaced. It can be 
easily corrected using a correction factor which is the inverse of 
Equation 38.15.

The integral dose E and DLP remain robust and unchanged 
as phantom translation is stopped. The integral dose for the 
stationary phantom E N f z dz= ∫

−∞

∞
( )  is the same as that for 

the moving phantom. That is, the integral dose (total energy 
absorbed) due to a single profile is ∫

−∞

∞
f z dz( )  regardless of its 

location along z (or proximity to other profiles), thus E and DLP 
are unchanged if the scan length L = Nb is increased by increas-
ing the profile spacing b (or pitch); E and DLP will increase only 
by adding profiles (rotations N) thus increasing the total mAs.

38.10  Relation of Scanner-Reported Dose 
Indices to Actual Patient Dose

The CT scanner does not report the actual dose to a given 
patient. Although the value of the “dose-index” CTDIvol is 
directly associated with the CT scan performed on a particular 
patient (say John Smith), it represents the particular type of scan 
and technique factors used on Mr. Smith. However, its absolute 
value in mGy is not necessarily representative of the actual dose 
received by Mr. Smith, even though it may be recorded (with 
such an implication) in his personal patient dose report. Rather, 
CTDIvol represents the dose that would be delivered to a 15 cm 
long plastic disk (phantom) of either 16 cm or 32 cm diameter 

(head or body) scanned with the same technique used on Mr. 
Smith, with the exception of the scan length. CTDIvol represents 
the dose for a scan length of only 100 mm, being calculated from 
CTDI100. For automatic TCM, CTDIvol is based on the average 
mA over the entire scan length L and CTDI100 (a bit of a discon-
nect). The CTDI paradigm does not apply for multiple, or single, 
axial rotations about a stationary phantom (such as brain perfu-
sion studies in the cine mode) nor for any shift-variant techniques 
such as the ubiquitous TCM; hence, in these cases, the value of 
CTDIvol reported by the scanner is not representative of the dose 
—even to a phantom.

For a body scan, the actual dose to a thin patient will be much 
larger than that for a thick patient for the same manual scan 
technique (kVp, mAs, pitch, etc.), whereas the reported value of 
CTDIvol is exactly the same for both. Thus the common value of 
CTDIvol reported by the scanner in mGy is not likely to represent 
the dose to either, but rather represents the dose to their dosim-
etry surrogate. Namely, a 32 cm diameter plastic body phantom 
which is supposed to represent the body habitus of every patient 
who gets a body scan, whether thick or thin or whether receiving 
an abdomen or lung scan.

The primary use of CTDIvol is therefore not as an absolute 
patient dose to the patient being scanned, but rather as a relative 
dose indicator—to assist the CT operator in evaluating the rela-
tive dose implications of various choices of CT scan parameters 
available, and thus to avoid the often unnecessary use of high-
dose techniques.

Although the reported dose CTDIvol is, by inference, directly 
associated with an individual patient, it is a very crude measure 
of the actual dose to that patient, so its absolute value is of sec-
ondary importance in that regard. However, the value of CTDIvol, 
together with other patient-specific information, may be quite 
useful to the medical physicist in reconstructing a more accurate 
(albeit still approximate) patient dose when such a dose recon-
struction is specifically requested. An example would be com-
puting a fetal dose for a pregnant patient receiving a CT scan.

38.10.1 Size-Specific Dose Estimates (SSDE)

The basic SSDE dose index concept presented in the Report of 
AAPM Task Group 204 (AAPM 2012) is an approach to develop 
a more reasonable estimate of patient dose using the scanner-
reported CTDIvol and conversion factors that account for patient 
size. In situations where a fixed tube current is employed and the 
patient anatomy and circumference is reasonably homogeneous 
over an entire CT scan, the basic SSDE provides an improved 
estimate of dose as compared to CTDIvol. If the average effec-
tive diameter d, is known for a given patient over the anatomy 
scanned, the SSDE is determined as

 SSDE f CTDId vol=  (38.16)

where fd converts CTDIvol in air kerma to the absorbed dose to 
water, namely, to SSDE. Thus a small patient will correctly be 
attributed a relatively higher radiation dose compared to CTDIvol 
due to reduced attenuation compared to the CTDI phantom. 
Likewise, the SSDE associated with an exam of a very large 
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patient may be relatively lower than the CTDIvol value. The SSDE 
concept also takes some consideration of the scan length into 
account via the use of typical scan lengths for clinical exams. 
The effective patient diameter is determined from the pre-scan 
scout projection views. The conversion factors fd for all body scan 
protocols are based on CTDIvol for the 32 cm phantom—even for 
pediatric body scans; however, caution must be exercised since 
some older scanners may report CTDIvol for pediatric body scans 
based on the 16 cm diameter phantom (an older IEC standard), 
leading to an untoward SSDE about 200% higher.

The geometric estimation of effective patient diameter from 
the pre-scan scout projections has limitations, for eaxmple, it 
does not account for decreased attenuation in lung tissue when 
present. As a consequence, the AAPM Task Group 220 report 
(AAPM 2014) has suggested a more complex attenuation-based 
method for SSDE based on axial scan reconstruction data.

38.10.1.1 Anomalous Values of SSDE

A faulty value of CTDIvol, such as those for stationary table tech-
niques and shift-variant scan techniques such as TCM, as previ-
ously discussed, will likewise result in a faulty SSDE. In these 
cases, DLP will be the more robust dose index. For example, 
our dose-index tracking software (ACR DIR) showed our aver-
age CTDIvol, and thence SSDE value, for a routine chest exam 
to be well above the national average. This was discovered to 
be due to the inclusion of three well-separated, high-resolution, 
narrow-beam axial scans to the helical scan protocol—each of 
these having been previously shown to give a 340% overestimate 
of the weighted average dose via CTDIvol. However, DLP was in 
normal limits, as illustrated in Figure 38.9a,b.

Hopefully the previous discussion of stationary-table and 
shift-variant techniques will alert the user to these faulty CTDIvol 
and SSDE values.

38.10.2 Estimation of Organ Doses

There is a growing movement to calculate individual organ doses 
in CT, primarily using Monte Carlo simulations, which begs the 
question: what are we to do with such data? Even if we could cal-
culate organ doses accurately, are the risk factors for individual 
organs that well known?

38.10.2.1 TCM and SSDE

Presently, the most common mode of performing CT examina-
tions is helical (“spiral”) scanning employing TCM. The CTDIvol 
is determined from the average tube current (mA) used during a 
scan, and as a consequence, the basic SSDE will yield an estimate 
of patient dose as if a scan had been performed with a fixed mA 
equal to the average mA. Thus, any local variations in patient 
exposure from using TCM will not be translated by the basic 
SSDE, and the oft-made assumption that the local dose is propor-
tional to the local mA(z) using a “CTDIvol(z)” and an “SSDE(z)” is 
flawed, as previously discussed (scatter is appropriately accounted 
for by using a convolution of the dose profile with the tube cur-
rent). Indeed, “CTDIvol(z)” predicts zero dose outside the scan 
interval (−L/2, L/2) whereas a significant fraction of the energy is 
deposited outside this interval by scatter (see Table 38.1).

A recent paper (Tian et al. 2015) employing such a convolu-
tion method reported an improved organ dose accuracy over the 
method which (inappropriately) assumes a local dose propor-
tional to mA(z).

38.11 Summary

Rigorous phantom dose equations have been derived which 
illustrate the significant limitations and common misconcep-
tions concerning the CTDI paradigm. For example, it does not 
apply to shift-variant scan techniques in which scan parameters 
are varied during the scan, such as automatic TCM in which 
there is a variation of mA(z). Likewise, it does not apply to sta-
tionary table techniques such as perfusion studies using multiple 
rotations at a fixed z-location or to wide cone beam techniques in 
which the desired anatomy can be imaged in a single axial rota-
tion without table motion. That notwithstanding, the CT scanner 
reports a value of CTDIvol for these techniques based on ad hoc 
assumptions and “patches” (IEC 2009) in an attempt to extend 
the life of CTDIvol and likewise maintain the 100 mm pencil 
chamber acquisition of its basis CTDI100. The reader is guided 
herein, as to how to detect (and correct or ignore) the resulting 
anomalous values of CTDIvol and SSDE. Suggestions are also 
advanced (or reiterated) for new paradigms of measurement and 
phantom dose calculation based on sound physical principles 
in lieu of the present ad hoc methodology for calculation of the 
scanner-reported CTDIvol and the truncated pencil-chamber 
measurement methodology. Advanced methods of patient dose 
calculation, such as organ dose calculation, often use CTDIvol 
as a basis as well as the curious parameter CTDIvol(z), which 
incorrectly assumes that the local dose at z is proportional to the 
local tube current mA(z), thereby ignoring the basic physics of 
CT dosimetry.

GLOSSARY
MDCT: “multi-detector CT”
Shift-invariance: translational invariance of all scan technique 

parameters along z (independent of z coordinate)
τ: time for single 360° gantry rotation (typically τ = 1 sec or 

less)
t0: total “beam-on” time for a complete scan series consisting of 

N rotations
N = (t0/τ): total number of gantry rotations in a scan series (N 

may not be an integer for helical scanning)
υ(t): table velocity for helical scans
b(t): table advance per rotation (mm/rot), or table index
b(t): υ(t)τ for helical scans; b = scan interval for axial scans
〈y〉t: time average of any variable y(t) over t0

z′(t): ∫υ(t)dt = position of traveling dose rate profile at time t
L t dt t N b N bt t t z= ∫ = 〈 〉 = 〈 〉 = 〈 〉−

0 0
11υ υ( ) / : scan length

〈y〉z: spatial average of the variable y z t( ( ))′  over L
〈 〉 ≠ 〈 〉y yz t in general (tube current being the exception)
i(z) ≡ mA(z): X-ray tube current
〈i〉 =  〈i〉t = 〈i〉z average tube current over total scan time t0 or 

total scan length L
nT: table advance producing a pitch of unity often denoted by 

“N × T”)
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a: “aperture.” The geometric projection of the z-collimator aper-
ture onto the axis of rotation (AOR) (by a “point” focal 
spot); also equal to the fwhm of the primary beam dose 
profile fp(z). For MDCT a > nT in order to keep the 
penumbra beyond the active detector length nT (called 
“over-beaming”)

p =  b/nT: conventional pitch
p =  b/a: dosimetric pitch
Fan beam: a narrow beam of width a ≤ 40 mm
Cone beam: typically a beam of width a > 40 mm
Π(z/L): rect function of unit height and width L spanning inter-

val (−L/2, L/2)
DL(z): accumulated dose distribution due to a complete series 

of N axial or helical rotations covering a scan length L
f(z): single rotation (axial) dose profile acquired with the phan-

tom held stationary consisting of primary and scatter 
contributions denoted by f(z) = fp(z) + fs(z)

fp(0): the dose on the central ray contributed by the primary 
beam at depth in the phantom

Deq: limiting accumulated dose DL(0) approached for large 
L > Leq in conventional CT

H(L): DL(0)/Deq = approach to equilibrium function—also 
applies to stationary cone beams as H(a)

Leq: scan length required for the central dose DL(0) at z = 0 to 
approach within 2% of Deq

Leq: 470 mm on the central axis of the 32 cm diameter PMMA 
body phantom

E: the total energy absorbed in the phantom (integral dose) along 
and about a given z-axis

η: scatter to primary ratio S/P
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39
Dual-Energy X-ray Computed Tomography

Kostas Perisinakis

39.1 Introduction—Evolution of CT Technology

Since the advent of spiral computed tomography in the early 
1990s, the chase of the “magic triangle of CT imaging” (see 
Figure 39.1), was the driving force for the Computed Tomography 
(CT) “slice war” that went on for about two decades. Having 
reached a plateau regarding speed, coverage, and isotropic 
 resolution, and having managed to adequately fulfill the demands 
for reliable cardiac CT and perfusion studies, the CT slice war 
was brought to an end in the late 2000s. However, a new chal-
lenge between vendors soon emerged, associated with the dual 
energy CT (DECT) imaging (Lell et al. 2015, Mahesh et al. 
2013). The term “dual energy CT” refers to acquisition of data 
corresponding to two different photon spectra, and, therefore, it 
is also referred as “spectral CT.” The idea to employ CT beams of 
different spectra to enhance material differentiation had already 
been conceptualized during the 1970s, soon after the first clini-
cal CT (Alvarez and Macovski 1976), but DECT did not achieve 
clinical significance and widespread clinical application till the 
introduction of dual-source CT systems in 2006. Ever since, 

DECT has been a new exciting field for the radiology commu-
nity, and the main driving force for CT technology advancement.

Nowadays, all CT vendors put considerable efforts into 
 developing CT systems capable of performing DECT examina-
tions with different technical implementation approaches, while 
novel clinical applications of DECT are continuously introduced.

The aim of this chapter is to provide the basic physics and prin-
ciples of DECT imaging and describe the different technologies 
for implementation of DECT available in modern CT systems.

39.2  Physics and Principles of Dual-
Energy CT Imaging

39.2.1 CT Image Production

For the purposes of CT imaging, the human body is considered 
virtually fragmented in cubic voxels of equal size, as shown 
in Figure 39.2. CT imaging refers to the creation of a series of 
images corresponding to successive transverse slices of a patient’s 
body (see Section III, Chapter 32). Each slice corresponds to a 
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layer of cubic voxels. The CT image pixel value corresponding 
to each voxel is defined by the mean attenuation ability, thus, 
the linear attenuation coefficient, µ, of the tissue included in the 
voxel. Attenuation coefficients for each voxel are determined by 
measuring the transmission profiles of a thin X-ray beam pen-
etrating the patient body from different directions. To simplify 
mathematical formulations, the incident X-ray beam will be 

assumed to comprise parallel X-rays, as shown in Figure 39.3. In 
reality, modern CT scanners employ fan-beam geometry to derive 
transmission profiles, which may be interpolated to parallel X-ray 
beam transmission profiles. The number of transmission profiles 
obtained in one rotation is of the order of 1000. That means that 
a transmission profile is obtained every 0.36° ≈ 360°/1000 as the 
tube rotates around the patient’s body.

Assuming a monochromatic X-ray CT beam of photon energy 
E, initial intensity I0, and transmitted intensity I, along the line 
(r,θ), projection generation may be described as

 

I I e P x y ds,( )E ( )x y ds

E= ∫ ⇒ =
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and µE(x,y) is the linear attenuation coefficient of the tissue con-
tained in the voxel at location (x,y) for the energy E of the X-rays 
within the beam.

CT scanners employ polychromatic X-ray beams, and 
 projection generation may be approximated by
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where Emax = e ⋅ kV (kV the tube voltage setting for CT acq ui sition).
Assuming the effective energy, Eeff, of the CT beam spectrum, 

we may approximate projection data by
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The line integrals, ∫ −
+

∞
∞

µEeff ( )x y ds, , are used to derive the 
 values µEeff x y( ),  through back-projection or iterative reconstruc-
tion methods. The estimated µEeff x y( ),  values are scaled against 
the attenuation coefficient of water to derive the CT  number 
(pixel value) in Hounsfield units (HU) of each voxel as
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where µEeff w,  is the linear attenuation coefficient of water for the 
effective energy of the CT beam employed during acquisition. The 
single-energy CT (SECT) allows the production of CT images cor-
responding to a specific CT beam spectrum with a specific mean 
photon energy, which is defined prior to  acquisition by the opera-
tor’s selection of the operating tube  voltage (kV) and beam filtration.

39.2.2 CT Number and CT Beam Energy Spectrum

CT beams commonly involve X-ray photons in the energy range 
of 20 to 140 keV (see Section I, Chapter 1). For this photon energy 
range, the linear  attenuation coefficient, µ, is essentially defined 
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FIGURE 39.1 The magic triangle of CT.
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by the probability of Compton scattering and the probability of a 
photoelectric effect. Therefore, the linear attenuation coefficient 
may be approximated by:

 µ µ µ= +C P.  (39.4)

The Compton scatter component, µC, depends on photon 
energy, E, and electronic density, ρe, which is proportional to 
material density, ρ. The photoelectric effect component, µP, 
depends strongly on atomic number, Z, and photon energy, E, 
and less on material density, ρ, such as

 
µ

ρ
C C KNk f E= ⋅ ⋅⋅
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where kC and kP are empirical constants, Z is the atomic number, 
A is the atomic weight, and fKN is the Klein–Nishina  formula, 
which is a function of energy similar to Ε−1 (Alvarez and 
Macovski 1976, Wang et al. 2012). It is noted that ρ ⋅ (Ζ/Α) is 
equal to electron density, ρe (the number of electrons per unit vol-
ume). Also, the ratio Z/A is nearly constant (≈0.5) for all mate-
rials except for the hydrogen and the heaviest materials of the 
periodic table, which are not found in human tissues.

For low Z materials found in water-like tissues, the lin-
ear attenuation coefficient, µ, is predominantly defined by µC 
and,  therefore, the Compton effect is the main determinant of 
soft  tissue contrast. Besides, in high Z materials, such as bone 
or iodine, µ is predominantly defined by µP and, therefore, a 
 photoelectric effect may be exploited to differentiate such mate-
rials (Omoumi et al. 2015a). It is also noted that the energy 
dependency of µC and µP are  considerably different.

When a single CT beam spectrum produced at 120 kV (effec-
tive photon energy ∼65 keV) is employed, differentiation of tis-
sues containing calcium or iodine may not be possible on the 
basis of the calculated attenuation level, since both tissues may 
be depicted with CT number of about 1000 HU, as shown in 
Figure 39.4. If, however, attenuation data are separately recorded 
for two CT beams produced at 80 and 140 kV (effective photon 
energies of ∼55 and ∼75 keV, respectively), differentiation may 
be possible given that tissue containing iodine would have sig-
nificantly different CT numbers at lower and/or higher energy 

CT beam, compared to calcium, due to its higher atomic number, 
Z (Figure 39.4). This is the basic principle of DECT imaging.

39.2.3  The Principle of Decomposition to 
Basis Materials in DECT Imaging

The value µE x y( ),  of a tissue voxel may be written as in 
Equation 39.4

 µ µ µE E C E Px y x y x y ,( ), ( , ) ( , ), ,= +  (39.5)

and may be considered as a linear combination of the basis 
 functions, Ε−1 and Ε−3:

 µE x y c x y E p x y E ,( ), ( , ) ( , )= ⋅ + ⋅− −1 3

 (39.6)

where c(x,y) and p(x,y) are material-specific weighting factors 
exclusively defined by the physical density, ρ, the atomic num-
ber, Z, and the atomic weight, A, of the attenuating material 
 contained in voxel (x,y).

The attenuation coefficient, µ, of any material may be repre-
sented by a linear combination of the physical basis functions 
of E (i.e., E−1 for Compton scattering and E−3 for photoelectric 
absorption). The attenuation coefficient, µ, of any material may 
also be represented as a linear combination of the attenuation 
coefficients, µ1 and µ2, of two other (different) materials, since 
these other materials are themselves a linear combination of the 
physical basis functions of E (Yu et al. 2012, Wang et al. 2012).

The linear attenuation coefficient of the tissue material 
 contained in voxel (x,y) may, thus, be approximated as

 µ µ µE E Ex y f x y f x y ,( ), ( , ) ( , ), ,= ⋅ + ⋅1 1 2 2  (39.7)

where µ1,E and µ2,E are the known linear attenuation coefficients 
of materials 1 and 2 for photon energy E, whereas f1(x,y) and 
f2(x,y) are the unknown weighting factors, representing how 
much the material of voxel (x,y) is similar to materials 1 and 2, 
respectively.

The above approximation is good as long as

 1. The K-edges of either basis materials 1 or 2 appear at 
photon energies below ∼20 keV that have a relatively 
low contribution to CT beam spectrums commonly 
employed.

 2. The attenuation coefficients of the two basis materials 
have different enough energy dependence.

It is noted that, even for a material such as iodine, with K-edge 
appearing at ∼33 keV, the associated inaccuracy is minor and 
may be ignored.

Introducing physical densities, ρ1 and ρ2, of basis materials 1 
and 2, Equation 39.7 may be written as
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where (µ/ρ)1,E and (µ/ρ)2,E are the known mass attenuation 
coefficients of materials 1 and 2 for photon energy, E, and 
ρ1(x,y) = ρ1 ⋅ f1(x,y) and ρ2(x,y) = ρ2 ⋅ f2(x,y) are the unknown den-
sities of materials 1 and 2 in the voxel (x,y). Equation 39.8 is referred 
to as the decomposition principle, and expresses the equivalency 
regarding photon attenuation of a material-layer of specific thick-
ness to the combination of two layers of two different materials 
with thicknesses that may be derived from Equation 39.8.

Apparently, if the attenuation of a voxel may be measured with 
two CT beams of different mean energy the quantities ρ1(x,y) and 
ρ2(x,y) may be derived by the 2 × 2 system of equations yielded.

39.2.4 DECT Data Acquisition and Manipulation

Assume we acquire attenuation data using two different CT 
beams, one low-energy (LE) (e.g., produced using kV1 = 80 kV 
tube voltage), and one high-energy (HE) (e.g., produced using 
kV2 = 140 kV tube voltage). Assume also that the basis materials 
of interest are water and iodine.

The two sets of projection data acquired may be described as
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where Emax,1 = e ⋅ kV1 and Emax,2 = e ⋅ kV2, and µE(x,y) is the 
attenuation coefficient of the voxel (x,y) for E photon energy.

As outlined in Figure 39.5, there are two methods for process-
ing data described in Equation 39.9 to generate DECT images 
depicting the iodine and water content in patient tissues (Coursey 
et al. 2010, Bolus 2013):

 1. Image-based production of DECT images (or post-
reconstruction method).

 2. Raw data-based production of DECT images (or pre-
reconstruction method).

39.2.4.1  Image-Based Production of DECT Images

The LE and HE transmission data described by Equations 39.9 
are used to estimate µLE(x,y) and µHE(x,y) through reconstruction, 
and produce the LE and HE CT image series. However, µLE(x,y) 
and µHE(x,y) may be decomposed to
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The above 2 × 2 system of equations with ρI(x,y) and ρw(x,y) 
as unknown quantities may be solved only if the determinant of 
the system is not 0:
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This restriction reflects the need for selection of basis materi-
als with considerably different attenuation properties.
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The resulting estimates of ρI(x,y) and ρw(x,y) may be used to 
produce “iodine content” and “water content” images, respec-
tively. In other words, basis material CT images of the examined 
patient may be produced by a linear combination of the recon-
structed LE and HE images.

The image-based method is simple and fast, since it does not 
require high computing power. However, if reconstructed LE and 
HE images suffer from artifacts (metal artifacts), DECT images 
will also suffer from these artifacts.

39.2.4.2  Raw Data-Based Production of DECT 
Images (or Pre-Reconstruction Method)

Substituting µE(x,y) from Equation 39.8 into Equation 39.9 
we may derive the following set of equations:
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This is again a 2 × 2 system of equations with unknown 
quantities
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Solving the system of Equation 39.11 we determine the line 
integrals described by Equation 39.12, which may be used by the 
reconstruction algorithm to derive “iodine content” and “water 
content” images. Solving the system of Equation 39.11 is not 
trivial, and requires elevated computing power. Several methods 
have been proposed to solve Equation 39.11. Since analytical pre-
sentation of these methods is beyond the scope of this chapter, a 
brief description is given as follows.

 1. Non-linear method: Is based on the assumption that 
projection data is a power series of line integrals 
described in Equation 39.12, and the solution is derived 
by using a polynomial least squares fitting algorithm.

 2. Iso-transmission method: Introduced to speed up solv-
ing Equation 39.11, this method is based on the assump-
tion that the LE and HE CT beams used during DECT 
data acquisition are monochromatic beams with energy 
equal to the mean effective energy of each CT beam 
spectrum used.

 3. Combined method: Incorporates the above two methods, 
while it takes into account the disturbing beam hardening 
effect with the introduction of a beam  hardening term.

The main advantage of the raw data-based over the image-based 
method is the ability to anticipate the beam hardening effect and 
produce more accurate CT images free of beam  hardening arti-
facts (Pessis et al. 2015, McCollough et al. 2015, Yu et al. 2012). 

However, apart from high computing effort, this method requires 
temporal and spatial matching of low- and high-energy projection 
data during acquisition, which may not be  fulfilled by the dual-
source DECT approach, as discussed later in this chapter.

39.2.5 DECT Image Series

Having determined the distributions ρI(x,y) and ρw(x,y) of iodine 
and water in patient tissues, the following image series may be 
produced (Landry et al. 2011, Omoumi et al. 2015a, Almeida 
et al. 2017):

 1. Material-specific image pairs: DECT-produced iodine 
content images, ρI(x,y), provide a more reliable mea-
sure of tissue iodine uptake compared to conventional 
SECT contrast-enhanced imaging. Assuming ρ(x,y) 
≈ ρI(x,y) + ρw(x,y), and removing the iodine content, 
ρI(x,y), we may virtually generate images of patient 
tissues without contrast medium, which may be con-
sidered equivalent to the true unenhanced images. 
These images are referred to as virtual non-contrast 
images. Generation of virtual non-contrast images may 
eliminate the need for an un enhanced acquisition, thus 
reducing both radiation dose and examination time 
for CT studies where both unenhanced and contrast-
enhanced image series are clinically required.

 2. Monoenergetic images: Substituting Equation 39.8 into 
Equation 39.3 we may produce images corresponding 
to any specific photon beam energy through
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  An obvious advantage of DECT imaging over SECT 
imaging originates from the ability of DECT to produce 
CT images corresponding to any monoenergetic CT 
beam of photon energy, E, post-data acquisition. This 
enables the production of images with the optimum 
contrast for the pathology to be investigated without the 
need to make a wise guess prior to the examination, and 
is referred to as virtual monochromatic (or monoen-
ergetic) image CT series production. Low-energy 
 monochromatic (45–55 keV) images may be prefer-
able for studies with high contrast between lesions and 
adjacent tissues (e.g., CT angiography); intermediate-
energy monochromatic images (60–75 keV) may be 
preferable for evalu ation of soft tissues due to achieving 
the  optimum balance between adequate contrast and 
reduced image noise, while high-energy monochro-
matic images (95–140 keV) may be preferable in the 
case of metal implants to reduce artifacts.

 3. Electron density (ρe) images and effective atomic 
number (Zeff) images: The electron density, ρe, and the 
 effective atomic number, Zeff, of each voxel may be 
derived by
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 where Z is the atomic number, A the mass number, and 
NA the Avogadro constant.

39.2.6 Tissue Composition Identification

Assume DECT acquisition at 80 and 140 kV. The CT num-
ber of a voxel containing water-like tissue (i.e., tissue with 
the same Zeff as water) is not expected to change from low- to 
high-energy imaging (i.e., HU80 ≈ HU140). Water-like tissues 
of lower or higher density are depicted with CT numbers <0 
or >0 HU, respectively, which remain unaltered, irrespective 
of the CT beam energy used. If, however, the voxel contains 
tissue that differs from water regarding Zeff, then HULE ≠ 
HUHE. The influence of Zeff and density on the CT numbers 
determined for low- and high-energy acquisitions may be 
graphically represented, as in Figure 39.6. Soft tissues lay on 
the identity line, while bone and tissues with iodine uptake 
correspond to lines with steeper slopes. The position of each 
tissue voxel on the plot is defined by Zeff, and density as also 
indicated in Figure 39.6.

The dual energy index (DEI) has been introduced to aid 
 material differentiation (Wang et al. 2012). DEI is defined as

 
DEI

HU HU
HU HU
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−

+ +
80 140

80 140 2000
.
 

Each tissue type is characterized by a specific DEI, as 
 illustrated in Table 39.1. Therefore, the calculated DEI value 
for a specific volume of inerest may aid identification of tissue 
 chemical composition.

39.3  Technical Implementation 
of Dual-Energy CT

As has been explained in the previous paragraphs, DECT imag-
ing requires acquisition of two separate sets of projection data 
obtained employing two CT beams of different effective energy. 
However, two requirements must be satisfied for accurate results:

 1. The high- and low-energy sets of projection data should 
be acquired using CT beams with sufficiently large 
energy separation to achieve the highest possible dif-
ference regarding attenuation properties of the various 
tissues. The lower the energy separation of the two CT 
beams employed, the higher the noise of the material-
specific images produced, and considerable uncertain-
ties are introduced regarding tissue decomposition.

 2. The time between low- and high-energy CT acquisi-
tions must be short enough to achieve temporal and 
spatial matching of low- and high-energy projection 
data, in order to avoid the uncertainty resulting from 
patient motion or contrast uptake/washout.

During the last decade, CT vendors have put considerable effort 
into developing CT systems capable of performing DECT examina-
tions (Johnson 2012, McCollough et al. 2015, Omoumi et al. 2015a, 
Aran et al. 2014). The following five different technical implemen-
tation approaches for DECT data acquisition have been employed:

 1. Consecutive acquisition.

 2. Dual-source.

 3. Rapid tube voltage switching.

 4. Dual-layer detector.

 5. Twin beam filtering.

39.3.1 Consecutive Acquisition DECT

This is the simplest approach originally developed for single-
source CT scanners. Low- and high-energy CT projection data are 
collected consecutively (e.g., the low-energy data are obtained after 
the low-energy projection data). DECT data are acquired consecu-
tively using either sequential (axial) or helical  acquisition mode.

To consecutively acquire DECT data in sequential mode, the 
system operates in sequential mode, allowing the acquisition of 

TABLE 39.1

DEI Values for Several Tissue Types

Tissue DEI

Bone 0.1148

Liver 0.0011

Lung −0.0021

Soft tissue −0.0052

Skin −0.0064

Proteins −0.0087

Fat −0.0194

Gall fluid −0.0200
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FIGURE 39.6 Low-energy versus high-energy CT numbers.
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two consecutive axial scans with CT beams of different mean 
energy, as shown in Figure 39.7. The patient table remains station-
ary during either acquisition, thus, high- and low-energy projec-
tion data are obtained for the same anatomic region of the patient. 
This approach has been adopted by Toshiba (Aquillion One, 
Toshiba Medical Systems), since it may be best fitted to wide-area 
detector CT scanners which provide high body coverage per rota-
tion along the z-axis. Apparently, there is a relatively long delay 
between the acquisitions of high- and low-energy projection data, 
which is equal to the rotation time plus an additional time interval 
for the change of tube voltage from the high to low value.

To acquire DECT data in helical mode, the system operates in 
helical mode, allowing the acquisition of two consecutive helical 
scans with CT beams of different mean energy (e.g., beams pro-
duced at 140 and 80 kV). Apparently, there is an even longer delay 
between the acquisitions of high- and low-energy  projection data, 
which is equal to the time required for the first scan to be com-
pleted plus the time to retrieve the starting  position of the table.

Consecutive DECT acquisition (using either sequential or 
helical acquisition mode) requires minimal hardware effort, but 
suffers from the apparent limitation regarding the considerable 
temporal difference between high- and low-energy projection 
data acquisition. This temporal mismatch may result in errors 
due to cardiac/respiratory motion or the early dynamic phase 
of contrast medium uptake in the investigated tissues. Software 
based solutions have been introduced to correct for potential 
motion between the two consecutive acquisitions, but still this 
method is limited in clinical DECT applications that do not 
involve dynamic administration of iodinated contrast medium, 
such as kidney stone characterization or uric acid detection in 
patients with gout.

39.3.2 Dual-Source DECT

The concept of CT scanning with multiple sets of X-ray tubes–
detector array pairs was first investigated during the late 1970s, 
just a few years after the clinical endorsement of CT. However, 
the first commercially available dual-source CT scanner was 
launched in 2006 by Siemens (Somatom Definition, Siemens 
Healthcare). The driving force for implementing dual-source 
CT systems was mainly the need for speed in data acquisition to 
achieve reliable cardiac CT imaging. Concomitantly, however, 
dual-source systems allowed DECT data acquisition revitalizing 
the interest in clinical applications of DECT and triggering the 
DECT technology war between vendors that festered during the 
following years.

Dual-source CT scanners are equipped with two X-ray tube–
detector array sets mounted on the rotating gantry with an 
angular offset of nearly 90°, as shown in Figure 39.8. The two 
X-ray tubes may operate at different kilovoltages, providing 
low-energy and high-energy projection data of the same patient 
body slice that differ in time by only ∼1/4 of the rotation time. 
Also, independent selection of tube voltage and tube current for 
each X-ray source allows the selection of appropriate exposure 
settings and utilization of tube current modulation techniques, 
ensuring essentially the same noise for low- and high-energy 
projection data.

Moreover, improved energy separation of low- and high-
energy CT beams may be achieved by independent selection 
of beam filtering for the low- and high-energy CT beams. 
In   second generation dual-source CT scanners (Somatom 
Definition Flash, Siemens Healthcare), an additional 0.4 mm 
tin filter could be applied to high-energy CT beams (i.e., 
140 kV) to further increase the mean energy of high-energy 
CT beams, further improving energy separation between low- 
and high-energy attenuation data acquisitions. The ability to 
vary beam filtration of high-energy CT beams, rather than 
using fixed filtrations for low- and high-energy CT beams, 
enabled the use of a higher tube voltage for the low-energy CT 
beams (e.g., 100 kV instead of 80 kV). The 80 kV acquisition 
is generally problematic in the case of large patients referred 
for DECT, due to high noise levels of acquired projection data. 
The use, however, of 100 kV for the low-energy CT beam in 
association with heavier filtration of the high-energy CT beam, 
reported to allow accurate DECT studies even for oversized 
patients.

Step 1

80 kV/660 mAs
scan

135 kV/330 mAs
scanTube voltage change

80→135 kV

t1 = 0.23 s t2 = 0.12 s t3 = 0.23 s

Step 2 Step 3

FIGURE 39.7 Sequential DECT acquisition.

X-ray source 1

X-ray source 2

FIGURE 39.8 Dual-source CT.
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Dual-source systems employ three material decompositions, 
thus, voxel tissue is decomposed in three different basis materials 
(e.g., iodine, soft tissue, and fat). DECT allows the quantification 
of only two basis materials, since it involves two independent 
projection attenuation measurements. Assuming a pixel compris-
ing three different materials with known chemical compositions, 
decomposition with only two different spectral measurements 
can also be realized by adding a total mass constraint, thus, the 
sum of the masses of each of the three materials contained in a 
voxel makes the total voxel. In terms of volume fractions of each 
material, this constraint may be expressed as

 f f f1 2 3 1,+ + =  

where fi = ρi/ρtot.
This constraint, together with the two equations regarding 

projection attenuation data at low and high-energy, CT beams 
comprise a 3 × 3 system of equations that can be used to solve 
for the three unknowns (i.e., the volume fractions of the three 
basis materials).

Despite the prominent advantages, the dual-source DECT 
approach suffers several weaknesses and limitations. First, the 
increased hardware demands and gigantic mechanical strains to 
be confronted render dual-source CT systems more expensive to 
purchase and of higher maintenance cost compared to single-
source CT systems. Second, in order to achieve an orthogonal 
 set-up on gantry and due to the limited space, the two X-ray 
source/detector array assemblies have a different field-of-view 
(FOV). While the FOV of the first X-ray source/detector array 
pair is 50 cm in diameter, the FOV of the second X-ray source/
detector array pair is limited to 26 cm in 1st and 33 cm in 2nd 
generation dual-source CT scanners (Figure 39.8). Also, dual-
source CT acquisitions suffer from cross-contamination radia-
tion effect, due to scatter, which cannot be thoroughly suppressed 
by anti-scatter grids. Moreover, high- and low-energy projection 
data collected by the two X-ray source–detector array pairs have 
a temporal difference which ranges between 71 and 125 millisec-
onds. Therefore, dual-source DECT is prone to patient body or 
organ motion-induced inaccuracies and sub-optimal for depict-
ing dynamic contrast uptake/washout. Last, but not least, raw 
data-based production of DECT images is not possible in dual-
source CT systems, due to the temporal mismatch of acquired 
projection data.

39.3.3 Rapid Tube Voltage Switching DECT

This approach is based on fast tube voltage switching between 
low and high kilovoltage as the tube-detector array pair rotates, 
as illustrated in Figure 39.9. Projection data is collected twice for 
approximately the same X-ray source position along the 360° arc 
of rotation (i.e., one for low- and one for high-tube voltage). This 
approach may be implemented only if advanced high-frequency 
low-capacitance generator and very fast detectors with low 
 afterglow are available. Introduced by General Electric, an inno-
vative scintillator material (Gemstone detector; GE Healthcare) 
has been reported to be 100-times faster than the standard 
ceramic (Gadolinium OxySulfide: GOS) scintillators This detec-
tor enabled increased speed of data sampling,  allowing the 
 collection of low- and high-energy projection data from a single 

X-ray source, which switches less than every 0.25 milliseconds 
as the X-ray tube-detector array pair rotates. Thus, low- and 
high-energy projection data are acquired essentially simultane-
ously (the temporal mismatch is <0.5 ms), without limitations in 
the scan FOV employed.

The nearly perfect temporal matching of low- and high-
energy acquisition data essentially eliminates motion-related 
 inaccuracies and enables accurate representation of the dynamic 
contrast-enhancement of investigated tissues. Moreover, rapid 
tube voltage switching DECT acquisition enables raw data-based 
 production of DECT images, which allows generation of images 
free from beam hardening artifacts. Rapid tube voltage  switching 
DECT systems are single-source systems having the ability to 
 operate also in constant tube voltage mode. Therefore, they are 
less expensive regarding purchase and maintenance.

However, this approach has its own limitations/disadvantages. 
The rotation time allowed for rapid switching kilovoltage DECT 
acquisitions has to be set higher than the minimum selectable 
value for constant tube voltage acquisitions to avoid going beyond 
the temporal signal discriminating capacity of the  detector. Also, 
the switching between low and high kilovoltage is not instanta-
neous (i.e., the voltage-time function is not rectangular, as it ide-
ally should be), but there are voltage ramp-up and ramp-down 
effects, rendering energy separation of low- and high-energy beam 
 spectra less than nominal. Tube load (mAs) cannot be selected 
independently for low- and high-energy beams, as in dual-source 
DECT systems. Having set the tube load to a specific constant 
value, if the time for low-energy and high-energy acquisition was 
the same, low-energy projection data would have much higher 
noise compared to high-energy projection data. This is overcome 
in commercially available CT systems employing a rapid switch-
ing kilovoltage technique, by defining a kilovoltage function that 
is not symmetrical, such as in every switch cycle X-ray tube that 
remains for a longer time at low kV compared to high kV, thus 
achieving similar noise levels for low- and high-energy projec-
tion data. Finally, activation of tube current modulation and inde-
pendent selection of beam filtration for low- and high-energy CT 
beams is apparently not possible in DECT acquisitions, where the 
system operates in rapid kilovoltage switching mode.

39.3.4 Dual-Layer Detector DECT

Instead of utilizing two CT beams of different effective photon 
energy to acquire low- and high-energy projection data, dual-layer 

Low kV

High kV

FIGURE 39.9 Fast kV-switching DECT acquisition.



813Dual-Energy X-ray Computed Tomography

detector DECT scanners utilize a single CT beam and an innova-
tive dual-layer energy-resolving detector. Low- and high-energy 
projection data are collected by the top and bottom detector layer 
correspondingly, as illustrated in Figure 39.10. Constructed by 
different material, the top and bottom detector layers present 
maximum detection sensitivity at different photon energy levels. 
Introduced by Philips (Icon Spectral CT, Philips Healthcare), the 
dual-layer detector, also referred to as the “sandwich detector,” is 
constructed by two layers: the top layer is thinner and consists of 
ZnSe or CsI, while the bottom detector is thicker and consists of 
Gd2O2S. Each detector layer thickness is appropriately defined so 
that almost 50% of the incident photons are absorbed by the top 
layer, with the remaining 50% being absorbed by the bottom layer. 
Despite the fact that not all of the photons absorbed in the top 
layer have less energy than photons absorbed in the bottom layer, 
the mean energy of photons absorbed in the top layer is lower 
than in bottom layer. A thin filter material is placed between the 
top and bottom detector layers to further attenuate the remaining 
low-energy photons reaching the bottom detector layer and, thus, 
increase energy separation of data collected by the two layers.

The apparent advantage of the dual-layer detector DECT 
approach is the ability to simultaneously collect low- and 
high-energy projection data. The perfect temporal and spatial 
 matching of corresponding projection data enables raw data-
based DECT imaging without the need of data interpolation, 
and allows for detection of the early phase of tissue contrast 
uptake changes. Using a single X-ray tube and having no extra 
 limitations regarding scan FOV, dual-layer detector scanners 
enable DECT  acquisition for all examinations performed in 
either spiral or sequential mode.

The dual-layer detector approach has certain limitations/ 
disadvantages. First, it is associated with relatively poor energy 
separation, since the overlap of photon energy spectra utilized to 
produce low- and high-energy data is much higher than DECT 
acquisitions with two CT beams with different energy spectra 
(e.g., produced at 80 and 140 kV). The low-energy  separation 
is associated with higher noise of the material-specific images 
 produced, which might be overcome by increasing beam inten-
sity (i.e., patient dose). Also, the dual-layer DECT approach 
requires increased hardware effort, due to the sophisticated 
detector-readout channels implementation, which considerably 
elevates the cost of purchase.

39.3.5 Twin Beam Filtering DECT

Introduced by Siemens (Somatom Definition Edge, Siemens 
Healthcare), this approach is based on the use of two movable 
filter materials to split the X-ray beam spectrum produced by a 
single X-ray source into two parts along the z-axis, as shown in 
Figure 39.11. The X-ray beam is pre-filtered using gold (Au) and 
tin (Sn), and correspondingly split into a high- and low-energy 
X-ray beam prior to reaching the patient.

The twin beam filtering DECT approach enables simultane-
ous acquisition of low- and high-energy data, while interpolation 
is employed to produce geometrically matched low- and high-
energy projection pairs. Dose reduction techniques, such as tube 
current modulation and iterative reconstruction schemes, are not 
obstructed, while the minimum rotation time and the full FOV 
are selectable for twin beam filtering DECT acquisitions. This 
approach has been implemented by Siemens.

Limited separation of X-ray spectra utilized for collection of 
low- and high-energy attenuation data is the main limitation of 
this approach. Also, high X-ray tube power reserves are required 
due to the additional Au-Tin filtration.

39.4  Clinical Applications and Future 
Perspectives of DECT

39.4.1 Clinical Applications

Having the unique ability to differentiate tissues and provide 
optimum image quality for the pathology investigated, DECT 
has opened new perspectives in imaging (McColough et al. 2015, 
Omoumi et al. 2015b, Runge et al. 2015, Mahesh et al. 2013, 
Fornaro et al. 2011, Coursey et al. 2010, Almeida et  al. 2017). 
During the last decade, researchers have increasingly focused to 
exploiting the unique diagnostic advantages of DECT imaging. 
Currently there are several well established clinical applications 
of DECT, as listed in Table 39.2. Exploitation of acquired DECT 
projection data may require complex post-processing techniques 
and reader’s interactivity. Associated with increased computing 
effort and interpretation time, manipulation of DECT datasets is 
commonly  performed in a dedicated  workstation with vendor- 
specific DECT processing software packages. Apparently, DECT 
data obtained with a specific scanner  cannot be processed on a 
 workstation of a different vendor.

Incident X-ray photons
(100%)

Filter
between

layers

Photodiodes to read-out signal
on the side of detector

(not on the bottom)

Low energy
projection date

≈50%

≈50%

High energy
projection date

High energy
CT image

Low energy
CT image

FIGURE 39.10 Dual-layer detector DECT.

Au �lter

High-energy
beam

Low-energy
beam

Z

X

Y
Sn �lter

FIGURE 39.11 Twin beam filtering DECT.
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39.4.2 Future Perspectives of DECT

39.4.2.1  Patient Exposure Optimization

Apart from developing innovative clinical applications (refer to 
Table 39.2) to further exploit the unique advantages of DECT, inten-
sive research efforts are currently devoted to optimization of DECT 
acquisition regarding diagnostic quality and patient radiation bur-
den. At present, there are contradictory reports regarding patient 
radiation burden from DECT versus SECT imaging (Johnson 2012, 
Wang 2009, Coursey 2010). Second generation dual-source DECT 
has been reported to be dose neutral, while there are other investiga-
tions reporting a 2- to 3-times higher dose from DECT versus SECT 
acquisition exposures. Virtual non-enhanced CT images generated 
from DECT data have been reported to occasionally render avoid-
able the non-enhanced CT acquisition, thus reducing total patient 
exposure. This further enhances confusion regarding DECT versus 
SECT dose comparisons. Besides, the considerable differentiation 
of technical implementation approaches for DECT and the variety 
of dose sparing tools/techniques available in  modern DECT scan-
ners render dosimetric comparison of different DECT systems 
problematic. In conclusion, the puzzle regarding  comparison of 
dose from DECT to SECT or between DECT scanners with dif-
ferent technology is not definitively solved yet, and  further DECT 
dosimetry studies are required.

39.4.2.2  From Dual- to Multi-Energy CT Imaging

Apart from the dual energy technical approaches already imple-
mented in commercially available DECT systems, intensive 
research efforts are currently devoted on multi-energy spectral CT 
(MECT), thus, the acquisition of projection data for more than two 
different energy levels with just one X-ray tube- detector array pair 
(Johnson 2012, McCollough et al. 2015, Atak and Shikhaliev 2015). 
The key for implementing such an approach is the development of 

energy-resolving photon-counting detectors (see Section I, Chapter 
13). Such detectors should be extremely fast to count each indi-
vidual photon, as it interacts with the detector and discriminates 
arriving photons on an energy basis. This is similar to the gamma-
camera approach in detecting photons. However, the photon flux 
hitting a gamma-camera during scintigraphy (<10 counts/s at 
1 mm2 detector surface) is much lower than the flux associated with 
commonly employed CT beams (∼109 counts/s at 1 mm2 detector 
surface). Candidate detector materials under testing are radiation 
sensitive semiconductors (e.g., Si, CdZn, CdZnTe) that directly con-
vert incident photon energy to an electric pulse, the height of which 
is proportional to the energy of the incident photon. It is noted that 
ceramic detectors in a commercially available CT scanner convert 
absorbed photon energy to light and then to an electrical signal. 
Photon-counting detectors, in association with advanced elec-
tronic circuitry, may enable direct and simultaneous acquisition of 
projection data in more than two energy bins, providing the basis 
for multi-spectral CT imaging. Apart from the improved spectral 
information made  available, these systems  have been reported 
to be more dose efficient  compared to currently available DECT 
scanners. Despite the apparent  technical difficulties, not yet fully 
overcome, semiconductor detector based spectral CT systems have 
already being pre- clinically tested and are expected to enter the CT 
market in the near future.
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40
Soft X-ray Tomography: Techniques and Applications

Axel A. Ekman, Tia E. Plautz, Jian-Hua Chen, Gerry McDermott, Mark A. Le Gros, and Carolyn A. Larabell

40.1 Introduction

In an ideal world, one would be able to examine the fine-struc-
tural details of a cell using a simple, bright-field (BF) light micro-
scope, and cellular imaging would be cheap, fast, and easy to 
perform. Unfortunately, real-world factors prohibit this Utopian 
fantasy. The spatial resolution of a light microscope is “diffrac-
tion limited”—it is directly proportional to the wavelength of the 
light (Abbe 1873). For example, using 500 nm green light illu-
mination and an objective lens with a numerical aperture (NA) 
of one limits the spatial resolution of the microscope to roughly 

200 nm, not good enough to visualize detailed subcellular struc-
tures (Hell et al. 2004, Huang et al. 2011). In addition, very few 
cellular structures contain chromophores or fluorophores. As a 
result, most cell contents are optically transparent towards vis-
ible light (Alberts et al. 2008). Of course, specific regions of the 
cell can be “painted” with dyes, stains, or genetically encoded 
fluorescent tags and then imaged using, for example, a fluores-
cence microscope (Chalfie et al. 1994, Tsien 2005, Ellisman et al. 
2012, Kilgore et  al. 2013). While this approach is enormously 
informative, and has been responsible for much of our knowledge 
of cell sub-structure and cellular organization, it is not without 
perceived obstacles. For example, there is always concern that 
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the process of painting can damage or rearrange delicate cel-
lular features, or the paint moiety can bind in the wrong loca-
tion, or not stick as expected. Any of these can result in images 
that do not represent the true in vivo organization. Overcoming 
these shortcomings requires microscopes capable of imaging 
beyond the diffraction limit of visible light optics and the capac-
ity to visualize unstained biological material. Soft X-ray micros-
copy overcomes both of these shortcomings of light microscopy 
(Rudolph et al. 1986, Kirz et al. 1995, Weiß et al. 2000, Larabell 
and Le Gros 2004). The short wavelength of soft X-rays, com-
pared to visible light, permits imaging at significantly higher 
spatial resolution. And, as will be described in the following sec-
tions, soft X-ray microscopy yields images of cells without the 
need to paint them with exogenous visualization aids.

Since their discovery in 1895 by W.C. Röntgen, X-rays have 
enabled the internal structure of an object to be viewed with-
out breaking the object apart (Hessenbruch 2002) (see Section 
II, Chapters 17 and 18). This process is ubiquitous and used, for 
example, to examine one’s bags at airport security, or to check 
for broken bones at a doctor’s office. These everyday applications 
rely on X-rays with energies upward of a few keV. These short 
wavelength photons, called “hard” X-rays, can readily penetrate 
thick objects. While potent in certain applications, this character-
istic of hard X-rays makes imaging cells difficult. This is because 
the contrast in X-ray imaging is based on the attenuation of light, 
but hard X-ray photons pass through cells with minimal attenua-
tion. Therefore, simple transmission microscopy methods do not 
generate meaningful images of unstained cells. Nonetheless, sig-
nificant effort is currently being invested in using hard X-rays for 
cellular imaging using coherent diffraction-based methods, such 
as ptychography (Bartels et al. 2012, 2015, Wilke et al. 2012).

Soft X-rays, that is, photons with significantly longer wave-
lengths (10–100 nm), interact very strongly with most materi-
als, including biological specimens (Sayre et al. 1977, Attwood 
2007). The attenuation of soft X-rays by organic materials is four 
orders of magnitude greater than it is for hard X-rays. In practice, 
this means soft X-rays can fully penetrate biological specimens 
that are 10–15 microns thick, depending on molecular composi-
tion (Schneider et al. 2002, Parkinson et al. 2013). Therefore, soft 
X-rays are capable of penetrating an entire eukaryotic cell (Leis 
et al. 2009). In addition, soft X-rays generate useful contrast in 
a bright-field image of a cell, provided the illuminating pho-
ton energies fall within the “water window” range. (Weiß et al. 
2001, Larabell and Le Gros 2004, Larabell and Nugent 2010). 
This particular range of energies lies between the K-absorption 
edges of oxygen (2.34 nm; 530 eV) and carbon (4.4 nm; 280 eV) 
(Attwood 2007). As the name suggests, water is transparent in 
water window illumination, while biomolecules are an order of 
magnitude more absorbing* (see Figure 40.1).

The attenuation of soft X-rays as they pass through a cell fol-
lows the Beer–Lambert law, that is, the differential attenuation is 
linear and a function of chemical composition (Attwood 2007) 
(see Section I, Chapter 1). Cells are comprised of 70% water 
and 30% macromolecules (proteins, nucleic acids, and carbohy-
drates), which are heterogeneously distributed throughout the cell 
(Alberts et  al. 2008). Consequently, the attenuation varies as a 

* Throughout this chapter, one should assume, unless otherwise stated, that 
soft X-ray imaging is done with water window energy illumination.

function of the particular macromolecule content at each point in 
the cell (Parkinson et al. 2013). For example, a region of the cell 
with a low macromolecule concentration and high water content, 
such as a vacuole, will only slightly attenuate the illumination, 
whereas densely packed membranes or lipid drops will stop the 
transmission of considerably more of the illumination. The net 
result is sharp differences in transmission and the generation of 
image contrast with excellent signal-to-noise ratio (SNR). In the 
context of biological materials, imaging with X-rays in this energy 
range results in images with quantifiable intrinsic contrast. This 
eliminates the need for contrast enhancement procedures to visu-
alize subcellular structures (Weiß et  al. 2000, Meyer-Ilse et  al. 
2001, Larabell and Le Gros 2004).

Soft X-ray microscopes for cell imaging typically operate in 
transmission mode and are capable of tomographic data acquisi-
tion. By imaging the specimen from many different viewing angles 
around a central rotation axis, a series of 2D projection images 
may be computationally reconstructed into a 3D reconstruction of 
the specimen that reveals both the external and internal structures.

In this article, we discuss the current state-of-the-art in soft 
X-ray tomography (SXT) in biological imaging. Section 40.2 
describes the physical basis for soft X-ray imaging and the 
essential components of a soft X-ray microscope. Section 40.3 
describes the model for image formation of a soft X-ray micro-
scope and discusses the practical limitations of a SXT system; 
these include the optical and statistical limitations, as well as 
those that are derivative of radiation damage to the sample. 
Section 40.4 describes image alignment and reconstruction meth-
ods. It also discusses image segmentation, which aids in the inter-
pretation of the data that are present in an image. Section 40.5 
discusses the present applications for SXT in cell biology. Finally, 
Section 40.6 provides a summary of the future goals for SXT and 
its considerable potential for use in correlated imaging studies.

40.2 X-ray Microscopes in Transmission Mode

The interaction of light with matter provides the basis for all 
contrast in microscopy. When radiation is incident on a mate-
rial, several fundamental processes may occur. These include, 
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FIGURE 40.1 The region of X-ray energies between the K-edges of carbon 
and oxygen, that is, between 280 and 530 eV, is called the water window. In this 
region, the linear absorption coefficient (LAC) of carbon is of an order of mag-
nitude higher than for water, which produces contrast in biological samples.



819Soft X-ray Tomography: Techniques and Applications

but are not limited to, the photoelectric effect (photoabsorption), 
Rayleigh (coherent) scattering, Compton (incoherent) scattering, 
and pair production. The relative contributions of each of these 
processes depend on both the atomic composition of the material 
and on the energy of the incident ray (Figure 40.3). For photons 
in the soft X-ray energy range, the photoelectric effect signifi-
cantly dominates the other processes (Olive and Group 2014) and 
is thus the major source of contrast in soft X-ray microscopy. 
Because this region of energies exhibits a large number of atomic 
resonances, the photo absorption is strongly dependent on both 
the energy of the beam and the chemical composition of the sam-
ple. By tuning the energy of the incident beam, different atomic 
resonance energies become accessible. With careful selection 
of the beam energy, natural element-specific differences in the 
absorption become visible in the measured radiographs.

Biological soft X-ray microscopes are analogous to conven-
tional light microscopes; most existing microscopes function in 
transmission mode and are comprised of a source, condenser, 
objective lens, and a photon detector (see Figure 40.2). The 
source provides the necessary illumination of the sample, the 
condenser focuses light on the sample, the objective lens pro-
duces a magnified image, and the detector collects the raw pro-
jection images. However, there are two key differences between 
conventional BF microscopy and SXT. First, BF microscopy 
typically uses traditional optics for collecting and focusing light, 
whereas SXT systems require diffractive optics. Secondly, in 
BF microscopy, depth resolution (i.e., resolution in the beam 

direction) is achieved by through-focusing, whereas in SXT it 
is obtained via tomographic reconstruction of a set of projection 
images at a large number of viewing angles. In this section, we 
will discuss both the physical basis for soft X-ray imaging as well 
as the key features of a soft X-ray microscope.

40.2.1 X-ray Interactions with Matter

In SXT, the relevant physical processes are the processes of coher-
ent scattering and photoabsorption. These are described by the 
complex atomic scattering factor f = f1 − if2,* which describes 
the electric field amplitude of the scattered wave relative to that 
scattered by a free electron. For macroscopic interaction, f can be 
related to the (complex) refractive index of the material

 n = − +1 δ βi ,  (40.1)

where δ and β are the refractive index decrement and the absorp-
tion index, respectively (see also Section IV, Chapter 49). For soft 
X-rays of wavelength λ, the following relations hold:
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where re is the classical electron radius, na is the number density 
of atoms.

We define an electromagnetic plane wave of the form

 E E t= − − ⋅
0e

i( ),ω k r
 (40.4)

where E0  includes the complex phase factor of the wave. The 
propagating wave inside a medium is described by a similar wave 
function, constrained by the complex dispersion equation
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Solving for k yields
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which can be substituted into Equation 40.4 to give

 E E Et
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(40.7)

where k0 gives the wave number in a vacuum. It is now clear that 
the wave propagating in a material of index n undergoes both 

* Following the notation of Attwood (2007), corresponding to a plane wave 
of form e−i(ωt−kr). Note that, for example, the oft-cited results of Henke et al. 
(1993) use the sign convention f = f1 + if2.

Source Condenser:
capillary or FZP

MZPSample Detector

FIGURE 40.2 Schematic of the optical layout of a transmission soft X-ray 
microscope.
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a phase shift exp( )−i( / )2πδ λ r  and an exponential decay of its 
amplitude given by exp( ( ) )− 2πδ λ/ r .

Conventional photo detectors are only able to measure the 
intensity, I, of a detected electromagnetic field,* which is pro-
portional to the squared amplitude of the wave. From Equation 
40.7 we obtain

 I I
r

=
−

0

4

e
πβ
λ

 
(40.8)

where I0 is the intensity of the incident beam. We have now recov-
ered the familiar Beer–Lambert law, where the linear absorption 
coefficient (LAC), µ, is given by

 
µ

β
λ

=
4π

.
 

(40.9)

For some applications, it is more convenient to relate µ to an 
absorption cross-section σabs such that

 µ σ= na abs.  (40.10)

Substituting the relationships from Equations 40.3 and 40.9 
yields the microscopic relationship

 σ λa e= 2 2r f ,  (40.11)

which relates the imaginary part of the atomic scattering factor 
to the atomic absorption cross-section. f1 may be similarly related 
using modified Kramers–Kronig dispersion relations (Henke 
et al. 1993, Attwood 2007). Tabulated values for f1, f2, and µ for 
soft X-ray energies are found in Henke et al. (1993) (Figure 40.3).

40.2.2 Illumination

A bright, stable† light source is necessary for soft X-ray micros-
copy. A stable source minimizes reconstruction artifacts result-
ing from the improper normalization of the projection images, 
and brightness is required because prolonged scanning times 
increase the risk of mechanical drifting or thermal expansion, 
which both cause motion artifacts (Boas and Fleischmann 2012). 
In addition, the spectral bandwidth of the illumination must be 
narrow. There are two essential reasons for this. First, contrast 
in SXT is a function of energy (Figure 40.1), but because there 
is a high density of absorption edges in the soft X-ray energy 
range, LAC does not necessarily vary smoothly and continu-
ously. Therefore, the assumptions for simple polychromatic 
corrections (e.g., Herman 1979) do not apply. Second, X-ray (dif-
fractive) optics are highly chromatic; therefore, the design of the 
microscope necessarily requires a narrow spectral bandwidth. 

* Neither the shape, nor intensity, of the illumination should change signifi-
cantly during the period of acquisition.

† Full phase amplitude measurements of electric fields require use of cor-
relative easurements (Paye 1994) such as hetero-dyne detection (DeLange 
1968). In X-ray imaging, useful “phase-contrast” images can be obtained 
by various interferometric setups (Snigirev et al. 1995, Momose et al. 
1996, Pfeiffer et al. 2006).

As such, the sources of illumination presently used for SXT can 
be divided into two groups: plasma sources and synchrotron 
sources.

40.2.2.1 Synchrotron Sources

A synchrotron is a type of particle accelerator in which charged par-
ticles are constantly accelerated by an electric field and maintained 
in a cyclical orbit by a magnetic field (see Section I, Chapter 8). In 
a synchrotron light source, charged particles are accelerated by a 
booster system (usually a linac or another synchrotron) and injected 
into the storage ring, where they are maintained in a closed loop, 
and their kinetic energy is kept constant. By balancing the energy 
lost by the particles to radiation with the acceleration of the charged 
particles, it is possible to maintain a situation in which the electrons 
continuously circulate around the storage ring while producing a 
constant flux of photons for an extended period of time.

Modern (third generation) storage rings are not exactly circular 
but rather consist of long straight sections connected by regions 
where the orbit of the electrons is perturbed significantly, which 
are optimized to produce high-brightness radiation. Controlled 
perturbations of the electron orbit are accomplished using bend-
ing magnets, undulators, and wigglers. A detailed description of 
synchrotron radiation is given, for example, in Kim (1989).

Bending magnets sustain the (roughly) circular trajectory of 
particles in the storage ring. It is a well known phenomenon that 
a charged particle undergoing acceleration (such as that required 
for circular motion) will emit radiation. For a non-relativistic par-
ticle, the angular distribution of this radiated power is given by
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where a is the acceleration of the particle and Θ is the angle 
with respect to the direction of acceleration. Therefore, the 
majority of radiation is emitted orthogonal to the direction of 
acceleration.

When the velocity of the particle is relativistic with respect 
to a stationary observer, the angular distribution is Lorentz-
contracted and the emitted beam becomes highly peaked in the 
direction of the velocity of the particle (see e.g., Kim 1989 or 
Jackson 1999, Chapter 14). Therefore, the initially radially sym-
metric shape of the emitted radiation power becomes a narrow 
tangential cone of illumination, often referred to as a “search-
light,” that is energetically broad, as depicted in Figure 40.4. The 
angular distribution of the radiation in the cone may be rigor-
ously obtained by solving Maxwell’s equations for a relativistic 
electron in a uniform magnetic field. The solution is of the form 
of a modified Bessel function, which can be parameterized in 
terms of the critical energy of the beam, the energy which half 
the radiated power is in higher energy photons and half is in 
lower energy photons,

 E E Bc e= 0 6650 2. ,  (40.13)

where the value of the electron energy, Ee, is in GeV and the mag-
netic field B is in tesla (see Kim (1989) for details).
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Another way of producing radiation is with insertion devices, 
specifically, undulators and wigglers. These devices are installed 
in the linear sections of storage rings and produce a periodic 
magnetic field, which induces harmonic oscillation of the par-
ticles. The harmonic oscillation of the electron emits character-
istic radiation of wavelength
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where λu is the magnet period, γ is the Lorentz factor, γ2θ2 gives 
the off-axis wavelength variation, and K is a dimensionless 
parameter that can be expressed as (Attwood 2007)

 K B u= 0 9337. ,λ  (40.15)

with λu in centimeters and the magnitude of the magnetic field, 
B, in tesla.

In the limit where K ≪ 1, these periodic magnetic devices are 
called undulators. In the undulator limit, the transverse motion 
of the particles is small and the radiation displays interference 
patterns producing a narrow cone of high brightness. Because 
the radiation is produced by harmonic oscillation, the spectral 
bandwidth of the radiation is narrow and depends on the num-
ber of magnetic periods Δλ/λ = 1/N, but includes an angular 
dependence of the emitted radiation, given by the term γ2θ2 in 
Equation 40.14. This off-axis chromaticity has to be dealt with 
before use in SXT imaging, either by gratings or pinholes. The 
high coherence from these types of sources is not ideal for SXT, 
but as undulators provide higher flux, different methods to reduce 
the effect of the coherence on the image have been developed. 

Such methods are, for example, so-called rotating condensers 
(Niemann et  al. 2001), pseudo-random gratings (David et  al. 
2003), or specially manufactured diffraction lenses (Vogt et al. 
2006).

Wigglers are undulators with either strong magnetic field or 
large magnet period, such that K ≫ 1 and the transverse move-
ment of the electron becomes substantial. These large oscillations 
break down the positive interference and result in essentially a 
periodic, high power bending magnet emitting a broader spec-
trum of radiation and at higher energies, but of the two devices, 
undulators are the preferred device for SXT, because of the char-
acteristics of the emitted radiation.

A device which has gained a lot of attention in recent years is 
the free electron laser (FEL). This provides short high brightness 
pulses by self-amplification of spontaneous emission (SASE), 
where the electron beam spontaneously develops phase correla-
tion (McNeil and Thompson 2010, Pellegrini et al. 2016). This 
can be achieved in a very long undulator, in which the energy of 
single particles gets modulated by the interaction with the reso-
nant radiated field causing modulation of the longitudinal beam 
density, a process called micro bunching. This kind of high inten-
sity coherent beam can then be used for diffraction imaging (e.g., 
Shapiro et al. 2005, Chapman et al. 2006, Chapman and Nugent 
2010). Work is underway to develop cellular imaging methods at 
FEL sources; however, this is still in the early stages of develop-
ment, with significant technical hurdles to be overcome (van der 
Schot et al. 2015).

40.2.2.2 Tabletop Sources

The size and cost of synchrotron facilities are a potential limita-
tion on the availability of X-ray microscopy in research. Thus, a 

−1
0

1
−1 0 1

−1

0

1

2

3

4

5

xy

z

−1
0

1
−1 0 1

−1

0

1

2

3

4

5

xy

z

−50
0

50
−50 0 50

0

50

100

150

200

250

300

350

400

450

xy

z

FIGURE 40.4 The angular distribution of the radiated power of an accelerating particle with β = υ/c = 0.001 (left), 0.25 (center), and 0.866 (right). At rela-
tivistic velocities, the beam becomes elongated and the emitted power increases. x̂  is the direction of acceleration, ẑ  is the direction of the particle velocity.
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major requirement towards a broader adoption of the method as 
a mainstream imaging method is the availability of laboratory 
scaled imaging devices (Adam et al. 2005). Although, to date, 
the brightness of these kind of tabletop sources is of a couple of 
orders of magnitude lower than that of big-facility synchrotron 
sources, commercial devices are beginning to emerge, such as 
Excillum,* SIRIUS XT,† and Energetiq,‡ providing laboratory-
scale solutions to the SXT illumination.

Combining a very high temperature and high density plasma 
can compress a large number of charged-particle interactions 
into a highly compacted source that produces a formidable 
electrodynamic many-body problem (see, e.g., Attwood 2007, 
Chapter 6 and references therein). These emit both a broad con-
tinuum of bremsstrahlung radiation, resulting from interactions 
between free ions and electrons, and narrow line emission from 
bound-electron transitions in the ions. The specifics of the radia-
tion depend on both the energy of the plasma and the atomic 
structure of the ions and can be optimized for X-ray imaging. 
(see e.g., Attwood 2007, Chapter 6)

In order to produce a SXT-optimized plasma, it must be hot 
enough that it can emit soft X-ray radiation, and dense enough 
that it has a reasonable brightness. One way to do this is with dis-
charge devices, such as pinch sources. In pinch plasma sources, 
a high-current pulse is driven through a gaseous (low-density) 
target. The current flowing through the low-density target ini-
tially creates a low-temperature plasma that is simultaneously 
compressed by the emerging magnetic field due to the current, 
which increases the plasma density and temperature. A second 
way is with laser produced plasma (LPP) sources. Using LPP 
sources, the plasma is produced by focusing a high-energy laser 
on a target material. The incoming radiation ionizes the target 
to form a hot, dense plasma. The plasma is rapidly heated by 
inverse bremsstrahlung of the incoming pulse. During a short 
period of time before rapid expansion and cooling, the tempera-
ture of the electrons is high enough to emit X-rays. Although this 
method is effective at producing X-rays (Michette et al. 1993) the 
major drawback of these devices is that they produce debris of 
the target material (Ginter and McIlrath 1988), which can con-
taminate the optical and other system components. Significant 
reduction in debris has been obtained by switching to a liquid 
droplet source (Rymell and Hertz 1993, 1995, Rymell et al. 1995) 
or cryogenic liquid jet (Berglund et al. 1998).

At the operational energies, the target materials are almost 
fully ionized and the ions emit strong Ly-α and He-α emission 
lines (Adam et  al. 2005, Kramida et  al. 2015). This sets some 
restrictions on suitable target materials for SXT. Today, most of 
the LPP sources are built to produce an illumination using nitro-
gen emission by either the H-like (500.3 eV, 2.478 nm) (Jansson 
et al. 2005, Legall et al. 2012) or He-like (430.7 eV, 2.879 nm) 
(Jansson et al. 2005, Kim et al. 2006) alpha line. Another pos-
sibility, also in the water window range, is the H-like C line 
(367.5 eV, 3.37 nm) (Johansson et al. 2002). Many gas discharge 
devices also work with the He-like N line (Benk et  al. 2008, 
Bergmann et  al. 2008) capillary discharge (Vrba et  al. 2011, 
Nawaz et al. 2016) 2.88 line gas discharge. Energies in the water 

* http://www.excillum.com/
† http://siriusxt.com/
‡ http://www.energetiq.com/

window range have also been obtained with Argon gas puff 
sources (Wachulak et al. 2013) using Ar8+ lines.

Since the development of plasma sources in the early eight-
ies (e.g., Michette 1988 and references therein), there has been 
a steady improvement in tabletop imaging (Rymell and Hertz 
1993, Berglund et  al. 2000, Bertilson et  al. 2009, 2011, Horne 
et al. 2009, Hertz et al. 2012). Presently, sub-50 nm resolution can 
be achieved, but the necessary exposure times range from 30 s 
(Carlson et al. 2013) to a minute or two (Kim et al. 2006, Hertz 
et al. 2012), which is at least an order of magnitude higher than 
what is commonly used at synchrotron facilities. Nevertheless, 
the recent progression predicts a bright future for tabletop SXT.

40.2.3 X-ray Optics

The focusing properties of traditional optics come from the bend-
ing of light due to the change in the refractive index at the inter-
faces of a lens. Refractive indices in the soft X-ray energy range 
are very close to unity, making the use of traditional (refractive) 
optics impractical.§ This problem can be circumvented in a num-
ber of ways, including successive parabolic lenses (Lengeler 
et al. 1999, 2002, 2005), elliptic Kirkpatrick–Baez (KB) mirrors 
(Kirkpatrick and Baez 1948), capillary optics (Chu et al. 2008a), 
and diffractive optics (Gorelick et al. 2011). However, a variety of 
issues compromise one’s ability to use some of these solutions at 
soft X-ray energies. Parabolic lenses result in too much intensity 
loss for practical applications, and even though KB mirrors pro-
vide achromatic beam focusing, their spatial resolution is signifi-
cantly compromised by aberrations (Attwood 2007). That said, 
their achromaticity and long focal length make them suitable 
upstream, prefocus devices (Pereiro et al. 2009, Su et al. 2016).

At soft X-ray energies, capillary optics and diffractive optics 
are the most practical. Capillaries are relatively easy to manufac-
ture, have a relatively long working distance, and are effective at 
focusing incident illumination. Diffractive lenses, called Fresnel 
zone plates (FZP), currently perform better with soft X-rays than 
with hard X-rays due to the difficulty of manufacturing the lenses 
for higher energy X-rays. This is because FZPs for hard X-rays 
require a higher aspect ratio in their attenuating zones (Chao 
et al. 2005, Chu et al. 2008a). In the next sections, we discuss 
these types of optics in greater detail.

40.2.3.1 Fresnel Zone Plates

Unlike a conventional lens, zone plates, which operate in the 
X-ray region, rely on diffraction rather than refraction to focus 
light (Attwood 2007). As diffraction can bend incident radiation 
according to θ ∞ λ, they are especially suitable for soft X-rays. 
An FZP consists of a set of radially symmetric (Fresnel) zones, 
with inner radii rn, that alternate between opaque and transpar-
ent material. Transmitted illumination interferes constructively 
to form a focal spot downstream from the lens. The use of FZPs 
as optical elements for X-ray microscopy was first proposed by 
Myers 1951 and Baez 1961. The first practical capability was 
shown by the Göttingen group (Niemann et  al. 1976), which 
has ever since been a pioneering force in the community. For a 

§ Howells et al. (2007) gives an illustrative example that focusing a 10 keV 
beam with a glass lens of radius 1 cm would produce a focal spot at 2 km.

http://www.excillum.com/
http://siriusxt.com/
http://www.energetiq.com/
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more in depth review of FZPs and their capabilities, see Michette 
(1986) and Howells et al. (2007).

The focal distance f of an FZP is related to the radii of the 
Fresnel zones rn via Pythagorean theorem. For the first-order of 
diffraction, this relationship takes the form:
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We can use this relationship to solve for the radius of the nth 
zone:
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The second term in Equation 40.17 represents the spherical 
aberration of the lens. When the numerical aperture (NA) of the 
FZP is small, this term can be neglected. A reasonable limit for 
this approximation is that the focusing error caused by the spher-
ical aberration is less than the diffraction-limited Rayleigh quar-
ter-wave, NA f< ( ) /2 1 4λ/  (Michette 1986). In this limit, Equation 
40.17 becomes
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The width of the outermost zone is given by the difference 
between rn and rn−1,
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and the NA is given by rn/f or
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This means that, from a manufacturing perspective, the small-
est required detail of the Fresnel zone plate is determined by 
the chosen numerical aperture and the wavelength of the light. 
Combining Equations 40.18 and 40.19 yields

 f n rλ = 4 2( ) ,Δ  (40.21)

which is to say that, for a given lens with n zones and outer 
zone width of Δr, the focal distance scales inversely with the 
wavelength of the illuminating light. This imposes a strong 
requirement on the monochromaticity of the illumination of the 
microscope—the required spectral bandwidth to achieve a dif-
fraction-limited resolution is about Δλ/λ ≤ 1/n (Thieme 1988). 
On the other hand, the strong chromatic dependence can also be 
used to an advantage as, by adding a pinhole, the FZP can also be 
used as a monochromator itself (see Figure 40.5).

The focusing of an FZP can, to a good approximation, be 
described as an ideal lens. The actual diffraction pattern of an 
FZP can be calculated by successively adding and subtracting 
diffraction patterns of the clear and opaque zones in the lens, as 
described by Michette (1988, p. 170) but the result differs notably 
from the ideal lens only for zone plates with number of zones 
(N < 102). This is relatively small compared to the ones used 
in microscopes today, which are in the range of 300–1500 (Le 
Gros et al. 2014, Sorrentino et al. 2015) for the micro (objective) 
zone plate and up to 40,000–50,000 zones for the condenser zone 
plate (Chao et al. 2005). Deviations from this ideal lens, such as 
manufacture defects, roughness (Schneider 1998), and distortion 
(Döring et al. 2013) reduce the efficiency of the lens and can be 
determined by simulations (Kurokhtin and Popov 2002, Cao and 
Jahns 2004).

40.2.3.2 Capillary Optics

Elliptical capillaries are X-ray optics that utilize the total exter-
nal reflection of X-rays at glancing angles in order to focus light 
in a single reflection (Bilderback and Thiel 1995).

The results are high-efficiency optics that are relatively easy to 
manufacture. The focusing property of a capillary optic comes 
from its elliptical shape—it is a property of an ellipse that a ray 
emanating from one of its two foci may be redirected through 
its other focus in a single reflection (Figure 40.6). The capillary 
can be manufactured based on the desired focusing properties 
(such as focal length, focal spot size, and divergence) and the 
properties of the photon source (beamline). The inner surface of 
a capillary is a section of an ellipse with a very long (in the order 
of 10–100 m) semi-major axis and a short (in the order of 1 mm) 

f
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FIGURE 40.5 A schematic image of a Fresnel zone plate. Adjacent beams 
converging onto f differ in their path length by a distance λ/2 times the 
order of diffraction. Both higher order diffraction (resulting in smaller f) 
and chromatic effect (λ − Δλ shown as Δf) can be blocked by order sorting 
apertures (OSA), shown as black lines. This kind of spatial filtering thus 
reduces both unwanted diffraction orders and decreases the spectral band-
width of the beam.

Source Sample

FIGURE 40.6 A single bounce elliptic lens, consisting of an elliptic arc, 
focusing the incoming light. A central stop is used on either end of the lens 
to block zero-order out-of-focus light. Capillary condensers take the shape 
of the surface of revolution of this elliptic arc about the optical axis.
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semi-minor axis, designed such that the source of illumination is 
located at one focus.

Because the refractive index for X-rays in most material is 
slightly less than one, Snell’s law yields

 
sin
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−

φ
φ
δ1  

(40.22)

where the index of refraction n = 1−δ, and δ ≪ 1. The critical 
angle of incidence, φc, occurs when sin φ′ = 1 (Attwood 2007). 
Because this occurs at small angles (<5°), it is convenient to write 
the relation in terms of an angle relative to the reflecting surface,

 cos .θ δc = −1  (40.23)

Using the small angle approximation
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Combining this with the definition of δ from Equation 40.2, 
we find

 
θ λc ∝ f1

0 .
 

(40.24)

This discussion yields several important insights. First, that 
capillary optics operate only at glancing angles θ < θc, and 

therefore the incident illumination must be nearly parallel to the 
inner surface of the capillary. Second, that the critical angle is 
directly proportional to the wavelength. It follows from Equation 
40.24 that the numerical aperture of a capillary is given by the 
energy of the incident radiation. Then, for soft X-rays, a capillary 
will accept a larger range of incident angles. The use of capillary 
optics in X-ray imaging was first demonstrated by Stern et  al. 
(1988).

40.2.4 The Soft X-ray Microscope

Currently, there are several soft X-ray microscopes at various 
stages of development and operation (Table 40.1). For historical 
reasons, we have included the decommissioned BESSY I micro-
scope (Berlin) which has been replaced by the BESSY II micro-
scope (Berlin). All operational microscopes operate at cryogenic 
temperatures using a synchrotron light source, except for the 
KTH microscope, which utilizes a tabletop plasma source.

Although all the existing soft X-ray microscopes operate 
according to the same basic principles, each group has accom-
plished the task of cryo-soft X-ray imaging in a slightly different 
manner. The most common source used for cryo-soft X-ray imag-
ing is a bending magnet. The exceptions to this are the BESSY II 
microscope, which uses an undulator source, and the previously 
mentioned KTH microscope. The optics for the microscope must 
be selected based on the properties of the source, the dimensional 
requirements for the sample stage and holder, and the desired 

TABLE 40.1

Soft X-ray Microscopes in Operation and Development

Microscope Location Radiation Source Optics References

Göttingen-TXM BESSY I Berlina Bending magnet + FZP–OSA FZP pair von Brenndorff et al. (1996), 
Weiß et al. (2000)

U41-TXM BESSY II Berlin Undulator + VLSGb Capillaryc + FZP Guttmann et al. (2003), 
Wiesemann et al. (2003), 
Schneider et al. (2012)

XM1 ALS Berkeley Bending magnet + FZP–OSA FZP pair Schneider et al. (2002, 2003), 
Thieme et al. (2003)

XM2 ALS Berkeley Bending magnet + FZP–OSA FZP pair Larabell and Le Gros (2004), 
Le Gros et al. (2005), 
Parkinson et al. (2008), Le 
Gros et al. (2014)

  KTH Stockholm Plasma source Multilayer condenserd + FZP Takman et al. (2007), 
Bertilson et al. (2009, 2011), 
Hertz et al. (2012)

MISTRAL ALBA Spain Bending magnet + VLSG Capillary + FZP Pereiro et al. (2009), 
Sorrentino et al. (2013, 
2015)

B24-TXM Diamond Didcot UK Bending magnet + VLSG Capillary + FZP Carzaniga et al. (2013)e

  NSRRC, Hsinchuf Bending magnet + VLSG Capillary + FZP Su et al. (2016)

a Stated here for historical relevance, the beamline was decommissioned in 1999.
b VSLG refers to variable-spaced line gratings (see, e.g., Hettrick 1986, Howells and Staub 1996).
c Due to fabrication limitations (Hettwer and Rudolph 1998), a condenser zone plate (KZP) was deemed unsuitable for the undulator source (Guttmann et al. 

1998). An early version of the microscope used a rotating mirror condenser (Niemann 1998, 2000, Niemann et al. 2003) instead of the current capillary setup 
(Guttmann et al. 2009).

d The multilayer condenser (Stollberg et al. 2006) serves a dual purpose as both a condenser and a monochromator (Hertz et al. 2012).
e At the time of Carzaniga et al. (2013), the microscope worked using a multilayer condenser and plasma source. The microscope is now operating on the 

bending magnet beamline at Diamond http://www.diamond.ac.uk/Beamlines/Imaging/B24.html.
f The microscope at NSRRC is still in the development phase.

http://www.diamond.ac.uk/Beamlines/Imaging/B24.html
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spatial resolution and depth-of-focus. All microscopes utilize an 
FZP objective lens, but the condenser varies from microscope 
to microscope. The XM1 and XM2 (ALS Berkeley) adopted the 
FZP condenser used by the BESSY I microscope. The BESSY 
II microscope uses a capillary condenser in order to allow room 
for a flat sample mount and cryo-stage, in contrast to the XM2 
glass capillary sample mount. Other groups have also adopted 
the capillary condenser and flat stage design.

40.2.4.1 Condenser

The purpose of the condenser is to provide suitable illumination 
of the sample in the microscope, that is, to both collect and focus 
the incoming beam on the sample. X-ray microscopes in trans-
mission mode generally work by producing a demagnified image 
of the source on the sample, that is, “critical illumination.” In 
addition, the condenser critically affects the resolution power of 
the microscope by tuning the partial coherence of the illumina-
tion (see Section 40.2.4).

Presently, there are two different condenser systems used 
in soft X-ray microscopes; condenser zone plates (KZP)* and 
elliptical capillaries. KZPs are easy to align, they have few 
requirements of the incident light since they also serve as mono-
chromators, and they are relatively stable to other than chromatic 
aberrations.† The primary obstacle is given by the constraints of 
Equations 40.20 and 40.21. In order to collect a sufficient amount 
of light, the KZP has to be relatively large (of the orders of cm), 
but to have the required numerical aperture for good resolution, 
it also has to have a narrow outer zone (order of 10 nm). Although 
this is possible (Chao et al. 2009, Vila-Comamala et al. 2009), it 
poses a significant manufacturing problem. In addition, the effi-
ciency of KZPs is only about 10%—this means that the incident 
illumination must have 10 times more flux than the minimum 
flux required for imaging.

Capillary optics provide an alternative to these diffraction-
based condensers and have become widely used in hard X-ray 
imaging (Bilderback 2003), where the manufacturing of suitable 
zone plate condensers can be difficult (Chu et  al. 2008b, Tian 

* Kondensor-Zonenplatte, retaining the original nomenclature from the 
German literature.

† Except for the spherical aberration, which usually has to be accounted for 
at soft X-ray energies (Howells et al. 2007).

et  al. 2008, Winarski et  al. 2012). Capillaries have also made 
their way into X-ray microscopy due to their high-transmission 
focusing capabilities (Zeng et al. 2008, Guttmann et al. 2009). 
Capillaries are nearly 100% efficient (Huang and Bilderback 
2005), and they are less fragile to thermal or mechanical dam-
age (Howells et al. 2007). The achromatic focusing of the capil-
lary condenser has both advantages and disadvantages. Because 
capillaries require separate monochromators, capillary optical 
systems usually require a more complex upstream structure 
(Sorrentino et  al. 2015) compared with FZP-pair microscopes; 
but, separating the monochromator from the condenser allows 
for truly energy-tunable imaging. In addition, the lack of the 
requirement for a bandwidth-selecting pinhole leaves more work-
ing room for larger samples and sample stages (Section 40.2.4).

40.2.4.2 Objective Lens (Microzone Plate)

The diffraction-limited resolution of a lens-based optical system 
is based on the lens’s ability to either focus or collect incoming 
light to or from a well-defined spot. For imaging 2D objects, it is 
often sufficient to consider only the inaccuracy, or point spread 
function (PSF), of light in the plane of the focal spot. For samples 
with non-negligible thickness, the behavior of the intensity near 
the focal spot becomes more important as the out-of-focus parts 
of the sample produce unresolvable features in the image.

Let us first consider the image formation of the FZP. For an 
objective lens, located at a distance q from the sample, to pro-
duce a sharp image on a detector, located at a distance p from 
the lens (Figure 40.7), path lengths of the illumination must obey
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(40.25)

where qn and pn are the individual path lengths of the illumina-
tion. Using Equation 40.18, with modest NA (such that we can use 
a linear approximation for the hypotenuses qn and pn), we get the 
familiar lens equation
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Using the Helmholtz reciprocity theorem, we can study the 
resolving power of such a lens, by considering the focal spot it 
produces at the object q. Approximating the zone plate as an ideal 
lens, the PSF is given by the converging illumination emerging 
from the lens aperture by the Huygens–Fresnel principle (Born 
and Wolf 1970)
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where I0 is the intensity at the geometrical focal point, expressed 
in terms of scaled variables of the axial, z, and radial, r, coordi-
nates of a cylindrical coordinate system along the optical axis,
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FIGURE 40.7 Point-to-point imaging with a Fresnel zone plate. Adjacent 
paths from the sample to the image differ in their path lengths by λ/2.
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The functions Un are known as Lommel functions (Lommel 
1886, p. 555)
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where Jn  are Bessel functions of the nth order. An example 
of PSF with parameters NA = 0.03, λ = 2.4 nm is shown in 
Figure 40.8.

The canonical Rayleigh criterion defines the minimum 
resolvable distance between two point sources as the radial 
distance to the first minimum of their PSF. The linear opti-
cal transfer of an incoherent point source in the object plane at 
(xq, z) yields the impulse response on the image Iim  such that 
(Streibl 1984, 1985)

 
I I z I M z xp q pim / d( ) ( , ) ( , ) ,x x x x x= − −∫∫0 δ

 
(40.30)

that is, the image of a point source at (xq, z) produces a magni-
fied PSF located in the image plane at x2 = Mx1. The resolution 
of a microscope can now be defined by the minimum distance 
between two incoherent point sources which can be resolved 
the image. Because the impulse response preserves relative dis-
tances, we can check for this by letting z → 0 in Equation 40.27. 
Substituting in the definition from Equations 40.28 and 40.29, I 
reduces to
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which is the familiar Airy formula for the Fraunhofer diffrac-
tion of a circular aperture. The first minimum of this function 
is at υ = 3.832. Using Equation 40.28, this corresponds to a null 
radius of
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(40.32)

The other limit of interest is the depth of focus along the opti-
cal axis. This can be obtained by calculating the relative drop in 
the intensity of the source along the optical axis. This is given 
by setting υ = 0, for which one finds that (Born and Wolf 1970)
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Depth of focus does not have a standardized criteria but a loss 
of ∼20% (Born and Wolf 1970, Attwood 2007) gives
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(40.34)

As we discuss later in Section 40.3.2, a large depth of focus is 
essential for a simple model of image formation. Equations 40.32 
and 40.34 give us the physical limitations of diffraction-limited 
tomographic imaging. From these relationships, we may infer a 
fundamental axiom: an improvement of the spatial resolution of 
a diffraction system results in a decrease in depth of focus.

40.2.4.3 Central Stop

Central stops are opaque zones blocking the central part of the 
radiation in the lenses and are commonly used both at the con-
denser and objective lenses. The central stop on the objective 
lens changes the shape of the aperture and affects the PSF of 
the system, whereas the central stop on the condenser affects 
the partial coherence of the illumination (Jochum and Meyer-
Ilse 1995). Generally, both stops increase the two-point contrast 
of the system. A central stop on the objective lens increases the 
contrast transfer more significantly than on the condenser lens, 
but when a central stop is used on the condenser lens it has the 
additional advantage of reducing the dose to the specimen, and 
of blocking unwanted zero-order diffracted light. This is com-
monly known as “hollow cone illumination.”

40.2.4.4 Sample Stage and Local Environment

There are two types of sample stages that are commonly used: 
capillaries and flat mounts, each of which has advantages and 
drawbacks. Capillaries facilitate 360° angular rotation, which 
avoids the “missing data” that are characteristic of flat, limited-
tilt sample mounts. However, capillaries are highly absorbing, 
which limits the contrast transfer, and the size of the specimen 
is limited to the inner diameter of the capillary. In addition, 
there is no commercially available equipment, so the design and 
manufacturing must be done in-house. Flat sample mounts are 
adopted from the cryo-TEM (transmission electron microscopy) 
community and have the advantage of a long history of prepa-
ration protocols (Thompson et al. 2016). Because the sample is 
only constrained in one dimension, they are also compatible with 
a broader range of specimens than capillaries, including adher-
ent specimens. However, flat stages are limited in the range of 
angles at which they may be rotated, which inevitably results in 
reconstruction artifacts. State-of-the-art flat stages may achieve 
an angular range of ±80° (Schneider et al. 2007), but typically 
the angular limit ranges from ±50 to ±70° depending on the 
stage (Hertz et al. 2012, Carzaniga et al. 2013, Sorrentino et al. 
2013, Duke et al. 2014).

The early work of Weiß et al. (2000) used borosilicate glass 
capillaries with an 8 µm inner diameter, encased in a thermally 

–40

–20

0

20

40

r (
nm

)

–4000 –2000 0 2000 4000
z (nm)

0.0

0.2

0.4

0.6

0.8

1.0

∆z

∆r

FIGURE 40.8 Example of a point spread function (PSF) of a monochro-
matic beam with NA = 0.03, λ = 2.4 nm using Equation 40.27. Δr and Δz 
are the corresponding resolution and depth of focus, as calculated from 
Equations 40.32 and 40.34, respectively.



827Soft X-ray Tomography: Techniques and Applications

insulated chamber with liquid nitrogen, in order to keep the 
specimen at liquid nitrogen temperatures. This model was 
adopted in XM1 and XM2 (Table 40.1) (Le Gros et  al. 2014), 
which use glass or quartz capillary tubes with an inner diam-
eter of 2–10 µm. The specimen is maintained at low temperature 
and atmospheric pressure by a stream of liquid-nitrogen-cooled 
helium gas, which also keeps the specimen dry, to avoid the 
aggregation of ice crystals. Unlike in microCT, where specimens 
are large enough that the hardware can be pre-aligned, each cap-
illary must be individually aligned on the beamline, which takes 
time and reduces throughput. The capillary is mounted in the 
beamline and aligned such that the tip of the capillary is in the 
region to be imaged, which is centered on the axis of rotation. A 
tip-tilt stage is used to facilitate a semi-automatic alignment of 
the capillary. Pre-alignment is achieved using a light microscope 
out of the X-ray beam in order to achieve no more than a 1 µm 
deviation from the axis of rotation. Fine adjustments are made 
in the beamline using low-dose radiographs in order to align the 
capillary to better than 0.25 µm (Parkinson et al. 2013).

The Göttingen BESSY II adopted a flat mount stage that is 
comprised of a high-tilt HZB-2 grid (Hagen et al. 2012), modi-
fied stage (FEI Company), and cryo-holder (Gatan Inc.). The 
microscopes at ALBA (Spain), Diamond Light Source (UK), and 
KTH (Stockholm) also utilize flat mounts (three millimeter grid), 
and FEI, cryo-stages (Hertz et al. 2012, Carzaniga et al. 2013). 
These systems allow for eucentric alignment and are highly sta-
ble. They may be aided by an auto-mounter, which reduces the 
required amount of manual interaction. These cryo-stages are 
designed to operate in vacuum, which has the advantage that no 
flux is lost in the vacuum windows. However, this means that 
the optics cannot be contained in a closed system, making them 
more susceptible to damage and contamination, which is a major 
drawback.

40.2.4.5 Photon Detector

Modern X-ray detectors (Hatsui and Graafsma 2015) can be divided 
into two separate groups: photon counters and integrating devices 
(see Section I, Chapter 13). In photon counting devices, the charge 
produced by the incident photon is processed immediately upon 
detection. In these devices, the energy of the incident photon can 
be determined by the signal produced in the electronics. Therefore, 
thresholds can be established such that photons may be discarded if 
they do not fall within the threshold range. This has the advantage 
of reducing noise, since low energy background signal higher order 
photons may be filtered out. Because of readout rates that are not 
insignificant, these types of detectors cannot handle large instan-
taneous flux. On the other hand, integrating devices collect a total 
signal, which is then read out after a predetermined time. However, 
these types of detectors have no energy selectivity, thus are prone to 
background noise contamination. In addition, the time-integrated 
signal is prone to the dark current of the device, which becomes 
increasingly significant for longer scans.

At the turn of the nineties, charge coupled devices (CCD) 
became increasingly popular as imaging devices for X-ray detec-
tion (Gruner 1989, Clarke 1994) owing to their relatively low 
readout noise, large flux capability, and large dynamic range. In 
order to use a conventional CCD in hard X-ray imaging, it must 
be coupled to an X-ray conversion device, such as a phosphor or 

semiconductor layer (Gruner et al. 2002). After this, various cou-
pling mechanisms such as optical fibers or lenses can be used to 
transfer the resulting visible light signal to the CCD chip.

Because of the short absorption length of soft X-rays in silicon, 
the detection of these photons is very similar to the detection of 
electrons with CCDs, so they can be detected directly, without 
the need for any energy conversion. The detection efficiency of 
traditional CCD chips is limited by surface layers, called “dead 
layers,” which are regions of the CCD where the absorption of 
the photon does not produce a signal that can be collected. In 
front-illuminated CCDs, absorption of the photon in gate elec-
tronics are such regions. In addition, absorption of the relatively 
high-energy photons in this region can damage the electronics 
and is therefore unwanted (Meyer-Ilse et al. 1993). This can be 
overcome using back-illuminated sensors, where the structure 
of the CCD is located on the opposite side of the illumination. 
These kinds of devices meet all the requirements that are needed 
for photon detection in soft X-ray imaging (Wilhein et al. 1994). 
Furthermore, the low temperature of operation significantly 
decreases the dark current in the chip, and with no need for high 
frame-rates, the readout noise can be kept very low.

The current requirements for the detectors are well met by 
commercially available products. Existing soft X-ray micro-
scopes use commercial products from manufacturers such 
as Roper Scientific* (Schneider et  al. 2012), Andor† (Le Gros 
et  al. 2014), and Princeton Instruments‡ (Takman et  al. 2007, 
Sorrentino et al. 2015).

40.3 Physical Considerations

Now that we have discussed the theoretical basis for, and the 
mechanical requirements of SXT, we must address the physical 
and practical limitations of a SXT experiment. The physical limi-
tations of the system are supplied by the optical components of the 
microscope and the model for image formation. However, there 
are other practical limitations on the quality of data that may be 
obtained. This includes a sample’s resistance to radiation damage, 
as well as statistical limitations which result in image noise.

The most widely used model for image formation in computed 
tomography (CT) is based on the assumption that the image for-
mation of the system can be treated as a series of straight-line pro-
jections of the attenuated beams, that is, the illumination can be 
ray-traced through the sample, and the signal can be described by 
the Beer–Lambert law, Equation 40.8. Although there are, in prin-
ciple, several methods for achieving this model in nanoscale X-ray 
imaging as well (see, e.g., Withers 2007), existing tomographic 
X-ray microscopes are predominantly based on diffractive optics 
and therefore require an optical model of image formation.

In order to ensure the fidelity of an experimental result, cells 
must retain their structural organization during imaging; that 
is, the imaging process must not induce visible changes in the 
cellular architecture. Unfortunately, most high-resolution struc-
tural imaging methods exact a heavy toll on biological speci-
mens, potentially causing damage and generating non-native 

* http://www.roperscientific.de/
† http://www.andor.com/
‡ http://www.princetoninstruments.com/

http://www.roperscientific.de/
http://www.andor.com/
http://www.princetoninstruments.com/
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organization inside the cell. The dose of soft X-rays required for 
a good SNR for tomographic imaging is terminally damaging to 
a cell and ultimately results in complete destruction of the speci-
men. Fortunately, cryogenic fixation is able to mitigate radiation-
induced damage, which ensures the retention of the structural 
integrity of the cell during imaging. This builds confidence that 
the images are a close representation of the in vivo state.

Because the process of photon absorption is stochastic, the 
radiation dose is intimately related to the achievable spatial 
resolution in X-ray microscopy via the Poisson nature of photon 
emission. Therefore, it is essential to understand at what point 
an observation will contribute erroneous results due to radia-
tion-damage-induced changes of the specimen. By selecting the 
appropriate acquisition protocols, one can optimize the image 
quality without compromising the specimen.

40.3.1 Partial Coherence

The theory of partial coherence was developed by Hopkins 
(Hopkins 1953) and takes into account the phase correlation of 
the illumination on the image formation of the system. Generally, 
it is common to differentiate the temporal and spatial coherence. 
Temporal coherence is then addressed as chromatic effects, and 
partial coherence is often associated with the spatial coherence. 
This can be expressed by the ratio of the numerical apertures,

 m NA NAc= / o,  (40.35)

of the incoming light from the condenser, NAc, and collected light 
by the objective, NAo. In the limit of a point source, NAc = 0, 
producing fully coherent illumination, m = 0. In the limit of a 
fully lit case, NAo → ∞, m → ∞. When NAc = NAo the resolv-
ing power of the system is the same as for purely incoherent 
illumination (Born and Wolf 1970, Chapter 10). This is more 
commonly known as aperture matching and is often stated as 
a requirement (Howells et al. 2007) for the condenser. A more 
detailed look at the effect of numerical apertures of the lenses 
on the partial coherence and resolving power of the optics can 
be found in Jochum and Meyer-Ilse (1995). In general, two-point 
resolution shows a steady increase up to m ≈ 1.5, after which it 
oscillates around the Rayleigh resolution converging towards the 
incoherent limit. Numerical simulations provide similar results 
(von Hofsten et al. 2007).

Generally, in transmission microscopy, high coherence in the 
illumination is an unwanted characteristic, since diffraction of 
adjacent features of the sample would produce interference pat-
terns in the recorded image. These manifest as image artifacts 
such as ringing artifacts around edges in the image (O’Toole and 
Neureuther 1979). Microscopes often do not operate at either the 
fully coherent or fully incoherent limit—the optimal setup lies 
somewhere in-between (Jochum and Meyer-Ilse 1995).

40.3.2 Image Formation

The model for image formation is an important step in the 
acquisition of tomographic data because it restricts the available 
reconstruction methods. Traditionally, the image formation in 
tomography has been based on the Radon transform, which is 

the ideal linear transform (projection) of the attenuation coef-
ficients onto a plane. This is linked to the experimental image 
formation through the Beer–Lambert law, Equation 40.8, such 
that the attenuation along the ray-paths Li through the sample 
can be given by
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Although this is a convenient model and a good approxima-
tion for highly elongated point spread functions (Lehr 1997, Lehr 
et al. 1998, Sibarita et al. 1998), the specifics of the optical model 
for diffraction X-ray tomography may differ substantially from 
the “ideal” parallel projection model; however, it is very ben-
eficial to link these models to Equation 40.36 so that many of 
the available reconstruction methods (Natterer 1986, Kak and 
Slaney 1988, Herman 2009) may be used.

The image formation in diffraction systems can be divided 
into two extreme cases, depending on both the optical setup and 
the chosen sample. One way to incorporate the optical system in 
the image formation is based on the 3D optical transfer function 
(OTF) of the system. In the incoherent limit, the image forma-
tion is linear in intensity and can be described by the convolu-
tion of the specimen with a 3D PSF for the optics (Streibl 1984). 
This kind of approach leads to an image that can be described 
by a linear transformation of the complex scattering potential 
V = P + iA (Streibl 1985) such that

 
I I P T A T= + * * * + * * *0 p A  (40.37)

where TA and Tp are PSFs derived from the linear absorption and 
phase effects, respectively. This image formation is system spe-
cific, containing all the chosen parameters of the optics. It is also 
capable of incorporating the assumption of partial coherence of 
the illumination. However, this model is limited by the assump-
tion of the first Born approximation (i.e., a photon can scatter 
only once); therefore the specimen being imaged must be very 
thin or have a very low scattering potential, which is often not 
the case in SXT.

Another way of formulating the problem is to consider the 
effect of only the objective lens on the intensity transport in the 
image formation (Otón et al. 2012, 2014). This can be done by 
assuming a mixture of coherent and incoherent illumination, in 
which the measured projections result from the attenuated light 
passing through the sample, smeared by the PSF of the objective 
lens. Assuming linear transfer such that there exists an impulse 
response function hz (x1, x2) (see, e.g., Born and Wolf [1970] and 
Goodman [2005] for details), the field distribution at the image 
plane Uim(x2), can be expressed by linear transport of an (unat-
tenuated) field at z,

 
U U z hzim ( ) ( , ) ( , ) .x x x x x2 1 1 2 1= ∫∫ d

 
(40.38)

For cleaner notation, we can construct hz (x1, x2) in such a way 
that it takes care of the magnification and flipping of the image 
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such that we can express the field transfer simply as a 2D convo-
lution of the local field plane and a 2D PSF

 U z U z hzim ( , ) ( , ) ( )x x x2 1 1= * *  (40.39)

where we define x1 and x2 as two sets of coordinates, correspond-
ing to the planes perpendicular to the optical axis at z1 and  z2.

For this model to work, we need two assumptions of the image 
formation. First, the incoming light is perfectly incoherent so 
that the intensity of the first is transported linearly, and thus that 
the intensity can be expressed by a convolution with the corre-
sponding (depth-dependent) PSF

 I U z him ( ) ( , ) ( ) .x x x2 1
2

2 1
2= | | ** | |  

(40.40)

Second, the attenuation of the wave inside the sample can be 
approximated as a propagating parallel plane wave, such that
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Now considering the image I zz
im ( , )x2  of a “partially cut” sam-

ple, such that we set µ(x1, t) = 0 for t > z (see Figure 40.9), we 
can construct the derivative of I z

im with respect to z from the finite 
difference results by combining Equations 40.40 and 40.41 such 
that
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We can express the local intensity of the field
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in integral form:
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This gives us the mathematical description of the image 
formed at the detector Iim, where I im

0  is the recorded image with 
no sample present, also known as the flat field.

This model for image formation is not directly solvable to 
the desired form of Equation 40.36 but there are two solvable 
simplifying cases. In the limit of an ideal transfer function h(x1, 
x2) = Kδ(x2 ± Mx1), where K is a complex scaling factor and 
M is the magnification
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which is simply the classic approximation of perfect Beer–
Lambert projections with a magnification x2 = 7mMx1.

Another simplification is if the sample is “fully in focus,” that 
is, that the PSF is approximately constant along the axis direc-
tion z in the region of the sample. In this case the PSF can be 
expressed by a single function | |h( )x1

2. Then, it can be shown that 
(Otón et al. 2012, 2014)
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where the deconvolution function g(x2) is defined as 
K M h gzδ( ) ( ) ( )x x x x2 1 1

2
2± = *| | . A general solution of 

Equation 40.45 does not exist but Klukowska and Herman 2014 
and Klukowska et al. 2014 give experimental methods for solv-
ing it.

As noted by Selin et al. (2014), there is a slight contradiction of 
assumptions in the model: the propagation of the wave Equation 
40.41 requires that the illumination is spatially coherent, which 
contradicts the initial assumption that the illumination is per-
fectly incoherent. However, note that, with careful matching of 
the NAs of the condenser and objective, the significance of this 
contradiction may be reduced. Recall that the coherence of an 
imaging system can be characterized by the ratio of the NAs 
in Equation 40.35, where m = 0 and m → ∞ are the limits of 
perfect coherence and incoherence, respectively. The effect of 
coherence, however, falls rapidly already when m → 1, and by 
having both NAo and NAc small, the assumption of parallel prop-
agation is valid. Nevertheless, the model shows deviations from 
simulations (Selin et al. 2014).

40.3.3 Optical Limitations

SXT is ultimately limited by the physical behavior of light, that 
is, the imaging is limited by the diffraction of light. This is 

U(x1, z)

Iim (x2, z)z

µ(x1, z)

∆z

z ba

FIGURE 40.9 The point spread function (PSF) projection is constructed 
by assuming the image of a “partially cut” sample can be incoherently trans-
ferred to the image plane by linear transport. The resulting image I of the 
whole sample can be constructed by finite difference by adding slices of 
thickness Δz.
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illustrated in Figure 40.10 showing the working regime of current 
optical setups. It shows that the limiting factor of X-ray micros-
copy is the depth of focus. Modern manufacturing processes can 
provide high-quality lenses (Anderson et  al. 2000, Chao et  al. 
2005, 2009) but for the highest resolution X-ray microscopes 
this means that the depth of focus is limited to about ±200 nm 
(Chao et al. 2009). This limits the sample size to a cylinder of 
radius r = λ/[2(NA)2] for full-rotation tomography and to D ≤ λ/
(sin θ(NA)2) for limited-tilt imaging, where θ is the maximum tilt 
angle of the measurement.

Because the relationship between the depth of focus and 
the spatial resolution in diffraction-limited systems is strict 
(Equations 40.32 and 40.34), and because present optical systems 
are not restricted by, for example, manufacturing capabilities, 
this means that for the current imaging modalities, diffractive 
optics have abutted an upper limit and cannot be substantially 
improved for applications in SXT. This awakens a demand for 
new techniques for data acquisition and preprocessing. One 
possible solution is deconvolution of the optical transform, as 
proposed by McDermott et  al. (2009). A more detailed math-
ematical model of the image formation process may make image 
reconstruction possible, even when the whole sample is not in 
focus (Klukowska et al. 2014, Otón et al. 2014). The problem may 
also be aided with methods such as interior tomography (Wang 
and Yu 2013), that is, the reconstruction of a local region of inter-
est (ROI) that is located completely inside the scanned object, 
which requires the use of some priors to stabilize the, in general, 
unsolvable inversion problem (Natterer 1986).

40.3.4 Radiation Damage

Electromagnetic radiation is inherently damaging to materials, 
particularly organic and biomaterials, and may manifest in sev-
eral ways including loss of high-resolution structure, changes 
in electronic and vibrational spectra, including chemical bond 
structure, mass loss, and specimen shrinkage. For photons in 

the soft X-ray energy range, the photoelectric effect significantly 
dominates other physical processes that may occur due to the 
interactions between photons and matter. The photoelectric effect 
is characterized by the production of photoelectrons, which may 
then proceed to interact both radiologically and chemically with 
the surrounding material.

Excitation and ionization of inner-shell electrons are consid-
ered the primary source of molecular fragmentation. These so-
called “core-hole states” are highly unstable and rapidly decay, 
usually via Auger and Resonant Auger processes, into doubly-
ionized states and unbound electrons. In this way, radiolysis dif-
fers from an ordinary chemical reaction in which only valence 
electrons can become liberated from their parent nuclei.

When a molecule becomes ionized, surplus internal energy 
may cause isomerization while the molecule seeks the most ener-
getically favorable state. Some molecular bonds are severed, and 
others form, as fragmentation occurs via charge separation and 
Coulombic repulsion processes. A molecule is considered “frag-
mented” when the two fractions are far enough away that bond 
formation is no longer possible.

When an unbound electron passes through a cell, it releases its 
energy along its path by interacting with the electrons of nearby 
molecules. The released energy is absorbed by atoms near the 
electron track, resulting in either excitation or further ionization. 
Secondary electrons extend the range of damage and often result 
in a damage cascade, especially in spurs, blobs, and short tracks 
where the products of ionizing radiation are highly concentrated 
and recombination is probable (Bolognesi et al. 2012).

In hydrated materials, radiation-induced ionization may act 
directly on cellular component molecules or on water, which is a 
source of free radicals, and at room temperature, a medium for 
considerable diffusion. Significant radiolysis of water may form 
“bubbles” in the sample. Indeed, much of the resultant chemistry 
is due to the radiolysis of water, which is well characterized. The 
primary processes may be summarized as:

 
H O H H O H O H Oaq aq aq2 2 2 2 3 3→ − − +Η ΟΗ ΟΗ, , , , , , , .e

 (40.46)

The initial step of radiolysis of water forms an excited water 
molecule which then either ionizes into the ion pair, H2O+ and 
eaq, or decomposes into H· and OH· radicals. The H2O+ species 
is highly reactive and combines with H2O to form H3O+ and OH· 

on a timescale of 10−14 s. The hydrated electron eaq is the major 
reducing species among the products of water radiolysis and may 
combine with many other species to induce a variety of chemical 
reactions, including the production of a number of free radicals, 
which are also highly reactive. A detailed discussion of the radia-
tion chemistry of water can be found in Draganic (2012).

The radiolysis of water may be described by a pseudo-first-
order rate law
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where k = γσΦ and Φ is the photon flux density, σ is the cross-
section of the photoelectric absorption of water and γ is the quan-
tum yield of radiolysis, which can be expressed in terms of the 
G value of water:
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FIGURE 40.10 The capability of the system is limited by the (Rayleigh) 
resolution and depth of field of the optical system, shown here for λ in the 
region of the water window. For typical sample sizes in a biological context, 
the resolution is not limited anymore by the manufacturing of the optics,but 
by the limited depth of field of the optical system. Hence, for further 
improvement in the spatial resolution of the sample, new imaging methods 
or reconstruction schemes must be developed. A suggested “Fresnel zone 
plate (FZP) limit” of 10 nm. (Adapted from Chao, W. et al. 2005. Nature 
435(7046), 1210–1213.)
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γ =

E
G

100eV H O2

 
(40.48)

where E is the energy of the incident photon and GH O2
 is the 

number of molecules of a particular species produced per 100 eV 
of energy absorbed. Solving Equation 40.47 for the concentration 
of water molecules as a function of time gives

 c t cw w
t( ) ( ) .= −0 e γσΦ

 (40.49)

For liquid water GH O2
 = 4.5, but at liquid nitrogen tempera-

tures GH O2
 = 0.5 suggesting that the rate at which radiolysis 

occurs at liquid nitrogen temperatures is smaller than at room 
temperature (Schneider et al. 1995).

The stability of an organic material is determined by its struc-
ture. Biomaterials are particularly susceptible to radiation dam-
age due to substantial covalent bonding. Since covalent bonds 
are characterized by electrons that are shared between nuclei, 
if a shared electron is ionized, the bond is severed and the mol-
ecule may separate into constituent atoms or radicals. This fun-
damentally changes the chemical composition of the material. 
Therefore, when imaging with ionizing radiation, it is essential 
to identify the more damage-sensitive chemical components in 
the system. Species with C–O single and double bonds and C–H 
bonds are more sensitive to radiation damage, especially when 
the compounds are saturated. Aromatics tend to be less sensitive 
due to the delocalized nature of electrons involved in the C–C 
bonds of the ring structure. As such, the presence of relatively 
few CH–CH linkages in proteins make them less susceptible to 
radiation-induced dehydrogenation, whereas lipids are more sus-
ceptible (Wang et al. 2009). Studies of the radiation damage of 
individual amino acids have shown that decomposition follows 
a number of pathways, including dehydration, decarboxylation, 
decarbonylation, deamination, and desulfurization, accompa-
nied by desorption of H2, H2O, CO2, CO, NH3, and H2S, with 
rates depending on the specific amino acid (Sagstuen et al. 2004, 
Zubavichus et  al. 2004a,b). The dominant effect of radiation 
damage is that of mass loss from the sample, which results from 
the evaporation (or sublimation in the case of cryofixation) of H, 
O, and N gas, leaving behind holes in the sample. The mass loss 
is accompanied, or followed closely, by shrinkage of the sample 
normal to the beam.

As suggested by Equation 40.49, structural damage due to ion-
izing radiation can be reduced using cryogenic techniques due 
to the reduced quantum yield for ionization of chemical bonds 
at low temperatures and to the immobilization of free radicals, 
which inhibits secondary damage (Siegel 1972, Schneider et al. 
1995). This has been experimentally validated on many occa-
sions using a variety of cryo-imaging techniques (Glaeser and 
Taylor 1978, Lamvik 1991, Schneider et al. 1995, Grimm et al. 
1998, Tennant 2000). It has been reported that frozen-hydrated 
specimens, whether illuminated with electrons or X-rays, can 
sustain a total dose of 1010 Gy before extensive morphologi-
cal damage becomes apparent (Glaeser and Taylor 1978, Kirz 
et  al. 1995, Tennant 2000, Wang et  al. 2009). This represents 
a 1000-fold improvement over their room-temperature coun-
terparts (Sayre et al. 1976). However, there are many variables 
that may affect the radiation tolerance of a sample including, but 

not limited to, cell type, sample preparation, measurement envi-
ronment, photon flux variation of sample thickness, and dose 
fractionation.

Additional dose advantages are gained from the use of X-ray 
microscopy compared with electron microscopy. When photon 
and electron damage rates were compared in terms of equiva-
lent information, Rightor et al. (1997) found a 500-fold advan-
tage in terms of analytical information per unit damage for X-ray 
absorption compared with electron energy loss. This advantage 
is compounded for thicker specimens in which spatial resolu-
tion in electron microscopy may be severely limited by Coulomb 
scattering (Kirz et al. 1995).

40.3.5 Fixation

Fixation increases a specimen’s ability to tolerate a greater dose 
of radiation before changes in structural integrity become appar-
ent in images. Fixation also prevents the specimen from under-
going other types of transitions during data acquisition, either 
from enzymatic proteolysis or from continuing to carry out the 
dynamic processes of life. An additional benefit to fixation is the 
ability to capture a specimen at a particular point in time, either 
as part of a timed study or at a particular phase of the cell cycle. 
Two types of fixation are commonly used in microscopy: chemi-
cal and cryogenic.

The process of chemical fixation immobilizes the specimen at 
the molecular level, most commonly using aldehydes, in particu-
lar, glutaraldehyde or paraformaldehyde. The aldehydes create 
covalent bonds between protein molecules to anchor soluble pro-
teins in place, as well as add mechanical rigidity to the specimen. 
The essential shortcoming of chemical fixation is that it causes 
structural changes and increases the carbon content of the speci-
men. Therefore, LAC values are less meaningful in reconstruc-
tions of chemically fixed cells.

Cryogenic fixation refers to the immobilization of a cell by 
cooling it rapidly to liquid nitrogen temperature (77 K), or even 
lower. Provided cooling is rapid, the water content of the cell 
forms amorphous (vitreous) ice, rather than hexagonal ice crys-
tals. Cryofixation performs a similar function to chemical fixa-
tion but is much less damaging towards delicate cell structures 
and is less likely to create artifacts, which may be incorrectly 
interpreted as real cellular structures.

The most notorious example of the difference between the 
two fixation methods is the bacterial mesosome. For some time, 
mesosomes were thought to be bacterial organelles that were 
actively involved in processes such as cell wall formation and 
chromosome replication. But, with the advent of cryogenic fixa-
tion, significant amounts of data showed mesosomes were just 
an artifact of chemical fixation since they were not observed in 
cryofixed cells, but present in cells that were either chemically-
fixed or even chemically- and then cryofixed (Dubochet et  al. 
1983, Nanninga et al. 1984).

The role played by cryofixation in discrediting the mesosome 
helped to establish it as the Gold Standard method for specimen 
preservation. Consequently, cryogenic fixation techniques have 
been used in a wide range of biological applications, ranging 
from high-resolution cryo-electron microscopy, which requires 
vitreous ice, to cryopreservation of cells and tissue for veterinary 
and medical purposes (Dubochet et al. 1988).
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For high-resolution X-ray imaging, it is necessary to rapidly 
freeze the specimen without use of cryoprotectants. These tech-
niques typically employ a high heat capacity cryogenic fluid such 
as liquid propane to freeze the sample before ice crystals can 
be formed (Dubochet et  al. 1988). Other methods, particularly 
high pressure freezing, are suitable for thicker specimens up to 
hundreds of microns thick. Once the sample has been suitably 
frozen, further manipulations are required to prepare the appro-
priate specimen size and to mount the frozen specimen for imag-
ing. These are commercially available for electron microscopy, 
but not for X-ray imaging.

40.3.6 Spatial Resolution

We have previously mentioned (Section 40.3.3) that the proper-
ties of the system optics impose a physical limit on the achiev-
able spatial resolution, directly proportional to the wavelength 
of the incident light. In an experimental system, this is actually 
an optimistic upper limit on the spatial resolution that may be 
achieved, as the image quality is limited by measurement statis-
tics. This limit is related to the total dose that can be tolerated by 
the sample, as well as to the sampling protocol.

The radiation dose is intimately related to the achievable spa-
tial resolution in X-ray microscopy. Therefore, it is essential to 
understand at what point an observation will contribute errone-
ous results due to radiation-damage-induced changes of the spec-
imen. In addition, it is also necessary to understand how great 
a dose can be tolerated by a sample versus how great a dose is 
required for the desired spatial resolution. Thus, the spatial reso-
lution limit for bioimaging is set by radiation damage. Generally, 
as feature size decreases, dose must increase. This is because, 
in a smaller feature, there are fewer atoms to generate a signal. 
Then the total absorbed dose may be expressed as
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(40.50)

where E is the photon energy, t is the exposure time, ρ is the mass 
density of the sample, V is the volume in which the dose is depos-
ited, and Fabs is given by the Beer–Lambert law:

 F I I I I Id d
abs e e= − = − = −− −

0 0 0 0 1det ( )µ µ
 (40.51)

where µ is the absorption coefficient of the material, and d is the 
thickness of the sample. It is clear from the exponential shape 
of the depth–dose curve that the highest dose is deposited at the 
surface of the sample.

The fractionation theorem of Hegerl and Hoppe (Hegerl and 
Hoppe 1976) states that a 3D reconstruction requires the same 
integral dose as a 2D micrograph, provided the level of signifi-
cance and resolution are identical. This means that individual 
projections may be undersampled and still produce a significant 
3D reconstruction. Linear superposition of voxels in a projection 
ensures that a projection image will be significant if the contribu-
tion from each voxel is significant. McEwen et al. (1995) compre-
hensively validates this theorem experimentally.

The required dose for a particular sample may be based on the 
Rose criterion, which states

 SNR2 2= ηnd  (40.52)

where η is the quantum efficiency of the system, n is the number 
density of photons, and d is the resolution. In order for a fea-
ture to be reliably identified in the image, SNR ≥ 5. It can now 
be clearly observed that, for a given SNR and quantum effi-
ciency, as the resolution decreases, the number density (dose) 
must increase proportionally. Sayre et  al. (1976) showed that 
spatial resolution is a rapidly increasing function of resolution 
(varying approximately as d−4) and is relatively independent of 
specimen thickness, except in the limit where the sample is 
very thick (>10 µm). These results were validated both analyti-
cally and experimentally by Howells et al. (2009). A model by 
Schneider et al. (1995) indicates cryo X-ray microscopy should 
provide faithful images of biological specimens at the 10 nm 
level.

Similar results can also be obtained by directly considering 
the image noise in the reconstructed image. In a sufficiently 
sampled scan,* the pixel-noise is given by (Brooks 1976, Chesler 
et al. 1977, Faulkner and Moores 1984)
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(40.53)

where Nim is the number of images, Np is the detected number of 
photons, and w the pixel size. A similar relationship is also given 
in Riederer et al. (1978) for the cutoff frequency in the Fourier 
domain for a variety of filtered back projection (FBP) filters. 
Because Np  is proportional to the photon flux and the detector 
area,

 σ µ( ) ,2 1 4∝ − −D w  (40.54)

where D is the total dose. This result is consistent with behavior 
shown in Sayre et al. (1976) and Howells et al. (2009). A con-
sequence of Equation 40.53 is that the resolution is limited by 
the total dose of the sample, not on acquisition protocol. This 
concept is illustrated in Figure 40.11.

Although the Rose criterion supplies an adequate protocol for 
estimating the required dose for a desired resolving power, the 
maximum tolerable dose cannot, in general, be estimated using 
a simple model and therefore must be measured experimentally. 
The critical dose Dc is defined as the dose at which a particular 
feature has been attenuated by 1/e of its initial intensity. Twenty 
percent of the critical dose is a practical limit for acceptable 
levels of radiation damage (Wang et  al. 2009). It is impor-
tant to note that the spatial resolution properties of a CT sys-
tem are highly device-specific (Geramifar et al. 2009, Verdun 
et al. 2015); therefore, these insights serve only as approximate 
models.

* Brooks (1976) gives the requirement that the number of images 
N nim /> ( )π 4  for a sufficiently sampled scan, where n is the width of the 
reconstructed sample in pixels.
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40.4 Image Reconstruction and Analysis

Reconstruction refers to solving for the interior structure of 
an object from its 2D projections (De Rosier and Klug 1968, 
Crowther et al. 1970) (see Section III, Chapters 33 and 34). The 
mathematical description of image reconstruction is based on the 
existence of the inverse of the Radon transform, which relates an 
unknown function to an infinite set of line integrals in a reduced-
dimensional space. As such, the internal structure of a 3D object 
may be defined by a continuous set of its projections onto 2D 
planes (Radon 1917). In practice, CT is restricted both by a first 
number of projections and by the discrete nature of the sampling 
of the signal. These properties make the direct inverse of the 
Radon transform highly unstable.

There are various ways to overcome the instabilities of 
the direct inversion, which in practice leads to a vast pool of 
reconstruction methods or algorithms. To improve the analytic 
inverse, a variety of filters may be applied in order to suppress 
high frequency components in the solution (Ramachandran and 
Lakshminarayanan 1971, Herman and Naparstek 1977, Chang 
and Herman 1980). Iterative methods provide robust ways to 
solve even highly noisy or undersampled datasets. These algo-
rithms iteratively refine the reconstruction by correcting it based 
on the measured projection data (Beister et al. 2012).

Once an image is reconstructed, the vast amount of data it 
contains must be dissected and interpreted. This may be accom-
plished by image segmentation, which is the process by which 
structures of interest are classified and labeled in order to sim-
plify the representation of the image. This makes it easier to 
compare the information across groups of images, different cells, 
or different imaging modalities.

40.4.1 Image Alignment

Prior to calculating a volumetric reconstruction, the images in 
a corrected and normalized tomographic series must be aligned 
to a common frame of reference. This is necessary because the 
effective pixel size of the detector (5–10 nm) is much smaller than 

the precision with which the specimen stage can be controlled, 
both owing to mechanical stability of the actuators and thermal 
expansion of the components. Typically, this is a mostly-man-
ual process which may be assisted by semi-automatic methods. 
Consequently, a practical limit is set on the number of images 
which may be acquired and reconstructed at any given time.

The Gold Standard of aligning images is the use of fiducial 
markers. Fiducials are high contrast objects that are visible in 
successive radiographs, such that they can be used to deter-
mine image alignment (Luther et al. 1988, Jing and Sachs 1991, 
Lawrence 1992). Fiducials can either be added to the specimen 
or be naturally occurring features—in practice, it has been more 
common to use exogenous fiducial markers. In both soft X-ray 
and electron tomography, fiducials are typically generated by the 
addition of nano-gold particles to the specimen. To date, 100 nm 
nano-gold particles have proven to be excellent fiducial markers. 
They are sufficiently X-ray absorbing and spherical in shape so 
they are easily localized as high contrast objects in each image 
of a tilt series.

Tracking the fiducials through a series of images means that 
positions Yij in the ith image can be identified as projections orig-
inating from the same particle position Xj. Taking only affine 
transforms into account, the alignment problem of the images 
can be represented as solving the system of equations (Luther 
et al. 1988)

 
Y R PT X Dij i i j i= +( ),

 (40.55)

where Ti is a 3 × 3 matrix corresponding to the rotation of the 
sample, P is a 2 × 3 projection matrix along the optical axis, 
and Di and Ri represent the translational and rotational error of 
the projected images. Note that every localized fiducial intro-
duces one degree of freedom in the system, since its coordinate 
along the optical axis is unknown, but every successful tracking 
of a fiducial, that is, an identification of Xij = Xkl, decreases the 
number of degrees of freedom by one. Because of measurement 
errors in the localization of the fiducials, Equation 40.55 does 
not have an exact solution. Instead, the optimal corrections can 

(a) (b) (c)

FIGURE 40.11 An example of two reconstructions of a Shepp–Logan phantom with equal total dosage and added noise such that the shot noise cor-
responds to the same total dose of NimNP = 7.3 × 104. (a) 89 projections, I0 = 822, (b) 335 projections, I0 = 218, (c) 997 projections, I0 = 73. We see that, 
as shown in Brooks (1976), Chesler et al. (1977), and Faulkner and Moores (1984), the resolution is indeed dose dependent regardless of protocol. This is 
expected to break down at the limit of very few samples, as the inversion becomes highly unstable, and at very low signals, where the Gaussian approxima-
tion of the Poisson distribution breaks down (see Section 40.4.2).
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be found by minimizing the error, usually by least squares. The 
effect of outliers in the minimization procedure can be reduced 
by instead using more robust M-estimators (see, for example, Xu 
and Zhang 1996, Chapter 3), such as Cauchy, Welsh, or Tukey 
estimators (Brandt and Ziese 2006).

Although the fiducial alignment produces the most reliable 
and robust way to align the projection images, it suffers from 
significant drawbacks. The need to attach the fiducials to the 
sample requires an extra step in the sample preparation. Fiducial 
markers often cause streaking artifacts in the reconstructed 
image (Boas and Fleischmann 2012) due to their high contrast. 
Although the manual alignment process can be aided by soft-
ware (Kremer et al. 1996), it is slow, labor intensive, and prone 
to human error. Although significant progress has been made in 
automatic localization and matching of the fiducials (Ress et al. 
1999, Brandt et al. 2001b, Amat et al. 2008, Cao et al. 2010, Han 
et al. 2015), manual (or semiautomatic) alignment is still consid-
ered the Gold Standard.

Significant work has also been put into markerless alignment 
of images (Brandt 2007). The simplest way to try to circumvent 
these problems is by cross-correlating successive projection 
images (Guckenberger 1982, Frank and McEwen 1992). With 
small enough angular difference in the direction of projections 
between successive images,

 
PT X PT Xi j i j≈ +1 ,

 (40.56)

and the images can be matched by similarity measures. However, 
this approach has proven to be problematic. As the angular step 
of rotation or sample thickness increases, the approximation 
of Equation 40.56, and thus the cross-correlation of successive 
images, becomes progressively worse. In fact, there is no guar-
antee that the best cross-correlation will be achieved by perfectly 
aligned coordinate systems. Unfortunately, simply decreasing 
the step-size may not help. This is because the alignment for the 
images is the result of the cumulative sum of sequential cross-
correlations. Therefore, alignment errors tend to accumulate 
over a large number of images (Saxton et al. 1984, Frank et al. 
1987).

Another approach is called feature-based alignment (Brandt 
et al. 2001a, Brandt and Ziese 2006). Instead of using fiducial 
markers, local matching regions may be identified (by, e.g., 
cross-correlation (Castanõ-Díez et al. 2007, Sorzano et al. 2009) 
or features such as Harris corners (Harris and Stephens 1988) 
and tracked through a series of images. The identified features 
provide constraints similar to the fiducial models, which can be 
used to optimize the alignment of the images. The localization 
accuracy of extracted features is not as good as with fiducial 
markers, but this is compensated by the large number of avail-
able constraints; therefore, the errors associated with individual 
localization are averaged out (Brandt 2007).

Model-based approaches (Penczek et  al. 1994) use the initial 
alignment of the images to reconstruct the sample. This recon-
struction is then iteratively refined by aligning the experimental 
projection images to computational projections of the reconstruc-
tion. The method has been successful in the community of electron 
microscopy (Taylor et  al. 1997, Brandt and Kolehmainen 2004, 
Yang et al. 2005, Winkler and Taylor 2006). This kind of alignment 

procedure can be combined with a search algorithm that maxi-
mizes the contrast in the reconstruction (Houben and Sadan 2011) 
or can be part of larger procedures to obtain automatic reconstruc-
tions (Printemps et  al. 2016). Model-based alignment has been 
shown as a promising tool for SXT imaging (Parkinson et al. 2012) 
and provides a suitable solution to the alignment problem.

40.4.2 Reconstruction

The most widely used reconstruction algorithms are convolution 
methods (Bracewell 1956), more commonly known as filtered 
back projection (FBP), which follow naturally from the relation-
ship between the Radon transform and the Fourier slice theorem 
(Kak and Slaney 1988). In short, the Fourier slice theorem states 
that the Fourier transform of the projection of a 2D function onto a 
1D space is equal to a 1D slice of the 2D Fourier transform of that 
function through the origin. As seen from the sampled frequency 
space in Figure 40.12, the direct Radon transform does not provide 
an equal sampling of all the frequencies, thus a naïve back projec-
tion of the data will overestimate low-frequency signals. However, 
the back projection can be “filtered” in order to suppress the overs-
ampled frequencies, either by a convolution in the spatial domain, 
or by point-wise multiplication in the frequency domain. The FBP 
algorithm is very fast, and thus can yield a reconstruction of a cell 
in nearly real time using very modest computational resources. 
As such, it has remained the canonical method for tomographic 
reconstruction for over three decades (Pan et al. 2009).

In many cases, a better result can be obtained by iterative 
reconstruction algorithms. This method of sequentially refining 
the reconstruction provides valuable tools for coping with, for 
example, a limited number of projections or low SNR in the pro-
jection images. These benefits have been known since the very 
early days of tomography (Gordon and Herman 1974, Brooks 
and Chiro 1976) but, historically, iterative algorithms were often 
too computationally expensive for practical use. Comprehensive 
reviews from over 30 years ago on different iterative methods 
and their benefits (Rangayyan et al. 1985) contain many of the 
ideas and algorithms still in use today. With the recent large-
scale availability of computational resources, the computational 
demand of the algorithms is nowadays not a prohibitive factor. 
For a more recent general review on iterative methods, Beister 
et al. (2012) provide an excellent introduction. Because most of 
the experimental setups in SXT are limited by either limited 

2D Fourier

1D Fourier

x u

vy

FIGURE 40.12 The Fourier slice theorem states that extracting a line sam-
ple from the 2D Fourier transform of the images is equivalent to taking the 
1D Fourier transform of the corresponding projected image.
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angle, dose, or both, the field has largely adopted iterative recon-
struction methods (see Table 40.2).

Iterative methods are based on providing corrections to a can-
didate reconstruction by comparing its calculated projections 
with the measured data. A more general way of viewing iterative 
reconstruction methods is to view them as solutions to the math-
ematical optimization of a cost function

 Φ = ±D R( , , ) ( ),Ax y b x  (40.57)

which consists of three essential parts: the matrix A contains 
the choice of projection geometry, the fidelity term D repre-
sents choice of statistical modeling for the measured data, and 
R(x) contains the prior information for the reconstructed image, 
which may be expressed in terms of various regularizations.

The first step in an algebraic iterative reconstruction is to 
choose a basis function. For SXT, we use a discrete setting such 
that the continuous function of the LAC µ can be expressed in a 
finite series expansion (Censor 1983)

 
µ( , ) ( , ).x y x b x yi i≈ ∑  

(40.58)

This is most often accomplished by considering the basis 
functions to be square functions on a Cartesian grid (2D pix-
els), but many different appropriate bases have been developed 
(see, e.g., Censor and Wang 2010, Chapter 7 and references 
therein).

With a finite representation of the geometry, we can represent 
the measured images as a lexicographical ordering in a vector 
representation y for the collection of projection images and b 
for their corresponding background intensities. The measured 
values yi, bi follow from the Beer–Lambert Law, Equation 40.36

 

y b dsi i

Li

= −











∫exp ( ) ,µ x

 

(40.59)

where the Li represents the set of rays intersecting the ith pixel. 
In this way we formulate the measurement in terms of a linear 
transform on the (unknown) discrete representation of the LAC 
distribution x such that

 
− =log ,

y
b

Ax
 

(40.60)

where the matrix elements Aij  represent the contribution of the 
jth voxel in the LAC distribution on the projection on the ith 
detected pixel. Note that the matrix elements are not restricted 
to line integrals, and for example, contributions of the PSF, as 
discussed in Section 40.3.2, can also be incorporated. The prob-
lem of reconstruction is now reduced to solving a linear system 
of equations. The simplest way of iteratively solving this is the 
method known as ART (arithmetic reconstruction technique) 
(Gordon et al. 1970), which is the same (to within a constant) as 
the Kaczmarz method (Kaczmarz 1937) for solving linear equa-
tion systems.

The next step is to model the statistics of the process, that is, in 
which way the difference between the measured intensity y and 
model result of exp(−Ax) is penalized. A very common choice 
is the solution of least squares, minimizing the error of the L2 
norm, that is,

 
D = +log( ) .y b Ax/

2

 (40.61)

For example, given the starting point xi = 0, ART converges 
to a solution that is equivalent to minimizing Equation 40.61 
(Epstein 2007). A more rigorous statistical approach can be 
taken, such as modeling the signal as Poisson-distributed values, 
such that the expected value of the recorded signal, i, is given by 
(Fessler 2000, Thibault et al. 2007)

 E[ ] ,( )y b ri i i
i= +−e Ax

 (40.62)

where ri are background events without relevance, such as scat-
tered photons or crosstalk in the CCD chip (Fessler 2000). In 
this example, the function D takes the form of a log-likelihood 
(Erdogan and Fessler 1998, 1999, Fessler 2000)

 D( ) ( ) ( ).x b r y b rAx Ax= + +− −e − log e  (40.63)

There are two major benefits of this approach. One is that 
minimizing Equation 40.61 will cause a systematic bias on the 
reconstructed LAC,* which is avoided by statistical modeling. 
The second is that, in the presence of a background term ri, the 
corrected image y may contain negative elements, for which a 
corresponding log-value is undefined. Although the background 
events for soft X-ray systems can be very low compared to the 
measured signal, the systematic bias in the LAC can be sig-
nificant for low-dose imaging and low transmission scans, in 
which statistical modeling is necessary for consistent measure-
ments of the LAC. Statistical models are not restricted to the 
model in Equation 40.62; other statistical models for the signal 
include compound Poisson (Elbakri and Fessler 2003), which 
handles polychromatic beams, and a combination of Poisson and 
Gaussian (Snyder et al. 1993, Ma et al. 2012), which models the 
dark current of the CCD chip as a Gaussian variable.

The third part of choosing a reconstruction model is the avail-
able prior information, such as the knowledge that the LAC can-
not be negative, or the assumption of local smoothness, more 
commonly known as regularization, that is, we can expect that 
the distribution of the LAC is mostly a slowly varying function. 
Priors can also include prior reconstructions (Hansen et al. 2014) 
or known objects in the reconstruction (Stayman et al. 2012).

Noise in direct reconstructions can be suppressed by various 
regularization terms, which penalize differences in neighboring 
pixel values such that

 

R x x xi

i j N

i j

i

( ) ( ),= −∑∑
∈

Ψ

 
(40.64)

* As −log(x) is a convex function, the Jensen’s inequality E[−log (X)] ≥ 
−log E[X] holds for any random variable X.
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where Ni is a set of pixels that defines the neighborhood of pixel i. 
The simplest case is the quadratic regularization of Ψ(x) = x2; 
however, this type of function has the disadvantage of also blur-
ring edges in the reconstruction. Various other types of edge-pre-
serving functions have been proposed (Charbonnier et al. 1997), 
such as the Huber function (Huber 1964) and q-generalized 
Gaussian Markov random fields (MRFs) (Thibault et al. 2007). 
Regularization can also be performed on other bases, such as the 
wavelet basis (Belge et al. 2000).

Compressed sensing is a rapidly rising field in signal pro-
cessing that is worth mentioning in the context of tomographic 
reconstruction (Graff and Sidky 2015). Compressed sensing is 
a method that is capable of reconstructing a sparse signal from a 
very limited set of dense measurements.* The key idea is that a 
signal can be recovered exactly from only a few measurements 
by convex optimization (Candes and Wakin 2008, Foucart and 
Rauhut 2013), as shown in Figure 40.13. The rapid development 
of the field was initiated by two groundbreaking papers, Donoho 
(2006) and Candès et al. (2006), in which more rigorous math-
ematical conditions for the problem were presented. Even though 
many of the concepts used in compressed sensing, such as the 
use of the L1 norm to recover sparse signals (Taylor et al. 1979, 
Santosa and Symes 1986) or using total variation as a sparsity-
inducing regularization (Rudin et al. 1992, Acar and Vogel 1994, 
Li et al. 2002), predate the modern concept of compressed sens-
ing, the spiked interest in the subject has produced a plethora of 
useful ideas and algorithms, see Goldstein and Osher (2009) and 
Foucart and Rauhut (2013, Chapter 15). Such methods include 
recent algorithms for low-dose imaging (Han et al. 2011, Sidky 
et al. 2011, Tian et al. 2011) and interior reconstructions (Yu and 
Wang 2009, Wang and Yu 2013). The developed algorithms are 
also readily applicable to statistical models (Tang et  al. 2009) 
and reconstructions based on dictionary learning (Lu et al. 2011, 
Xu et al. 2012). The ideas have also been applied to EM tomog-
raphy, giving hope for better limited tilt reconstructions (Saghi 
et al. 2011, Leary et al. 2013, Thomas et al. 2013).

* By dense, we refer to the required incoherence between the sensing and 
representation basis.

The flexibility of iterative algorithms makes them a useful tool 
in SXT. There are many ways in which iterative methods can 
be tailored for a specific experimental setup (Nuyts et al. 2013). 
Optical, statistical, and dose limitations have all contributed to 
the relatively fast adoption of iterative reconstruction schemes in 
SXT. That said, there is a very large set of different reconstruc-
tion procedures used in today’s world of SXT, and a wide range 
of available software for the processing (see Table 40.2). All dif-
ferent algorithms tend to produce slightly different reconstruc-
tions and the choice is, in the end, often a matter of taste (see 
Figure 40.14).

40.4.3 Image Segmentation

Image segmentation refers to the partitioning of an image into 
non-overlapping constituent regions that are homogeneous with 
respect to some characteristic. In the context of SXT of cells, the 
purpose of segmentation is to identify the boundaries of struc-
tures of interest, such as whole cells, individual organelles, or 
cytoskeleton, in order to isolate a particular component of the 
dataset. In this way, segmentation simplifies the representation 
of the image, making it easier to analyze, which is essential for 
the processes of cataloging and cross-correlating information 
about biological structure between different cells or imaging 
modalities.

Since different cellular structures are associated with different 
LACs, voxel intensity is often an effective element for identifying 
the boundaries of structures of interest. In cases where multiple 
structures yield the same LAC, a priori knowledge of the texture, 
size, shape, and neighborhoods of various cellular structures 
must also be incorporated. Presently, image segmentation is a 
time-consuming, largely manual process (Parkinson et al. 2013), 
and as such, is a significant bottleneck in the image-acquisition 
process. Manual segmentation may be assisted by commercially 
available software such as Amira or Avizo,† however these pro-
grams still require significant input from the user, including the 
definition of parameters such as threshold values, seed points, 
and contours. Automation of the segmentation process is desir-
able, but is a challenging problem.

Although, in simple cases, thresholding can be an effec-
tive technique, it is inadequate in the circumstances of missing 
information, occlusions, and especially poor SNR. Furthermore, 
when organelles possess similar LAC, classification by thresh-
olding is intractable. A number of more advanced techniques 
for semi-automatic segmentation have been proposed, including 
but not limited to, variational methods based on Mumford–Shah 
functionals (Vese and Chan 2002), hierarchical MRFs (Abend 
et  al. 1965), topological derivative methods (Hintermüller and 
Laurain 2009), support vector machines (Cortes and Vapnik 
1995), and geometric active contours (Sethian 1999), which can 
be assisted by shape priors (Cremers et al. 2002). Some of these 
methods have been applied to problems involving the segmen-
tation of individual cells and cell nuclei in fields such as light 
microscopy, confocal microscopy, and fluorescence microscopy, 
for example, Ortiz De Solórzano et al. (1999), Lin et al. (2003), 
Würflinger et  al. (2004), Dufour et  al. (2005), and Jones et  al. 
(2005). In electron microscopy, there have been a few attempts 

† FEI Software: https://www.fei.com/software/

(a) (b)

FIGURE 40.13 An example of how compressed sensing (CS) algorithms 
can improve on image quality for low-dose imaging. The reconstructions 
were made using 36 noiseless, evenly spaced, projection images. The recon-
structions shown were obtained by (a) least-squares minimization with non-
negativity constraint (b) L1 regularized TV-minimization.

https://www.fei.com/software/
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at automatic segmentation of individual organelles which have 
resulted in varying degrees of success (Keuper et al. 2011, Perez 
et al. 2014, Lucchi et al. 2015).

A contemporary approach to the problem would involve deep 
learning using convolutional neural networks (CNN). CNNs have 
become an area of very active research over the past two years. 
They have already been successfully applied to many segmenta-
tion problems in biology and medicine, for example, Roth et al. 
(2014), Ciompi et al. (2015), Shkolyar et al. (2015), and Zhang 
et al. (2015). The primary limitation of these methods will likely 
be the availability of labeled training data, but their robustness 
and adaptability may lead to high-fidelity segmentations without 
the need for user interaction.

40.5 Applications

SXT is routinely used to visualize bacteria (approximately 500–
1000 nm), fungi (3–5 µm), algae (5–7 µm), and higher order 
eukaryotic cells (7–10 µm). The technique can also image speci-
mens larger in one dimension, such as extended fungal hyphae 
(50 µm). In this section, we present a smorgasbord of cell types 
analyzed by SXT. We should stress this is merely a small sample 

of the published work and not a complete account of SXT imag-
ing in cell biology.

At the lower end of cell size, Hammel et al. (2016) used SXT to 
analyze the effect of two conserved, histone-like proteins, HUαα 
and HUαβ, on chromosome (nucleoid) compaction and organiza-
tion in bacteria (Figure 40.15). In tandem with other biophysical 
methods, SXT showed that HUαα and HUαβ interplay is asso-
ciated with dynamic changes in nucleoid spatial organization. 
This work has opened the door to the development of a new class 
of antibiotics that potentially addresses the rapid growth in the 
number of drug-resistant strains of pathogenic organisms.

Moving up in scale and complexity, Uchida et al. (2010) used 
SXT as a means of quantifying and characterizing organelles 
in yeast cells (Figure 40.16). This work showed that SXT is 
uniquely capable of imaging the internal architecture of rela-
tively large numbers of cells. The high throughput of SXT speci-
mens allowed for a comprehensive comparison of subcellular 
structure between cells at different stages of cell-division and 
among several cell strains.

SXT has also been used in research with the potential for 
immediate impact on human health. Darrow et  al. (2016) 
used SXT to image changes in red blood cell (RBC) morphol-
ogy caused by sickle cell disease and to assess the efficacy of 

(a) (b) (c) (d)

FIGURE 40.14 An example of different reconstruction algorithms for visualizing the structure of a thymic lymphoma cell (Smith et al. 2014). (a) Filtered 
back projection (FBP) (Kremer et al. 1996), (b) CGLS (Parkinson et al. 2012), (c) penalized-likelihood (Stayman and Fessler 2004), (d) L1 regularized 
 conjugate gradient method for least squares (CGLS) (similar to Vandeghinste et al. 2011)

TABLE 40.2

Collection of Different Algorithms Used for Soft X-ray Tomography

Biological Application Algorithm Supporting Software

Hummel et al. (2012), Duke et al. (2014) FBP IMOD (Kremer et al. 1996)

Larabell and Le Gros (2004), Carrascosa et al. (2009) WBP (Radermacher et al. 1986) IVE/PRIISM (Chen et al. 1992, 1996) 
SPIDER (Frank et al. 1996)

Lehr (1997), Weiß et al. (2000), Schneider et al. (2002, 2003) MART (Gordon et al. 1970)

Bertilson et al. (2011), Chichón et al. (2012), Hertz et al. (2012), 
Duke et al. (2014), Chiappi et al. (2016)

SIRT (Gilbert 1972) tomo3d (Agulleiro and Fernandez 2010, 
2015) IMOD (Kremer et al. 1996)

Schneider et al. (2010), Hummel et al. (2012) Fourier bsoft (Heymann 2001, Heymann and 
Belnap 2007, Heymann et al. 2008)

Parkinson et al. (2012) CGLS (Björck 1996) AREC3D (Parkinson et al. 2012)

Uchida et al. (2010), Hanssen et al. (2012), Smith et al. (2014) ML (Erdogan and Fessler 1999, 
Stayman and Fessler 2000)

Aspire (Fessler 1995)

Note: Many of the softwares cited provide more than one reconstruction algorithm; the tabulation here comes from the cited references.
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a sphingosine kinase 1 inhibitor, compound 5D, as a drug that 
inhibits the sickling process. In particular, SXT was shown to be 
an efficient tool for imaging a hallmark of sickle cell disease: the 
formation of protrusions in RBCs (shown in Figure 40.17).

Another example of the medical applications for SXT is recent 
work by Chiappi et al. (2016) to determine the intracellular con-
sequences of exposure to nanoparticles. The team incubated 
human breast cancer cells with superparamagnetic iron oxide 

nanoparticles (SPION), a promising alternative to conventional 
chemotherapy drugs.

A particularly sophisticated SXT analysis was carried out 
recently by Le Gros and co-workers (Le Gros et  al. 2017). In 
this work, they determined the topological organization of chro-
matin in olfactory sensory neurons, the basis for proper gene 
regulation. SXT revealed interconnected networks of chromatin, 
spanning the nucleus during neurogenesis. This is a previously 
unseen structural arrangement, which likely enables inter-chro-
mosomal interactions and remains intact during nuclear remod-
eling (Figures 40.18 and 40.19).

To date, the longest cell imaged by SXT is the extended 
hyphal yeast shown in Figure 40.20 (Uchida et al. 2009). In this 
study, SXT was used to reconstruct cells of the human pathogen 
Candida albicans. This particular fungus is ubiquitous in the 
human gut, although most people never realize they are acting 
as a host. However, under certain conditions, Candida albicans 
can switch morphology to a pathogenic, filamentous form, and 
cause disease. SXT revealed the underlying cellular changes that 
take place during this morphological switch and visualized how 
candidate drug molecules interfere with this process.

As can be seen from these applications, SXT has evolved into 
a general-purpose tool for cell imaging and is now playing a sig-
nificant role in a diverse array of research topics, from basic biol-
ogy to biomedicine.

40.6 Future Directions

In a talk to the American Physical Society, the physicist Richard 
Feynman said, “make the microscope one hundred times more 
powerful, and many problems of biology would be made very 
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FIGURE 40.15 Soft X-ray tomography (SXT) reconstructions of the nucleoid organization in wild type (WT MG1655) and HUα38 mutant (SK3842) 
strains of the bacterium Escherichia coli in the lag, exponential, and stationary phases of the cell cycle. Nucleoid volume (yellow surface rendering) was 
segmented from the tomographic reconstruction using the 3D linear absorption coefficient (LAC) at µ = 0.25 mm−1. A representative orthoslice for the non-
segmented image is shown for each growth phase within the µ = 0.22 to 0.29 mm−1 (yellow to blue) (color available in original publication). (Taken from 
Hammel, M. et al. 2016. Science Advances 2(7), e1600650.)
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FIGURE 40.16 Soft X-ray tomography (SXT) was used to quantify cell 
volumes in haploid and diploid Saccharomyces cerevisiae cells at the four 
main stages of the cell cycle; scale bar = 1 µm. For this experiment, a 
total of 74 haploid cells and 80 diploid cells were imaged and quanti-
fied. Color key: blue, nucleus; orange, nucleolus; ivory, vacuole; grey, 
mitochondria; green, lipid bodies (color available in original publication). 
(Adapted from Uchida, M. et al. 2010. Yeast 28(3), 227–236.)
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much easier” (Feynman 1960). Feynman’s insightful remarks are 
as pertinent to modern biology as they were back in 1959.

History has shown scientific discoveries are made each time 
there is an evolutionary step in microscopy. Improved micro-
scopes reveal previously unseen details, quantify once-unquanti-
fiable information, and visualize new classes of specimens. SXT 
meets all of these criteria. SXT can image the subcellular orga-
nization of intact, unstained, fully hydrated eukaryotic cells up 

to 10 µm thick. No other modality can duplicate this range of 
imaging capabilities.

Moreover, SXT is quantitative—the attenuation of soft X-ray 
photons as they pass through a cell creates images with excellent 
SNR. The intensity values associated with each voxel in a SXT 
reconstruction directly correlate with the chemical composition 
at that location in the cell. The soft X-ray illumination used for 
SXT data acquisition minimally interacts with water compared 

Stage None Mild Moderate Severe

2, 3, 45, 6, 70, 1 8, 9, 10+

1 μm
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protrusions

FIGURE 40.17 The stages of red blood cell sickling visualized by soft X-ray tomography (SXT). SXT reconstructions quantified sickling based on the 
number of protrusions. The mild category was seen to have 8 or more protrusions, whereas severe had 4 or fewer (color available in original publication). 
(Taken from Darrow, M. C. et al. 2016. Journal of Cell Science 129(18), 3511–3517.)
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FIGURE 40.18 Soft X-ray tomography (SXT) images of breast cancer cells (MCF-7) after incubation with superparamagnetic iron oxide particles 
(SPIONs). SPION-containing vesicles were colored by size (yellow to red). The nucleus is shown in blue. CTR equals control, time is expressed in hours 
(color available in original publication). (Taken from Chiappi, M. et al. 2016. Journal of Nanobiotechnology 14(1).)
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with the attenuation by biomolecules. Consequently, SXT can 
accurately measure the carbon content of a cell and the changes 
in this distribution as a result of the cell cycle, environmental 
changes, genetic modification, or any other parameters.

All of these characteristics would be great, even if the process 
of imaging was slow. SXT imaging is also a fast, high- throughput 
technique, with complete tomographic datasets taking just a 

few minutes to acquire. In addition, each field of view can con-
tain more than one cell; in the case of prokaryotic cells, the 
15 × 15 µm field of view may comprise many tens of bacterial 
cells, a handful of yeast cells, or one, larger, eukaryotic cell.

40.6.1 Correlated Imaging

Visualizing and quantifying the subcellular architecture is 
an enormously powerful component of modern cell biology. 
However, as is often the case in science, a single thread of infor-
mation rarely creates a complete picture. Cell biology is more 
than just the sum of the cellular structures. In particular, biolo-
gists want to know where specific molecules are located in the 
cell (Zhang et al. 2002, Tsien 2003, Giepmans 2006). Where and 
when particular molecules interact in the cell is equally impor-
tant to understanding cell function. In the cell, molecules are 
often repurposed, with molecules performing different functions 
depending on their location. In eukaryotic cells, the organelles 
create a range of discrete chemical microenvironments inside 
the cell. Each microenvironment is capable of supporting differ-
ent types of molecular interactions. Therefore, it is important to 
know if a particular molecule is inside or outside the finely tuned 
chemical environment of an organelle (McDermott et al. 2012). 
Because the resolving power of a soft X-ray microscope is too 
low to identify individual molecules, additional information is 
required.

Initial work to make localization of molecules possible cen-
tered on binding antibody-conjugated electron-dense labels—for 
example, gold or tungsten nanoparticles—to proteins in the cell 
(Yeung et al. 1998, Ashcroft et al. 2008). The high attenuation of 
the label can easily be seen in the SXT data, since metals have a 
much greater LAC than biological molecules and structures. This 
type of labeling has been very well developed for use in electron, 
and even light, microscopies. Overall, this method of labeling has 
the advantage that the target molecule (in most cases a protein) is 
in its native, functional state and is present in the cell at normal 
physiological concentrations. However, there are disadvantages 
to using immuno-labeling methods. First, the cell must be chemi-
cally fixed for the process to work. Second, the antibody may 
have limited, or even no, access to the target epitope- containing 
molecule. Third, because antibodies do not readily pass through 
a plasma membrane of cells, permeabilization agents, such as a 
detergent or alcohol solutions, must be used to create holes in the 
membrane in order to allow tagged antibodies to pass through. 
Permeabilization is destructive, and because the entire process of 
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FIGURE 40.19 The surface colormap of the skeletonized heterochromatin 
in nuclei of cells imaged by soft X-ray tomography (SXT). Red reflects a 
thinner portion of heterochromatin, yellow thicker, and white the thickest 
region of heterochromatin (the pericentromeric heterochromatin is the white 
mass in the center of the mature neuron). The color map of the skeletonized 
euchromatin ranges from blue (thinnest) to red (thickest) (color available in 
original publication). (Image from Le Gros, M. A. et al. 2017. Cell Reports 
17(8): 2125–2136. Elsevier. doi: 10.1016/j.celrep.2016.10.060.)

FIGURE 40.20 Long hyphal cells of the fungi Candida albicans. Bottom: representative orthoslice through the 3D reconstruction. Top: segmented 
reconstruction showing selected organelles color-coded for identification. Blue, nucleus; orange, nucleolus; gray, mitochondria; yellow, vacuole; green, lipid 
bodies. (Scale bar 2.0 µm) (color available in original publication). (Taken from Uchida, M. et al. 2009. Soft X-ray tomography of phenotypic switching and 
the cellular response to antifungal peptoids in Candida albicans. Proceedings of the National Academy of Sciences 106(46), 19375–19380.)
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immuno-labeling may extend over several days, it is quite likely 
to cause a significant amount of damage (Leis et al. 2009). Even 
preliminary investigations support this hypothesis: significant 
structural differences were observed between fully hydrated 
cells and dehydrated cells (Mollenhauer 1993).

A less damaging approach to localization is to label the protein 
of interest with a fluorescent tag. Fluorescent localization tags can 
be created in many different ways (Giepmans 2006), most com-
monly using genetically encoded fluorescent protein molecules. 
In practice, it is now possible to fluorescently tag virtually any 
molecule or structure in a cell (Shaner et al. 2007). Fluorescent 
tags are also available in a wide range of colors. Arguably, the 
most powerful of these are the genetically encodable fluorescent 
proteins (FPs) (see Chalfie et al. (1994) and Giepmans (2006) for 
a review of the fluorescent labels, together with examples of their 
application). Unquestionably, FPs have revolutionized cell and 
molecular biology by making it possible to track virtually any 
molecule in live cells over time. As a consequence, FP labeling 
and fluorescence microscopy have become mainstay techniques 
in bioresearch labs throughout the world. This means fluores-
cence imaging is ideally suited for correlated imaging studies 
with SXT.

An example of correlated whole-cell SXT–fluorescence imag-
ing is the work by Smith et al. (2014) characterizing the inactive 
X-chromosome. Female mammals inherit an X-chromosome from 
each parent, whereas males only inherit a single X-chromosome 
from their mother. To prevent an imbalance of X-chromosome 
gene products, one X-chromosome (Xi) must be “silenced” in 

every female cell. This phenomenon is the pinnacle of epigen-
etic regulation and has been the subject of intense study since 
its discovery in the mid-1900s (Barr and Bertram 1949, Lyon 
1961). Before the correlated SXT study, the topology and degree 
of compaction adopted by Xi were open questions, since neither 
could be determined accurately using the existing imaging tech-
niques. In the study by Smith et al. (2014), cryogenic fluorescence 
tomography (CFT) data allowed for localization of Green fluores-
cent protein (GFP)-labeled Xi in the nucleus of female lymphoma 
cells whereas SXT provided the cellular structure. The presence 
of fiducial markers visible in both modalities allowed accurate 
overlay of the two tomographic reconstructions (Figure 40.21).

Ideally, the position of these fluorescent tags in the cell should 
be determined with the highest possible spatial resolution (Willig 
et al. 2006). For many years, the spatial resolution was thought to 
be limited by diffraction, leading to a maximum resolution limit 
of typically half the wavelength of the light used (Abbe 1873); in 
other words, 200–300 nm. However, in recent years, a number 
of “super-resolution” imaging techniques have been developed 
that extend beyond this resolution (Hell et al. 2004, Betzig et al. 
2006, Rust et  al. 2006, Bates et  al. 2007, Friedenberger et  al. 
2007, Willig et al. 2007, Manley et al. 2008, Punge et al. 2008, 
Schermelleh et al. 2008). All of these methods can be used to 
localize a fluorescent moiety at a spatial resolution higher than 
the optical diraction limit.

In most studies, the fluorescent lifetime of the tag is a major 
consideration. A collection of images with consistent fluorescence 
intensities allows better SNR measurements, and therefore, more 

(a) (b) (c)

(d) (e)

FIGURE 40.21 (a) Cryo-fluorescence of MacroH2A-EGFP labeled X chromosome (Xi). The cell boundary is shown as a dotted line. (b) Orthoslice from 
the soft X-ray tomography (SXT) reconstruction of the same cell. (c) Overlay of fluorescence and soft X-ray data. (d) SXT reconstruction of the cell, with 
cutaway revealing the internal structure. (e) Overlay of CFT data with the SXT reconstruction shown in (d) with inlay, segmented Xi (color available in 
original publication). (Taken from Smith, E. A. et al. 2014. Biophysical Journal 107(8), 1988–1996.)
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accurate localization of the fluorescent signal. Typical estimates for 
the efficiency of photon-detection in a microscope are only around 
1%, with a fluorophore typically yielding between 105 and 106 
photons before photo-bleaching occurs (Moerner and Orrit 1999, 
Thompson et al. 2002). Allowing for inefficiencies in detection, 
and other factors, Thompson et al. (2002) calculated that this num-
ber of photons theoretically allows collection of 100 images with a 
signal sufficient to be localized with a precision of 65 nm, or only 
10 images with a precision of 20 nm. Consequently, super-resolu-
tion methods would benefit greatly from extending the photoactive 
lifetime of a fluorophore. In general, virtually any fluorescence 
microscopy experiment would be enhanced if the fluorophores 
output a consistent signal during data acquisition. Super-resolution 
methods have been developed for correlated light and soft X-ray 
microscopy studies. The methods and instruments required are 
conceptually simple and have enormous potential to be used in 
almost any imaging application that would benefit from increased 
fluorescent probe lifetimes and the use of high NA optics.

Cryo-cooling a specimen significantly enhances the working 
life of a fluorophore (Moerner and Orrit 1999). In our experi-
ments, we have observed this to be a factor of 30 or more increase 
in the fluorescent lifetime of molecules such as yellow fluorescent 
protein (YFP). Moreover, cryogenic microscopy eliminates the 
need for chemical fixation before high spatial resolution imaging. 
Taken together, the characteristics of cryogenic microscopy have 
enormous potential as an independent technique or for localiz-
ing molecules in conjunction with modalities other than SXT, for 
example, cryo-electron microscopy studies (Lŭcíc et al. 2008).

Today’s soft X-ray microscopes operate with an imaging 
resolution of 35–50 nm, whereas super-resolution fluorescence 
microscopy can achieve single digit nanometer precision. The 
optimal overlay of light and soft X-ray data occurs when data 
from both modalities have the same spatial resolution. The future 
goal in SXT is to achieve equal resolution in both modalities.

40.6.2 Final Words

In closing, SXT has evolved from being a niche technique to 
a mainstream modality in cell biology. SXT produces unique 
insights into the subcellular world and can be applied as a stand-
alone imaging method, or as part of a multi-modal correlated 
study. The combination of SXT with cryogenic fluorescence 
microscopy blends molecular localization data with quantitative 
structure. This potent correlation of disparate data from the same 
specimen is shedding light on many long-standing questions in 
biology. We expect SXT to contribute significantly to discovery 
science in the years to come.
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41
4D X-ray Computed Tomography

Amit Mehndiratta, Soenke H. Bartling, and Rajiv Gupta

41.1 Introduction

The concept of X-ray computed tomography (CT) was pioneered 
by Sir Godfrey Hounsfield and Allan McLeod Cormack in the 
1970s at the EMI Central Research Laboratories (Middlesex, 
UK) and Tufts University (Boston, MA), respectively. Their main 
idea of using multiple projections to create tomographic images 
formed the basis of the scanner made by Electrical and Musical 
Industries (EMI), the first clinical brain scanner. Since the days 
of the first brain scan in the early 1970s, CT has come a long way. 
Multi-detector computed tomography (MDCT) has seen a steady 
increase in capabilities, availability, and dedicated protocols 
for various applications (see Section III, Chapter 32). One such 
application is imaging of temporally evolving  processes (e.g., 
imaging flow dynamics in blood vessels), an application that is 
usually referred to as 4D or dynamic imaging.

Traditionally, Digital Subtraction Angiography (DSA) has 
been the Gold Standard for acquiring dynamic imaging of 
blood vessels. DSA enables two-dimensional X-ray projections 
that can be acquired at a fast rate, usually, 30 frames per sec-
ond (fps) or higher. As such, DSA enables dynamic imaging 
of the  vasculature and other anatomy in the projection domain 
(i.e., 3D dynamic imaging using time-elapsed 2D projections). 
This  chapter discusses technologies and methods required to add 
another dimension to this process, viz., 4D dynamic imaging 
using time-elapsed 3D tomographic views.

In standard computed tomography, it is routine to acquire 3D 
slice-by-slice datasets. In fact, MDCT has replaced DSA for rou-
tine vascular imaging at many centers. CT Angiography (CTA) 
by using intravenous contrast injection provides quantitative 

high-resolution 3D images using a minimally invasive technique. 
Unlike DSA, however, a CTA is a static snapshot of the vascular 
anatomy under consideration. It is, therefore, limited in its abil-
ity to reveal dynamic features of any time-varying phenomena. 
There are other issues, such as vulnerability to metal artifacts 
that limit its application in post-intervention imaging after clip-
ping or coiling of aneurysms, or after embolization of arteriove-
nous malformations (AVMs).

Increasing temporal resolution of MDCT, which is now capa-
ble of rotating at three to five revolutions per second, has opened 
the possibility of 4D imaging via acquisition of successive 3D 
datasets separated in time. Wide area detector CT scanners are 
also available for clinical use. Such  scanners—by their ability to 
acquire 3D datasets in one rotation without the need to translate 
the patient through the bore of the scanner—can also be oper-
ated to capture a 4D dynamic CT. Concomitantly, the advent of 
larger-area flat-panel detectors has enabled a completely new 
genre of scanners that use these detectors on a C-arm gantry or 
a standard CT gantry to acquire 2D, 3D, and 4D images. We dis-
cuss these technologies next.

41.2  Imaging Using a Conventional 
MDCT Gantry 

41.2.1 Perfusion Imaging

Assessment of tissue perfusion is important for a variety of appli-
cations, that include management of ischemic stroke, cardiac 
perfusion, and other instances where tissue viability is the main 
clinical question. The basic paradigm consists of repeatedly 
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scanning a tissue with a slab of CT data and to observe the 
dynamics of the first-pass of a bolus of contrast. We illustrate 
this process with an example from neuroimaging in the setting 
of acute ischemic stroke.

Figure 41.1 shows the prescription of two slabs on a scout CT 
that will be the target of perfusion assessment. A typical perfu-
sion CT scan targets one or two slabs, in cine acquisition mode. 
The number of slabs needed depends on the maximum collima-
tion area available; a wide area MDCT (for example, the Toshiba 
Aquilion with 16 cm coverage) will require only one slab, while 
a 64-slice scanner (4 cm coverage) will typically need two slabs 
to cover the full middle cerebral artery distribution. Newer scan-
ners also allow a shuttle mode where a wide slab is prescribed 
and the scanner shuttles back and forth between the boundaries 
of this slab. In this scenario, one trades-off the temporal resolu-
tion for the slab acquisition with the area covered by the slab: 
a wider slab results in greater coverage and poorer temporal 
resolution.

Typically, a low tube voltage (e.g., 70–100 kVp) is used to 
be close to the k-edge of iodine and to increase the conspicu-
ity of iodine. In order to keep the radiation dose as low as pos-
sible, the tube current is also kept low (e.g., 200–300 mA). The 
tube collimation is kept as wide as possible to increase the area 
of coverage. On a 64-slice MDCT, a typical setting would be 
8 × 5 mm slice mode (i.e., 8 CT slices, each 5 mm thick, for a 
total of 4 cm acquisition per slab). Since the blood flow dynam-
ics varies significantly between the arterial and venous phases, 
it is advantageous to acquire the arterial phase images at a 
faster rate than venous phases images. Therefore, one  typically 
divides the entire image acquisition into two phases: (a) Phase I 
(cine)—fast acquisition (e.g., 1 image every second for 40 sec-
onds, with a 0.5 second reconstruction interval); (b) Phase II 
(axial)—slow phase (e.g., 1 image every 3 seconds for 27 sec-
onds). This  technique allows one to extend the total duration of 
image acquisition while limiting the radiation dose. In the above 
example, one can acquire data for 67 seconds, while the X-ray 

exposure was only for 49 seconds. In this example scenario, the 
protocol has a CT Dose Index (CTDIvol) of about 470 mGy and 
a dose-length  product (DLP) of 1890 mGy-cm. The overall dose 
for the example CT perfusion protocol is less than 0.5 Gy CTDI 
(vol), and is less than the 0.6 Gy recommended by the American 
Association of Physicists in Medicine (AAPM). One can fur-
ther reduce the dose by 25% if a tube current of 150 mA is used 
instead of 200 mA.

Figure 41.2 shows a typical time-density curve for one slice 
obtained from slab prescription in the middle cerebral artery ter-
ritory. As can be seen by the perfusion deficit, in this patient 
the acute ischemic stroke involves the left cerebral hemisphere. 
The regions of interest (ROI) are color-coded to reflect three dif-
ferent vascular territories: an artery (Medium-gray), non-isch-
emic brain (Light-gray), and ischemic brain (Dark-gray). As can 
be seen, the arterial pattern, which forms the reference curve for 
perfusion analysis, shows a brisk upstroke, followed by wash-
out, followed by recirculation and steady state. These phases are 
slightly delayed in the  normal brain parenchyma, but are signifi-
cantly delayed in ischemic brain parenchyma.

Perfusion parameters of brain parenchyma and, for that 
 matter, any other tissue, consist of parametrizing the time- 
density curve for each voxel. One such parameterization is 
shown in Figure  41.3. The area under the time-density curve 

FIGURE 41.1 Prescription of two CT slabs being targeted for dynamic 
imaging in a patient suspected of acute ischemic stroke on a 64-slice 
 scanner. On a wide area MDCT, a single slab would suffice.
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FIGURE 41.2 Time-density curve for three regions of interest (ROI) in 
a patient with acute ischemic stroke. Each color-coded curve, correspond-
ing to the ROI with the same color, shows the blood flow dynamics of that 
region. Medium-gray = Arterial input function; Light-gray = Normal non-
ischemic brain parenchyma; Dark-gray = Ischemic brain.
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FIGURE 41.3 Parametrization of time-density curves to derive perfusion 
parameters that distinguish ischemic from non-ischemic tissue.
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is a measure of the blood volume in the tissue, usually referred 
to as the  cerebral blood volume (CBV) or tissue blood volume 
(TBV). The time from the start of the bolus arrival to the end of 
the first-pass washout is denoted as a marker of the mean transit 
time (MTT). If the tissue is ischemic, the MTT will be increased. 
Once can define the cerebral blood flow (CBF) into the voxel as 
CBV divided by MTT. Of the three perfusion parameters—CBV, 
CBF, and MTT—only two are independent.

Figure 41.4 shows a non-contrast CT and CT angiogram 
(CTA) for another patient. As expected, it is very difficult to 
visualize the early ischemic changes from the acute stroke on a 
non- contrast CT. The lack of cerebral perfusion due to an acute 
thrombus in the left middle cerebral artery (MCA) is much bet-
ter appreciated in the CTA slice. Figure 41.5 shows the perfu-
sion maps for this patient at the level of the insula. In this figure, 
the diffusion-weighted magnetic resonance (MR) image (DWI) 
depicts the core of the infarct (i.e., irreversibly infarcted brain 
tissue). As can be seen, the MTT is increased in the ischemic ter-
ritory, and there is a concomitant decrease in the CBF. In addi-
tion, the MTT and CBF abnormalities are much larger than the 
core of the infarct.

Given the hyper-acute presentation for this patient, and 
relatively small perfusion defect given that the entire left 
cerebral artery is threatened, this patient was taken for cath-
eter angiography and thrombectomy. Figure 41.6 shows four 
images from the catheter angiography showing progressive 
recanalization of the left middle cerebral artery. Figure 41.7 
shows two non-contrast CT scans and a slice from the CT 
angiogram of the same vascular territory performed the next 
day. An intracranial stent was deployed in this case, and can 
be seen in this image. As can be seen, the left MCA has been 
completely recanalized. Figure 41.8 shows the CT perfusion 
maps after thrombectomy and  recanalization of the left MCA. 
As can be seen, the majority of the  perfusion defect has been 
reversed.

CT perfusion (CTP) has been in research and clinical use 
for some time now; however, its role in the work-up of acute 
ischemic stroke is a topic of current research. Research in CT 

perfusion is challenging secondary to a multiplicity of technolo-
gies and processing paradigms, relatively low contrast-to-noise 
and signal-to-noise ratios, and potentially high radiation dose. 
One can address the algorithmic complexity and the radiation 
dose. However, the biology of acute stroke is challenging, and 
interpretation of CTP maps for acute patient triage remains 
controversial.

DWI CBF

CBV MTT

FIGURE 41.5 Diffusion-Weighted Image (DWI) for the patient with 
an ischemic stroke involving the left middle cerebral artery, and the cor-
responding perfusion maps (MTT, CBF, and CBV) in an approximately 
matched territory. The CBF and MTT defects are quite apparent, while CBV 
abnormality is subtler.

FIGURE 41.4 Non-contrast head CT (left) and a corresponding slice from the CT angiogram (right).
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41.2.2 Cardiac Imaging

Atherosclerosis of the coronary arteries with its various clini-
cal manifestations is the major cause of morbidity and mortal-
ity in industrialized nations. Even though effective treatment 
strategies to lower coronary event risk, such as statin therapy, 
are available, there are ∼540,000 myocardial infarctions 
and ∼515,000 deaths from coronary artery disease (CAD) 

every year in the United States (AHA 2003). Invasive coro-
nary angiography remains the standard for the detection of 
coronary artery stenosis in symptomatic patients. In 2004, 
1.4 million coronary angiograms were performed for diagno-
sis only. The overall complication rate was 8% (3.6% of diag-
nostic procedures and 15.1% of therapeutic procedures). The 
procedure-related mortality rates were 0.2%, 0.1%, and 0.5% 

FIGURE 41.6 Still frames from catheter angiography performed for intra-arterial thrombectomy in a patient with left MCA stroke.

FIGURE 41.7 Non-contrast CT (left two images) and CT angiogram from a patient after thrombectomy and left MCA stent deployment.
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for total, diagnostic, and therapeutic procedures, respectively 
(Chandrasekar et al. 2001).

A non-invasive method for visualizing coronary stenosis 
could significantly reduce the number of diagnostic angio-
grams, with associated reduction of morbidity and annual 
expense (>$9   billion), and provide the opportunity for ear-
lier diagnosis, assessment of the natural history of CAD, and 
response to therapy. Two non-invasive imaging techniques—
magnetic resonance (MR) and CT—can be utilized in image 
coronary stenosis. MR has the ability to detect coronary ste-
nosis in proximal vessels. However, artifacts due to cardiac 
and respiratory motion, limited through-plane resolution, 
and long overall imaging times make coronary MR imaging 
a  significant  challenge. In a review of magnetic resonance 
imaging (MRI) by Kaandorp et al. (2005), both sensitivity and 
specificity were unsatisfactory for clinical evaluation of cor-
onary stenosis. Future developments may provide necessary 
speed and resolution for imaging coronary stenosis (Yeh et al. 
2005).

Multi-detector CT (MDCT) constitutes a new approach to 
coronary artery imaging. Simultaneous data acquisition in sev-
eral parallel slices with sub-second gantry rotation times and 
data reconstruction with electrocardiogram (ECG)-correlated 
partial scan algorithms permits high-resolution visualization of 
coronary arteries in 1 to 2 seconds. Meta-analysis demonstrates 
that the improvement of scanner technology resulted in a signifi-
cant increase in diagnostic accuracy for the detection of stenosis 
(Hoffmann et al. 2004a,b). Most of the progress can be attributed 
to the improvement in temporal resolution and the corresponding 
reduction of motion artifacts (Nieman et al. 2002; Ropers et al. 
2003; Dewey et  al. 2004; Hoffmann et  al. 2004a,b; Kuettner 
et al. 2004, 2005; Mollet et al. 2004, 2005). With the availability 
of fast, wide area MDCT scanners and robust ECG gating, car-
diac imaging has emerged as a prominent application of MDCT, 
especially for evaluation of acute chest pain in the Emergency 
Room.

In order to understand dynamic imaging of a beating heart, 
one must consider two unique technical aspects of Cardiac CT: 
(1) Projection data acquisition and reconstruction, and (2) cardiac 
synchronization.

41.2.2.1  Projection Data Acquisition 
and Reconstruction

In general, slightly over 180 degrees of projection data— 
specifically, 180 degrees plus the fan angle—is required to recon-
struct a CT slice (see Section III, Chapter 33). This dataset can be 
acquired in one of two ways. In half-sector reconstruction, the 
entire dataset for one slab is acquired in a single heartbeat. This 
requires fast gantry rotation, and the ability to target a cardiac 
phase where the heart is  relatively stationary. Figure 41.9 depicts 
the projection data acquisition scheme and a comparison between 
an ungated scan versus ECG-gated half-sector reconstruction.

Half-sector requires a fast gantry rotation such that one is able 
to acquire the data for one slab (typically, the detector width) in 
the diastole of one heartbeat. If one assumes a typical heartrate 
of 60 bpm, each heartbeat is 1-second-long, of which, the useful 
part of the diastole is about 600 ms. For a gantry rotation time 
of one rotation per second, this is just sufficient for half-sector 
reconstruction. Higher heartrates would be challenging for this 
gantry rotation time. One way around this problem is to acquire 
the projection data over multiple cardiac beats, as shown in 
Figure 41.10, in a scheme sometimes referred to as multi-sector 
reconstruction.

In multi-sector reconstruction, the needed projection data is 
acquired over multiple heartbeats. The number of heartbeats 
required for this purpose depends on the heart rate and rotation 
speed of the gantry. Multi-sector reconstruction assumes that 
projection data from different beats can be merged for recon-
struction. Therefore, it implicitly assumes that there is perfect 
synchrony between the electrical and mechanical cardiac cycles, 
and that the heart returns to the same precise location after each 
heartbeat.

41.2.2.2  Cardiac Synchronization

For successful 4D reconstruction, the projection data has to be 
correlated with the cardiac cycle. To achieve this synchroniza-
tion, in a scheme called prospective gating, the scanner targets 
a particular phase in the cardiac cycle and turns on the X-ray 
source only during that phase. As a result, only one phase of the 

CBF CBV MTT

FIGURE 41.8 Perfusion maps after intra-arterial thrombectomy and recanalization.
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cardiac cycle is reconstructed. This type of synchronization is 
shown in Figure 41.11.

One can think of prospective gating as conventional 3D imag-
ing targeted to one cardiac phase. For acquiring 4D imaging, the 
scanner acquires projection data continuously and time stamps 

each projection by the phase of the cardiac cycle, based on the 
concurrently acquired ECG. All projection data is then retro-
spectively sorted and reconstructed, as shown in Figure 41.12. 
This scheme, referred to as retrospective ECG-gating, is capable 
of making a 4D map of the heart. One  can  use such a recon-
structed image to assess valvular motion, ejection fraction, and 
other parameters of the cardiac function.

41.2.3  Wide Area MDCT Systems and Shuttle Modes

Starting from a single slice scanner, the number of slices and the 
detector width of MDCT systems have progressively increased. 
Wide area MDCT systems with 256 or 320 detector rows 

Prospective ECG triggering

Table
motion

FIGURE 41.11 Prospective ECG triggering for data acquisition and recon-
struction. The X-ray tube current is modulated so that projection data is 
acquired in mid-diastole for each slab of data, as shown above.

FIGURE 41.9 Data acquisition scheme for the half-sector reconstruction (top). A CT slice reconstructed without ECG-gating (bottom left), and another 
with ECG-gating and half-sector acquisition. Notice the sharpness of structures (e.g., the right coronary artery) when ECG-gating is employed.

FIGURE 41.10 Multi-sector reconstruction showing a 180-degree projec-
tion dataset, acquired over four successive heartbeats.
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(e.g., Philips ICT and Toshiba Aquilion 320) have been com-
mercially available for some time. These scanners, by  virtue of 
their wide detector size, are able to acquire a 3D dataset in one 
rotation measuring as much as 12 to 16 cm along the Z dimen-
sion. By  rotating the gantry continuously, one can acquire a 
time-resolved volumetric dataset. Using this functionality, one 
can visualize dynamic processes such as evolution of intrave-
nously injected bolus of contrast over time. One can also use 
this  functionality to assess cardiac function or brain perfusion.

Such 4D imaging may also be accomplished using smaller 
detector size—for example, a 64 slice scanner with a detec-
tor array that is only 4 cm wide—by using a feature known as 
the shuttle mode. Shuttle modes are now available on nearly all 
modern scanners. They function to increase the Z-coverage of 
dynamic imaging, albeit at the expense of temporal resolution. In 
the shuttle mode, the patient table rocks back and forth between 
two pre-defined Z locations, as the scanner continuously rotates, 
as shown schematically in Figure 41.13. Each  forward excursion 
of the patient table captures the anatomy at one point in time, and 
each backward excursion captures the same anatomy at a slightly 
later point in time. Each slab of data may be acquired in the axial 
or helical mode. A temporal sequence of such a scan constitutes a 
4D map of any portion of patient anatomy. Clearly, the wider the 
separation between the two Z extents of the scanned volume, the 
poorer the temporal resolution. However, clinically meaningful 
4D imaging is possible using such as scan mode.

41.3  Imaging Using a Flat-Panel 
Detector-Based System

41.3.1 Dynamic Imaging Using C-Arm Systems

The flat-panel (FP) detector technology was originally devel-
oped to improve the standard radiography by providing a higher 
absorption coefficient and a wider dynamic range than available 
with X-ray film. Digital readout and higher frame rates per second 
offered an additional practical advantage and the possibility for 
fluoroscopic examination. This new FP detector technology has 
been under investigation for standard X-ray  computed tomogra-
phy applications and under evaluation for a new dedicated scan-
ner design. Currently, FP detector technology is widely available 

FIGURE 41.12 Retrospective ECG-gating for acquiring 4D images of the heart.

FIGURE 41.13 Schematic representation of shuttle mode to acquire 4D 
data over a large scan volume. The figure shows axial acquisition; helical 
acquisition is also feasible.
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in clinical practice as a C-arm system built for radiography and 
fluoroscopy imaging. These systems can rotate and can take pro-
jection data over an angular range of 180° or more (Kalender and 
Kyriakou 2007).

The idea to acquire projection data over a fan angle of 180° or 
more was investigated in the 1990s (Fahrig et al. 1997; Fahrig 
and Holdsworth 2000; Linsenmaier et  al. 2002; Grass et  al. 
1999); the early work was conducted using a C-arm system with 
a conventional image intensifier. Image intensifier-based C-arm 
 systems were typically used only for high-contrast vessels, 
imaging with an intra-arterial injection of contrast agent. They 
provided high-resolution imaging at contrast levels exceeding 
1000 HU (Kalender and Kyriakou 2007).

Modern C-arm systems based on FP detector technology 
offer higher dose efficiency, better image quality, and dedicated 
applications for planning, guiding, monitoring, and assessing 
interventional procedures (Jaffray and Siewerdsen 2000; Ning 
et al. 2000; Groh et al. 2002; Jaffray et al. 2002; Kalender 2003; 
Holdsworth et  al. 2005; Siewerdsen et  al. 2005; Fahrig et  al. 
2006). C-arm systems are generally used in fluoroscopy mode; 
the source and detector are parked at one specific location; mul-
tiple X-ray projections are acquired in cine mode to capture 
the time series information during the intervention. The C-arm 
 system can also be operated with the CT option, reconstruct-
ing the multiple slices and, thus, displaying the volume in a 3D 
view to the intervention expert during the procedure. CT fluo-
roscopy provides near-real-time feedback to the operator. The 
key advantage of CT fluoroscopy over X-ray fluoroscopy is the 
invaluable anatomical information that 3D CT can provide about 
the structures within the area of interest in complex procedures 
(Hsieh 2009). This information helps clinicians understand the 
best approach to introduce a percutaneous needle or a catheter.

Flat-panel C-arm systems differ from conventional MDCT in 
its performance parameters, focal spot size, and power levels. 
Typical parameters for C-arm system and clinical MDCT are 
given in Table 41.1 (Kalender and Kyriakou 2007).

Some common interventional procedures that can be per-
formed with a C-arm system are transthoracic needle biopsy 
(Jiao et  al. 2015), neuroendovascular interventions (Benndorf 

et al. 2005; Heran et al. 2006; Wallace et al. 2008; Hausegger 
et  al. 2011), hepatic vascular interventions including arterial 
infusions, embolization, chemoembolization, radioembolization 
(Liu et  al. 2005; Wallace et  al. 2007; Meyer et  al. 2007), and 
lower thoracic and lumber spine intervention procedures like 
vertebroplasty (Hodek-Wuerz et al. 2006).

41.3.2  Continuously Rotating Flat-Panel 
Detector-Based CT Gantries

Using a C-arm system, tomographic acquisition has hardware 
limitations; the system cannot do full circular rotation. A C-arm 
gantry is equipped with an X-ray source and a FP detector that 
can acquire projections for slightly more than a 180° angular 
span. Such a limited angular span limits the good signal to noise 
ratio for a CT like image reconstruction. The system also  cannot 
rotate continuously acquiring multiple projections for tempo-
rally evolving 3D reconstructions (i.e., for capturing dynamic 4D 
acquisitions). Motivated by the need to  capture resolution of a 
C-arm system and, simultaneously, the ability to perform con-
tinuous gantry rotation like MDCT, flat-panel Volumetric CT 
(fpVCT) systems were designed.

In simple terms, one can think of a flat-panel volume CT as a 
conventional multi-detector CT (MDCT), in which the rows of 
detector elements have been replaced by an area detector (Grasruck 
et  al. 2005; Nikolaou et  al. 2005; Popescu et  al. 2005; Gupta 
et al. 2006, 2011). For example, a current fpVCT prototype uses 
a PaxScan 4030CB (Varian Medical Systems) CsI-amorphous 
 silicon flat-panel detector (Gupta et  al. 2006). The flat-panel 
detector in this system has an active area of 40 cm × 30 cm, 
that gives a 25 cm in-plane field-of-view and 18 cm coverage 
in the z-axis. The detector consists of a 2048 × 1536 matrix of 
elements, each with a dimension of 194 µm2. The scanner can 
operate in 1 × 1 binning mode, giving the ultra-high, isotropic 
spatial resolution of 150 × 150 × 150 µm3; in a 2 × 2 binning 
mode the resolution is 200 × 200 × 200 µm3. These innovative 
systems thus bring into focus anatomy that heretofore has been 
in the domain of microscopy.

In the current fpVCT scanners, while a readout rate of 100 fps 
is theoretically feasible, the current implementations are limited 
to 30 fps. To optimize the stability of the machine and to acquire 
enough projection data enabling it to reconstruct a clinically 
 useful CT image, the scanner can operate at a user- selectable 
rotation time that can be varied from 2 to 20 seconds per rota-
tion. The gantry can also continuously rotate for 80 seconds 
while acquiring the projection data. This mode is suitable for 
dynamic imaging of an evolving scene. The Z-coverage afforded 
by these scanners is large enough to image an entire organ such 
as the brain, heart, liver, or kidneys in one axial scan. Unlike 
micro-CT, VCT is suitable for in vivo imaging of large animals, 
or for human studies.

The wide area detector used by the fpVCT prototype enables the 
operator to scan from a fixed angular position with a high image 
frame rate as well as scan continuously while the gantry is rotat-
ing. This flexibility gives rise to the following scanning modes.

 1. Ultra-high-resolution mode: The fpVCT system can be 
operated in the standard CT scanning mode by acquir-
ing projections during a full rotation and reconstructing 

TABLE 41.1

Typical Parameters or FP-C-Arm and MDCT

FP-C-Arm MDCT

Tube voltage 80–140 kVp 50–125 kVp

Tube current 10–600 mAs 10–800 mAs

X-ray power 20–100 kW 10–80 kW

Focal spot size 0.6–1.2 mm 0.3–0.8 mm

Rotation time 0.33–1 s 5–20 s

Detector elements

XY plane 512–1024 512–2490

Z plane 16–256 512–2490

Field of view

XY plane 500–700 mm 100–250 mm

Z plane 2–40 mm 100–200 mm

Minimum slice thickness 0.6 mm 0.1–0.3 mm

Typ. scintillator/thickness Gd2O2S/1.0–1.4 mm CsI:(Tl)/0.4–0.8 mm

Data rate ≤1000 MB/s ≤60 MB/s
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them as a volumetric stack. The only difference is that 
the entire volume is acquired in one rotation, and 
images have a much higher resolution because of the 
inherent spatial resolution of the flat-panel detector. For 
ultra-high spatial resolution scanning the detector is 
read out in the 1 × 1 binning mode. In this mode every 
pixel is read out separately, and a spatial resolution of 
approximately 150 µm is achieved. In order to improve 
the signal-to-noise ratio and increase the frame readout 
rate, a 2 × 2 binning mode is used. In this mode, four 
neighboring pixels are averaged to make one effective 
pixel with outstanding spatial resolution of approxi-
mately 200 µm. Despite this quantum improvement 
in spatial resolution compared with MDCT, the low 
contrast resolution is quite reasonable and approaches 
5 HU in slices 10 mm thick.

 2. Dynamic CT mode: fpVCT has the ability to moni-
tor a volume of interest continuously over a period of 
time. The current prototype can rotate continuously 
for 80 seconds while acquiring projection data. The 
rotation time can be varied from 2 to 20 seconds. This 
enables observation of time-evolving processes such 
as first-pass dynamics of a contrast bolus, aneurysmal 
pulsations, blood flow pattern through an AVM, and 
tumor vascularity. This feature is further enhanced by 
the fact that fpVCT can cover a large volume in each 

rotation. If the temporal resolution is short enough and 
the imaging is conducted for an appropriate length of 
time, depending on the tissue type being studied, the 
evolution of a contrast bolus can be followed through 
the arteries, soft tissue, viscera, and veins. Using 
such a dataset, a perfusion study of these tissues can 
be  performed, making it possible to combine fpVCT 
angiography and fpVCT perfusion in one dynamic 
imaging process. The temporal resolution of such a 
dataset will be equal to the rotation time of the gantry. 
In general, a higher rotation speed improves the tem-
poral resolution at the expense of image noise and spa-
tial resolution, because of the fixed frame rate of the 
detector. By increasing the rotation speed, the number 
of frames used in reconstruction is proportionately 
decreased.

 3. Fluoroscopy mode: The imaging chain of the fpVCT 
can be “parked” in one angular position and real-time 
projection data acquired. Such a fluoroscopy mode 
enables visualization and intervention from any user-
selectable angular position.

Below, a few clinical applications of fpVCT are shown, using 
one of the three operating modes singly, or in combination 
with 4D dynamic CT (Mehndiratta et al. 2015). Figure 41.14 
shows  the representative case with bilateral internal carotid 

Internal carotid
artery stent

(a) (b) (c) (d)

(e) (f ) (g) (h)

Arterial phase Mixed phase Venouse phase

Common carotid
artery

Jugular vein

FIGURE 41.14 Four phases from a dynamic CTA of an internal carotid stent (a–d) showing 3D rendered view and (e–h) showing axial view. (a, e) Non-
contrast phase, (b, f) arterial phase (Dark-gray arrows), (c, g) mixed phase, and (d, h) venous phases (Light-gray arrows). (Modified from Mehndiratta, 
A. et al. 2015. European Radiology 25:1901–10. With permission.)
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artery (ICA) stents (only one is visible in this image). Four 
selected phases from a 16-phase dynamic CTA show the tem-
poral evolution from non-contrast to early arterial, parenchy-
mal, and late venous phases. The image quality, without any 
significant beam  hardening, is  satisfactory to evaluate the 
stented lumen. The figure has been adapted and modified from 
Mehndiratta et al. (2015).

Figure 41.15 shows the selected frames from the 4D dynamic 
scan of a lower limb of a patient with traumatic lower limb 
injury reconstructed with free-flap tissue transfer (rectus 
abdominis muscle flap). The first image, during the arterial 
phase, confirmed the integrity of the posterior tibial arterial 
anastomosis to arterial pedicle of the free flap. The followed 
parenchymal phase showed faint enhancement of the entire 
flap, indicating good perfusion to the flap. The integrity of the 
venous anastomosis was confirmed in the venous phase, which 
showed flow through the venous pedicle, as indicated by the 
coupler. Figure 41.15 also shows an enlarged view at the level 
of a venous coupler, showing arterial mixed and venous phases. 

The figure has been adapted and modified from Mehndiratta 
et al. (2015).

41.4  Advanced 4D Reconstruction for 
Image-Guided Interventions

Similar to perfusion imaging, the same volume needs to be 
scanned repetitively in interventional radiology. Ideally, guid-
ance information would be available continuously, and in a 4D 
(three spatial dimensions plus time) manner. This is currently 
not possible with MDCT scanners, because the CT fluoroscopy 
mode provided by them employs a prohibitively high amount of 
radiation dose and has low temporal resolution. Recent research 
in advanced reconstruction techniques, however, has revealed 
that, by using a certain kind of reconstruction algorithm and prior 
knowledge, 4D intervention guidance is feasible (Flach et  al. 
2012; Kuntz et  al. 2013a,b). This can be done using flat-panel 

Posterior tibial
artery 

Venous
coupler

Arterial
anastomosis Free flap

vein
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FIGURE 41.15 4D dynamic images of traumatic lower limb injury after free-flap reconstruction. (a, b) The posterior tibial artery supplying the free 
flap with a patent arterial anastomosis and venous return. (c–e) Zoomed-in views at the level of the arterial and venous anastomosis, showing (c) arterial, 
(d) mixed, and (e) venous phases of the blood flow to the muscle free-flap. The venous coupler and the clips in the figure are approximately 1 to 4 mm in size. 
(Modified from Mehndiratta, A. et al. 2015. European Radiology 25:1901–10. With permission.)



8634D X-ray Computed Tomography

based (like in angiographic C-arm setups) or traditional multi-
slice CT setups.

The requirements for tomographic imaging in intervention 
guidance are different from tomographic imaging in diagnostic 
imaging:

• Same or very similar objects are being repeatedly 
scanned, and the changes over time are small.

• Attention focused on high-contrast structures are 
of interest (wires, catheters, contrast media filled 
vessels).

• Absolute or relative consistency of the CT values is not 
necessary.

• Certain types of artefacts can be tolerated without 
losing the ability to provide sufficient information for 
intervention guidance.

• Prior knowledge (e.g., anatomy, structure of the 
instruments, etc.) specific to intervention guidance is 
available.

All of these characteristics can be advantageously used for 
tomographic scanning and reconstruction in intervention guid-
ance to decrease radiation dose to enable continuous, tolerable 
4D imaging.

Standard tomographic reconstruction algorithms treat every 
volumetric dataset as an independent volume. Therefore, they 
do not make use of the first condition (i.e., that changes over 
time are usually small) in the list of special conditions that 
pertain to interventional procedures, mentioned above. By 
defining the right constraints and by identifying useful prior 
knowledge to be incorporated into the reconstruction algo-
rithm, the amount of necessary projection can be reduced. 
Figure 41.16 shows an example of real-time 4D imaging for 
intervention guidance.

To enable low dose 4D imaging, a prior 3D image is continu-
ously updated with the help of low dose current projections as 
they are continuously acquired as the gantry rotates around the 
patient. The difference between the prior view and the updated 
view is reconstructed using an adapted compressed sensing 
scheme (Kuntz et  al. 2013a,b). Two variations of this concept 
have been described in the literature (Flach et al. 2013; Kuntz 
et  al. 2013a,b). Many more are feasible, each with interesting 
trade-offs between dose and image quality, and possible, as indi-
cated in Figure 41.17.

The increasing use of cone beam CT for image guidance 
is very much a reality in daily clinical practice. However, 4D 
intervention guidance is not. At the current time, the develop-
mental status of this modality is restricted to proof-of-concept 
implementations in phantom and animal studies. While many 
technical issues still need to be addressed, they will be over-
come with advances in computing speed and power. None of 
the current limitations require unforeseeable discoveries to be 
made in order to overcome them. In fact, the trend suggests 
that incorporation of even more complex post-processing 
algorithms and prior knowledge into tomographic reconstruc-
tion can afford even greater savings in radiation dose. Other 
fields that depend on processing vast quantities of graphical 
as well as structural data (e.g., computer games, autonomous 
driving, etc.) are much more advanced than medical imaging, 
and gains made in those fields will directly benefit medical 
imaging.

Catheter procedures in the head and neck region seem to be 
best suited for 4D intervention guidance. These interventions 
are highly complex, and the need for an accurate depiction of a 
3D relationship between the interventional instrumentation (e.g., 
stent struts and coils) and the underlying anatomy (e.g., the aneu-
rysm sack) (Kuriyama et al. 2016). Head and neck interventions 
are also attractive because of their relatively small scan field-of-
view and the lack of moving organs. In addition, the operational 
setup requires no major alteration in the workflow, because the 
imaging space (head and neck) in these interventions is far away 
from the working space (groin). Specialized neuro- interventional 
C-arm setups are being marketed to the neuro-interventional 

Anterior (with anatomy)

Anterior (without anatomy)

Lateral

Inferior

Time

FIGURE 41.16 An example of 4D intervention guidance from a living pig 
experiment. The guidewire (white) can be assessed within the carotid artery 
(red) from all potential directions during the procedure. Three selected 
views (anterior, lateral, and inferior) are depicted here. The surrounding 
anatomy (e.g., vertically oriented pig skull base) is viewed from the anterior 
direction to exemplify the versatility of 4D visualization.
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community, so a niche market already exists. This market 
 segment could see the first use of 4D intervention guidance.
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42
Dental and Maxillofacial Cone Beam Computed Tomography

William C. Scarfe, Christos Angelopoulos, Bruno Correa de Azevedo, Shiva Toghyani, and Allan G. Farman

42.1 Introduction

Diagnostic imaging is an important adjunct to the clinical assess-
ment of the dental patient. Two-dimensional (2D) planar images 
from intraoral (periapical and bitewing) and extra-oral (dental 
panoramic and cephalometric) radiographic techniques are the 
most commonly acquired (see Section II, Chapter 22). Usually in 
combination, these images are used to provide a comprehensive 
radiographic view of the teeth, and their supporting structures, 
and the jaws. In particular, dental panoramic radiography (DPR) 
provides a single comprehensive image of both jaws and adjacent 

maxillofacial structures. However, DPR images suffer the inherent 
limitations of all 2D projections such as variable magnification and 
superimposition of anatomical details. In addition, limited spatial 
resolution, patient positioning errors, and artifacts associated with 
rotational tomographic acquisition may produce distorted images 
that may misrepresent anatomic structures and create ghosting 
artifacts. Figure 42.1 shows two DPR images–one providing an 
excellent representation of the jaws (a) and a second with distortion 
due to incorrect patient positioning affecting interpretation (b).

In dentistry, several imaging technologies have been tried for 
volumetric imaging capability, including stereoscopy, conven-
tional tomography, tomosynthesis, and tuned aperture computed 
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tomography (TACT) (Webber and Horton 1997). While com-
puted tomography (CT) (see Chapter 32 of this Handbook) has 
been available since the late 1970s, its clinical application in 
dentistry was limited because of equipment cost, access, and 
radiation dose considerations. The transfer of cone beam com-
puted tomography (CBCT) technology (see Chapter 35 of this 
Handbook) to the head and neck region heralded a major advance 
providing cost efficient, low physical footprint, rapid, point-of-
care volumetric data acquisition and image reconstruction. 
Dental and maxillofacial CBCT units are identical in construc-
tion and acquisition to those used in otolaryngology (Miracle 
and Mukherji 2009a, Xu et al. 2012). The American Academy of 
Otolaryngology-Head and Neck Surgery (2013) considers CBCT 
to be an appropriate method for bone window imaging of the 
paranasal sinuses, skull base, and temporal bones (De Vos et al. 
2009, Miracle and Mukherji 2009b, Hodez et al. 2011).

In dentistry, there has been an unprecedented interest in CBCT 
from all disciplines and specialties. Maxillofacial CBCT has 
enabled a transition from 2D to volumetric capture, providing three-
dimensional (3D) radiographic imaging for the assessment of the 
craniofacial skeleton and to facilitate dental diagnosis. In addition, 
largely via the proliferation of third party applications software 
capable of importing data in Digital Imaging and Communications 
in Medicine (DICOM) file format, the role of maxillofacial CBCT 
has now expanded to image guidance of operative and surgical 
procedures (Scarfe and Farman 2008, Angelopoulos et al. 2012).

42.2  Development of Maxillofacial 
CBCT Systems

The principles of tomosynthesis providing the theoretical basis 
of the integration of multiple planar images were described as 
early as 1934 by Ziedes des Plantes (Ziedses des Plantes 1973, 

Webber and Horton 1997) (The Italian radiologist A. Vallebona 
introduced stratigraphy in 1932. See: A. Vallebona. Una modalità 
di tecnica per la dissociazione radiografica delle ombre applicata 
allo studio del cranio. Radiol. Med., vol. 17, pages 1090–1097, 
1932). The need for faster acquisition of volumetric data for spe-
cific tasks, like angiography, using a comparatively less expen-
sive radiation sensor than conventional CT led to the development 
of the Dynamic Spatial Reconstructor (DSR), conceived as early 
as 1975 by the Biodynamics Research Unit and finally installed 
in the Medical Sciences Building on the Mayo Clinic Rochester 
campus in 1978 (Robb et al. 1980, Robb 1982). However, it was 
not until the late nineties that four technological developments 
converged to facilitate construction of affordable CBCT units 
small enough to be used in the dental office for maxillofacial 
imaging (Scarfe and Farman 2007):

 1. Introduction of X-ray sensors capable of rapid acquisi-
tion of multiple basis images: The demands on any X-ray 
sensor in maxillofacial CBCT for dentistry are hard to 
fulfill. The sensor must be able to record X-ray photons, 
read off and send the signal to the computer, and be 
ready for the next acquisition many hundreds of times 
within a single rotation. As rotation is usually performed 
within times equivalent to, or less than, DPR (five to 20 
seconds), this necessitates frame rate image acquisition 
times of milliseconds. Manufacturers that make area 
X-ray image sensors suitable for maxillofacial CBCT 
include Hamamatsu Photonics K.K (Hamamatsu City, 
Japan), Varian Medical Systems (Salt Lake City, Utah, 
USA), and Samsung (Seoul, South Korea).

 2. The development of suitably resilient X-ray genera-
tors: The X-ray generators used in maxillofacial CBCT 
machines are far simpler than those in multi-detector 
computed tomography (MDCT), with an operating volt-
age between 80 and 120 kVp. The majority of the units 
operate toward the lower end of this range, which does 
not differ substantially from operating parameters in 
DPR machines. Although the focal spot size is no dif-
ferent than MDCT (nominally 0.3–0.8 mm), the anode 
is stationary in most maxillofacial CBCT systems, with 
few exceptions. The tube current is generally much 
lower than MDCT, which reduces the power of the gen-
erator as well as the production of heat. Finally, in most 
maxillofacial CBCT systems, X-ray generation is pulsed 
to coincide with the sensor activation. This is preferable 
as it markedly reduces exposure time and, therefore, 
heat production (shorter duty cycle) with less radiation 
dosage to the patient. However, the relatively low power 
used in this type of X-ray generator provides limita-
tions in image quality. Manufacturers that make X-ray 
tube heads with high heat capacity suitable for maxil-
lofacial CBCT include Toshiba (Toshiba Electron Tubes 
and Devices Co., Ltd., Tochigi, Japan), Varian Medical 
Systems (Salt Lake City, Utah, USA), Samsung (Seoul, 
South Korea), and J. Morita Corp. (Kyoto, Japan).

 3. The evolution of suitable image acquisition and inte-
gration algorithms (Feldkamp et  al. 1984, Grangeat 
1991, Wischmann et al. 2002): The ability to volumet-
rically reconstruct data from cone beam projections 

FIGURE 42.1 Two dental panoramic radiography (DPR) images of dif-
ferent patients showing accurate (a) and distorted (b) representation of the 
maxillofacial skeleton and jaws due to multiple patient positioning errors, 
including positioning the patient’s head too far forward and the chin down.
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acquired along a circular trajectory is a fairly recent 
accomplishment, associated with the development and 
introduction of the FDK (Feldkamp–Davis–Kress) 
algorithm (Feldkamp et  al. 1984) (see Section III, 
Chapter 33 of this book). In MDCT, individual axial 
slices of the object are sequentially reconstructed using 
a well-known mathematical technique (filtered back-
projection) and subsequently assembled to construct 
the volume. However, with 2D X-ray area sensors and 
cone beam geometry, a volumetric dataset is recon-
structed from 2D projection data. This is referred to as 
cone beam reconstruction. The FDK algorithm, which 
employs a convolution-back-projection method, con-
tinues to be the most popular approximate reconstruc-
tion scheme for cone beam projections used by most 
research groups and commercial vendors for maxillo-
facial CBCT systems in dentistry.

 4. The availability of powerful personal computers: 
Enormous computing power is necessary to apply 
the FDK algorithm to the vast amount of image data 
acquired in maxillofacial CBCT acquisition (Aziz et al. 

2008). It is only with the introduction of the micro-chip 
based computer by Gordon Moore and the Windows 
operating system by Bill Gates that, in the late nineties, 
small, low-cost computers capable of computational 
complexity enabled clinical CBCT systems to be manu-
factured for use in the dental office.

42.2.1  Commercial Introduction of 
Maxillofacial CBCT Units

While numerous developers were working on adaptation of exist-
ing robotic platforms, application of software reconstruction 
algorithms, and investigating the use of various image sensors 
for maxillofacial CBCT in the early nineties, these efforts have 
been largely kept as trade secrets or were under confidentiality 
agreements at that time. Figure 42.2 summarizes the timeline 
for the commercial introduction of the initial 25 maxillofacial 
CBCT units approved by the Food and Drug Administration 
(FDA) for dentistry in the United States to the end of 2009. 
While FDA approval is only necessary for the sale of devices in 
the United States, this graph reflects the rapid influx of different 
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(CBCT) devices introduced into the United States between the years 2000 and 2009 according to 510 k premarket notification decision date (NewTom 
9000 DVT/Newtom 3 g Qr-Dvt 9000/NewTom VG, QR srl, Verona, Italy; 3d Accu-I-Tomo Xyz Slice View Tomograph/3d Accu-I-Tomo Xyz Slice View 
Tomograph FPD/Veraviewepoc/3D Accuitomo 80, J. Morita MFG Corp., Kyoto, Japan; I-CAT Classic/Next Generation, Imaging Sciences International, 
Hatfield, Pennsylvania, USA; CB Mercuray, Hitachi Medical Corporation, Tokyo, Japan; Iluma Orthocat/Dentalcat, IMTEC Imaging Ardmore, Oklahoma, 
USA; ProMax 3D, Planmeca Oy, Helsinki, Finland; Galileos, Sirona AG, Bensheim, Germany; TeraRecon Finecube, Yoshida Dental Mfg. Co. Ltd., Tokyo, 
Japan; Alphard, Takara Belmont Corp. Deerfield, Illinois, USA/Asahi Roentgen Ind., Co. Ltd., Kyoto, Japan; Scanora 3D, SOREDEX, Tuusula, Finland; 
Kodak 9000D/Kodak 9500, Carestream Dental, Atlanta, Georgia, USA; Picasso Trio/Picasso Master/Picasso Master 3DS/PaX-Rev3D/Picasso Duo, E-Woo 
Technology Co., Ltd. Yongin-Si, South Korea; Pax-500, Vatech Co. Ltd. Gyeonggi-do, South Korea; MyRay Skyview, Cefla Dental Group, Imola, Italy).
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manufacturers available in the marketplace in the rest of the 
world, including Europe.

42.2.1.1 Early Innovators

A patent application for the first commercially successful maxil-
lofacial CBCT was made by Attilio Tacconi and Piero Mozzo in 
Italy in 1995, and the system was designed and produced by QR, 
Inc. of Verona, now a Cefla company (Molteni, R. 2008. pers. 
comm.). The system was first introduced at SIRM Milano in June 
1996 (Farman et al. 2007a,b, Scarfe and Farman 2007), described 
in the literature in 1998 (Mozzo et al. 1998), and branded as the 
NewTom DVT 9000, became the first FDA approved, commer-
cially available maxillofacial CBCT device in the United States 
in 2001. The appearance of the NewTom DVT 9000, shown in 
Figure 42.3a, is similar to existing MDCT units of the time. This 
first generation was followed by the NewTom 3G in 2004 and 
the NewTom VG in 2007. The NewTom DVT 9000/3G versions 
acquired the scan similarly to MDCT, with the patient supine; 
however, the VG series acquires images with the patient posi-
tioned standing vertically.

In the late nineties, prototypes were also being developed in 
Japan including the Ortho-CT (Arai et al. 1999), based on a mul-
tifunctional maxillofacial tomography unit (Scanora, Soredex, 
Helsinki, Finland), and Dental 3D-CT (Nakagawa et al. 2002), 
based on the PSR 9000 (Asahi Roentgen, Kyoto, Japan). In 
2000, the Ortho-CT technology was transferred to J. Morita Co. 
Ltd. through the Nihon University Business Incubation Center 
(Hashimoto et al. 2003). The original version was called the 3DX 
multi-image micro-CT (3DX), introduced in the United States in 
early 2003 as the 3D Accuitomo XYZ Slice View Tomograph 
(J. Morita Corp., Kyoto, Japan) and shown in Figure 42.3b. This 
was the first small field of view (FOV) (3 cm [height] × 4 cm 
[diameter]), high-resolution maxillofacial CBCT device intro-
duced into the market that acquired volumes with the patient 
seated. The FOV was increased to more than four times that size 
with subsequent models. Both the Newtom 9000 DVT and 3D 
Accuitomo XYZ Slice View Tomograph scanners used image 
intensifier sensors.

The first maxillofacial CBCT device manufactured in the 
United States, the i-CAT, was initiated at the Engineering School 
at the University of Michigan (Ann Arbor, Michigan, USA). 
It was developed as part of the doctoral program by Predrag 
Sukovic, who received a Small Business Innovation grant from 
the National Institutes of Health to develop a maxillofacial CBCT 
system, termed the DentoCAT (Sukovic 2002, Sukovic 2003). 
Oral and maxillofacial radiologists, Dr. Sharon L. Brooks and 
Dr. Allan G. Farman acted as dental consultants. Many of the 
component parts used to construct the prototype were donated by 
Eric Stetzel, who at the time was owner of a DPR manufacturer 
(Panoramic Corporation, Fort Wayne, Indiana, USA). When it 
came to commercialization, ISI (Imaging Sciences International 
Hatfield, Pennsylvania) stepped in, helped design an ergo-
nomically efficient unit, and within a remarkably short time of 
approximately six months, commenced commercial production. 
ISI have subsequently taken a major position in the market for 
maxillofacial CBCT units worldwide.

Hitachi engineer, Rika Baba, had a major role in helping 
develop the Hitachi MercuRay (Hitachi Medico Technology, 
Chiba, Japan) (Seo et al. 2002, Yamamoto et al. 2003) and subse-
quently in extending the range of Hitachi CBCT products for ana-
tomical sites other than the maxillofacial region. The MercuRay 
is a relatively large and heavy unit that in Japan has been replaced 
by the smaller Hitachi CB Throne and was withdrawn from the 
American market (Yajima et al. 2006, Farman et al. 2008).

42.2.1.2 Subsequent Improvements

Early maxillofacial CBCT devices were unimodal, capable of 
CBCT image acquisition only, and performed scanning with 
the patient either supine or seated. They were also expensive for 
dentists to purchase ($150,000 USD or more) compared to DPR 
devices ($10,000–50,000 USD). While few models were intro-
duced after the introduction of the NewTom DVT 9000 and again 
between the years 2003 and 2006, as shown in Figure 42.2, since 
2007 the number of maxillofacial CBCT units available has 
exploded onto the marketplace. The most significant innovations 
have been the introduction of hybrid, multimodal systems based 
on existing dental panoramic machine structural platforms, such 
as the CS 9000 3D (Carestream, Atlanta, Georgia, USA) as shown 
in Figure 42.4, the ability to customize the FOV, micrometer (less 
than 0.1 mm) resolution enabling high detail of the tooth and sup-
porting structures, and the ability to retrofit digital DPR devices. 
The use of existing panoramic platforms and smaller sensors with 
innovations such as off-set geometric scanning and volumetric 
data stitching has reduced the price of many hybrid units to less 
than $100,000 USD. Subsequently, at this price point, clinical 
adoption has soared with over 10,000 units now operating in dental 
offices in the United States alone. Globally, the number of CBCT 
units sold is forecast to grow at a compound annual growth rate of 
approximately 11%, generating up to $841 million in annual rev-
enue by 2021 (HIS Markit Technology 2015, Zion Research 2016).

42.3 Available Devices

As of late 2016, there were more than 50 maxillofacial CBCT 
devices commercially available specifically for dentistry, 

FIGURE 42.3 The first commercially available maxillofacial cone beam 
computed tomography (CBCT) units in the United States—The NewTom 
9000 DVT (QR srl, Verona, Italy) was a supine unit with a spherical field 
of view (FOV) of nine inches (a), whereas the 3D Accuitomo XYZ Slice 
View Tomograph (J. Morita Corp., Kyoto, Japan) was a unit in which the 
patient was seated and produced a small volume, cylindrical FOV with a 
high-resolution (b).
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providing a wide range of choices for the purchaser of maxillofa-
cial CBCT systems (Nemtoi et al. 2013), as shown in Table 42.1.

42.4  Specific Modifications to 
Maxillofacial CBCT Devices

The general geometric configuration and mechanics, X-ray 
detection, and digital data reconstruction and display for max-
illofacial CBCT are similar to those described in Chapter 3.4. 
A rotating platform supports the synchronous single rotation of 
an X-ray source and a reciprocating area sensor around a fixed 
axis of rotation centered within the patient’s head. A diver-
gent pyramidal- or cone-shaped beam of ionizing radiation is 
directed through the middle of the region of interest (ROI) onto 
an area X-ray sensor on the opposite side, with the FOV being 
determined by the physical collimation applied and sensor size. 
During the rotation, many single, sequential planar projection 
images constituting the raw primary data are acquired of the 
FOV. The individual image projections (basis, frame, or raw 
images) together are referred to as the projection data. These 
data are initially processed (primary reconstruction) by software 
algorithms, including FDK, to create a 3D volumetric dataset 
composed of cuboidal volume elements (voxels). Orthogonal 
sectioning of the volumetric dataset to provide characteristic 

images in axial, coronal, and sagittal planes is referred to as sec-
ondary reconstruction. Numerous specific modifications to this 
acquisition scheme have been incorporated into maxillofacial 
CBCT for dentistry.

42.4.1 X-ray Tube and Exposure

Technically, the simplest method of acquiring images in a single 
scan is to use a constant beam of radiation during the rotation and 
to allow the X-ray sensor to sample the attenuated beam during 
its trajectory. Alternately, the X-ray beam may be pulsed to coin-
cide with the sensor activation or sampling. This is preferable in 
dentistry to reduce patient dose and the impact of sensor after-
glow, and means that the actual exposure time is less than the total 
scanning time. This technique can reduce patient radiation dose 
considerably. Pulsed X-ray beam exposure is a major reason for 
considerable variation in reported maxillofacial CBCT dosimetry 
results. Pulsed systems have substantially reduced tube loading 
and, therefore, less time is necessary between patients. In addition, 
a greater number of frames can be acquired with a faster rotation 
speed, potentially reducing patient motion artifacts.

42.4.2 Image Sensor

Current maxillofacial CBCT units use an indirect capture system 
as the image sensor. An indirect system consists of a scintillator 
medium that converts X-ray radiation into visible light and a pho-
ton sensor. Early maxillofacial CBCT systems used image intensi-
fiers (II) as the photon sensor. These systems tend to be relatively 
large and bulky and most frequently result in circular basis image 
areas (spherical volumes) rather than rectangular ones (cylindri-
cal volumes). Few units now incorporate II sensors. Currently 
most CBCT units use a combination of a thin layer of scintillation 
material and flat-panel sensors (FPS) using either amorphous sili-
con or complementary metal oxide semiconductor (CMOS) array 
technology. Low dose area X-ray sensors are specifically manu-
factured for CBCT dental applications by several companies, 
including Teledyne DALSA (Santa Clara, California, USA) and 
e2V (Chelmsford, United Kingdom). The configuration of such 
sensors is less complicated and offers greater dynamic range and 
reduced peripheral distortion than II based systems.

A principal determinant of resolution, and therefore detail, of 
maxillofacial CBCT imaging is the individual volume element 
or voxel acquired, which results in the formation of the volumet-
ric dataset. In maxillofacial CBCT imaging, volumetric voxel 
dimensions are dependent on both the acquired resolution and 
reconstructed resolution. The acquired resolution is isotropic for 
maxillofacial CBCT systems and always submillimeter, rang-
ing from a voxel size range of 0.4–0.25 mm (standard resolu-
tion) to less than 0.1 mm (high-resolution). The acquired voxel 
dimensions are a reflection of the pixel size of the image sensor. 
Maxillofacial CBCT systems with smaller pixels capture less 
X-ray photons and result in more image noise. Consequently, 
maxillofacial CBCT imaging using higher resolutions may use 
higher dosages to achieve a reasonable signal-to-noise ratio for 
diagnostic image contrast and spatial resolution quality. In gen-
eral, more basis images are needed during high-resolution scans, 
which increases acquisition time.

FIGURE 42.4 Example of one of the first hybrid, multimodal maxillofa-
cial cone beam computed tomography (CBCT) systems based on an exist-
ing dental panoramic machine platform available in the United States—the 
CS 9000 3D (Carestream, Atlanta, Georgia, USA). This device provides 
a small volume, cylindrical field of view (FOV) with high-resolution with 
the patient standing, in addition to being able to perform dental panoramic 
radiography (DPR).
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42.4.3 Geometric Configurations

In the most basic CBCT configuration, the central ray of the 
X-ray beam from the generator is directed through the middle 
of the ROI, and the transmitted, attenuated radiation is pro-
jected perpendicular to the middle of the area image receptor 
on the opposite side. Data are acquired from a rotational scan of 
an X-ray source and a reciprocating area sensor synchronously 
around a fixed axis of rotation centered within the patient’s head. 
The trajectory arc varies from 180° to 720°. However, to enable 
scanning of a ROI greater than the FOV of the sensor, various 
geometric configuration modifications are incorporated into a 
number of maxillofacial CBCT devices to reduce unit produc-
tion cost by using a smaller sensor system.

• Stitching: One method involves obtaining data from 
two or more separate scans, superimposing overlapping 
CBCT data volumes using corresponding fiducial refer-
ence landmarks (referred to as either “bio-image reg-
istration” or “mosaicing”) and fusing adjacent image 
volumes to create a larger volumetric dataset, either in 
the horizontal or in the vertical dimension. Automatic 

stitching can be vertical (e.g., Romexis Stitching 
Program, Planmeca Oy, Helsinki, Finland), as with 
the acquisition software for the first generation i-CAT 
(iCAT Classic, Imaging Science International, Hatfield, 
Pennsylvania, USA) when a vertical extended FOV was 
employed, or horizontal, as for the mandibular arch scan 
acquired by the limited FOV CS 9000 3D (Carestream 
Dental, Atlanta, Georgia, USA). The disadvantage of 
stitching overlapped regions is that such overlapped 
regions are imaged twice (i.e., over scanned), resulting 
in double the radiation dose to such regions.

• Off-axis geometry: A second method involves position-
ing of the isocenter (i.e., the rotational center of the 
FOV) eccentrically to provide an off-axis geometry. 
In this configuration, a smaller area sensor is used and 
offset to an asymmetrically collimated beam. In this 
arrangement, only a portion of the patient’s vertical or 
horizontal ROI is scanned, such as for the second gen-
eration i-CAT (iCAT Next Generation Imaging Science 
International, Hatfield, Pennsylvania, USA), or the 
full craniomaxillofacial scan mode, or the Scanora 3D 
(SOREDEX, Tuusula, Finland). Off-set imaging can be 

TABLE 42.1

Selected Cone Beam Computed Tomography Imaging Systems

Unit Model(s) Manufacturer/Distributor

Accuitomo 3D Accuitomo—XYZ Slice View Tomograph,a FPD,a 
3D Accuitomo 170, Veraviewepocs 3D R100, 
Veraviewepoc 3D F40

J. Morita Corp., Kyoto, Japan

Acteon X-Mind Trium Acteon North America, Mt Laurel, New Jersey, USA

Asahi Roentgen Auge Solio, Aliloth, Alphard 3030 (PSR 9000N), 
Alphard 2520

Asahi Roentgen Ind. Co. Ltd., Kyoto, Japan

Belmont Bel-Cat, Bel-Cat PA, Bel-Cat CM Takara Belmont Corporation, Somerset, New Jersey, USA

Carestream CS 81003D, CS 9000, CS 9300, CS9500a Carestream Dental, Atlanta, Georgia, USA

CRANEX 3Dx, 3D, and 3D for Endo, Scanora 3D SOREDEX, Tuusula Finland

Galileos Comfort,a Compact,a ComfortPLUS, Orthophos XG 
3D, Orthophos SL 3D

Sirona Dental Inc., Charlotte, North Carolina, USA

Gendex GXCB-500,a GXCB-500HD, GXPD-800, GXPD-700 
with 3D CBCT

Gendex Dental Systems, Hatfield, Pennsylvania, USA

Hitachi CB MercuRaya/CB Thronea Hitachi Medical Systems, Tokyo, Japan

i-CAT Classic,a Next Generation (Model 17–19, Platinum), 
i-CAT FLX, i-CAT FLX MV

Imaging Sciences International, Hatfield, Pennsylvania, USA

I-MAX I-MAX Touch 3D Owandy Corporation, Paris, France

KaVo 3D eXam, 3D eXam+ KaVo Dental Corp., Biberach, Germany

Newtom 3G,a VG,a 5G, VGi, VGi Fex Giano QR, Inc., Verona, Italy (a Cefla company)

OP 300 OP 300, OP 300 Maxio 3D Instrumentarium Corporation, Milwaukee, Wisconsin, USA

Biolase DaVinci Imaging D3D Biolase, Irvine, California, USA

Panoramic Corp. Encompass Eagle 3D Panoramic Corporation, Fort Wayne, Indiana, USA

PreXion (Fine Cube) PreXion3D Elite, PreXion 3D Eclipse Yoshida Dental Mfg. Co. Ltd., Tokyo, Japan/Distributed by 
TeraRecon Inc., San Mateo, California, USA

Promax 3D, 3Ds, 3D Plus, 3D Mid, 3D Max Planmeca OY, Helsinki, Finland

Ray RayScan 3D Alpha LED Dental, Atlanta, Georgia, USA

MyRay SkyView 3D Panoramic imager,a Hyperion X5, 
Hyperion X9

My-Ray Dental Imaging, Imola, Italy

Suni 3D, 3D HD Suni Medical Imaging, Inc., San Jose, California, USA

VaTech Picasso Series (Trio/Pro/Master),a PaX-i3D, PaX-Flex 
3D, PaX-Uni 3D, PaX-Duo 3D, Pax-Zenith 3D, 
PaX-Reve 3D

Vatech, Giheung-gu, Korea

a No longer manufactured/unavailable.
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configured separately, vertically or horizontally, in both 
dimensions (NewTom VGi, QR srl, Verona, Italy), with 
or without a non-perpendicular sensor arrangement.

• Partial arc rotation angle: Most reconstruction algo-
rithms (e.g., FDK algorithm) require that projection 
data be acquired from a complete circular trajectory or 
a scan arc of 360°. However, it is possible to reduce the 
rotation angle of the CBCT gantry to as low as 180°, 
which will provide sufficient information to reconstruct 
a volumetric dataset. This approach potentially reduces 
the scan time and allows the incorporation of maxillofa-
cial CBCT into a panoramic robotic platform to produce 
a hybrid, multimodal system. Most maxillofacial CBCT 
systems are now multimodal, based on the panoramic 
platform, and presently use a rotation of less than 360°. 
Images produced by this method may have greater noise 
and suffer from reconstruction interpolation artifacts. 
Maxillofacial CBCT units are available either providing 
options for both partial or full rotation angles, or provid-
ing a fixed full or partial rotation angle only.

42.5 Maxillofacial CBCT Device Configurations

There are numerous maxillofacial CBCT manufacturers offering 
different unit configurations, as shown previously in Table 42.1. 
Maxillofacial CBCT systems can be categorized according to the 
orientation of the patient during image acquisition and whether 
they operate on dedicated or hybrid panoramic platforms. In 
addition, units can be categorized according to the maximum 
volume of acquisition or FOV available.

Most CBCT units are constructed such that acquisition is per-
formed with the patient standing or sitting. Few devices are avail-
able where the patient is scanned in the supine position. Supine 
units occupy a larger surface area or physical footprint and may 
not be accessible for patients with physical disabilities. Standing 
units may not be able to be adjusted to a height to accommodate 
wheelchair bound patients. Seated units are the most comfort-
able, however fixed seats may not allow scanning of physically 
disabled or wheelchair bound patients. Perhaps more important 

than patient orientation is the head restraint mechanism used, as 
patient motion may limit optimal resolution.

Maxillofacial CBCT systems can also be divided into stand-
alone or hybrid multimodal systems that combine digital pan-
oramic and/or cephalometric radiography with small-to-medium 
FOV CBCT imaging. These units provide substantial cost  savings 
as existing robotic panoramic platforms can be re-engineered 
and smaller, less expensive sensors used.

Finally, maxillofacial CBCT units can also be assigned into four 
broad categories based on volume of acquisition, determined by a 
combination of vertical and horizontal dimensions of the FOV:

• Extended (craniofacial): Covers most of the craniofa-
cial skeleton, at least from below the hard tissue of the 
chin to the nasion. Usually greater than 15 cm in height.

• Large (maxillofacial): Extends to include both jaws and 
dental arches and portions of the maxillary sinuses. 
Height ranges from greater than 10 cm to equal to or 
less than 15 cm.

• Medium (dento-alveolar): Single or inter-arch region 
ranging from 5 to 10 cm vertically, incorporating the 
maxilla and/or mandible. Usually greater than 50 cm3 
and less than 150 cm3 beam area at the isocenter.

• Small (localized, focal, or limited): Approximately 
5 cm or less vertical height covering localized regions 
such as three to four teeth and surrounding alveolus or 
the temporomandibular joints. Usually less than 50 cm3 
beam area at the isocenter. Because of the amount of 
data generated (which demands exponentially greater 
computational power) and greater exposure required, 
high-resolution imaging (nominal voxel resolution less 
than 0.125 mm) is usually achievable only when FOV is 
reduced to small FOVs.

42.6 Technique Considerations

Operation of maxillofacial CBCT devices is technically sim-
ple and similar, in many respects, to DPR. However, operator 
requirements differ markedly between countries. For example, 

TABLE 42.2

Similarities and Differences between Dental Panoramic Radiography and Maxillofacial Cone Beam Computed Tomography Techniques

Technique Phase Similarities Differences

Technique factors Determined before exposure and based on patient 
age and build; kVp and mA settings determine 
image quality and patient radiation dose.

Maxillofacial CBCT offers more choices than panoramic including FOV, 
arc trajectory, resolution, and number of projection images.

Scan factors for CBCT are adjusted to be task specific.

Patient preparation Patient standing or seated, head stabilized, 
position critical to resultant image.

Bite block always used to stabilize head position.

Patient may also be supine.
Instead of bite block, head position may be stabilized by chin rest.

Radiation protection Lead torso apron used. Thyroid collar is desirable, especially for maxillary scans if possible.

Exposure Patient informed to keep still. Scan time may be greater than DPR and motion artifact may be more 
likely to occur.

Image calibration may be required.

Image visualization Image viewed immediately. Secondary reconstruction is required before viewing (30 s–2 min).
Secondary orthogonal images must be reformatted.
Data is interactive (contrast, brightness, image mode).
Resultant data can be re-oriented to compensate for head position.

Abbreviations: DPR: dental panoramic radiography; FOV: field of view; CBCT: cone beam computed tomography.
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in many jurisdictions in the United States, maxillofacial CBCT 
devices can be operated by dental auxiliaries with nominal radio-
graphic qualifications, whereas in some European countries they 
can only be operated by dentists with special training in CBCT. 
Unlike DPR, maxillofacial CBCT units exhibit wide differences 
in available technical parameters. Table 42.2 shows the similari-
ties and differences between the operation of DPR machines as 
compared to maxillofacial CBCT devices.

The choice of specific technical parameters to optimize image 
quality and minimize exposure for a specific imaging task is 
referred to as an acquisition protocol. Practitioners and operators 
using maxillofacial CBCT must have a thorough understanding 
of the operational parameters and the effects of these parameters 
on image quality and radiation safety (Carter et al. 2008).

42.6.1 Exposure

Four exposure parameters determine the quality and quantity of 
the X-ray beam. Two of the factors, focal spot size and beam 
frequency, are equipment dependent whereas the other two, 
milliamperage (mA) and kilovoltage (kV), are usually operator 
controlled. However, the relatively low power of X-ray genera-
tors used in maxillofacial CBCT and pulsed production provides 
limitations in image quality. CBCT manufacturers either provide 
a selection of “fixed” exposure settings (e.g., PreXion, PreXion 
Co., Ltd., Tokyo, Japan; GALILEOS, Sirona AG, Bensheim, 
Germany; NewTom 5 g/VGi, QR, Inc. [a Cefla company], 
Milano, Italy) or allow “manual” adjustment of kV and/or mA. 
Most CBCT units operate in the range less than 90 kV, whereas a 
few can operate at higher kV up to 120 kV. The range of mA set-
tings is extensive, with most operating at less than 12 mA; how-
ever, some operate as high as 20 mA. In general, low kV units 
operate at higher mA. Higher kV units theoretically produce 
images with a higher contrast to noise ratio, particularly at lower 
exposures, because of increased photon count and a decreased 
absorption ratio (Pauwels et  al. 2014). Exposure parameters 
should be appropriate for both the given patient size and to the 
specific diagnostic task. While mA may be increased on some 
units and is suggested to compensate for increases in patient size, 
the effective dose increases proportionately, almost in a 1:1 ratio. 
Adjustment of kV has an even greater effect on dose than mA 
does, with each increase in 5 kV approximately doubling dose if 
all other parameters remain the same.

Automatic exposure control (AEC) is a dose reduction strat-
egy used in most MDCT devices to optimize patient doses. 
AEC attempts to adjust and customize (i.e., modulate) tube cur-
rent (mA) specifically for each patient according to the radia-
tion intensity detected, either by using a short pre-examination 
exposure or dynamically during the rotation. Few CBCT devices 
implement AEC (e.g., NewTom-FP; Quantitative Radiology, 
Verona, Italy) and, of those, mAs is adjusted based on a single 
2D scout image (Pauwels et al. 2015a,b).

42.6.2 Number of Basis Images

The number of images comprising the projection data through-
out the scan is determined by the frame rate (number of images 
acquired per second), the completeness of the trajectory arc, and 

the speed of the rotation. The number of projection scans com-
prising a single scan may be fixed or variable. More projection 
data provide more information to reconstruct the image, allow 
for greater spatial and contrast resolution, increase the signal-to-
noise ratio producing “smoother” images, and reduce metallic 
artifacts. However, this is usually accomplished with a longer 
scan time, a proportionately higher patient dose, a longer duty 
cycle between patients to allow for cooling of the generator tube, 
and a longer primary reconstruction time.

42.6.3 Scan/Exposure/Reconstruction Time

Because CBCT units acquire all projection images in a single 
rotation, the actual period in which the gantry revolves around 
the patient’s head, or scan time, ranges from approximately five 
up to 40 seconds. Ideally, scan time should be comparable to 
DPR so that artifacts associated with subject movement are mini-
mized. Exposure time is usually less than scan time, being the 
actual time that the X-ray generator is on, producing X-radiation. 
This ranges from two to approximately 12 seconds, with a maxi-
mum of up to 34 seconds. Reconstruction time is the time taken 
by the workstation computer for dataset reconstruction and var-
ies depending on the FOV, the number of basis images acquired, 
resolution, and reconstruction algorithm and ranges from less 
than 30 seconds to over five minutes. The application of second-
ary reconstruction methods, such as iterative reconstruction for 
streak artifact reduction, can run considerably more than five 
minutes (Dong et al. 2013).

42.6.4 Frame Rate

Higher frame rates provide images with less artifacts and bet-
ter image quality. High frame rates demand sensor arrays with 
pixels sensitive enough to capture adequate radiation to regis-
ter a high signal-to-noise output and transmit the voltage to the 
 analog-to-digital converter—all within a short arc of exposure. 
For a given maxillofacial CBCT unit, a greater number of projec-
tions increase the amount of radiation a patient receives propor-
tionately. Within the cost limitations of solid-state sensors used 
in maxillofacial CBCT construction and the need for short scan-
ning time in a clinical setting, the number of images available for 
construction ranges from 150 to over 1000.

42.6.5 Rotation Angle

Most reconstruction algorithms (e.g., the FDK algorithm) require 
that projection data are acquired from a complete circular trajec-
tory or a scan arc of 360°. However, it is possible to reduce the 
rotation angle of the maxillofacial CBCT gantry and still recon-
struct a volumetric dataset. This approach potentially reduces the 
scan time and allows the incorporation of maxillofacial CBCT 
into a panoramic platform to produce a hybrid system. Images 
produced by this method may have greater noise and suffer from 
reconstruction interpolation artifacts. CBCT units are available 
providing fixed or variable rotation angles. Fixed rotation angle 
units may be complete 360° or partial trajectory arcs. Units pro-
viding variable rotation angles usually have two options; a com-
plete or rotation partial rotation angle.
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42.6.6 Field of View (FOV)

The dimension of the FOV, or scan volume, is primarily depen-
dent on the sensor size and shape, beam projection geometry, 
gantry motion, and the ability to collimate the beam. The shape 
of the scan volume is determined by the sensor technology and 
acquisition method. Spherical FOVs are characteristic of II sen-
sors. Most flat panel detector (FPD) sensor systems produce 
a cylindrical FOV with a height and circular diameter. A few 
devices limit the FOV to the jaw shape, restricting the ROI to 
the dental structures. The CS 9000 3D (Carestream, Atlanta, 
Georgia, USA) stitches three cylindrical FOVs from consecutive 
exposures in the horizontal axis, enough to cover a single jaw. 
An alternate method to cover the shape of the jaws is provided by 
the Accuitomo R100 (J. Morita Corporation, Kyoto, Japan). This 
maxillofacial CBCT device is the only unit that produces a con-
vex triangular shape from a complex motion of the gantry during 
exposure, referred to as 3D Reuleaux Full Arch (patent pending; 
J. Morita Corporation, Kyoto, Japan).

Collimation of the primary X-ray beam limits X-radiation 
exposure and is highly desirable, such that an optimal FOV can 
be selected for each patient based on disease presentation and 
the ROI. Reduction in the FOV can usually be accomplished 
mechanically or, in some instances, electronically. Mechanical 
reduction in the dimensions of the X-ray beam can be achieved 
by either pre-irradiation (reducing primary radiation dimensions) 
or post-irradiation (reducing the dimensions of the transmitted 
radiation, before it is detected) collimation. Currently, most 
maxillofacial CBCT units use adjustable metallic shields as pri-
mary collimation at the radiation source. Electronic collimation 
involves elimination of data recorded on the sensor peripheral to 
the area of interest. In this case, there is no physical reduction in 
irradiation of the ROI by physical means. Both techniques reduce 
the amount of data for computational purposes and reduce recon-
struction time; however, only pre-irradiation physical collima-
tion results in reduced patient radiation.

42.7 Device Limitations

The image quality of maxillofacial CBCT devices is dependent on 
spatial and contrast resolution, image noise, and artifacts. Several 
interacting acquisition variables have an effect on image quality.

42.7.1 Acquired/Reconstructed Spatial Resolution

CBCT units provide voxel resolutions that are isotropic—equal 
in all three orthogonal dimensions. Maxillofacial CBCT imaging 
produces images with sub-millimeter voxel resolution ranging 
from 0.4 mm to as low as 0.076 mm. Because of this, subsequent 
secondary (axial, coronal, and sagittal) and multi-planar refor-
matted images achieve a level of spatial resolution that is accurate 
enough for measurement in maxillofacial applications where pre-
cision is important, such as the assessment of bony ankylosis of 
teeth. As a rule of thumb, tasks requiring high spatial resolution 
should be performed at a voxel resolution of 0.2 mm or lower.

The spatial resolution of maxillofacial CBCT systems is pri-
marily a function of sensor nominal pixel size and fill factor; 

however, factors such as beam projection geometry, patient X-ray 
scatter, sensor motion blur, X-ray generator focal spot size, num-
ber of basis images, and reconstruction algorithm all contribute 
to the final maximum achievable resolution. Most manufacturers 
provide options for varying resolution of CBCT data. However, 
sensors cannot, per se, be altered to change the number of pixels 
within the area matrix that capture X-rays. For a given projection 
geometry and FOV, then the acquired dataset is always acquired 
at the highest resolution. In some CBCT units, resolution can be 
increased by altering projection geometry, reducing the object 
to focal spot distance. Electronic pixel binning is often used to 
provide reconstructed images with voxel resolution less than that 
acquired. Pixel binning is the process of combining charge from 
adjacent pixels from the sensor during readout. The two primary 
benefits of binning are improved contrast due to an improved 
signal-to-noise ratio and the ability to increase frame rate, albeit 
at the expense of reduced spatial resolution. While higher resolu-
tion may be considered desirable for many tasks in dentistry, it 
should be used judiciously for procedures demanding accuracy 
to the level of detail of approximately the periodontal ligament 
space (i.e., approximately 0.2 mm or less). Images taken at high-
resolution often have reduced brightness and contrast, increased 
noise (when displayed in thin slice thickness), and require 
increased reconstruction time. While increased image resolution 
in some maxillofacial CBCT units does not affect changes in 
exposure parameters, some manufacturers incorporate reduced-
dose exposure protocols for low-resolution settings.

As CBCT data is acquired volumetrically, it is possible to 
reconstruct and display multi-planar images at resolutions higher 
than that at which they were originally acquired. However, this 
introduces additional noise. This is referred to as reconstructed 
resolution. Currently, only one maxillofacial CBCT device allows 
for reconstructed resolution—the 3D Accuitomo 170 (J. Morita 
Corp., Kyoto, Japan) “zoom reconstruction” feature is unique in 
that, for large FOV acquisitions, often displayed at low resolu-
tions to reduce reconstruction time and file size, a small ROI 
within the original scan can be identified and a small FOV with 
an 80 µm voxel resolution can be reconstructed from the original 
data. Figure 42.5 shows an example of the clinical application of 
this reconstructed resolution feature.

As with other forms of digital radiography, care should be 
taken to distinguish between acquired nominal resolution based 
on specified pixel or voxel values and the actual acquired reso-
lution achieved due to the various constraints within the total 
imaging chain and reconstructed resolution.

42.7.2 Contrast Resolution

Numerous factors limit the contrast resolution of CBCT. The 
inherent geometric configuration of CBCT image acquisition 
produces marked patient scatter radiation. This is a significant 
factor in reducing the contrast of any maxillofacial CBCT sys-
tem. In addition, because of the divergence of the X-ray beam 
over the area sensor, there is non-uniformity in absorption on the 
area sensor, with greater signal-to-noise ratio (less noise) on the 
cathode side of the image relative to the anode side (heel effect). 
Further, numerous inherent FPD based artifacts affect linearity 
in response to X-radiation. For these reasons, and the limited kV 
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and mA of CBCT, maxillofacial CBCT images lack adequate 
gray scale sensitivity to discern subtle differences between soft 
tissues, such as between fluids and solid tumors, though are 
excellent for demonstrating air to soft tissue boundaries.

Gray scale intensity values measured on CBCT images do not 
directly represent Hounsfield units (HU), the relative density of 
body tissues according to a calibrated gray-level scale, based on 
normalized-HU values for air (−1000 HU), water (0 HU), and 
dense bone (+1000 HU) (Bryant et  al. 2008, Nackaerts et  al. 
2011, Molteni 2013). While these conditions limit the applica-
tion of current maxillofacial CBCT imaging to the assessment of 
osseous structures, several techniques and devices are currently 
being investigated to suppress these effects or derive HU from 
gray density levels in dental CBCT (Lagravere et al. 2006, 2008, 
Mah et al. 2010, Molteni 2013).

42.7.3 Noise

Image noise refers to the non-uniform density differences in a 
radiographic image and may affect diagnostic efficiency. Noise 
represents itself in inconsistent attenuation (gray) values in the 
projection images. Noise can be generated from anywhere along 
the imaging chain; however, in maxillofacial CBCT, there are 
three principal sources.

• Inhomogeneity of incident X-ray photons: The spectra 
of incident X-ray photons have substantial fluctuations 
in both quality and quantity over the area sensor; this 

is a direct result of increased scatter radiation from 
divergent X-ray projections and lower overall projec-
tion beam energy. This variation in X-ray profile over 
the sensor area, known as flux, results in an uneven dis-
tribution of gray values on the resultant basis image. 
CBCT imaging uses mA settings approximately one 
tenth of those used with MDCT, resulting in CBCT 
lower beam attenuated energies with greater variabil-
ity, which results in substantially reduced signal-to-
noise ratios compared to MDCT.

• Electronic noise: Solid-state sensors are imperfect and 
gradually accumulate charge over a period of inactiv-
ity. This can dilute the received signal when acquisition 
occurs, presenting as noise.

• Photon count noise: The total number of photons 
recorded for a given maxillofacial CBCT system repre-
senting a specific voxel may also determine the degree 
of noise within the system and depends on consider-
ations of voxel size, sensor efficiency, quantum mottle, 
number of basis images, and completeness of the rota-
tional scan.

42.7.4 Artifacts

An artifact is any distortion or error in an image that is unre-
lated to the subject being studied. Schulze et al. (2011) provide an 
excellent overview and discussion of maxillofacial CBCT arti-
facts. Artifacts can be classified according to where they occur 
in the imaging chain.

• X-ray beam related: Numerous artifacts are produced 
in association with the interaction of the X-ray beam 
with high density materials (HDM) such as dental 
amalgam, crowns, titanium dental implants, and com-
posite resin often present in the jaws.

• Scatter: When X-ray photons are diffracted from 
their original path after Compton interaction with 
HDM, they add to the primary intensity of the 
X-ray beam and produce dark linear streaks in 
reconstructed images. Scatter is more prominent in 
larger array sensor systems, such as CBCT, reduces 
overall soft tissue contrast, and affects the density 
values of all voxels in the ROI.

• Beam hardening: As polychromatic X-ray photons 
are attenuated by HDM, the overall beam energy 
increases as lower energy photons are absorbed in 
preference to higher energy photons. This results 
in two types of artifact: (1) distortion of metallic 
structures due to differential absorption, known as 
a cupping artifact and, (2) streaks and dark bands 
radiating from HDM. This artifact is more pro-
nounced on CBCT images because these systems 
have lower mean kV compared to CT. In clinical 
practice, it is advisable to reduce the FOV to avoid 
scanning regions susceptible to beam hardening 
(e.g., metallic restorations, dental implants). This 
can be achieved by collimation, modification of 
patient positioning, separation of the dental arches, 

FIGURE 42.5 Cross-sectional, axial ,and para-sagittal maxillofacial cone 
beam computed tomography (CBCT) orthogonal images (a) of a mandibular 
left second molar for a patient who presents with local pain. The tooth is root 
canal filled. The scan was acquired on a 3D Accuitomo 170 (J. Morita Corp., 
Kyoto, Japan). A cropped, magnified sagittal image at the standard resolution 
(0.25 mm voxel size) (b) shows an apical hypodensity and associated bone 
loss between the two roots of this tooth. Reconstructed resolution or “zoom 
reconstruction” was applied to a limited spherical region within the field of 
view (FOV) of the original volumetric dataset (solid white circle on orthogonal 
images in a). Comparable sagittal image of the reconstructed volume (c) at a 
higher 0.08 mm voxel resolution demonstrates a root fracture in between the 
roots of this tooth (arrows), accounting for the failure of the root canal treatment.
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or electronically with the use of specific artifact 
reduction technique (ART) algorithms.

• Extinction: These artifacts, also known as missing 
value artifacts, occur in regions where beam hard-
ening artifacts are additive to a level such that there 
is little photon energy recorded and appear as dark 
voids. This is prominent in regions where there are 
adjacent HDM and there is crossover of the X-ray 
projection beam (e.g., adjacent titanium implants, 
dental restorations).

• Exponential edge gradient effect: This effect occurs 
whenever long sharp edges of high contrast are 
encountered. This occurs commonly in maxillofacial 
imaging such as at metallic crown borders. The most 
common effect is dark streaks emerging from single 
straight edges in the direction of the projection, how-
ever dense streaks from pairs of edges are possible.

• Patient related artifacts: Patient motion during rotation 
of the maxillofacial CBCT gantry rotation can cause 
misregistration of data and, most commonly, appears as 
a “double contour.” Figure 42.6 illustrates the appear-
ance of double contouring and the effect on the image 
quality of subsequent reconstructions. Patient motion 
can be minimized by use of a head restraint and by 
using as short a scan time as possible. The smaller the 
acquisition resolution of the volumetric dataset and the 
longer the scan time, the more likely motion artifacts 
are to appear. Subtler motion artifacts, presenting as 
image unsharpness and loss of resolution, may also 
originate from disparities in motion of the components 
of the system, which may occur in the vertical direction 
due to dissimilarities in weight between the sensor sys-
tem and X-ray generator. This type of artifact is usually 
prevented from occurring by the use of dampening sys-
tems. Repeated use of maxillofacial CBCT equipment 
over time may result in slight configuration changes, 
and components may need to be periodically re-aligned.

• Scanner related artifacts: Typically, scanner related 
artifacts present as circular or concentric dark rings in 

the axial plane, centered about the location of the axis 
of rotation. They result from imperfections in scanner 
detection or poor calibration.

• Cone beam related artifacts: The beam projection 
geometry of CBCT and image reconstruction method 
produce numerous cone beam related artifacts.

• Partial volume averaging: This is a feature of both 
MDCT and maxillofacial CBCT imaging. It occurs 
when the selected voxel resolution of the scan is 
greater than the spatial or contrast resolution of 
the object to be imaged. In this case, the pixel is 
not representative of the tissue or boundary, how-
ever becomes a weighted average of the different 
CT values. Boundaries in the resultant image may 
present with a “step” appearance or homogeneity 
of pixel intensity levels. Partial volume averaging 
artifacts occur in regions where surfaces are rap-
idly changing in the z direction, for example in the 
temporal bone. Selection of the smallest acquisi-
tion voxel can reduce the presence of these effects.

• Under-sampling: This can occur when too few 
basis projections are provided for the reconstruc-
tion. A reduced data sample leads to misregistra-
tion and sharp edges and noisier images due to 
aliasing, where fine line striation patterns (moiré 
patterns), appear in the image, particularly in the 
periphery. This effect may not degrade the image 
severely; however, when resolution of fine detail 
is important, under-sampling artifacts needs to be 
avoided as far as possible by maintaining the num-
ber of basis projection images.

• Cone beam effect: The cone beam effect is a poten-
tial source of artifacts, especially in the periph-
eral portions of the scan volume. Because of the 
divergence of the X-ray beam as it rotates around 
the patient in a horizontal plane, projection data 
are collected by each sensor pixel. The amount of 
data corresponds to the total amount of recorded 
attenuation along a specific beam projection angle 
as the scanner completes an arc. The total amount 
of information for peripheral structures is reduced 
because the outer row sensor pixels record less 
attenuation, whereas there is more information 
recorded for objects projected onto the more cen-
tral sensor pixels. This results in image distortion, 
streaking artifacts, and greater peripheral noise. 
This effect can be minimized by the manufactur-
ers’ incorporation of various forms of cone beam 
reconstruction. Clinically, it can be reduced by 
positioning the ROI adjacent to the horizontal 
plane of the X-ray beam and collimation of the 
beam to an appropriate FOV.

• Local tomography: In small FOV geometric con-
figurations, inconsistencies can occur in the recon-
structed volume because structures that lie adjacent 
and outside the FOV are only irradiated over small 
angular distances, yet are still incorporated in the 
back-projection algorithm.

FIGURE 42.6 Coronal (top) and axial (lower) images demonstrating dou-
ble contours of the cortical bone of the left mandible due to patient motion 
during the scan (a). The reformatted simulated panoramic (b) clearly shows 
overall unsharpness. Serial cross-sectional images of the left posterior man-
dible (c) also demonstrate the double contour of the cortical bone but, more 
importantly, loss of anatomic detail of the mandibular canal, a vital struc-
ture to avoid if dental implant treatment is considered to replace the left 
posterior mandibular molar.
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• Off-set projection: To reduce costs, yet provide a 
relatively large FOV, the X-ray generator/sensor 
system gantry may be offset to the center of rota-
tion. This results in a central region being recon-
structed from projections from a complete rotation, 
while more peripheral areas are constructed from 
images acquired from angles of 180–360°, depend-
ing on their distance from the center of rotation. 
This provides images that may show abrupt transi-
tion between the two zones as border ring artifacts.

42.8  Patient Radiation Dose Considerations 
of Maxillofacial CBCT

The radiation dose in maxillofacial CBCT has been extensively 
reported in the literature using a variety of models, dose quanti-
ties, and measurement methodologies. The effective dose, E, (the 

tissue-weighted sum of the equivalent doses in all specified tissues 
and organs of the body) measured in microSieverts (µSv), is the 
most widely used metric to express radiation-induced risk. Table 
42.3 summarizes the reported range of effective dose for numer-
ous maxillofacial CBCT devices according to FOV. Reported adult 
effective doses for any protocol ranged from 46 to 1073 µSv for 
extended FOVs, 9 to 548 µSv for large FOVs, 4 to 421 µSv for 
medium FOVs, and 5 to 297 µSv for small FOVs (Ludlow et al. 
2015). The results from these studies indicate that there is a wide 
range in patient dose for maxillofacial CBCT. This reflects the 
range of available maxillofacial CBCT device configurations 
(beam filtration, receptor technology, resolution) and parameters 
used in clinical practice, such as FOV, exposure (kVp and mA), and 
acquisition (e.g., rotational arc, number of basis images) settings. 
As a comparison, and in order of decreasing magnitude, doses for 
DPR range from 14 to 38 µSv, for cephalometric radiography are 
5.1 to 5.6 µSv, and for a four image bitewing radiographic series 
are approximately 5 µSv (Ludlow and Ivanovic 2008, Ludlow et al. 

TABLE 42.3

Summary of Range of Published Data of Effective Doses (µSv) (ICRP 2007) for 
Maxillofacial Cone Beam Computed Tomography Devices According to Size of Field of View 
(FOV)

Device Extended FOVa Large FOVb Medium FOVc Small FOVd

3D Accuitomo 170 188–282 132–532 68–421 19–297

3D eXam 72–156 107 45–170

Alphard VEGA 69–288 69–184 20–94

CB Mercuray 569–1073 60–548 60–145

CS 9000 5–40

CS 9300 76–204 75 35–127

CS 9500 93–260 76–166

Galileos Comfort Plus 38–154 27–133

Galileos Comfort 51–128

Galileos 70–128

i-CAT Classic 61–134 69

i-CAT FLX 67–129 9–171 4–148

i-CAT Next Generation 46–110 32–111 18–149

Iluma Elite 94–498 368

Newtom 3G 68

Newtom VG 83 81–83

NewTom VGi 97–194 61–280 130–191

OP300 Maxio 66–164 49–152 12–86

Orthophos XG 48–166 21–84

Pan 3D eXam Plus 3D 40–184

PaX-Uni3D 44

Picasso Trio 81–123

PreXion 3D 189–123

ProMax 3D 30–306 10–170

ProMax MidStretched 95–426

Scanora 3D 68 45–47

Skyview 87

Veraviewepoc 3D 73 21–22

Source: Summarized from Ludlow, J. B. et al. 2015. Effective dose of dental CBCT—a meta-analysis of 
published data and additional data for nine CBCT units. Dento Maxillo Facial Radiology 44(1), 
20140197.

a 15 cm height.
b >10 cm–≤15 cm height.
c ≤10 cm height, >50 cm2 beam area at isocenter.
d ≤10 cm height, ≤50 cm2 beam area at isocenter.
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2015). Therefore, while CBCT doses are higher than those of intra-
oral and cephalometric radiography, the low end of the CBCT dose 
range overlaps with the range found in panoramic radiography, 
while the high end of the range overlaps with that of CT (Ludlow 
et  al. 2006, 2015, Ludlow and Ivanovic 2008, Silva et  al. 2008, 
Loubele et al. 2009, Roberts et  al. 2009, Carrafiello et al. 2010, 
Jadu et al. 2010, Qu et al. 2010, 2012a,b, Vassileva and Stoyanov 
2010, Librizzi et al. 2011, Davies et al. 2012, Grunheid et al. 2012, 
Pauwels et al. 2012, 2014, Theodorakou et al. 2012, Al-Okshi et al. 
2013, Ludlow and Walker 2013, Morant et al. 2013, Rottke et al. 
2013a,b, Schilling and Geibel 2013, Kim et al. 2014, Kadesjo et al. 
2015). (Editor’s note: see also Section III, Chapter 38).

42.8.1  Dose Reduction Strategies 
for Maxillofacial CBCT

42.8.1.1 Justification

General (Carter et  al. 2008, Haute Autorité de Santé 2009, 
Horner et  al. 2009, Advies van de Hoge Gezondheidsraad nr. 
8705 2011, Noffke et  al. 2011, American Dental Association 
Council on Scientific Affairs 2012, European Commission 2012, 
Arbeitsgemeinschaft der Wissenschaftlichen Medizinischen 
Fachgesellschaften (AWMF) 2013) and discipline specific 
(Isaacson et al. 2008, Academy of Osseointegration 2010, Walter 
et al. 2011, Diangelis et al. 2012, Evans et al. 2012, Harris et al. 2012, 
Husain et al. 2012, Tyndall et al. 2012, American Association of 
Endodontists 2013, American Academy of Oral and Maxillofacial 
Radiology 2013, Cooper and Pin-Harry 2013, Counihan et al. 2013, 
Faculty of General Dental Practice (UK) 2013, Ngiam et al. 2013, 
Special Committee to Revise the Joint AAE/AAOMR Position 
Statement on use of CBCT in Endodontics 2015) guidelines have 
been published providing dental practitioners with best practices 
for the most appropriate use of maxillofacial CBCT in dentistry.

42.8.1.2 Optimization

A wide dose range implies a great potential for optimization, 
and several dose-saving strategies have been proposed, including 
(European Commission 2012):

• Reducing mA: Lowering exposure mA in CBCT 
devices results in a proportional decrease in patient 
dose. Although noise increases, clinical image quality 
may often remain acceptable for moderate or even large 
reductions in mA compared to the manufacturer’s rec-
ommended setting (Pauwels et al. 2015a,b). The level 
of mA reduction achievable with appreciable reduc-
tion in image quality is equipment specific (Goulston 
et  al. 2016). Pauwels et  al. (2017) propose a possible 
reduction in mA (using a fixed 90 kVp exposure) rang-
ing from 7 to 50%, based on an exponential relation 
between head size and mA. Reductions in mAs are 
more dose-efficient than kVp reductions.

• Increasing kVp: Increasing the tube voltage may result 
in a decrease in skin and effective dose but an increase 
in scatter due to a proportionally higher percentage of 
Compton interactions. This is undesirable as it may 
reduce image quality associated with image noise. 

However, higher tube voltage may be clinically desir-
able, particularly in the assessment of bone associated 
with dental implants, as it reduces the beam hardening 
effect (Ludlow 2011).

• Reducing the number of acquisition projection 
images:  For a specific CBCT device, selection of a 
lower scan time results in less acquisition projection 
images and a proportional decrease in patient radiation 
exposure (Ludlow and Walker 2013). However, images 
reformatted from volumetric datasets reconstructed 
with reduced projection images generally have lower 
spatial resolution, reduced contrast, and increased noise.

• Reduced trajectory arc: Some CBCT devices allow 
partial trajectory arc rotations (180°) instead of a full 
rotation (360°). This modality offers a 50% dose reduc-
tion to the patient.

• Collimation: Patient dose is markedly reduced with 
collimation of the FOV to the ROI. While the range of 
doses for various CBCT devices for specific FOVs is 
wide, median effective doses for FOVs in the range 5.1–
10.0 cm are reduced 38% compared to >10 cm, and for 
FOV <5 cm are reduced 59% compared to FOVs with 
a height range of 5.1–10.0 cm (Al-Okshi et  al. 2015). 
Similar FOVs including the lower jaw result in higher 
effective dose than those of the upper jaw because the 
salivary gland and thyroid tissues receive greater expo-
sure (Lofthag-Hansen et al. 2011).

While reducing CBCT exposure and device parameters may 
result in dose reduction to the patient, there is often a concomi-
tant decrease in image quality. Exposure parameters should 
be adjusted according to a specific clinical diagnostic task. 
Diagnostic tasks requiring high spatial and contrast detail and 
reduced noise (e.g., periapical diagnosis, assessment of possible 
ankyloses of impacted teeth, external and internal root resorp-
tion, assessment of peri-implant bone loss) (Lofthag-Hansen 
et al. 2011, Pinheiro et al. 2015) usually require higher exposures, 
the highest number of acquisition frames, complete arc trajec-
tory, and smallest voxel as compared to less demanding clini-
cal tasks (e.g., bone volume assessment associated with dental 
implant planning [Lofthag-Hansen et al. 2011]). CBCT imaging 
of regions with higher density, such as the mandible, may require 
higher exposure parameters compared to the maxilla (Lofthag-
Hansen et al. 2011). Optimization of CBCT exposure parameters 
to provide acceptable diagnostic images can result in a dose sav-
ing of up to 50% (Hidalgo Rivas et al. 2015, Pauwels et al. 2017).

42.8.1.3 Patient and Personnel Protection

For operators of CBCT devices, additional shielding and personnel 
radiation dosimetry (radiation monitor badges) are desirable, but 
not considered necessary by all authorities, in CBCT facilities as 
isodose curves at one meter from CBCT units are reported to range 
from 2–40 µGy per scan (Holroyd and Walker 2010) compared 
with intraoral and panoramic radiography scatter doses of less than 
1 µGy per exposure at one meter (Sutton and Williams 2000).

Recent authors have reported that the use of a lead torso apron 
does not reduce patient absorbed doses or effective dose in 
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panoramic (Rottke et al. 2013a,b) or CBCT (Rottke et al. 2017) 
procedures. However, the use of a thyroid collar reduces total 
effective dose, ranging from 9.8 to 22.7% for panoramic radiog-
raphy (Han et al. 2013) and from 18 to 40.1% for CBCT imaging 
(Qu et al. 2012a). The use of thyroid collar in panoramic imaging 
is not advisable as it interferes with the projection geometry and 
introduces substantial artifacts.

42.8.1.4 Quality Assurance Procedures

Quality assurance (QA) refers to the principles, techniques, and 
clinical protocols adopted to ensure consistency in acceptable 
diagnostic image quality while maintaining radiation exposure 
to the patient as low as reasonably achievable (see Section III, 
Chapter 37). The regulations governing the implementation and 
monitoring of such a program vary greatly depending on coun-
try, and even regional  jurisdiction, however generally include 
the following considerations (Holroyd and Walker 2010, Health 
Protection Agency 2010):

• Installation assessment: Because the exposure associ-
ated with CBCT devices is higher than other extraoral 
and intraoral dental radiographic systems, the facility 
room design and structural protection requirements 
may be greater to ensure adequate protection for both 
operator and others in areas adjacent to the unit.

• Equipment performance: Simple basic tests should be 
performed, both when the equipment is first installed 
(acceptance and commissioning tests) and then periodi-
cally (routine tests). These include X-ray tube output, 
voltage consistency and accuracy, filtration, exposure 
time, and radiation field collimation.

• Patient dose: When comparing specific MDCT 
devices, computed tomography dose index (CTDI), 
and dose length product (DLP) are relatively easy to 
assess and provide a metric for routine dose audit. 
However, for CBCT devices, these metrics do not pro-
vide a reliable dose quantity with good correlation to 
the effective dose and, therefore, patient risk. Dose area 
product (DAP) (Health Protection Agency 2010) and 
the CBCT dose index (European Commission 2012) 
have been proposed as more appropriate and clinically 
measureable indices of dose. Clinical DAP dose limits 
for adults and children have also been proposed as a 
method to establish diagnostic reference levels (DRL) 
by which devices can be compared for specific CBCT 
procedures. A DRL of 250 mGy cm2 has been pro-
posed for CBCT imaging for the placement of an upper 
first molar implant in a standard adult patient.

• Image quality: CBCT images must perform within 
acceptable clinical qualitative (e.g., comparison with 
high quality standard reference images) and  quantitative 
(e.g., image density, contrast detail, uniformity, noise, 
spatial resolution, geometric accuracy, artifacts) 
parameters, such that adequate diagnostic informa-
tion is achieved with minimal radiation  exposure. 
Quantitative tests require specially devised phantoms, 
either provided by the manufacturer or available from 
a third party (e.g., Quart DVT_KP/DVY_150, Quart 
Zorneding, Germany; CBCT-161, Leeds Test Objects 
Ltd., Boroughbridge, United Kingdom)

• Display screen performance: Image quality is only as 
good as the monitor on which it is displayed. A suitable 

TABLE 42.4

Clinical Applications of Maxillofacial Cone Beam Computed Tomography Imaging in Dental Practice

Clinical Application Area Examples Figure(s)

Diagnosis Impacted teeth Location and morphology of third molars, 
maxillary canines, and supernumerary 
teeth

42.7

Dental pathology Root canal anatomy, inflammatory 
periapical pathology, dental root 
fractures, root resorption, ankylosis

42.8, 42.9

Jaw pathology Benign tumors and cysts, osteomyelitis, 
temporomandibular joint

42.10, 42.11

Dental implant Assessment of alveolar bone morphology 
and dimensions and anatomic boundaries 
prior to implant placement

42.12

Trauma Tooth and jaw fracture 42.13

Craniofacial and dental deformities Craniofacial syndromes, particularly cleft 
lip and palate

42.14

Sleep apnea Airway dimensions and relationship to 
maxillofacial skeleton

42.15

Planning Dental implant Virtual implant simulated placement, 
surgical guide design and manufacture

42.16

Oral surgery Virtual planning using simulations for 
maxillofacial reconstruction after trauma, 
removal of pathology, or orthognathic 
surgery, fabrication of biomodels

42.17

Image guidance Dental implant Surgical navigation
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test pattern, such as an AAPM TG18 or SMPTE image, 
should be displayed routinely to examine monitor spa-
tial and contrast resolution (see Section IV, Chapters 
63, 64 and 65).

42.9 Clinical Applications

CBCT is particularly suited for use in clinical dental practice, 
providing in-office high contrast volumetric imaging of the 
dental and maxillofacial regions at a relatively low dose. CBCT 

FIGURE 42.10 Reformatted panoramic image (a) and serial cross-sectional 
(b) cone beam computed tomography (CBCT) images of the mandible of a 
teenager with a single, round, well defined, homogeneously hyper-attenuating 
expansile mass in the left parasymphyseal region displacing the unerupted 
canine to the midline. Biopsy confirmed the presence of an ossifying fibroma.

FIGURE 42.8 A patient presented with pain and swelling of the maxil-
lary right region. Conventional intraoral periapical image (a) in this area 
shows that all teeth are root canal filled teeth and the adjacent bone appears 
normal—note that the darker region above the roots of the teeth is the max-
illary sinus. Sagittal (b) and axial (c) cone beam computed tomography 
(CBCT) images show a moderately sized periapical hypo-attenuating rar-
efaction associated with the buccal roots of the first molar, which is consis-
tent with an acute infection. In addition, the CBCT images show lack of root 
canal filling of these roots, which was most likely the cause of the infection.

FIGURE 42.7 Volumetric rendering (a), reformatted panoramic image 
(b), and serial cross-sectional (c) cone beam computed tomography (CBCT) 
images of the maxilla of a teenager with multiple unerupted and impacted 
teeth and submerged deciduous (primary teeth), including the second pre-
molars and right canine.

FIGURE 42.9 Reformatted panoramic (a) and serial cross-sectional 
(b) cone beam computed tomography (CBCT) images showing severe 
root resorption of the left lateral incisor associated with the impacted and 
unerupted left canine.

FIGURE 42.11 An older patient presents with a gradually changing dental 
bite. Axial (a), coronal (b), and serial cross-sectional (c) cone beam com-
puted tomography (CBCT) images of the left and right mandibular condyle 
show unilateral enlargement of the right condyle accounting for the shift in 
the patient’s occlusion. The provisional diagnosis of condylar chondroblas-
toma was confirmed with surgical excisional biopsy.
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should be used when conventional dental imaging does not 
provide the information required for diagnosis and treatment 
planning (Carter et al. 2008). Table 42.4 lists, and Figures 42.7 
through 42.17 provide illustrative examples of, clinical applica-
tions of maxillofacial CBCT in dentistry (European Commission 
2012, Horner et al. 2015).

42.10 Summary

The continuing development and rapid commercialization of 
maxillofacial CBCT now provides both generalist and specialist 
dental practitioner access to accurate, sub-millimeter resolution 

FIGURE 42.14 Reformatted panoramic (a), axial images (b), and inferior 
volumetric rendering of the maxilla demonstrating a right unilateral cleft 
palate and associated absence of the right lateral incisor.

FIGURE 42.15 Right mid-sagittal (a) and axial (b) cone beam computed 
tomography (CBCT) images of a patient with moderate-to-severe obstruc-
tive sleep apnea. Hollow volumetric modeling with gray scale intensity 
cross-sectional area measurements (a) and linear measurements of the mini-
mum anterior-posterior and transverse dimensions of the airway (b) show 
marked reduction in airway space at the base of the soft palate related to the 
presence of severe osteophyte formation on the inferior aspect of the anterior 
tubercle of the first cervical vertebrae (arrow).

FIGURE 42.16 Reformatted panoramic (a) and cross-sectional (b) cone 
beam computed tomography (CBCT) images showing the positioning of a 
virtual dental implant (white outline) in the left mandibular molar edentu-
lous area relative to a diagnostic crown on a radiographic guide. A restricted 
surgical guide can be fabricated (c) from data exported from the software, 
such that the drill sleeve corresponds exactly to the projected alignment of 
the virtual implant.

FIGURE 42.13 Left lateral oblique (a), right lateral oblique (b), and infe-
rior (c) volumetric surface rendering demonstrating a left sub-condylar and 
right mandibular body fracture with intermaxillary fixation of the jaws to 
reposition and stabilize the segments.

(a)

(b)
“Undercut”

IAC

Site of cross-sections

FIGURE 42.12 Reformatted panoramic (a) and serial cross-sectional (b) 
cone beam computed tomography (CBCT) images of a partially dentate 
mandible of a patient desiring dental implants to replace the missing teeth 
in the left posterior jaw. The cross-sectional images (b) show the topogra-
phy of the residual alveolar ridge in the edentulous space and important 
anatomic boundaries to dental implant placement, such as the inferior 
 alveolar canal (IAC) and submandibular gland fossa creating an “under-
cut” of bone.
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images in formats enabling volumetric visualization of the com-
plexity of the maxillofacial region. All current generations of 
CBCT systems provide useful diagnostic images—future tech-
nical enhancements will most likely be directed towards reduc-
ing scan time, providing multimodal imaging, improving image 
fidelity, and incorporating task specific protocols to minimize 
patient dose. Increasing availability of this modality facilitates 
expanding maxillofacial imaging from diagnosis to image guid-
ance of operative and surgical procedures.
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43
High-Speed X-ray Computed Tomography

William R. B. Lionheart and William M. Thompson

43.1 Introduction

Across a range of applications, there has been a steady trend 
toward tomographic imaging at ever shorter time-scales. In medi-
cal imaging, the main driver for high-speed CT has been cardiac 
imaging, with the aim of producing tomographic images of a 
beating heart (Hurlock et al. 2009). In industrial process moni-
toring, a key goal has been in situ imaging of flow in pipes, with 
the specific problem of three phase (oil, gas, water) flows in the 
petroleum industry being of special interest (see also Section III, 
Chapter 45). The development of laboratory systems has been 
motivated by applications in experimental fluid dynamics, such as 
the study of fluid and granular flow and mixing, in materials sci-
ence, such as the study of dynamic processes including the devel-
opment of cracks and changes in the microstructure of materials 
due to heating and cooling (Maire and Withers 2014), and in oil 
and gas exploration, such as imaging flow through porous media. 
As imaging systems have become faster, this has enabled devel-
opment of new experimental techniques; it has also created sig-
nificant challenges, both for the design and engineering of the CT 
system hardware, and also mathematical and computational chal-
lenges for reconstruction of the resulting tomographic images.

As a secondary driver toward faster scanning, there is also the 
need across a range of applications to perform three-dimensional 
scans of static objects as quickly as possible. In the manufactur-
ing industry, this includes applications in production line pro-
cess monitoring, non-destructive testing, and quality assurance. 

In aviation security, it is desirable to scan luggage in three dimen-
sions in order to better identify potential threat objects than is 
possible with simple two-dimensional projection X-rays. In both 
cases, the primary motivation has been to improve  efficiency and 
reduce cost by scanning faster.

43.2 Fast CT Technology

In this section, we give an overview of the technologies used for 
high-speed tomographic imaging. Development of high-speed CT 
began with conventional systems, as used in medical,  industrial, 
and laboratory imaging. Such systems were not  originally 
designed for fast scanning, and are limited in their achievable 
speed by moving parts. To get past this limit, it has been  necessary 
to develop technology to eliminate the moving parts from the sys-
tem; three approaches to address this problem are discussed.

43.2.1 Conventional Medical CT Systems

Conventional medical X-ray tomography systems for three-dimen-
sional imaging use a single X-ray source that rotates on a gantry 
opposite an array of detectors. The detector array consists of mul-
tiple rows of detectors arranged in a circular arc. The  patient is 
translated in the direction of the rotation axis, so with respect to the 
patient, the source travels on a helical  trajectory (helical scan cone 
beam, Kalender 2005) (see also Section III, Chapter 32).
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The main factor limiting the speed of conventional single-
source medical CT systems is the physical rotation of the source 
and detector array. Due to the mass of the gantry, typical  modern 
medical CT scanners can experience centripetal acceleration of 
up to 30 g (Kalender 2006), which restricts scan rates to only a few 
source revolutions per second. Increasing the speed of  rotation is 
the most obvious way to increase the scanning speed, but more 
recently, medical CT systems have evolved to use dual sources, 
paired with corresponding detector arrays. This increases speed 
through parallelization, analogous to what has happened in 
recent years in development of computer central processing units.

The latest dual-source medical CT scanners are able to per-
form just over three rotations per second (Krauss 2011), giving 
a reconstructed image frame rate of less than 10 per second. For 
medical application in cardiac CT, such frame rates are suffi-
cient, since electrocardiogram gating may be applied to the data 
due to the regular, predictable motion of the heart (Desjardins 
2004). For other dynamic tomography applications such as flow 
imaging, the frame rates provided by conventional medical-type 
systems are too slow to provide the required temporal resolution.

Medical CT systems have found use in scanning static objects 
outside medical applications; for example, in airport baggage 
and other security inspection applications, systems similar to 
conventional medical CT have been used for three-dimensional 
scanning of potential threat items. However, such systems are 
not fast enough, or mechanically sufficiently reliable, for  routine 
three-dimensional scanning of the high volume of baggage 
encountered in airports.

43.2.2 Non-Standard Medical CT Systems

As medical CT systems evolved in the seventies, so-called 
“fourth generation” scanners were also developed, in which only 
the source rotates inside a complete ring of stationary detec-
tors (Kalender 2005). However, the “third generation” conven-
tional scanners quickly became the dominant platform, and it 
is not clear whether this would have resulted in faster scanning. 
Additionally, during the eighties, a system utilizing  multiple 
sources and detectors was developed by the Mayo Clinic. Known 
as the Dynamic Spatial Reconstructor (DSR), this system paired 
an array of 14 X-ray sources with 14 detector screens and  cameras 
on a rotating gantry, and was theoretically capable of imaging at 
60 frames per second (Robb et al. 1983). However, the high cost 
and complexity of this system meant that only a single example 
was ever built.

Further development of non-standard medical CT architec-
tures continues as a niche area of research; for example, Besson 
(2014) proposes a system involving concentric, independently 
rotating rings of sources and detectors.

43.2.3 Laboratory CT Systems

In non-destructive testing and laboratory CT, typical systems 
comprise a fixed source and a detector in a vertical plane that is 
either fixed or can be set at a fixed distance from the source. This is 
either a flat-panel rectangular detector or a system  involving a 
flat scintillator and an optical camera providing a range of zoom 
levels. The sample is supported on a stage that can rotate and 
translate, and in typical use, once it is correctly positioned it is 

simply rotated about a vertical axis (circular scan cone beam) or 
translated vertically as it rotates (helical scan cone beam).

As with medical systems, conventional laboratory X-ray CT 
systems are also limited in speed by the physical motion of the 
sample, but are additionally constrained by the photon flux of 
the source. This is a particular problem for the highest resolution 
micro-CT systems, where the small focal spot size required for the 
highest spatial resolution necessitates low source power. To this 
end, there has been progress toward sources with higher bright-
ness, based on liquid metal jet technology (Zabler et al. 2012). 
This offers the potential for an order of magnitude improvement 
in brightness, and therefore, in scanning speed, compared to con-
ventional laboratory sources; however, this is still insufficient for 
high-speed dynamic tomography at sub-second time-scales.

43.2.4 High-Speed Synchrotron Imaging

Tomographic imaging using synchrotron sources has been used 
extensively for high-speed dynamic experiments in materials 
science and other disciplines (see also Section I, Chapter 8). 
This has enabled novel dynamic experiments at very short time-
scales, but achievable scanning speed is still somewhat limited 
by the need to physically rotate the sample in the path of the 
beam (Mokso et al. 2011). The rotation also causes compromises 
for experimental design; for example, the forces induced by rota-
tion of the sample would not permit observation of a moving fluid 
flow without altering the process being observed.

Another motivating factor for the development of high-
speed laboratory-based systems for dynamic experiments is 
the long wait times and competition for beam time at synchro-
trons. To address this problem, the Compact Light Source from 
Lyncean Technologies has been developed (Bech et al. 2009). 
This promises to bring synchrotron imaging capabilities, includ-
ing potential for high-speed dynamic tomography, to smaller 
scale facilities.

43.2.5  Systems with Multiple Simultaneously 
Operating Source

Essentially, three fundamental approaches have emerged to solve 
the problem of building a fast CT scanner with no moving parts; 
the first of these is to use multiple static sources simultaneously. 
A pioneering example is from the Bergen group (Johansen et al. 
1996, Maad et al. 2010), who developed a system using five sta-
tionary Am-241 gamma ray sources, each opposite a block of 
17 detector elements (Figure 43.1). This images a single plane at 
up to 100 frames per second, but with only five projections has 
limited spatial resolution. Nevertheless, it proved effective for 
in situ  imaging of multi-phase flow in pipes. A similar acquisi-
tion scheme is described theoretically, from the point of view of 
reconstruction algorithms, in Niemi et al. (2015).

For fast three-dimensional scanning of baggage in aviation 
security, several systems employing multiple, continuously 
 operating sources exist. Examples include the L-3 MV3D (Foland 
2012), which uses a handful of sources (though the exact number 
is not given) positioned around the baggage tunnel, and multiple 
detectors arranged in a skew geometry to obtain projections from 
an increased range of angles as objects pass through the scanner. 
The ScanTech SENTINEL III (Champley et al. 2016) employs 
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four sources paired with four linear arrays of dual-energy detec-
tors, to measure projections in four separate planes through the 
object. Similar systems from other manufacturers exist, though 
technical details are not available.

43.2.6 Swept Electron Beam CT Systems

The second approach to development of a CT system with no 
moving parts is to arrange for one or more electron guns to sweep 
across different targets, producing what is effectively an elec-
tronically moveable source with no mechanically moving com-
ponents. In fast medical CT, a technique known as electron beam 
tomography (EBT) uses a swept electron beam over a tungsten 
target, in a 210 degree arc of a circle, to produce a fast two-dimen-
sional cross sectional image (Figure 43.2). Originally introduced 
by Haimson (1979), and subsequently developed by Boyd and 
Imatron Inc. (Boyd and Lipton (1983), Boyd et al. 1987), medi-
cal EBT systems are commercially available, although not in 
widespread use. Such systems have frame rates up to 30 fps (Hill 

2005) and are able to image multiple slices using multiple tar-
get rings. There is evidence that the Imatron scanners have been 
investigated for use in security applications; see, for example, 
Vargas and La Riviere (2014).

The Dresden group (Hampel et al. 2005, Fischer et al. 2008) 
developed a system similar to EBT for fast imaging of flows in 
the laboratory (Figure 43.3). Like medical EBT systems, it scans 
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the electron beam over a target with an arc of around 280 degrees. 
The  system is designed to image a single planar cross-section of 
the contents of a pipe but the detector array is a circular arrange-
ment of 240 cadmium zinc telluride (CZT) detectors of diameter 
135 mm, offset from the target by 5 mm. It therefore produces 
only an approximate fan-beam scan of the cross-section, but can 
do so at 1000 frames per second. The groups more recent work 
(Stürzel et al. 2011, Zhang et al. 2013) reports frame rates up to 
8000 per second.

43.2.7 Switched-Source CT Systems

The third approach is to use multiple, static sources combined with 
multiple detectors and sequentially switch the sources electroni-
cally. Hori et al. (1996) and Misawa et al. (2003) developed sys-
tems with multiple X-ray tubes which are switched sequentially. 
A more advanced example of such a system was also developed 
by Rapiscan Systems, known as Real-Time Tomography (RTT) 
(Morton et al. 1999, 2010), and comprises an approximately 
circular array of X-ray sources with a corresponding approxi-
mately cylindrical array of X-ray detectors. As in the Dresden 
EBT system, the plane containing the X-ray sources is offset 
from the outer plane of X-ray detectors to avoid the primary beam 
 irradiating the back of the detector array. The X-ray sources com-
prise an array of electron guns, each independently controlled by 
an  electronic switching circuit that can be pulsed in microsecond 

time-scales. As in other systems, the electron beam from a source 
is accelerated through a high potential difference and strikes a 
tungsten-coated anode to produce X-rays. This single anode is 
arranged in a circular pattern such that each electron gun irradi-
ates a different region of the anode, resulting in an effective X-ray 
focus when viewed from the detectors, with a typical spot size of 
around 1 mm. The control electronics are programmable provid-
ing flexibility in the excitation pattern. Frame rates of up to 480 
per second are possible with current technology.

The original RTT system, known as RTT20, has a 20 cm 
bore, an incomplete ring of sources, and a complete single ring 
of detectors, and was designed originally for imaging flows in 
pipes (Thompson et al. 2015). The geometry is shown in Figure 
43.4. As the need for fast baggage security screening systems 
was apparent, this was developed into a prototype baggage scan-
ning system with the addition of a conveyor belt. Subsequent 
production baggage screening systems were developed, known 
as the RTT80 and RTT110 (Figure 43.5), with 80 and 110 cm 
diameter bores respectively (Figure 43.5). These systems have 
a complete polygonal-cylinder of multi-row detectors and are 
capable of fast three-dimensional scanning of baggage travel-
ling on a conveyor belt at 0.5 m/s. The RTT110 systems are now 
widely deployed in airports worldwide and a system is installed 
in the Henry Moseley X-ray Imaging facility at the University 
of Manchester for  experimental scientific and engineering 
 applications (Warnett et al. 2016).
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43.3  Reconstruction Algorithms 
for Fast Dynamic CT

43.3.1 Analytical Algorithms

To acquire dynamic data, a CT system is generally operated con-
tinuously, with the cycle of data acquisition repeated so that each 
complete set of projections is considered as a time frame. For high-
speed CT systems such as EBT or switched-source systems, the 
imaged region is typically a two-dimensional slice, or small set of 
slices, so for reconstruction of single time frames, this amounts to 
simple inversion of the two-dimensional fan-beam Radon trans-
form. Analytical algorithms for this inversion are well-known (Kak 
and Slaney 1988) (see also Section III, Chapter 33).

Analytical reconstruction of independent time frames works 
well when the change in the object is relatively slow compared 
with the frame rate, but as in all fast tomography systems, some 
new ideas are needed when the system being observed is chang-
ing on a similar time scale to the frame rate. In such cases, the 
data from each projection of the frame will be the Radon trans-
form of a different function (image). Typically, the data will be 
inconsistent (not in the range of the Radon transform). Different 
reconstruction algorithms will behave differently with inconsis-
tent data but the result will be what is typically observed as a 
motion artifact, and not what we might hope for, such as a time 
average image.

Traditional fan-beam geometry reconstruction involves ana-
lytical algorithms in the family of filtered back projection (FBP) 
methods. These methods typically involve the application of a 
one-dimensional spatial filter to each projection combined at 
each image pixel by back projection, that is, application of the 
adjoint Radon transform. The advantage of such methods is that 
they can be implemented to run very efficiently, easily capable 
of  delivering real time reconstruction on modern computer 
 hardware. A limitation of such methods for static tomography 
problems is that they work best with uniformly sampled data 
in the projection and detector coordinates, as this allows filters 
to be applied efficiently using fast Fourier transforms. Indeed, 
practically, they tend to require more data than is theoretically 
required for a given resolution. Their behavior on inconsis-
tent data is not well understood but is observed to be poor, and 
when we have missing data, it is difficult to incorporate a priori 
assumptions about the image to compensate for that.

43.3.2  Dynamic Reconstruction Using 
Spatio-Temporal Regularization

In contrast to the analytical reconstruction algorithms, matrix 
based (algebraic iterative) and optimization based (statistical itera-
tive) methods involve a discrete sampling approach, without the 
underlying assumption of a continuum of data inherent in ana-
lytic reconstruction methods (see also Section III, Chapter 34). 
The basic approach is to define the image (later the time series of 
images) to be a vector x of pixel or voxel values and the data corre-
sponding to each source– detector pair we measure as vector b. We 
then define a matrix A which encodes the intersection of the beam 
of X-rays between the source and detector with the image pixel or 
voxel. Simplistically, we wish to solve the linear system Ax = b. 
This will typically be a large, sparse linear system and so iterative 
rather than direct methods of numerical linear algebra are used.

One approach that has evolved in CT is to use a slowly con-
verging but simple iterative scheme, such as the Landweber or 
Kaczmarz method, and terminate the iteration sequence before 
(semi-)convergence. As expected, in most inverse problems, the 
linear system is ill conditioned (Hansen 2007) and so, if the sys-
tem is solved exactly, the solution will vary dramatically with 
errors in the data. Moreover, when the number of degrees of 
freedom in the image is smaller than the number of measure-
ments, the system will be inconsistent in the presence of mea-
surement and modeling errors. The Kaczmarz algorithm, which 
was reinvented as Algebraic Reconstruction Technique (ART) in 
CT, does not converge for an over determined system (inconsis-
tent). Other methods such as Landweber’s method or conjugate 

FIGURE 43.5 Top: the Rapiscan RTT110 fast baggage scanner. The bags 
pass through the tunnel on a conveyor belt through lead curtains and the 
X-ray source and detector assembly is in the mid section. Bottom: a bass 
guitar imaged in the RTT using the algorithm in Betcke (2013a,b).
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gradient least squares (CGLS) converge to the least squares solu-
tion, but will still only be semi-convergent for ill conditioned 
systems (so the iteration eventually diverges). Even for static 
problems, the traditional approach of terminating the iteration 
sequence using some fixed criterion has the difficulty that the 
solution obtained is dependent on the algorithm used, and it is 
not clear what a priori assumptions about the image would lead 
to that solution.

A standard approach to overcome ill conditioning in inverse 
problems is to replace the least squares approach of minimizing

 || − ||Ax b 2 .  (43.1)

by instead minimizing

 || − || + || ||Ax b Lx2 2 2α ,  (43.2)

where L is the identity matrix or a matrix encoding a difference 
operator on neighboring pixels and α is a regularization  factor 
which determines the trade-off between fitting the data and over 
fitting the data due to errors and instability. Using a finite dif-
ference matrix for L encodes the constraint that in a reasonable 

solution the gray values of neighboring pixels (or voxels in 3D) 
would not differ by too much. Given an algorithm that gives the 
least squares solution efficiently for large sparse systems such as 
CGLS, we can apply the same algorithm to the augmented system
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and the least squares solution is the minimizer of Equation 43.2. 
We now extend this idea to time series of images. Take x now 
to be the vector of time series of images, each successive block 
being an image frame. Similarly, b will be the time series of 
data, each block being a frame of data. If the measurements were 
acquired with sufficient speed that each frame could be consid-
ered instantaneous, we would have nothing to do, but instead, we 
have to consider that each projection of the frame was taken at a 
different instant. A sophisticated approach to this that produces 
the optimal image at each stage with the data available, as well 
as updating the temporal correlations, would be to do Kalman fil-
tering as Vauhkonen et al. (1998) did for impedance tomography.

A simpler approach, feasible for small datasets as given by 
switched source systems such as the Rapiscan RTT20 (Thompson 

(a)

FBP

CGLS, αt = 0 CGLS, αt = 0

CGLS, αt = 10 CGLS, αt = 50

FBP

(b)

(c) (d)

(e) (f )

FIGURE 43.6 Reconstructed images of a single frame from the oil and water data. Figures (a), (c), (e) used 245 projections while (b), (d), (f) used 49 projec-
tions. (a and b) standard filtered back projection, (c and d) not temporal regularization, (e and f) with temporal regularization.
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et  al. 2012a), with  relatively short runs of data, is to solve the 
larger system where the new A matrix is the block diagonal matrix 
which is the Kronecker product of the p by p identity matrix I ⊗ A, 
where p is the number of frames. We then construct the new regu-
larization matrix to encode not just correlations between nearby 
pixels but also  subsequent values of the same pixel, with differ-
ent  regularization parameters for space and time (see Thompson 
2015). Using a dataset collected with the conventional firing order 
of a vessel containing oil, water, and air sloshing as it moved 
backwards and forwards on the conveyor belt, the authors were 
able to show (Thompson 2015) that, with this space–time regu-
larization, it is possible to cut the number of projections required 
 dramatically and still resolve the oil, water, and air interfaces in 
the animated time series of images. Results shown in Figure 43.6 
show the effect of the temporal regularization coefficient when the 
number of projections is cut from 245 to 49, while missing data 
artifacts appear without it.

43.3.3 Fast Three-Dimensional Scanning

Flow visualization and analysis, and numerous other dynamic 
imaging problems, require at least some three-dimensional capa-
bility. If a flow is approximately translationally invariant, a time 
series of two-dimensional cross-sections is useful and informa-
tive, but in more complex flows, this is not the case. A possibility 
would be the extension of electron beam systems to a full circular 
scan with multi-row detectors. However, a single static electron 
gun cannot scan a full circular target, so more than one is needed. 
Such a design would also allow for a helical scan geometry if the 
sample or the apparatus were translated parallel to the rotation 
axis. It would still however suffer from the limitation that the 
detector array needs to be offset axially from the X-ray sources.

Switched source systems, such as the larger Rapiscan RTT 
 systems, may more easily be equipped with several detector rings, 
allowing the possibility of dynamic scanning of multiple slices. 
Fast three-dimensional volumetric scanning of static objects, 
such as baggage in security applications, is achieved by translat-
ing the object through the scanner on a conveyor belt. Effectively, 
the temporal dimension is traded for volumetric (z) information 
in this mode of operation. Although the offset source–detector 
geometry results in incomplete sampling of the Fourier space, 
the multiple detector rings allow a sufficient amount of data to 
be collected for three-dimensional volumes to be reconstructed 
with only minor artifact levels.

43.3.4  Firing Order and Sampling in 
Fast Tomography Systems

Switched source and electron beam systems free us from the 
necessity to fire our sources sequentially, as we would in a con-
ventional system if we were to acquire a frame quickly. With a 
switched source system, it is natural to think of a complete set of 
projections as equivalent to a full revolution of a moving source 
system, but sources may be fired in almost any order we choose, 
subject to limits on the temperature and heat dissipation of the 
target anode. This effectively gives us almost complete freedom 
to choose our next firing, and in future systems, we expect that 
the sequence might be computed adaptively on the fly in the light 
of the reconstructed image so far using ideas from optimal design 

of experiments in statistics. A more modest goal is to find a fixed 
firing sequence that gives the best time series of  reconstructed 
images in typical situations (Thompson et al. 2012b).

For a general switched source system with N sources, we 
define a firing order as a function Φ from and to the set of inte-
gers 1, …, N so that at the ith step of the firing cycle source Φ(i) 
fires. To use all sources within a cycle, this function would be a 
bijection. Sequential firing is, as expected, a bad choice—intui-
tively, we need projections from as diverse as possible a set of 
angles before the sample changes too much, so we clearly need 
a spread of angles.

In neutron tomography of dynamic processes, where the choice 
of projection angle is effectively continuous, Kaestner et  al., 
using theoretical results by Kohler (2004), choose successive 
 projections based on the golden ratio using iπ π( )/ mod1 5 2+  
radians as the ith projection angle. Thompson et al. (2012c, 2015) 
showed that the closest approximation to this available within 
the geometry of a switched source system, the optimal firing 
order combined with spatio-temporal regularization, resulted in 
improved dynamic images for the same number of projections. 
For three-dimensional volumetric reconstruction of static objects 
in a multi-row system such as the Rapiscan RTT80, there is also 
a need for an optimal firing order. Following the development of 
multiple head rotating gantry systems, it is natural to consider 
multi-threaded helices. For example, if there were 4N sources, we 
might adopt a firing sequence 1, N + 1, 2N + 1, 3N + 1, 2, N + 2, 
… corresponding to approximately a four-threaded  helical trajec-
tory for a sample that was translated parallel to the  rotation axis. 
There are explicit analytic reconstruction  algorithms for multi-
threaded helices; however, these are not applicable in the case of a 
system with offset source–detector geometry such as the RTT80.

If we are to use general algebraic reconstruction methods, 
we have complete freedom in our firing order, and experience 
with the two-dimensional case suggests that there might be an 
 optimal number of helical threads or that a non-helical source 
firing order might be appropriate.

Thompson (2011) showed that, for switched source systems, 
the continuum notion of a firing order was no longer relevant. 
Instead, he considered source firings as points on a cylinder 
corresponding to the source angle and the translation of the 
object (in the case of the RTT along the conveyor belt). He rea-
soned that the optimal source firing order was one that gave the 
most uniform sampling of points on that cylinder, as close as 
 possible to a regular hexagonal lattice. An alternative criterion 
for  optimality was to make the coverage of ray directions in each 
pixel as  uniform as possible, and that gave rise to the same firing 
sequence, see Figure 43.7.

Lattice sampling methods have since been extended to single 
source systems (Thompson 2011, 2016) to make best use of the 
X-ray dose in a given time.

For systems in which a helical trajectory is used, explicit 
reconstruction methods such as Katsevich have been used for 
relatively fast reconstruction of data from rock core samples 
(Katsevich et al. 2015), and extension to multi-threaded helices 
is  possible (Zhao et al. 2009). For offset cone beam systems with 
truncated data, rapid reconstruction can be performed using 
multi-sheet surface  rebinning (Betcke and Lionheart 2013a,b).

For detection of objects with relatively smooth and distinct 
boundaries, a lower dimensional parametrization of those 
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boundaries than is afforded by a voxel image is attractive. Niemi 
(2015) have pioneered this for fast tomography.

43.4 Conclusions

Developments of fast CT systems are likely to continue along these 
lines with a highly flexible source firing sequence. Increasingly 
fast iterative computational methods will permit reconstruction 
of high-resolution time series of data. As the needs of users, espe-
cially in in situ process monitoring and non-destructive  testing 
in industry, and in the study of dynamic processes in laboratory 
research progress systemsbecome more clearly understood data 
collection strategies and reconstruction algorithms will become 
more closely adapted to their needs. We expect increasingly statis-
tical methods will be used in design of firing patterns, in dynamic 
reconstruction of time series of images, and in uncertainty quan-
tification in the parameters of the system under investigation.
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44
Kilovoltage and Megavoltage Imaging in Radiotherapy

You Zhang and Jing Wang

44.1 Image Guidance in Radiotherapy

Cancer is the second-most lethal human disease following heart 
disease. In the United States, one in every four deaths is due to 
cancer.1 Currently, the three primary cancer treatment techniques 
are surgery, chemotherapy and radiotherapy. Radiotherapy is a 
non-invasive treatment technique that uses ionization-induced 
damage to kill tumors. Approximately 50% of cancer patients 
will receive radiotherapy during their treatment courses.

Radiotherapy treats cancer through irradiating customized 
radiation beams from different directions, generating a tumori-
cidal ionization field that conforms to the tumor and spares sur-
rounding normal tissues.2 Before the radiotherapy treatment, 
images are acquired of the patient to allow tumor and normal 
tissue contouring and treatment planning. On the treatment 
day, the patients are set up on the treatment couch according to 
the treatment plan, so that the radiation beams will target the 
tumors as planned. However, uncertainties such as setup errors, 
patient motion and anatomical variations from plan to treatment 
can cause the radiation beams to miss the tumor, under-dosing 
the tumor and over-dosing the surrounding normal tissues. 
Advanced radiotherapy treatment techniques, such as intensity-
modulated radiotherapy (IMRT)3 and volumetric modulated 
arc therapy (VMAT),4 produce highly conformal radiation fields 
to cover the tumor and steep dose gradients outside the tumor to 
spare the adjacent normal tissues. The high conformity of these 
 treatments renders them more susceptible to treatment errors 
caused by patient misalignments on the treatment couch.

The above needs and issues in radiotherapy promote the devel-
opment of many X-ray based imaging techniques. In general, 

imaging techniques are mainly developed for two major pur-
poses: (1) Acquiring patient anatomical information for tumor 
contouring, normal tissue contouring, and treatment planning. 
The corresponding images also provide references for patient 
setup and verification during daily treatments. The images for 
this purpose are usually acquired through computed tomogra-
phy (CT) machines designed specifically for radiotherapy (“CT 
simulator”) (for an introduction to CT for diagnosis, see Section 
III, Chapter 32). (2) Acquiring images when patients are lying on 
the treatment couch (referred as “on-board” hereafter) to perform 
pre-treatment setup correction, during-treatment tumor monitor-
ing or after-treatment setup verification. Many X-ray based imag-
ing techniques have been developed for this purpose, including 
the megavoltage (MV) X-ray based planar imaging,5 kilovoltage 
(kV) X-ray based planar imaging,6 kV or MV X-ray based fan-
beam CT imaging,7,8 and kV or MV X-ray based cone beam CT 
imaging.9–11 (for kV cone beam CT, see Section III, Chapter 35). 
Other X-ray based imaging techniques, including the kV or MV 
digital tomosynthesis imaging,12–15 have also been proposed and 
currently under development.

The use of X-ray imaging in radiotherapy has greatly improved 
the accuracy of treatment planning, tumor localization and on-
board delivery. The application of imaging for planning and  target 
localization in radiotherapy is generally referred to as “image 
guided radiation therapy” (IGRT).16 The safety margin added to 
compensate for uncertainties in tumor localization has been greatly 
reduced17 with the advent of IGRT. The  normal  tissues correspond-
ingly receive less treatment dose to better  preserve their functional-
ity. Below different imaging systems used in IGRT are introduced 
with corresponding specifications and images.
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44.2  X-ray Based Imaging Systems in 
Radiotherapy: CT Simulator

CT simulator is nowadays a closely integrated component of 
the radiotherapy departments (Figure 44.1). Most radiotherapy 
patients will be scanned on a CT simulator to obtain volumetric 
images for treatment planning and simulation.18

In general, CT simulator is very similar to traditional diagnos-
tic CT machines used in radiology, although with three distinct 
differences:

 1. The CT simulator is equipped with a table of flat sur-
face, in contrast to the diagnostic CT tables of curved 
surfaces. The CT simulator tables are made flat to 
match the couches used on treatment machines.

 2. The CT simulator usually comes with a larger aperture 
size (at least 70 cm) than diagnostic CT. It is due to 
the fact that radiotherapy patients are commonly posi-
tioned in an immobilization device during the scanning 
(Figure 44.2). The immobilization device is used to 
reproduce the patient positioning between simulation 
and different treatment fractions, and to preserve the 
patient positioning during the treatments.

 3. The CT simulator is also equipped with a laser posi-
tioning system (Figure 44.3). The lasers are located on 
both sides of the CT table and also on the ceiling of 
the room. The side lasers can move along the anterior-
posterior direction of the patient, and the ceiling laser 
can move along the lateral direction. Combined with 
couch motion along the longitudinal direction, they can 
localize the patient CT isocenter in 3D. The lasers usu-
ally work in conjunction with external markers placed 
on the patients/immobilization devices to mark the CT 
isocenter. The laser arrangement also matches that in 
the radiotherapy rooms to enable patient setup at the 
same position. Note that the lasers in the radiotherapy 
rooms are fixed and serves only for on-board alignment 
purpose.

The CT simulator uses kV X-ray beams of peak energy around 
80–130 kV19 in either axial mode or spiral/helical mode. The 
effective FOV of the CT simulator is around 50–60 cm in the 

axial view. The resolution of an axial-view CT slice is around 
1 mm × 1 mm within the slice, and the spacing between slices 
ranges from 1–5 mm. The number of slices acquired depends on 
the patient size, the treatment site and the slice thickness, which 
usually ranges from 80 to 200.

The acquired CT images from the CT simulator are used 
to contour the tumor target and the critical normal structures 
(Figure  44.4b). Corresponding treatment planning and dose 
 calculation are also based on the same CT image (Figure 44.4c), 
since the CT Hounsfield number (HU) is correlated with the 
 electron densities of materials. The knowledge of electron 
 density distribution within the body volume is important for 
accurate dose calculation as it enables inhomogeneity correction, 
 especially for sites like lung. Some methods use mass density to 
calculate dose, which however is shown less accurate than the 
electron density-based approach.20

In addition to treatment planning and dose calculation, the CT 
images are also used to generate simulation reference images to 
guide on-board patient setup and target localization. The ref-
erence images include the digitally reconstructed radiographs 
(DRRs) to match with on-board 2D planar images, and the CT 
image itself to match with on-board 3D volumetric images. Prior 
to the advent of CT simulator, these simulation images were usu-
ally acquired using either a film or the electronic imaging device 

(a) (b)

FIGURE 44.1 CT simulators used in radiotherapy departments. (a) CT simulator provided by General Electric (General Electric Medical Systems, 
Milwaukee, Wisconsin). (b) CT simulator provided by Philips (Philips Medical Systems, Detroit, Michigan). (Images courtesy of Yang Sheng at Duke 
University Medical Center, USA.)

FIGURE 44.2 Setup image of a patient under CT simulation. The patient 
is placed in an immobilization device.
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from a simulator. Using the planning CT images directly helps 
to avoid additional imaging dose and remove extra positioning 
errors from a separate simulation process.

44.3  X-ray Based Imaging Systems in 
Radiotherapy: On-Board Imaging

On-board imaging is a process that involves the acquisition of 
on-board 2D or 3D images, and the comparison/registration 
between the acquired on-board images and the reference images 
generated from the planning CT. Since the radiotherapy plans 
are designed on the planning CT images, on-board imaging is 
essentially a process that aims to reproduce the same planning 
setup/position for the patient on the treatment couch, so that the 
radiation beams will target the tumor as planned. The on-board 
imaging techniques can be categorized as those applied prior to 
or after each treatment (inter-treatment verification), and those 
used during the treatment to monitor the tumor motion on the 
fly (intra-treatment verification). Different imaging systems have 
been developed and implemented on different radiotherapy sys-
tems, including common L-shaped linear accelerators (LINACs) 

developed by Varian (Varian Medical Systems, Palo Alto, CA) 
and Elekta (Elekta, Inc., Crawley, UK), and more specialized 
systems provided by Accuray (Accuray, Inc., Sunnyvale, CA), 
including the Cyberknife and the Tomotherapy machines. There 
are also stand-alone imaging systems provided by other vendors 
which could be fully integrated into the radiotherapy treatment 
room, including the ExacTrac kV imaging system provided by 
BrainLAB (BrainLAB AG, Heimstetten, Germany) and the kV 
C-arm imaging system provided by General Electric.

44.3.1  X-ray Based Imaging Systems in Radiotherapy: 
EPID-Based MV Imaging Systems

The electronic portal imaging device (EPID) was developed as 
a replacement of non-digital portal films for patient setup and 
verification.21 It has become a mainstream component in current 
L-shaped LINAC systems. The EPID system allows both inter-
fractional imaging for patient setup and intra-fractional imaging 
for continuous monitoring of the target. When applied for intra-
fractional imaging, it enjoys the unique benefit of directly using 
the exit fluence of the treatment beam to visualize the tumor 
in real-time, which is well suited for the treatment accuracy 

(a) (b) (c)

FIGURE 44.3 The side and ceiling lasers used in the CT simulator room for localization and patient marking. (a) One of the two side lasers. (b) Ceiling 
laser. (c) Lasers intersect on the patient with corresponding markers drawn for future patient setup.

(a) (b) (c)

FIGURE 44.4 (a) An axial slice cut of the CT image for a head and neck cancer patient. (b) Same CT slice of (a) superimposed with the contoured tumors 
and normal tissue structures. (c) Same CT slice of (b) superimposed with the isodose lines of the treatment plan.
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 monitoring purpose. The approach usually does not introduce 
additional imaging dose to the patients, since the treatment beam 
is directly used for imaging.

The EPID systems are commonly mounted on the treatment 
gantry along the beamline, opposite to the treatment source 
(Figures 44.5a and 44.6a). They can rotate around the patient 
for a 360° circle and enable imaging at arbitrary angles. The 
treatment source of the gantry head is also used as the imaging 
source. Commonly the lowest available treatment energy (typi-
cally 6 MV) is used for imaging, which provides better contrast, 
sharper bony structures and less imaging dose than higher energy 
MV beams. Recent technology developments further enable MV 
imaging with a lower energy than treatment beams, including the 
2.5 MV energy option provided by Varian TrueBeam/VitalBeam 
machines.22 The EPID detectors were initially developed as 
matrix liquid ionization chambers or phosphor screen/camera-
based systems.21 Nowadays the commonly used EPID systems 
are based on indirect photon detection.23 The MV photons exit-
ing the patient and hitting the EPID detectors are filtered by a 
metal shield to remove low energy scatter photons and converted 
into secondary electrons. The electrons are converted further by 
a middle scintillation layer to low energy optical photons. The 
optical photons are then detected by an underneath photodiode/
thin-film transistor array layer (active matrix flat panel imager, 
AMFPI) for pixelated readout.

The EPID source to detector distance can be adjusted for Varian 
machines and is usually set at 150 cm for imaging purpose. The 
EPID detector for a Varian TrueBeam machine is 40 cm × 30 cm 
in dimension, with each pixel measuring 0.392 mm × 0.392 mm 
(1024 × 768 pixels). The EPID source to detector distance for 
an Elekta Synergy machine is fixed at 160 cm. The correspond-
ing EPID detector is 41 cm×41 cm in dimension, with each 
pixel measuring 0.4 mm × 0.4 mm (1024 × 1024 pixels). A MV 
image is usually acquired by integrating over several acquisi-
tion frames, of which the exposure can be defined using the total 
monitor units (MUs), which are commonly used in radiotherapy 
to track radiation dose. Acquiring a typical MV image usually 
needs 1–5 MUs.24

For pre-treatment patient setup, the radiation therapists 
 usually acquire two orthogonal MV portal images from anterior- 
posterior and lateral directions. They are registered to the DRRs 
projected at the same angles from the planning CT for 3D  target 
 localization (Figures 44.7 and 44.8). The bony structures are 
 usually used as landmarks for registration as the soft-tissue 
 contrast is usually too low to enable accurate localization.

In addition to inter-fractional imaging, EPID also enables 
intra-fractional imaging during actual beam delivery. As shown 
in Figure 44.9, EPID imaging was turned on during treatment 
delivery to acquire MV “cine” fluoroscopy from the treatment 
beam’s eye view (BEV). In Figure 44.9, the target in the phantom 

MV imaging
source

(a) (b) (c)
MV imaging source

EPID

EPID

FIGURE 44.5 Varian VitalBeam LINAC machine with the MV X-ray EPID imaging system. (a) Overall configuration of the VitalBeam system. The 
EPID component is highlighted. (b) Gantry treatment head serves both as the treatment beam source and the imaging beam source. (c) EPID detector with 
the cover removed.

EPID

EPIDMV imaging sourceMV imaging
source

(a) (b) (c)

FIGURE 44.6 Elekta Synergy LINAC machine with the MV X-ray EPID imaging system. (a) Overall configuration of the Elekta Synergy system. 
The EPID component is highlighted. (b) Gantry treatment head serves both as the treatment beam source and the imaging beam source. (c) EPID detector.
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was programmed to move along the superior-inferior direction 
to mimic respiration-induced lung tumor motion. The EPID 
acquired fluoroscopy images at different time points to capture 
the motion trajectory of the target. Advanced radiotherapy tech-
niques like respiratory-gated therapy can utilize these portal 
images to determine whether or not the target has moved out 
of the treatment field. The beam would be turned off when the 

target moves out of the radiation field to avoid treating the nor-
mal tissues, and turned back on once the tumor moves back into 
the radiation field again during a respiratory cycle.

Since the gantry-mounted EPID systems can rotate around the 
patient for a 360° circle, there are also studies investigating the 
feasibility of using EPID to obtain 3D volumetric MV CBCT 
images.25,26 Siemens (Siemens, Concord, CA) has commercialized 

DRR-Lat

MV portal-Lat MV portal-AP

DRR-AP

FIGURE 44.7 Comparison between DRRs projected from the planning CT volume and EPID-acquired portal images for pre-treatment setup of a breast 
patient. The first row shows the DRRs at the lateral and anterior-posterior views. The second row shows the corresponding MV portal images acquired at 
the same angles. The portal images were acquired from an Elekta Synergy LINAC system.

DRR MV portal

FIGURE 44.8 Comparison between the DRR projected from the planning CT volume and the EPID-acquired portal image for pre-treatment setup of a 
brain patient. The portal image was acquired from a Varian TrueBeam LINAC system.

Portal image-open field Portal image-BEV 1 Portal image-BEV 2 Portal image-BEV 3

FIGURE 44.9 Illustration of EPID-acquired intra-treatment portal images. The image on the left shows the portal image acquired for an anthropomorphic 
lung phantom with the open MV field. The next three shows BEV portal images acquired using the exit fluence of a treatment beam. The spherical target 
moves during the beam delivery, the trajectory of which can be clearly visualized through the three BEV portals. The signals around the field edge in the 
BEV portals are due to the leakage of the collimators.
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the MV CBCT in their Artiste LINAC machines. The corre-
sponding MV CBCT features a maximum field of view (FOV) 
of 40 cm in the axial plane and spans 27.4 cm longitudinally.27 
In addition to being less susceptible to artifacts caused by high-
z materials, the MV CBCT also directly offers the attenuation 
coefficients for therapy dose calculation. The need of extrapo-
lating the attenuation coefficients from kV range to MV range 
for dosimetric correction is thus eliminated.28 The MV CBCT 
can induce much higher imaging dose (3–10 cGy) than the kV 
CBCT (0.1–3.5 cGy),27 which however can be accounted for dur-
ing the treatment planning process.29 Since Siemens has ceased 
their production of LINACs and MV CBCT has not been offered 
clinically by other vendors, this chapter will not get into more 
details of MV CBCT imaging. Interested readers may refer to 
other references on this topic.26,27,29–31

Compared with kV imaging, MV imaging is less affected 
by the high-z materials inside body, such as the hip prosthesis. 
Its quality is also less affected by patients with large body sepa-
rations (Figure 44.10).

In general, the contrast between bones and soft tissues becomes 
smaller with increased beam energy. X-ray beams at the kV 
energy range encounter more photoelectric interactions, which 
leads to better image contrasts with sharper bony structures 
in most of the cases (not including the 40 cm separation case 

shown in Figure 44.10, which occurs rarely). The kV imaging 
dose is also less than that of MV imaging. Due to these relative 
 advantages, kV X-ray based imaging has also been incorporated 
into the LINAC system as alternative techniques.

44.3.2  X-ray Based Imaging Systems in Radiotherapy: 
XVI and OBI kV Imaging Systems

The prototype of the first gantry mounted kV imaging system was 
built by Jaffray et al.9 It has since gained much popularity and 
becomes a standard component for most new LINAC products 
nowadays. The two major vendors in the radiotherapy market, 
Varian and Elekta, both provide the gantry-mounted kV imag-
ing solutions. The kV imaging components of Elekta machines, 
such as Synergy and Versa HD, are named X-ray volume imag-
ing (XVI) systems. The XVI system is mounted on the gantry 
and orthogonal to the treatment beamline (Figure 44.11).

The XVI system is composed of an imaging source in the kV 
energy range, and an amorphous silicon photodiodes-based flat-
panel detector. The source to isocenter distance is 100 cm and 
the source to detector distance is 155 cm. The 41 cm × 41 cm 
XVI detector acquires projections of 1024 × 1024 pixels, with 
each pixel measuring 0.4 mm × 0.4 mm in dimension. The 
effective FOV of the XVI system is around 27 cm in diameter 
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FIGURE 44.10 Comparison between images of a pelvic phantom acquired with MV or kV beams under different phantom separations. The phantom 
 separation is changed through adding solid water slabs on both sides of the pelvic phantom. The first row shows images of the phantom with a 30 cm 
 separation and the second row shows images of the phantom with a 40 cm separation. (a–e) Different columns show the images acquired by X-ray beams 
of various energies and intensities. The kV image shows the best contrast for the 30 cm separation. For the 40 cm separation, the kV beam has been greatly 
attenuated and scattered, which substantially lowered the contrast-to-noise ratio of the image. (Reprinted from Song, K.H., et al. 2016. Journal of Applied 
Clinical Medical Physics/American College of Medical Physics 17:6247.)

kV imaging
source

Detector

(a) (b) (c)

FIGURE 44.11 Elekta Synergy treatment machine with the kV XVI system. (a) Overall configuration of the Elekta Synergy system. The XVI system is 
highlighted, which is perpendicular to the treatment beamline. (b) kV source of the XVI system. (c) kV detector of the XVI system.
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in the axial view and around 25 cm in length, for the full-fan 
acquisition mode. The FOV in the axial view can be effectively 
extended through applying a lateral shift to the XVI detector so 
that the beam will cover half of a larger region for the 180° rota-
tion and another half of the larger region for the next 180° rota-
tion (half-fan acquisition mode, Figure 44.12).

With the detector lateral shift, the FOV can be extended to 
around 50 cm in diameter to capture large areas of interest, for 
instance the pelvis.

The kV imaging components of Varian machines, such as 
Trilogy and TrueBeam/VitalBeam, are named on-board imager 
(OBI) systems. The OBI system is similar to the XVI system 

X-ray source
Full-fan, half-fan

Bow-tic filter

Chest
Abdomen

Pelvis
Head XCAT phantom

DetectorDetector

FIGURE 44.12 Illustration of the full-fan (left) and the half-fan (right) modes. (Reprinted from Son, K., et al. 2014. Journal of Applied Clinical Medical 
Physics/American College of Medical Physics 15:4556.)

kV imaging
source Detector

(a) (b)

(c) (d)

FIGURE 44.13 Varian VitalBeam treatment machine with the kV OBI system. (a) Overall configuration of the Varian VitalBeam system. The OBI system 
is highlighted, which is perpendicular to the treatment beamline. (b) kV source of the OBI system. (c) kV detector of the OBI system. (d) kV detector of the 
OBI system, with the cover removed.
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and also mounted on the gantry, perpendicular to the beamline 
(Figure 44.13).

For OBI systems, the source to isocenter distance is 100 cm and 
the source to detector distance is 150 cm. The 40 cm×30 cm OBI 
detector acquires projections of 1024 (lateral) × 768 (longitudi-
nal) pixels, with each pixel measuring 0.388 mm × 0.388 mm in 
dimension. The effective FOV of the OBI system in the axial 
view is around 25 cm in diameter for full-fan scans and can be 
extended to around 45 cm for half-fan scans. The longitudinal 
coverage is ∼19 cm.

The beam energy, the beam current and the exposure time of 
both XVI and OBI systems are tunable. Commonly used beam 
energy ranges from 100-140 kVp depending on the imaging site. 
The beam current and exposure time also depend on the imaging 
site. Usually the pelvis site requires the highest energy and the 
largest current-time product since it is thicker than other body 
sites.

There are two major advantages of the gantry-mounted orthog-
onal kV imaging system: (1) the orthogonal arrangement of the 
kV imaging system can effectively avoid the blockage from the 
gantry in the imaging beamline. (2) The kV and MV beams are 
assumed to share the same isocenter. The imaging isocenter 
matches the treatment isocenter (though routine calibration and 
quality assurance are needed).

Both XVI and OBI systems have the capacity to perform 
2D planar imaging and 3D cone beam CT imaging. For 2D kV 
imaging-based localization, a pair of planar projections is usu-
ally acquired at orthogonal directions (Lateral and Anterior-
Posterior) to enable localization in 3D using bony anatomies, 
same as the MV portal imaging-based localization. The acquired 
projections are compared and registered with the DRRs simu-
lated from the patient planning CT volumes (Figure 44.14). The 
kV planar imaging introduces very limited radiation dose to the 
patient (∼1 mGy) and offers higher contrast of bony structures 

than MV portal images. However, the soft tissue contrasts in 2D 
kV images are still too low to enable accurate soft-tissue based 
target localization. The relative shift between the tumor and the 
bony structures may render the tumor localization less accurate.

As also shown in Figure 44.14, the soft tissue is poorly 
 visualized in the kV planar images, which is partially attrib-
uted to the “overlaying effects” from the nature of 2D imag-
ing. It   prevents accurate soft-tissue based target localizations. 
To better visualize the soft tissue to enable more accurate tumor 
 localization, 3D CBCT imaging has been used as another imag-
ing modality in addition to 2D planar imaging, which recon-
structs a 3D volumetric image that removes the overlaying 
effects from 2D imaging. CBCT imaging is enabled by using 
the XVI or the OBI systems to acquire projections continuously 
when rotating the gantry around the patient. The projections cov-
ered either a 200° scan angle (for full-fan scan) or a 360° scan 
angle (for half-fan scan), with total projection numbers ranging 
from 600 to 1000. The whole scan lasts 0.5–2 min. Note that 
the long imaging time leads to poor temporal resolution, which 
causes motion blurriness in acquired CBCT images for moving 
sites.33,34 The projections are reconstructed concurrently during 
the acquisition by the filtered back-projection based Feldkamp–
Davis–Kress (FDK) algorithm35 to 3D volumetric CBCT images. 
The acquired CBCT images can then be fused and registered 
with the planning CT images through bony structures or soft-
tissues for target localization (Figure 44.15).

Compared with the kV fan-beam based CT imaging, the 
CBCT images can be acquired with only one gantry rotation with 
a much larger longitudinal coverage. With high spatial resolu-
tion, good soft tissue visualization and 3D volumetric rendering, 
CBCT has gained great popularity nowadays and has become one 
of the “Gold Standards” in current clinical practices for patient 
setup, which can achieve accuracy at a sub-millimeter level.16 In 
addition to on-board alignment, CBCTs can potentially be used 

DRR-AP DRR-Lat

kV-AP kV-Lat

FIGURE 44.14 Simulated DRRs and acquired kV on-board planar projections for patient setup correction. The first row shows the DRRs simulated from 
the patient planning CT and the second row shows the corresponding on-board planar projections acquired from the same projection angles as the DRRs. 
The bony anatomies can be visualized well, especially in the AP view. The on-board projections were acquired from a Varian TrueBeam OBI system.



905Kilovoltage and Megavoltage Imaging in Radiotherapy

for treatment planning,36 dose calculation/accumulation, and 
adaptive radiotherapy treatment planning.37 However, the larger 
longitudinal field-of-view enabled by the cone beam geometry 
also increases the scatter component in CBCT imaging as com-
pared to fan-beam based CT imaging.38 The Hounsfield units of 

on-board CBCT images are less accurate as compared to those of 
planning CT images.39 Currently, CBCT-based treatment plan-
ning is applied to a limited number of cases that are insensitive 
to HU errors, including the 2D whole brain treatment (Figure 
44.16).

(a)

(b)

FIGURE 44.15 Planning CT and on-board CBCT images for (a) head and neck and (b) abdominal patient cases. For both (a) and (b), the first row shows 
the 3-view images of the planning CT volume; the second row shows those of the CBCT volume and the third row shows the fusion/registration between the 
CT and CBCT images for target localization. The organ structures contoured on the planning CTs can also be overlaid onto the CBCT images to facilitate 
manual registration. The CBCT images in (a) were acquired in full-fan mode on a Varian TrueBeam LINAC and those in (b) were acquired in half-fan mode 
on an Elekta Synergy LINAC.
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For more complicated treatment plans, especially those involv-
ing large inhomogeneous areas including the lung,40 simply using 
CBCT for dose calculation and treatment planning may yield 
larger errors beyond the tolerance. To reduce the scatter to obtain 
more accurate HU numbers, previous studies have developed 
hardware-based techniques to measure and remove the scatter 
component,38,41 or software-based techniques to calculate and 
remove the scatter by Monte Carlo simulation.42 There are also 
studies proposing to use deformable registration to align plan-
ning CT images to CBCT images, either directly from the 3D 
image domain43,44 or through the 2D projection domain.39 Such 
an approach generates a “virtual CT” image that preserves both 
the volumetric information of CBCT, and the accurate HU infor-
mation from the planning CT.

In addition to image quality, the CBCT imaging dose (0.1–
3.5 cGy)27 can also be much higher than the 2D planar imaging 
dose (1–3 mGy),16 which raises the concern of imaging-induced 
secondary cancers.45 There are many ongoing efforts in develop-
ing advanced iterative reconstruction techniques instead of the 
FDK technique, to enable high quality CBCT reconstruction/
estimation through using limited number of projections or pro-
jections with low exposure.46–52 Another limitation of the current 
3D CBCT imaging technique is the motion blurriness caused 
by respiratory motion, especially for tumors in the thoracic or 
abdominal regions. The respiration-correlated 4D CBCT has 
been developed as one solution, which reconstructs semi-static 
3D CBCT images at different respiratory phase bins to capture 
the tumor motion trajectory.33,53–57

In addition to 2D planar imaging and CBCT imaging, there 
are also interests to introduce digital tomosynthesis (DTS)58 into 
radiotherapy for target localization. Multiple studies have been 
conducted using DTS for target localization and achieved encour-
aging results, involving treatment sites from head and neck, pros-
tate to lung.13–15,59 DTS is a technique that resides in between the 

2D planar imaging and 3D CBCT techniques (Figure 44.17). In 
comparison to 2D radiography, DTS uses projections acquired 
from a limited scan angle to enable pseudo-3D image reconstruc-
tion with better soft-tissue visualization. In comparison to 3D 
CBCT, DTS substantially saves the imaging dose and scan time.

As shown in Figure 44.18, the DTS presents better image 
 contrast than 2D radiography, which enables higher target 
 alignment accuracy.

44.3.3  X-ray Based Imaging Systems in 
Radiotherapy: BrainLAB ExacTrac System

Although gantry-mounted kV imaging systems enable 3D local-
ization through either orthogonal pair planar imaging or CBCT 
imaging, they both require long image acquisition time. The 
acquisition of the orthogonal planar image pair requires the gan-
try rotation (90°) time from one direction to another. The CBCT 
imaging requires a gantry rotation of at least 200° for image acqui-
sition. The long imaging time renders it difficult to perform intra-
treatment verification during the beam delivery. In addition to the 
gantry-mounted imaging techniques provided by the treatment 
machine vendors, third-party vendors also offer imaging solutions. 
BrainLAB offers the 6D ExacTrac kV imaging system. ExacTrac 
functions as a stereoscopic system composed of an orthogonal pair 
of kV planar imaging sets. The stereoscopic arrangement of the 
imaging pair enables fast target localization in 3D by taking two 
orthogonal images concurrently. The ExacTrac system functions 
separately from the treatment machine, and can communicate 
with the machine to adjust the 3D shifts/3D rotations of the treat-
ment couch to correct patient positioning. The  two kV imaging 
sources of ExacTrac are recessed into the floor, with two opposing 
detectors mounted on the ceiling (Figure 44.19).

For the ExacTrac system, the source to isocenter distance is 
around 235 cm and the source to detector distance is around 
360 cm. The kV source uses energy ranges from 40 to 150 kVp, 
beam current ranges from 10 to 320 mA and exposure time 
ranges from 2 to 3200 ms for each projection.60 The kV detector 
measures 20.5 cm × 20.5 cm in size, with each pixel  measuring 
0.4 mm × 0.4 mm (512 × 512 pixels). The whole system is fixed 
and the imaging angle cannot change as the XVI or the OBI 
 system. The orthogonal planar imaging pair is used for bony 
structure or implanted fiducial matching due to the limited soft 
tissue contrast.

FIGURE 44.16 A whole brain plan designed on an on-board CBCT vol-
ume acquired by an Elekta Synergy treatment machine. (Image courtesy of 
Anh H. Le, PhD at UT Southwestern Medical Center, USA.)

Radiography

Patient Patient Patient

DTS CBCT

FIGURE 44.17 Illustration of different image acquisition techniques 
including 2D planar radiography, DTS and CBCT images (from left to right). 
The DTS imaging acquires projections covering a limited angle range to 
reconstruct a pseudo-3D image.
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The ExacTrac system is usually combined with the treatment 
machine’s own imaging technology to offer a hybrid solution to 
improve the target localization efficiency and accuracy, which is 
especially critical for stereotactic radiosurgery (SRS) or stereotactic 
body radiotherapy (SBRT).61 As shown in Figure 44.19, the ExacTrac 
system functions together with the OBI system of a Varian LINAC. 
The ExacTrac system can be used to perform a quick alignment of 
bony structures for pre-treatment patient setup and then followed 
by fine soft-tissue based alignment through CBCT images acquired 
using the OBI/XVI system. The setup time and imaging dose can 
be substantially reduced, as using CBCT for alignment alone usu-
ally needs acquiring multiple CBCTs, which takes much longer 
imaging time and introduces higher imaging dose. The ExacTrac 
system can also be used during treatment delivery for intra-treat-
ment target verification. The non-coplanar, stereoscopic imaging 
design enables 3D localization in real-time, which is not feasible 
by the single-detector OBI/XVI kV imaging system. However, the 
feasibility and accuracy of ExacTrac-based intra-treatment verifica-
tion can potentially be limited by the gantry position at the time of 
imaging as the beam path can be blocked by the  gantry,6 though 
monoscopic imaging is possible at all times Figure 44.20.

(a)

First row

Second row

Third row

(b) (c) (d)

(a) (b) (c) (d)

(a) (b) (c) (d)

FIGURE 44.18 Comparison between the 2D planar radiography images (first row), the DTS images (second row), and the CBCT images (third row). 
The DTS images were reconstructed from projections covering a 40° scan angle. In each row, (a) and (c) are reference images at different views generated 
from simulation CT. (b) and (c) are the corresponding on-board images for setup and localization. (Reprinted from Wu, Q.J., et al. 2007. International 
Journal of Radiation Oncology, Biology and Physics 69:598–606.)
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FIGURE 44.19 BrainLAB ExacTrac 6D tracking system using a pair of 
stereoscopic on-board X-ray images. The acquired projection pair is regis-
tered with the projected DRRs from the 3D simulation CT for 6D localiza-
tion through the 2D/3D rigid registration. (Image Courtesy of Yang Sheng at 
Duke University Medical Center, USA.)
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44.3.4  X-ray Based Imaging Systems in 
Radiotherapy: Accuray Cyberknife System

Cyberknife is a dedicated system designed to treat targets which 
may involve frequent motion or for treatments where high preci-
sion is desired, i.e., SRS or SBRT. Cyberknife employs a small 

compact X-band based treatment head62 mounted on a robotic 
arm, which can adjust position/trajectory based on the target 
misalignment tracked from its imaging system. The Cyberknife 
imaging system uses two orthogonally arranged kV source and 
detector pairs (each pair is 45-deg to the mid-sagittal plane of 
the patient) to localize targets in 3D. The kV sources are rig-
idly mounted on the ceiling and the corresponding detectors 
are mounted on/in the floor on each side of the treatment couch 
(Figure 44.21), a configuration opposite to that of the BrainLAB 
ExacTrac system.

Similar to the ExacTrac system, the imaging components of 
Cyberknife are fixed, and can only acquire 2D planar images 
from the same angles. The source to isocenter distance is 
around 225 cm and the source to detector distance is around 
345–367 cm, depending on the detector configuration (on 
floor or in floor).6,62 The amorphous silicon based flat-panel 
kV  detectors spans 41 cm × 41 cm in dimension, featur-
ing 1024 × 1024 pixels (0.4 cm × 0.4 cm per pixel). The kV 
source can generate X-ray beams with energies ranging from 
40 to 125 kVp and beam current ranging from 25 to 300 mA, 
with 1–500 ms exposure time.62 The clinical applications usu-
ally use energy ranging from 100 to 125 kVp and mAs rang-
ing from 5 to 90 per projection.24 The target localization of 
Cyberknife also generally relies on the bony structures due to 
the low contrast of soft tissues in 2D planar images, excepted 
for some lung cancer cases in which the tumors can be clearly 
visualized. For tumors without close proximity to a reliable 
bony landmark (breast for instance), radiopaque fiducials need 
to be implanted to serve as surrogates to track the target motion 
for treatment compensation. The linear accelerator head then 
adjusts its trajectory according to the registered target shift/
rotation using a robotic arm, which enables the beam to closely 

FIGURE 44.20 Comparison between the DRRs and the acquired ExacTrac 
kV images. ROIs are contoured to leave the bony orbital area for registra-
tion. (Reprinted from Vinci, J. 2007. Louisiana State University.)
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FIGURE 44.21 Cyberknife kV imaging system using a pair of stereoscopic X-ray images. The acquired projection pair is registered with the projected 
DRRs from the 3D simulation CT for 6D localization through the 2D/3D rigid registration. (a) shows the configuration of the kV imaging sources relative to 
the Cyberknife equipment. (b) shows the configuration of the kV imaging detectors relative to the Cyberknife equipment. (c) and (d) show the enlarged views 
of one imaging source and the detectors, respectively. 
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follow the target and enables a treatment precision on the 
radiosurgery level.

Figure 44.22 shows three different tracking tech-
niques employed by Cyberknife. The 6D skull tracking in 
Figure  44.22a and the spine tracking in Figure 44.22b are 
bony structure-based tracking. Figure 44.22c shows the fidu-
cial marker-based tracking. Cyberknife also enables soft 
 tissue based tracking for some lung cases, where tumors can 
be clearly differentiated from the surrounding lung tissues due 
to the density difference. In most of cases, these lung tumors 
should be located in the lateral lungs and not being obscured 
by the mediastinum, spine, heart, diaphragm or other radio-
graphically dense structures.

44.3.5  X-ray Based Imaging Systems in Radiotherapy: 
Fan-Beam kV CT On-Rail Systems

Since treatment planning and simulation are mostly based on 
images acquired on a CT simulator, it would be ideal to place 
a similar CT scanner in the treatment room with close proxim-
ity to the treatment unit for patient setup and target localiza-
tion. Such a setting would allow patient on-board verification 
using high quality 3D CT images, which contain less scatter 

noise and feature larger FOV as compared to the CBCT solu-
tions provided by the XVI or the OBI systems. The on-board 
CT images also enable accurate dose calculation/accumulation 
or adaptive radiotherapy by providing accurate HU numbers. 
Corresponding systems have been commercially developed and 
implemented in several hospitals, for both photon and proton-
based treatments.64,65 In Figure 44.23, a “CT-on-rails” system is 
shown, which moves the CT scanner along the rails toward the 
patient to acquire CT images for patient setup, and moves the 
CT scanner away before the treatment delivery. The CT scan-
ner is usually moved instead of the treatment couch, in order to 
avoid the potential couch deflection at different positions.6 It also 
eliminates the potential patient position change induced by the 
couch movement. When necessary, the treatment couch can also 
move towards the CT scanner to increase the CT imaging range 
in the longitudinal direction.

The CT-on-rails system shown in Figure 44.23 is installed 
at the M.D. Anderson Cancer Center, which features the 
combination of a Varian LINAC and a 16-slice GE CT scan-
ner. The  aperture size of the CT scanner is 70 cm in diam-
eter and the newer models boast even larger bore sizes.66 The 
maximum scanning speed of the helical mode is 3.0 cm/s. The 
FOV in the longitudinal direction is around 40 cm. Note that 
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FIGURE 44.22 Cyberknife tracking system using DRRs and stereoscopic on-board X-ray images. (a) 6D skull tracking for brain lesions. (b) Spine local-
ization for paravertebral tumors. (c) Fiducial tracking (as highlighted by the circles) for lesions whose motion is difficult to correlate with surrounding bony 
structures. (Reprinted from Goyal, S. and T. Kataria. 2014. Radiology Research and Practice 2014:705604.)
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although the CT-on-rails system enables highly accurate pre-
treatment  target localization and patient setup, it cannot be 
used for intra- treatment target localization since the CT scan-
ner will not be in the imaging position during the treatment 
delivery.

44.3.6  X-ray Based Imaging Systems in Radiotherapy: 
Fan-Beam MV CT of Tomotherapy

In addition to L-shaped LINAC based treatments and Cyberknife-
based treatments, helical Tomotherapy is another treatment 
modality specially designed for IMRT. The Tomotherapy 
machine uses a linear accelerator mounted on a slip ring-based 
gantry, resembling a CT scanner. The beam is collimated to fan-
shape and rotates around the patient while the couch translates 

the patient through the treatment bore (Figure 44.24a), which 
makes the treatment delivery in a “helical” pattern similar to a 
CT scan.

An arc-shaped 3rd generation standard CT detector array 
is mounted on the gantry, opposite to the linear accelerator 
head for imaging purpose. Tomotherapy machine uses the 
same  linear accelerator that generates the treatment beam 
to produce  imaging beams.8 The imaging beam has been 
adjusted to a nominal energy of 3.5 MV (as compared to 
6 MV of the  therapy beam) to offer better anatomical tissue 
contrast. The imaging source to  isocenter distance is around 
85 cm and the source to  detector  distance is around 145 cm. 
The acquired image is usually referred to as “MV CT” since 
the acquisition geometry resembles a CT system with MV 
imaging energy. The MV CT imaging pitch can be altered 

CT-on-rail

LINAC

Rails

CT-on-rail

(a) (b)

FIGURE 44.23 Layout of a CT-on-rails system. (a) shows the LINAC side of the CT-on-rails system and (b) shows the corresponding CT scanner. 
The rails on which CT moves are indicated. A third rail exists on the right side, which is not shown in the image. (Courtesy of Dr. Yilin Liu at M.D. Anderson 
Cancer Center, USA.)

85 cm
Binary MLC
(all leafs open during MVCT)

Primary collimator

6 MV accelerator
(tuned to 3.5 MV for MVCT)

Approximately
50 cm

1 slice fan-beam geometry, helical scan

40 cm CT FOV

(a) (b)

FIGURE 44.24 (a) General scheme of the Tomotherapy system. The couch moves the patient through the bore when the gantry rotates the treatment head 
to deliver therapy or imaging beams. (b) The treatment head is also used as the imaging head. (Images courtesy of Dr. Weiguo Lu at UT Southwestern 
Medical Center, USA.)
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by adjusting the y-jaw opening of the collimator system. The 
nominal MV CT slice thickness ranges from 2 to 6 mm. The 
imaging dose  per  scan for the MVCT is typically 1–3 cGy. 
More details of the imaging  system geometries can be found 
in Figure 44.24b.

As shown in Figure 44.25, the MVCT images are similar in 
appearance to the diagnostic kV CT images. Since the attenu-
ation coefficients decrease at increased energy, the MV CT 
images present less prominent soft tissue contrasts. However, the 
kV CT and MV CT images are generally very close in appear-
ance, which enable convenient and accurate on-board target 
localization for patient setup.

For Tomotherapy, the target localization is performed by 
registering the planning CT to the MV CT through 3D rigid 
registration (Figure 44.26). In addition to the role played in 
target localization, MV CT also enjoys other benefits includ-
ing being less susceptible to metal artifacts or excessive scat-
ters from large patients. Since the Compton scatter effect 
dominates in the MV energy range for both low-z and high-z 
materials, the HU numbers of MV CT are also mostly lin-
early-correlated with the electron densities of the materials, 
which can be conveniently calibrated for dose calculation. The 
MVCT images can be conveniently used for treatment plan-
ning and daily dose calculation/accumulation for adaptive 
radiotherapy, especially for patients with metal implants like 
hip prosthesis.

In Figure 44.27, the diagnostic kV CT contains metal arti-
facts due to photon starvation from high-z structures, which 
are substantially suppressed in the MV CT images. Morphing 
the MV CT to the diagnostic kV CT preserves the anatomi-
cal information in the kV CT and effectively reduces the metal 
artifacts.

44.3.7  X-ray based Imaging Systems in 
Radiotherapy: kV C-Arm Imaging Systems

KV C-arm is another imaging device frequently used in radio-
therapy departments (Figure 44.28). It is usually applied to guide 
the seed implant for low-dose-rate brachytherapy, together with 
the ultrasound imaging. The ultrasound imaging provides good 
prostate soft tissue contrast but cannot visualize the implanted 
seeds well. In contrast, the fluoroscopy images acquired by 
C-arm enable clear seed identification. The whole kV C-arm sys-
tem is mobile and easy to fit in operating rooms for brachyther-
apy implant (Figure 44.29). During the seed implant process, the 
physician uses the fluoroscopy images acquired intermittently 
by C-arm to verify the location of implanted seeds. Some clin-
ics also use kV C-arm to acquire fluoroscopy images before CT 
simulation to measure the extent of patient respiratory motion, 
and based on the measured motion to determine if breathing con-
trol device is needed (for instance, using abdominal compression 
devices to reduce the motion extent).

44.4 Conclusion and Future Prospects

The wide application of image-guidance by kV and MV X-ray 
techniques has greatly enhanced the patient positioning and tar-
get localization accuracy. The safety margins used to account 
for the uncertainties during the patient setup and treatment can 
thus be substantially reduced to enable both safe sparing of 
more normal tissues and adequate coverage of tumors. Different 
types of X-ray images can be acquired during planning, simula-
tion, patient setup and treatment delivery. The frequent applica-
tion of the kV and MV imaging techniques for daily treatments 
also introduces a non-negligible amount of imaging dose to the 
patient. The interplay between the improved target coverage/
normal tissue sparing by applying more image guidance and the 
ever-increasing cumulative imaging dose should be carefully 
managed and optimized in the radiotherapy course. Different 
from the general situations in radiology or image-guided sur-
gery, in radiotherapy the patient is also scheduled to receive a 
high level of therapeutic dose.24 The evaluation of imaging dose 
should be conducted in a context involving the therapeutic dose. 
Some research studies also propose to incorporate the imaging 
dose into the treatment planning process to optimize the imaging 
and therapeutic doses as a whole.67,68

Besides X-ray based imaging, other imaging techniques like 
magnetic resonance imaging (MRI)69–71 and positron emission 
tomography (PET)72 are also gaining popularity in the image-
guided radiotherapy. The MRI images usually present much bet-
ter soft-tissue contrast than X-ray based images. The PET images 
can provide important functional information to potentially enable 
more biologically- and physiologically-relevant radiotherapy treat-
ment. However, MRI lacks the material electron density informa-
tion for dose calculation, which can be easily obtained from CT 
HU numbers. PET image has much worse spatial resolution and 
usually needs to be fused with CT images to reveal its anatomical 
relevance. The effective use and combinations of different tech-
niques, including both X-ray and non-X-ray based techniques, will 
continue to be a clinically important topic to investigate.

Diagnostic (kV) CT Tomotherapy (MV) CT

(a) (b)

(c) (d)

FIGURE 44.25 Comparison between the diagnostic kV CT and MV CT 
images. The MV CT images were acquired on a Tomotherapy machine. 
(a) and (b) show the images for a head and neck case, and (c) and (d) show 
the images for a prostate case.
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(a)

(b)

FIGURE 44.26 Image registration interface of Tomotherapy that registers the kV planning CT with the MV fan-beam CT for target localization. (a) and 
(b) show the registration of a prostate patient case in axial and sagittal views, respectively. (Images Courtesy of Dr. Weiguo Lu at UT Southwestern Medical 
Center, USA.)
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FIGURE 44.27 Morphing the daily MV CT to kV planning CT through deformable registration. (Image Courtesy of Dr. Weiguo Lu at UT Southwestern 
Medical Center, USA.)

Detector

Source

(a) (b)

(c)

FIGURE 44.28 Layout of a kV C-arm system used in radiotherapy (a). The detector and the kV source components are magnified in (b) and (c).
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45
Industrial X-ray Computed Tomography

Bernhard Illerhaus and Andreas Staude

The term “industrial CT” was formerly defined as the tomogra-
phy of those objects that are not alive or are scanned by computed 
tomography (CT) systems that are not of medical type—where the 
sample rests during investigation and the dose rate has to be min-
imized, while the spatial resolution must not fall below a given 
minimum (see Section III, Chapter 32 for a description of diag-
nostic CT). Furthermore, the sample densities are known and 
fixed for all. Especially in the early days of CT, most industrial 
objects, which could have been made from heavy steel or light-
weight plastic, had no restrictions on dose rate. So industrial CT 
started with tubes of higher voltage, which did not allow them to 
be turned. As voltage increases, the shielding and collimation of 
the detectors grow in weight as well. Therefore, it is the sample 
that has to be turned in an industrial CT setup.

Today, the separation is no longer as strict. Micro-CT (µCT) 
is used for medical purposes (see Section III, Chapter 36), as 

medical scanners are used as reliable systems for non-destructive 
testing (NDT). The area of industrial CT systems has broadened 
vastly, and you may imagine samples for imaging with sizes below 
a tenth of a millimeter, or even as large as a whole car. Objects 
may be as dense as uranium or as lightweight as aluminum or 
plastic foams. Even samples with insufficient X-ray absorption 
may be imaged with new techniques.

Today’s CT inspection has a wide range of aims and thus a 
variety of approaches. They range from visual inspection for 
defect detection, through analyses of the internal structure of 
materials (such as fiber-orientation), to calibrated measurements 
of dimensions and shapes. Analyses—like good/bad decisions—
can be performed automatically with specialized software tools. 
The combination of sources with higher dose rate and new 
analysis approaches makes a 3D-CT within a second a realistic 
 measurement option in production lines (Brunke et al. 2012).
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45.1 Time Is Money

45.1.1 Fast Measurements Are Good

A big step towards spreading the use of CT in industry was 
achieved by using a 2D charge-coupled device (CCD) camera as 
detector at the output screen of an image intensifier. From this 
point on, 3D tomograms of a total object were possible within an 
appropriate time (Illerhaus et al. 1994, Riesemeier et al. 1994). 
Using image intensifier as 2D detector implies the 2D correction 
of the pillow distortion of the image that is due to the convex 
curved surface of the intensifier. This results in a loss of spatial 
resolution by interpolation. From 1998 onwards, the company 
EG&G, now PerkinElmer, produced the first flat-panel detectors 
(RID 512–400) for the medical market. Flat-panel detectors are 
free from distortions. They allow a fast readout with multiple 
analog digital converters (ADCs). Nevertheless the 16-bit low-
noise dynamic range results in a high-density resolution. You 
gain at one end but you lose at the other: with a flat-panel detec-
tor you have to omit the radiation-collimator. The image will 
degrade because of several effects of stray radiation (Illerhaus 
et al. 2004, Illerhaus and Arnold 2011). But, because these dis-
advantages can be corrected by software and the advantage of 
gained time is immense, the widespread use of CT in industry 
began. We guess that, today, there are more than 300 systems in 
Germany.

The setup described above, with a flat-panel and cone beam 
geometry, is useful for medium to large sized objects. If you would 
like to investigate objects with dimensions of less than 1 mm how-
ever, the spatial resolution of flat panels combined with a micro-
focus X-ray tube is not enough. You have to use a microscope 
setup.

For large or medium sized objects, a built-in conflict exists: you 
have to raise the energy to penetrate the object, but your detector 
will thus lose efficiency, as most of the radiation will pass the 
detector without interaction. Even worse, pair production starts 
above 1 MeV, which results in additional noise due to losses of 
electron/proton pairs. If a 600 kV tube is sufficient, the standard 
flat-panel detector is still a good choice (http://www.rayscan.eu/
RayScan_600.html), and the spatial resolution will be in the range 
of 0.5 mm, while a fast measurement is done in a few minutes.

The most common µCT systems, however, investigate objects 
between 10 and 300 mm object diameter, and the vast major-
ity of systems will operate in this regime. The 4th International 
Conference NDT of Works of Art in 1994 can be seen as one of 
the trigger points for 3D µCT. With objects of art, the benefits 
of fast measurements relate to their precious and often degrad-
able nature (Illerhaus et al. 1994, Wessel et al. 1994). The most 
spectacular objects are often the ones with an archeological 
background, like the “Antikythera Mechanism” (http://www.
antikythera-mechanism.gr/) (see also Section IV, Chapter 58).

45.1.2 Time Is Not Everything

From the onset of industrial tomography, the use of isotope 
sources, their pros and cons, were discussed (Reimers et  al. 
1984a,b). Isotopes have the advantage of single energetic emission 
lines, but can never yield such a high number of photons as X-ray 
sources. Thus, is the density resolution in X-ray CT images better 

than in gamma CT? At Bundesanstalt für Materialforschung und 
-prüfung (BAM), we have a curious example (Illerhaus et  al. 
2013): as early as 1983 the “Head of Kythera” was inspected 
using 60Co (collimated detectors, single photon counting tech-
nique). Archeological samples were often used to expand the 
range of objects that could be tested, as the task often proved to be 
more difficult than the state-of-the-art would allow. Figure 45.1 
shows a cross-section of this head. Beside the contours of the 
brass, two different dense materials can be distinguished. (Due 
to the detector collimators, the pixel size can be reduced to an 
area smaller than the source spot size, thus a pixel size of 0.1 mm 
is feasible [Sené et al. 1996].) The idea arose to show both geom-
etries as 3D models, in order to detect whether there are two 
stages of clay used in the casting process.

A lot of progress was made up to the year 2004; flat-panel 
detectors with 2k by 2k elements allowed fast and spatially high 
resolved measurements. But, while using a 12 MeV linear acceler-
ator (LINAC) as source, the two different materials could no lon-
ger be separated. Although the LINAC could theoretically deliver 
more than a factor of 106 photons more than the 60Co source, the 
usable density resolution is ruined by the beam-hardening effect, 
the low signal-to-noise-ratio in the detector, and the massive loss 
of photons by stray radiation and pair production (Figure 45.2).

Either a row of collimated single detectors or, as second best 
choice, a line array detector will give artifact-free slices but will 
result in a much longer measuring time. If dimensional conclu-
sions from CT images of concave samples are needed, this would 
be the way to choose (Flisch et al. 1999). On the other hand, if 
you use a good detector array, the LINAC can give a good density 
resolution in heavy samples. As a dummy for the inclusion of flu-
ids in atomic waste, a 60 cm diameter barrel filled with concrete 
and surrounded by a ring of 10 cm concrete, including some small 
bottles with different liquids, was scanned. In Figure 45.3, materi-
als identifiable by their different gray levels are distinguishable: 

FIGURE 45.1 “Head of Kythera” computed tomography (CT) slice by 60Co 
source; material: brass and compacted sand; diameter through nose: 120 cm.

http://www.rayscan.eu/RayScan_600.html
http://www.rayscan.eu/RayScan_600.html
http://www.antikythera-mechanism.gr/
http://www.antikythera-mechanism.gr/
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If you use false colours, steel, concrete, glass, water, oil and gaso-
line could be coloured differently. (Reimers et al. 1988).

LINAC CT is most often used in the case of large or hardly 
penetrable objects. Therefore, the X-ray spectrum from the 
LINAC is commonly pre-filtered by thick (up to 100 mm Fe) 
metal foils. But, in some cases, the LINAC can be used as a very 
bright X-ray tube. A typical flat-panel detector has its maximum 
absorption at 160 kV; LINAC radiation of 12 MeV is absorbed 
in the order of less than 1%. Using the LINAC without pre-filter 
(which gives a factor of 1000 more flux compared to a standard 
X-ray tube) and a flat-panel detector is suitable if the task is to 
detect density variations in lowly absorbing material. A nice 
example is the test of the granular mass (porous material) inside 
a steel-walled acetylene cylinder. With an X-ray tube, the steel is 

too hard to be penetrated and to yield an image with high density 
resolution. But with a LINAC’s high energy radiation, the low 
density variations should not be visible. As Figure 45.4 shows, 
the not pre-filtered LINAC gives a surprisingly good result.

With this idea, the task of scanning the “Head of Kythera” 
could also be solved in 2012 (after 29 years). As the resultant 
3D view shows, there is no hidden secret; the inner clay has no 
recognizable surface.

45.2 Different Goals of the Investigation

45.2.1 NDT for Defect Detection

Industrial investments need a turnover calculation for the money 
deployed. In some cases, general criteria for the endurance of 
materials are known from destructive tests. These will give, for 
example, figures to be calculated during the design process. As 
known, destructive tests can only give the probability of failure. 
On the contrary, by principle, CT will always only give images; 
it’s up to the user to draw the right conclusions. In the field of 
industrial CT, these images have to be transferred to decisions 
based on scores calculated by (semi-)automated software pro-
grams. This means the destructive tests have to be correlated to 
phenomena, which can be deduced by a computer: we must real-
ize what effect is deducible from the CT and how it correlates to 
the failure of the investigated part. Furthermore, one should be 
able to link the point of “no return” to calculable data from the 

FIGURE 45.2 “Head of Kythera” computed tomography (CT) slice by lin-
ear accelerator (LINAC).

Oil
0.9 g/ccm

Water
1.0 g/ccm

Gasoline
0.7 g/ccm

FIGURE 45.3 Linear accelerator (LINAC) 2D-computed tomography 
(CT) slice from a concrete barrel, with insets of water, oil, and gasoline, 
separation of densities by false-colours would be possible..

FIGURE 45.4 Vertical computed tomography (CT) slice through a granu-
lar mass (porous material) inside an acetylene cylinder (DA Cylinder owned 
by BOC Ltd).
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CT. This process had been named “the effect of defect” (Oster 
1999,   2013). A nice overview of the total process is given in 
Oster 1996: one of the main problems in fiber reinforced plas-
tic components is the occurrence of wavy laminate layers. A 
fiber can take the load only if it is straight in the direction of the 
load; structures with certain waviness will fail under load. In 
Figure 45.5, good and wavy structures are shown in a vertical 
CT slice. It is not only the purpose of the CT investigation to 
find any waves, but also to detect those which are above a criti-
cal angle. This angle has to be defined by a series of destructive 
tests, as shown in Figure 45.6. A cooperation of several differ-
ent disciplines (construction, production, structural design and 

calculation, and destructive testing) is necessary to interpret the 
CT images and to get the best conclusions for the manufacturing 
process Krumm et al. (2012).

45.2.2  CT as Reference for Other NDT Methods

CT inspections are often too costly or too time consuming in 
comparison to other NDT techniques like ultrasound (US) or 
thermography, which are much easier to use because they are 
mobile. On the other hand, the indications of these techniques 
may not be so well defined. Evaluation and comparison measure-
ments are therefore needed (Hellmuth et  al. 1999, Plank et  al. 
2013, Maierhofer et  al. 2014). Today, carbon fiber composites 
(CFC) are quite often used in the airplane industry, although there 
is no NDT method to test either the produced material, or the part 
used within an airplane. Typical test methods like US have to be 
modified to get useful results. One possibility is to evaluate the 
same test sample with one technique (e.g., CT) to predict the other 
(e.g., US). Figure 45.7 shows the result of a 3D-CT scan of a CFC 
plate. The plate is oriented parallel to the image plane.

With the appropriate magnification, CT is able to detect all 
voids up to a certain size. If this is smaller than US can detect, 
the US image can be deduced from the CT. In Figure 45.7, all 
voids were colored from dark gray to bright gray depending on 
their distance to the surface: dark is the back side. This sample 
has a firm impact (drop test with a sphere) from the back, whose 
propagation can be seen from the darker indications.

45.2.3  Determination of Internal 
Structure of Materials

As mentioned above, the term industrial CT is not exact, since 
a wide range of applications is also done at research institutes. 
Thus material is not restricted to industrially used material. Out 
of the multitude of possibilities, one interesting example of the 
investigation of material structure in soil science is presented 

FIGURE 45.5 Computed tomography (CT) slice of a wavy CFC structure 
(above) and the same product after optimization (below). (Image courtesy of  
Oster, R. 1996. DLR-Tagung “Faserverbundwerkstoffe und –bauweisen in 
der Luft- und Raumfahrt” des Fachbereichs T1 Strukturen, 27./28. November 
1996, Daimler-Benz Aerospace, 81663 München, Eurocopter Deutschland 
GmbH, Komponentenerprobung 81633 München, ECD-0064-96-PUB.)

FIGURE 45.6 Destructive test of the fixing of a helicopter blade. (Image cour-
tesy of Oster, R. 1996. DLR-Tagung “Faserverbundwerkstoffe und –bauweisen 
in der Luft- und Raumfahrt” des Fachbereichs T1 Strukturen, 27./28. November 
1996, Daimler-Benz Aerospace, 81663 München, Eurocopter Deutschland 
GmbH, Komponentenerprobung 81633 München, ECD-0064-96-PUB.)

FIGURE 45.7 3D micro-computed tomography (µCT), view from top. 
Voids were colored from dark to bright depending on their distance to the 
surface; dark is the back side.
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here. The structure of soil determines the agricultural produc-
tivity. To determine the soil structure (Kuka et al. 2013a,b), CT 
investigation was proposed (Sleutel et al. 2008, Vogel et al. 2010, 
Garbout et al. 2013). The soil structure is mainly defined by earth 
and voids, but also by roots. But scans of samples with diam-
eters ranging from 120 mm to 2 mm (with a medical scanner, 
a µCT, and synchrotron CT) always showed a similar structure. 
The important question at the outset of a measurement is to know 
what you are looking for. Earth worms buries are best seen at 
the medical scanner size (Young and Crawford 2004). A certain 
range of open voids, which accumulate water and are therefore 
the reactive area inside soil, can be measured with µCT; the 
amount of the smallest roots can only be detected with synchro-
tron CT (Figures 45.8 through 45.10).

45.2.4 Determination of Exact Shape and Size

An important task in industrial production is the determination 
of the outer and inner shapes of objects. This measurement has 
to be “exact and reliable.” CT is able to determine the inner and 
outer surfaces of objects non-destructively.

(a) Comparison with measurements of a reference part
With this approach, it is possible to find the smallest deviations 
from the reference shape, even if the actual dimensions of the 
reference object are not known. All measurement and recon-
struction artifacts and uncertainties are identical in both mea-
surements, thus their exact values don’t have to be known.

There is, however, the problem of how to compare the two 
surfaces. Often, the simplest approach of using the distance to 
the “nearest neighbor” point is applied, which neglects all the 
information contained in the triangulation of the surface. This 
leads to problems in the case of surfaces with very differently 
sampled surface points and with points near edges, where points 
from wrong facets may be compared.

More advanced algorithms use at least the surface informa-
tion (i.e., surface normal, surface location between the verti-
ces) of the reference part, such as in VGStudio Max, where a 
distance field is calculated around the nominal surface, which 
determines the distance value and direction of the actual sur-
face point at its position (https://www.volumegraphics.com/en/
company/technology.html).

As an example of the comparison of a measurement of a real 
object to ideal reference data, dimensional measurements of 
printed and co-fired polymer-derived ceramics are described in 
the following.

Ceramic parts with defined porosity can be created in addi-
tive manufacturing. A sophisticated way is 3D printing of a 
pre-ceramic polymer powder, followed by a ceramization-
step due to heating in a nitrogen atmosphere. An example of 
a well-defined structure is the “kagome”-lattice described in 

40 mm

FIGURE 45.8 Undisturbed soil sample, scanned with medical computed 
tomography (CT) system, total diameter 120 mm.

FIGURE 45.9 Smaller sample, cut out from sample in Figure 45.8, mea-
sured with micro-computed tomography (µCT), total diameter 30 mm.

FIGURE 45.10 Smallest sample, cut out from sample in Figure 45.9, mea-
sured with synchrotron computed tomography (syncCTCT). Total diameter 
is 2 mm.

https://www.volumegraphics.com/en/company/technology.html
https://www.volumegraphics.com/en/company/technology.html
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Zocca et al. (2013). The “green” part was printed according to 
a geometry defined by an STL-file. CT was used to track the 
changes in dimension and form during the different process-
ing stages. The CT datasets were analyzed using the software 
VGStudio Max 2.1 (Volume Graphics GmbH, Heidleberg, 
Germany). The data from the two CT measurements of the 
object—after printing and after sintering—were firstly scale-
corrected to the input STL data. This was accomplished by 
fitting cylinders to a number of struts and calculating the dis-
tances for parallel pairs. Due to the different orientations of 
the struts, the dimensional changes along the three orthogo-
nal axes could be distinguished. As reported in Zocca et  al. 
(2013), the dimensional changes were anisotropic, during both 
the printing and the sintering processes. The printed part was 
smaller by 0.4% in the horizontal plane at the time of print-
ing (“x-y-plane”), and smaller by 2.2% in the vertical direc-
tion. The shrinkage during the sintering process was measured 
as 22.8% within the x-y-plane, whereas it was larger in the 
z-direction at 27.4%.

In addition to the scale changes, form deviations, for example, 
of the printed part to the input STL data, as shown in Zocca et al. 
(2013), or alterations during the processing are also of interest. 
The latter can be measured by nominal–actual comparisons of 
the surfaces determined in the voxel datasets. For the nominal–
actual comparison of the sintered to the printed part, the scale-
corrected datasets were aligned to each other using the positions 
of the fitted struts (Figure 45.11).

The changes in surface position are shown gray-coded in Figure 
45.11. Regions in bright gray have no differences in both datasets. 
Regions in dark gray show deviations.

It was shown that CT was able to provide valuable information 
on changes in dimension and form, which can be used to opti-
mize the printing and processing parameters, so that the created 
part fits the input data.

(b) Traceable dimensional measurements
The term “traceable measurements” means the determination 
of exact dimensions of objects with specified measurement- 
uncertainty. The approach originates from, and is analogous 
to, measurements with tactile coordinate measuring machines 
(CMMs). There, systematic deviations of length measurements 
are determined by measuring calibrated length standards. These 
systematic deviations are corrected during the actual measure-
ment, and the resulting overall measurement uncertainty is 
calculated according to guide to the expression of uncertainty 
in measurement (GUM) (http://www.iso.org/sites/JCGM/
GUM/JCGM100/C045315e-html/C045315e_FILES/MAIN_
C045315e/04_e.html). The specified measurement uncertainty 
should take into account all contributions, like the uncertainty 
of the calibration of the reference standard, the uncertainty of 
the calibration of the CMM with the reference standard, and all 
contributions to the uncertainty of the actual measurement, for 
example, uncertainty due to temperature changes, limited accu-
racy of the linear stages, size and shape of the tactile probe.

In the case of CT, it is even more complex to perform trace-
able measurements because the measurement process consists of 
multiple stages which are, in part, highly non-linear and which 
each have their own uncertainty contributions. The stages of the 
measurement process are mainly: measurement of the projection 
images, reconstruction of the voxel data, surface determination, 
and the actual dimensional measurement at the surface data 
(Bartscher et al. 2010).

Since the contributions of the different steps to the uncertainty 
budget cannot easily be determined, there are currently different 
approaches in use or being developed (Kruth et al. 2011).

The currently most used approach is the “substitution method,” 
where work pieces, which were calibrated by other methods and 
which have similar properties to the actual part, are measured 
under identical conditions (e.g., Müller et al. 2014).
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FIGURE 45.11 Gray shades-coded visualization of the nominal–actual comparison of the sintered “kagome”-structure to the printed part.

http://www.iso.org/sites/JCGM/GUM/JCGM100/C045315e-html/C045315e_FILES/MAIN_C045315e/04_e.html
http://www.iso.org/sites/JCGM/GUM/JCGM100/C045315e-html/C045315e_FILES/MAIN_C045315e/04_e.html
http://www.iso.org/sites/JCGM/GUM/JCGM100/C045315e-html/C045315e_FILES/MAIN_C045315e/04_e.html
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This process is, however, quite complicated because the refer-
ence part has to be calibrated and multiple CT measurements 
have to be performed and analyzed. So, recently, the idea arose 
to use simulated instead of real CT measurements, which only 
need computational time and where each single measurement 
parameter may be varied by an exactly known amount. Currently 
available CT simulation programs like, for example, aRTist 
(Bellon et al. 2012), CIVA (Legoupil et al. 2012), Scorpius X-Lab 
(Reisinger et al. 2011), or SimCT (Reiter et al. 2016) have a suf-
ficiently complex physical model for the interaction of radiation 
with the object, so that the simulated projection images look very 
similar to real measurements with comparable parameters. To 
identify the complete uncertainty budget by simulation, the full 
mechanical model of the respective CT device has to be known 
and modeled, like is done in the case of the “virtual CMM” for 
tactile dimensional measurements.

Standardization activities for dimensional measurements 
with CT have been taking place since 2005. German guidelines 
already exist for the application of CT in this field (VDI/VDE 
2630-1.2, -1.3, -1.4).

As the objects of interest get smaller, the definition of surface 
becomes crucial. The different measurement techniques locate the 
surface at different positions. Tactile measurements use spheres 
with a certain diameter. The surface thus determined will repre-
sent the local peaks and will ignore local valleys, which are nar-
rower than the sphere diameter. The surface determined from CT 
measurements, however, is (nearly) always close to the average 
gray-value between the two materials, defining a position between 
peaks and valleys. The following example shows that, for highly 
structured surfaces, both techniques no longer yield comparable 
results. For a tiny tube of ∼0.2 mm outer diameter, tactile as well 
as CT measurements on the outer and inner tube diameter were 
performed. From Table 45.1 you see that the higher the resolution 
of the CT, the smaller the outer diameter and the bigger the inner 
diameter. In all cases, a cylinder was fitted to the data. But, at least 
by synchrotron CT, it is clearly visible that the inner surface has a 
structured surface (Figures 45.12 and 45.13), well above the noise 
limit, which is considered as roughness in the tactile measurement.

45.3  Very Small and Very Big Objects

45.3.1 “Over-Sized” CT Devices

If you think of really large objects that need to be scanned, you 
should have a look at a machine created by Lawrence Livermore 
National Laboratory (Heller 2009). They use four double mirrors 
to project four scintillation screens illuminated by a LINAC onto 
CCD cameras. Beside the investigation of large rockets, which 
is also done by the European Space Agency (ESA), a big system 

0.1 mm
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FIGURE 45.12 Inner surface of an injection needle, virtually half cut, 
micro-computed tomography (µCT) measurement.

0.03 mm
z
x y

FIGURE 45.13 Same needle as in Figure 45.12, shown as above, but syn-
chrotron computed tomography (CT) measurement.

TABLE 45.1

Measured Diameter of an Injection Needle Depending on 
Measurement Type

Measurement Tactile (µm)
Industrial µCT 

(µm)
Synchrotron 

CT (µm)

Outer diameter 238.1 234.8 232.3

Inner diameter 155.5 158.1 159.4
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open to public contracts is the XXL-CT (Brandmüller 2015). A 
4 m wide linear detector array can measure objects of up to 3.2 m 
in width and 4.6 m in height. Here the idea is, for example, to 
scan a vehicle before and after crash test. Although the amount 
of obtained data is at the limit for being manageable by the hard-
ware and the software tools available today, a comparison of the 
deformation of important parts is possible.

45.3.2  Cone Beam CT with Ever Smaller Focal Spot 
Sizes

The ever smaller spot sizes are limited only by the photon flux 
needed. Thus, it is a question of detector efficiency and detector 
noise (e.g., photon counting devices neglect noise) (see Section I, 
Chapter 13 for an introduction to photon-counting detectors), and 
the possible energy load to the target. To circumvent the problem 
of a melting target, one idea is to use a liquid metal jet (Espes 
et al. 2014). The disadvantage here is that metals with a low melt-
ing point usually have a low atomic number and thus will pro-
duce less radiation output. On the other hand, heat conduction 
is mainly hindered by lattice imperfections, so a clean tungsten 
single crystal should also enhance the X-ray output per µm2. The 
next challenge is to generate a spot with positional stability in the 
range of tens of nanometers. An electron microscope provides 
such a source. A small tip inserted into the electron beam is used 
to generate X-rays (Mainwaring 2008). Here, the resulting dif-
ficulty is to have a precise rotating table that fulfils the require-
ments of CT. Furthermore, the specimen has to be suitable for a 
vacuum. For a non-vacuum setup, the RayScan Nano® (Rayscan 
2016), with a smallest possible focal spot size of 0.15 µm, can be 
regarded as a feasible solution. This solution has also taken into 
account the need for a newly designed sample holder, as the gen-
eral rule is that the deviation of the axes must not be more than 
±2/10 of the voxel size of the CT image. To overcome the prob-
lems of low radiation dose, a photon-counting detector is chosen.

45.3.3 CT with Microscopes

This can be done in different ways. Since the launch of the X-ray 
satellite “RoSat,” the possibilities of X-ray optics have been well 
known. A magnified projection can be achieved by different 
means: zone plates and X-ray lenses in refraction, or single crys-
tal mirrors in small angle reflection. At the extreme end, you will 
find, for example, X-ray ptychographic computed tomography 
(Holler et al. 2014) with 16 nm resolution.

The next possibility is to illuminate the specimen with paral-
lel X-rays and afterwards use magnification of the visible-light 
image on the scintillator. This is the conventional setup used 
with synchrotrons. A thin scintillating layer on a glass sub-
strate is projected onto a CCD camera. Using the UltraScan of 
Gatan, datasets with 10,0003 voxels would be possible (http://
www.jeolusa.com/HOME/Landing/Video-070511/lc/20270/
lcv/s/x-ray-image-of-mosquito-leg-using-gatan-xum). Adopting 
the synchrotron setup for a laboratory X-ray source yields the 
Xradia UltraXRM-L200 nano-CT. The following example 
illustrates the advantages of this setup: we investigated the 
residuals of intumescent chars, which are used to retard melt-
ing under heat load (Morys et al. 2015). The µCT slice in Figure 
45.14 (0.12 mm voxel size) shows a total view of the foam with 

75 mm diameter. The structure is so fine that the foam walls 
cannot be resolved. The sample for the “Ultra” has the same 
width, but only a small portion is imaged, Figure 45.15. As 
there is no magnification in the cone beam needed, the sample 
does not have to be as close to the X-ray tube as it does for µCT. 
With the resulting voxel size of 0.4 μm, the complex structure 
is visible, which now enables the calculation of the heat transfer 
through the total sample for comparing different types of foam.

45.4 There Is More Than Just Absorption

45.4.1  Using the Refraction Signal: 
“Phase-Contrast” CT

As with any other electromagnetic radiation, X-rays are refracted 
when entering another medium with a different speed of light. For 
X-rays, the absolute values of the refraction angles are very small 
compared to those for visual light. Therefore, the effect can only be 
seen by high-resolution detectors together with low X-ray energy 
or large object–detector distance (see Section IV, Chapter 49).

FIGURE 45.14 Very lightweight foam width: 70 mm, micro-computed 
tomography (µCT) slice.

z 0.04 mm
xy

FIGURE 45.15 Same foam as in Figure 45.14, computed tomography (CT) 
slice from Xradia UltraXRM-L200 nano-CT, 0.4 µm voxel size.

http://www.jeolusa.com/HOME/Landing/Video-070511/lc/20270/lcv/s/x-ray-image-of-mosquito-leg-using-gatan-xum
http://www.jeolusa.com/HOME/Landing/Video-070511/lc/20270/lcv/s/x-ray-image-of-mosquito-leg-using-gatan-xum
http://www.jeolusa.com/HOME/Landing/Video-070511/lc/20270/lcv/s/x-ray-image-of-mosquito-leg-using-gatan-xum
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In projection images, the refraction leads to an edge-enhance-
ment, where intensity is distributed from the region with matter 
having the lower speed of light (e.g., the material) to that with the 
higher one (e.g., the air). Thus, the intensity can even reach higher 
values than the free-beam intensity. In the voxel dataset, the 
refraction thus virtually increases the absorption of the material 
near the edge, while outside the absorption density is virtually 
lowered. For example, for air this leads to “negative” attenuation 
values (see e.g., Arhatari et al. 2011). This edge enhancement also 
occurs in laboratory µCT in the case of weakly absorbing objects 
when inspected at high magnification and small source spot size 
(Figure 45.16). By pre-filtering the data with the “ANKAphase” 
software (Rack et al. 2011), the pure density information can be 
retrieved while preserving the edges (Staude et al. 2014). In the 
example shown, the quality was good enough for metrological 
measurements (Figure 45.17). Geometric primitives could be fit-
ted to the now well-defined surface, thus allowing measurements 
of distances and form-deviations (Figure 45.18).

A more advanced approach is the use of diffraction gratings in 
the beam, which create an interferometric instrument for phase 
retrieval and was first realized by Bonse (Bonse and Hart 1965, 

Zanette et al. 2013). Another approach using the wave propaga-
tion is called holotomography (Tafforeau et al. 2006).

45.4.2 CT Using Scattered Radiation

In 1989, Philips developed a system for inspection tasks with 
one-side only access, which uses the scattered radiation from 
inside the sample. A series of collimated detectors, focused to 
different depths, deliver several reconstructed slices parallel to 
the surfaces (Niemann 1991) and thus offer the ideal inspec-
tion for today’s lightweight materials, like carbon fibers. With a 
conventional CT setup, the emitted scattered radiation has to be 
corrected for the attenuation by the object itself (additional infor-
mation is gained due to the characteristics of the scattered radia-
tion). This can be done by either an additional CT measurement 
or, as proposed by Rigaud et al. (2013) for a medical case, in an 
iterative process by calculating the electron density, the attenua-
tion map, and the incorporated activity in an iterative process. If 
the electron density and the attenuation are known, the chemical 
composition can be deduced (see Section IV, Chapter 54).

FIGURE 45.16 Micro-computed tomography (µCT) slice in a high magni-
fication setup showing “edge enhancement.”

FIGURE 45.17 The same slice as shown in Figure 45.16 but with 
“ANKAphase” in the reconstruction process.

0.35 mm

FIGURE 45.18 From the corrected data in Figure 45.17. The geometry could now be analyzed by fitting reference geometries.
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45.5 There Is More Than 3D

In situ CT investigates the sample under changing conditions 
(next dimensions). This may be compression or tension, chemi-
cal reaction, or water flow over time. Depending on the speed of 
the process, the CT is done while holding the state as is, or by an 
ongoing fast CT.

For instance, you can inspect internal processes over a time 
scale. A nice example is shown in Figure 45.19.

Most building materials absorb water and may then be 
destroyed in the long run when exposed to frost. In the case of 
concrete, it has been noted that the first cracking does not start 
at the surface, but occurs in a deeper region. This can be under-
stood when you perform CT on samples which undergo a freeze–
thaw sequence, with inspections at certain intervals. In Figure 
45.19, the difference between every two measurements is calcu-
lated, and the remaining intensity (which is the water signal) is 
summed up per CT slice (the height axes start at the bottom of 
the sample where the water is soaked). In the first measurement 
(2402), you just see the soaked up water, but over time (sequence 
is 2417, 2434, 2445) the water is pumped to higher parts in the 
sample (more than 16 mm) and will thus not be released during 
thawing. At some point, the pores are filled with water, the ice 
can no longer expand and the concrete will crack.

One more example: think of a fire burning next to a concrete 
surface. What happens is that large material pieces are explo-
sively cut from the surface after a certain time. You can see the 
reason for this with a similar experiment as described above, but 
in which you have to heat the sample only on one side. The high 
temperature inside the concrete evaporates all water, which is 
partially pressed further into the concrete. When reaching cold 

regions, the water condenses and fills up the pores of the con-
crete. As the outside temperature rises, the heat front reaches 
deeper layers of the concrete. When it hits an area with water-
filled pores, the pressure will suddenly rise far above the strain 
resistance of the concrete. If you catch the right moment, you 
can detect half-filled pores with CT, but be aware of the pos-
sible explosion. Figure 45.20 shows a series of four successive 
measurements. Every two adjacent measurements are subtracted 
from each other.

The digital 3D image is viewed by a ray-tracer which gives 
the (absolute) maximum in each ray. With time, the water in the 
concrete is vaporized and the concrete dries which penetrates 
deeper into the concrete. In the image, the ray-tracer is limited 
only to the pores in the concrete. In the same time steps, you 
see the pores filling with water and vaporizing again as the heat 
reaches the water. In this case, the experiment was done slowly 
enough to prevent the explosion. With these experiments, we pro-
pose that the cause is not the pressure in the matrix, produced by 
blocked capillaries, but the sudden vaporizing of the pore water 
(Powierza et al. 2017).

For many years now, CT has not only been used for defect char-
acterization or dimensional measurements, but also for studying 
material properties. The question which is addressed is: why does 
the material react as it does? In the beginning, this question was 
limited to investigations in the 10 µm regime. Metal foams are an 
interesting material for lightweight constructions, but in over 70 
years of investigation, neither a stable production nor the failure 
mechanism, beside theoretical explanations, were satisfactorily 
gained. In the example shown in Figure 45.21, the sample was 
removed for compression between the measurements, thus CT 
volumes had to be digitally correlated to be able to determine the 
shift. In the 10% slice, the band of failure is easily visible; parts 
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FIGURE 45.19 Water content of concrete undergoing a freeze–defreeze experiment for different points in time.
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above and below stayed unchanged. From these slices, one would 
have deduced that there is a strong correlation between overall 
density and failure band, but this was in disagreement with a 
statistical calculation on all CT slices.

To get insights into the material, the resolution was enhanced 
and, as the sample gets smaller, the compression or tension can 
be exerted in situ. Today, small chambers can be positioned in 
high-resolution µCT systems as well as in synchrotrons (https://
deben.co.uk/tensile-testing/) or custom-built solutions are used 
(e.g., Hufenbach et  al. 2012). In most cases, the cracks inside 
become visible, but often the knowledge gained is not far from 
that gained by conventional destructive tests, where the underly-
ing question, “What is the cause?”, is not addressed. But, in some 
cases, you may get insights into processes which have unstable 
behavior over time, such as fluid flow, or as a very nice example, 
the flying fly (Walker et al. 2014).

45.6 There Is Always an Image

CT begins with the measurement of the 2D projections contain-
ing the attenuation information. In the reconstruction process, 
the 3D image containing the local linear attenuation coefficient 
is calculated. The 3D image is thus no longer a traceable figure. 
Moreover, the subsequent image processing may lead to severe 

errors: parts may become invisible or artifacts may be over-
emphasized to represent the reality. A nice example is the “sec-
ond face of Nefertiti.” With CT and image processing, the outer 
thin gypsum layer was removed and the face of an old woman 
appeared. From the point of public advertisement, it was a mar-
velous coup, but it turned out to be just a wrong setting of param-
eters (Illerhaus et al. 2009). This problem arose from generating 
a surface using a fixed gray-value threshold for multiple materi-
als with different attenuation. Choosing the correct values, the 
wrinkled face disappears. Figure 45.22 gives a slightly stretched 
view of the sculpture with the gypsum additions removed, while 
nevertheless with a smooth face.

45.7 2D Detector Artifacts

Even if the mathematical process of defining a surface within 
CT data is correct and the meaning of “surface” is defined, 
there are still artifacts in CT images, that is, structures in the 
gray-values of the voxel-data that do not represent the real struc-
ture of the object and will disturb the correct interpretation of 
CT data. Some of the artifacts are predictable or can be repro-
duced by simulation, and some may be corrected by software. 
A typical problem occurs when measuring the edge of a cube. 
Here, two mechanisms interfere. The first is beam-hardening; 

FIGURE 45.20 Ray tracing of the absolute maximum of the differences between following (in time) 3D-computed tomography (CT) images. Only the 
pores are shown, with an enrichment in water in white.
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the second is image-blurring due to stray radiation (see Boas 
and Fleischmann 2012). In the following website, https://www.
oem-xray- components.siemens.com/x-ray-grid, one can find an 
example of a hardware-device for reducing scattered radiation—
a scatter grid. These grids are useful at only one defined distance 

between source and detector. If all scattered radiation registered 
by the detector was known, it could be subtracted from the pro-
jection data. A full prediction of the scattered radiation is still 
a hard task for simulation programs, because it would not only 
contain the scattering in the device and in the environment, but 
also that within the object, which varies during the rotation. A 
first-order correction is possible nevertheless, when it is assumed 
that the geometry dependent scattering can be described as an 
additional light source in the detector at each point, which decays 
with the squared radius and is proportional to the amount of 
primary radiation at each point. This distribution can be trans-
formed to Fourier space for easy deconvolution (Illerhaus et al. 
2004). Figure 45.23 shows a measured highly structured alumi-
num part with and without software scatter correction. Along the 
marked line, the profile clearly shows improvements. Because 
this correction will also reduce the background level, the relative 
noise will rise.

45.8 Miscellaneous

45.8.1 Industrial CT with Medical Devices

To our knowledge, the first CT used in industry, which was 
used in routine inspection and which returned its initial invest-
ment within two years, was a medical scanner used by MBB 
Hubschrauber, nowadays Airbus Industries (Oster 1991). With 
the first inspection of a rotor blade after production, wavy struc-
tures can be detected and non-suitable rotors can be excluded 
from use. Before the use of CT, all blades had to be exchanged 
after a certain flight period. With re-inspection, comparing the 
original CTs with the CTs after use, and with the knowledge 
from destructive testing, the blades can be further used until 
the next inspection. As the blades are handmade, the amount 

FIGURE 45.22 A virtual representation of the stone below the stucco cov-
erage of the bust of Nefertiti (Ägyptisches Museum und Papyrussammlung, 
Bodestr. 1-3, 10178 Berlin).
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FIGURE 45.23 Improvement of 3D-computed tomography (CT) images by stray radiation software correction. Left: original state; surface rendering not 
possible due to indication of material in free space, lower density within the sample. Right: first-order correction by filtering in Fourier space.
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of money saved justified the investment within this short time 
(Oster 2012).

45.8.2 Fast and Ultra-Fast CT

To get an in-line CT, which means to scan every sample in a produc-
tion line, you have to be fast in measuring, cheap per part, and pre-
cise in analysis. The available systems use tubes for medical devices 
to get the high flux needed and image processing that is based on 
prior knowledge, to either restrict the reconstruction area or to use 
few projections and assumptions on the material (Brunke et  al. 
2012). In this example, the conveyor belt runs through the CT cabi-
net. But one can also pick the part from the belt and turn the sample 
in a much smaller cabinet with a robot (Eberhorn et al. 2016).

Time is not everything? Sometimes it is, for example, if you are 
scanning a flying fly. This fantastic experiment has been performed 
at the Swiss Paul Scherrer Institute (PSI) (Walker et al. 2014): 
https:// www.psi.ch/media/x-rays-film-inside-live-flying-insects-
in-3d.

In addition to this “homemade” solution, commercial systems 
offer ever-faster systems with higher detection efficiency. At 
the moment, a repetition rate of nearly 200 fps is state-of-the-
art (http://www.perkinelmer.de/imaging-components/detectors/
dexela-cmos/1512-ndt.html) (see Section III, Chapter 43 for high 
speed CT).

45.9 Learning from Medical CT

45.9.1 Trajectories

As mentioned above, a medical tomographic system is always 
one possible choice. But the most often used setup in industrial 
CT is the cone beam geometry and the “Feldkamp” algorithm 
(Feldkamp 1984). This reconstruction program is, on one hand, 
an approximation, but on the other, a nearly optimum solu-
tion within certain boundary conditions, for example, the total 
opening angle of the cone beam should not be larger than 15°. 
If these conditions are not met, one runs into trouble. In fact, 
the theorem for a trajectory providing complete information 
postulates that the source spot should have been perpendicular 
to the detector in all reconstructed slices at least once. There 
are two ways to fulfill this: either an additional vertical scan 
without object turn or starting directly with a spiral movement. 
The latter has the advantage that the distance between source 
and detector can be limited to a minimum, thus enhancing the 
dose rate (which is proportional to the distance of source to 
detector squared). A cylindrical object of aluminum foam is a 
good example to show the results (Illerhaus and Paschold 2011). 
With a measurement setup like shown in Figure 45.24, CT 
measurements were performed for source-detector distances of 
1367, 670, and 335 mm (dose enhancement of 1:4.2:16.7, left 
to right). Whereas the spiral image still shows a good qual-
ity, the Feldkamp version degenerates at the top and bottom 
(Figure 45.25).

In medical CT, the smallest object that has to be identified is 
about 1 mm in diameter. With this accuracy, the C-arm can be 
used as a tomographic system. In industrial CT, mobile systems 
are still unusual as the required resolution is not easy to realize. 

Mobile CT started with the scanning of trees (Habermehl et al. 
1988, Habermehl and Ridder 1993). The original tree scanner 
was modified in 2010, equipped with a modern flat-panel detec-
tor and an X-ray tube (Illerhaus et al. 2010). It was shown that 
this system can be used to investigate cast plaster statues within 
museum depots. A further step to mobile CT was done at the 
Large Hadron Collider (LHC) at CERN (Sauerwein et al. 2010). 
Due to a special testing problem, and due to the restricted space, 
a system had to be developed that is movable and can scan parts 
within a limited view angle. To get a real free choice of the tra-
jectory, both the detector and the source have to be moved by 
robots. The state-of-the-art today is a repeating accuracy of 
50 µm (Banjak et al. 2016).

45.9.2 Scatter Grids

Scattering becomes a problem if the object contains materials 
that scatter the radiation rather than absorb it. This is the case if 
the sample to be measured has a high water content. For build-
ing materials, the uptake of water is a quite essential point. 
µCT investigations in this field are possible by subtracting 
two images of the same sample of highly absorbing concrete 
from each other. In the difference image, the low water uptake 
becomes visible. But the strong stray radiation of the water at 
the bottom of the sample will give rise to heavy artifacts. In 
the medical field, flat-panels are often equipped with a scatter 
radiation grid (Illerhaus and Arnold 2011). (Nowadays these are 
replaced by filter software applied to the projection images.) As 
the dose is of no importance for the health of industrial sam-
ples, the use of grids is still beneficial, as the reconstruction 
time is of more importance here. In a standard measurement 
the stray radiation is visible as a background signal. By simply 
subtracting this, the signal-to-noise ratio is decreased, because 
the total signal is becoming smaller, whereas the absolute value 
of noise will stay the same. This is not the case with a scatter 
grid, where simply much less scattered radiation reaches the 
detector. Nevertheless, the exposure times needed will be a 
little bit higher because the scatter grid is also shielding some 
of the not scattered radiation.

FIGURE 45.24 0.1 mm Cu transmission target with wide cone beam.

https://www.psi.ch/media/x-rays-film-inside-live-flying-insects-in-3d
https://www.psi.ch/media/x-rays-film-inside-live-flying-insects-in-3d
http://www.perkinelmer.de/imaging-components/detectors/dexela-cmos/1512-ndt.html
http://www.perkinelmer.de/imaging-components/detectors/dexela-cmos/1512-ndt.html
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46
Industrial X-ray Computed Tomography Scanners

Simon Zabler, Michael Böhnel, Nils Reims, Michael Salamon, and Christian Fella

46.1  Introduction: Background and 
Current Technological Trends

It is certainly safe to say that for any computed tomography (CT) 
scanner “the system is more than the mere sum of its compo-
nents.” The surprisingly large variety of industrial CT (iCT) scan-
ners that we encounter today brings about the demand to classify 
them into a limited number of groups, in order to allow the users 
of these machines to better compare their results. Yet, to date, 
there is no complete manifest which can assign a well-defined 
system group to each existing scanner, and there are new scanners 
being developed and built every year that do not fit into any of the, 
even provisory, schemes. Therefore, this chapter will try to make 
the desperate attempt to provide a new larger set of system groups 
which—to our belief—are categorized by clear definitions and 
encompass almost any of the existing iCT scanners worldwide 
(see Section III, Chapter 45, for a description of industrial CT).

The designation “industrial X-ray CT scanner” defines a 
machine which is, both in soft- and hardware, based on the orig-
inal invention of medical CT by Hounsfield (1973). Yet, unlike 
medical scanners, iCT does not serve a diagnostic purpose and 
is not applied to a human being or an animal (these scanners are 
discussed in other chapters). Nevertheless, many iCT scanners 
still strikingly resemble their medical counterparts and they even 
use components from the same manufacturing lines (i.e., X-ray 
anodes and X-ray detectors). On the other hand, some iCT scan-
ners (e.g., those employed by the automotive industry) hardly 
show any resemblance to the original; some of them involve 

robot arms and sophisticated data processing to acquire the 3D 
data required. More and more iCT tasks are shifted to dedicated 
synchrotron beamlines (e.g., the European Synchrotron Radiation 
Facility, ESRF) where the highly brilliant X-ray sources allow for 
extremely short scan times, thus being able to process large num-
bers of samples in a short time or even applying in situ tomogra-
phy, that is, observing a dynamic process over time without having 
to interrupt the continuous recording of CT scans (see Section I, 
chapter 8). The client, who generally purchases the data or the 
information that is extracted from it, is not always interested in 
the type of scanner by which the data was recorded, provided the 
results are of good quality (signal-to-noise ratio (SNR), material 
contrast). Therefore, the need to classify existing scanners into 
well-defined groups is limited to a relatively small community: 
(a) researchers who develop novel methods of iCT, (b) companies 
that build and sell iCT scanners, and (c) university chairs or appli-
cation centers who host one or more iCT scanners in their own 
labs. Worldwide speaking, there are about two dozen iCT com-
panies who share an annual market of approximately US$100M, 
which results in some thousand labs at universities and industry 
that host and use these machines. Surprisingly little change has 
been observed over the past 20 years in system design and also in 
the choice of components from which iCT scanners are built, pos-
sibly because the community of research labs that actively devel-
ops this technology is very small; the Fraunhofer Development 
Center for X-ray Technology (EZRT) being one of the key play-
ers in this field. Now, one might argue that the lack of develop-
ment in the field of iCT scanners appears because this technology 
has reached its point of optimal performance, which can only 
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be improved on by more computing power, and that all physical 
components (source, mechanics, and detector) already operate at 
their limits. This chapter will show that quite the opposite is the 
case and that further developing iCT is indeed a promising field of 
applied research (see Zabler et al. 2012).

Three approaches are common to subdivide iCT scanners into 
groups:

• Classification through optical resolution: this approach 
is found when one speaks of micro-CT, sub-µ CT 
and nano-CT scanners, the highest resolution gener-
ally being defined through the basic spatial resolution 
derived from X-ray images of line patterns.

• Classification through object type and size: for exam-
ple, drill-core CT, XXL-CT, or plant-CT.

• Classification through the choice of the different com-
ponents constituting each iCT scanner.

In this chapter, we propose a combination of all three criteria. 
While creating a new group for each new combination of com-
ponents will certainly result in too large a number of groups, 
alternatively restricting the division to types of objects or spatial 
resolution will allow for a better arranged set of iCT groups: for 
example, a drill-core CT generally involves a rotating gantry, 
which is a very unique choice of motor component and which 
is also required in scanning diffusion and solidification in gases 
and liquids; the corresponding group will therefore be called 
“Gantry-CT scanners.” Some of our groups will be referred to as 
Nano-CT and Micro-CT, yet this labeling—despite being com-
pliant with the commercial labels—does not so much refer to the 
spatial resolution of the 3D images, as to the choice of the sys-
tem components (hence the division between “lens-based” and 
“scanning electron microscope (SEM)-based” Nano-CT) and the 
applications at hand. The mere grouping of iCT scanners into 
Nano-CT and Micro-CT, as is custom for iCT manufacturers, is 
strongly misleading (e.g., by calling a standard sub-µ CT machine 
“nanotom”) and far too general to allow for the discussion of the 
subtle, yet important, differences between these systems.

As previously implied, the “components” of an iCT system 
fall into three categories (source, mechanics, and detector) each 
allowing an iCT system to mark its specifics:

• The X-ray anode (see also Section I, Chapter 2):

• Conventional anodes, be they “open” or “closed” 
vacuum tubes, employ a filament cathode, a Wehnelt 
cylinder, and a bulk metal target—in most cases 
tungsten. These sources feature the lowest price but 
also the lowest brightness (low flux, large focal spot). 
The available voltages may range from 80 to 600 kV.

• Rotating anodes follow the same working principle 
but the bulk metal is now disk shaped and revolv-
ing at very high speed (up to 6000 rpm). Thus the 
focal spot power is distributed onto a ring-shaped 
surface on the anode, thereby increasing applicable 
thermal charge and hence brightness of the source. 
Because rotating anodes were developed in medi-
cal imaging, their acceleration voltages do not sur-
pass 160 kV.

• Micro-focus transmission anodes: The term micro-
focus refers to additional magnetic lenses and aper-
tures, which may focus and collimate the electron 
beam down to an area of less than 0.025 µm2 and 
seldom larger than 250 µm2, similar to electron 
beam focusing optics in SEM machines. When this 
focused beam is directed onto a thin-film anode, 
which may be a tungsten sputter coated X-ray exit 
window, a very small X-ray spot is generated in 
transmission. Depending on the acceleration volt-
age and the coating thickness (electron interac-
tion zone), the spot size changes. The latter is at 
least of the order of the coating thickness. If ther-
mally conducting diamond windows are employed, 
the brightness of these sources is comparable to 
a state-of-the-art rotating anode. They are also 
equally expensive and mostly “open” tubes, hence 
they require continuous pumping. The additional 
heat from magnetic coils makes the stability of the 
small focal spot a very serious issue. So far, the 
highest acceleration voltage applied by this source 
type is 300 kV, while the smallest spot size is 
150 nm round (Excillum NanoTube©).

• Micro-focus reflection anodes: Here, electromag-
netic lenses are employed too, but the electron 
beam is focused onto a bulk metal target, thus 
using more interaction volume, thereby creating a 
larger X-ray spot of the order 100–250 µm2. The 
reflection mode sometimes comes as an exchange-
able head with the transmission tube. In one prod-
uct line (Comet), the acceleration voltage reaches 
up to 450 kV. In terms of brightness, a very particu-
lar reflection anode, based on a liquid metal target, 
reaches outstandingly high values. Here, either gal-
lium or gallium–indium alloys are pumped through 
a closed circuit in order to form a cylinder-shaped 
“jet” crossing the point of electron focus. Similar 
to a rotating anode, the rapid motion of the metal 
target leads to a much more efficient dissipation of 
heat (here, evaporation is the limit to power) so the 
source brightness surpasses even rotating anodes. 
Highest brightness was measured for a focal spot of 
approximately 10 × 40 µm round. The liquid metal 
jet anode is available with up to 160 kV accelera-
tion voltages (Excillum SA).

• Linear accelerators: This type of X-ray source 
reaches from 600 kV up to 9 MeV and stems 
from medical radiation therapy. When used for 
iCT scanners (e.g., XXL-CT), these sources have 
a relatively low brightness and a larger focal spot 
size (the working principle is that of a conventional 
tube with a bulk tungsten target), which can only 
be reduced through two-axis blade collimation.

• The system’s motor axes: One iCT system may be 
comprised of up to 30 motors. It is therefore helpful 
to define broad categories. For reasons of convenience, 
a global coordinate system, which shall be valid for 
all further explanations on iCT, is fixed: the x-axis 
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coincides with the vector from source center to detector 
center, whereas the z-axis is the vertical coordinate on 
earth; hence y designs lateral motion in the horizontal 
direction.

• Scanning axis: In the case of a Gantry-CT, this 
axis makes source and detector revolve around the 
object (similar to medical CT) whereas in all other 
iCT machines it is a mere 360° object rotation. 
The “scan” may be made by stop-and-go moving 
the scan axis or by driving the axis continuously 
at relatively slow speed (sometimes called “fly-
by scan mode”). The object rotation may also be 
accompanied by incremental z-steps, the so called 
helical scan mode. The number of intervals at 
which projection images are recorded is, however, 
independent of the scanning mode and must only 
relate to the available scan time and to the num-
ber of horizontal detector pixels. We shall call a 
scan “normal axial CT” when the scan axis coin-
cides with z and intersects—in projection—the 
center of the detector’s field-of-view (FOV). For 
flat extended objects, the scan axis is inclined with 
respect to z, for example, having an angle of 30° to 
z and 60° to x while remaining orthogonal to y. It 
is called the computed laminography (CL) angle, 
referring to the well-known laminography scan 
mode. Some older iCT machines perform a zig-zag 
or random y-motion of object or detector during the 
scan, which is later reversed prior to reconstruction 
by image processing. This “max-shift” is applied 
to reduce “ring artifacts” in the reconstructed vol-
ume image, but it is adding more complications 
than benefits; therefore, modern iCT machines do 
not employ it. For the case of “robot-CT” detectors, 
the X-ray anode, even the object, may be mounted 
on multi-axial robotic arms which do not gener-
ally follow the script of an axial rotation but take 
a number of arbitrary positions around the region-
of-interest (ROI). This Robo-CT scan mode consti-
tutes an exception within the group of macro-CT 
scanners.

• Alignment axes: These axes constitute the large 
majority of motors in iCT machines. They may serve 
to vertically align the scan axis or they may move 
source, object, or detector along x. This x-motion 
defines two principal lengths: the source-detector 
distance (SDD) and the source-object distance 
(SOD). The object voxel magnification is simply 
defined as the ratio M = SDD/SOD. If the detec-
tor is a two-dimensional pixel array, the cone-angle 
of a scan is defined as a = 2 · atan(hDet,v/2 · SDD) 
with hDet,v the vertical size of the effective detec-
tor screen. A larger cone angle (>40°) brings about 
certain constrains but guarantees short scan times, 
which are required, for example, for unstable focal 
spots. Object and detector may be equipped with 
additional y-motors, which allows for extending the 
FOV of the scan (a) by shifting the scan axis aside, 

or (b) by shifting the detector screen. If the latter 
is done to record more than one scan, the recorded 
data may be “stitched” prior to 3D volume recon-
struction. In order to cover a larger z-range of the 
object (e.g., drill cores), both detector and source 
can move up and down synchronously, or the object 
may do so. Any remaining tilt or misalignment of 
the scan must later be corrected through image 
processing. State-of-the-art iCT machines there-
fore come with calibration routines and special 
alignment objects to guarantee reproducible and 
accurate results while avoiding time-consuming 
data-processing.

• Axes for X-ray optics: Two iCT systems will be 
presented here, each being its own group, which 
comprise X-ray optics. (A) The transmission 
X-ray microscope (TXM), a lens-based Nano-CT 
machine comprising condenser optics, pinhole, 
and a Fresnel lens, each of which has to be aligned 
individually with minute precision in parallel and 
onto the x-axis. (B) The Talbot–Lau interferometer 
comprises three line gratings in addition to the 
standard CT components. Like the TXM optics, 
these line gratings must all be aligned parallel to 
z and the scan axis as well as orthogonal to x. The 
third grating will generally perform a step-wise 
y-motion during the scan, thereby defining a new 
axial CT scan mode, the “grating-based phase-
contrast mode.”

• The X-ray detector: Note, one iCT system may com-
prise more than one detector. Two very rare detec-
tors shall not be discussed here because of their lack 
of relevance to iCT: (A) Image intensifiers are large, 
bulb-shaped medical detectors which comprise an 
inverted cathode ray tube which serves to de-magnify 
and intensify the X-ray image by converting it to an 
electron image first, then later on to a visible light 
image at the expense of dynamic range. (B) Multi-
Channel-Plate (MCP) detectors are a modern form 
of image intensifiers replacing the cathode ray tube 
with one or more MCPs serving as electron multi-
plier. MCP detectors were originally not designed 
to intensify X-ray images, consequently their use is 
problematic.

• Digital detector array: Surprisingly, the large 
majority of iCT systems are based on these DDAs 
(often called flat-panel detectors FPD), which 
have not evolved far since their introduction in 
the eighties to the medical imaging sector. The 
sensor is a simple multi-layer arrangement with 
large pixel-arrays of 48–200 µm pixel pitch. 
Below a protective window (aluminum or car-
bon), a polycrystalline scintillator screen—some 
hundreds of micrometers thick—is converting the 
X-rays into visible photons with a relatively high 
gain. Columnar cesium iodide (CsI) is the most 
commonly used material followed by ceramic or 
powder gadolinium oxy-sulfide. The visible light 
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is received by a semiconducting layer, generally 
amorphous silicon, thereby forming charge clouds 
which are collected by an underlying thin-film 
transistor (TFT) pixel array. These DDAs come 
in different sizes, ranging from 5–40 cm square 
panels. They had been designed to operate well 
in medical imaging, hence at 60–160 kV accelera-
tion voltages and for objects of the size of a human 
skull, jaw, knee, or torso. When used with iCT 
machines, DDAs perform just as well but there are 
issues of long term stability (the electronics are not 
inert to X-radiation) and sensitivity to high-energy 
X-rays. Spatial resolution is another problem-
atic issue that is often neglected when discussing 
DDAs. Because the image quality, and thus the 
resolving power, of medical CT scanners is always 
limited by the patient dose, these machines oper-
ate far below the theoretical optimum of what 
can be achieved in terms of SNR and resolution 
(system modulation transfer function [MTF]). 
Consequently, X-ray projection images are com-
monly oversampled by a factor of three or four; 
the resulting high frequency noise is later can-
celled out by adaptive filter kernels yielding the 
best image quality for a tolerable patient dose. For 
iCT, however, dose is not an issue and the strong 
detector blurring caused by DDAs remains highly 
inconvenient.

• Indirect scintillation detectors: Two types of these 
detectors are available: (A) taper-coupled detectors, 
and (B) lens-coupled detectors. Almost any com-
mercial complementary metal-oxide  semiconduc-
tor (CMOS) or charge-coupled device (CCD) chip/
camera can be employed to build these detectors. 
Depending on the size of the actual sensor and the 
magnification of the optical coupling, the effective 
image area ranges from 1 mm to 5 cm, subdivided 
onto an array of up to 16 Mio. Pixels. Lens-based 
coupling is less efficient than optical taper-cou-
pling and therefore preferred only for higher opti-
cal magnification (>2×). For lower magnification, 
and sometimes de-magnification, optical tapers 
are joined to the scintillator screen on the one side 
and to the CCD or CMOS chip on the other side. 
While taper-coupled cameras cover larger FOVs, 
lens-coupled scintillators can yield spatial resolu-
tions down to 0.5 µm, which is the equivalent of an 
optical microscope. To our surprise, indirect scin-
tillation detectors are employed only in very few 
iCT installations, the large majority of them using 
DDAs exclusively, even when the object sizes never 
actually exceed the 5 cm limit of indirect detectors. 
Those installations which are using indirect detec-
tors, however, clearly achieve better scan quality in 
terms of spatial resolution and material contrast, at 
similar scan times and SNR values. We have there-
fore dedicated an extra group to this type of sub-µ 
CT systems. Note that both synchrotron CT and 

lens-based TXM also rely on indirect scintillation 
detectors.

• Photon counting detectors: That semiconductors 
can be used to detect, count, and discriminate 
X-rays is a well-known fact. Photon-counting detec-
tors apply this very principle to a pixelated matrix 
underneath a silicon or compound semiconductor 
(GaAs or CdTe). The challenge is to create applica-
tion-specific integrated circuits (ASICs) which do 
not suffer from residual radiation transmitted by the 
semiconductor. Also, the stopping power of these 
semiconductors is currently restricted to 90 keV for 
CdTe and to 10 keV for silicon. On the other hand, 
the pulse-discrimination allows for cancelling out 
any dark current, and for setting energy thresholds 
pixel-wise. Photon-counting detectors are avail-
able under the labels “Medipix, Widepix, Pixirad, 
Maxipix, Pilatus, and Eiger.” Larger FOVs can 
be obtained by tiled arrays providing up to 2048 
pixels in width, the pixel pitch always being of the 
order 55 µm or larger. The price of these detectors 
is higher than for DDAs but their image quality is 
far superior in terms of SNR and resolution. They 
are used in SEM-based Nano-CT as well as for 
grating-based phase-contrast.

• High-energy line detectors: High-energy photons 
emitted by X-ray sources at 450 kV acceleration 
voltages and beyond cannot be efficiently detected 
by any of the aforementioned X-ray detectors, 
which hardly have any stopping power in this 
range. Consequently, thick scintillating material 
(>4 mm) has to be employed, which maintains a 
significant photon conversion yield even above 
1 MeV. Line detectors with 0.8 mm pixel pitch con-
sisting of an array of photo-diodes, each coupled to 
4 mm or more cadmium tungstate (CWO) scintil-
lator, are currently the only option. iCT scanners 
using X-ray linear accelerators (e.g., by XXL-CT) 
are therefore very time-demanding because projec-
tion images have to be scanned line-by-line.

Table 46.1 gives an overview of the iCT systems presented in 
the following sections with regard to their technical specifica-
tions and their application purposes.

46.2 XXL-CT

At present, conventional iCT systems pose significant limi-
tations regarding the size and composition of objects that can 
be examined. The main reasons are the insufficient penetra-
tion power of X-ray tubes for, for example, steel above 55 mm 
or aluminum above 165 mm, and simply the lack of space and 
sensitive detector area for objects bigger than 1.0 × 1.0 × 1.0 m3 
in conventional CT systems. The goal of the development and 
implementation of the Fraunhofer EZRT XXL-CT scanner was 
to overcome the limitations in object size and composition and 
to provide the possibility of performing 3D-CT scans on a much 
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bigger variety of object scales, for example, up to standard 10 ft 
sea freight containers or complete automobiles. To cope with the 
new challenges resulting from objects with those voluminous 
measurements, one has to scale the radiation source, manipula-
tion system, and detector device in an appropriate way.

In Figure 46.1, the schematic setup of the Fraunhofer XXL-CT 
system is depicted. The manipulation system consists of two tow-
ers and a rotation stage. The two 8 m high steel framework towers 
are equipped with a slide system that carries the radiation source 
and detector. The slides are guided by a precisely aligned guide 
rail that allows a vertical manipulation of both components in a 
range of nearly 5 m in the vertical direction. The absolute posi-
tioning in the vertical direction can be measured optically with a 
metal tape measure. The rotation stage is a steel table with a diam-
eter of 3.0 m and can hold up to 10 tons in weight. A rotary encoder 
attached to the rotation axis delivers the angular information.

The general properties for a suitable radiation source are, in a 
very rudimentary sense, to deliver a high photon flux—to shorten 
measurement times and to cope with focus detector distances 
(FDD) of up to 12 m—and high photon energies for maximum 
material penetration. Conventional X-ray tubes deliver only 
spectra with maximum photon energies up to 800 keV that result 
in too low penetration capabilities for huge objects like complete 
automobiles. Besides linear accelerators, another category of 
high-energy photon sources are Betatrons. Despite their capa-
bility of generating high X-ray energies of up to 7.5 MeV, they 
are lacking in dose rate output and deliver only about 0.2 Gy/
min in 1 m distance from the focal spot. The best combination 

of high X-ray energy and high dose rate for this application is 
linear accelerators (linac) that origin from cancer treatment in 
the medical field. In the XXL-CT system, a 9 MV SIEMENS 
SILAC is used (https://www.oem-products.siemens.com/linear- 
accelerator). The SILAC is capable of delivering a dose rate up 
to 25 Gy/min in 1 m distance from the focal spot at a maximum 
X-ray spectrum energy of 8.2 MeV. The energy of a 9 MV linac is, 
in a certain regime, tunable down to lower MeV values, but then 
the dose output decreases drastically, for example, 10 Gy/min 
at 7.0 MeV. One crucial characteristic of a linac is the relatively 
big focal spot sizes in comparison to standard X-ray tubes: the 
diameter of the linac spot sizes varies between 1.4 mm (7.0 MeV 
spectrum) and up to 2.0 mm (8.2 MeV spectrum). This has to be 
taken into account regarding geometrical blur in the acquired 
radiographic images. For the XXL setup, the focus-detector dis-
tance (FDD) is roughly 12 m and the focus-object distance (FOD) 
is 10 m. The magnification M, therefore, is about M = 1.2. The 
expected value of the geometrical blur is in the order of 0.4 mm.

The basic features of the used detector system are a high effi-
ciency for high photon energies up to 9 MeV and a span length 
of several meters. The 2D DDAs usually used in iCT are not 
suitable for the purposes of the XXL-CT: the available sensor 
thicknesses of some several hundred microns result in a much too 
low detection efficiency. The maximum edge length of flat panel 
arrays is, in general, in the order of 40–50 cm. It would need sev-
eral distinct, continuously stacked detectors to cover a length of 
several meters and the costs would be enormous. Therefore, the 
preferred detector type is a line detector array (LDA). The line 

TABLE 46.1

Overview of the Different Industrial Computed Tomography (iCT) System Groups

System Group Technical Specifications Application Purpose

XXL-CT S: linear accelerator
A: heavy object rotation
D: high-energy line detector

Cars, freight containers, large paleontological 
specimen, engines and parts

Macro-CT
(e.g., Robo-, Inline-CT)

S: conventional or rotating anode
A: object rotation or robots
D: DDA or X-eyea

Inspection (also in-line) of larger (>10 cm Al or 
>1 cm Fe) metal parts, mostly automotive

Gantry-CT S: micro-focal reflection anode
A: rotating gantry with z-motor
D: DDA or X-eyea

Drill-cores (rock or ice), diffusion reactors, 
high-temperature furnaces, plant labs

Micro-CT S: micro-focal reflection anode
A: object rotation with x and z-motor
D: DDA

Larger light-weight parts (glass and carbon fiber 
composite), plants, soil, smaller metal parts

“Source-based” sub-µ CT S: micro-focal transmission a
A: object rotation with x-motor
D: DDA or taper-coupled CCD

Cellular materials, wood, metals, electronics, 
composite, additively manufactured parts

“Detector-based” sub-µ CT S: micro-focal reflection anode
A: object rotation with z-motor
D: lens-coupled

Cellular materials, wood, metals, rocks, fiber 
composites, additively manufactured parts

SEM-based nano-CT S: SEM-focal reflection anode
A: object rotation with z-motor
D: photon-counting + EDX

Microstructures of fossils, metals, electronics, 
ceramics, additively manufactured parts, rock

Lens-based nano-CT S: liquid-metal or rot. anode
A: object rotation, FZP, pinhole and condenser
D: lens-coupled

Biological microstructures, microelectronics, 
additively manufactured parts, rock

a “X-eye” refers to a large area (up to 40 × 50 cm2) optics-coupled indirect multi-CCD X-ray detector developed by Fraunhofer EZRT 
and sold by Meomed, s.r.o. (Czech Republic). S: source; A: axes; D: detector. CCD; charge coupled device; DDA: digital detector 
array; FZP: Fresnel zone plate.

https://www.oem-products.siemens.com/linear-accelerator
https://www.oem-products.siemens.com/linear-accelerator
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detector technology allows production of longer 1D structures 
due to the subsequent placement of single detector modules more 
easily. Furthermore, LDAs can be equipped with several milli-
meter thick sensor materials like cadmium tungstate, providing 
the needed high absorption capability at high energies. A huge 
advantage of LDAs is also that an effective pre-collimation can 
reduce most of the scattered radiation generated by the incident 
beam in the measurement object (the most prominent interaction 
process of high-energy photons above 500 keV is Compton scat-
tering). For that reason, LDAs are well-known and widely used 
in the field of 2D cargo scanning devices for freight containers. 
However, the spatial resolution of state-of-the-art cargo LDAs is 
in the range of 2 mm and therefore too coarse for our applications.

The XXL-CT detector consists of three custom tailored line 
detector modules built by Detection Technology (http://www.
deetee.com/products/product/x-scan-ihe2-series/). The first sen-
sor is made of 10 mm thick cadmium tungstate with a pixel pitch 
of 400 µm. The length of the LDA is 4 m, resulting in nearly 
10,000 pixels. The overall system is shown in Figure 46.2. The 
XXL-CT is capable—taking into account the geometrical mag-
nification—of fully capturing a cylindrical measurement volume 
with a diameter of 3.2 m and a height of 4.8 m. The effective 
pixel size is about 330 µm (pixel pitch 400 µm and magnifica-
tion M = 1.2). The vertical sampling is freely adjustable by the 
parametrization of the feed rate of the tower system and the 
acquisition rate of the detector.

The majority of applications of the XXL-CT are inspec-
tion tasks from the automotive industry. From sub components 
like fully assembled combustion engines, car bodies, or up to 
complete cars (see Figure 46.3), the XXL-CT can generate CT 
datasets to inspect for flaws (pores, cracks, missing parts) or per-
form more sophisticated tasks like variance analysis, that is, the 

FIGURE 46.2 Photo of the high-energy facility. On the left hand side, the 
SILAC linear accelerator and the linac tower are visible. Heavy objects like 
sea freight containers can be transferred by a 10 ton ceiling crane onto the 
rotation stage. In the background, on the right hand side, the detector tower and 
the horizontal line detector array are depicted. (© Fraunhofer IIS, Kurt Fuchs.)

Tower containing X-ray source

Traveling support for X-ray source

Traveling support for line detector

Tower containing detector

Fan beam

Turntable

FIGURE 46.1  Schematic of the mechanical setup of the XXL-CT. On the left hand side, the linear accelerator and the tower for the vertical manipulation 
are displayed. The rotation stage, with a maximum capacity of 10 tons, holds the object. The tower on the right hand side lifts the line detector array. For 
scanning large objects, both the linear accelerator and detector array can be moved up and downward synchronously. The maximum dimensions of a 2D 
radiographic image are 4 m wide and up to 5 m high. (© Fraunhofer IIS.)

http://www.deetee.com/products/product/x-scan-ihe2-series/
http://www.deetee.com/products/product/x-scan-ihe2-series/
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comparison of the original computer-aided design (CAD) con-
struction or simulation data to the actual built product. One spe-
cific research topic is to extract precise geometrical information 
of sub-components from the CT scan of actually crashed vehicles. 
The extracted data can be used for studying the crash behavior 
without manually tearing down the vehicle and furthermore to 
increase prediction accuracy of finite element crash simulations 
by the car manufacturer (Ciliberti et al. 2016). Further fields of 
application are shipbuilding, aerospace (jet and rocket engines), 
and cultural heritage. One rather special application was the CT 
scan of a 66-million-year-old Tyrannosaurus rex skull, which 
was still encased in the surrounding sandstone matrix during the 
CT scan. The extracted CT data of the skull were used to assess 
the general state of the petrified bones prior to conservation and 
preparation work (Reims et al. 2016).

46.3 Macro-CT

While the X-ray system components in macro-CT are strictly 
limited to conventional or rotating anodes (ranging from 90 kV 
to 600 keV), as well as to large area detectors (DDA or X-eye), 
the mechanics of such systems sometimes deviate a lot from the 
typical axial scan.

Figure 46.4 shows a photo of so called Robo-CT, a scan mode 
for which two robotic arms are employed, positioning source and 
detector around the object and thus recording arbitrary X-ray 
views. The Robo-CT scan mode is extremely important for the 
inspection of frames and wings (aircraft or wind turbines) and 
requires a light weight source as well as a sophisticated calibra-
tion of the scan path coordinates.

In another macro-CT mode (in-line CT, Figure 46.5), the source 
and detector have fixed positions while the sample is held by one 
robotic arm, which performs the scan rotation very quickly with its 
wrist then deposits the sample and picks up a new one. The source 
in this super-fast scan mode is preferrably a high-power rotating 
anode, which is pulsed synchronously with the X-ray exposures. 
Scan times reach down to 8 s in this “Dragonfly” mode.

FIGURE 46.3 On the left hand side, a CT scan of a crashed car is shown. From the CT voxel data, structural components can be extracted and transferred 
to CAD data for variance analyses. On the right hand side, a surface rendering of a T.rex skull segmented out of the wrapped sandstone matrix is depicted. 
(© Fraunhofer IIS, Naturalis Biodiversity Center.)

FIGURE 46.4 Photograph of the Robo-CT inspection system. (© Fraunhofer 
IIS.)

FIGURE 46.5 “Dragonfly-CT”: Example of a super-fast inline-computed 
tomography inspection. (© Fraunhofer IIS.)
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With the acceleration voltage rising, however, the X-ray con-
trast is more and more determined through Compton scattering, 
which often causes problems of both a “forward” and “backward” 
nature. Although Compton scattering by the object is counted as 
a photon loss in physics textbooks, the scattered photon is still 
around after the event and even very likely to reach the detec-
tor, particularly when the latter captures a large angle view of 
the radiation cone. In fact, Compton scattering preferentially 
occurs forward, decreasing only linearly with atomic number. 
Consequently, parts of low-Z material (plastics but also alumi-
num, depending on the energy) are outlined by a broadly extend-
ing pseudo edge-contrast in the X-ray images, which is an artifact 
to tomographic back-projection since it does not relate to Beer’s 
law of attenuation. Inversely, the transmitted radiation reaching 
the scintillating layer of the DDA is not fully attenuated by the 
latter either. The part of the high-energy radiation which trans-
mits both object and scintillator impinges onto the amorphous-
silicon layer of the underlying TFT array from which it is likely 
to be Compton-backscattered onto the scintillator, thereby caus-
ing an asymmetric edge profile and further artifacts of volume 
reconstruction from X-ray images. These perturbations caused by 
X-ray scattering are most prominent above 200 kV and therefore 
mostly occur in macro-CT scanners, where they have to be coun-
tered by appropriate methods (e.g., restricting the scattering to 
the horizontal axis by using line detectors, employing anti-scatter 
gratings from medical imaging, or applying image processing).

46.4 Gantry-CT

The main difference between a medical CT and industrial 
Gantry-CT scanners is the rotating part. Contrary to the medi-
cal scanner, standard iCT machines rotate the object, allowing 
for a much simpler CT system setup requiring only one sample 
rotation stage. The free adjustable position of the rotation stage 
allows for an easy magnification adjustment, whereas in medical 
CT this has to be done by replacing the tube and detector posi-
tion on the rotating gantry, taking the risk of imbalance at the 
rotating gantry. Gantry-CTs, where source and detector revolve 
around the object, are solely employed by iCT if the sample can-
not be moved, for example, because it is liquid. Also, for large 
objects, such as drill cores, the manipulation capabilities of the 
sample stage are limited and rotating gantry systems are better 
suited. Typical application fields are therefore inspection tasks of 
objects with motion resilient structure, which would cause posi-
tion inconsistencies if sample rotation was applied. Some objects 
(e.g., plants) have to be attached to auxiliary structures (e.g., 
soil), thus making sample rotation impossible. A good example 
of the first type of application for resilient structures is the CT 
scanner integrated fully into a greenhouse, allowing for the 
three-dimensional surveillance of the growth stadium of com-
plete plants, revealing internal data from the pot to the leaves. 
Contrary to standard iCT, capable of scanning a pot with soil and 
root structures, this gantry based setup also allows the resilient 
structures above the ground—like the stem, the fruits, and the 
leaves—to be scanned to get the most complete phenotype data. 
The choice of the components applicable for a gantry operation 
is limited by different boundary conditions: the transmission of 

electrical power as well as cooling liquids and data cable to the 
anode head being the most important conditions, which have to 
be met at a given revolution. Therefore, the gantry solution is 
strongly optimized to the application at hand by minutely select-
ing components at the price of versatility. The most common 
industrial X-ray sources require a high voltage supply through 
a HV-cable, and a cooling unit. The X-ray tubes are generally 
large and bulky, which makes their integration onto the gantry 
difficult, sometimes slowing down the maximum applicable 
speed of rotation to some ten seconds, which is slow enough not 
to require endless revolution. For this kind of Gantry-CT scan-
ner, integrated X-ray units are available, allowing for a compact 
system design by integrating the HV-generator, the anode, and an 
oil supply for cooling into the gantry. This integrated approach 
strongly reduces the periphery and requires a minimum instal-
lation space. However, the power of the X-ray anode is limited 
and a power reduction factor of 0.5 has to be considered due to 
the less effective heat dissipation compared to fixed industrial 
X-ray anodes. The fields of application for gantry X-ray scanners 
include baggage or food inspection as well as the emerging mar-
ket of dental CT, all requiring high reliability, little user interac-
tion, and ultimately, a comparatively low price of the employed 
components. On the detector side, depending on the speed of a 
rotation and the requirements of the size of the analyzed object, 
line or area detectors can be applied. For fast applications at rota-
tion rates of 1 Hz, line detectors with a frame rate of 1 kHz are 
typically suitable, providing a full 360° dataset every second 
consisting of 1000 images. In process tomography applications, 
this allows processes with duration times of some dozens of sec-
onds like, for example, diffusion or liquid flow, to be visualized.

Figure 46.6 shows a setup aimed for application in process 
tomography for the surveillance of liquid–gas transfer phenom-
ena or flow observation in chromatographic columns.

The resolution of these fast scans is typically defined by the 
detector’s pixel size due to a significantly larger focal spot size 
resulting from the high power applied between 0.5 and 1 kW. 
The line detectors actually applied provide a pixel size down to 
80 µm, yielding an effective resolution power for structures of 
approx. 200 µm size in the reconstructed cross-sections. When 
the imaging speed is not essential, DDAs in combination with 
micro focus X-ray sources can be applied. From a time frame of 
approximately 10 s per scan, higher resolved 3D volumes can be 
acquired. Figure 46.7 shows an application for the tomography 
of plants and root systems in an automated greenhouse environ-
ment working at a voxel-size of 300 µm using a helical trajec-
tory for scanning a cylindrical volume of 120 mm diameter and 
300 mm height within 20 s. While the gantry revolves endlessly 
at 9.6 rpm, each plant is transported by a top-mounted conveyor 
which is anchored into the CT system. After placing the plant 
in the center of rotation, the gantry is quickly lifted to the scan 
position and the scan is performed with a slow elevation along 
the scan range on the analyzed plant.

The full process—including the outfeed of the plant after the 
scan—takes 30 s, allowing for almost 1000 plant scans per shift. 
In the full process, all further data processing steps have to be 
automated, to allow the data to be processed adequately and to 
extract significant features like the root architecture, the total 
biomass, and other dimensional phenotype characteristics.
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Before micro-CT scanners are introduced in the following sec-
tion, we have to point the reader’s attention to a special hybrid case 
of iCT, the ultra-fast CT. Several such devices have been introduced, 
for example, for baggage scanning or for the in situ monitoring of 
chemical liquid–vapor reactions (Fischer et al. 2008). Similar to the 
Gantry-CT systems, the objects remain motionless during the scan 
while, instead of using a rotating gantry, multiple anodes are posi-
tioned on a source ring. A high-power electron beam is focused onto 
each point anode for only several microseconds then the e-beam 
is scanned at high-speed over the entire target array. In conjunc-
tion with the source ring, a detector ring (mostly line- or multi-line 
detectors for the sake of speed) is positioned around the same cen-
ter, and the recording of intensities is synchronized with the cascade 
of X-ray flashes from the multiple source spots. Recording times for 
a single CT-slice can be as short as 60 µs with these devices, which 
have only two drawbacks: the constant CT-geometry (fixed magni-
fication) and the overall moderate spatial sampling of 0.1 mm and 
larger. While ultra-fast CT is currently limited to 150 kV, there is no 
technical hindrance for developing this technology to 1 MeV and 
beyond. In the long term, this technique may be far more reliable 
and cost-efficient than gantry-based iCT.

46.5 Micro-CT

The micro-CT concept is a straight forward use of micro-focus 
reflection anodes for reaching scan resolutions in the order of 
10 µm. iCT scanners of this category are produced by Werth 
Messtechnik GmbH, Bruker Skyscan, GE (v|tome|x) and 
Rayscan. The scanning volume can be rather big, larger than 
30 cm if 40 cm square DDAs are used. Source voltages may 
reach up to 330 kV. Micro-CT scans may be applied to investigate 
glass fiber plastic composites or aluminum castings, in search of 
cracks and pores. Some micro-CT scanners allow for geomet-
ric calibration of the system magnification, thereby extending 
the confidence in voxel size to below 1% (instead of the general 
10% of an uncalibrated system). Calibrated micro-CT scans may 
serve as comparative to CAD models, for example, for assessing 
production processes. Micro-CT scanners can be relatively eas-
ily equipped with in situ loading devices, for example, for tensile 
or compression testing. Figure 46.8 shows the example of an in 
situ tensile test on two glued polyetheretherketon (PEEK) parts 
compared to finite element modeling (FEM) simulation. Other 

FIGURE 46.6 Gantry computed tomography setup of the Institute of Separation Science and Technology, University Erlangen-Nuremberg (left). Results 
of a liquid–gas transfer process. The moistening of the packaging can be analyzed. (© Fraunhofer IIS.)

FIGURE 46.7 Greenhouse integrated Gantry computed tomography system capable of analyzing root structures (right) in pots and resilient plant struc-
tures like stam (center), leaves, and fruits. (© Fraunhofer IIS.)
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more recent fields of application for micro-CT are the scanning 
of airplane or automotive parts, soil, and rock drill cores.

46.6 “Source-Based” Sub-µ CT

The commercially available source-based sub-µ CT systems are 
one of the most numerous types of iCT scanners: GE nanotom|m 
and nanotom|s, Bruker Skyscan 1272, RX Solution micro-CT, 
and CT-alpha (PCX GmbH). Figure 46.9 shows a photo of its core 
setup: the X-ray transmission tube and a large area DDA. In order 
to reach a high spatial resolution of 1 µm or less, the sample must 
be placed in extreme close proximity to the X-ray source; there-
fore, the minimum focal distance (MFD) has to be 1–2 mm at most. 
The DDA, on the other hand, features pixels of 100–200 µm pitch. 
This condition imposes a strict limit on the geometric magnifica-
tion of the object and hence on the ratio between object size and 
voxel sampling (approximately 1000:1). Applying ROI CT with 
these machines is not much of an option; the samples have to be cut 
down to the size of the measurement volume. In modern source-
based sub-µ CT systems, the DDA is therefore often replaced with a 
tapered CCD detector (e.g., Bruker Skyscan 1272 and RX Solution 
Micro-CT) which features smaller pixels, thereby relaxing the ROI 
limit for high-resolution scans. While the X-ray energy of source-
based sub-µ CT ranges from 20 to 300 kV, the size and temporal 

stability of the X-ray focal spot are critical issues. While any high-
resolution iCT system will be sensitive to in-plane (y–z) motion of 
some µm, systems operating in high magnification M > 100 will 
suffer from out-of-plane (x) motion as well. Generally, different tar-
get foils are used: 7 µm tungsten for “high-power” illumination and 
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FIGURE 46.8 Comparison of finite element analysis (FEA) simulation with in situ-computed tomography measurement of the glue joint between two plas-
tic parts (Polyetheretherketon [PEEK]) at two different loads (500 N and 750 N); color scale corresponds to +0.15 mm and −0.15 mm. (© Fraunhofer IIS.)

FIGURE 46.9 Photo of a typical source-based sub-µ CT setup (Courtesy 
of Pierre Luissier, SIMAP Grenoble France). The system EASYTOM XL 
Nano is realized by the company RX solution and comprises both a micro-
focal transmission anode and a reflection anode (upper part) facing a taper-
coupled CCD detector produced by the company Princeton Instruments Ltd.
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1 µm tungsten or less for the “high-resolution” mode. The exact 
size of the focal spot further depends on the applied acceleration 
whereby higher voltages tend to create smaller foci because the 
electron scattering inside the anode is mainly forward. However, 
the rule of thumb is “target thickness ≤ focal spot width.” Figure 
46.10 shows a CT slice through a biocomposite material acquired 
with a GE nanotom|m at 2.2 µm/voxel sampling. Even at this high-
resolution, there is no trace of phase-contrast effects in the images, 
which is considered a disadvantage when compared to synchrotron 
CT scans. The reason for the absence of phase-contrast enhance-
ment is twofold: firstly, the optical propagation effectively takes 
place only over a very short SOD, which is 5 mm in this case; sec-
ondly, the detector blurring of the DDA is significantly larger (gen-
erally three pixels full width at half maximum [FWHM]) than that 
known from optics-coupled synchrotron detectors.

When the volume is sampled at <1 µm/voxel with these sys-
tems, the focal spot stability inevitably causes deviations from the 
ideal circular scan path. The spot drift is mainly caused by heat-
ing of (a) the source housing, and (b) the target and the substrate. 
For a better cooling of the latter, synthetic diamond replaces 
beryllium windows; meanwhile, active cooling is applied to 

the housing, making the whole employment of high-resolution 
X-ray transmission tubes a costly venture. The NanoTube, which 
was introduced in 2014 by the Swedish company Excillum, cer-
tainly excels in the range of very small and very stable focal 
spots. Figure 46.11a shows a resolution test pattern acquired 
downstream of a 350 nm thin transmission tungsten anode at 
a geometric magnification of M = 1340 (5 min exposure). The 
temporal stability of the source spot is depicted in Figure 46.11b 
and shows that the spot is stable in the range of 100 nm over a 
period of 12 hours. However, the maximum acceleration voltage 
of this source is currently limited to 60 kV. The Swiss company 
Yxlon is meanwhile introducing a 160 kV source, which is based 
on such an ultra-thin target.

Finally, considering that equivalently high spatial resolution can 
be reached with less effort by detector-based sub-µ CT systems 
(see the following paragraph), the main advantage of the source-
based systems lies in their capacity to extend their scan range to 
much larger objects, typically 10 cm wide or more. Source-based 
sub-µ CT is more versatile than any other iCT scanner.

46.7 “Detector-Based” Sub-µ CT

While for source-based sub-µ CT the spatial resolution of the 
scan is limited by the X-ray focal spot dimensions, the detector-
based version relies on high-resolution X-ray  cameras—either 
taper-coupled or lens-coupled indirect scintillation detectors—
whose pixel pitch ranges from 24 µm (Roper Scientific) down 
to 0.3 µm (e.g., Hamamatsu Photonics). The X-ray focal spot 
may be small (transmission tube) or very large (rotating anode); 
it is either magnified or de-magnified to match the detector 
point spread function (PSF) through a magnification M < 2. 
Commercial iCT systems which incorporate this working 
principle are Rigaku nano3DX, Zeiss X-radia Versa, and cus-
tomized systems from RX-solution. Furthermore, synchrotron-
based imaging setups rely entirely on these detectors since the 
geometric magnification there is M ∼ 1 by default.

Similar to some iCT micro-CT systems, which propose an 
optional sub-µ CT mode by adding a second—micro-focus 
 transmission—source to the setup (e.g., GE, Rayscan, and Yxlon), 
the largest producer of detector-based sub-µ CT systems, Zeiss 
X-radia, promotes the addition of a DDA to their Versa system as 
a “large FOV” option. Inversely, Procon X-ray (PCX) advertises 
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FIGURE 46.11  Resolution test pattern images with the Excillum nanoTube anode; right: a stability test over 12 hours shows faint focal drifts in the vertical 
(y) and horizontal (x) directions.

FIGURE 46.10 Axial slice from a high-resolution iCT (GE nanotom|m) 
scan of structured bio minerals. (Courtesy Dirk Linde, University clinic 
Jena). Total scan time was 1 h at 80 kV and 9.6 W emission power. The voxel 
sampling equals 2.222 µm/voxel (SOD = 5 mm, SDD = 225 mm, M = 45).
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the addition of a high-resolution X-ray camera as a secondary 
detector to their iCT systems. Combining the high-resolution 
mode with the large FOV clearly has the advantage of making 
an iCT system more versatile, but also more expensive and more 
complex since source, mechanics, and shielding have to be laid-
out to cover both cases: high-energy and large objects as well as 
small objects that have to be handled with very high precision.

Table 46.2 covers the basic instrument and measurement param-
eters of source-based sub-µ CT systems (e.g., GE nanotom|m) 
compared to detector-based sub-µ systems (e.g., Zeiss Versa).

Figure 46.12 shows a high-resolution CT slice recorded with 
a voxel sampling of 0.7 µm/voxel from (a) a source-based sub-µ 
CT and (b) a detector-based sub-µ CT system. Both scans were 
acquired with the same total amount of exposure time (2 h 20′) and 
reconstructed by the same software from 720 projection images. 
Why is the scan quality (SNR and detail visibility) in the detector-
based scan so much better than in the source-based system, since 
both systems claim a nominal resolution of 0.7 µm judging from 
2D projection images? The reasons for this quality difference are 
subtle and cannot be deduced from specifications in Table 46.2 
alone. First of all, the better material contrast (the object was a 

splint of sapwood) mostly stems from the lower energy photons 
(∼10 keV), which are best converted by the high-resolution scintil-
lator of the detector-based system. Secondly, the spatial resolution 
in the source-based system suffers from strong detector blurring 
as well as from focal spot drifts, which generally exceed the spot 
size. Note that in Figure 46.12a a lot of care was taken to thermally 
stabilize the system, and even linear drift correction was applied 
(based on correlation of the 0° projection with the final 360° view) 
but the result is nevertheless inferior to the detector-based sub-µ 
scan. Furthermore, in high-resolution mode the latter system is 
better equipped to produce in-line phase contrasted images, which 
add an additional gain to the material contrast thus extending the 
overall dynamic contrast range of the CT system. Furthermore, 
unlike for source-based sub-µ systems, extremely short SOD is no 
longer required and the system is ready for high-resolution in situ 
CT (e.g., by adding a tensile testing device to the setup).

Concerning the large FOV mode, the source-based system 
has the upper hand, at least at first glance. While it is true that 
much larger objects can be investigated with such a system, the 
X-ray settings for this scanning mode are far from the optimum. 
The emission current of transmission sources, and hence their 

TABLE 46.2

Typical Measurement and Instrument Parameters for the Two Types of Sub-µ CT Systems, Given for the 
Two Main Operation Modes: High-Resolution and Large FOV

System Properties Source-Based Sub-µ CT Detector-Based Sub-µ CT

Imaging Mode High-Res Large FOV High-Res Large FOV

Min. focal spot/µm 0.7 5 ∼10 ∼30

Detector pixel PSF/µm 200 200 0.7 30

Largest object diameter/mm 1.4 180 1.4 25

Acceleration voltage/kV 100 225 60 100

Typical scan duration/min 120 30 120 30

Tolerable focus drift/µm 0.7 45 10 60

Typical SOD/mm 4 450 51 51

Typical SDD/mm 550 550 55 102

Abbreviations: FOV: field-of-view; PSF: point spread function; SDD: source–detector distance; SOD: source–object 
distance.

FIGURE 46.12 Sub-µ CT slices of sap wood recorded (a) by a detector-based and (b) by a source-based sub-µ CT system at equal total exposure times.
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power, is generally limited to 5–10 W. Yet, for scanning larger 
objects, 100 W could be applied, in order to record scans with 
much shorter exposures. Manufacturers of micro-focal X-ray 
sources are therefore pushing larger power bandwidths or dual-
target solutions, with success, but thereby making such sources 
ever more expensive. The detector-based systems designers on the 
other hand go up to the largest reasonable pixel-size, which is of 
the order 24 µm, for example, tapered to a 30 µm thick CsI screen, 
and employ this FOV at magnification M = 2, which is the opti-
mum working distance for X-ray focal spots of similar sizes.

An important fact about detector-based sub-µ CT systems 
is that they do employ more than one scintillator screen. For 
higher resolution, lens-coupling is realized through exchange-
able microscope objectives, three or five of which are commonly 
mounted on motorized revolvers, each having their own scintil-
lation screen. The smallness of the FOV allows for the use of 
transparent crystalline thin-film scintillators whose thickness 
may range from 1 to 300 µm. Unlike powder screens, for which 
the resolution limit decreases proportionally to the screens’ 
thickness, transparent scintillators can resolve images with 5 µm 
detail, even though the screen is 300 µm thick, and much finer 
details for thinner films. According to Koch et  al. (1998), the 
resolution is determined from the crystal thickness z and the 
numerical aperture (NA) of the objective
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For the Zeiss Versa system, the microscope revolver can 
furthermore change position with a larger scintillator screen 
(5 × 5 cm2), which is imaged by a macro-lens for a larger FOV. 
The entire detector, which thereby covers six different FOVs, each 
with its own scintillation screen, is nevertheless within the price 
range of the state-of-the-art DDAs. The reason for this is one 
single high-quality CCD (or scientific CMOS [sCMOS]) camera 
which is employed for all available FOVs. The CCD chip is gen-
erally extra-shielded against direct X-ray exposure. Compared to 
DDAs, these detectors therefore have a much longer lifetime, less 
noise, and higher pixel dynamics. In view of the less stringent 
requirements on the X-ray source, the overall system costs for a 
detector-based sub-µ CT system are significantly lower than for 
equivalent source-based systems.

46.8 “SEM-Based” Nano-CT

Nano-CT machines are defined by spatial resolving powers that 
clearly exceed the power of sub-µ CT systems which is in the 
order of 500 lp/mm. Based on SEMs, which have been redesigned 
to host not just the object but also a movable X-ray target, a reso-
lution of 2500 lp/mm and better could be demonstrated (Stahlhut 
et al. 2016). The working principle of these machines is surpris-
ingly simple: while the electron interaction volume (“bulb”) of 
bulk targets generally extends to some micrometers, using a very 
pointy needle target will restrict the source of X-ray emission to 
the size of the tip. Figure 46.13 was recorded in a JEOL JSM-
7100F SEM with a tungsten needle of approximately 70 nm tip 
diameter. While the 100 nm lines can be clearly distinguished 

in the test pattern (1 µm gold on Si3N4 membrane), the 50 nm 
lines remain obscure. Unlike lens-based Nano-CT systems, 
SEM-based Nano-CT comes with adjustable magnification and a 
polychromatic spectrum (Umax = 30 kV). This simple setup was 
first christened the “X-ray shadow microscope” by von Ardenne 
(1939). Its projection images feature edge enhancement, which 
was correctly interpreted by Cosslett and Nixon (1953) as Fresnel 
(near field diffraction) fringes. Figure 46.14 shows two sagittal 
slices from an Al–Cu29 alloy before (a) and after (b) application 
of Paganin-type phase retrieval.

The only drawback of SEM-based Nano-CT is the low photon 
flux emitted by the tiny source. Typical exposures range from 
5 to 30 min, hence days are required to record a full CT data-
set (for Figures 46.13 and 46.14, a field emission cathode was 
employed at 300 nA anode current). In order to shorten the scan 
time, switching to cathodes of higher power is the only option, 
while lens based Nano-CT promises faster Nano-CT scans if the 
efficiency of the employed optical elements can be raised.

46.9 “Lens-Based” Nano-CT

Nowadays, the highest resolution for laboratory-based CTs can be 
obtained by X-ray microscopy with the help of optical elements. 
Like this, periodic structures down to 50 nm can be resolved 
in 2D (Tkachuk et  al. 2007). In 3D, the resolution is typically 
slightly decreased due to high requirements concerning mechani-
cal and thermal stability during scan times of several hours.

As the brightness of laboratory-based sources is typically not 
high enough for scanning techniques, the remaining approach 
is a full-field transmission TXM. Figure 46.15 displays a sche-
matic setup for such a TXM. In this case, a sample is illuminated 
from the backside with a condenser and forms a transmission 
X-ray image. This image is further magnified by an optical ele-
ment, such as a Fresnel zone plate (FZP), onto the detector. As 
the detector possesses a pixel array, the complete spatial sample 
information is acquired simultaneously, coining the phrase “full-
field” microscopy.

For successful laboratory-based TXM, the most critical fac-
tor is the exposure time required for a reasonable SNR. In other 
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FIGURE 46.13 Radiography of a Au TEM test pattern after 20 min of 
exposure with a 30 keV tungsten spectrum. Details down to 100 nm are 
clearly distinguishable, whereas the 50 nm pattern is not visible at all. Taken 
from Stahlhut et al. (2016 SPIE).
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words, the photon flux on the detector needs to be as high as pos-
sible. For a certain pixel resolution, this flux results directly from 
the brightness of the source, as well as the NA and the efficiency 
of the X-ray optics. Unfortunately, these values are typically very 
low, as will be discussed in the following section.

46.9.1 Source

As already noted, the brightness of the source should be as high 
as possible. For this, the heat produced by the electron beam is 
the limiting factor. One possibility to reach a high electron power 
load per area is to simply use a very small spot in a microfocus 
tube (Ihsan et al. 2007, Müller 1927, Zheng et al. 2016): in this 
case, the spot is small compared to the surrounding area, mean-
ing that the heat can be transferred away efficiently. Another pos-
sibility is that the heated material gets constantly renewed, such 
as in a liquid-metal-jet source (Hemberg et al. 2003), or virtually 
enlarged, as in the case of a rotating anode. Nowadays, the high-
est brightness can be reached with the liquid-metal-jet source.

As the X-ray object lens used is strongly chromatic, another 
general requirement for the source is that it produces monochro-
matic radiation. Otherwise, a blurred image results. Usually, 
for low Z materials (e.g., Cr, Cu, Ga), the characteristic radia-
tion from the Kα-line has much more intensity compared to the 
bremsstrahlung, meaning that the latter acts only as a background 
and can be tolerated. However, as the Kβ emission line possesses 
high intensity close to the design energy of the optical element, it 
should be blocked by a thin absorption filter of the material with 
the next lower Z-value. For high Z materials (e.g., In), the ratio 
of characteristic lines and bremsstrahlung decreases and a multi-
layer should be used to obtain monochromatic radiation.

46.9.2 Optical Elements

The aim of the condenser is to illuminate the object with low 
loss of brightness and fill the NA of the objective (i.e., the zone 
plate). Moreover, it has to magnify the source to illuminate the 
complete FOV on the sample. High efficiencies can be reached 
by mono- and polycapillaries as well as multilayer Montel optics. 
While the former two options work on the basis of total external 
reflection, and thus act as a low pass filter, the functionality of 

FIGURE 46.15 Schematic setup for a full-field transmission X-ray microscope (TXM). The components are (from left to right): a source, which illuminates 
the sample via a condenser. The transmitted light is magnified by an optical element onto the detector, which possesses a pixel array.
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FIGURE 46.14 Reconstruction results of the AlCu29 alloy sample. 
Uncorrected reconstruction results are shown as well as their phase retrieved 
equivalents. The line plots (following the white line marked in the phase 
retrieved images) show the phase contrasted contours in the uncorrected 
(dashed line) and the smoothed result in the Paganin-filtered (solid line) 
reconstruction. Taken from Stahlhut et al. (2016 SPIE).
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the latter is based on Bragg reflection and therefore behaves like 
a bandpass filter. Additionally, a central beam stop and apertures 
can shape the beam.

For a high-resolution image, the image of the sample needs to 
be magnified beyond the detector resolution. For this, FZPs are 
commonly used, which are circular diffraction gratings where, 
in the simplest case, the zones vary in a way that light transmit-
ted by the transparent zones creates constructive interference at 
the focal length (see Figure 46.16). The focusing efficiency of 
such a zone plate is determined by its thickness; its NA is indi-
rectly proportional to the reachable resolution, which is basically 
equivalent to the width of the outermost (smallest) zone. Thus, 
good zone plates require a high aspect ratio, which is challenging 
in terms of production. For an Au zone plate with a 50 nm outer-
most zone width, a design energy of 8 keV (i.e., the Cu Kα-line), 
and an optimal thickness of 1500 nm, the theoretically reachable 
efficiency is about 30%. However, as such an aspect ratio of 30 is 
very challenging, in reality the efficiency is between 5 and 15%. 
For energies above 10 keV, even higher aspect ratios are needed.

As an alternative, compound refractive lenses (CRLs) can be 
used for magnification (see Figure 46.16). Their working prin-
ciple resembles that of lenses in the visible. However, due to the 

small refraction, very small curvature radii and a stack of several 
lenses are needed. Their efficiency depends mainly on the mate-
rial via its ratio of refraction and absorption, leading for example, 
in the case of SU8 photoresist and 9.2 keV, to an efficiency of 
approximately 30%. As the NA of the CRLs is limited by absorp-
tion within the lens material, in the 10 keV energy range, the NA 
of CRLs is typically smaller than that of FZPs. Therefore, the 
reachable resolution is currently slightly smaller (∼300 nm). 
However, in contrast to zone plates, CRLs also allow microscopy 
at high energies.

46.9.3 Applications

For X-ray microscopy, the energy has to be adapted to the inves-
tigated sample specimen. This is more critical than working with 
the bremsspectrum, as this energy is fixed by the source’s anode 
material. Lower energy means a higher absorption contrast, but 
on the other hand, a smaller possible sample diameter. However, 
absorption also varies strongly in the vicinity of element-specific 
absorption edges, which can thus also be exploited. For instance, 
when imaging typical electronic components which consist, for 
example, of Cu and Si, the Ga Kα-line has the advantage that 

10 μm

FIGURE 46.16 Scanning electron microscopy (SEM) image of a zone plate (left, fabricated by P. Charalambous) and optical microscope image of crossed 
1D compound refractive lenses (CRLs) made of SU8 photoresist (right, fabricated by A. Last, KIT).
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FIGURE 46.17 (a) Spatial resolution of Xradia Ultra, demonstrated using a Siemens star resolution target. The innermost features are 50 nm wide (50 nm 
lines, 50 nm spaces). Image pixel size is 16 nm. (b) Polymer fibers in a desalination membrane, imaged in phase-contrast. (Images taken from White paper 
X-ray Nanotomography in the Laboratory with ZEISS Xradia Ultra 3D X-ray Microscopes, by Zeiss X-ray Microscopy, June 2015.)
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both Cu contrast and transmission through Si are high; in con-
trast, the absorption would be much lower for Cu anodes. In addi-
tion, Zernike phase-contrast can also be used to enhance contrast 
(Sakdinawat and Attwood 2010).

46.9.4 Current Status

Nowadays, only a few laboratory-based X-ray microscopes are 
realized in research facilities. One example is a setup based on 
a copper transmission tube, which is situated at the Institute for 
X-Optics at the University of Applied Sciences Koblenz. Another 
approach, based on a liquid-metal-jet source, is realized at the 
Chair of X-ray Microscopy at the University of Würzburg; in 
this case, a hybrid setup is realized that allows micro- and nano-
imaging. Since 2007, Xradia (now Zeiss) has offered commercial 
optic-based X-ray microscopes based on a rotating anode (Cu or 
Cr) source. With the Zeiss X-radia Ultra TXM, resolutions up to 
50 nm have been demonstrated in 2D (see Figure 46.17).

46.9.5 Outlook

In order to establish high-resolution laboratory-based microscopes 
for a broader audience, the quality of X-ray optical elements in par-
ticular needs to be further increased. Here, both technical optimi-
zation and affordable prices are requirements to strengthen X-ray 
microscopes on the market. In this regard, novel sources show 
potential for further improving the image quality of such micro-
scopes under moderate exposure time. Therefore, we are confident 
that the vision of compact X-ray microscopes as standard instru-
ments for any laboratory can soon be turned into reality.
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47
Dimensional Metrology for Industrial Computed Tomography

Jochen Hiller, Thomas S. Miller, and Peter Hornberger

47.1 Introduction

In engineering and manufacturing environments, X-ray computed 
tomography (CT) as an imaging technology is increasingly used as 
a tool for fast product development, manufacturing process optimi-
zation, and quality assurance in the entire product lifecycle—from 
material characterization, component testing, and maintenance to 
recycling of products (see Section III, Chapters 45 and 46). In the 
last 10 years, dimensional metrology with CT has established a 
fixed place in the manufacturing industry (De Chiffre et al. 2014). 
The advantages of CT compared to conventional measurement 
systems, for example, tactile or optical coordinate measuring sys-
tems (CMS), used in metrology laboratories, lie in the complete 
and three-dimensional capturing of workpieces, including inner 
and outer geometries with high information (sampling) density 
in steadily decreasing scanning times down to a few seconds. In 
lots of plastic and metal working industries, for example, medi-
cal technology and the automotive and aviation industries, CT has 
already replaced conventional measuring systems in first sample 
inspection and series-accompanying quality assurance.

47.2 Basics of Manufacturing Metrology

47.2.1 Brief Historical Summary

The role of manufacturing metrology within quality management 
significantly changed during the last 150 years. Particularly, the 

realization of the Taylorism at the beginning of the twentieth 
century formed the basis of prosperity in industrial societies and 
led to the production of interchangeable parts, whereas the main 
objective of manufacturing metrology was, and is still today, to 
test and classify workpieces in good and bad parts according to 
specifications with respect to international standards (SI system, 
ISO standards). In the middle of the twentieth century, quality 
was defined more and more from the perspective of the customer 
and total quality management (TQM) came up, where the term 
quality incorporates the entire enterprise, not only production 
and product. As a consequence, ISO 9000 was developed for 
instance. Today, TQM is a general management topic and within 
the responsibility of top managers. For manufacturing metrol-
ogy as a part of TQM, this means that it has to support product 
development and production but also the entire product life cycle, 
including material design, customer and supply chain manage-
ment, service, and maintenance, as well as recycling. Another 
consequence of TQM is that its focus is no longer on the clas-
sification of good and bad parts but on the mastering of the 
entire production process, where not a single bad part shall be 
produced, which resulted in the six sigma management system 
(zero-fault production). In the fourth industrial revolution, manu-
facturing metrology is going to play an essential role in the smart 
factory of the future, where measurement technology and sensor 
systems will provide all necessary data in real-time in combina-
tion with computer simulations and learning algorithms to real-
ize a smart and self-optimizing production in a global, smart, 
and cross-linked world.
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47.2.2  Measurement Tasks and Goals in 
Manufacturing Metrology

Figure 47.1 gives an overview of measurement tasks in manufac-
turing metrology linked with the determination of dimensional 
and geometrical features, defining the shape of a production part 
in terms of its macro and micro structure. The macro structure of 
a production part consists of size, form, and position characteris-
tics; the micro structure is defined by surface characteristics, like 
waviness and roughness parameters. Overall geometrical speci-
fication of the product can also be integrated in 3D CAD mod-
els to perform geometry comparisons using 3D measurement 
data (e.g., from optical or CT scans), as seen in Figure 47.2. The 
technical drawing contains all necessary information relevant 

for the manufacturing and for the description of all required 
functions of a product. International (ISO) standards within the 
Geometrical Product Specification (GPS) system make sure that 
specifications and understanding in technical drawings are inter-
nationally uniform.

Figure 47.2 shows the typical workflow of conformity testing 
when deciding if a production part is inside or outside the stated 
tolerance zone, which is the main goal of manufacturing metrol-
ogy. Besides first sample inspection and series-accompanied 
quality assurance in quality laboratories, dimensional and geo-
metrical measurements can be used for statistical process con-
trol (SPC) and manufacturing process optimization using inline 
metrology equipment on the basis of statistical data processing 
and task-specific optimization methods.
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FIGURE 47.1 Measurement characteristics defining the micro and macro structure of production parts and industrial manufactured products.
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47.3 Workflow of Dimensional CT Metrology

Before starting the CT scanning process, an operator has to place 
the workpiece on the rotary table and, when the scan is finished, 
the workpiece has to be removed again. As a consequence, the CT 
can only be operated when there is a person present. To increase 
the efficiency of a scanner system, it is desirable to reduce this 
dependency by using a loading robot system (Landstorfer et al. 
2015). After the workpiece is placed within the scanner system, 
the typical workflow of dimensional CT is shown in Figure 47.3.

47.3.1  Recording of X-ray Projections 
and 3D Reconstruction

After scanning the test object and transferring the scan data to 
the reconstruction process, a volume dataset, also called a voxel 
dataset, is generated. In order to get a reconstructed 3D image of 
the object, the workpiece is scanned normally using cone beam 
CT scanners, as seen in Figure 47.4.

Thereby, many hundreds of 2D X-ray projection images from 
different angles are acquired via object rotation in between the 
cone beam of X-rays. The complete scanning times are in a wide 
range from a few minutes up to a few hours, depending on the 
voxel size and the wanted accuracy of the dataset. The pixels 
on the 2D flat panel detector are able to convert the X-rays into 

an electrical signal. This signal is digitized, and in this way, the 
shape of the projected object (see Figure 47.5, left) can be visual-
ized by a gray value coded image. Here we utilize the fact that 
the intensity of the X-ray beam is partially attenuated by matter. 
On the right of Figure 47.5, we see that the attenuation of the ini-
tial intensity I0 depends on the thickness d of the object and the 
linear attenuation coefficient µ of the material. Therefore, object 
regions with longer penetration length appear darker on the 

1. Digital image 2. Thresholding

Threshold

0 0 0 0 0 0 0 0 0 0

0 0 0 0 0 0 0 0 0 0

0 0 0 0 0 30 60 80 100 90

0 0 0 10 50 115 120 150 160 150

0 0 0 60 115 155 190 250 250 250

0 0 60 100 140 200 250 250 250 250

0 5 90 130 190 250 250 250 250 250

0 10 120 175 240 250 250 250 250 250

0 20 110 200 250 250 250 250 250 250

0 10 120 175 250 250 250 250 250 250

0 0 0

30 60

50 150 160

15560

14060

19090

17510

20020

17510

190

150

0 0 0 0 0 0 0 0 0 0

0 0 0 0 0 0 0 0 0 0

0 0 0 0 0 30 60 80 100 90

0 0 0 10 50 115 120 150 160 150

0 0 0 60 115 155 190 250 250 250

0 0 60 100 140 200 250 250 250 250

0 5 90 130 190 250 250 250 250 250

0 10 120 175 240 250 250 250 250 250

0 20 110 200 250 250 250 250 250 250

0 10 120 175 250 250 250 250 250 250

Background
(air)

Material

3. Pixel contour

6. Coordinate measuring 5. Surface calculation 4. Subvoxeling

FIGURE 47.3 Workflow of dimensional computed tomography.

FIGURE 47.4 Industrial cone beam micro-computed tomography scanner 
with a workpiece on the rotating table.



952 Handbook of X-ray Imaging

projection image. Hence, X-ray photons are attenuated exponen-
tially and follow the so-called Lambert–Beer law of attenuation

 I d E Z I e E Z d( , , , ) , ,ρ µ ρ= − ( )
0  (47.1)

where I is the transmitted intensity.
The linear attenuation coefficient µ(E, ρ, Z) depends, on the 

one hand, on the photon energy E and, on the other hand, on 
the mass density ρ and the atomic number Z of the object mate-
rial. The attenuation coefficient µ increases with higher density 
and atomic number and decreases with rising photon energy. As 
already mentioned above, a CT scan provides a stack of projec-
tions from different angles. With the knowledge of the transmit-
ted intensity I under different angles, it is possible to determine 
the linear attenuation coefficient µ(x, y, z) at each position 
P(x, y, z) in the sample by mathematical 3D reconstruction meth-
ods. The first step in the reconstruction algorithm is the linear-
ization of the projections, where in Equation 47.1 the transmitted 
intensities I are normalized by I0 and logarithmized, which yields
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With this mathematical operation, we gain a linear model 
from the exponential attenuation behavior of X-ray radiation in 
material (compare Equation 47.1). In other words, the pixels in 
the new projection images illustrate the sum of the attenuation 
coefficients of the object along the corresponding X-ray beam. 
After a certain filtration, the data are back projected into a vir-
tual space from the detector to the focal spot (see Figure 47.6).

This process is performed for every 2D image, taking into 
account the different geometrical orientations in which the 
images were recorded. A superposition takes place in the virtual 
space and the object appears around the rotation center as a gray 
value coded 3D voxel volume, where every single volume pixel 
(voxel) becomes a gray value, which stands for the local attenu-
ation coefficient µ at this position within the scanning volume. 
Applying a reconstruction algorithm to a stack of CT projec-
tion images creates a 3D volume model of the measured object. 
Internally, the volume is represented by a 3D matrix, in which 
each element contains a gray-value representing the degree of 
attenuation at the corresponding location of the object. Based 
on this information, it is possible to separate objects from their 
background by looking at the gray-values and assigning them to 
either air (surrounding) or material.

Several applications make use of object surfaces. By extract-
ing a surface from a volume dataset, performing dimensional 
measurements onto surface data, such as diameters or dis-
tances, is made possible. Other applications that make use of 
object surfaces are reverse engineering and nominal–actual 
value comparisons using CAD data. There are several steps 
necessary for determining an object surface (see Figure 47.3 
steps 2–5). First of all, the voxels have to be classified as 
belonging to the object material or background by use of so-
called segmentation algorithms (step 2). After this, the voxels 
containing the object boundary are identified (step 3). In the 
next step, the object surface is further refined by determining 
subvoxel coordinates within the edge-voxels (step 4). Finally, 
by interpolating the subvoxel coordinates, a continuous surface 
is created (step 5).

47.3.2 Segmentation

In order to determine an object surface, it is necessary to decide 
for each voxel whether it belongs to the scanned object or not. For 
medical CT scans, there are a lot of different segmentation algo-
rithms being used (Hlavac et al. 2014). In industrial CT, the most 
common group of procedures is based on the histogram of the 
image gray-values, which contains the frequencies for every pos-
sible gray-value. Objects consisting of one material only usually 
show two peaks in the histogram, one for the object material and 
the one for the background (air). By defining a threshold gray-
value between the two peaks, voxels with a smaller gray-value 
are assigned to the background and voxels with a larger value 

I0

I

d

FIGURE 47.5 An X-ray projection image of a workpiece (left). X-rays are 
attenuated in material according to the Lambert–Beer law (right).

FIGURE 47.6 Filtered back projection (FBP) reconstructs an image by filtering each 2D image before back projection. The more views are backprojected, 
the higher the image quality of the reconstructed slice.
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are assigned to the object material (step 2), resulting in a binary 
classification of the volume data.

There are different methods for calculating the threshold. For 
example, the gray-value histogram can be used to manually draw a 
threshold line. Ideally, the segmentation result is presented in real 
time, so the user can immediately see the impact of the chosen 
threshold on the segmentation and possibly adapt it. In addition 
to this manual approach, there are several algorithms that cal-
culate the threshold automatically, such as Otsu’s method (Otsu 
1979), which aims to separate the background from the object 
by minimizing the variances within the respective classes of the 
gray-value distribution. This procedure works well for objects con-
sisting of a single material with a good separation of both peaks 
(high contrast). For CT scans with a low contrast, the material and 
background gray-values will overlap, thereby leading to a worse 
segmentation result. There are many segmentation methods, each 
with their advantages and disadvantages. The reader is referred to 
Wirjadi (2007) for a more complete overview of the field.

47.3.3 Subvoxeling

After the volume has been segmented, every voxel either fully 
belongs to the scanned object or not, thereby limiting the object 
boundary to the boundaries of the voxels. However, in most 
cases the object boundary cannot be represented by the voxel 
boundaries. While this might be tolerable for some applications, 
other ones require a higher accuracy, for example in dimensional 
metrology, which demands resolutions in the micrometer range. 
This can be achieved by calculating so-called subvoxel points, 
that is, points within the voxels through which the object bound-
ary passes (step 4). Subvoxel points can be determined by inter-
polation of the neighboring gray-values. The set of these points 
forms a point cloud, which can then be used to determine an 
object surface. In the field of dimensional metrology, however, 
measurements can also be performed directly on the subvoxel 
points, without the necessity of extracting an object surface.

47.3.4 Surface Determination

After having determined the subvoxel points (see Figure 47.7, 
left), a closed surface of the object can be extracted by interpola-
tion (step 5), as seen in Figure 47.7, right. Commonly, the surface 
is represented by a triangulated mesh in the STL format. STL 
files require less disk space than the volume data, and they can be 
used for visualization and dimensional measurements.

Originally created for medical applications, the marching 
cubes (MC) algorithm (Lorensen and Cline 1987) has become 
one of the standard procedures for the computation of triangle 
models from volume data in industrial CT. The algorithm incor-
porates a segmentation and a subvoxeling step to find the object 
boundary, as well as a triangulation of the surface. The algorithm 
starts by determining an object surface based on a user-defined 
threshold value (segmentation step). This is accomplished by 
partitioning the volume data into logical cubes. Every cube is 
generated from eight volume voxels on two adjacent slices; four 
of each slice (see Figure 47.8). The cube vertices are then clas-
sified based on whether they are on the inside or outside of the 
surface, that is, whether their gray values are above or below 
the threshold value. Depending on this cube configuration, the 
intersecting object surface is determined by the algorithm. In 
Figure 47.8, two exemplary configurations are shown. Because 
every vertex is assigned one of two values, there are 28 = 256 
different cube configurations comprising between zero and four 
triangles. By considering symmetries, the number of possible 
configurations can be reduced to 15. Every configuration deter-
mines which of the cube edges are intersected by the object sur-
face. The exact position of the intersection is then calculated by 
linear interpolation based on the gray-values of the neighboring 
vertices (subvoxeling step). In the end, the normal vector for each 
triangle surface is computed. This information can then be used 
for visualization purposes by rendering algorithms.

47.3.5  Performing Dimensional Measurements 
and Visualization of the Result

Volume models resulting from CT scans can be visualized using 
either indirect or direct methods. Indirect methods describe the 
visualization of surfaces that were extracted from volume data 
by algorithms such as marching cubes. Direct methods, on the 
other hand, make use of the volume data itself. All of these meth-
ods have in common that a point of view has to be defined, from 
which the spectator views the object. Then rays are cast from 
the spectator onto the object, creating a two-dimensional image 
that gives the impression of viewing a three-dimensional scene 
(Kalender 2011). In step 6 of the workflow, the main applications 
of X-ray CT in industrial metrology are demonstrated. For that 
reason, we start with a point cloud of the scanned specimen (see 
Figure 47.9, left). This means we use highly precise 3D geometry 
information of the whole object in terms of many thousands of 
points on the surface of the scan workpiece. After applying a 
triangulation algorithm on the dataset, small triangles are gener-
ated with the surface points in the corners. In that way, a closed 
surface of the object is built (see Figure 47.9, right).

Based on this geometrical highly accurate surface informa-
tion, several uses are possible. Due to the fact that the surface 
data comprise complete and precise 3D information of the whole 
object geometry, one of the main applications is the so-called 
nominal–actual value comparison (see Figure 47.10) between 
CAD and CT data as a color-coded map.

In order to achieve this result, the point cloud is registered 
and fitted to the nominal CAD model of the designing engi-
neer first of all. Then, the normal distance of each single point 
to the CAD data is calculated. Every distance value is allocated 
to a special color and visualized in a 3D false color rendering. FIGURE 47.7 Point cloud (left) and STL file (right).
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With this result, a quick and total overview of all geometries and 
their local deviations from the nominal values is produced. This 
fast and complete method to illustrate the measured geometries 
is sufficient in order to assess the whole quality of the test object. 
Light gray areas are assigned to geometries, which are within the 
tolerance. If the colors wander towards black or medium gray, 
the corresponding geometries are out of tolerance and the testing 
part fails the quality inspection. Additionally, a histogram plot of 
the deviations (see Figure 47.11) shows immediately if the nomi-
nal geometry is more under- or more overestimated, which can 
have consequences for particular parameters of the correspond-
ing manufacturing process.

Moreover, it is also possible to create single regular geomet-
ric elements like lines, circles, planes, cylinders, cones, and 
so on, based on the point information of the surface with cer-
tain calculation algorithms. Usually, the least-squares method 
adapted from Carl Friedrich Gauß is used to derive the geo-
metric elements. Furthermore, the dimensions of these elements 
themselves (i.e., diameter, form tolerance, solid angle, center of 
mass, etc.) or their relation to each other (i.e., distance, angle, 
position tolerance, etc.) can be evaluated (see Figure 47.12) in 
the 3D space. In industry, this kind of non-destructive, contact-
free, and complete method of dimensional metrology enjoys 
great popularity, which has increased in recent years because 
of the flexibility of the measurement method and the high 
information content of CT scans in general. It especially finds 
usage in the fields of first sample test reporting, quality testing, 
failure analysis, and complaint processing (De Chiffre et  al. 
2014).

47.4 Image Artifacts

Image artifacts in X-ray CT originate from different physical 
effects and technical limitations. They become noticeable as 
streaks, rings, or distortions in CT images, resulting in reduced 
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FIGURE 47.9 The left figure shows a point cloud with many thousands of 
surface points. Via triangulation, a closed surface with triangles as a STL 
dataset is formed, where every point sits in a corner (figure on the right).
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image quality. One can divide image artifacts roughly into the 
following categories:

• Artifacts caused by geometrical scanner misalignment

• Artifacts caused by missing data

• Artifacts caused by physics-based interactions and 
technical limitation of a scanner system

• Artifacts caused by defect or miscalibrated detector 
elements

• Visualization (surface) artifacts caused by image dis-
tortions previously mentioned

Some artifacts can be removed by software methods; others 
can be partially reduced through a well-defined scan strategy in 
terms of an optimized selection of scan parameters. However, 
in practice, various effects leading to artifacts are superim-
posed, which makes it difficult to compensate them separately. 
A surface representation of reconstructed objects gives an 
impression of the overall CT image and segmentation qual-
ity. Artifacts in reconstruction images lead to global and local 
threshold errors, resulting in artificial structures or holes in the 
surface. Figure 47.13 shows a variety of image artifacts caused 
by the previously mentioned effects. In dimensional CT, all 
mentioned artifacts and image distortions can significantly limit 
the metrological performance of a scanner system in terms of 
measurement accuracy and operational capability. Note that an 
error of the source-to-rotation center and source-to-detector dis-
tance caused by scanner geometry misalignment does not lead 
to image artifacts but to a voxel size error, causing systematic 
length measurement errors.

47.5  Influence Quantities and 
Measurement Uncertainty

The VDI/VDE guideline 2630-1.2 (VDI-2630-1.2) describes 
various quantities influencing the results of dimensional CT 
measurements being performed by industrial CT devices. It is 
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important to know the influencing variables for, among others, 
the enhancement of accuracy and the optimal choice of param-
eters for CT measurements in order to minimize measurement 
uncertainty. The guideline lists five main areas that influence CT 
measurements:

• The CT device (X-ray source, axes, etc.)

• The application (test object and measurement parameters)

• The analysis (reconstruction software and data analysis)

• The ambient conditions (temperature, humidity, etc.)

• The operator (meausrement and data evaluation strategy)

A measurement result is useless without indicating measure-
ment uncertainty. Why? For instance, think about a hole in a 
workpiece with 10.0 ± 0.1 mm specified for the diameter of 
the hole, according to the technical drawing, and measuring a 
diameter of 10.06 mm. Without knowing the associated mea-
surement uncertainty of the measurement, we have absolutely 
no idea if the diameter lies within the tolerance zone or not. 
Hence, a measurement is only completed with its task-specific 
uncertainty in order to make statements about the confor-
mity or non-conformity with respect to specified production 
tolerances.

In practice, there are several methods to determine measure-
ment uncertainty:

• In the Guide to the Expression of Uncertainty in 
Measurement (GUM) (GUM 2008), a model function, 
which combine all significantly influence quantities to 
the final output quantity (measurand) is required. Due 
to the fact that such a model function is hardly avail-
able for complex measurement systems like CT, this 
approach usually drops out.

• In the experimental method, the measurement uncer-
tainty is obtained by setting up an uncertainty budget, 
taking into account all relevant uncertainty contribu-
tions. The basis of this method is the theory of error 
propagation. A model function of the measuring pro-
cess is not required. The method mainly follows the 
procedure described in ISO 15530-3 (ISO 15530-3 
2008). A calibrated workpiece is needed. Here, tactile 
coordinate measuring machine (CMM) measurements 
with tactile probing are still favored for making trace-
able reference measurements (Hiller and Reindl 2012). 
The expanded measurement uncertainty for CT mea-
surement is then given by

(a) (b) (c) (d)

(e) (f ) (g) (h)

(i)

FIGURE 47.13 Various image artifacts. (a) Misalignment artifacts; (b) truncation artifacts; (c) Feldkamp artifacts; (d) ring artifacts; (e) beam-hardening 
artifacts; (f) beam hardening and scatter artifacts; (g) metal artifacts; (h) noise artifacts; (i) 3D visualization artifacts.
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(47.3)

 where ucal is the standard uncertainty from calibration, 
up is the standard uncertainty from procedure (repeat-
ability of measurements), ub is the standard uncertainty 
associated with the systematic error of the measurement 
process, uw is the standard uncertainty associated with 
material and manufacturing variations of the workpiece 
(form error, roughness, etc.), and k is the coverage fac-
tor for a given confidence interval (e.g., k = 2 for a 95% 
confidence interval). The systematic deviation between 
CT and reference measurements should be stated sepa-
rately with b y x= − cal , where y  is the mean value of 
at least 20 repeated CT measurements and xcal is the 
reference value from (tactile) calibration.

• Simulation-based methods are currently under devel-
opment for uncertainty estimation of dimensional CT 
measurements (Hiller and Reindl 2012). The applica-
tion of numerical simulation computations to metrol-
ogy on the basis of the Monte Carlo method (MCM) 
is, at least, well-established since the publication of 
supplement 1 to the GUM (GUM-SP1 2008). The basis 
of MCM in metrology is the execution of virtual exper-
iments on a computer using a model of the scanning 
and measurement process, as well as knowledge on the 
main influencing quantities.

47.6  Monitoring of the Metrological 
Performance of CT Systems

The central task of inspection equipment management is to 
ensure the accuracy, reliability, and availability of all measur-
ing and inspection equipment of a company at any point of time 
(VDI-2630-1.3). The necessity of inspection equipment monitor-
ing is given by the situation that faulty inspection equipment or 
inspection processes with only vague empirical information will 
lead to wrong decisions when assessing the actual product or pro-
cess quality (Pfeifer 2002). This demand also counts for indus-
trial CT scanners. The monitoring of CT scanners serves for 

long-term compliance with the metrological performance char-
acteristics specified by the user or the CT manufacturer. It can 
also be considered an acceptance test. Comparing the results of 
consecutive monitoring procedures allows a trend analysis with 
regard to changes in the properties of the device. Such analysis 
permits conclusions to be drawn, both in terms of necessary pre-
ventive maintenance on the devices and the monitoring interval 
itself. For trend analysis to be performed, the operating modes 
and the operating conditions need to be approximately similar 
(VDI-2630-1.3). The VDI/VDE 2630-1.3 guideline describes a 
test procedure including performance characteristics, like the 
length measurement error or the probing error. A simple perfor-
mance parameter that can be used to monitor the precision and 
stability of the CT scanning geometry (axis system, kinematics, 
etc.), disregarding all physical interaction effects in X-ray imag-
ing and influences from image processing (thresholding), is the 
sphere distance error (VDI-2634-3). The sphere distance error 
SD is obtained as the difference between the measured value Lka 
and the calibrated value Lkr of the center-to-center distance of 
spheres’ center positions using Gaussian fits and is given by

 SD L L= −ka kr  (47.4)

The maximum permissible error, MPESD, specified by the 
manufacturer must be complied with in the whole measuring 
volume for any arrangement of the artifact. Its determination 
is carried out on a random basis in several different positions. 
Figure 47.14 shows a multi-sphere specimen (left) and the result 
of a performed test in terms of the sphere distance error (right). 
The red lines denote the maximum permissible error (MPE) 
stated by the CT manufacturer.

47.7 Conclusions

X-ray CT is a powerful and flexible imaging technology 
enabling non-destructive testing of manufactured parts and 
products within the entire product life cycle. The main ques-
tion of the future of this technology is: What value is within 
a three-dimensional digital copy of a materialized object for 
engineers within a development, production, or even recycling 
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process of parts and products in the real and digital factory? In 
other words, does CT help engineers to be faster, more inno-
vative, to produce high quality products, as well as to save 
resources? CT technology will increase its performance in 
terms of accuracy, flexibility, safety, speed, and degree of auto-
mation in coming years. However, the question above remains, 
and all possible users of CT are prompted to study their busi-
ness processes of today and forward-thinking of tomorrow to 
answer this question. Particularly when thinking about addi-
tive manufacturing and individual (complex) products, radia-
tion-based methods are very promising and could possibly play 
an important role in the future for fast product development 
and the production of high quality products, which are 100% 
tested by means of CT.
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48
Influence of Scatter in X-ray Imaging and Scatter 
Correction Methods for Industrial Applications

Carina Stritt, Mathieu Plamondon, Jürgen Hofmann, and Alexander Flisch

48.1 Artifacts from Scattered Radiation

Scattered photons are one of the main sources of image degrada-
tion in industrial X-ray computed tomography (CT) (see Section 
III, Chapter 32). The scattered radiation that reaches the detector 
represents an additional signal contribution that does not corre-
spond to the classical model of straight line X-ray beam attenu-
ation, described by the Beer–Lambert law. This means that the 
scattered radiation introduces high non-linearity in the CT scan. 
As a result, scattered radiation leads to a considerable blur in 
the measured X-ray images, which leads to a general loss of 
contrast in the radiographs as well as the reconstructed images. 
Since scattered photons add, by definition, spurious signals, 
their effects are generally similar to beam hardening artifacts. 
Moreover, the non-linearity introduced by scattered radiation 
adds to the image degrading effects beam hardening has on the 
measurement (Kasperl et al. 2003). This means scattered radia-
tion enhances beam hardening artifacts such as cupping and 
streaking. Cupping artifacts can commonly be observed in large 
and uniform areas of an object. Instead of a homogeneous area, 
a reconstructed volume exhibits a non-uniform gray value distri-
bution, where the attenuation values in the middle of the object 
are underestimated. Streaking artifacts mainly occur between 
high-contrast details in the object volume. They are caused 
mainly by photon starvation; however, beam hardening and 
scattered radiation add to the image degradation effect, leading 
to streak artifacts in the reconstructed images. Typically, these 
artifacts appear as dark streaks connecting the high-absorbing 
features with adjacent bright streaks.

Figure 48.1 shows the exemplary case of an X-ray CT 
measurement of an aluminum cylinder head exhibiting the 

aforementioned artifacts. It can be seen that streaks occur along 
directions with high attenuation. Moreover, in Figure 48.1, it 
can be seen that cupping introduces an artificial variability in 
the gray value of the reconstructed image for single material 
regions.

Scatter artifacts constitute a considerable problem in industrial 
CT. The general loss of contrast, as well as the cupping and the 
streaks, can impede the detection of defects. Particularly, dimen-
sional measurements suffer from scattered radiation. The blurred 
edges in the reconstructed volume hinder an accurate surface 
detection, and thus, prevent the exact measurement of sizes and 
wall thicknesses.

48.2 Sources of Scattered Radiation

48.2.1 Physics of X-ray Scatter

X-rays travelling through matter can undergo several different 
physical interactions. These interactions can result in the scat-
tering or the absorption of the incident photon. The four main 
interactions of X-rays in matter are the photoelectric effect, 
Rayleigh scattering, Compton scattering, and pair production 
(see Section I, Chapter 1). The quantitative occurrence of these 
effects depends on the energy of the incident photon as well as 
the atomic number of the material. This means that the relative 
importance of these physical interactions in a given X-ray CT 
scan depends on the spectrum of the X-ray beam as well as the 
material of the object under investigation.

Figure 48.2 shows that, while photoelectric absorption is dom-
inant for X-ray energies below 100 kiloelectronvolt (keV), inco-
herent scattering in the form of Compton interactions dominates 
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for X-ray energies of several hundred keV. Pair production 
becomes relevant for photon energies above 1 megaelectronvolt 
(MeV). Moreover, it exceeds Compton Scattering as the domi-
nant physical interaction for energies above 10 MeV.

At small X-ray energies, the photoelectric effect dominates 
over all other physical interactions. For a given material of 

atomic number Z and an incident photon of energy E, the occur-
rence probability of the photoelectric effect is approximately 
proportional to:

 P Z /E with 4 n 5photoelectric effect
n 3 5∝ ≤ ≤. ,  

X-ray source: 

Spot size:

Filter:

Scan time:

# of projections:   720

Voxel size:

X-ray collimator: rectangular, lead
detector collimator: no

X-ray collimator: 2 mm slit, lead
detector collimator: horizontal slit

450 kV, 3.0 mA

1.0 mm

1.0 mm, W

80 min

0.35 × 0.35 × 0.35 mm3

(a)

(c)

(b)

FIGURE 48.1 Measurement of an aluminum cylinder head under low and high scatter conditions showing the typical artifacts that scattered radiation 
introduces into the images. (a) Shows the aluminum cylinder head and one radiograph. (b) Scan and reconstruction parameters. The typical cupping and 
streaking artifacts can be seen in one reconstructed slice of the cylinder head in (c) corresponding to the horizontal line in (a). Low scatter conditions were 
achieved by slit collimation at the detector. 
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FIGURE 48.2 Plot of the photon cross-sections for steel at various energies. The cross-section data for this plot were retrieved from the NIST photon 
cross-section database XCOM. It can be seen that, for low X-ray energies around 80 keV, the photoelectric effect, dominates over all other interactions. At 
energies of several hundred keV, for example at the 300 keV line, Compton scattering, is the main physical interaction process. At higher energies exceeding 
1 MeV, pair production events can occur. However, the process of pair production, supersedes the Compton interaction as dominant interaction process only 
for energies above 10 MeV.
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In a photoelectric interaction, the incident photon interacts 
with an electron that is bound to an atom. The energy of the pho-
ton will be fully absorbed in the process and, as a result, the 
electron will be kicked off the atom. This energy needed for the 
photoelectric effect to occur has to exceed the binding energy of 
the electron in the atom. The photoelectric effect leaves behind 
an ionized atom with a vacancy in one of its bound shells. This 
vacancy will subsequently be filled by an outer shell electron of 
the atom or a free electron in the material. During this process 
of rearrangement of the electron in the bound shells of the atom, 
excess energy will be radiated away in the form of characteristic 
X-rays.

The Compton interaction describes the inelastic scattering of 
a photon by an electron. In typical X-ray CT context, the elec-
tron involved in a Compton scattering event is typically a lightly 
bound electron of an atom. Compton interactions lead to the 
deflection of the incident photon, accompanied by a transfer of 
a part of the energy of the photon to the recoil electron. The 
transferred energy can vary over the whole range of the energy 
of the interacting photon. This, in turn, means that all scattering 
angles of the photon are possible. The shift in energy observed 
for the photon is dependent on the scattering angle. It is typically 
described by the photon’s wavelength shift, which is inversely 
proportional to its energy:

 Δλ θ= −( ( )) (h/ m c (1 cos ))e  

The probability of the occurrence of a Compton scattering 
event is linearly proportional to the atomic number of the mate-
rial. The angular distribution from Compton interactions is given 
by the Klein–Nishina formula. A plot of the angular distribu-
tion of Compton scattered photons with respect to their initial 
energy shows that Compton scattered radiation is highly forward 
directed for high-energy photons while the distribution is sym-
metric in the forward and backward directions for photons with 
very low energy. An exemplary case of angular distributions of 
Compton scattered photons at different energies can be seen in 
Figure 48.3.

In contrast to the Compton interaction, Rayleigh scatter-
ing can be described as an elastic scattering event, because the 
energy of the interacting photon doesn’t change. Rayleigh scat-
tering angles are typically much smaller than Compton scatter-
ing angles. Rayleigh scattering mainly has to be considered in 
very low energy X-ray applications. At energies of several tens 
of keV, Rayleigh scattering dominates over all other X-ray scat-
tering interactions.

In the presence of a nucleus or an electron, a photon can create 
a pair of an electron and its antiparticle, the positron. This inter-
action is called pair production. In order to create these two par-
ticles, the incident photon needs to have an energy that is at least 
twice the rest energy of the electron. As a result, pair production 
does not occur for photon energies below 1.022 MeV. The posi-
tron created in a pair production event will likely annihilate with 
a nearby electron. This will result in the creation of a pair of two 
photons, commonly known as annihilation radiation. The two 
photons will both have an energy of 0.511 MeV, corresponding 
to the rest mass of the electron. Moreover, the annihilation pho-
tons will be oppositely directed due to momentum conservation. 

Bethe and Heitler (1934) were the first to derive the differential 
cross-section for the process of pair production. To date, several 
corrections have been added to the formula, such as the Coulomb 
Correction and a correction for screening, as well as radiative 
corrections. Generally, pair production can be described as 
increasing approximately with the square of the atomic number 
of the interacting matter and increasing with photon energy. Pair 
production dominates for energies above 10 MeV. From energies 
of 100 MeV on, the cross-section of pair production saturates, 
which means it can be characterized by a constant.

Besides the physical interactions involved in the scattering 
process, the order of scattering of incident photons at the detector 
is of importance when trying to mediate scatter artifacts. Figure 
48.4 shows a sketch of a cone beam CT setup with single and 
multiple scattered photons. If a photon underwent only one scat-
tering event on its way to the detector, it is considered as part 
of the single scattered radiation. Due to knowledge of the rela-
tive importance of all physical interactions as well as knowledge 
of the differential cross sections of the interactions, the impact 
of single scattered radiation can be estimated analytically. This 
will be presented in Section 48.3.2. Multiple scattered radiation 
is much more involved as it contains photons that underwent 
several scattering events, including scattering through different 
physical interactions. As a result, the amount and distribution of 
multiple scattered radiation are much harder to estimate. With 
increasing X-ray beam energies and increasing object sizes, the 
ratio of multiple to single scattered radiation will increase. This 
means that the impact of multiple scattered photons on the mea-
sured signal is of particular importance for high-energy X-ray 
CT measurements. Figure 48.5 shows the simulated distribu-
tions of single and multiple scattered photons for an aluminum 
step cylinder measured with a 450 keV X-ray source. The first 

0°

30°

60°

90°

120°

150°

180°

210°

240°

270°

300°

330°

1 keV
100 keV
500 keV
1 MeV
10 MeV

2 · 10−29

8 · 10−29

6 · 10−29

4 · 10−29

FIGURE 48.3 Plot of the Klein–Nishina distribution of cross-sections of 
the Compton scattering angle at different photon energies. The different val-
ues of the cross-section quantify the likelihood of a Compton scattering event 
at a given angle with respect to the direction of incidence of the photons.



962 Handbook of X-ray Imaging

and higher order scatter was distinguished using a Monte Carlo 
simulation.

48.2.2  Sources of Scattering in an X-ray CT Setup

In a common CT system, three general sources of scattered 
radiation can be distinguished (Stritt et  al. 2016b). First of all, 
the object itself is an obvious origin of scattered photons. As 
described previously, the scattering events are an essential part 
of X-ray interactions with matter. Moreover, besides the absorp-
tion of photons, scatter events are a part of the attenuation pro-
cess which forms the basis of X-ray imaging. This means the 
object cannot be avoided as a source of scattered radiation in 
the image formation process. There are methods to reduce the 
impact of object scattered radiation in the measured signal. They 
will be described in the following sections. In addition to the 
object, other sources of scattering in the X-ray imaging process 

can be found. Particularly, components of the X-ray CT setup, 
such as mounts, shielding, and walls, can act as a second source 
of scattered radiation, which is known as the environmental 
scattered radiation. Especially, multiple scattered photons from 
CT-system components can reach the detector and thus lead to 
image degradation. Finally, the detector itself can be an origin of 
scattered radiation. Housing, entrance windows, and other detec-
tor components cannot be neglected in the investigation of scat-
tered radiation in the X-ray signal (Stritt et al. 2016a).

These three sources of scattered radiation have a distinct dis-
tribution with respect to the measured X-ray signal. Figure 48.6 
shows these distributions of scattered radiation for the exemplary 
setup introduced in Figure 48.4 with a steel step cylinder as the 
object. Object scattered radiation is highly dependent on the 
size and form of the sample. In contrast to the object scattered 
radiation, the scatter signal arising from peripheral equipment is 
much more isotropic and can generally be treated as a gray value 
dependent offset (Schütz et al. 2014). This is mainly due to the 
fact that environmental scattered radiation consists, to a large 
part, of multiple scattering events. The high order of scatter-
ing evens out the contribution in the measured signal. The third 
source of scattered radiation, detector internal scattering, can be 
highly complex. It is not only dependent on the structure of the 
detector but also on the energy and angle of the incident photons. 
Detector internal scattering includes not only forward scattered 
radiation from the entrance window and collimation or shielding, 
but also backscattered photons from the housing and the detector 
base material. Due to the proximity of the detector components 
in the imager’s setup, scattered radiation can be essentially mod-
eled as an image blur. This blur can be measured with traditional 
imaging performance measures, such as the modulation transfer 
function of the detector in a given X-ray setup.

48.3 Scatter Correction Methods

Scatter correction methods can be classified in three general cat-
egories. Firstly, scatter artifacts can be reduced by decreasing the 
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impact of scattered radiation from system components. The con-
cept of optimizing an X-ray CT system with respect to scattered 
radiation is described in the following Section 48.3.1. Another 
category of scatter correction methods is based on estimating 
the scatter signal in the measurement of offline corrections. This 
method can be either hardware based or depend on analytical 
estimations. Section 48.3.2 will discuss these methods and their 
respective merits in the field of X-ray scatter correction. Finally, 
the third category will examine X-ray simulations in the context 
of X-ray scatter correction in Section 48.3.3.

48.3.1 Scatter Reduction by System Design

The first concept of scatter reduction in X-ray images is based on 
the concept of system optimization. Scattered radiation can be 
reduced by a careful choice of system design parameters such as 
distances, materials, collimators, or filters.

First of all, a carefully chosen source collimation can hinder 
the unnecessary irradiation of system components by primary 
radiation, and thus it directly reduces scattered radiation from 
the environment. Specifically, the irradiation of shielding mate-
rial at the detector can lead to unwanted scatter signals at the bor-
der of the X-ray images (Stritt et al. 2016b). Also, unnecessary 
irradiation of manipulator or detector mount can lead to unavoid-
ably scattered radiation.

Similarly to source collimation, collimation at the detector 
can help reduce the overall scatter to primary ratio at the detec-
tor. The choice of detector collimation is certainly limited by the 
system geometry. In a fan-beam setup, detector collimation in 
the form of single collimated detector elements or slit collima-
tion can reduce the amount of scattered radiation in the signal 
by cutting out photons that arrive at the detector in other angles 
than the primary beam (Stritt et al. 2014). Figure 48.7 shows the 
comparison of the result of a measurement of a cylinder head 
performed in both fan-beam and cone beam geometry. However, 
fan-beam systems are only able to scan objects slice-wise, thus 
increasing measurement time considerably.

The concept of detector collimation in fan-beam geometry 
can also be extended to cone beam setups. For flat panel detec-
tors, detector collimation takes the form of anti-scatter grids. 
These grids work on the same principles as fan-beam detector 

collimators. They were first introduced as grating diaphragms by 
Bucky (1913). They are based on the fact that scattered photons 
reach the detector under a different angle than the primary beam. 
This means filtering out radiation with respect to its incident 
angle can reduce the amount of scattered radiation in the mea-
sured signal. An example of an anti-scatter grid can be seen in 
Figure 48.8. The success of an anti-scatter grid in a given X-ray 
CT setup is dependent on the correct choice of all parameters 
associated with these grids. Particularly, the anti-scatter grids are 
described by their geometrical properties, such as the height, the 
thickness as well as the grid ratio, but also by the material chosen 
for the grid (Chan and Doi 1982). Figure 48.9 shows a simula-
tion study investigating the impact of an anti-scatter grid. It can 
be seen that the anti-scatter grid successfully reduces scattered 
radiation in the measurement. Anti-scatter grids typically pose 
the challenge of correct alignment of the grid with the primary 
beam. Moreover, the production of anti-scatter grids involves a 
trade-off between an accurate and high grid ratio as well as a 
thick and high-absorbing grid material.

Specifically, when using collimation in an X-ray CT setup, 
particularly collimation at the detector, a trade-off between the 
reduction of scattered radiation and signal strength has to be con-
sidered (Stritt et al. 2014). Especially, anti-scatter grids consti-
tute a large loss in information in the radiograph. Moreover, for 
high energies and for high-resolution detectors, anti-scatter grids 
become impossible to design. High-resolution detectors would 
require a very fine anti-scatter grid so as not to reduce the resolu-
tion of the detector. High energies, however, would require very 
dense and large grids in order to filter out the scattered high-
energy photons. Additionally, the precise alignment required 
for anti-scatter grids with the primary beam hinders a versatile 
X-ray CT setup as changes in the source to detector distance will 
prompt a necessary realignment of the grid.

A simpler method for reducing scattered radiation in the mea-
sured signal involves changing the distance of the X-ray CT 
system. First of all, a correct choice of the source to detector 
distance, matching the system geometry, is of importance, in 
order to avoid unnecessary scattered radiation from irradiated 
system components such as mounts or shielding (Stritt et  al. 
2016b). Additionally, increasing the distance between object and 
detector can help reduce the amount of scattered radiation in 

Object Detector and shielding Peripheral equipment

FIGURE 48.6 Distributions of scattered radiation with respect to the system components of the setup shown in Figure 48.4.



964 Handbook of X-ray Imaging

the radiograph as well. This procedure is known as the air-gap 
method (Neitzel 1992). Particularly, a larger distance between an 
object and the detector will lead to a reduction of object scat-
tered radiation at the detector. The air-gap method is based on the 
fact that scattered radiation will, to a large part, consist of X-rays 
that are directed under larger angles with respect to the primary 
beam. This means that a large travel distance between the ori-
gin of scattering—the object—and the detector will increase the 
probability of scattered radiation missing the detector. The air-
gap method is mainly known in the field of medical X-ray imag-
ing, but it can be shown to work in industrial CT as well (Stritt 
et al. 2016b). However, the maximum size of the air gap is limited 
by the object size, which makes it impractical for most applica-
tions. Moreover, given a typical CT inspection task, the distance 
between the object and the detector will naturally be chosen to 
be as big as possible to increase the magnification of the scan.

Another interesting method for reducing scattered radiation 
involves adding beam filtration to the X-ray source. As pre-
viously seen, the occurrence of the different physical interac-
tions highly depends on the energy of the photons. Moreover, 
the energies of scattered X-ray photons will be lower than the 
energies of the incident photons due to the inelasticity of most 
of the scattering processes. This means that filtering out low 
energy photons from the initial spectrum of the beam will gen-
erally reduce the occurrence of scattering interactions in the 
measurement. Moreover, most X-ray CT setups nevertheless 
need filter material at the source in order to shape the beam. 
However, filtration has to be chosen with care, as it will reduce 
the overall flux of photons in the measurements, which will 
increase measurement time and can, in the worst case, dramati-
cally increase the signal coming from electronic noise in the 
radiographs.
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FIGURE 48.8 Anti-scatter grid for hardware reduction of scattered radiation in cone beam computed tomography. (a) and (b) show a sketch of the anti-
scatter grid employed in the system. (b) details how the strips of the grid have to be aligned with the X-ray beam. (c) shows a photo of an anti-scatter grid.

Cylinder head (Al) 10.5 × 19 × 43 cm

X-ray source:  450 keV, 3.3 mA, focal spot 1.0 mm, not collimated  

Detector:         Flat-panel detector, CsI, 30 × 40 cm, not collimated         

Image:              660 × 660 × 552, voxel size: 0.35 cm3            
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FIGURE 48.7 Reconstruction of an aluminum cylinder head measurement performed in fan-beam and cone beam geometry. The cone beam 
 measurement was reconstructed with both a Feldkamp–Davis–Kress (FDK) reconstruction algorithm and a statistical reconstruction based on an 
ordered subset maximum likelihood algorithm for transmission (OSML-TR) CT. The fan-beam measurement was reconstructed using filtered back 
projection (FBP).
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48.3.2 Scatter Estimation Methods

Another class of scatter correction methods is based on scatter 
estimation in combination with offline corrections of the mea-
surement. Scatter estimation can either be hardware based or 
depend on analytical estimations of the scattered radiation in the 
X-ray images.

Hardware scatter estimation methods include the beam-shadow 
(Siewerdsen et al. 2006) and beam-stop methods (Peterzol et al. 
2008, Schörner et al. 2011a) as well as the method of primary 
modulation of the X-ray beam (Schörner et al. 2011b). All of these 
approaches are based on the concept of measuring the amount of 
scattered radiation at distinct locations in the radiograph. The 
complete scatter signal will subsequently be computed through 
interpolation.

Dependent on the inherent X-ray CT system design, the X-ray 
beam shadow method becomes more or less viable. If the system 
design entails collimation that partially covers the active area 
of the detector, this region can be directly used for X-ray scat-
ter estimation. The signal measured in the so-called collimator 
shadow (the regions behind the collimator that block the primary 
X-ray beam) can be associated with scattered radiation. An inter-
polation of this scatter contribution over the full image is able 
to estimate the full scatter signal in the radiograph (Siewerdsen 
et al. 2006). This beam-shadow measurement is, of course, only 
possible as long as there is a set of regions in the radiographs that 
is covered by a collimator. If the full field of view is necessary for 
a measurement, this method can no longer be applied.

The measurement of X-ray scatter by beam-stop array arti-
ficially introduces the X-ray scatter measurement points by 
placing a set of high-attenuating media in front of the detector. 
Typically, the beam-stop medium will be arranged in the form 
of a grid; this setup is called the beam-stop array. Similarly to 
the beam-stop array, the X-ray scatter can also be measured by a 
beam-hole array (Schörner et al. 2011a). In a CT setup employ-
ing a beam-hole array, most of the primary beam is blocked by 
a sheet of high-attenuating material. The X-ray beam can only 
reach the detector through small holes in the sheet. In the same 
way as for the collimator-shadow method and the beam-stop 
array, the scatter for the projections is estimated from the signals 
measured at the regions of the detector where the primary signal 
is blocked.

Measurement of X-ray scatter by beam-stop array can be 
assumed to be more exact than the collimator-shadow method 
due to the better sampling of the scatter distribution in the radio-
graph. However the beam-stop array directly reduces the total 
information in the radiography. This can be mediated by per-
forming two scans of the object, one with and one without the 
beam-stop or beam-hole array. The scatter projections calculated 
in the first scan will then be used for the correction of the second 
scan. It is noteworthy that both the beam-shadow and the beam-
stop method require the full attenuation of the X-ray beam at 
certain parts of the X-ray image. This means that, for very high 
energy X-ray systems, the beam-stop method becomes impracti-
cal because a lot of material is required to fully stop the beam.
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that the grid reduces scattered radiation by a factor of three.
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In contrast to the beam-shadow and beam-stop methods, in 
the method of scatter estimation by primary modulation, the grid 
placed in between the source and the object is not required to 
fully stop the beam (Schörner et al. 2011b). The grid introduces 
a modulation into the primary X-ray beam. By comparing the 
initial primary modulation with the primary modulation of the 
radiographs of the scan, the blurring introduced by scattered 
radiation can be estimated and a deconvolution can be applied.

In contrast to hardware based scatter estimation approaches, 
analytical scatter correction methods do not require a change of 
the system setup. Generally, analytical scatter correction meth-
ods rely on the fact that, in many cases, in industrial CT, the 
Compton scatter process dominates over all other physical inter-
actions. This means that the scattered radiation can be estimated 
using the Klein–Nishina formula that describes the differential 
cross-section per unit solid angle of the Compton scattering 
event. With the help of these analytical calculations, scattered 
radiation is typically described by a point spread function depen-
dent on specific measurement parameters, which is used to 
deconvolve the X-ray images (Boone and Seibert 1988, Wang 
et al. 2005). However, this approach of estimating the scatter sig-
nal in the measurement from analytical calculations is generally 
limited to single scattered radiation. For measurements where 
multiple scattered radiation constitutes a significant part of the 
scatter distribution, analytical estimations based on single scatter 
calculations will not be able to adequately estimate the scattered 
radiation in the measurement.

Other analytical scatter formulas assume a constant and 
homogeneous contribution of the scattered radiation to the radio-
graphic image. The simplest case of these corrections would be 
the assumption of a constant scatter offset in the radiographic 
images which can be corrected by subtraction. More elaborate 
scatter corrections include a gray value dependency similar to 
the typical beam hardening correction formulas. Schütz et  al. 
(2014) proposes a gray value dependent correction formula spe-
cifically designed to correct for the detrimental effects of envi-
ronmental scatter:

 T 1 T T Tb b0 0= + ′ −( )  

Here, T0 describes the environmental scatter corrected trans-
mission value and ′T0  the measured transmission. The correction 
term Tb = Ib/If describes the relative strength of the environmen-
tal scatter Ib with respect to the flat field value If.

48.3.3 Scatter Simulation

A third class of scatter correction methods is based on the con-
cept of scatter simulation. The X-ray simulations result in an 
equivalent simulated version of the X-ray image, with the differ-
ence that the simulation software can provide more information 
about the measured signal. This additional information enables 
the differentiation between primary and scattered radiation. As 
a result, the simulated scattered radiation can be subtracted from 
the X-ray measurements in order to correct for the additional sig-
nal introduced by the scattered photons.

There are several different options for X-ray imaging simu-
lations. X-ray simulations can be deterministic, based on ray 

tracing or transfer matrices, or they fall under the large category 
of Monte Carlo simulations. Generally, the name Monte Carlo 
simulation describes a class of algorithms that are based on a sto-
chastical procedure using repeated random sampling. For X-ray 
imaging applications, the term Monte Carlo simulation typically 
describes single particle tracking approaches that use the under-
lying physical cross-sections in order to simulate the photon paths 
and their interactions with matter in an X-ray CT setup. Monte 
Carlo simulations are useful in these cases because the underly-
ing physical problem of X-ray transportation through the system 
with all X-ray interactions contains too many coupled degrees of 
freedom for it to be solved analytically. It can be assumed that 
the scatter estimation from Monte Carlo simulation is accurate as 
long as all simulation parameters, such as cross-sections, X-ray 
spectra as well as the simulated system components, the object, 
and its material, are known and correctly implemented. Despite 
their accuracy, Monte Carlo simulations are not used very often 
as a scatter correction method. This is due to their high computa-
tional effort, which is a result of the high photon statistics neces-
sary for a valid simulation result.

Nevertheless, full simulations of X-ray systems have been per-
formed several times in order to characterize and quantize the 
impact of scattered radiation (Miceli et al. 2007). However, these 
simulations are typically used for analysis purposes only. They 
serve the purpose of determining the details of scattered radia-
tion for a specific X-ray system. Due to the high amount of infor-
mation that can be retrieved in Monte Carlo simulations, these 
system simulations can help to optimize the entire CT-setup. A 
clear understanding of the impact of system components in a 
given X-ray CT system can help to amend a large part of the prob-
lem of scattered radiation (Schütz et al. 2013). Thereby, Monte 
Carlo simulations can help find an appropriate system re-design. 
Accordingly, full system Monte Carlo simulations can help iden-
tify optimal system and measurement parameters. Performing 
a set of simulations in order to test a large set of measurement 
parameters is arguably easier with a Monte Carlo simulation than 
the completion of all corresponding measurements. Regardless 
of that, the determination of optimal measurement parameters by 
system simulation will, in any case, reduce the necessary beam 
time for a measurement, which can be helpful if there is limited 
system access.

However, Monte Carlo simulations are not only helpful in 
designing and changing X-ray CT setups. Additionally, extensive 
simulation work can help in the development of correction proce-
dures and algorithms. Most of these procedures rely on similar-
ity of scattered distributions. They typically result in numerical 
approximations of the scatter contribution as a function of gray 
value and X-ray spectrum.

Aside from using pre-simulation work for the development of 
correction algorithms, some approaches for scatter correction 
in X-ray CT try to use Monte Carlo simulations directly and in 
an iterative way. In order to do this in a feasible fashion, most 
of these methods try to reduce the computational effort of the 
simulations to shorten computation time. Likewise, Monte Carlo 
simulations can be used to pre-simulate scatter kernels for differ-
ent materials and material thicknesses. The scatter kernels can 
be used in order to deconvolve the measured projections.

Another approach involves using Monte Carlo simulations in 
a hybrid way (Thierry et  al. 2009, Freud et al. 2005). Hybrid 
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simulations typically incorporate elements of both deterministic 
and Monte Carlo simulations. Hybrid simulations are based on 
the fact that it is generally possible to analytically estimate the 
quantity of single scattering in the projections. This means the 
purpose of Monte Carlo simulations in a hybrid simulation is the 
estimation of the amount of multiple scattering in the measured 
signal. A comparison between a full Monte Carlo and a hybrid 
simulation of the scattered radiation of an aluminum step wedge 
can be seen in Figure 48.10.

Aside from hybrid simulations, the so-called forced detection 
technique (Thierry et al. 2007) can be used in order to optimize 
the computation time of Monte Carlo simulations. The forced 
detection algorithm drives the occurrence of specific physical 
interactions as well as their detection. As a consequence, the sta-
tistics of scattering events are increased but biased, which has to 
be corrected for in the analysis of the results. By increasing the 
probability of certain events, computation time can be acceler-
ated significantly.

A general problem with the simulation of X-ray CT measure-
ments is that all system components have to be known, including 
the shape and material composition of the object that is measured. 
This means that, ideally, a large amount of previous information 
about the object is available, which is not always possible. Direct 
simulations of an X-ray measurement can still be performed in 
the case of metrological applications where all geometrical and 
material information about the object is available. For unknown 
objects, the input for the simulation software has to either be esti-
mated with similar primitives or approximated using a first rough 
reconstruction of the measurements, which can be corrected iter-
atively using several subsequent runs of the simulations.

48.4 Summary

This chapter presented the impact of scattered radiation on indus-
trial X-ray CT. Artifacts introduced by scattered radiation in the 

reconstructed images were described, and the underlying physics 
at different energies and for different materials were discussed. 
Finally, three categories of scatter correction approaches were 
introduced and their respective merits were examined. It is note-
worthy that these different scatter correction concepts are not 
mutually exclusive. Not only is it possible to combine several of 
the suggested techniques, it is even recommendable to use vari-
ous scatter correction approaches, depending on the task at hand. 
While full system simulations can help in the design of an X-ray 
CT system optimized with respect to scattered radiation, analyti-
cal scatter estimation methods might be more suitable for day-
to-day operations. Moreover, the applicability of the different 
techniques presented here is highly dependent on the energy of 
the X-ray source, as well as the shape, size, and material of the 
object under investigation. For a large set of similar objects, pre-
simulated  scatter corrections might work well for offline scatter 
corrections, while measurements with little pre-knowledge might 
require an operator to switch from cone beam to fan-beam geome-
try. In general, it is important to know the impact of scattered radi-
ation in a given X-ray CT setup, in order to have an understanding 
of the amount of scattering at the measurement energies. With this 
knowledge, the optimal scatter correction method can be chosen.

REFERENCES
Bethe, H. and W. Heitler. 1934. On the stopping of fast particles and 

on the creation of positive electrons. Proceedings of the Royal 
Society of London. Series A 146(856), 83–112.

Boone, J. M. and J. A. Seibert. 1988. An analytical model of the scat-
tered radiation distribution in diagnostic radiology. Medical 
Physics 15(5), 721–725.

Bucky, G. 1913. A grating-diaphragm to cut off secondary rays from 
the object. Archives of the Roentgen Ray 18(1), 6–9.

Chan, H. P. and K. Doi. 1982. Investigation of the performance of 
antiscatter grids: Monte Carlo simulation studies. Physics in 
Medicine and Biology 27(6), 785–803.

Monte Carlo simulation (2 . 109 γ)  

(a) (b) (c)

Hybrid method 

Total signal 

First-order scattering

–10

104

105

106

107

–5 0 5 10

Σnth-order scattering

Hybrid method

Geant4

Profiles along the dashed line

Pixel

D
ep

os
ite

d 
en

er
gy

 (M
eV

)

Aluminum step wedge:

Thickness:      2 cm
Step depth:    2 cm
Step lengths:  2, 4, 6, 8, and 10 cm

Distance source – object:     100 cm 
Distance source – detector:  150 cm 

FIGURE 48.10 Comparison between the distributions of primary and scattered radiation calculated with a full Monte Carlo and a hybrid simulation. The 
object is an aluminum step wedge simulated with the spectrum of a 450 keV source. The Monte Carlo simulation was performed with the simulation frame-
work Geant4. (a) Simulation parameters, (b) Projections of primary, single scattered and multiple scattered radiation of an aluminum step wedge simulated 
using Monte Carlo simulations and a hybrid approach, and (c) comparison of the profile extracted from the Monte Carlo simulation as well as the hybrid 
method. Profile is extracted along the dashed line shown in the simulated radiographies on the left.



968 Handbook of X-ray Imaging

Freud, N., J. Létang, and D. Babot. 2005. A hybrid approach to 
simulate X-ray imaging techniques, combining Monte Carlo 
and deterministic algorithms. IEEE Transactions on Nuclear 
Science 52, 1329–1334.

Kasperl, S., M. Franz, R. Hanke, U. Hassler, and S. Schröpfer. 2003. 
Quality improvements for cone-beam CT using beam hard-
ening and scattering correction. Proceedings of 3rd World 
Congress on Industrial Process Tomography. Banff, Canada, 
September 2–5, 2003, pp. 2–5.

Miceli, A., R. Thierry, A. Flisch, U. Sennhauser, F. Casali, and M. 
Simon. 2007. Monte Carlo simulations of a high-resolution  
X-ray CT system for industrial applications. Nuclear 
Instruments and Methods in Physics Research Section A 583, 
313–323.

Neitzel, U.. 1992. Grids or air gaps for scatter reduction in digital 
radiography: A model calculation. Medical Physics 19(2), 
475–481.

Peterzol, A., J. M. Létang, and D. Babot. 2008. A beam stop 
based correction procedure for high spatial frequency 
scatter in industrial cone-beam X-ray CT. Nuclear 
Instruments and Methods in Physics Research Section B 
266, 4042–4054.

Schörner, K., M. Goldammer, and J. Stephan. 2011a. Comparison 
between beam-stop and beam-hole array scatter correc-
tion techniques for industrial X-ray cone-beam CT. Nuclear 
Instruments and Methods in Physics Research Section B 269, 
292–299.

Schörner, K., M. Goldammer, and J. Stephan. 2011b. Scatter cor-
rection by modulation of primary radiation in industrial 
X-ray CT: Beam-hardening effects and their correction. 
International Symposium on Digital Industrial Radiology 
and Computed Tomography, Berlin, Germany, June 20–22, 
2011, Mo.3.2.

Schütz, P., I. Jerjen, J. Hofmann, M. Plamondon, A. Flisch, and 
U. Sennhauser. 2014. Correction algorithm for environmen-
tal scattering in industrial computed tomography. NDT&E 
International 64, 59–64.

Schütz, P., A. Miceli, A. Flisch, I. Jerjen, J. Hofmann, and U. 
Sennhauser. 2012. Strategies for the reduction of environmen-
tal scattering in X-ray computed tomography. Conference on 
Industrial Computed Tomography. Wels, Austria, September 
19–21, 2012, 143–150.

Schütz, P., A. Miceli, I. Jerjen, A. Flisch, J. Hofmann, R. Brönnimann, 
and U. Sennhauser. 2013. Reducing environmental scatter-
ing in industrial computed tomography by system redesign. 
NDT&E International 58, 36–42.

Siewerdsen, J. H., M. J. Daly, B. Bakhtiar, D. J. Moseley, S. Richard, 
H. Keller, and D. A. Jaffray. 2006. A simple, direct method for 
X-ray scatter estimation and correction in digital radiography 
and cone-beam CT. Medical Physics 33(1), 187–197.

Stritt, C., P. Plamondon, J. Hofmann, A. Flisch, and U. Sennhauser. 
2016a. Performance quantification of a flat-panel imager in 
industrial mega-voltage X-ray imaging systems. Nuclear 
Instruments and Methods A, 848, 73–80.

Stritt, C., P. Plamondon, P. Schütz, J. Hofmann, A. Flisch, and U. 
Sennhauser. 2016b. Quantitative assessment of scattering con-
tributions in high energy cone-beam computed tomography. 
Materials Testing 58, 122–126.

Stritt, C., P. Schütz, J. Hofmann, A. Flisch, and U. Sennhauser. 
2014. Quantitative assessment of scattering contributions in 
MeV-industrial X-ray computed tomography. Proceedings of 
the 11th European Conference on Non-Destructive Testing. 
Prague, Czech Republic, October 6–10, 2014.

Thierry, R., A. Miceli, J. Hofmann, and A. Flisch. 2007. Fast 
Estimation of Single Scattering Projections: A Simulation 
Case in Cone-Beam CT. IVth NDT in Progress, Prague, Czech 
Republic, November 5–7, 2007, 122–216.

Thierry, R., A. Miceli, J. Hofmann, A. Flisch, and U. Sennhauser. 
2009. Hybrid simulation of scatter intensity in industrial 
cone-beam computed tomography. Nuclear Instruments and 
Methods in Physics Research Section A 598, 611–619.

Wang, L., Y. Liu, and K. Kang. 2005. Scatter considerations in ultra-
high-resolution high-energy X-ray transmission imaging sys-
tems. Nuclear Instruments and Methods in Physics Research 
Section A 538, 747–755.



Section IV

Phase-Contrast X-ray Imaging 
and Other Aspects



971

49
Theory of X-ray Phase-Contrast Imaging

Daniele Pelliccia, Marcus J. Kitchen, and Kaye S. Morgan

49.1 Introduction

Before making his discovery of “a new kind of rays” public, 
W.C. Röntgen spent 6 weeks of uninterrupted work in his labora-
tory, meticulously experimenting on the properties of the new 
phenomenon he had just discovered. At the end of that 6-week 
period he made his first public communication at the Würzburg 

Physico-Medical Society (Röntgen 1895, 1896a,b) (see Section 
II, Chapter 17). The discovery of the new rays and their abil-
ity to make  photographic images of bones inside the body was 
arguably the first truly global media hit by a scientific discov-
ery. Promptly amplified by the media, the new “photography” 
was soon adopted by physicians and surgeons in their practice 
(Assmus 1995)  (see Section II, Chapter 18).
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The astounding new medical applications of X-rays obscured 
other results that were contained in Röntgen’s first account. 
X-rays shared with visible light the ability to imprint photo-
graphic plates, and, therefore, Röntgen set out to search for other 
effects, such as diffraction, refraction, or focusing, in analogy 
with visible light. Using a modern terminology, Röntgen was 
looking for phase effects in the X-ray beam. Experimenting with 
conventional (at the time) optical elements, he could find no con-
clusive evidence of reflection or refraction of X-rays, concluding 
that X-rays cannot be deviated by ordinary optical elements.

The very nature of the new rays was obviously obscure at 
the time of their discovery, but evidence of the electromagnetic 
nature of X-rays began accumulating, starting with the work of 
Dutch physicists Haga and Wind (1899), who found evidence 
of X-ray diffraction from a slit, and eventually became clear 
with the discovery and interpretation of X-ray diffraction from 
crystals (Bragg and Bragg 1913; Friedrich et al. 1913; von Laue 
1913).

Today, a multitude of experimental techniques are based on 
the wave nature of the X-ray fields (Als-Nielsen and McMorrow 
2011). Specifically, with the advent of powerful synchrotron 
sources (see Section I, Chapter 8), and more recently of innova-
tive X-ray laboratory sources, refraction and interference phe-
nomena of X-ray fields can be routinely observed and used for 
experiments. The classical diffraction theory, describing wave 
propagation and image formation through optical systems, can, 
therefore, be rigorously applied to X-ray waves, just as it is com-
monly done for light waves. As a consequence, X-ray phase 
effects in imaging (X-ray phase-contrast imaging) can be confi-
dently used alongside attenuation effects.

This chapter will present the wave optical formulation of X-ray 
phase-contrast imaging and the different ways phase-contrast 
can be used to generate image contrast with and without optical 
elements.

49.2 Wave Equations and Paraxial Fields

The propagation of scalar fields is the basic tool of the electro-
magnetic theory we will need to describe the foundations of 
phase-contrast X-ray imaging. In this section, we shall introduce 
the basic ideas upon which all the understanding of phase-con-
trast X-ray imaging, in its different forms, is based.

49.2.1  Spectral Decomposition of a Wave 
Function and the Helmholtz Equation

In this paragraph, we shall introduce the basic optical formal-
ism of wave propagation and describe the approximation of par-
axial field that is commonly employed to describe X-ray wave 
propagation.

Let us begin with a scalar field function, Ψ(x, y, z, t), of three 
spatial coordinates, x, y, z, and time, t. Ψ(x, y, z, t) is the solution 
of the d’Alembert equation in vacuum:
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In Equation 49.1, c is the speed of light in vacuum, and ∇2 = 
(∂2/∂x2) + (∂2/∂y2) + (∂2/∂z2) is the Laplacian operator. Following 
the approach adopted in Paganin (2006), we spectrally decompose 
Ψ(x, y, z, t) into monochromatic components using the Fourier 
integral:
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where each monochromatic component of the field with angular 
frequency, ω, has been written as the product of a spatial part, 
ψω(x, y, z), and a harmonic time-dependent term. By direct sub-
stitution of Equation 49.2 into Equation 49.1, one can verify that 
each (monochromatic) time-independent spatial wave function, 
ψω(x, y, z), must satisfy the equation:

 ( ) ( , , ) ,∇ + =2 2 0k x y zψω  (49.3)

with k = ω/c and, again, the equation is valid in vacuum. 
Equation 49.3 is called the Helmholtz equation and is the key 
equation underpinning most of the results in X-ray phase-con-
trast imaging.

Describing an imaging process by means of the Helmholtz 
equation usually suffices when the X-ray beam is monochro-
matic (or quasi monochromatic), a situation commonly encoun-
tered in synchrotron-based X-ray imaging. However, most of the 
radiological imaging is done with polychromatic X-ray generated 
by X-ray tubes with non-trivial spectral properties. In this case 
the spectral decomposition of the wave function into monochro-
matic components has a huge practical importance: it enables 
the description of imaging processes with a time-independent 
approach for each monochromatic component, which can then 
be combined to obtain the complete description of the polychro-
matic process.

49.2.2 Paraxial Fields

From a theoretical perspective, the very nature of electromag-
netic waves precludes the possibility of perfectly confined light 
transport across free space, that is to say we cannot generate 
waves with zero angular spread without confinement. However, 
under certain conditions, one can generate waves with small 
angular spread, a situation that is commonly referred to as “light 
beam” (Saleh and Teich 1991). A beam is an electromagnetic 
wave propagating in free space with small divergence. In a beam, 
the electromagnetic energy is concentrated within a small region 
about the beam axis, with small spread compatible with the wave 
nature of light.

An electromagnetic field with such properties is called a par-
axial field. A common example of a paraxial field is a laser beam, 
whose paraxial nature is defined by the resonating cavity in which 
the beam is generated (Svelto and Hanna 1976). Importantly, in 
most situations involving phase-contrast imaging, X-ray fields 
also behave as paraxial fields. This interesting aspect, which we 
shall discuss in detail in the next sections, enables one to apply 
the mathematical formalism of paraxial fields to phase-contrast 
imaging. Using paraxial fields is a great advantage because it not 
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only simplifies the equations involved in the theoretical descrip-
tion of phase-contrast imaging, but, more importantly, enables 
simple algorithms for phase retrieval.

Let us introduce here the mathematical formalism of paraxial 
fields and discuss the approximations implicit in the paraxial 
assumption. Let us consider the monochromatic spatial scalar 
wave function ψω(x, y, z) solution of the Helmholtz equation. In 
the following, we shall drop the subscript ω, tacitly assuming 
the wave field to be monochromatic, unless otherwise specified. 
Such a field is said to be paraxial when

 ψ( , , ) ( , , )x y z x y z ikz= Φ e  (49.4)

and the variations of the complex envelope, Φ(x, y, z), with the 
longitudinal position, z, are much smaller than its variation in a 
transverse plane (x, y). In this way, ψ(x, y, z) displays beam-like 
propagation properties along the z-axis, so that its slowly vary-
ing complex envelope, Φ(x, y, z), is modulated by a carrier plane 
wave, eikz. This situation is graphically depicted in Figure 49.1, 
which shows a 2D paraxial wave for simplicity.

The condition of nearly longitudinal propagation can be stated 
more formally by noting that the variation ΔΦ(x, y, z) within a 
longitudinal distance Δz = λ = 2π/k must be much smaller than 
Φ(x, y, z) itself:
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Since ΔΦ(x, y, z) = (∂Φ(x, y, z)/∂z)Δz = (∂Φ(x, y, z)/∂z)λ, it 
follows that
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With a similar chain of arguments, the analogous inequality 
for the second derivative of the complex envelope can be derived:
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The condition (Equation 49.7) can be used as a formal defini-
tion of a paraxial field. When substituting Equation 49.4 for the 
paraxial field into the Helmholtz (Equation 49.3), Equation 49.7 
can be used to neglect the term ∂2Φ/∂z2 with respect to k∂Φ/∂z 

and k2Φ, to obtain what is known as the paraxial Helmholtz 
equation:
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In Equation 49.8, ∇T
2  is the transverse Laplacian 

∇ = ∂ ∂ + ∂ ∂T x y2 2 2 2 2( ) ( )/ / . The paraxial Helmholtz equation is 
the approximation of the Helmholtz equation under the condition 
of slowly varying envelope.

A notable solution of the paraxial Helmholtz equation is the 
Gaussian beam, a key concept in the theory of optical resona-
tors and lasers (Svelto and Hanna 1976). Another very important 
class of solution—central to our discussion about phase-contrast 
X-ray imaging—is the parabolic wave front, a concept heavily 
used when studying the near-field diffraction of X-rays after 
interacting with a sample.

49.3  Inhomogeneous Equations and 
the Refractive Index

The previous section was devoted to the propagation of scalar fields 
across empty space. All equations we derived are rigorously valid 
in vacuum. Obviously, any phase-contrast imaging effect requires 
the interaction of the X-ray wave with a sample, and, therefore, the 
equations must be generalized to the presence of media.

In this section, we shall briefly introduce the interaction mech-
anism of X-rays with matter, describing the basic equations and 
the commonly used approximations in the study of the interac-
tion of X-rays with macroscopic objects.

49.3.1 Inhomogeneous Equations

Our task for this section is to generalize the wave propagation 
equations to account for the presence of materials. In optics, 
this is commonly accomplished by introducing a macroscopic, 
 position-dependent, and frequency-dependent (but time- 
independent) quantity called the refractive index. We shall indi-
cate the refractive index with the symbol n(x, y, z), again omitting 
its explicit dependence on the frequency, ω. The refractive index 
is defined as the square root of the ratio between the electrical 
permittivity of the material, ε(x, y, z), and the electrical permit-
tivity of the vacuum, ε0:
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The d’Alembert equation in the presence of non-magnetic 
media takes the form:
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(49.10)

Before proceeding further, a clarification is in order. The 
d’Alembert (Equations 49.1 and 49.10), and indeed all subsequent 
equations, are valid for a scalar field (i.e., for a single component 

Carrier wave
Φ

z

FIGURE 49.1 Graphical representation of a paraxial wavefield. The car-
rier wave (oscillating) is shown in black, and the slowly varying envelope Φ 
is shown in gray.
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of the electric or the magnetic field). This is indeed already an 
approximation: in general, the wave function is a vector quan-
tity, describing the evolution of both electric and magnetic field 
components and their mixing. Therefore, a single scalar wave 
equation is in principle not sufficient when polarization effects 
must be taken into account, as is common practice in visible light 
optics. Nevertheless, for most cases in hard X-ray imaging, the 
variations in the optical density of any media are sufficiently 
slowly varying over length scales comparable to the wavelength, 
that the electric and magnetic field components can be consid-
ered effectively decoupled (see Paganin 2006). This justifies our 
tacit initial approximation of using a scalar theory to study X-ray 
wave propagation.

Having briefly discussed this issue, we can resume our dis-
cussion on the wave propagation in the presence of media. 
Following the same procedure we discussed for the propagation 
in vacuum, the complex field obeying the d’Alembert (Equation 
49.10) can be written as superposition of monochromatic fields 
using the Fourier integral in Equation 49.2. In turn, each mono-
chromatic component obeys the inhomogeneous Helmholtz 
equation (again the explicit frequency dependence has been 
omitted):

 ( ( , , ) ) ( , , ) .∇ + =2 2 2 0n x y z k x y zψ  (49.11)

Further, since we can almost always assume the paraxiality 
conditions to be valid, we can write the paraxial inhomogeneous 
Helmholtz equation for the complex envelope which, following 
the treatment of the previous paragraph, takes the form:
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With the paraxial inhomogeneous equation, we now have all 
the mathematical tools to study X-ray phase-contrast effects in 
imaging, as well as the different methods to extract quantitative 
information about the sample from phase-contrast data.

49.3.2 More on the Complex Refractive Index

The inhomogeneous equations written above are very general, 
and can be applied to any electromagnetic wave, not just X-ray 
waves. The refractive index has peculiar characteristics in the 
X-ray region of the spectrum that can be used to simplify the 
solution of the inhomogeneous equation.

It is well known that the refractive index of optical materi-
als for visible light is significantly larger than 1, where 1 is by 
definition the refractive index of vacuum. Moreover, for most 
visible optical elements, at least in the first approximation, the 
absorption can be neglected. For X-rays, on the other hand, the 
difference of the refractive index from unity is extremely small 
(of the order of 10−6 for hard X-rays), and the attenuation effects 
are always non-negligible. The X-ray refractive index is usually 
expressed as

 n i= − +1 δ β.  (49.13)

The real part, δ, is related to the refraction (dispersion), and the 
imaginary part, β, to the absorption.

Figure 49.2 shows the calculated values of δ and β for three 
representative human tissues, using density and composition as 
reported in White et al. (1989), in the energy range between 10 
and 200 keV. It is evident that the real part of the refractive index 
is always about two orders of magnitude larger than the imagi-
nary part.

We will see in Section 49.5 that conventional radiology is 
based on attenuation imaging, related to the imaginary part of 
the complex refractive index. Phase-contrast, on the other hand, 
yields a quantity that is related to the real part, δ. It is often 
said that, since in the spectral region of interest for radiology 
it is always δ β� ,  phase-contrast is always stronger than the 
attenuation contrast. While this statement is true in principle, it 
does not hold true in practice, given the fundamental difference 
between the measurement of attenuation and phase. Therefore, 
justifying the development of X-ray phase-contrast imaging 
solely on the comparison between δ and β is too simplistic and 
does not take into account the actual ways in which the measure-
ments are performed.

A more interesting and sensible comparison can be made 
when considering the difference in contrast between similar tis-
sues. With reference again to Figure 49.2, we can observe that 
the cortical bone refractive index is well separated from soft tis-
sues refractive index (hence, the good quality of bone imaging 
in conventional radiology), but the difference between adipose 
and skeletal muscle tissue is extremely small. Nevertheless, 
when we compare the differences Δδ = δmus − δadip and 
Δβ = βmus − βadip between the real and imaginary parts of 
skeletal muscle and adipose tissue, respectively (as in Figure 
49.3), we notice that Δδ ≫ Δβ. This is a more significant fig-
ure of merit to compare attenuation and phase-contrast: phase-
contrast methods enable tiny differences in the real part of the 
refractive index to be more readily measured over attenuation 
contrast. In other words, phase-contrast may offer an advantage 
when one needs to distinguish between different types of soft 
tissues.

10–5

10–7

10–9

10–11

50 100 150 200
X-ray energy (keV)

δ Adipose tissue
β Adipose tissue

δ Cortical bone
β Cortical bone

δ Skeletal muscle
β Skeletal muscle

FIGURE 49.2 Calculated values of the refractive index for three represen-
tative human tissues: adipose tissue, cortical bone, and skeletal muscle. In 
all cases the real part, δ, of the refractive index is plotted with solid lines, 
and the imaginary part, β, is plotted with dashed lines.
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49.4 The Projection Approximation

The small magnitude of the complex refractive index means that 
the strength of the interaction of hard X-rays with matter is rather 
small. In other words, most of the X-rays that are passing through 
an object do not interact with the object at all, and the resulting 
imaging contrast is much poorer than in other forms of imaging. 
While this fact is understandably a nuisance when dealing with 
soft tissue imaging, it nevertheless allows a number of approx-
imations to be made on the underpinning mathematical treat-
ments. We already encountered one of these approximations, 
when we discussed the paraxiality conditions that are generally 
fulfilled in X-ray beams. Another extremely useful approxima-
tion, a consequence of the weakness of the interaction of X-rays 
with matter, is the projection approximation.

Let us work out the projection approximation with the aid of 
Figure 49.4. Let us consider a plane wave incident on a sample 
along the positive z-direction. At any position along the sample 

we can consider the “ray path” as the trajectory defined by the 
direction of the wave vector at that location in absence of the 
sample (dashed arrow). Given the negligible scattering that takes 
place within the sample, we can assume that the presence of the 
sample has a negligible effect on the local direction of the ray 
paths. All scattering within the sample can then be described 
by an exit wave, defined at a plane z = z0 immediately down-
stream of the object. Transverse changes in the amplitude and 
phase, accumulated by the unscattered wave front when travers-
ing the sample, are imprinted in the exit wave. Neglecting the 
scattering effects within the sample is equivalent to discarding 
the Laplacian term in the inhomogeneous paraxial Helmholtz 
(Equation 49.12), so that, in the projection approximation, we 
have
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This approximation describes the passage of rays through an 
object, by defining a nominal exit-surface, immediately “down-
stream” of the irradiated object, at which transverse phase and 
intensity changes are imprinted. The projection approximation 
assumes that all scattering within the object is fully described by 
this exit wave, with negligible diffraction within the scattering 
volume.

49.5 Visualizing X-ray Phase-Contrast

49.5.1 Attenuation, Phase, and Refraction

The boundary value problem for the differential in Equation 
49.14 can be solved using standard procedures (Paganin 2006), 
yielding the wave field at the position z = z0 as

 

Φ Φ( , , ) exp ( ( , , )) ( , , ).x y z
k
i

n x y z dz x y

z

0
2

0
2

1 0

0

= −


















∫
 

(49.15)

The complex refractive index is usually written as in Equation 
49.13, where the real and imaginary part δ, β ≪ 1 are related 
to the microscopic scattering coefficients of the interaction of 
X-rays with matter (Als-Nielsen and McMorrow 2011). Given the 
small value of δ and β compared to unity, n2 ≈ 1 − 2δ + 2iβ and, 
therefore,
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The previous formula gives us an expression for the phase shift 
and attenuation an X-ray wave undergoes when crossing a sam-
ple, in the projection approximation. The phase shift is given by 
the imaginary part of the exponent, Δφ = − ∫k x y z zz

0
0 δ( , , )d , and 

the attenuation by its real part, − ∫k x y,z zz
0

0 β( , )d . To gain a more 
solid physical understanding of the previous expressions, let us 
assume to have a single homogeneous material. In this  case, 

10–7

10–9

10–11

50 100 150 200
X-ray energy (keV)

δmus – δadip

βmus – βadip

FIGURE 49.3 Calculated difference between the real parts and the imagi-
nary parts of the refractive index of skeletal muscle and adipose tissue. The 
difference between the real parts is always much larger than the correspond-
ing difference between the imaginary parts. This is a genuinely significant 
figure of merit to highlight the potential advantages of phase-contrast over 
absorption contrast for soft tissue imaging.

Incident plane
wave Ray path

z

z = 0 z = z0

FIGURE 49.4 Schematic diagram showing the ideal path that the X-rays 
would cover—in the geometric approximation—in the absence of the sam-
ple. The projection approximation is equivalent to discarding any change in 
the ray path introduced by the presence of the sample.



976 Handbook of X-ray Imaging

δ and β are independent of the position, and the transmitted wave 
field can be written in a simple form:

 Φ Φ( , , ) exp[ ( ) ( , )] ( , , ),x y z k i t x y x y0 0= − +δ β  (49.17)

where t(x, y) is the projected thickness of the sample along the 
ray path. The intensity transmitted after the sample is simply the 
square modulus of the transmitted complex wave field:

 I x y z t x y I x y( , , ) exp[ ( , )] ( , , ).0 0= −µ  (49.18)

Equation 49.18 is the well known Beer–Lambert law of atten-
uation, where we have defined the attenuation coefficient as 
µ = 2kβ = 4πβ/λ.

49.5.2  Paraxial Fields and the Transport 
of Intensity Equation

One of the interesting features of the treatment we have just devel-
oped is that it is not possible to measure phase-contrast from a con-
ventional radiograph of the sample, thus, an intensity measurement 
taken immediately downstream of the sample. Any conventional 
detector will produce an intensity measurement that is propor-
tional to the square modulus of the complex wave field, and the 
information about the phase shift produced by the sample is lost. 
Fortunately, there are other ways to access the phase information.

Let us assume that a plane wave has interacted with a sample, 
and the complex wave field after the sample is Φ(x, y, z0). In the 
projection approximation, Φ(x, y, z0) is given by Equation 49.16. 
Let us also assume that, after the sample, the wave field propagates 
in vacuum. Therefore, at any position, z > z0, the field can again 
be described by the paraxial homogeneous Helmholtz equation. 
To make a step forward, let us rewrite the complex envelope as

 
Φ( , , ) ( , , ) ,( , , )x y z I x y z ei x y z

0 0
0= ϕ

 
(49.19)

where we have explicitly written the intensity and phase related 
to the complex envelope. If we substitute the above expression 
(Equation 49.19) into the paraxial homogeneous Helmholtz 
(Equation 49.14), and we equate to zero the imaginary part of 
the resulting expression, we obtain the so-called Transport of 
Intensity equation (TIE) (Teague 1983):
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Now, recalling that the only measurable quantity is the inten-
sity, the TIE has a huge practical importance: it provides a rela-
tion between the (measurable) intensity of a slowly varying 
envelope and the corresponding phase, in the paraxial approxi-
mation. We see then a way to measure the phase shift imparted 
by the sample to an incident wave, by measuring the intensity of 
the transmitted and propagated wave field.

A clarification is now in order: as it is clear from the Beer–
Lambert’s law of attenuation, the phase shift imparted by the 
sample cannot be extracted by conventional radiography (i.e., a 
contact intensity measurement). The discussion leading to the 

TIE, however, suggests that intensity measured after letting the 
beam propagate further downstream in empty space does contain 
phase information in it. This information is generally encoded, 
thus, it cannot be directly recovered during imaging. The way of 
decoding this information into something useful for imaging is 
the topic of the next section.

49.6 Introduction to Phase Retrieval

At first glance, one might think that a proper use of the TIE 
written in Equation 49.20 is sufficient to gain information about 
X-ray phase-contrast from samples. All that is needed is to let 
the wave field propagate in free space, and this will guarantee 
the appearance of phase-contrast in the image. While this is cer-
tainly true from a qualitative perspective—and indeed phase-
contrast is extremely useful to visualize weak samples in hard 
X-rays—there is a significant caveat when quantitative analysis 
is required.

It turns out that measuring X-ray phase by means of the TIE is 
not quite straightforward: the phase cannot be measured directly 
relying on the TIE, only phase derivatives are accessible.* Let us 
take another look at Equation 49.20, this time let us expand the 
derivatives on the first term:
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Since the longitudinal variation of the complex envelope is 
small compared to the transverse variation, at any position z > z0 
we can approximate
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where I(x, y, z0) is the intensity that is measurable right after 
the sample, given by Equation 49.18 for a uniform sample. With 
some algebraic manipulation, we arrive at the expression:
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(49.23)

Equation 49.23 states that the measurable intensity at any 
position z > z0 downstream of the samples contains three con-
tributions. The first contribution, I(x, y, z0), contains only the 
sample attenuation and, in the case of a weakly interacting 
object, this term would produce poor image contrast. The sec-
ond and third terms in Equation 49.23 contain the phase deriva-
tives. These are the ones used in all phase-contrast imaging 
techniques.

* The X-ray phase can indeed be directly measured with an X-ray crystal 
interferometer. We shall briefly discuss this type of interferometer later in 
Section 49.10.
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49.6.1 Propagation-Based Phase-Contrast

Propagation-based phase-contrast comes primarily from 
the third term appearing on the right-hand side of Equation 
49.23, namely − − ∇[( ) ] ( , , ) ( , , )z z k I x y z x y zT0 0

2
0/ ϕ . This term 

grows with the distance from the sample (so long as the dis-
tance z > z0 is not too large), and contains the Laplacian of the 
phase that modulates the attenuation image. The Laplacian of 
the phase is responsible for the characteristic edge-enhance-
ment effect in propagation-based phase-contrast imaging. It 
is worth noting that edge-enhancement is nothing else than 
Fresnel diffraction in the near-field regime (Paganin 2006). 
The edge-enhancement is generated because, in most cases, 
the transverse phase profile of a sample ϕ(x, y, z0) is smooth 
and slowly varying and, therefore, its Laplacian is negligible 
everywhere, except at the sample edges, where the phase pro-
file changes abruptly.

An example of propagation-based phase-contrast imaging is 
shown in Figure 49.5, showing the head of a bumblebee. The 
image has been acquired using synchrotron light at the beamline 
SYRMEP at Elettra (Trieste, Italy) using 25 keV X-rays and a 
distance of 60 cm between sample and detector. The propagation 
distance enables the appearance of the sharp fringe at the bound-
aries between features of different refractive index.

49.6.2 Differential Phase-Contrast

The second term appearing on the right-hand side of Equation 
49.23 can be used to measure a different type of phase-contrast, 
this time depending on the first derivative of the phase (trans-
verse gradient). This is usually referred to as differential phase-
contrast imaging, and it generally requires X-ray optical elements 
of sorts, or a focused X-ray beam, to be visualized.

The reason for that can be appreciated again in Equation 49.23. 
The relevant term contains the dot product, ∇TI(x, y, z0) ⋅ ∇Tϕ(x, 
y, z0), of the intensity gradient and the phase gradient. This 
means that, when a sufficiently strong intensity gradient is gener-
ated with an optical system before or after the sample, the phase 
gradient can be recovered with a suitable procedure that depends 
on the optical element used. We shall see several examples of 
differential phase-contrast imaging, and related phase retrieval 
techniques, in the following sections.

The connection between intensity gradient and phase gradient 
can be made more intuitive when noting that the phase gradi-
ent is proportional to the refraction angle that X-rays experience 
when crossing an interface between two media. With reference 
to Figure 49.6, let us assume a plane X-ray wave propagating in 
the z-direction, incident on a wedge of uniform, non-absorbing 
material with refractive index n = 1 − δ.

The phase difference between the wave fronts impinging at the 
positions y and y + Δy is Δφ = δkΔt, where Δt is the difference 
in thickness between the two positions. For small displacements, 
it is Δt ≈ αΔy/δ, where α is the refraction angle (i.e., the change 
of the direction of the wave vector after the wave has traversed 
the wedge). To appreciate this point, we must recall Snell’s law at 
the exit interface between the medium and the vacuum:

 ( )sin sin .1 1 2− =δ θ θ  (49.24)

Now we can use the fact that, for hard X-rays, the refraction 
angle is small: α = θ1 − θ2 ≪ 1 and, therefore, Snell’s law can be 
rearranged in the form

 α δ θ≈ tan .1  (49.25)

By looking again at Figure 49.6, we have Δt = Δy tan θ1 ≈ 
αΔy/δ. Therefore, Δφ/Δy = kα, which, for very small displace-
ments, can be written as
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Equation 49.26 links the refraction angle α to the differential 
phase in the same direction. We shall see in the following that 
all differential phase-contrast techniques are realized by intro-
ducing an angular sensitivity in the imaging setup, so that small 
deviation of the wave front direction caused by the sample can 

1 mm

FIGURE 49.5 Free-space propagation X-ray image of the head of a bum-
blebee. The image has been acquired using 25 keV synchrotron X-rays at the 
SYRMEP beamline at Elettra (Trieste, Italy). The distance sample-detector 
was 60 cm and the detector pixel size was 14 µm.

Incident ray
Refracted ray

Refraction angle

z

y

y + Δy

Δt

θ1

θ2
α

FIGURE 49.6 Diagram used to calculate the relation between the refrac-
tion angle and the differential phase experienced by an X-ray beam after 
traversing a wedge-shaped sample.
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be readily visualized. The measurement of the refraction angle 
in any given direction yields the differential phase in the same 
direction.

In closing this section, we note that, since both propagation-
based phase-contrast and refraction contrast require a non-zero 
propagation distance, z (see Equation 49.23), it is normal to 
observe both effects concurrently during the same measurement. 
Depending on the system used to measure differential phase-
contrast (see the following sections for details on that), one can 
extract both kinds of signal from the same experiment. An exam-
ple is shown in Figure 49.7, showing experimental X-ray images 
of a portion of an ant. Figure 49.7a shows the propagation-based 
phase-contrast imaging. Figure 49.7b,c shows the differential 
phase-contrast imaging in the horizontal and vertical direction, 
respectively.

49.7  Introduction to Visualizing X-ray Scattering

It is well known that, in the interaction with materials, X-rays 
can be scattered. Both elastic and inelastic processes can occur, 
where elastic processes are predominant at low X-ray energy (i.e., 
below about 30 keV), while inelastic scattering (Compton scat-
tering) is the predominant mechanism at higher X-ray energy.

Compton scattering is an incoherent process in that X-rays 
are scattered in all direction, regardless of the direction of the 
incoming wave. Compton scattering is a nuisance in medical 
imaging, since the halo associated with the incoherent scatter-
ing degrades the imaging contrast. Increasing the propagation 
distance and employing anti-scatter grids are the typical coun-
termeasures that are taken to minimize the deleterious effects of 
Compton scattering in medical imaging.

The situation for elastic scattering is different. Elastic pro-
cesses are “coherent”, thus, the direction of the scattered X-rays 
is related to the incident direction and the sample morphology. 
Widely-used techniques of small-angle X-ray scattering (SAXS) 
exploits this kind of idea. SAXS or USAXS (ultra-small-angle 
X-ray scattering) are extremely powerful to obtain information 
from samples that are not resolvable in conventional imaging, for 
instance nanoparticles and nano-structures. By measuring the 
angular distribution of the scattered X-rays, information about 
the size, shape, and distribution of the nano-structures can be 
obtained.

The physics of formation of SAXS/USAXS and phase- 
contrast imaging is essentially the same; however, phase-contrast 

is generally measured on a microscopic (or macroscopic) length 
scale and results from the coherent contribution of extended 
interfaces, whereas SAXS is the result of a very large number of 
scattering events happening at the nanoscale. Therefore, in a con-
ventional imaging experiment, SAXS and USAXS can generally 
degrade the image contrast, just as Compton scattering does. The 
notable difference is that SAXS/USAXS are coherent processes, 
and it turns out that differential phase-contrast techniques are 
generally suited, with minor modifications or additional post-
processing, to produce SAXS/USAXS maps of the samples.

To be more precise, while current imaging systems are gen-
erally not able to resolve sub-micron features individually, the 
scatter imaging modalities are extremely useful in distinguishing 
regions within the sample where such features are present, by 
looking at the overall scattering originated therein. For instance, 
macroscopic regions of increased porosity within a sample, or 
regions composed of fibrils, can be singled out by measuring the 
scattering contrast. Scatter imaging techniques are often referred 
to as “dark field” imaging. It is also possible to extract directional 
dark field information that arises when there are many scattering 
features aligned in a certain direction (Jensen et al. 2010).

We will only briefly describe this signal in the following 
 sections, as a detailed treatment of scatter imaging techniques 
can be found in the following chapters.

49.8  Propagation-based Phase-Contrast 
X-ray Imaging

Whilst phase-contrast can aid in visualizing objects that weakly 
absorb radiation; phase-contrast can be considered as an aberra-
tion to an imaging system, insofar as the image no longer truly 
represents the object. For this and other reasons it is often con-
sidered important to quantitatively recover information about the 
sample from the images. The exit-surface wavefield provides a 
true image of the object, free of phase-contrast aberrations, and 
can reveal quantitative information about the object’s composi-
tion. However, it is currently impossible to directly recover this 
information, as X-ray detectors have only ever been capable of 
measuring the intensity (amplitude squared) and not the phase 
information. Recovery of this lost phase information from 
 intensity data alone is an ill-posed problem, and is commonly 
known as phase retrieval.

Many phase retrieval algorithms have been derived for propa-
gation-based phase-contrast, all of which have required multiple 

0.2 mm

(a) (b) (c)

FIGURE 49.7 Experimental X-ray images of a portion of an ant. (a) Propagation-based phase-contrast imaging, showing characteristic edge-enhancement 
proportional to the Laplacian of the phase. (b) Horizontal phase gradient (differential phase-contrast) proportional to the refraction angle in the horizontal 
direction). (c) Vertical phase gradient (differential phase-contrast) proportional to the refraction angle in the vertical direction).
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approximations to be made, and many of them are based on the 
TIE. Often the approximations are quite restrictive, for example 
limiting the sample to so-called “weak” or “pure phase” object 
approximations that limit their use with samples that minimally 
interact with X-rays. Others require that the sample is composed 
of a single monomorphous material (sometimes described as 
homogenous, or single material object). Here we describe a phase 
retrieval algorithm that falls into the latter category before extend-
ing the discussion to more general or multi-material samples.

Using the projection approximation (Paganin et  al. 2002) 
showed that it is possible to accurately recover the projected 
thickness of a monomorphous object from just a single propaga-
tion-based phase-contrast (PB) image. This algorithm requires 
a priori knowledge of the object’s energy-dependent attenu-
ation coefficient, µ, and refractive index decrement, δ. Ideally, 
the bandwidth of the radiation should be minimal, to ensure a 
quantitative reconstruction. Upon substitution of the projection 
approximation for the phase and intensity in the TIE and making 
use of the following identity

 
δ µ

δ
µ

µ∇ ⋅ − ∇ = − ∇ −T T TT x y T x y T x y{exp[ ( , )] ( , )} exp[ ( , )]2

 
(49.27)
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(49.28)

The derivative on the right-hand side can be approximated as 
the intensity difference between the contact plane and that of the 
phase-contrast divided by the distance between the planes, Δ 
(see Equation 49.22). Paganin et al. (2002) solved this differen-
tial equation via use of the Fourier derivative theorem to yield the 
projected object thickness as
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Here, F is the Fourier transform and kT is the Fourier space coor-
dinates dual to (x, y). Whilst this example may seem somewhat 
contrived due to the requirement of a monomorphous sample, this 
algorithm has proven to be extremely successful as it is highly 
robust against noise, unlike many alternative phase retrieval algo-
rithms. Instability is often created by division-by-zero type arte-
facts. Here we see that the denominator of this Fourier space filter 
will never likely be zero, hence its stability. It also depends on the 
ratio between δ and µ, both of which are proportional to the den-
sity of the medium, hence changes in material density throughout 
the material are permitted. Finally, this algorithm is limited by 
the TIE, and so should only be valid when a single interference 
fringe is visible upon free space propagation. However, it has been 
found to accurately recover the projected thickness of materials 
when the propagation distance is outside the limit of the TIE, as 
the “smoothing” properties of this algorithm wash away the fine 
fringes due to Fresnel diffraction (Mayo et al. 2003).

Wu et al. (2005) have devised an algorithm that is essentially 
identical to that presented above, but, rather than starting from 
the requirement of a monomorphous material, they showed that 
at sufficiently high energy (>60 keV) the attenuation coeffi-
cient of soft tissues is dominated by Compton scattering. In that 
limit, the attenuation is proportional to the electron density, ρe, 
with minimal dependence on the atomic number, Z, hence the 
soft tissue all have approximately the same attenuation coeffi-
cient. Since the real part of the refractive index decrement δ is 
also proportional to the electron density, the ratio of δ and µ is 
approximately the same for all such materials. The significance 
of this discovery for medical imaging comes from the need for 
relatively high energies (often >60 keV) for penetration through 
many centimeters of tissues. Based on the paraxial Fresnel-
Kirchhoff diffraction theory, their formalism (under plane wave 
illumination) enables the recovery of the object’s projected elec-
tron density as
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Here, σKN is the total cross-section for Compton scattering 
from a single free electron derived from the Klein–Nishina 
 formula, and re is the classical electron radius (for biomedical 
imaging applications, see Section IV, Chapters 50 to 52).

Yan et al. (2008) extended the work of Wu et al. (2005) to 
apply at all energies for multi-material samples. This method 
uses an iterative framework to reconstruct the exit-surface phase 
information using two images, one absorption contrast image 
and one phase-contrast image. Their attenuation-partition based 
(iterative phase retrieval) algorithm (APBA) begins with the ini-
tial assumption that the attenuation is purely due to Compton 
scattering. This enables a simple estimate of the attenuation 
information to be made, which must be corrected for the photo-
electric absorption contribution to attenuation. The algorithm 
uses the attenuation-partition method of Wu et al. (2005) to esti-
mate the amplitude and phase of the exit-surface wavefield using 
the phase-contrast image as the initial input. Two virtual objects 
are created, one being the object that will create the image when 
the attenuation-partition approximation holds, the other being the 
virtual object being responsible for the differences between the 
true phase-contrast image and that estimated using the initial 
virtual object. The measured attenuation contrast image is 
employed to measure the difference between this and the current 
estimate of the exit-surface amplitude. A phase-contrast image 
of the second virtual object is created to account for differences 
between the estimated and measured phase-contrast intensities. 
This procedure is repeated until changes in the amplitude of the 
second virtual object change negligibly between iterations.

Beltran et  al. (2010) later extended the phase retrieval algo-
rithm of Paganin et  al. (2002), enabling the application of the 
algorithm to multi-material samples, but without the restric-
tion of high energies as per the work of Wu et al. (2005). This 
approach requires just a single phase-contrast projection, and 
enables the user to focus on a material of interest (a) embedded 
in an encasing medium (b). The complex refractive index of all 
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materials needs to be known a priori, as does the total projected 
thickness of the sample, A(x, y). Using a similar chain of logic to 
Paganin et al. (2002) for a two-material sample under the pro-
jection approximation, and neglecting spatial derivatives of the 
encasing material, the projected thickness of the target material 
can be isolated as
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Here the difference between real and imaginary components 
of the refractive index of the material of interest and the encas-
ing medium are of primary importance. This algorithm is of 
particular utility for computed tomographic applications, as the 
total projected thickness, A(x, y), can readily be determined from 
reconstructed data. Importantly, multiple materials embedded 
within the same encasing medium can be isolated separately, and 
the results spliced together provided the internal materials are 
spaced by at least δ µa aΔ/ , as detailed in Beltran et al. (2010). 
Like the previously described algorithms, this formalism is gener-
ally highly stable in the presence of noise. For tomographic recon-
struction, Beltran et al. (2011) demonstrated improvements in the 
signal-to-noise ratio of phase retrieved data over absorption con-
trast data of up to 200-fold. Figure 49.8 shows such an example.

49.9  Analyzer-Based Phase-Contrast 
X-ray Imaging

An alternative phase-contrast technique that requires only a 
single post-object crystalline optical element is called analyzer-
based phase-contrast imaging (ABI) (Suortti et  al. 2013) (see 

Section IV, Chapter 53). Alternative names include the X-ray 
Schlieren method (Förster et al. 1980) and diffraction-enhanced 
imaging (DEI) (Chapman et al. 1996). For ABI, a near-perfect 
crystal analyzer is mounted between the object and detector (see 
Figure 49.9). The crystal is aligned with the beam incident upon 
atomic planes where the Bragg condition is satisfied for a specific 
X-ray wavelength, λ, at the Bragg angle, θB, namely

 2dhkl Bsin .θ λ=  (49.32)

Here, hkl are the Miller indices of the chosen atomic planes of 
the analyzer. Reflection from the analyzer only occurs for X-rays 
within a narrow angular range of the Bragg reflection. The result-
ing angularly dependent reflectivity is called the “rocking curve” 
(see Figure 49.9). The width of this curve is dependent upon the 
incident energy spectrum, the divergence of the incident wave-
field, and variations in thickness across the crystal (Zhong et al. 
2000; Rigon et al. 2002).

The analyzer crystal serves as an angular filter, selectively 
reflecting those photons that best satisfy the Bragg condition and 
rejecting most of those that do not. The rocking curve reveals 
the reflectivity expected for a given photon angle of incidence 
upon passing through the sample. Variations in phase gradi-
ents within a sample, therefore, lead to variable spatial inten-
sity distributions in the final image. Strong phase-contrast is 
obtained when the width of the rocking curve is comparable to 
the maximum deflection of the beam due to the phase gradients. 
For the µradian refraction angles typical for biomedical samples 
in the diagnostic energy regime, a narrow energy bandwidth is 
required to minimize the rocking curve width and provide strong 
phase-contrast. High temporal coherence and low beam diver-
gence is, therefore, essential for this modality. Narrower rocking 
curves provide greater intensity changes (and, hence, contrast) 
for smaller refraction angles, which mean the contrast is tune-
able by an appropriate choice of analyzer reflection and energy 
(Zhong et al. 2000; Lewis et al. 2003).

The orientation of the analyzer’s Bragg planes with respect 
to the incident beam determines the plane of diffraction, in 
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FIGURE 49.8 Left: Tomographic reconstruction of phase-contrast projections of an excised rat brain submerged in an agarose solution. X-ray 
energy = 24  keV, propagation distance = 5.0 m. Right: Tomographic reconstruction of the same slice upon performing single image phase retrieval 
(Equation 49.29) to each projection before tomographically reconstructing. The improvement in the signal-to-noise ratio of the data was calculated to be 
200 ± 50 using phase retrieval. (From Beltran, M. et al. 2011. Interface-specific X-ray phase retrieval tomography of complex biological organs. Physics in 
Medicine and Biology 56:7353–69. doi:10.1088/0031–9155/56/23/002, © Institute of Physics and Engineering in Medicine. Reproduced by permission of 
IOP Publishing. All rights reserved.)
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which the incident and reflected beams lie (here labeled as the 
y-z plane; see Figure 49.9). This plane determines the direction 
along which changes in beam direction will produce a change in 
contrast. In essence, ABI is only sensitive to phase-contrast in 
one-dimension, parallel to the diffraction plane. For diffraction 
vectors aligned in the y-z plane, phase gradients in that direction 
will alter the incident beam angle and change the intensity in a 
manner dictated by the shape of the rocking curve.

Herein we explore the formalism of ABI from a geometrical 
optics perspective. For early works on this topic, see Gureyev 
and Wilkins (1997) and Bushuev et al. (1998). This provides an 
intuitive understanding of how the modality provides image con-
trast, and is the basis of the majority of successful phase retrieval 
procedures to date. For an in-depth explanation of this modality 
from a wave-based perspective see, for example, Bushuev et al. 
(1998) and Paganin (2006). In the geometric limit, we consider 
waves as rays that can refract or scatter through an object. Recall 
that, for small scattering angles, the change in angle of the beam, 
here denoted with Δθ, is directly proportional to the phase gradi-
ent of the wavefield, as per Equation 49.26.

We define the Bragg angle peak to be located at angle θB = 0. 
The working point, θA, of the crystal can be chosen to control 
the contrast, which depends on the local gradient of the rocking 
curve. For an incident beam traveling in the z-direction, refrac-
tion by the sample deflects the X-ray beam by an angle Δθref in 
the x-y plane. Following Suhonen et al. (2007), we see that the 
beam’s local angle of incidence, θ, on the analyzer is

 
θ θ θ α θ θ= − = −A ref A yΔ Δcos .

 (49.33)

Here α is the azimuthal angle of the refracted beam, but the 
crystal is only sensitive to the component of the refracted beam 

parallel to the diffraction plane, Δθy. Figure 49.10 shows the 
geometry of the scattering vectors in the x-y plane.

Rays scattered by the object outside the angular range of the 
rocking curve (in the plane of diffraction) will produce negli-
gible intensity at the detection plane. Effectively this provides 
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FIGURE 49.9 Schematic of analyzer based phase-contrast imaging showing the geometrical optics construction for imaging a cylindrical object. The 
inset shows the analyzer rocking curve for the Si(333) Bragg reflection, as measured experimentally at 33 keV with a double bounce Si(311) monochromator 
at beamline 20B2 (SPring-8). Experimental data have been fit with a theoretical curve that incorporates beam divergence. θL and θH show the low and high 
angle points, respectively, where the reflected intensity is half the peak intensity at the Bragg angle, θB. (From Kitchen, M.J. et al. 2005. Phase contrast X-ray 
imaging of mice and rabbit lungs: A comparative study. British Journal of Radiology 78:1018–27.)
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FIGURE 49.10 Refraction and scattering of a pencil beam in the scatter-
ing vector scale, q = 2sin(θ)/λ. Refraction of the beam within the sample 
deflects it from point O to A. Radiation scattered about the central beam by 
small-angle scattering of vector q creates a halo around the beam, as indi-
cated by the circle. The horizontal lines indicate the “long receiving slit” of 
the analyzer crystal rocking curve (RC) centered at q = 2θA/λ = 2Δθy/λ + s. 
(Adapted from Suhonen, H. et al. 2007. Refraction and scattering of X-rays 
in analyzer based imaging. Journal of Synchrotron Radiation 14:512–21, 
Reproduced with permission of the International Union of Crystallography.)
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images virtually free of radiation scattered by more than a few 
µradians in the diffraction plane. The narrow rocking curve thus 
acts as a near ideal anti-scatter grid (Figure 49.9) with a very low 
scatter-to-primary ratio. The rejection of rays refracted (or scat-
tered) outside the rocking curve also produces additional image 
contrast, sometimes called “extinction contrast” (Chapman et al. 
1997; Zhong et al. 2000), that can actually dominate both phase 
and absorption contrast (Kiss et al. 2003).

Microscopic structures smaller than the resolution of the 
X-ray detector can coherently scatter radiation to small angles, 
of the order of mrad or less. The analyzer crystal can be highly 
sensitive to this small (and ultra-small) angle X-ray scattering 
(SAXS and USAXS). For a pencil beam traversing the sample, 
this scattered radiation will form a halo about the beam, as indi-
cated in Figure 49.10, which has been assumed to be axially 
symmetric. Using terminology common in the SAXS commu-
nity, the analyzer crystal is considered to be a Bonse–Hart cam-
era in the “long slit” geometry (Bonse and Hart 1965; Suhonen 
et al. 2007). This considers that the angular slit is “open” in the 
direction t, perpendicular to the diffraction plane. Hence, scat-
tering at a fixed position s, parallel to the diffraction plane is 
integrated in the lateral direction t, as seen in Figure 49.10. The 
projection of the scattering vector along the diffraction plane is 
given by

 
s A y= ≅

−2 2sin ( )
.

θ
λ

θ θ
λ

Δ

 
(49.34)

t indicates the component of the scattering vector, q, perpendicu-
lar to the diffraction plane along the “slit” opening, whilst the 
parallel component is denoted by u. It has been shown (Feigin 
and Svergun 1987) that the detected intensity integrated over the 
lateral opening of the detector is

 
I s R u I t s u t u( ) ( ) {[ ( ) ] } ./= + −∫∫ 2 2 1 2 d d

 
(49.35)

Here, R(u) is the rocking curve reflectivity in the scattering vec-
tor scale. Solving for the “long slit” intensity requires integration 
over t at s − u, denoted I∞(s − u), giving

 
I s R u I s u u R s I s( ) ( ) ( ) ( )* ( ),= − =∞ ∞∫ d

 
(49.36)

where * denotes the convolution operation.
Photoelectric absorption by the sample, combined with the loss 

of intensity from photons scattered beyond the extent of the rock-
ing curve, contribute to the attenuation. Measuring the ratio of the 
integral of the rocking curve with and without the sample yields, 
under the projection approximation, the net attenuation factor as
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Here, I0 is the intensity incident on the sample, and Rint(θA) is 
the intrinsic rocking curve measured without the sample.

X-ray scattering within the sample produces an angular distri-
bution, f(θ), of radiation incident on the crystal. When the rock-
ing curve is measured with the sample in the beam, the resulting 
reflectivity is the convolution of the Rint(θA) with f(θ) (Pagot et al. 
2003; Wernick et al. 2003)

 

R I I

z f R

A A

A y

( ) ( )

exp ( ) [ ( )] ,

θ θ

µ θ θ θ θ θ

≡

= −






 − −∫ ∫

/

d dint

0

Δ
 
(49.38)

where f(θ) has been normalized to unity. As a result of the con-
volution, the rocking curve measured with the sample is broader 
and flatter than Rint(θ). Alternatively, when the width of f(θ) is 
negligible, Equation 49.38 simplifies to

 
I I z RA A y( ) exp ( ).θ µ θ θ= −







 −∫0 d int Δ

 
(49.39)

Here, R(u) we see that the image contrast is directly related to 
the angle of refraction by the sample; hence, ABI is sensitive to 
the phase gradient (i.e., the middle term on the right-hand side of 
Equation 49.23).

49.9.1 Analyser-Based Phase Retrieval

As has been shown in Section 49.9, ABI can record information 
about a sample’s attenuation, refraction, and ultrasmall-angle 
scattering (USAXS) properties. Herein, we show some of the 
main results found for producing an increasing level of informa-
tion from analyzer-based phase-contrast (AB) images. The first 
section looks at reconstructing the projected thickness of a mono-
morphous material using just a single AB image in the absence 
of USAXS. We then look at recovering the intensity and phase 
of the wavefield passing through an arbitrary object, that pro-
duces negligible USAXS, using two AB images. Finally, we look 
at methods for recovering all three X-ray interaction parameters 
using multiple AB images. We restrict the discussion to those 
methods utilizing a geometrical optics approximation (GOA)-
based formalism (see Equation 49.39).

49.9.1.1 Monomorphous Material Reconstruction

Paganin et al. (2004) developed a series of phase retrieval algo-
rithms for extracting phase and amplitude information from 
AB images using wave-optics formalism. The simplest of these 
requires only a single AB image to reconstruct the projected 
thickness of a monomorphous (sometimes called a homogenous, 
or single material) object. The object’s energy-dependent attenu-
ation coefficient, µ, and refractive index decrement, δ, must be 
known a priori. Here the authors assume negligible USAXS 
from the sample, and assume the projection approximation 
to be satisfied. Briedis et  al. (2005) simplified their formalism 
under the GOA, couching it in terms of the readily measureable 
rocking curve, Rint. This approach requires the rocking curve 
to be approximated by a linear function, hence the best results 
are achieved on the half intensity points on the rocking curve 
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where the gradient is steepest and the curve approximately lin-
ear (see Figure 49.9). We begin by making a first-order Taylor 
series approximation of Equation 49.39 at point A on the curve 
for every point on the image in the x, y-plane, yielding
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(49.40)

Here IR(x, y) = I0 exp(−∫µ(x, y)dz) (projection approximation 
for attenuation), and we have dropped the “int” subscript from 
Rint for clarity. IR is called the “apparent absorption,” since the 
attenuation coefficient µ has a larger than normal contribution 
from radiation lost from photon scattering beyond the narrow 
angular extent of the rocking curve. Making use of the pro-
jection approximation for the phase of a single material, ϕ(x, 
y) = −kδT(x, y), the relation between phase gradient and refrac-
tion angle (Equation 49.26) and the following identity
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yields the following relation:
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This differential equation can be solved for the projected 
thickness using the Fourier derivative theorem as
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49.9.1.2 Phase and Amplitude Reconstruction

For recovery of the phase and amplitude information from arbi-
trary samples that produce negligible USAXS, Chapman et al. 
(1997) developed one of the first phase retrieval algorithms. In 
their seminal work, they recorded two images of the sample, one 
at either side of the rocking curve on the steepest part of the slope. 
At these angles, the rocking curve is approximately linear over 
a narrow range of angles, whence the intensity is approximately 
proportional to the phase gradient in the y-direction. Typically, 
images are acquired with the analyzer tilted to the half-maximum 
reflectivity points, labelled as L and H in Figure 49.9. This early 
method employed a first-order Taylor series approximation of the 
rocking curve (see Equation 49.40) at each of these points. With 
two images acquired at two working points on the rocking curve 
there is sufficient information to mathematically separate the 
“apparent absorption image,” IR(x, y), from the refraction angle 
image, Δθy(x, y). Solving these simultaneous equations yields
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When the refraction by the sample is comparable to the width of 
the intrinsic rocking curve, which can be quite common, the linear 
approximation fails to accurately reconstruct the phase and ampli-
tude information. As such, several authors have developed vari-
ous non-linear curve fitting techniques to analytically reconstruct 
these parameters. Variants include using higher order Taylor series 
expansions (Chou et al. 2007; Rigon et al. 2007) and curve fitting 
using Gaussian (Pavlov et al. 2001; Nesterets et al. 2006), Voigtian 
(Suhonen et al. 2007), and Pearson type VII functions (Kitchen 
et al. 2007, 2010). Naturally the Taylor series approximation will 
have limited accuracy far from the chosen working points, but, 
due to the “long slit” geometry of ABI, the tails of the rocking 
curve are typically very broad, hence a Gaussian function often 
does not suffice either. Voigtians are the convolution between a 
Gaussian and Lorentzian and, hence, offer a flexible fitting solu-
tion. However, the Pearson VII function offers a simple formalism 
that is highly flexible with limits of the Gaussian, Lorentzian, and 
modified Lorentzian; hence, we employ this formalism here.

The Pearson VII function has long been known to provide 
excellent fitting to diffraction peaks (Hall Jr. et al. 1977) and has 
the form

 y c ma m= + − −[ ( ) ( ) ] .1 0
2 2θ θ /  (49.45)

Here c, a, and m are all positive, real constants, and θ0 is the 
centroid of the distribution. Applying this form to Equation 49.39 
across the detection plane with the Bragg angle set to zero yields
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(49.46)

Acquiring images at two different crystal orientations 
(θA = θL,H) and dividing I(θH) by I(θL) enables the refraction angle 
image to be reconstructed as
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Here, B I IL H
m= /   and the negative sign outside the square 

root in Equation 49.47 provides the physically meaningful solu-
tion. Finally, the apparent absorption image can be reconstructed 
by substituting Equation 49.47 into Equation 49.46, giving
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Thus far, we have only considered using the analyzer as a mir-
ror that selectively reflects X-rays from the surface of a crystal in 
the so-called Bragg geometry (see Figure 49.9). An alternative is 
to use the Laue geometry, whereby Bragg reflection occurs from 
planes approximately perpendicular to the surface of the crystal, 
and the diffracted beam exits to the back surface of the crys-
tal. With a sufficiently thin crystal (typically <1 mm) it is pos-
sible to yields two beams simultaneously, namely the diffracted 
and transmitted beams. The intensity of the transmitted beam is 
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maximum when the crystal is aligned far from a Bragg condition 
and, by conservation of energy, is minimum when the diffracted 
beam is aligned to the Bragg peak (see Figure 49.11).

Rocking the crystal through the Bragg peak, therefore, yields 
approximately equal and opposite intensity gradients between 
the two beams. Therefore, it is possible to simultaneously record 
the two images required for performing phase retrieval via either 
of the formalisms described above. We note, though, that the 
algorithms are slightly altered to account for the different shapes 
of the two opposing rocking curves. A potential challenge with 
the Laue geometry is that, under plane wave illumination, the 
rocking curve is highly oscillatory, and the period of oscillation 
depends upon the thickness of the crystal. This phenomenon is 
known as the Pendellösung effect, and can be explained using 

dynamical diffraction theory, as described in Authier (2006), and 
has been used in so-called Dark Field Imaging experiments (see 
e.g., Sanaguchi et al. 2010). The downside to the Pendellösung 
effect for phase retrieval is that a simple bell-shaped curve can-
not be fit to the rocking curve, and Taylor expansion becomes 
impractical. However, imperfections in the imaging system 
readily remove these effects, restoring the rocking curves to 
bell-curves. Imperfections are readily achieved using a weakly 
divergent beam (milliradians), increasing the energy bandwidth, 
or imperfections in the crystal surface. Under these conditions, 
Kitchen et al. (2010, 2011) showed that the ratio of the diffracted 
to transmitted rocking curves is also a bell-shaped curve that can 
be accurately fit using a Pearson VII function, thereby making 
the phase retrieval process similar to that shown above.

49.9.1.3 Multiple Image Radiography

When USAXS makes a significant contribution to the image, 
a two-image reconstruction will yield considerable artefacts. 
Equation 49.38 reveals that the width of the rocking mea-
sured with the sample increases as the USAXS distribution, 
f(θ),  increases. Furthermore, the centroid is seen to shift com-
pared to Rint(θ) by the amount Δθy. By measuring rocking curves 
with the sample present compared to that without enables one 
to reconstruct the attenuation (see Equation 49.37), refraction, 
and USAXS information by measuring respective changes in 
the integral, centroid, and width of the curve compared with 
Rint(θ) (see Figure 49.12). In the language of statistics, these are 
the zeroth-, first-, and second-order moments (Pagot et al. 2003). 
Solving for the second moment is generally done by subtracting 
the full-width half-maxima of the rocking curves in quadrature, 
which yields an exact solution for Gaussian curves. Solving for 
all three moments requires multiple images of the object to be 
acquired at multiple orientations of the analyzer. This procedure 
is commonly known as Multiple Image Radiography (Wernick 
et al. 2003). Various authors have provided solutions to this prob-
lem using Taylor series expansions (Chou et al. 2007; Rigon et al. 
2007), curve fitting using Gaussian (Oltulu et  al. 2003; Pagot 
et al. 2003; Nesterets et al. 2006), Voigtian (Suhonen et al. 2007), 
and Pearson type VII functions (Kitchen et al. 2007, 2010), and 

FIGURE 49.12 Multiple image radiography of an adolescent mouse thorax. Left: Absorption image. Middle: Small-angle scattering map. Right: Refraction 
angle image. FOV: 21 × 21 mm2. X-ray energy: 26 keV. (Adapted from Kitchen, M.J. et al. 2010. X-ray phase, absorption and scatter retrieval using two or 
more phase contrast images. Optics Express 18:19994–20012.)
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FIGURE 49.11 Measured rocking curves (RCs) for the transmitted and 
diffracted beams through a Si(1 1 1) Laue analyzer using 26 keV X-rays. 
This plot shows the intrinsic rocking curves measured with no sample in the 
beam and with the beam transmitted through the lung of a mouse. The rock-
ing curves measured through the lung show reduced intensity due to absorp-
tion; a shift in peak position due to refraction; and broadening by USAXS 
within the sample. Each curve is measured using a single pixel from 260 
angular measurements in 0.1 arc second angular steps. (From Kitchen, M.J. 
et al. 2010. X-ray phase, absorption and scatter retrieval using two or more 
phase contrast images. Optics Express 18:19994–20012.)
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an iterative approach using maximum-likelihood expectation-
maximization (Wernick et  al. 2003). The accuracy of each 
method is primarily limited by how well the rocking curves can 
be modeled or fit.

49.10 Bonse–Hart X-ray Interferometry

Interferometric methods of phase-contrast X-ray imaging began 
with the Crystal Interferometer designed by Bonse and Hart 
(1965). This interferometer, shown in Figure 49.13, uses three 
crystals cut from a perfect single-crystal block to split, recom-
bine, and interfere the beam. The first crystal splits the beam 
into two by way of a symmetrical Laue reflection (see Section 
49.9.1.2), and the second reflects these two beams back toward 
each other. In order to render the phase interference effects vis-
ible at the pixel scale, the beams are combined at the third crys-
tal, with the detector placed soon after.

The phase depth of the sample can then be extracted from the 
detector image using one of several different methods. Typically, 
a wedge-shaped phase shifter is placed in the reference beam 
(Momose and Fukuda 1995). This reference beam, with a ramp 
in phase, will interfere with the constant phase of the sample 
beam, and result in periodic straight interference fringes at the 
detector. When a sample is introduced, these fringes will be dis-
torted according to the phase depth of the sample. If these fringes 
are of sufficiently high spatial frequency, a Fourier method may 
be used to extract the phase depth, as described by Takeda et al. 
(1982). Given the Fourier transform of the output image (Iout) is 
well described by
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the region around the Fourier peak at the fringe frequency (cor-
responding to the third term of Equation 49.49) can be extracted 
and the phase retrieved by taking angle of the inverse Fourier 
transform of that region, utilizing
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Alternatively, a series of exposures can be captured while the 
phase shifter is stepped so that the interference fringes slide 
across the sample, in a process known as “fringe scanning” 
(Bruning et al. 1974; Momose and Fukuda 1995). This enables 
better reconstruction of fine and quickly-varying phase features 
in the sample.

The retrieved signal will be modulo 2π, a problem known 
as “phase wrapping.” In the case of strong phase features, 
whose magnitude is larger than 2π, it is, therefore, necessary to 
“unwrap” this phase (Ghiglia and Pritt 1998).

Crystal Interferometry is the most sensitive technique to date, 
directly detecting the phase of the incident wavefield, rather than 
derivatives of the wavefield phase. The technique can also be 
combined with Computed Tomography for highly sensitive 3D 
structural characterization (Momose et al. 1996).

However, the wider adoption of a three-crystal interferometer 
has been somewhat limited by transmitting only a low energy 
bandwidth, as well as difficulties in manufacturing perfect 
crystals of sufficient size and keeping these crystals stable with 
time.

One solution to these obstacles is a “Grating Bonse–Hart” 
interferometer, where high frequency gratings are used in place 
of the crystals, as recently shown by Wen et  al. (2014). Here, 
three identical high frequency phase gratings (e.g., 200 nm 
period) are used, providing a large diffraction angle, so that the 
regime is like that of a crystal interferometer. The second grating 
is stepped perpendicular to both the grating lines and the direc-
tion of wave propagation. This will slide the interference fringes 
across the sample (analogous to stepping the phase shifter in a 
crystal interferometer), so that around six exposures can be cap-
tured to retrieve the phase (modulo 2π). This highly sensitive 
setup increases the efficiency of the Bonse–Hart interferometry 
system, reducing the strict requirements on spatial and temporal 
coherence.

49.11 Talbot/Grating Interferometry

Talbot/Talbot-Laue Interferometry (Momose et  al. 2003) or 
Grating Interferometry (David et  al. 2002) is a technique that 
has been widely adopted in research, and is promising as a future 
clinical imaging tool. This is in large part due to the robustness 
of the setup to low spatial and temporal coherence (Pfeiffer et al. 
2006) and the ability to extract three different imaging modes—
attenuation contrast, differential phase-contrast (David et  al. 
2002, 2007; Momose et al. 2003) (e.g., Figure 49.7b,c), and dark 
field contrast (Pfeiffer et al. 2008).

49.11.1 Talbot Effect

The Talbot effect (Talbot 1836; Rayleigh 1881; Cloetens et  al. 
1999) is central to the operation of the Talbot interferometer, 
and so we will first present this effect before moving onto the 
theoretical basis of the grating interferometry setup. The Talbot 
effect is seen in the propagation of a monochromatic wavefield 
through and beyond a grating structure, as shown in Figure 49.14.

Diffraction of the X-ray beam will result in a pattern that 
evolves with propagation, with the micro-beams self- interfering 
and eventually interfering with each other after significant 

Crystal 1 Crystal 2 Crystal 3

Sample

Detector

Phase
shifter

FIGURE 49.13 Crystal interferometer experimental setup, shown from 
“above.”
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propagation. According to the Talbot effect, this pattern will 
repeat at distance z from the absorption grating,

 
z

T
Talbot =

2 2

λ
,
 

(49.51)

where T is the period of the original grating, and λ is the wave-
length of the light (where λ ≪ T). This pattern will repeat 
at integer multiples of this distance (with decreasing visibil-
ity depending on the coherence of the source, not modeled in 
Figure 49.14), and periodic patterns of higher frequency will also 
occur at fractions of this distance, as seen in Figure 49.14.

Since the Talbot distances will not change significantly for 
light of a slightly different wavelength, the Talbot effect can 
still be observed using a polychromatic X-ray source of limited 
bandwidth.

This effect is also seen with a phase grating, where the features 
in the grating alter the phase of the wavefield instead of altering 
the intensity. In the case of a phase grating of phase shift π, a 
rectangular intensity pattern of period T/2 will be seen at
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λ  
(49.52)

where n = 1, 2, 3 …
A checkerboard phase grid can be used to generate a two-

dimensional “grid” pattern at the same distances. This is a more 
efficient way of producing a grid pattern, in that almost all of 
the available flux is utilized, compared to an absorption grating 

where flux is absorbed according to the duty cycle of the grid and 
does not make it to the detector.

49.11.2 Talbot Interferometry Setup

A Talbot or grating interferometry system makes use of the 
Talbot effect to realize differential X-ray phase measurements. 
In a grating interferometry setup at a synchrotron source, two 
gratings are placed one after the other, as in Figure 49.15 (David 
et al. 2002; Momose et al. 2003). The first grating, G1, acts to 
split the wavefield into a large number of small beams, which 
then pass through the sample. The wavefield will be refracted, 
scattered, and absorbed by the presence of the sample. After 
some propagation, a distorted pattern can be observed at a Talbot 
distance from G1. Because the detector pixels are much larger 
than the grating period, these effects are not resolvable directly, 
and an analyzer is required. The second grating acts as the ana-
lyzer, rendering the refractive, scattering, and attenuating effects 
of the sample visible at the detector. Note the sample may alter-
natively be placed immediately before G1.

In the case of an X-ray source of limited spatial coherence, 
a third grating, G0, can be added to the setup, upstream of G1 
(Pfeiffer et  al. 2006). This grating divides the primary beam 
into an array of smaller sources, increasing the effective spatial 
coherence of the X-ray wavefield. Since G0 is positioned and 
designed such that a Talbot image is observed at G1, with the 
same period and position as G1 itself, this does not significantly 
change the image formation process. In the case of a divergent 
laboratory source, the setup must also be adjusted to allow for 
magnification of the grid images and the sample.

We will begin by considering a setup that uses line gratings, in 
order to be sensitive to phase gradients in one direction.

With no sample, the grating pattern created by G1 should be 
observed at G2, when G2 is placed downstream at a distance that 
is an integer multiple of zTalbot, according to the Talbot effect 
(Section 49.11.1). While the setup can be constructed with three 
absorption gratings, G1 is typically a phase grating to maximize 
the use of available flux and minimize unnecessary dose. In order 
to create a pattern of period T at G2, the phase grating G1 will 
have period 2 T, twice the period of G2. Data collection proceeds 
by translating G2 in steps through a full period of the grating, 
recording at least five evenly-spaced images through this cycle.
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FIGURE 49.14 Talbot carpet for an absorption grating (top) and a 
π-shifting phase grating (bottom).
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FIGURE 49.15 Talbot interferometry setup for a synchrotron X-ray 
source, adding “Grating 0” for a laboratory X-ray source.
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We can begin by considering the case (Case A) when G2 is 
lined up with the incident grating intensity pattern so that the high 
intensity regions of the wavefield line up with the grating gaps and 
maximum flux lands on the detector in the absence of a sample.

If the wavefield is refracted by the sample, this will transversely 
shift the position of the high intensity regions, so that they no 
longer line up with the grating gaps, and are instead increasingly 
absorbed by G2, and less flux is recorded on the detector. If the 
wavefield is scattered by the sample, this will distribute the scat-
tered intensity across G2, and, hence, less flux will be recorded. 
If the wavefield is attenuated by the sample, this will decrease 
the flux incident on G2 and, hence, the intensity recorded at the 
detector.

We can also consider the case (Case B) where the G2 is lined 
up such that the high intensity regions of the wavefield line up 
with the grating lines and are absorbed, so that, with no sample, 
minimum flux is recorded. Refraction will result in the increased 
flux as the high intensity regions move into the grating gaps, 
scattering will increase the flux as some scattered photons will 
now pass through the grating gaps and onto the detector, and 
attenuation will result in decreased flux at the detector.

The case halfway between Cases A and B is when the high 
intensity regions of the X-ray wavefield are centered on the edges 
of the grating lines (as seen in Figure 49.15). In this case, case 
C, refraction in one direction will shift the high intensity region 
further into the grating gap and increase the flux, and refraction in 
the opposite direction will shift the high intensity region further 
onto the grating line and reduce the flux. Scattering will not have 
a net effect on the total number of photons landing on the detector, 
and attenuation will, as always, decrease the intensity detected.

By effectively considering these three cases, the three signals 
can be extracted—describing refraction, scattering, and attenua-
tion by the sample. In order to ensure the intensity is known for 
each of these three cases, so that all three effects can be extracted, 
G2 is stepped through a full period to obtain or at least interpolate 
to these three cases. Another way to consider the problem is that 
there are three values to solve for, as G2 is stepped, the mean 
intensity (m in Figure 49.16), amplitude of variations (A in Figure 
49.16), and relative phase (ϕ in Figure 49.16), both with and with-
out a sample present. The greater the number of images collected 
in the stepping cycle, the more robust the technique is to noise.

49.11.3  Talbot Interferometry Phase Retrieval

Quantitative measures of how the wavefield is scattered, attenu-
ated, and refracted by the sample can be extracted by looking 
at the intensity at each pixel as a function of the position of the 
grating G2. This plot is known as a phase stepping curve. With 
the square wave resulting from G1 passing across the square 
aperture of G2 during a scan, we could expect to see a triangu-
lar wave—the result of a convolution of two square waves. As 
seen in Figure  49.16, the observed shape in the experiment is 
usually sinusoidal (due to finite coherence and source blurring), 
 effectively a smoothed triangular wave.

This phase stepping curve is recorded for each pixel when the 
sample is present, and again when there is no sample present, so 
that the effect of the sample can be extracted. The three cases con-
sidered in Section 49.11.2 are shown, and, at the pixel described 
by this curve, the attenuation is described by the decrease in the 
mean gray level of that pixel over the scan (m), the refraction 
comes from the shift in the relative position of G2 when maxi-
mum flux is detected (ϕ), and the scattering is described by the 
decrease in the amplitude of the curve (A).

Mathematically, the attenuation is given by
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For a single material sample, the projection approximation 
(Section 49.4) can then be used to determine the projected sam-
ple thickness at every position.

Given Equation 49.26, and taking the angular shift in phase 
stepping curve of
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(49.54)

we can retrieve the differential phase, (∂ϕ/∂x = sT/(λz)) (for 
the x direction in this case). This differential phase can be inte-
grated (with naturally improved results if the phase gradients are 
obtained in both perpendicular directions, (∂ϕ/∂x) and (∂ϕ/∂y)) 
to give the projected phase depth, which can be quantitatively 
interpreted using the projection approximation (Section 49.4) in 
a similar way to the attenuation signal.

In the case of very strong phase gradients, there can be an 
ambiguity in determining the direction of the angular shift in 
the phase stepping curve and/or if this angular shift is greater 
than 2π. This is the same phase wrapping problem present in 
the Bonse–Hart interferometer. There are strategies for avoid-
ing it experimentally (e.g., placing a sample in water to reduce 
strong phase gradients at the sample boundaries) or for dealing 
with it in reconstruction (see Wen et al. (2013) and references 
therein) if phase wrapping occurs within the sample internal 
structure.

The scattering will be described by the decrease in visibility 
of the stepping curve (Pfeiffer et al. 2008; Yashiro et al. 2010). 
Michelson’s definition of visibility is

 
Visibility =

−
+

I I
I I

max min

max min
.
 

(49.55)

Case A

No sample

Sample

Ano sample

mno sample
msample

Asample

Case C Case B

s

FIGURE 49.16 A phase stepping curve, showing the intensity detected at 
a single pixel, as a function of position of grating G2.
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Therefore, the visibility of a stepping curve (e.g., Figure 49.16) 
will be

 
Stepping curve visibility =
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and the decrease in visibility due to the introduction of the sam-
ple will be
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The ultrasmall-angle X-ray scattering distribution can be 
extracted by looking at moments of the distribution that results 
from deconvolving the sample phase stepping curve with the flat 
field (no sample) phase stepping curve (Modregger et al. 2012).

Grating interferometry with line gratings will only detect phase 
gradients in one direction; however, either the sample or the grat-
ings can be rotated by 90 degrees to take datasets with sensitivity 
in perpendicular directions (Kottler et al. 2007). Alternatively, a 
two-dimensional X-ray grating interferometer can be construct-
ing using checkerboard and grid gratings (Zanette et al. 2010), 
and scanning the gratings in both directions perpendicular to 
X-ray propagation. Grating interferometry can also be combined 
with tomography for lab-compatible high-sensitivity 3D imaging 
(Momose et al. 2006; Weitkamp et al. 2008).

49.12 Edge Illumination

The edge illumination technique uses a custom detector to directly 
render phase effects visible at the detector (Olivo et al. 2001). As 
seen in Figure 49.17, an absorption grating is placed before the sam-
ple, creating an array of beamlets. A second grid pattern is adhered 
to the detector, placed in order to reduce the accessible region of 
each pixel to a half (or some other fraction), with the beamlets fall-
ing such that they land half on the detector grid and half on a pixel. 
This means that if the sample refracts the beam in one direction, the 
beamlet will fall further onto the pixel and increase the observed 
intensity at that pixel. If the sample refracts the beam in the oppo-
site direction, the beamlet will shift further onto the detector grid 
line and the observed intensity at that pixel will be decreased.

A differential phase image (e.g., Figure 49.7b) is observed 
directly at the detector. One direction of differential phase can 

be revealed using a line grating on the detector, and two direc-
tions of differential phase (e.g., Figure 49.7b,c) can be extracted 
by placing a two-dimensional arrangement of masks across the 
pixels (Olivo et al. 2009).

In addition, this method is compatible with conventional X-ray 
sources (Olivo and Castelli 2011, 2014; Diemoz et al. 2013).

The resulting images can be considered analogous to analyzer-
based images, created without the need for a crystal or for a 
monochromatic X-ray source (Endrizzi et al. 2015).

If two images are acquired, shifting the grating transversely so 
that the resulting beamlets, in the absence of a sample, first fall 
on the left side of the detector mask features, and then fall on the 
right side of the detector mask features, quantitative reconstruc-
tion is possible. This is in the same way as seen when captur-
ing analyzer-based images on opposite sides of the rocking curve 
(Munro et al. 2012). If three images are acquired with different 
positions of Grating 1 (Endrizzi et al. 2014) or two images are 
acquired alongside some knowledge of the sample properties 
(Endrizzi and Olivo 2014), then it is possible to also measure 
broadening of the beamlets to provide a dark field signal. Further 
contrast modalities related to small angle X-ray scattering (SAXS) 
from sub-pixel structures can also be extracted (Modregger et al. 
2016, 2017). In addition, the resolution of the final image can be 
improved by using “dithering,” stepping the sample through sub-
pixel displacements and combining images (Olivo et  al. 2011). 
If the sample is well approximated by a single known material, 
it is also possible to utilize propagation effects, as described by 
the TIE (Equation 49.20), in the reconstruction (Diémoz et al. 
2015, 2016). This means only a single exposure is required for 
image reconstruction, utilizing a similar approach to that used by 
Breidis et al. (2005) in analyzer-based imaging (Section 49.9.1.1). 
This is useful for dynamic imaging and for reducing the number 
of exposures needed for tomography.

A variant of the edge illumination technique, allowing for quan-
titative phase reconstruction in a single scan, utilizes the edge of 
an X-ray mirror in place of an opaque edge (Pelliccia and Paganin 
2013, 2014). The mirror is aligned to reflect part of the incoming 
beam, and both direct and reflected beams are incident on the 
same detector. The beams now encode complementary refraction 
information that can be used for quantitative phase retrieval.

A final variation on the edge-illumination technique is to use 
a “virtual edge” at the detector (Vittoria et al. 2014). The second 
grating is removed and each beamlet is resolved directly using 
a high-resolution detector. The detector grating or edge is then 
implemented in software by multiplication with a heaviside func-
tion at any required position, and analysis can be performed in 
the same way as usual. If resolution at the grid scale is suffi-
cient, only a single exposure will therefore be required (Vittoria 
et al. 2015). This experimental approach leads us directly into the 
Section 49.13, where beamlets from a single reference object are 
directly visualized at the detector.

49.13  Single-Grid, Speckle-Tracking, 
and Speckle-Scanning

There are several other techniques that began development as 
a kind of Shack-Hartmann interferometer, tracking beams from 
reference apertures or features to map the wavefront (e.g., see 
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to G2 period
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so half of
each pixel is
illuminated

Optional dithering

FIGURE 49.17 Edge illumination experimental setup.
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Mayo and Sexton (2004), where a lenslet array is used to create 
a reference pattern).

The single-grid method of imaging (Wen et al. 2010; Morgan 
et al. 2011) is similar to the Edge Illumination method, except 
that the grid pattern is resolved and directly recorded on the 
detector, eliminating the second/“detector” grating. This means 
that the reconstructed image resolution is reduced from the native 
resolution of the detector, but eliminates the need for special-
ized detectors, grids, or alignment. The experimental scheme is 
depicted in Figure 49.18, where the grid can be either attenuating 
(Wen and Bennett 2010; Morgan et al. 2011) or phase-shifting 
and positioned at a Talbot distance from the detector (Morgan 
et al. 2013; Rizzi et al. 2013). If a reference grid with features in 
more than one direction is used, this also means that differential 
phase- contrast can be extracted in both horizontal and vertical 
directions from a single exposure (e.g., Figure 49.7b,c). Since 
only a single exposure is required, the technique is suitable for 
dynamic imaging (Morgan et al. 2013). In effect, image resolu-
tion is exchanged for imaging speed. Another way to consider the 
technique is that the measurements (pixels) required to extract 
multiple imaging modalities are taken from a single image (so 
spread spatially) instead of spread across over images taken with 
different optical arrangements.

The local distortions to the grid, induced by the sample, may 
be analyzed using Takeda’s Fourier method of analysis (Takeda 
et al. 1982; Wen et al. 2010), as described in Equations 49.49 and 
49.50. This method extracts an image region around the peak 
of the grid frequency in Fourier space and then performs an 
inverse Fourier transform on this image region to reveal absorp-
tion (magnitude of the resulting complex image) and differential 
phase (phase of the resulting complex image). Alternatively, grid 
pattern distortions may be mapped spatially using local cross-
correlations between a grid-only image and a grid-and-sample 
image (Morgan et al. 2011, 2013) or using an iterative approach 
(Zanette et al. 2014). The vector from the maximum of the cross-
correlation to the center of the cross-correlation will indicate the 
local reference pattern shift, S.

If a spatial-mapping method of analysis is used, the reference 
pattern need not be created by a regular grid, and any high con-
trast detailed reference object will suffice. The high-visibility 

X-ray speckle pattern (Kitchen et al. 2004) created by illuminat-
ing a piece of sandpaper (Morgan et al. 2012) or biological tissue 
(Bérujon et al. 2012b) with sufficiently coherent X-ray radiation 
can meet these requirements. This type of X-ray imaging has 
become known as speckle-tracking phase-contrast.

In both single-grid and speckle-tracking phase-contrast X-ray 
imaging, the local distortions to the reference pattern can be 
related to the change in angle of the beam using the geometry 
of the setup,
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where Sx is the local shift of the reference pattern in the x direc-
tion and z is the propagation distance. Combining this with 
Equation 49.26 gives the quantitative phase gradient in x (and 
similarly for y),
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The two perpendicular phase gradients can be integrated 
together (e.g., Fourier method, as per Kottler et al. 2007, or an 
iterative method as per Zanette et  al. 2014) to give the phase 
depth, which, for a single material sample, can provide the sam-
ple thickness via the projection approximation (Section 49.4). To 
retrieve an attenuation image (that may include some propaga-
tion-based phase-contrast, Section 49.8), the sample-and-grid 
image can be divided by a grid image that has effectively been 
distorted according to the measured local shifts (but is typically 
performed on a pixel-by-pixel basis. In addition, a kind of visibil-
ity or dark field image can extracted by looking at how the refer-
ence features are broadened and decreased in visibility, resulting 
in decreased spatial fluctuations (Zanette et al. 2014), a reduced 
height local cross-correlation (Morgan et al. 2013), and a smear-
ing of the Fourier peak (extracted by taking the ratio between 
the Fourier grid frequency region and the Fourier origin region) 
(Wen et al. 2010).

This technique is well suited to dynamic imaging, in that mul-
tiple imaging modes (including differential phase-contrast) can 
be achieved with a single short exposure. It can also be achieved 
on a laboratory X-ray source (Wen et al. 2010; Zanette et  al. 
2014; Zdora et al. 2015; Macindoe et al. 2016). However, in the 
single-shot mode with conventional detectors, the field of view 
is limited, as pixels must be sufficiently small to directly resolve 
distortions to the reference pattern (Macindoe et al. 2016).

In order to somewhat overcome this limitation and increase 
the spatial resolution of speckle-based images, speckle-scanning 
methods have been developed that scan the reference object (e.g., 
sandpaper or a resolvable grid) in front of the sample, in effect 
capturing a kind of stepping curve for each pixel in the style of 
Talbot/Grating Interferometry (Section 49.11) (Bérujon et  al. 
2012a; Bérujon and Ziegler 2015). Because the speckle features 
do not run in only one direction like a typical Talbot/Grating 
Interferometer, the “stepping curve” for a given detector pixel 
can take the form of a 2D raster scan as the reference object is 
scanned in both transverse directions. This scan, collected with 
the sample present, can then be deconvolved with a raster scan 
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directly
resolved
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FIGURE 49.18 Single-grid or speckle-tracking experimental setup. Note 
a phase grid or any object that creates a high-visibility reference pattern can 
be used instead of the absorption grid shown in this diagram. In the case of 
dynamic or “single-shot” imaging, the reference pattern is left stationary. 
Alternatively, the reference pattern can be stepped to increase the resolution 
of the reconstructed image.
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completed without the sample present. The resulting correlation 
map will have an off-center maximum that can be interpreted 
using Equation 49.59 (where the shift in pixels Sx should now 
be multiplied by the step size from the scan) to find the differ-
ential phase at the given pixel. In a similar way to the single-
exposure method, the attenuation signal for that pixel can be 
found by dividing the mean of the raster scan with sample pres-
ent by the mean of the raster scan without the sample present, 
but taken at the “backwards-shifted” location in order to contain 
the same region of the reference object. The dark field signal can 
be extracted using these same two scans (sample-and-reference 
raster scan and corresponding backwards-shifted reference-only 
scan), by taking the ratio of the standard deviation in the two 
scans, and dividing by the attenuation signal for normalization 
(Bérujon et al. 2012, Bérujon and Ziegler 2015). This simplifies 
to Equation 49.57 in that it is the ratio of the size of the variations 
in the sample-and-reference/reference stepping curves, divided 
by the ratio of the mean values of those two stepping curves (in 
the speckle case making sure to use the same part of the sand-
paper for both curves by examining the “preshifted” location in 
the reference image).

In order to reduce the number of required exposures, hence the 
dose and imaging time, sparse sampling schemes can be used, 
both in projection and tomography (Bérujon and Ziegler 2017). 
Other schemes scan the sample in just one direction (Wang 
et al. 2016) or scan the reference pattern more finely than the 
sample-and-reference to reduce the number of sample exposures 
required (Bérujon and Ziegler 2016).

A recent approach titled unified modulated pattern analysis 
(UMPA) uses minimization of cost functions to retrieve image 
modalities while rotating a single grid or stepping a speckle pat-
tern (Zdora et al. 2017).

49.14  The Effect of Polychromaticity and 
Source Size on Phase-Contrast Imaging

So far, we have always considered the interaction of a monochro-
matic wave with a sample. In almost all cases concerning medi-
cal imaging, however, one has to deal with polychromatic X-ray 
sources. In most cases the treatment we have developed so far 
for the various phase-contrast methods still retains its validity, 
as one can always identify an average (or median) energy value 
for the incident X-rays for which the monochromatic treatment is 
approximately correct.

Nonetheless, the effect arising for the beam polychromaticity 
cannot be neglected if one is interested in quantitative analysis, 
and in some important cases that we are going to discuss.

We mentioned in the introductory section that, using the spec-
tral decomposition of the incident wave, the problem of imag-
ing with a polychromatic source can be always decomposed in a 
number of monochromatic interactions that can subsequently be 
incorporated into the bigger picture. In saying that we deliber-
ately simplified the problem; in this section we shall discuss the 
idea in more detail, and give some criteria on how the elementary 
monochromatic imaging problems can be actually incorporated 
to describe the polychromatic image formation.

A second problem that we have so far ignored, resides in the 
physical size of the X-ray sources used for imaging. Most of the 

discussion above was developed by assuming plane wave illumina-
tion of the sample. That is obviously never the case in real systems; 
the finite dimension of the source always produces image blurring, 
and must be taken into account when analyzing experimental data.

In fact, the effect of polychromaticity and finite source size 
are two aspects of the same phenomenon: X-ray sources—just 
as many other light sources such as lamps for instance—pro-
duce “thermal radiation” that means an emission that is random 
in space and time. Blurring and polychromaticity are the conse-
quence of this randomness in space and time, respectively.

The formal treatment of randomness in light fields belongs to 
the branch of optics called “statistical optics.” It is outside the 
scopes of this introductory chapter to describe the details of the 
theory; we will limit ourselves to introduce only one key con-
cept: the so-called partial coherence.

49.14.1 Introduction to Partial Coherence

Optical coherence is the effective ability of a radiation beam 
to interfere when interacting with an object or with itself, thus 
producing interference fringes. That is to say, a coherent source 
produces a highly correlated wavefield in space and time. The 
model beams we used in the theoretical description of phase-
contrast phenomena are coherent beams. A laser is the proto-
type of a coherent light source. The stimulated emission process 
responsible for the laser emission generates photons that are 
highly correlated in space and time; the result is an almost mono-
chromatic beam with minimal divergence. Conventional sources 
like lamps, stars, or X-ray tubes do not work that way. In these 
cases, the emission of photons is a random process in both space 
and time.

For the sake of simplicity, the spatial and temporal random 
effects are often treated separately. The usual terminology is 
that of “spatial coherence” and “temporal coherence,” respec-
tively. Even though a clear-cut distinction between the two is not 
completely correct, it represents a good approximation in many 
cases, and it has the advantage of a simplified treatment. For an 
entry level introduction to the concept of partial coherence, see 
Van der Veen and Pfeiffer (2004) or Hecht and Zając (1974). 
Advanced texts are Mandel and Wolf (1995), Born and Wolf 
(1999), Wolf (2007), and Goodman and Haupt (2015).

49.14.2 Spatial Coherence and Finite Source Size

It is well known that, to obtain a sharp radiograph, one must 
place the detector as close as possible to the sample. With refer-
ence to Figure 49.19, it is clear that, given that the source is not a 
point, any finite sample-detector distance z2 will cause any fea-
ture of the sample to be blurred when imaged at the screen plane. 
The amount of blurring, b, thus the extent over which the image a 
“point” feature on the sample is spread at the detector plane (the 
image point-spread function), is proportional to the source size s 
and the sample-detector distance z2 (Pogany et al. 1997):

 
b s

z
z

= 2

1
.
 

(49.60)

The blurring is ideally zero when the sample is in contact with 
the detector screen. On the other hand, we have discussed at 
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length how measuring phase-contrast typically requires a free 
space propagation distance between sample and detector. That 
is the practical reason why X-ray phase-contrast imaging could 
initially only be measured at synchrotrons (Cloetens et al. 1996) 
and with very specialized X-ray micro-focus sources (Wilkins 
et al. 1996; Pogany et al. 1997).

For conventional X-ray sources, the blurring introduced by 
increasing the distance sample-detector is so significant that 
the phase-contrast effects are washed away in practical cases. 
In synchrotron experiments the distance z1 (source-sample) can 
be made very large, of the order of tens of meters, in practice 
z1 ≫ z2 and the blurring is greatly reduced. In the case of a micro-
focus source, it is the extremely small source size (of the order of 
few microns) that enables visualization of phase-contrast fringes 
with acceptable contrast.

The physical origin of the blurring is in the spatial partial 
coherence of the X-ray beam generated by an extended source. 
Since the nature of the source is chaotic—there is little or no 
correlation between electrons bombarding different positions of 
an anode—X-rays emitted at different positions along the source 
are uncorrelated (i.e., they in general have a random emission 
direction).

This means that, if one wants to calculate the effects that the 
finite extent of the source has on the measured image, it is suf-
ficient to perform the calculation with an ideal point-like source, 
and then convolve the result over the source intensity distribu-
tion, as seen by the sample. The source intensity distribution, 
in many practical cases, can be approximated by a Gaussian 
function:
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(49.61)

where I0 is the maximum intensity, and the variance of the 
Gaussian σs

2  is associated with the source size.
Therefore, by calling Iid(x, y) the “ideal” image of a sample 

produced by a point-like source at infinite distance (see Equation 
49.23), the blurred image due to the source size can be calculated 
as

 I x y I x y B x yid( , ) ( , ) ( , ).= ⊗  (49.62)

In the previous equation, B(x, y) is the blurring kernel given by 
the source intensity distribution projected on the sample (Pogany 
et al. 1997):
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with σ σ2 2

1 2

2≈
+
z

z z s .

In closing this section, we note that in all practical cases one 
needs to accounts for the detector resolution as well. Clearly, 
phase-contrast fringes can be unobservable if the detector reso-
lution is poor. The convolution approach we just described can be 
extended to include the detector resolution as well by redefining 
the blurring kernel to include the detector resolution. In practice, 
one has to redefine the variance (Wilkins et al. 2014):

 σ σ σ2 2 2 2 21 1≈ − + −( )/M MS D  (49.64)

In Equation 49.64 we introduced M = (z1 + z2)/z1 as the geo-
metrical magnification of the setup, and σD

2  as the variance 
associated with the detector point-spread function, linked to the 
detector pixel size by the properties of the imaging systems.

49.14.3 Temporal Coherence and Polychromaticity

Equation 49.64 provides a realistic description of the blurring 
effects due to the finite source size and detector resolution, for 
a monochromatic illumination. Extending the result to a poly-
chromatic beam requires the knowledge of the spectrum of the 
X-ray source. Denoting by w(λ) the normalized spectrum of 
the source, the effect of the polychromaticity can be modeled as 
the superposition

 
I x y w I x yp( , ) ( ) ( , ) .= ∫ λ λλ d

 
(49.65)

The monochromatic term Iλ(x, y) is calculated with Equation 
49.62.

The source spectrum at the sample can be obtained by either 
measurement or calculation, considering the source parameters 
and the filtration, if present. A number of tools exists both for 
synchrotron sources (Tanaka and Kitamura 2001; del Río and 
Dejus 2011) and for conventional X-ray tubes (Poludniowski 
2007; Poludniowski and Evans 2007).

Once the spectrum is known, the superposition integral in 
Equation 49.65 enables the calculation of the effect of the poly-
chromaticity on the image. It is outside of the scope of our 
introductory chapter to describe in detail the effect that poly-
chromaticity has on phase-contrast images obtained with differ-
ent methods. Nevertheless, some general considerations can be 
discussed by exploring the link between the polychromaticity 
and the temporal coherence.

Temporal partial coherence is related to stochastic emission 
times of different photons from a source, caused by random-
ness in the arrival times of the electron on the target. Coherent 
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FIGURE 49.19 Penumbral blurring caused by the finite size of the source 
used for imaging. The amount of blurring at the detector is proportional to 
the source size and decreases with the propagation distance z2.
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sources such as lasers displays can display a very narrow band-
width, reflecting the fact that the photon emission in different 
positions of the source is simultaneous. A random emitter, such 
as an X-ray source, will always display a broader spectrum. This 
is especially the case for the bremsstrahlung radiation.

The energy (or wavelength) spread of the incoming beam has 
a different effect on the image formation, depending on which 
method is employed to measure phase-contrast. The use of spe-
cific optical elements (or free-space propagation)—as well as the 
different physical information that can be extracted (phase or 
phase derivatives)—makes the various techniques sensitive to a 
different degree to partial coherence.

Besides their difference, there is one aspect that is common 
when partial coherence effects—and specifically polychromatic-
ity—are introduced in the X-ray optical system. Attenuation and 
phase response of the sample (i.e., the sample refractive index) 
is energy dependent. This dependence is called dispersion. The 
value of the real part δ of the refractive index, or the attenuation 
coefficient µ, are well defined for a single incident wavelength. 
With polychromatic radiation one needs to redefine effective val-
ues for δ and µ, averaged upon the incident spectrum (Arhatari 
et al. 2008)*:
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With the new definitions, one can meaningfully extract quan-
titative information (if the spectrum is known) from attenuation 
and phase-contrast data obtained with polychromatic X-rays.

An exhaustive overview of the influence of polychromaticity 
on the different phase-contrast imaging techniques can be found 
in Wilkins et  al. (2014). In the following we shall review the 
most important facts about the effects that partial coherence has 
on free-space propagation, analyzer-based, and grating-based 
phase-contrast imaging methods.

49.14.4 Free-Space Propagation

Free-space propagation phase-contrast images are characterized 
by sharp fringes at the boundaries between regions of different 
optical density. The sharp variations in intensity is caused by 
the X-rays deviated from their original path by the sample, as 
depicted in Figure 49.20. The amount of the deviation depends 
in general on the incoming photon energy because of the dif-
ferent response of the material refractive index with energy 
(dispersion). However, the “loss line” depicted in Figure 49.20 
is independent of the energy of the X-rays, always producing a 
relative sharp fringe. Therefore, in-line phase-contrast imaging 
can be easily visualized with a polychromatic X-ray source, as 
first demonstrated by Wilkins et al. (1996).

On the other hand, the in-line setup is quite sensitive to spatial 
coherence. To visualize sharp fringes, the blurring due to finite 
size of the source must be small. Synchrotrons and micro-focus 

* Note that we are assuming a normalized source spectrum. Otherwise one 
must divide the result by the normalization factor ∫w(λ)dλ.

X-ray sources meet the requirements of in-line phase-contrast 
X-ray imaging. Conventional X-ray tubes, with focal spot sizes 
of the order of a few hundred microns or more are generally not 
suited for the free-space propagation method.

49.14.5 Analyzer-Based Imaging

ABI techniques are very sensitive to minute phase gradients, due 
to the exquisite angular sensitivity of crystals in Bragg diffrac-
tion. On the other hand, the requirements on the incoming beam 
coherence also tend to be higher. ABI produces maps of the 
phase gradient by measuring the refraction angle X-rays experi-
ence after passing through the sample.

Both divergence and wavelength spread broaden the width 
of the rocking curve of the analyzer crystal (Zhong et al. 2000; 
Rigon et  al. 2002), thus reducing the sensitivity. In practice, 
ABI setups are mostly used at synchrotrons, when the incoming 
beam has already been prepared by a primary monochromator 
(Rigon et al. 2002; Suortti et al. 2013), which reduces both diver-
gence and energy spread to maximize the sensitivity of the ABI 
scheme. It is worth noting, though, that modern high power X-ray 
sources such as rotating anodes offer the possibility of imple-
menting ABI schemes with crystals (Vine et al. 2007; Vagovič 
et al. 2015), but usually with a reduced field of view.

49.14.6 Grating-Based and Other Techniques

Grating interferometry works, in the first approximation, with the 
same principle as ABI, such as detecting maps of the refraction 
angle experience by the X-ray beam in crossing the sample. That 
is actually also true for other techniques, such as edge illumina-
tion, coded apertures, and speckle-tracking. In all cases, using 
gratings, grids, or other structures to analyze the beam poses less 
restrictions on the coherence properties of the incoming beam.

Talbot interferometry requires good spatial coherence to pro-
duce high contrast fringes. In laboratory systems, this is usually 
achieved by using a primary grating (source grating) (Weitkamp 
et al. 2006) to spatially fractionate the primary source into an array 
of smaller sources, thus increasing the effective spatial coherence.

Coded apertures and speckle-tracking rely on producing 
a sort of structured illumination, so that the deviation of the 
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FIGURE 49.20 Propagation-based phase-contrast imaging with a poly-
chromatic source. The various energy components of the incident beam are 
deflected by a different angle depending on their energy. Nevertheless, all 
components missing from the transmitted direction (loss line) produce a 
sharp dark fringe on the screen. (From Wilkins, S.W. et  al. 1996. Phase-
contrast imaging using polychromatic hard X-rays. Nature 384:335–8, used 
with permission.)
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individual structures can be measured, and, thus, the local refrac-
tion inferred. Generally, this does not require high spatial coher-
ence (Olivo and Speller 2007), and conventional sources can be 
successfully used (Munro et al. 2012). The only requirement is 
to have sufficient detection resolution to image individual beam 
features (i.e., individual apertures or speckles) and their motion.

All the techniques discussed here have only moderate require-
ments on monochromaticity. All of them can work with poly-
chromatic illumination (Altapova et al. 2011; Munro and Olivo 
2013; Zdora et al. 2015), but the sensitivity of the technique can 
be affected; the sample dispersion causes the refraction angle to 
be different for different energy, thus producing “blurring” in the 
measured refraction maps.

49.15 Phase-Contrast Tomography

Conventional X-ray computed tomography (CT) is the method 
to recover the 3D distribution of the attenuation coefficient of a 
sample, from a series of 2D projections, taken at different rela-
tive orientations of the sample (Kak and Slaney 1988). The start-
ing point is again the Lambert’s law of absorption that we here 
rewrite as

 
I x y I x y z z( , ) exp ( , , ) .= −







∫0 µ d

 
(49.67)

In the previous expression, µ is the attenuation coefficient for 
a monochromatic illumination or the effective attenuation coef-
ficient for a polychromatic incident beam, as defined in Equation 
49.66. The results discussed here are valid in both cases. In 
Equation 49.67 and all subsequent equations, an integral without 
integration limit is intended to be a line integral.

In tomography, a rotated reference frame is typically defined. 
The rotation angle, θ, is defined to be about the vertical axis, 
y, and the new coordinates are defined as: ξ = x sin θ + z cos θ, 
η = x cos θ − z sin θ, as in Figure 49.21. The generic projection, 
measured at the rotation angle, θ, can be defined as (Kak and 
Slaney 1988)
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The one-dimensional Fourier transform (FT) of the generic 
projection, calculated with respect to the coordinate ξ is
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The Filtered Back Projection (FBP) algorithm (Kak and 
Slaney 1988) is commonly used to reconstruct the 3D distribu-
tion of the linear absorption coefficient:
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F(u) is the Fourier representation of the filter function that, 
for ordinary absorption tomography, can be defined as (Kak and 
Slaney 1988)
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Physically realizable projections are sampled at finite steps, 
Δη. Therefore, the filter function is truncated at the Nyquist 
 frequency, uN = 1/(2Δη).

The formalism developed for attenuation tomography can be 
extended without changes when the projection of the sample-
induced phase shift is measured for each angle. As we have 
seen, phase projections can be measured with a Bonse–Hart 
 interferometer, or using a phase retrieval method. In all cases, 
the individual phase projections are given by the line integrals of 
the real part of the refractive index:

 
p y y k yph( , , ) ( , , ) ( , , ) .ξ θ ϕ ξ θ δ ξ η η= = − ∫ d
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The 3D distribution of the real part of the refractive index can 
be obtained by a similar FBP:
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where Pph(u, θ, y) is the one-dimensional FT of pph(ξ, θ, y) with 
respect to the coordinate ξ (see Equation 49.69).

Phase-contrast X-ray methods that are sensitive to the phase 
gradient offer another avenue to phase tomography that does not 
require phase retrieval. The idea was first demonstrated with hard 
X-rays using a Talbot interferometry setup (Pfeiffer et al. 2007), 
exploiting the concept of refraction tomography that dates back 
to 1988 (Faris and Byer 1988). As we have seen, the refraction 
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FIGURE 49.21 Schematic of the coordinate system used for the descrip-
tion of the tomographic reconstruction algorithms.
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angle experienced by X-rays when propagating through samples 
is proportional to the transverse gradient of the phase, that is,  
the gradient in the directions orthogonal to the beam propaga-
tion direction. The refraction projection is given by (Faris and 
Byer 1988)
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In the further approximation of a straight optical path, the hor-
izontal and vertical deviations are independent from one another, 
and the derivative operator can be taken outside the integral 
(Faris and Byer 1988):
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Within these approximations, the 3D distribution of the real 
part of the refractive index can be obtained by FBP:
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where, in analogy to the previous treatment, A(u, θ, y) is the 1D 
FT of α(ξ, θ, y) with respect to the coordinate ξ, and the filter 
function is (Faris and Byer 1988)
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H(u) is called the Hilbert filter.
Refractive tomography based on Equation 49.76 is extremely 

powerful, as it removes altogether the need for phase retrieval, 
thus speeding up the process of 3D reconstruction. The general 
formula in Equation 49.76 can be applied to all techniques that 
are sensitive to the phase gradient, to provide a fast and reliable 
tomographic reconstruction.

Performing the phase retrieval before the FBP is, however, still 
preferable for extremely weak contrast samples. It was recently 
shown in Gasilov et al. (2014) and Pelliccia et al. (2015), using 
different approaches, that calculating the phase projections and 
using an ordinary FBP yields better performances than using a 
Hilbert FBP on differential phase projections.
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50
Non-Interferometric Techniques for X-ray 
Phase-Contrast Biomedical Imaging

Paul Claude Diemoz, Alberto Bravin, Paola Coan, and Luigi Rigon

50.1 Introduction

The name of Arthur H. Compton is associated to the inelastic 
scattering of an X-ray photon by an electron. The Compton Effect 
is actually a wonderful example of the particle nature of X-rays 
(see Chapter 1). However, Compton was fully aware that X-rays 
have a wave nature as well. In fact, his Nobel lecture, held on 
December 12, 1927, bears the evocative title “X-rays as a Branch 
of Optics,” and it clearly states at the very beginning that “there 
is hardly a phenomenon in the realm of light whose parallel is not 
found in the realm of X-rays” (Compton 1927, p. 174). Despite 
this early awareness, in the first century after X-ray discovery, 
the wave nature of X-rays has only occasionally been exploited 
for imaging.

The late development of X-ray phase-contrast imaging (XPCI) 
is possibly related to the relatively weak interaction of X-rays with 
matter: actually, in the complex refraction index, n = 1 − δ + iβ, 
both the refractive index decrement, δ, and the imaginary part, β, 
are very small: for example, in mammography (performed with 
X-rays in the 15 to 25 keV energy range), δ is of the order of 10−6 
to 10−7, for soft tissues, while β can be quoted in the range 10−8 to 
10−10 (Henke et al. 1993). As a consequence, the deviations suf-
fered by X-ray photons are in the microradians scale, and, thus, too 
small to be detected, unless specific phase-sensitive techniques are 
used. Most of these techniques require intense and highly coher-
ent X-rays, and this is why XPCI has increasingly expanded in the 
last two decades, together with the availability of third generation 
synchrotron radiation sources. Several XPCI techniques have been 
progressively introduced, including: Bonse–Hart (or crystal) X-ray 
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interferometry, analyzer-based phase-contrast imaging (ABI) (see 
Section IV, Chapter 53), propagation-based phase-contrast imag-
ing (PBI), edge illumination (EI), Talbot (or grating) X-ray inter-
ferometry, single grid, and speckle tracking.

All these techniques have been reviewed by Pelliccia, Morgan, 
and Kitchen in Chapter 49 of this Handbook. Here we would 
like to focus our attention on three non-interferometric meth-
ods (namely PBI, ABI, and EI) and their applications to medi-
cal imaging. The theory of PBI has been treated in detail in the 
previous chapter (Chapter 49). Thus, in the next sections, after 
some general consideration, we will focus on the basic principles 
of ABI and EI, illustrating the algorithms for image processing. 
Examples of application of PBI, ABI, and EI to breast, musculo-
skeletal, lung, neuro-, and vascular imaging are then provided in 
the second part of this chapter.

50.2 General Considerations

In a sense, PBI is the simplest phase-contrast method, since it 
just requires placing the detector at a suitable distance, zod, down-
stream from the sample, instead of immediately behind it (where 
a conventional, absorption-based image would be measured). 
However, to be effective, this method requires the X-ray beam 
to have a high degree of coherence and the detector to have suf-
ficient spatial resolution, in order to capture the fine fringes aris-
ing upon propagation. The specific requirements for PBI have 
been comprehensively treated in the literature (Cloetens et  al. 
1996; Kotre and Birch 1999; Gureyev et al. 2008, 2009), and go 
beyond the scope of this chapter. Here, however, we would like 
to highlight the importance of the object-to-detector distance, 
zod, which should be compared to a2/λ, where λ is the X-ray 
wavelength, and a is the size of the smallest detail of interest 
in the sample. When zod ≪ a2/λ (near-field region) a characteris-
tic profile is recorded with one positive and one negative peak, 
in correspondence with the detail edges. Further, if zod ∼ a2/λ 
(intermediate region: Fresnel diffraction or holographic regime), 
the object image is slightly distorted, presenting an interference 
pattern with several oscillations in correspondence to each edge. 
Finally, if zod ≫ a2/λ (far-field region: Fraunhofer diffraction), 
the intensity pattern at the detector plane has little resemblance 
to the object, but can still be used for imaging in the case of small 
samples and highly coherent beams (Nugent 2010). In medical 
X-ray imaging, typical values for a and λ are 10−5 m and 10−10 m, 
respectively, which makes a2/λ of the order of 1 meter.

Arguably, so far the most interesting applications in medical 
imaging have been obtained in the near-field region. The edge-
enhanced images obtained in this case can be used without fur-
ther processing, since the improved visualization of the detail 
outline is often sufficient to highlight its presence, even in the case 
of low absorption contrast. Alternatively, phase retrieval proce-
dures can be utilized (see Chapter 49) with a twofold advantage. 
First, quantitative parametric images can be obtained, especially 
when the sample meets particular conditions (e.g., weak absorp-
tion, or a nearly constant δ/β ratio). Second, and possibly more 
importantly, phase retrieval can improve the visualization of the 
detail (particularly in the case of noisy images), since the edge 
enhancement is somehow converted to an area contrast which 
makes the image interpretation easier (Chen et al. 2013).

In contrast to PBI, ABI and EI require the introduction of par-
ticular devices in the imaging system. Although quite different in 
the requirements and implementation, ABI and EI are conceptu-
ally similar, in that the contrast is created by selectively accept-
ing or rejecting the X-ray photons, according to the deviations 
that they have experienced in traversing the sample. Moreover, 
both ABI and EI are sensitive to the same physical characteristics 
of the sample and produce parametric images, where a pixel-by-
pixel map of these characteristics is provided. More specifically, 
both techniques can provide three different parametric images: 
the first is related to the absorption of the sample, and is, thus, 
similar to conventional X-ray imaging; the second is based on 
refraction, and is sometimes referred to as a differential phase-
contrast image (because the refraction angle is proportional 
to the gradient of the phase shift, as detailed in Equation 50.1 
below); the third allows visualizing X-ray scattering at small or 
ultra-small angles, and can be considered as a form of dark field 
imaging.

Although it could be noted that refraction, small-, and ultra-
small-angle scattering share the same physical origin (Davis 
1994), a schematic distinction is outlined in the following for 
X-ray energies and spatial resolutions typical of medical imag-
ing applications.

Refraction is observed when an object is much larger than the 
detector pixel size and is well resolved by the imaging system: 
thus, a well-defined deviation angle, Δθref(x, y), can be associated 
to a given point (x, y) of the object plane, which in turn corre-
sponds to a certain detector pixel in the image plane. In the pro-
jection approximation (see Chapter 49), the deviation, Δθref(x, y), 
with respect to the original direction, z, can be expressed as:
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where k = 2π/λ is the wavenumber, and ∇xyφ(x, y) is the gradient 
of the phase shift, φ(x, y), in the object plane xy. Typically, refrac-
tion can be observed at the boundaries of some particular feature 
in the sample under investigation, where the phase shift, φ(x, y), 
is characterized by sudden variations. Another classical example 
is that of a wedge-shaped object, which introduces a constant 
non-zero value for the spatial derivatives of the phase shift, and 
hence a constant deviation, Δθref, across the object.

In a sense, scattering can be considered as a series of multiple 
refractive events generated by small internal structures that can-
not be resolved by the imaging system (Rigon et  al. 2003). In 
particular, small-angle X-ray scattering (SAXS) arises from dif-
fuse photon deviations in the milliradian range, which originate 
from structures at the nanometer scale, while ultra-small-angle 
X-ray scattering (USAXS) is due to diffuse photon deviations 
in the microradian scale, which originate from larger structures 
ranging from hundreds of nanometers up to several micrometers.

The ability of ABI and EI to produce three parametric images 
based on absorption, refraction, and scattering (which is shared 
also by other XPCI techniques, such as Talbot—or grating—
interferometry) is very important, since each of these images 



1001Non-Interferometric Techniques for X-ray Phase-Contrast Biomedical Imaging

(or likely their combination) can provide additional information 
compared to conventional X-ray imaging.

50.3 Analyzer-Based Imaging

Analyzer-Based Imaging (ABI) is a phase-sensitive technique, 
which relies on an analyzer crystal placed between the sample 
and the detector (see Section IV, Chapter 53). The analyzer acts 
as an angular band-pass filter. Its angular pass window is typi-
cally 1–20 microradians wide, and is, thus, commensurate with 
the tiny deviations experienced by the X-ray photons traversing 
a biological sample in medical imaging (in the energy range of 
10–100 keV). Therefore, a photon, which has been deviated in the 
microradians range, has a different probability to be collected by 
the detector compared to the undeviated X-rays. As a result, the 
analyzer transforms the tiny angular deviations induced by the 
sample into measurable intensity modulations on the detector, 
providing extra contrast in addition to X-ray absorption.

The first ABI pioneers were probably Förster et al. (1980), who 
developed what they called the “X-ray Schlieren method” using 
a double crystal diffractometer for the investigation of shell tar-
gets in laser fusion experiments. The technique was then seldom 
employed (Podurets et  al. 1989; Ingal and Beliaevskaya 1995; 
Davis et  al. 1995a,b), until, when re-discovered by Chapman 
et al. (1997), it quickly spread among the synchrotron radiation 
X-ray imaging community, particularly in the biomedical field. 
As is often the case in science, Chapman and co-workers’ discov-
ery was characterized by a certain amount of serendipity: their 
original idea was to use the analyzer crystal as an extraordinarily 
selective anti-scattering grid to obtain very clean (absorption-
based) images. However, they immediately realized that in this 

configuration the analyzer crystal could yield additional (phase) 
contrast (Chapman et al. 1996).

Actually, raw AB images typically incorporate different pools 
of phase-contrast (in addition to absorption), due to refraction, 
SAXS, and USAXS occurring in the sample. Since the angular 
selection of the crystal has a bandwidth of the order of 1 to 100 
microradians, SAXS is fundamentally rejected by the analyzer 
crystal, thus creating the so-called extinction contrast (Chapman 
et al. 1997). On the other hand, USAXS is commensurate to the 
pass window of the analyzer system and can, thus, contribute in 
several different ways to the image contrast, as will be described 
in detail in the following.

50.3.1 The Rocking Curve

ABI is usually performed with a monochromatic and highly 
collimated X-ray beam, synchrotron radiation being a natural 
choice. The essential elements of an ABI setup are the mono-
chromator and the analyzer crystals, which are placed before 
and after the sample, respectively. Several choices are possible 
in designing an ABI system, concerning the crystal number, 
arrangement, type, and order of diffraction. To begin with, 
both the monochromator and the analyzer can be either single 
or double crystals, and can exploit either Bragg or Laue dif-
fraction, or both (Ingal and Beliaevskaya 1995; Chapman et al. 
1996; Kitchen et al. 2011). Possibly, the simplest setup is that 
shown in Figure 50.1a, where single crystals in Bragg geom-
etry are used as a monochromator and as an analyzer (Sztrókay 
et al. 2012). Of course, this implies that the sample should be 
oriented at right angles with the diffracted beam, thus inclined 
by twice the Bragg angle with respect to the horizontal (inci-
dent) direction. An alternative setup is shown in Figure 50.1b, 
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FIGURE 50.1 Sketches of different ABI systems configurations in Bragg geometry. The laminar beam is supposed to travel from the left to the right. 
Light shaded arrows indicate the scan directions of the sample and of the detector (if needed). The monochromator and the analyzer are: (a) both single 
crystals, (b) both double crystals, and (c) double crystal and single crystal.
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where double crystals in Bragg geometry are used as a mono-
chromator and as an analyzer (Arfelli et  al. 2017a). While 
this configuration brings in some complication in the precise 
alignment of a four-bounce system, it does not require one to 
slant the sample stage. Another option is using a double crystal 
monochromator and a single crystal analyzer, which, however, 
requires the inclination of the detector stage (Figure 50.1c; 
Zhong et al. 2000).

In the absence of the sample, the intrinsic rocking curve, R(θ), 
can be obtained by measuring the beam intensity diffracted by 
the analyzer crystal as a function of the analyzer misalignment 
angle, θ with respect to the Bragg angle, θB. This measure is typi-
cally carried out by means of two ion chambers, placed before 
and after the analyzer. The peak reflectivity is found at θ = 0, 
when the analyzer is perfectly aligned with the monochromator 
at the Bragg angle, θB.

The rocking curve is actually the angular filter that selectively 
weights the probability that each photon is diffracted towards the 
detector. Thus, its shape and its width are fundamental charac-
teristics of an ABI system.

Ideally the rocking curve should be narrow, in order to maxi-
mize the SAXS rejection and, thus, the extinction contrast, and 
steep, since the slope of the rocking curve is responsible for 
refraction contrast, as demonstrated later in the next section. On 
the other hand, a narrow pass window means a reduced inten-
sity on the detector; moreover, ABI systems based on narrow 
and steep rocking curves are particularly prone to mechanical 
and thermal instabilities. Thus, the choice of the crystal type, 
geometry, and diffraction order must take these drawbacks 
into account. It is worth noting that, for a given crystal system, 
the width of the rocking curve is inversely proportional to the 
energy (Caciuffo et al. 1987). This partially compensates the 1/
E2 signal loss characteristic of phase-contrast effects (Gureyev 
et al. 2009).

Prior to image acquisition, the intrinsic rocking curve, R(θ), 
is measured and a working point, θA, is chosen on the rock-
ing curve. The choice of the working point deeply affects the 

characteristics of the image and the balance among the different 
sources of contrast that it incorporates.

Figure 50.2 shows an example of a rocking curve (obtained 
for Si(111) crystals in a non-dispersive Bragg configuration at 
17 keV). Five possible working points of θA, with A ∈ [1, 2, 3, 4, 
5] are also shown. In particular, A = 1 and 5 correspond to the 
toes of the rocking curve, A = 2 and 4 to the flanks and A = 3 
to the peak.

This nomenclature for the working points is arbitrary and is 
not a standard in ABI literature, but is introduced here for conve-
nience, as it will be heavily used in the next paragraph.

50.3.2 A Simple Model of AB Image Formation

Before proceeding, a clarification is in order. Since the analyzer 
crystal is only sensitive to deviations that fall in its diffraction 
plane yz, we define Δθy(x, y) as the projection of the refraction 
angle, Δθref (x, y), on the yz plane. In other words, ABI is basi-
cally insensitive to the x component of the gradient of the phase 
shift. Thus, only the y component contributes to Δθy(x, y), and 
Equation 50.1 simplifies to:

 
Δθ φy x y

k y
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In ABI literature, and in the following, the distinction between 
Δθref (x, y) and Δθy(x, y) is often taken for granted, and the 
expression refraction angle is used when referring to Δθy(x, y).

A simple model of ABI is given in the following. For the sake 
of clearness, three different cases are considered, depending 
on the characteristic of the sample: namely, the cases in which 
(1)  the sample introduces refraction, but no USAXS; (2) the 
sample introduces USAXS, but no refraction; and (3) the sample 
introduces both refraction and USAXS. It is worthwhile to note 
that, in each of the cases above, the sample could also absorb 
X-rays (absorption contrast) and introduce SAXS, which simply 
leads to the aforementioned extinction contrast.
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FIGURE 50.2 Rocking curve with five possible working points, θA, A ∈ [1, 2, 3, 4, 5]. A = 1 and 5 correspond to the toes of the rocking curve (∼20% 
of relative intensity), A = 2 and 4 to the flanks (∼50% of relative intensity), and A = 3 to the peak (100% of relative intensity). The full width at half maxi-
mum (FWHM) of the rocking curve is indicated with ΔθD.
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50.3.2.1  The Sample Introduces 
Refraction, But No USAXS

In this case, the photons exiting the object plane xy at the 
point (x,  y) are either subject to SAXS (extinction contrast) or 
are refracted at a well-defined refraction angle, Δθy(x, y) (see 
Equation 50.2), with respect to the incident direction, z. Let 
I(θA;x, y) be the image that can be measured on the detector 
plane, where θA represents the working point chosen on the rock-
ing curve. In the case in which USAXS is negligible, a simple 
expression can be written for I(θA;x, y) (Chapman et al. 1997):

 
I x y I x y R x yA R A y( ; , ) ( , ) ( ( , ))θ θ θ= ⋅ + Δ

 (50.3)

where IR (x, y), accounting for absorption and extinction, is called 
apparent absorption, and R(θ) is the intrinsic rocking curve 
peaked at θ = 0. For small refraction angles, Δθy(x, y), the first-
order Taylor expansion of R(θ) can be utilized, yielding:

 
I x y I x y R R x yA R A A y( ; , ) ( , ) [ ( ) ( ) ( , )],θ θ θ θ= ⋅ + ′ Δ

 (50.4)

where R′(θA) is the derivative of the rocking curve R(θ) at the 
angular position θA. Of note, the first-order Taylor expansion is 
particularly accurate when the working point θA is chosen on the 
flanks of the rocking curve (θ2 and θ4 in Figure 50.2), where the 
linear approximation appears adequate.

A closer look at Equation 50.4 can simply demonstrate how 
the choice of the working point, θA, affects the measured inten-
sity. Consider, for instance, images collected at θ3 = 0, thus at the 
peak of the rocking curve (see Figure 50.2). Then R′(θA) vanishes 
and the image is approximately proportional to IR(x, y) and, thus, 
dominated by absorption and extinction contrast. On the other 
hand, if θA is chosen at the flanks of the rocking curve (θ2 and θ4 
in Figure 50.2), where R′(θA) is maximum, refraction contrast is 
highlighted and typically dominates on absorption and extinc-
tion contrast.

50.3.2.2  The Sample Introduces USAXS, 
But No Refraction

In the absence of refraction, the intensity collected by the detec-
tor with the analyzer crystal set to the working point, θA, can be 
written as:

I x y I x y R f x y dA R A S S S( ; , ) ( , ) ( ) ( ; , ) ( )θ θ θ θ θ= ⋅ +∫ Δ Δ Δ
 
(50.5)

where ΔθS is the stochastic scattering angle, and the normalized 
probability density function, f(ΔθS;x, y), represents the USAXS 
distribution for photons exiting the object plane at the point (x, y) 
(Rigon et  al. 2003). Since refraction is negligible, f(ΔθS;x, y) 
is centered forward; this fact can be used, for small scattering 
angles, ΔθS(x, y), to simplify the integral in Equation 50.5 by 
performing the second-order Taylor expansion of R(θ), yielding:
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where R″(θA) denotes the second derivative of the rock-
ing curve, R(θ), at the angular position, θA, and 
σ θ θ θθΔ Δ Δ Δ

S

2
S S Sx y f x y d( , ) ( ) ( ; , ) ( )= ∫ 2  represents the sec-

ond moment of the USAXS distribution. As a consequence of 
Equation 50.6, in order to emphasize the contrast due to USAXS, 
the working point, θA, should be chosen at the peak (θ3 in Figure 
50.2) or at the toes of the rocking curve (θ1 and θ5), where R″(θA) 
reaches local extrema. In particular, when the working point is 
chosen at the peak, USAXS contributes to decreasing the mea-
sured intensity, similarly to absorption and extinction contrast, 
as R″(θ3) is negative. On the contrary, when the working point 
is chosen at the toes of the rocking curve, USAXS contributes 
to increase the measured intensity, as R″(θ2) and R″(θ4) are posi-
tive. Actually, in this case some scattered photons are accepted 
with greater likelihood than the photons in the unperturbed 
beam, which is mostly rejected by the analyzer crystal. Thus, 
the scattering detail will appear brighter than the background. 
Exploiting this reverse contrast is sometimes referred to as dark 
field imaging. Finally, choosing the working point at the flank of 
the rocking curve, (θ2 or θ4), where R″(θA) vanishes, will suppress 
USAXS contrast.

50.3.2.3  The Sample Introduces Both 
Refraction and USAXS

In the general case when the sample features both refraction 
and USAXS (as well as absorption and SAXS), the intensity, 
I(θA;x, y), reaching the detector with the analyzer set at the angle, 
θA, can be written as (Rigon et al. 2007a,b):
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which can be readily reduced to Equation 50.3 (in the case of pure 
refraction) or to Equation 50.5 (pure USAXS). Again, the inte-
gral in Equation 50.7 can be solved by performing a second-order 
Taylor expansion for R(θA + Δθy(x, y) + ΔθS) around θA and uti-
lizing the properties of the USAXS distribution. The result is:
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Obviously, as previously noted for Equations 50.4 and 50.6, 
also the expression for I(θA;x, y) in Equation 50.8 is accurate for 
small angles, Δθy(x, y) and ΔθS, while it becomes imprecise in 
the case of large refractive and/or scattering deviations. Actually, 
the use of the Taylor expansion has been proposed here because it 
simplifies the approach to image formation and to phase retrieval 
(discussed in the next paragraph). However, there are several 
different ABI models, both for image formation and for phase 
retrieval, which do not perform the Taylor expansion of the rock-
ing curve. These models will be treated at the end of the next 
paragraph.
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50.3.3 Phase Retrieval

In ABI, images collected at different working points on the rock-
ing curve can be combined to obtain parametric images which 
represent maps of the phase shift (or of other related physical 
quantities) introduced by the sample. Some simple phase retrieval 
methods are reviewed in the following. In parallel with the previ-
ous paragraph, the three cases in which (1) the sample introduces 
refraction, but no USAXS; (2) the sample introduces USAXS, 
but no refraction; and (3) the sample introduces both refraction 
and USAXS are presented.

50.3.3.1  The Sample Introduces 
Refraction, But No USAXS

The first example of these phase retrieval methods can be found 
in the diffraction-enhanced imaging (DEI) algorithm, intro-
duced by Chapman et al. (1997), for samples that cause refrac-
tion, but no USAXS. DEI consists of combining the two images 
acquired on the flanks of the rocking curve, at the angular posi-
tions, θ2 = −ΔθD/2 and θ4 = ΔθD/2, ΔθD being the full width 
at half maximum (FWHM) of the rocking curve (see Figure 
50.2). Equation 50.4 can be specifically rewritten with A = 2 
and A = 4; in this way, we obtain a system of two independent 
equations, which can be solved to yield the unknowns IR(x,y) and 
Δθy(x, y):
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As a matter of fact, Equations 50.9 and 50.10 are applied on 
a pixel-by-pixel basis, giving two parametric images: IR(x, y) 
is called the apparent absorption image, and accounts for the 
absorption and extinction properties of the sample, while Δθy(x, 
y), the so-called refraction image, provides a map of the refrac-
tion angle. Since the latter is proportional to the vertical gradient 
of the phase shift (see Equation 50.2), Δθy(x, y) is sometimes 
dubbed the differential phase-contrast image.

50.3.3.2  The Sample Introduces USAXS, 
But No Refraction

A modified version of the DEI algorithm can be applied for sam-
ples that cause negligible refraction but considerable USAXS 
(Rigon et al. 2003). Usually, these samples are characterized by 
a large amount of very fine refractive structures, which cannot 
be imaged directly by the imaging system because of its lim-
ited spatial resolution. In this case, two possible instantiations 
of Equation 50.6 can be obtained, acquiring two images at the 
peak and at one toe of the rocking curve, respectively, thus at 
the angular positions θ1 (or θ5) and θ3 (see Figure 50.2). The sys-
tem of two independent equations represented by Equation 50.6 
with A = 1, 3 can be solved to yield the unknowns IR(x, y) and 
σ θΔ S

x y2 ( , ):
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The first parametric image is again the apparent absorp-
tion, IR(x, y), while the second gives a map of the square width, 
σ θΔ S

2   (x, y), of the USAXS distribution, and is usually called the 
USAXS image.

50.3.3.3  The Sample Introduces Both 
Refraction and USAXS

A generalized DEI (GDEI) approach can also be used with 
samples introducing both refraction and USAXS (Chou et  al. 
2007; Rigon et al. 2007a,b). In this general case, three images 
are required in input and three parametric images are produced 
in output. The three input images can be represented as three 
different instantiations of Equation 50.8. In principle, any choice 
of three different working points on the rocking curve is allow-
able; however, the best results are generally obtained by utilizing 
the two flanks and the peak position (Rigon et al. 2007b), such 
as with A = 2, 3, 4. The solution of the three-equation system 
represented in this case by Equation 50.8 provides three para-
metric images, namely the apparent absorption image, IR(x, y), 
the refraction image, ΔθR(x, y), and the USAXS image, σ θΔ S

2

(x, y). A lengthy but straightforward calculation gives the results 
reported in Equations 50.13 to 50.15:
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where, in order to keep the notation more compact, the spatial 
variables (x, y) have been omitted, and R(θA), R′(θA), and R″(θA) 
have been dubbed RA, ′RA, and ′′RA , respectively. Equations 50.13 
to 50.15 define the GDEI algorithm.

50.3.3.4 Other Approaches to Phase Retrieval

As mentioned above, not all the phase retrieval methods require 
approximating the rocking curve with its Taylor expansion. 
Actually, avoiding Taylor expansion allows for extending the 
range of validity of the phase retrieval methods, at least in princi-
ple, since in this case the refraction and scattering angles are not 
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required to take only small values compared to ΔθD (the rocking 
curve FWHM). For instance, in the case of samples introducing 
refraction, but no USAXS, the so-called extended DEI algorithm 
(Hu et al. 2008) utilizes a simple Gaussian model for the rocking 
curve, R(θ), producing parametric images similar to the apparent 
absorption and to the refraction images. Similar approaches, that 
rely on Equation 50.3 rather than on the approximated Equation 
50.4, can be found also in Maksimenko (2007) and Kitchen et al. 
(2007), where more refined models are used for the rocking curve, 
R(θ). More recently, Arfelli et al. (2017b) developed a non-Taylor 
algorithm that deals with the general case of samples introducing 
both refraction and USAXS, relying on Equation 50.7 rather than 
on the approximated Equation 50.8. In this case, three images are 
required in input and three parametric images are produced in 
output (as in GDEI); moreover, the intrinsic rocking curve, R(θ), 
is modeled as a Gaussian with standard deviation, σic. Although 
any choice of three different working points is legitimate, the two 
flanks and the peak position are used in the following. The solu-
tions of the three-equation system represented by Equation 50.7 
(with A = 2, 3, 4) are calculated as:
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where σ σ σ θ
2 2 2= +ic SΔ , C = −2ln (I2/I3), and D = −2 ln(I4/I3).

Other approaches for phase retrieval in ABI are based on the 
concept of local rocking curve, such as the rocking curve that 
can be measured after the object on a pixel-by-pixel basis on the 
image plane xy. The local rocking curve is then compared, also on 
a pixel-by-pixel basis, with the intrinsic rocking curve, which can 
be measured in the absence of the object. Typically, measuring 
these rocking curves requires the acquisition of a few different 
images. The measured (local) rocking curve will appear of lower 
intensity (compared to the intrinsic rocking curve, because of 
absorption), shifted (due to refraction), and broader (as an effect 
of USAXS). The area (and/or the height), the angular shift, and 
the angular broadening of the local rocking curve (as compared 
to the intrinsic rocking curve) can be regarded as parametric 
images measuring apparent absorption, refraction, and USAXS, 
respectively. This approach is in principle more accurate than the 
methods relying on the Taylor expansion of the rocking curve. Its 
accuracy, however, depends on the number of collected images 
(which ranges from 3 up to 30), and on the width of the angu-
lar interval covered by these images. In the so-called Multiple 
Image Radiology (MIR) approach, such parametric images are 
evaluated by means of numerical and statistical methods (Pagot 
et al. 2003; Wernick et al. 2003). Alternatively, the local rocking 
curve can be analytically fit on a pixel-by-pixel basis (Oltulu et al. 
2003; Nesterets et al. 2006; Zhifeng et al. 2007; Kitchen et al. 
2010). Such fitting methods are proven to be more robust than 

GDEI and MIR when the object introduces large refraction or 
scattering angles as compared to the width of the rocking curve 
(Diemoz et al. 2010). However, they also require more computa-
tional power: curve fitting the local rocking curve for each pixel 
can be rather lengthy, for instance, in a standard mammographic 
image of 18 cm × 24 cm with a pixel size of 50 microns, which 
contains almost 20 million pixels.

50.3.4 Requirements

ABI can provide extraordinary sensitivity to sub-microradian 
deviations in the sample; however, its performance implies strin-
gent requirements in terms of mechanical stability of the imag-
ing system. The latter can be achieved with a state-of-the-art 
setup, which includes optical tables, precision motors, and pos-
sibly active feedback systems (Rhoades et al. 2013).

As detailed above, ABI is only sensitive to angular deviations 
which lie in the crystal diffraction plane yz. However, ABI sensi-
tivity can be extended to both transverse directions (x and y) by 
means of a so-called Bragg magnifier (Modregger et al. 2007), 
which consists of crystals with mutual perpendicular diffraction 
planes.

ABI implementation on a conventional X-ray tube is ham-
pered by the need of a highly collimated and temporally coherent 
(monochromatic) beam. Attempts of applying ABI to conven-
tional sources have so far produced limited X-ray intensity on 
the sample, causing a correspondingly long exposure time (Vine 
et al. 2007; Parham et al. 2009). However, several research and 
development projects are focused on this target. A technical dis-
cussion of some challenges and pitfalls can be found in Hönnicke 
et al. (2012).

50.4 Edge Illumination

The edge illumination (EI) XPCI technique was first developed 
at the Elettra synchrotron in Trieste (Italy) in the late 1990s, 
as an alternative method to the ABI technique that would not 
involve the use of a perfect crystal (Olivo et al. 2001). Similarly 
to ABI, the EI technique is based on detecting the refraction 
angles undergone by the beam in passing through the sample. 
The elimination of the need to use a crystal, however, signifi-
cantly simplifies the setup and relaxes the requirement in terms 
of mechanical stability and beam coherence, making the tech-
nique applicable to tabletop setups employing X-ray tubes (Olivo 
and Speller 2007a,b).

The working principle of EI is schematized in Figure 50.3, in 
the case of its simplest implementation using two slits, which is 
the one usually employed in synchrotron setups (Olivo et al. 2001, 
2012, 2013). The beam is collimated by a slit placed before the 
sample (the so-called pre-sample slit), featuring an aperture typi-
cally on the order of a few to tens of micrometers. A second slit 
(the detector slit) is set in front of the detector and aligned with a 
row of detector pixels. The two slits are partially misaligned with 
respect to each other, so that the collimated beam produced by 
the first slit is incident onto the edge of the detector aperture: in 
this situation, part of the beam will be able to reach the detector, 
while the remaining part will be stopped by the slit. In order to 
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obtain this partial illumination condition, typically the first slit 
is shifted rather than the second, to prevent moving the detector 
as well. When a sample is introduced in the collimated beam, the 
beam can be refracted, thus shifting the position of the beamlet 
on the detector slit by the quantity Δy = zod tan(Δθy), where zod is 
the distance between the sample and the detector slit, and Δθy is 
the component of the refraction angle in the direction y orthogo-
nal to the slits. Since refraction angles for X-rays are typically 
very small (on the order of a few microradians or a fraction of a 
microradian), the expression for the displacement can be accu-
rately approximated by Δy ∼ zod ⋅ Δθy (this quantity is usually on 
the order of a few micrometers or less, for propagation distances 
zod on the order of 1 m). This beam shift has the effect of either 
increasing or decreasing the counts on the detector, depending 
on whether the beam is moved towards the aperture or towards 
the absorbing part of the slit (see Figure 50.3). The method thus 
encodes the refraction angles produced by the sample into a 
measurable intensity modulation on the detector. In particular, 
the boundaries of the various object structures, where refrac-
tion mainly takes place, will produce positive or negative signal 
peaks, exactly like in ABI.

A two-dimensional image can then be obtained via a scan of 
the sample in the direction orthogonal to the slits, to cover the 
full extent of the object. Pasting together the single lines pro-
duced by each step of the scan provides the final image of the 
sample. In addition to the refraction signal, mainly highlighting 
the sample structures boundaries as mentioned above, attenua-
tion and scattering also play a role in producing image contrast in 
EI. As in conventional X-ray imaging, attenuation of the sample 
causes a reduction in the flux of photons reaching the detector 
and, therefore, a drop in the measured intensity. As highlighted 
in a previous section on ABI, the so-called USAXS can be inter-
preted as refraction produced by sample structures on a scale 
smaller than the aperture size, which are too small to be resolved 
(Rigon et al. 2003; Endrizzi et al. 2014). Various points in each 
pixel are then refracted by a different angle, with this distribution 
of angles resulting in a broadening of the beamlet (Endrizzi et al. 
2014). The contribution of USAXS to the image contrast will be 
analyzed in more detail in the next sections.

When an extended beam such as that produced by an X-ray 
tube is used to irradiate the object, the EI principle can be repli-
cated over the whole field of view by replacing the two slits with 
two masks featuring several apertures, thus making the sample 
scan unnecessary (Figure 50.4a) (Olivo and Speller 2007a). In 
this case, the period of the detector mask is usually chosen to 

match the pixel size, so that every detector aperture corresponds 
to a row or column of pixels on the detector. The effect of the 
beam divergence can be taken into account by simply scaling 
down the period of the sample mask.

Eliminating the need for the sample scan has the advantage of 
making the image acquisition much faster, as different areas of 
the samples can be imaged at the same time by different aper-
ture pairs. However, a procedure called dithering is often used 
in order to increase the sampling step in the direction orthogo-
nal to the slits. This consists in a scan of the sample along the 
same direction, in steps of a fraction of the mask period. Various 
frames are then collected and recombined, in order to create a 
new image with improved spatial resolution (Olivo and Speller 
2007b; Ignatyev et al. 2011). The effective sampling step of this 
image will then be equal to the period of the pre-sample mask, 
divided by the number of dithering steps. For instance, for a 
typical sample mask period of 50 µm, using five dithering steps 
enables reaching an effective spatial resolution of about 10 µm. 
It has to be mentioned, however, that there exists a limit to the 
spatial resolution achievable by this procedure, which is mainly 
dictated by the geometry of the setup (Diemoz et al. 2014).

It is important to highlight that, although masks with several 
apertures are used, the mask period is made sufficiently large to 
prevent the mixing and interference of adjacent beamlets, and 
thus each aperture pair acts independently from the neighboring 
ones. The presence of several apertures, in fact, has the scope 
of replicating the EI principle over the whole field of view, thus 
making the acquisition faster. While so far masks of a few square 
centimeters have been typically used in lab-based setups (Olivo 
et al. 2013), large masks of dimensions up to 20.48 × 1.28 cm2 
have been recently designed and exploited (Astolfo et al. 2016a), 
thus significantly enlarging the field of view available for 
imaging.

It can be noted that other implementations of the EI technique 
are possible, in addition to the one presented above. For instance, 
the presence of the second mask is not necessary if a detector 
with sharp boundaries between pixels is used. In this case, in 
fact, the EI principle can be reproduced by simply aligning the 
beamlets created by the first mask with the edge between pix-
els, thus exploiting this edge to create the image contrast (Krejci 
et al. 2010). In yet another implementation, the second mask can 
be removed when a high resolution detector is available. In this 
case, in fact, the shift of the beam due to refraction, the drop 
in the total intensity due to absorption, and the beam broaden-
ing due to scattering can be retrieved by fitting (for instance 
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FIGURE 50.3 Diagram of a typical synchrotron EI setup based on the use of two slits (not to scale). (a) No refraction from the object, (b) photons refracted 
onto the detector pixels increase the detector signal, and (c) photons deviated out of the detector pixels decrease the detector signal.
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with a Gaussian function) the values of the various pixels illu-
minated by each beamlet (Vittoria et al. 2014, 2015). The usual 
implementations of EI employing linear apertures are only sen-
sitive to refraction in one direction (that orthogonal to the aper-
ture). However, two-dimensional sensitivity can be achieved if 
L-shaped masks are used, which are sensitive to beam displace-
ments in two directions. This solution was implemented in both 
synchrotron (Olivo et  al. 2009) and laboratory setups (Kallon 
et al. 2015): it offers the advantage of an improved sample visu-
alization and of an easier integration of the refraction signal to 
obtain the phase map, at the cost of increased setup complexity 
and longer exposure times.

50.4.1 The Illumination Curve

The signal in EI can be rigorously modeled by following a wave 
optics treatment based on Fresnel-Kirchhoff diffraction inte-
grals. Numerical methods based on this model have been devel-
oped and used to accurately simulate EI images (Munro et  al. 
2010a; Vittoria et al. 2013). In the following, however, we will 
concentrate on a formalism based on the so-called illumination 
curve, which significantly simplifies the rigorous wave optics 
formalism and, importantly, enables a simple way to perform the 
phase retrieval.

We will first consider a single monochromatic component of 
the beam, and later sum the resulting monochromatic signals 
over the whole spectrum, in order to take into account beam 
polychromaticity. The case of a single aperture pair and sample 
scanning is also considered for simplicity, as, from a mathemati-
cal point of view, this implementation of EI is equivalent to the 
one employing masks, as long as the various apertures are suf-
ficiently separated to prevent mixing of the individual beam-
lets. Moreover, we will only consider the signal in the direction 
orthogonal to the apertures (y), as in the other direction (x) the 
signal is not affected by the presence of the masks (Diemoz et al. 
2014). Let ρref(y; E) ≡ ∂2N/∂y∂E indicate the distribution of the 
beam incident upon the detector slit in the absence of the sam-
ple, defined as the number of photons per unit of length and unit 
of energy, produced by a pre-sample slit centered at y = 0. The 
monochromatic signal measured by the corresponding detector 
pixel will be equal to the integral of the beam within the detector 
aperture, such as (Diemoz et al. 2013a,b):
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where ye is the position of the lower edge of the detector aperture, 
and d the aperture size. I dy y E N EE ref0, ( ; )= ∫ = ∂ ∂−∞

+∞ ρ /  is the 
density of photons at energy E, and CE(ye) describes the fraction 
of those photons falling within the detector aperture, as a func-
tion of the misalignment between the two slits. An example of 
this function is reported in Figure 50.4b. This is usually referred 
to as the illumination curve, in analogy to the rocking curve 
encountered in the case of the ABI technique. The similarity 
between this model for EI and the rocking curve model for ABI 
is substantial, as the two models are formally equivalent from a 
mathematical point of view. This similarity, as we will see in the 
following, can be exploited to intuitively understand the variation 
of intensity in EI due to refraction, as well as in the development 
of phase retrieval methods.

In a geometrical optics approximation, the illumination curve 
is simply equal to the convolution between the magnified pre-
sample slit, the detector slit, and the source distribution projected 
onto the detector plane (Olivo and Speller 2007b; Diemoz and 
Olivo 2014). It can be shown that geometrical optics is a good 
approximation for EI implementations employing non-microfocal 
X-ray sources (Munro et al. 2010a; Diemoz et al. 2013b; Diemoz 
and Olivo 2014). When a highly coherent beam is employed, 
instead, diffraction effects become non-negligible, and accurate 
wave optics simulations are necessary to determine the shape 
of the illumination curve (Diemoz et  al. 2013a). Importantly, 
however, this function can also be easily measured, by simply 
scanning one slit with respect to the other and by measuring the 
detected intensity at each position.

When a non-scattering sample is introduced, the beam on the 
detector slit can be attenuated and spatially shifted, so that the 
detected signal becomes, at a specific step p of the sample scan:
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Here, we have implicitly assumed that both the transmis-
sion T and refraction angle Δθy are approximately constant 
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within the size of the sample aperture, so that the beam is rig-
idly attenuated and shifted, while its shape is left unchanged. 
We see that, once a working position, ye, has been chosen on 
the illumination curve, the contrast is determined by the shift 
on the illumination curve caused by refraction (in addition to 
the trivial dependence upon transmission). The dependence 
upon refraction becomes even more obvious if the refraction 
angle is small, so that the illumination curve can be linearly 
approximated:
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where ′ = ∂ ∂C y C y yE e E e e( ) ( )/ . The change in signal, therefore, is 
to first approximation proportional to the propagation distance, 
to the refraction angle, and to the steepness of the illumination 
curve at the chosen point. This means that the obtainable contrast 
can be tuned by changing the working position on the illumina-
tion curve: the refraction signal will be maximized, in particular, 
at the slopes of the illumination curve, where its first derivative 
is largest.

The detected signal in the polychromatic case can be simply 
expressed as the incoherent sum of the monochromatic intensi-
ties, weighted by the detector response f(E):
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If the slits are totally absorbing at the used energies and dif-
fraction effects can be neglected (such as in tabletop setups 
using non-microfocal sources, where convolution with the pro-
jected source distribution effectively washes out any diffraction 
peak), the illumination curve shows no dependence upon the 
energy. This was also shown experimentally using a photon-
counting energy-resolving detector (Endrizzi et al. 2015).

As in the case of other XPCI techniques such as grating inter-
ferometry (Pfeiffer et al. 2006), the signal in the polychromatic 
case is often expressed through the use of a modified version 
of Equation 50.20, considering effective transmission, Teff, and 
refraction angle, Δθy,eff, which are obtained as a weighted aver-
age over the whole spectrum, such as:
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where I0 = ∫dEf(E)I0,E. A comprehensive model for polychroma-
ticity was developed in Munro and Olivo (2013). We will just 
mention here that, in the special case where the illumination 
curve is independent of the energy and can be linearly approxi-
mated, the effective transmission is equal to Teff(p) = ∫  dEf 
(E)I0,ET(p; E), while the effective refraction angle is equal to 
Δ Δθ θy eff eff E yp T p dEf E I T p E p E, ,( ) ( ) ( ) ( ; ) ( ; )= ∫−1

0 . The effec-
tive energies corresponding to the transmission and refraction 
angles are in general different, because the absorption and refrac-
tion coefficients have a different dependence upon the energy 
and because the effective refraction angle also depends on the 

transmission at the various energies. Furthermore, the effective 
energies are in general a function of the position in the sample, as 
regions with higher attenuation will cause a shift towards higher 
energies (i.e., beam hardening).

As described in previous sections for ABI, a scattering sample 
will introduce a finite distribution of angles, f(Δθs,eff), around the 
mean refraction angle, Δθy,eff, due to the presence of refracting 
structures in the sample on length scales smaller than the sample 
mask aperture. Equation 50.23 needs then to be rewritten as:
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where, for simplicity of notation, we have discarded the depen-
dency of the various quantities upon the sample position, p, and 
where Δyeff = zodΔθy,eff and Δys,eff = zodΔθs,eff. The measured 
(local) illumination curve, �C y y pe eff( ( ))− Δ , is given by the con-
volution of the intrinsic illumination curve with the scattering 
distribution: this function will, thus, appear broader as an effect 
of the scattering.

The effect of sample scattering on the image contrast is dif-
ferent, depending on the chosen working position. At the top of 
the illumination curve, scattering will appear as a decrease in 
the measured signal: photons previously falling into the detector 
aperture, in fact, can be thrown out of it because of scattering. 
At the tails of the illumination curve, instead, a contrast reversal 
will be observed: in fact, scattered photons can be sent into the 
aperture, thus increasing the number of counts on the detector. 
At the slopes of the illumination curve, the effect of scattering 
will be minimum.

50.4.2 Phase Retrieval and Sensitivity

We will describe in this section only the retrieval methods based 
on the illumination curve formalism. Other phase retrieval meth-
ods were previously developed in Munro et  al. (2012, 2013a) 
for both synchrotron radiation and laboratory implementations 
of EI. However, these models require precise knowledge of the 
setup parameters and make some additional assumptions, such 
as that of ideal (perfectly absorbing and sharp) optical elements. 
Moreover, they do not take into account that the shape of the 
beam can be affected by diffraction in the case of highly coher-
ent beams (Diemoz et al. 2013a). The illumination curve model, 
instead, enables a rather practical and accurate way to perform 
phase retrieval, as all experimental parameters are incorporated 
in the illumination curve, which can be experimentally measured.

If the contribution from scattering can be neglected, two input 
images are needed in order to separate attenuation and refrac-
tion. These are usually chosen at the left and right slopes of the 
illumination curve, like in many of the algorithms developed for 
the ABI technique (Chapman et al. 1997; Diemoz et al. 2010), as 
(1) at these positions the illumination curve is almost linear, and 
(2) the sensitivity to refraction is here maximized.

The dependence upon the sample transmission can be factored 
out by taking the ratio between the two images at the right (Isam,+) 
and left (Isam,−) slopes, such as (cf. Equation 50.23):
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A relationship can, thus, be established between the ratio of the 
two images and the refraction angle, where the function, R, can 
be calculated numerically from the experimental measure of the 
illumination curve. The refraction angle can then be extracted 
by inverting Equation 50.25 (Diemoz et al. 2013a,b; Munro et al. 
2013b):
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and the transmission can be obtained by combining Equations 
50.23 and 50.26:
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A similar algorithm based on a linearization of the illumi-
nation curve, which was inspired by the classic DEI algorithm 
in ABI (Chapman et  al. 1997), was proposed in Munro et  al. 
(2013b). This linear approximation holds if the refraction angles 
are sufficiently small, and is more easily verified at the slopes 
of the illumination curve, which are almost linear. Under this 
assumption, the transmission and refraction angle can be easily 
calculated from the sum and difference of the images at the two 
slopes of the illumination curve, such as:
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where it is assumed that the two EI images are taken at symmet-
ric positions, C(ye,−) = C(ye,+) and C′(ye,−) = −C′(ye,+).

The uncertainty on the calculated values Δθy,eff and Teff can 
be estimated analytically by propagating the noise in Equations 
50.26 and 50.27 (the same result would be obtained using 
Equations 50.28 and 50.29). The assumption is made that the 
noise in the input images is purely statistical (Poissonian), that 
the detector is a photon counter, so that σ( ), ,I Isam sam± ±= , and 
that two symmetric positions on either side of the illumination 
curve are chosen. The uncertainties on Δθy,eff and Teff are then 
(Diemoz et al. 2013a,b):
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where ρref(y) ≡ ∫dEρref(y; E) is the number of photons per unit 
of length in the beam incident onto the detector edge. In particu-
lar, the value σ(Δθy,eff) can be considered as an estimate of the 
refraction sensitivity of a given EI imaging system, for a fixed 
number of photons (or equivalently a fixed dose to the sample). In 
fact, angles smaller than this value are likely to go undetected in 
the image, as they fall below the noise level, while angles larger 
than this value will likely lead to detection of the corresponding 
object structures. Equation 50.30 can then be exploited to study 
analytically the dependence of the angular sensitivity upon the 
various parameters of the setup, such as focal spot size, aperture 
sizes, setup distances, position on the illumination curve, and so 
on, which can be useful to guide the design and optimization of 
EI setups. In Figure 50.5, as an example, we present the varia-
tion of the sensitivity as a function of the focal spot size, in the 
case of the laboratory setup described in Diemoz et al. (2013b). 
Furthermore, Equation 50.30 potentially enables a comparison 
with the sensitivity of other XPCI techniques, along the lines of 
Diemoz et al. (2012).

If the sample scattering is not negligible, three input images 
are instead required for the phase retrieval. Endrizzi et al. (2014) 
developed a method based on modeling both the illumination 
curve and the object scattering distribution as Gaussian functions. 
Under this assumption, the signal, Ii, measured at each of the 
three mask positions, yi, with i = 1, 2, 3, is (c.f. Equation 50.24):
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where A is a constant, σ σ σ θ
2 2 2= +ic SΔ , σic is the standard devia-

tion of the illumination curve, and σ θΔ S
 is the (unknown) standard 

deviation of the scattering distribution f ys eff( ),Δ . This system of 
three equations in three unknowns can be solved analytically. In 
particular, if one image is acquired at the top of the illumination 
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FIGURE 50.5 Variation of the sensitivity as a function of the source 
dimensions, for a typical EI laboratory setup. The difference between the 
two profiles is due to the fact that, by neglecting diffraction effects, geo-
metrical optics provides an inaccurate value for the beam shape ρref in the 
case of small focal spots. (Reprinted with permission from Diemoz, P.C. et al. 
Sensitivity of laboratory based implementations of edge illumination X-ray 
phase-contrast imaging. Applied Physics Letters 103:244104. With the per-
mission of AIP Publishing. Copyright  2013b, American Institute of Physics.)
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curve, such as y2 = 0, and the two other images are acquired at 
symmetric positions on the slopes, such as y3 = −y1, it can be 
found that (Endrizzi et al. 2014):
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where C = −2 ln(I1/I2) and D = −2 ln(I3/I2). An improvement on 
the algorithm above was proposed in Endrizzi and Olivo (2014), 
in order to take into account an illumination curve with an offset 
different from zero. This is an experimentally relevant case: off-
sets between 5% and 30% are typically observed in laboratory 
EI setups, mainly arising due to partial transmission through the 
masks at the higher energies of the spectrum. In this work, an 
iterative procedure is employed to correct the retrieved values 
to account for this effect. An alternative setup based on the use 
of asymmetric masks was also recently proposed and applied, 
in order to implement the three-image retrieval but without 
the need to move the masks during acquisition (Endrizzi et al. 
2016). Instead, the data necessary for the retrieval are obtained 
by replacing the mask movement with a scan of the sample in 
the direction orthogonal to the mask lines. Polychromaticity and 
beam hardening have been shown to produce an effect on the 
measured signal, and in particular to create ghost signals in the 
absorption and scattering channel, if not properly accounted for. 
A new algorithm that can prevent such beam hardening artefacts 
was developed in Vittoria et al. (2015).

Finally, a retrieval method was recently developed that 
requires only a single input image acquired at one slope of the 
illumination curve (Diemoz et al. 2015), which presents impor-
tant advantages for applications where a short acquisition time 
is crucial (such as dynamical imaging and computed tomogra-
phy). This method is based on a linearization of the illumina-
tion curve and on the additional assumption that the sample is 
quasi-homogeneous, thus the δ/β ratio is constant across the field 
of view. This assumption has been used extensively in the frame-
work of the PBI technique, and in particular it was at the basis of 
the method developed in Paganin et al. (2002). Importantly, it is 
usually satisfied in the case of biological soft tissues, as these are 
typically very similar to each other in terms of elemental com-
position. As in the original Paganin algorithm, the image pro-
cessing only consists in applying an appropriate Fourier filter to 
the experimental image. Due to the low-pass nature of the filter, 
the method is very stable with respect to high frequency noise 
(Diemoz et al. 2015).

50.4.3 Coherence Requirements

EI does not have strict coherence requirements. This directly 
comes from the incoherent nature of the technique: in fact, the 
working principle of EI and the generation of contrast in the 

image can be described by using models based on geometrical 
optics (Munro et  al. 2010a; Diemoz et  al. 2013b; Diemoz and 
Olivo 2014), where the X-rays are treated like particles traveling 
along straight lines. It was shown that geometrical optics is rather 
accurate when applied to EI laboratory setups (Munro et  al. 
2010a; Diemoz and Olivo 2014), while the accuracy decreases 
in synchrotron setups, due to the high coherence of the radia-
tion and the need to take into account wave diffraction effects 
(Diemoz et al. 2013a).

The technique does not require a beam with high temporal 
coherence (i.e., monochromaticity) (Munro et al. 2010b; Diemoz 
et al. 2013b), as different energies in the spectrum only have the 
effect of producing refraction angles of different amplitude; how-
ever, all contributing to the image contrast. All X-ray energies 
are, therefore, efficiently exploited in a given setup, as long as 
they are (1) sufficiently high to traverse the mask apertures (typi-
cally built on a graphite or silicon substrate), and (2) sufficiently 
low to prevent transmission through the absorbing lines in the 
masks (typically built in gold). In practice, the above conditions 
do not pose strong limitations on the usable range of energies, 
which is typically of several tens of kiloelectronvolts.

High spatial coherence in the beam is also not required. In 
fact, the transverse coherence length was calculated to be on the 
order of 0.5 µm for a typical laboratory implementation of EI 
(Endrizzi et al. 2014), which is much smaller than both the period 
and aperture size of the masks. However, the focal spot should 
not be too large, in order to (1) prevent mixing of individual 
beamlets at the detector plane, and (2) prevent loss in phase sen-
sitivity. In fact, it was shown that angular sensitivity decreases 
with increasing source size, although slowly, as seen in Figure 
50.5 (Diemoz et al. 2013b).

50.5 Computed Tomography

In this section, we will review the main methods for computed 
tomography (CT) reconstruction jointly for the ABI and EI 
techniques, as the physical quantities measured or retrieved at 
every rotation angle are the same in the two cases. Typically, 
at every rotation angle several images are acquired and 
retrieval algorithms described in previous sections are applied 
to retrieve the absorption, refraction, and scattering images. 
These sets of projections are then used as input to the CT 
reconstruction, which exploits the fact that these parametric 
images are equal to line integrals of fundamental properties 
of the sample, so that conventional CT reconstruction algo-
rithms such as filtered back projection (FBP) can be used (see 
Section III, Chapter 33). Specifically, the apparent absorption 
image is related to the line integral of a modified linear attenu-
ation coefficient, µ, in which extinction contrast, due to SAXS 
rejection, is included (Dilmanian et al. 2000). Scattering para-
metric projections correspond to line integrals of the second 
moment of a local scattering function (Rigon et  al. 2008), 
which has been dubbed local angular impulse response func-
tion by Brankov et al. (2006). Such a second moment is equiv-
alent to the linear diffusion coefficient introduced by Bech 
et al. (2010) in developing tomographic methods for a different 
XPCI technique, grating interferometry, which produces para-
metric images similar to ABI and EI (Pelliccia et al. 2013). The 
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three-dimensional (3D) distributions of µ and of this linear 
diffusion coefficient can, thus, be easily reconstructed.

Two different CT acquisition geometries, however, need to be 
distinguished regarding the reconstruction of the refraction sig-
nal (Figure 50.6): (1) the sample rotation axis is parallel to the 
direction, y, along which the system is sensitive to refraction, and 
(2) the sample rotation axis is orthogonal to the sensitivity direc-
tion, y. The refraction image obtained at each projection corre-
sponds to the line integral of the gradient along y of the refractive 
index decrement, such as ∂δ/∂y (Dilmanian et al. 2000; Brankov 
et al. 2006).

In the former geometry (also referred to as out-of-plane 
geometry), this quantity is rotationally invariant (with respect 
to a rotation in the x-z plane), and, therefore, its 3D distribu-
tion can be reconstructed by using conventional CT algorithms 
(Dilmanian et  al. 2000; Hagen et  al. 2014a). We note that, in 
principle, the 3D map of δ can also be reconstructed, for exam-
ple by integrating the refraction angle maps along y before CT 
reconstruction, or by integrating along y the reconstructed 3D 
map of ∂δ/∂y. However, this is usually avoided, as integration 
of the refraction image typically results in severe streak arte-
facts, due to propagation of noise and other artefacts from the 
input image (Wernick et al. 2006). A third possibility exists, in 
this CT geometry, which consists in acquiring a single image 
per rotation angle in a linear region of the rocking curve (for 
ABI) or of the illumination curve (for EI), and in applying CT 
reconstruction without prior phase retrieval. This procedure is 
justified under the assumptions that the scattering signal is neg-
ligible, and that the refraction angles are small, so that the rock-
ing curve or illumination curve can be linearly approximated. In 
this case the absorption and refraction signals cannot be sepa-
rated, but it can be shown that the reconstructed quantity is a 
well-defined linear combination of the quantities µ and ∂δ/∂y 
(Diemoz et al. 2011; Hagen et al. 2014a).

In the second CT geometry, where the sensitivity direction y 
is contained within the rotation plane (also called for this rea-
son in-plane geometry), the quantity ∂δ/∂y is not rotationally 
invariant and, therefore, cannot be reconstructed directly. One 
possibility is to integrate the refraction angle image to obtain 
the phase map at every angle, and then use this set of projec-
tions to reconstruct the 3D distribution of δ through conven-
tional CT algorithms. It can be shown that, by using the FBP 
algorithm, the integration step can be incorporated within the 
reconstruction step by simply replacing the usual ramp filter 
with the so-called Hilbert filter. This method was first proposed 

for phase-contrast CT using visible light (Faris and Byer 1988), 
and was later extended to the X-ray regime for both ABI (Huang 
et al. 2006) and EI (Hagen et al. 2014b) techniques. It can be 
noted that, unlike in the out-of-plane geometry, in this geometry 
the streak artefacts from integration are generated in the recon-
struction plane, and, thus, tend to cancel each other in the CT 
reconstruction, providing artefact-free slices. In order to extract 
the refraction map at every rotation angle, two or more projec-
tions usually need to be acquired, at different positions of the 
analyzer crystal (ABI) or at different mask misalignments (EI). 
However, an extension of the previous method was developed, 
which does not involve the movement of the optical elements 
during the acquisition, but simply requires a rotation over 360° 
instead of 180°. It is based on the idea that projections acquired 
at angles θ and θ + 180° contain the same absorption informa-
tion, but, since the sample is rotated by 180° with respect to the 
refraction sensitivity direction of the imaging system, perfectly 
opposite refraction signals, like images acquired at the two 
slopes of the rocking curve (ABI) or of the illumination curve 
(EI). Each pair of projections can, thus, be used as inputs for 
the phase retrieval, and the obtained Δθy projections then used 
to reconstruct the 3D map of δ via FBP with the Hilbert filter. 
This reversed projections method was first developed for ABI 
(Wang et al. 2007) and was recently demonstrated to be appli-
cable also for EI (Hagen et al. 2016). Another method that has 
been described for reconstruction of δ in the in-plane geometry 
is the so-called gradient vector field approach (Maksimenko 
et  al. 2005; Gasilov et  al. 2014). This consists of first recon-
structing, from a set of Δθy projections, the two components of 
the gradient of δ in the reconstruction plane, and then in using 
these as inputs for the calculation of δ. One of the advantages of 
this method is the flexibility in the choice of the CT reconstruc-
tion algorithm to be used for the calculation of the gradient of δ, 
and in the algorithm for the calculation of δ itself from its gra-
dient. A comparison of the gradient vector field approach with 
methods involving (a) integration of the refraction, regulariza-
tion, and FBP with ramp filter, and (b) FBP with Hilbert filter 
can be found in Gasilov et al. (2014).

50.6 Applications to Biomedical Imaging

50.6.1 Breast

The distinctive high sensitivity of XPCI in soft tissue visualiza-
tion and low-absorbing feature detection soon found one of the 
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FIGURE 50.6 Sketch of (a) the out-of-plane geometry (rotation axis parallel to sensitivity direction) and (b) the in-plane geometry (rotation axis orthogonal 
to sensitivity direction), in the specific case of an EI setup.



1012 Handbook of X-ray Imaging

most natural and interesting application fields in breast imaging. 
Mammography, which is the primary imaging method in national 
screening programs and for the clinical work-up of symptom-
atic patients (Albert et al. 2009), is an intriguing diagnostic case 
because of its challenging requirements. Detection of breast can-
cer relies on the recognition of different kinds of breast changes, 
including subtle architectural distortions, masses, skin thicken-
ing, and microcalcifications. The small differences in attenuation 
of X-rays between normal and malignant tissue, as well as the 
small dimensions of microcalcifications, which make it hard to 
distinguish their benign or malignant nature, result in a difficult 
diagnosis, including an important number of false positive and 
false negative cases because of limited sensitivity (92%–93%) 
and specificity (87%–91%) (Kemp Jacobsen et al. 2015; Ohuchi 
et al. 2016). The situation is made more complicated by the fact 
that the breast (i.e., the glandular tissue) is one of the most radio-
sensitive organs and, thus, the radiation dose level in mammog-
raphy needs to be as low as possible to limit the risk-benefit ratio 
of the examination. The first studies in which XPCI was applied 
to excised breast tissue samples and was proven to be able to 
enhance the contrast of mammographic images dated back to the 
end of the last century (Arfelli et al. 1998, 2000; Pisano et al. 
2000). Since then, many works have been published in the field 
presenting theoretical, technical, methodological, and image 
processing developments validated on both phantoms and human 
tissues and by correlation with conventional clinical methods 
(e.g., histology, mammography, magnetic resonance imaging). 
The most important achievements and results of XPCI for breast 
cancer detection have been extensively reviewed in recent years 
(Keyriläinen et al. 2010; Coan et al. 2013).

Clinical trials have been carried out at the Elettra synchro-
tron radiation facility in Trieste, Italy (Castelli et al. 2007, 2011; 
Longo et al. 2014) using the PBI planar radiography technique, 
involving 71 patients who had been previously diagnosed with 
questionable or suspicious breast abnormalities on the basis 
of combined digital mammography and ultrasonography. The 
results highlighted that normal structures and abnormal findings 
were depicted with higher image quality with respect to conven-
tional digital mammography (Figure 50.7). As a consequence, 
PBI mammography was able to clarify cases of questionable 
or suspicious breast abnormalities from conventional digital 
mammography.

In the past 5 to 10 years, XPCI research in breast imaging has 
particularly focused on the demonstration of low-dose breast CT.

Recent ex vivo studies using PBI have been carried out at the 
Shanghai Synchrotron Radiation Facility; 14 carcinoma and 
eight adenoma specimens have been examined using PBI-CT, 
with a 100% matching with histopathological findings (Jian et al. 
2015).

Synchrotron radiation mammography is also being tested at 
the Australian Synchrotron Radiation facility, which showed the 
presence of edge enhancement also in images acquired using a 
Hamamatsu CMOS flat panel with a 100 µm pixel size (Nesterets 
et al. 2015) and with mean glandular doses between 4.7 mGy and 
10.8 mGy, depending on the imaging parameters, for phantoms 
of 5 cm diameter. These and other research programs along the 
same pathways (Longo et al. 2016; Sarno et al. 2016) are prepar-
ing the ground for clinical trials in PBI-CT. In particular, Longo 
et al. (2016) present PBI-CT images of 9 to 10 cm uncompressed 

breast tissues acquired with a voxel size of 120 µm3 produced 
with a limited number of angular projections (300) and a mini-
mum dose level (mean glandular dose about 4 mGy) that is only 
2- to 4-times higher than that of a two-view mammography for a 
2 cm compressed breast (i.e., 1–2 mGy).

There are several studies where the ABI method is used for 
imaging in vitro breast samples with the same goal of identi-
fying mammographic signs in the images. Comparison of the 
same high resolution (∼20 lp/mm) CT slices with microscopy of 
histological images suggests that ABI-CT imaging may provide 
“histopathology” of the breast, both in partial (Keyriläinen et al. 
2008) and in full and large (150 mm diameter) organs (Sztrókay 
et al. 2012).

By combining XPCI with an image reconstruction method 
known as equally sloped tomography, Zhao et al. (2012) imaged 
a full human breast using ABI and identified a malignant can-
cer with a voxel size of (92 µm3) using a radiation dose (2 mGy) 
equivalent or lower than that of dual-view mammography.

1 cm

(a) (b)

(c) (d)

1 cm 1 cm

1 cm

FIGURE 50.7 Images of the right breast in a 60-year-old woman with 
a suspicious mass identified by conventional digital mammography. 
(a)  Craniocaudal DM image and (b) digital zoom image show mass with 
architectural distortion (arrow) in the upper outer quadrant. (c) The PBI 
image and (d) corresponding digital zoom image do not confirm any suspi-
cious breast masses. Imaging follow-up findings did not confirm any breast 
lesion. (Adapted from Castelli, E. et al. 2011. Radiology 259:684–94. Figure 
2. Reproduced with permission.)
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ABI-CT was also used to investigate the visibility of typical 
post-therapeutic tissue changes in Breast Carcinoma (Grandl 
et  al. 2016). Accurate and quantitative density maps were 
retrieved from the ABI-CT data by using an advanced mathemat-
ical algorithm. Images depicted the different tissue types with an 
excellent correlation to histopathology, showing the potential of 
the method to become a unique diagnostic tool in the prediction 
of tumor response to neoadjuvant chemotherapy.

In recent years, the EI technique has emerged as a new method 
for high sensitivity and low-dose breast imaging. Importantly, EI 
can also be implemented with laboratory sources such as conven-
tional X-ray tubes, and thus bears the potential for a future appli-
cation in a clinical environment. In Olivo et al. (2013), projection 
images of 2-cm thick breast tissues were acquired using a labora-
tory EI setup with a detector pixel size of 85 µm, and with entrance 
air kerma values down to 1 mGy, which is within the acceptable 
limit for the entrance dose in mammography. All images showed a 
clear increase in detail visibility (in terms of both tissue definition 
and microcalcification detection) in the EI images with respect to 
absorption images, thanks to an increase in the image contrast of 
a factor of 5. Using synchrotron X-rays, a photon-counting detec-
tor and a recently developed single image phase retrieval method 
based on EI (Diemoz et  al. 2015), Diemoz et  al. (2016) imaged 
2-cm and 4-cm thick breast tissue samples with a 55 µm pixel size 
and a mean glandular dose for each acquisition of only 0.12 mGy, 
thus an order of magnitude smaller than a clinical mammogram.

50.6.2 Musculoskeletal Phase-Contrast Imaging

The visualization of articular cartilage and of its degeneration, 
the study of the effect of therapies, or of the status of the healing 
of bone implants call for high resolution and sensitive imaging. 
The portfolio of standard clinical techniques includes conven-
tional radiology and CT, ultrasound, and Magnetic Resonance 
Imaging (MRI); unfortunately, none of these methods fulfill all 
the clinical requirements. In reported experimental studies, most 
of them performed at synchrotrons, XPCI has shown its potential 
for providing an early and precise visualization of osteoarthritis 
(OA) and rheumatoid arthritis (RA), whose diagnosis implies the 
analysis of both soft tissue (i.e., cartilage) and subchondral bone 
details. In fact, conventional imaging techniques are sensitive only 
to advanced OA or RA stages when therapeutic strategies are less 
effective. In this field, most of the research was performed using 
the ABI technique, due to its higher sensitivity with respect to PBI. 
A review of the key results in this field has been recently published 
(Olubamiji et  al. 2014). Early studies (Mollenhauer et  al. 2002), 
confirmed by more recent ones demonstrated that the ABI tech-
nique could be a powerful tool in diagnostic orthopedics. Non-
invasive detection of cartilage abnormalities, especially in the 
initial stages of degenerative joint disease (or early in its progres-
sion) was proven on small samples and on excised human femoral 
heads. The evaluation by ABI of the quality of the bone ingrowth 
into the implant surface was shown to be more sensitive than con-
ventional radiography (Wagner et al. 2006).

Application on excised portions and full human joints using 
ABI-CT demonstrated the ability of this technique to visualize 
internal architectural properties of the cartilage matrix in human 
cartilage samples (Muehleman et al. 2004). Fine cartilage ana-
tomical features were visualized, and a comparison with histology 

was also performed for osteoarthritic and healthy tissues (Coan 
et  al. 2010a). AB images allowed differentiating osteoarthritic 
from normal samples in analogy to histopathological criteria. In 
a thumb image, it was possible to visualize articular cartilage, 
tendons, and other soft tissues (Muehleman et al. 2009). A pre-
liminary test of ABI on large intact synovial joints, such as cadav-
eric human knee joints, has been carried out by Li et al. (2009). 
Images showed simultaneous high soft tissue and bone contrast, 
and clearly depicted the articular cartilage, cruciate ligaments, 
loose connective tissue, menisci, and chondrocalcinosis. Proof-of-
principle studies of in vivo application of ABI were first performed 
by Coan et al. (2010b): in vivo ABI radiographs and ABI-CT of 
guinea pigs knees were used to investigate the development of OA. 
Images gave strong evidence of the ability of ABI in depicting 
both anatomic structures in complex systems (as living organisms) 
and clinical signs of osteoarthritis, with high contrast, high spatial 
resolution, and at an acceptable radiation dose.

Further studies (Pratt et al. 2015) have also shown the feasi-
bility of 10 to 20 micron voxel size imaging to investigate the 
cortical porosity in live rat in longitudinal studies; however, 
the radiation dose (2.5 Gy) remained the limiting factor in the 
protocol.

Some groups have started exploring the possibility of apply-
ing the ABI technique on microfocus X-ray tubes (Muehleman 
et al. 2009). Images of an intact human knee showed the articular 
cartilage edge of the femoral condyle, even when superimposed 
by the tibia. Using the PBI technique, bone imaging was dem-
onstrated by Cooper et al. (2011) at very high resolution (1.4 µm 
pixel size), with the 3D visualization of osteon morphology and 
the quantitative assessment of murine articular cartilage and bone 
in a longitudinal study of collagen-induced arthritis (Li et  al. 
2014). In another study, lumbar facet joint degeneration, which is 
believed to be an important cause of low back pain, was examined 
by PBI-CT in a rat model. In particular, the degeneration pro-
cess and the morphological changes in the subchondral bone were 
delineated at an unprecedented high resolution (Cao et al. 2016b).

Using PBI, a clear demonstration of the effective possible 
transferability of this research in clinics has been the high resolu-
tion image (46 micron pixel size) of a full cadaveric knee (Horng 
et al. 2014). In a single image the cartilage and the subcondral 
bone were visualized at high resolution in two intact knees, and 
compared with images acquired at a clinical CT scanner and 
using a 3T MRI (Figure 50.8). PBI-CT presents soft tissue con-
trast surpassing that of conventional CT with a clear discrimi-
nation of ligamentous, muscular, neural, and vascular structures 
using a dose down to 50 mGy. In addition, phase-contrast images 
show cartilage and meniscal calcifications that are not percep-
tible on conventional CT or on MRI.

Using the EI technique, Marenzana et al. (2012) demonstrated 
visualization of the cartilage tissue in a laboratory setup. In this 
study, they imaged excised samples of tibial bone and cartilage 
from rats (1–2 mm thickness) and showed that cartilage thick-
ness and surface defects can be depicted both with the sample in 
air or in saline solution.

50.6.3 Lung

In conventional radiography, the lung is a weakly absorbing 
organ, and pathologies are seen as opaque masses. In early ABI 
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studies, strong scattering contrast from the lung was observed 
(Zhong et al. 2000). When the analyzer was tuned to the peak 
position, the apparent absorption in a mouse lung was much 
higher than normal absorption, due to scatter rejection (extinc-
tion contrast). The corresponding increase of scattering signal 
was observed when the analyzer was tuned to the tail of the 
rocking curve. The specific surface area of the lung tissue is 
large and, therefore, gives rise to strong SAXS and USAXS sig-
nals. Scattering contrast can potentially be used for research and 
diagnosis of diseases that lead to reduction of the alveolar area 
of the lung (e.g., emphysema), as already shown in Kitchen et al. 
(2011).

Both ABI and PBI techniques have been used for studying 
lung structure and function (Parsons et al. 2008; Beltran et al. 
2011). One research line is dynamical imaging of lung clearance 
at birth (Lewis et al. 2005; Kitchen et al. 2008; Hooper et al. 
2009). Rapid succession of PBI images of newborn rabbit pups 
locates airway liquid and allows visualization of lung aeration. 
This provides new and essential information about the transi-
tion to air-breathing at birth. Movement of fluid in airways and 
reduction of the airway surface liquid, associated with cystic 

fibrosis, have been imaged in a mice model in vivo (Donnelley 
et al. 2011). It has been observed that the projection image of 
the lung has a strong speckle pattern, and this was interpreted 
to arise from multiple refraction in alveoli, and to variable 
focusing of the X-ray beam (Kitchen et al. 2004). The speckle 
pattern has been used for studying respiratory development and 
pathology, and to quantitatively measure airway dimensions 
and changes in their size during respiration (Kitchen et  al. 
2015). Vessel stenosis and individual alveoli were imaged in 
excised rat and mice tissues (Zhang and Luo 2011). ABI has 
been used to detect atelectasis in the injured lung (Connor et al. 
2011), and imaging of the lung has been used as an example in 
the development of a variant of the ABI method, where a Laue-
type analyzer crystal splits the transmitted beam to direct and 
diffracted beams, which are recorded simultaneously at several 
rocking angles. Absorption, refraction, and scattering images 
are then retrieved by an iterative algorithm (Beltran et al. 2011).

Kitchen et  al. (2014) studied how changes in positive end- 
expiratory pressure (PEEP) alter the distribution of ventilation 
within the lung immediately after birth in newborn rabbits. 
Initiating ventilation with 10 PEEP (i.e., with PEEP = 10 cm 
H2O) resulted in a uniform increase in functional residual capac-
ity throughout the lung, whereas initiating ventilation with 5 
PEEP or 0 PEEP preferentially aerated the upper right quadrant 
rather than both lower quadrants. With ventilation at 10 PEEP, 
the distribution of air at end-inflation was uniform across all 
quadrants and remained so, regardless of the PEEP level. Thus, 
uniform distribution of ventilation can be achieved by initiating 
ventilation with a high PEEP.

Broche et  al. (2016) studied the recruitment/derecruitment 
(R/D) of oxygen during respiration as a function of PEEP in a 
model of mechanical ventilated lungs at acinar length scales 
(Figure 50.9). Data showed that cyclic R/D of neighboring air-
spaces can occur as a result of dynamic opening/closure of air-
ways and acini, provided that mechanical interdependences exist 
between neighboring terminal lung units.

50.6.4 Neuroimaging

The visualization of neurological tissues at the microscopic 
and submicroscopic scale is at the frontiers of neuroimag-
ing. Conventional CT and clinical functional MRI, which have 
opened new windows in anatomical and functional imaging for a 
better diagnosis and characterization of brain abnormalities and 
diseases, are limited in resolution to several dozen or even hun-
dreds of microns. Therefore, despite the deep insights offered by 
these methods, their sensitivity and spatial resolution are insuf-
ficient to study the neuronal structures at cell level. Using PBI, 
important developments in the simultaneous submicrometric 3D 
imaging of the microvascular network and the neuronal system 
in a mouse spinal cord have been reported (Fratini et al. 2015). 
In that work, the microcapillary network and the micrometric 
nerve fibers, axon-bundles, and neuron soma have been imaged, 
paving the way to preclinical investigations of neurodegenerative 
pathologies and spinal cord injuries.

The morphology of the microvasculature on digital slices was 
studied by XPCI without contrast agents and matched with his-
tological findings in both normal and injured spinal cord in a rat 
model (Hu et al. 2015; Cao et al. 2016a). Quantitative analysis 

2 cm(a) (b)

(c) (d)

(e) (f )

FIGURE 50.8 PBI images (c) and (d) reveal a moderately degenerated car-
tilage area that appears darker than the adjacent cartilage with relatively 
preserved height, which was invisible in the conventional CT images (e, f). 
In MRI PD-fs (a) and FLASH (b), the cartilage lesion is also difficult to 
discriminate because of little surface signal as well as signal change, and is 
mainly indicated by the underlying bone alteration. (Adapted from Horng, 
A. et  al. 2014. Investigative Radiology 49:627–34. Figure 6. Reproduced 
with permission.)
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performed on 3D images revealed a significant decrease in 
the number and volume of vascular networks in the pathologi-
cal cases; this observation was especially relevant to vessels 
with a diameter <50 µm. Similar experimental methods have 
been focused on the study of other vascular diseases, like, for 
instance, in the detection of intramedullary artery pathologies 
(Cao et al. 2016b) and in the delineation of the cerebrovascu-
lar anatomy at the micrometer level without any need for con-
trast agents (Zhang et al. 2015). By using an innovative phase 
retrieval method applicable to a single distance PBI image, 
PBI-CT results showed demarcated tissue borders at the gray/
white matter boundaries of a rat brain (Beltran et al. 2011), and 
the visualization of subtle details in the brainstem, including the 
ventral cochlear nucleus, spinal tract of the trigeminal nerve, 
and inferior cerebellar peduncle. This single image approach 
has clear benefits in terms of radiation dose and acquisition 
time with respect to the multi-imaging modalities so far used in 
brain imaging by the other XPCI techniques.

Another important application concerns the detection of 
core pathological features of Alzheimer’s disease. One of the 
most important efforts in neuroimaging research is in fact 
the visualization of amyloid plaques, a hallmark feature of 
Alzheimer’s disease and of other neurological pathologies, to 
evaluate the progression of the disease, but also to facilitate 

its diagnosis. Because of their very small dimension and low 
radiographic contrast, amyloid plaques are not visible in con-
ventional X-ray absorption-based imaging. Proof-of-principle 
studies with synchrotron radiation ABI (Connor et al. 2009) in 
micro-CT mode were performed on the brains of Alzheimer’s 
disease model mice, demonstrating its potential in visualiz-
ing the amyloid plaques as small nodules in the cortex and 
hippocampus of the brain (Figure 50.10). More recently, sim-
ilar findings have been shown also using the PBI technique 
(Astolfo et al. 2016b).

50.6.5  Vasculature, Circulation, and Other Tissues

Imaging of vasculature and circulation is traditionally based on 
X-ray absorption imaging, where the image contrast is provided 
by a previously injected compound containing a biocompatible 
heavy element, like for instance iodine, barium, or gadolinium.

Gas-filled microbubbles are a standard contrast agent in ultra-
sonography. Arfelli et  al. (2010) demonstrated that the same 
product can be used as an XPCI contrast agent: in fact, multiple 
refraction and scattering from micrometer-size bubbles deter-
mine strong contrast in ABI. PBI was applied in an ex vivo exper-
iment to visualize microvessels in a mouse model (Xi et al. 2011), 
and to study in vivo angiogenesis in subcutaneous tumors (Tang 
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FIGURE 50.9 Alveolar R/D occurring alternately in neighboring lung units over short time scales ∼1 min, in an injured lung at 6 PEEP. (a−c) 3D render-
ings of aerated lung regions obtained by segmentation of synchrotron PBI-CT images at (a) 0 s and (b) 84 s in a 2.5 mm thick slice, in injured lung at 6 PEEP; 
(c) R/D map quantified using image registration between T1 (a) and T2 (b). Squares delineate regions of interest magnified in panels (d)–(k), with (d), (f), (h), 
(j) computed from two successive images acquired at 0 and 84 s (T2−T1) and (e), (g), (i), (k) from the subsequent time interval between 84 and 159 s (T3–T2). 
*: Bronchioles; †: Recruiting airspaces; and §: Derecruiting airspaces. (Adapted from Broche, L. et al. 2016. Critical Care Medicine 45(4):687–694. April, 
2017, Figure 1. Reproduced with permission.)
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FIGURE 50.10 Slice images of the brain of a transgenic mouse imaged using ABI-CT (a). Zoomed-in views of the boxed regions of (a) are presented in 
(b). In (c) the corresponding histology is reported. The numbered arrows point to nodules. (Adapted from Connor, D.M. et al. 2009. Neuroimage 46:908–14. 
Figure 3. Reproduced with permission.)
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FIGURE 50.11 CT image and histological section of an excised pathological rat liver. Fibrosis was induced by administrating human albumin. (a) One 
reconstructed ABI-CT slice. (b) Histological section that corresponds to the area where the CT image is acquired. The two images in (c) and (d) are the 
enlarged views of the white rectangle regions in (a) and (b), respectively. The 3D vessel microstructure image of mild hepatic fibrosis. (e) 3D vessel image. 
(f) The structure of the vessel inner wall. (g) The enlarged view of the white rectangle region in (f). (Adapted from Duan, J. et al. 2013. PloS ONE 8:e78176. 
Figures 3 and 4. Reproduced with permission.)
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et al. 2011). Both ABI and PBI techniques were used for imag-
ing gastric cancer samples (Tang et al. 2012). Gaseous contrast 
agents have been employed in other XPCI applications: ambient 
air in the high resolution post-mortem imaging of the vascular 
tree in liver tissue CT imaging of mice (Laperle et al. 2008), and 
CO2 to image microvasculature in rat kidneys (Lundstrom et al. 
2012). The absorption and phase-contrast images of P-selectin-
targeted microbubbles (MBP) were obtained and compared in 
vitro (Tang et  al. 2016). MBP, control IgG-targeted microbub-
bles, and unbound microbubbles were tested for binding speci-
ficity on thrombi expressing P-selectin. XPCI clearly visualized 
the microbubbles, otherwise invisible with absorption contrast 
imaging.

ABI-CT was successfully used in the quantitative evaluation 
of vessel microstructures from different stages of hepatic fibrosis 
in rats and to characterize the various stages of fibrosis progres-
sion using high resolution 3D vessel morphology (Duan et  al. 
2013) (Figure 50.11).

Brandlhuber et al. (2016) used PBI-CT for the detection and 
characterization of early changes after ischemia-reperfusion in 
a standardized rat liver transplantation model. They found that 
X-ray PBI of histological liver specimens can detect ischemia-
reperfusion-induced tissue necrosis and provide detailed 3D 
information complementary to standard histopathologic findings.

Using PBI, Tang et al. (2013) first reported the use of fluores-
cent carboxyl microspheres (FCM) as radiolucent embolic agents 
for embolizing hepatic portal veins. The fluorescent characteris-
tic of FCM could help to determine their approximate location 
easily. Additionally, the microspheres were found to be fairly 
good embolizing agents for portal vein embolization.

Scaffolds of a wide range of intricate organs (esophagus, lung, 
liver, and small intestine) from different animal models were 
imaged using PBI and EI in the frame of the development of new 
protocols in regenerative medicine (Hagen et al. 2015). Both syn-
chrotron (PBI) and laboratory (EI) techniques were able to per-
fectly delineate the sample microarchitecture and to detect major 

anatomical features, such as the esophageal mucosal-submucosal 
separation, pulmonary alveoli, and intestinal villi (Figure 50.12).

50.7 Conclusion

Over the past two decades, X-ray phase-contrast imaging has 
undergone extensive and impressive advancements. The lit-
erature has seen a rapid increase in the number of publications 
reporting the results of both technical developments and applica-
tions, in particular those in the biomedical fields. While synchro-
tron X-rays have been largely used as Gold Standard radiation to 
test and validate new setups and the potential of the techniques 
for new scientific cases, XPCI has also become a paradigm in 
laboratory X-ray biomedical imaging, opening the pathway 
towards its clinical application.

The theoretical and technological developments of XPCI have 
been vast. Advanced experimental configurations, acquisition 
modalities, and image processing tools have been designed and 
implemented. This has allowed (1) extending the range of appli-
cations towards higher X-ray energies (and, therefore, thicker 
samples), (2) diminishing the imaging time (through, e.g., new 
algorithms that need a reduced number of images to perform the 
phase retrieval), (3) reducing the radiation dose delivered to the 
samples, and (4) increasing the sensitivity of the technique.

Following the fervent interest that XPCI attracted in the medi-
cal community since its first experiments on biological tissues, 
scientists all around the world have focused on demonstrating 
and exploiting the diagnostic relevance of XPCI in a broad range 
of pathologies. In vitro and in vivo biomedical studies of breast, 
joints, cartilage, lung, central nervous system, vasculature, and 
other tissues (e.g., liver, esophagus, kidney) have been conducted 
on both animal and human excised specimens and full samples. 
Results of the first clinical study in mammography performed 
at the Elettra synchrotron facility showed that XPCI mammog-
raphy (using the PBI technique) can increase the diagnostic 

DET (synchrotron)(a) (b) DET (synchrotron)
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Mucosa

Sub-mucosa
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Adventitia
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Muscularis propriaAdventitia

FIGURE 50.12 (a) Images of rabbit esophagi scaffold derived via a “gentle” decellularization method named detergent enzymatic treatment and acquired 
with synchrotron-based PBI-CT and reconstructed using the Paganin filter with δ/β = 350). A transverse cross-section of the specimen is also included (b). 
Scale bar represents 500 µm. (Adapted from Hagen, C.K. et al. 2015. Scientific Reports 5:18156. Figure 2. Reproduced with permission.)
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accuracy with respect to conventional absorption-based X-ray 
radiography.

Presently XPCI has a twofold application in biomedicine. 
High resolution XPCI (i.e., at micrometer or nanometer scale) 
is used to perform a so-called “virtual 3D histology” of tissue 
portions to obtain images of histological or even higher resolu-
tion of structural changes induced by diseases or treatments. The 
other direction is to go towards lower spatial resolutions (up to 
tens of micrometers) and develop protocols for fast and low-dose 
in vivo XPCI.

The impressive developments carried out worldwide have 
made XPCI the preclinical imaging reference in the visualiza-
tion of several pathologies. Nevertheless, apart from the pilot 
projects already mentioned, there are still some technical factors 
limiting the immediate translation of the method in the clinical 
practice. Every XPCI technique has its own requirements and 
limitations with regard to the beam coherence, the mechanical 
and/or thermal stability, the spatial resolution, and the field of 
view of the imaging system. In fact, PBI, although very simple 
in the instrumentation, requires, in order to be fully exploited, 
a highly spatially coherent beam and a high resolution imag-
ing system, while ABI demands a highly temporally coherent 
beam and is prone to mechanical and thermal instabilities. In 
contrast, EI is a fundamentally incoherent method, and is not 
particularly demanding in terms of stability. Thus, EI is arguably 
the most promising from a translational point of view among the 
XPCI techniques reviewed in this chapter, although it is rather 
limited, at the moment, in the field of view. The application of 
XPCI techniques to clinical imaging has been mainly restricted 
by the exam duration and/or the delivered radiation doses, even 
though important improvements for low-dose imaging have been 
recently developed and experimentally confirmed.

Moreover, for different reasons, XPCI techniques can only use 
part of the beam delivered by a conventional polychromatic and 
divergent X-ray source (a quasi-monochromatic beam is required 
in ABI or part of the beam is masked like in EI, a highly spa-
tially coherent beam is required by PBI). In this scenario, the 
technology of compact X-ray sources that has been under devel-
opment over the past years and is nowadays on the market too 
(e.g., Lyncean Technologies, http://www.lynceantech.com) is 
of uttermost importance. These new sources aim at delivering 
quasi-monochromatic X-ray beams with flux densities that are 
between those provided at large synchrotron radiation facilities 
and by clinical X-ray tubes. These new machines associated with 
refined image processing tools may revolutionize the diagnostic 
use of XPCI and extend the exploitation of the method for a large 
variety of scientific and industrial applications.
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51
X-ray Phase-Contrast Mammography

Pekka Suortti, Jani Keyriläinen, and William Thomlinson

51.1 Introduction

51.1.1 Background

Breast cancer is a major cause of female morbidity and mortal-
ity in industrialized countries. Its distribution and the economic 
burden it imposes on national health services make it a major 
public health concern. Worldwide, about 1.7 million new cases 
occurred in the year 2012, which corresponded to 25% of all 
cancers among women and over 0.5 million deaths due to breast 
cancer (IARC 2016).

Early diagnosis is a crucial factor in reducing breast cancer 
mortality. The diagnostic method, in general, should have high 
specificity and sensitivity, be as non-invasive and harmless as pos-
sible, and should take into account the limited financial, person-
nel, and time resources of the healthcare system. Today, breast 

cancer diagnosis is made by triple diagnosis; by physical examina-
tion, breast imaging, and fine-needle aspiration cytology or core 
needle biopsy. Mammography, where the radiographic contrast is 
due to absorption of X-rays, is the most broadly used and the only 
evidence-based breast imaging method for mortality reduction 
(Tabár et al. 2011) (see Section II, Chapter 19). Mammography is 
the morphological method enabling examination of the breast in 
its entirety and offering the highest sensitivity also for early-stage 
tumors. The specificity of X-ray absorption contrast mammogra-
phy is strongly affected by breast density and reporting technique.

51.1.2 Screening Mammography

For breast cancer survival, the time of diagnosis is extremely 
important, since tumor size and stage at diagnosis are the 
most important prognostic indicators (Michaelson et al. 2002). 
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Finland was the first country to introduce nationwide breast can-
cer screening as a public health policy in 1987, and in 2003 the 
European Council recommended the implementation of popu-
lation-based breast cancer screening programs (Hakama et  al. 
1997; European Union 2003). The favorable effects of organized 
screening are well established, and participants in organized 
screening programs, where 50- to 69-year-old women are invited 
to undergo mammography at 2-year intervals, are about 30% 
less likely to die from breast cancer (Vainio and Bianchini 2002; 
Fletcher and Elmore 2003).

Different incidence, mortality, and survival rates are due to 
differing risk factors, availability of organized screening pro-
grams, and access to effective treatment (Althuis et  al. 2005; 
Berry et al. 2005). The mean European age- and area-standard-
ized 5-year relative survival of women diagnosed with breast 
cancer in 1995 to 1999 was 79%, while 20 years later in Finland 
it was 91% (Sant et al. 2009; Ferlay et al. 2013; Finnish Cancer 
Registry 2016). However, the prognosis varies widely depend-
ing on stage, grade, and size of the primary tumor, with axillary 
lymph node involvement being of particular importance. In the 
choice of therapeutic approach, particularly when considering 
breast-conserving procedures, good diagnostic radiology meth-
ods are eminently important.

51.1.3 Diagnostic Mammography

Diagnostic X-ray mammography is an additional examination 
required when there are clinically suspect findings. It is used 
for differentiation of malignancies from benign breast diseases 
as well as their localization, classification, and extent evalua-
tion. In this role the use of mammography is less efficient than 
in screening, mainly due to its limited specificity. Many benign 
and malignant lesions have considerable overlap in their morpho-
logic characteristics in mammograms, so that the specificity is 
not enough to obviate the need for breast biopsy. Albeit mammo-
grams are evaluated by experienced professionals, confirmation 
of diagnosis by triple diagnosis is always required in the presence 
of a suspicious sign or finding. Over recent decades experience 
has led to standardized recommendations for interpreting and 
reporting abnormal findings in mammograms. The most com-
mon signs of abnormalities encountered in mammograms are 
masses and calcifications whose radiographic appearances pro-
vide important clues to their etiology.

In X-ray absorption contrast mammography, almost all can-
cers will be apparent in fatty breasts. Radiolucent adipose tis-
sue provides an excellent background for detecting even small 
abnormalities, which in most cases are dense in their radio-
graphic appearance (see Section II, Chapter 28). Mammography 
can also provide excellent visibility of calcifications, which are 
present in 45% to 65% of breast malignancies and in about 20% 
of benign diseases (Berg et al. 2001). However, the major chal-
lenge of mammography comes with the detection of cancer, par-
ticularly in pre-menopausal women with predominantly dense 
breasts: only half of tumors are visible in extremely dense breasts 
(Roubidoux et  al. 2004). This results, in large part, from the 
masking or camouflaging of non-calcified tumors by surround-
ing dense tissue. Various studies have reported overall sensitivi-
ties of 80% to 90% for mammography, but as the sensitivity is 
inversely proportional to the breast density it declines down to 

30% in women with extremely dense breasts (Saarenmaa et al. 
2001; Freer 2015). Mammography tends to underestimate tumor 
size and multifocality (i.e., simultaneous presence of tumor in 
multiple sites), and approximately 10% to 20% of palpable breast 
cancers are not visible at all, mainly as a result of insufficient 
contrast (Pisano 2000).

Ideally, the breast should be imaged in three dimensions 
with good contrast and high spatial resolution, while keeping 
the radiation dose to an acceptable level. Dedicated breast com-
puted tomography (CT) was introduced almost 20 years ago, 
and has been tested with promising results (Boone et al. 2001; 
Lindfors et al. 2008; O’Connell et al. 2014). Important advances 
have been seen in recent years, as the digital breast tomosynthe-
sis (DBT) technique has been developed and tested in screening 
trials (Ziedses des Plantes 1932; Gilbert et  al. 2016). DBT is 
a 3D imaging technique where low-dose images are acquired 
and reconstructed into thin slices, reducing the effect of over-
lapping tissue, and facilitating breast cancer detection. It is 
expected that, in the next few years, DBT will be a strong alter-
native to planar mammography, both for screening and diagno-
sis (Kopans 2014). Studies have shown a significant increase in 
breast cancer detection (30%–40%), while the results on recall 
rates are slightly inconsistent (Lång et al. 2016). As a screen-
ing tool, reading time and radiation dose will be the main 
challenges, while in diagnosis the spatial resolution remains a 
principal assignment.

The X-ray methods are complemented by magnetic resonance 
imaging (MRI) and ultrasonic imaging (US). Although breast 
MRI is still largely experimental, it has been shown that it can be 
more sensitive than mammography or US (Lehman et al. 2007). 
Too many false positives remain a significant problem, as well 
as the cost and long acquisition time. Currently, MRI is used for 
screening women with an increased familial risk of breast cancer 
or for specific pre-operative purposes (Hakumäki 2016). A real 
benefit of MRI and US in comparison with X-ray imaging is the 
use of non-ionizing radiation.

51.1.4 From Absorption Contrast to Phase-Contrast

The emphasis in this Chapter is on X-ray phase-contrast mam-
mography (PCM)—a quite recent X-ray imaging technology that 
has been developed to overcome the insufficient image contrast 
of the X-ray absorption contrast mammography (see Section IV, 
Chapters 49 and 50). A prime limitation to obtaining high con-
trast images in the clinic is the limitation on the dose delivered to 
the patient. This requires that the X-ray energy be high enough 
to limit absorbed dose, but that means lower contrast images. For 
soft tissue imaging at clinical energies or above, the image con-
trast due to phase-contrast is significantly higher than absorption 
contrast. Technical developments are being pursued extensively 
so that phase-contrast imaging could be adopted as an additional 
clinical tool for diagnosing clinically occult (i.e., not accompa-
nied by detectable signs or symptoms) breast disorders. However, 
all these technologies are investigational, and their clinical appli-
cations, if any, will be determined by comprehensive scientific 
studies and regulatory approval.

X-ray PCM was reviewed recently (Keyriläinen et al. 2010). By 
that time, most experimental results were obtained by analyzer-
based imaging (ABI) (see Section IV, Chapter 53), and several 
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examples were illustrated in the review. The emphasis was in 
comparisons with clinical imaging, “reading” the mammographic 
signs by experienced radiologists, and in matching the images with 
the histopathology of the samples. Changes in the (supra) molecu-
lar structures were discussed in terms of small angle X-ray scatter-
ing (SAXS) from fibrous collagen, and clear correlations between 
the scattering signal and the cancer growth were demonstrated.

In the last few years there have been many new developments 
in X-ray PCM. Propagation-based imaging (PBI) has been used in 
pre-clinical studies (see Section IV, Chapter 50), and grating inter-
ferometry (GI) for differential phase-contrast (DPC) imaging. At 
the same time, there have been important advances in the use of 
conventional X-ray sources, and imaging using compact sources 
based on the method of inverse Compton scattering has been dem-
onstrated. This chapter summarizes the present situation.

51.2  Theoretical Foundations and 
Practical Methods

51.2.1 X-ray Phase and Amplitude

The basic theory of X-ray phase-contrast imaging is presented 
in Chapter 49. The results of that chapter are briefly summarized 
in this chapter, and practical applications to mammography are 
discussed. Special emphasis is given to visualization of signs of 
malignancy in phase-contrast images and their possible use in 
breast cancer diagnostics.

The response of an object to an incident X-ray beam is char-
acterized by the refractive index, n = 1 −δ + iβ. It is assumed 
that the variations of the optical density of the object are slow 
over length scales of the X-ray wavelength, λ, which justi-
fies the use of scalar paraxial fields in the description of wave 
propagation in a medium. The difference of n from unity is 
extremely small (of the order of 10−6 for hard X-rays). The real 
part δ is related to the change of phase and the imaginary part 
β to the change of amplitude of the wave. The wave field on 
the optical axis at position z = z0, downstream of the object, is 
given in Chapter 49, where Φ(x,y,0) is the incident plane wave 
of unit intensity,
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The phase shift per unit path length is dφ/dz = −kδ(x,y,z), 
where k is the wave vector, and the corresponding amplitude shift 
is dA/dz = −kβ(x,y,z). The (intensity) attenuation coefficient is 
µ = 2kβ = 4πβ/λ. The amplitude reduction is due to scatter-
ing away from the forward direction, resonant (photoelectric), 
and non-resonant (elastic and inelastic). The phase shift of the 
resultant transmitted wave is due to the combination of forward 
elastic scattering with the incident wave (Suortti et al. 2013). Far 
from the absorption edges, δ is proportional to the density of the 
object, ρ(x,y,z),

 δ λ πρ( ), , ( , , ) /x y z r N Z x y z M= e A
2 2  (51.2)

where re is the classical electron radius, NA Avogadro’s number, 
Z the atomic number, and M the atomic weight. Since M/Z is 
almost 2 for light elements,

 . [ ][ ]δ λ ρ= × − −1 35 10 4 2 2 3nm gcm  
(51.3)

The numerical value of δ is much larger than that of β; in 
the case of breast tissue and 25 keV radiation δ = 0.37 × 10−6 
and β = 0.208 × 10−9. Over a given distance the relative phase 
change is three orders of magnitude larger than the relative 
amplitude change. Phase imaging is essentially that of mapping 
δ(x,y,z) and, hence, the density of the object, and the contrast 
resolution is expected to be superior to the contrast resolution in 
attenuation imaging.

51.2.2 Transport of Intensity and Phase Differential

At the exit of the object, z = zo, the beam is combined from the 
attenuated incident beam and the forward scattered beam. A 
detector at the exit records only the beam attenuation, but after 
a sufficient propagation distance the effects of phase change 
become visible in the beam intensity. Following the treatment in 
Chapter 49, the intensity at distance z − zo (from the exit surface 
of the object to the detector plane) is given by
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The measurable intensity at position z downstream of the object 
contains three contributions. The first term, I(x,y,zo), contains 
only attenuation in the object. The terms in the square brackets 
arise from the transverse (in the x,y plane) gradients gradT and 
the transverse Laplacian gradT

2, respectively. Variations of the 
gradients and Laplacian give rise to lateral variations of intensity, 
therefore to image contrast, which may be orders of magnitude 
larger than the absorption contrast.

The experimental methods of recording the lateral phase 
changes are discussed in subsequent sections, but some gen-
eral comments are due. The refraction angle α at an interface 
where the refractive index changes by Δδ can be calculated 
from Snell’s law, α = Δδ tan θ, where θ is the angle between 
the incident beam and interface normal. The phase gradient 
in the direction y is dφ/dy = kα. It is obvious that the inter-
faces that are (nearly) parallel to the beam give rise to strong 
refraction. The contrast at the edges of object structures is 
enhanced by the Laplacian term when the distance z − zo is 
large. This is the main feature in propagation-based phase- 
contrast images.

The ultimate goal of phase-contrast imaging is 3D recon-
struction of the refractive index decrement δ(x,y,z), and, from 
that, the density variations of the object. Setting aside crystal 
interferometry, this means extracting the phase gradient from 
the refraction angle distribution or phase retrieval from the 
Laplacian. It is important that the angle α at the exit is the sum 
of deviations along the beam path, so that CT reconstruction of 
the differential phase is possible from projections of the refrac-
tion angle using standard algorithms. On the other hand, in 
PBI the projected phase distribution must be retrieved from the 
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Laplacian term of the intensity distribution for CT reconstruc-
tion of phase φ.

Scattering is considered a nuisance in absorption-based 
imaging, because it gives rise to a diffuse background. Phase 
reconstruction from the transmitted intensity distribution is the 
primary objective in phase-contrast imaging, but scattering away 
from the beam carries important information, which can be 
extracted by different imaging methods. The effects of scattering 
are observed as increased attenuation of the transmitted beam. 
The instrument may be tuned to record the scattering signal or 
even to record the scattered and transmitted beams simultane-
ously. The generic term for these modalities is dark field imaging 
(DFI).

51.2.3  Methods of Phase-contrast 
Mammography (PCM)

Breast cancer causes changes in tissue structure on different 
length scales, ranging from large tumor masses to collagen 
strands, micro-calcifications, and the (supra) molecular level. 
The following section discusses different X-ray methods that are 
used to make these changes visible. The effects on intensity are 
summarized in Equation 51.4, which includes attenuation due to 
various forms of scattering, beam refraction, and redistribution 
of intensity at lateral edges of tissue density.

51.2.3.1 Crystal Interferometry

The advantage of crystal interferometry is direct detection of the 
phase of the wavefield. The method was introduced by Bonse and 
Hart (1965a), and applied in imaging by Momose (1995, 2003). 
The incident beam is divided into two coherent beams, the object 
is placed in one of the beams, and a phase shifter is placed in 
the reference beam. The beams are brought together, and the 
phase change due to the sample is determined from the interfer-
ence pattern. The 3D distribution of δ (and the object density) is 
obtained by CT. The method works best for small and smooth 
phase gradients when unwrapping of 2π multiples of phase is 
not required.

Crystal interferometry has limited use in imaging because 
of the stringent requirements of stability of the perfect crystal 
device. However, as a direct method of phase mapping, crystal 

interferometry provides important reference to methods based on 
phase retrieval from differentials.

51.2.3.2 Propagation-Based Imaging (PBI)

PBI is the simplest method, because no X-ray optical devices are 
needed. The source must be small to provide transverse (spatial) 
coherence of the beam, but longitudinal (temporal) coherence 
is not critical, so that wide-band radiation from conventional 
sources can be used. Edge contrast due to redistribution of inten-
sity is illustrated in Figure 51.1 (Zysk et al. 2012).

The phase changes are smooth and the Laplacian small except 
at the lateral edges, where the transverse phase profile changes 
abruptly. Sufficient distance between the object and the detector 
is required, typically a few meters. There are several methods for 
phase retrieval from the observed intensity distribution. These 
involve various approximations, which are needed to separate 
the contributions of absorption and phase. Various approaches 
are discussed in Chapter 49. Phase is the additive factor which 
is needed for CT reconstruction of the object morphology. There 
are recent analyses and comparisons of the methods (Burvall 
et al. 2011; Gureyev et al. 2014; Nesterets et al. 2015). Compared 
to methods where the phase gradient is usually observed in one 
direction only, PBI has the advantage of 2D recording of the 
Laplacian. Due to its experimental simplicity, PBI is probably 
the method that will have the widest clinical applications when 
the phase retrieval algorithms are routinely used.

51.2.3.3 Analyzer-Based Imaging (ABI)

ABI is the generic acronym for phase-contrast imaging methods 
based on the use of perfect crystal monochromators and analyz-
ers (see Section IV, Chapter 53). Refraction contrast of X-rays 
was demonstrated in early experiments where conventional tube 
sources were used (Förster et  al. 1980; Podurets et  al. 1989). 
There were also applications to soft tissue imaging (Ingal and 
Beliaevskaya 1995; Ingal et  al. 1998), although the exposure 
times were long. Rapid developments of the ABI methods took 
place only when synchrotron radiation (SR) was introduced in 
this field (Chapman et al. 1997). The actual setting is that of the 
Bonse–Hart camera in its simplest form (Bonse and Hart 1965b, 
1966). A parallel, monochromatic fan beam is obtained by Bragg 
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reflection from a perfect Si crystal. The beam traverses the object 
and is then reflected by the analyzer crystal. Usually the crystals 
are identical and set in the non-dispersive, antiparallel reflection 
geometry (Figure 51.2), and in the standard setup the tails of the 
rocking curve are not suppressed by multiple reflections.

The intrinsic analyzer rocking curve (RC) without the object 
is approximately triangular and the typical angular full width 
at half maximum (FWHM) is a few micro-radians (1 arcsec = 
4.85 µrad). In transmission through the object a pencil beam is 
deviated by refraction, and attenuated by absorption and by scat-
tering away from the forward direction. The transmitted beam is 
the refracted pencil beam “dressed” in a halo of scattering. The 
analyzer acts as an angular slit that passes the intensity distri-
bution projected on the scattering plane (Suhonen et al. 2007). 
When the analyzer is rocked it is observed that the intrinsic RC 
is shifted by refraction and convolved by the projected scattering 
distribution.

ABI has been discussed recently in detail (Suortti et al. 2013). 
The overall goal is to describe the observed RC by a fitting func-
tion or by a few parameters that correspond to the phase variation 
and intensity of scattering. In practice, several working points 
(tilt angles of the analyzer) along the intrinsic RC are selected. 
Typical choices are indicated in Figure 51.2. At the deep slopes 
of the RC the refraction shift is converted to an intensity change. 
In the diffraction-enhanced imaging (DEI) algorithm the RC at 
the slopes is given by a first-order Taylor expansion, and the dif-
ferential phase and the apparent absorption are solved (Chapman 
et al. 1997). Scattering increases apparent absorption, but it also 
broadens the RC. Higher order Taylor expansions and more work-
ing points are used to account for the effects of scattering. The 
difference between the observed and intrinsic RCs is analyzed in 
terms of central moments, which yields absorption, refraction, 
and scattering images. The results are reliable when the refrac-
tion angles and the width of the scattering distribution are small 
in comparison with the RC width. The algorithms are usually 
based on explicit or implicit use of Gaussian distributions, which 
are not sufficient to include the long tails of the observed RC, 
when scattering is strong. More general functions are used for 

adequate separation and mapping of absorption, refraction, and 
scattering distributions. The Voigt function is the convolution 
between a Gaussian and a Lorentzian. The Pearson VII function 
can be “tuned” from a Lorentzian to a modified Lorentzian, and 
to a Gaussian. These functions make possible accurate fitting to 
the observed RC, as discussed in Chapter 49.

51.2.3.4 Grating Interferometry (GI)

GI stands for grating interferometry. The method has its origins 
in visible light optics. The original observation of self-imaging 
of a diffraction grating dates back to early nineteenth century 
(Talbot 1836). In X-ray applications a phase grating is used. 
Parallel grooves of period p produce transverse variations of 
phase, typically a variation of π radians is used. Due to inter-
ference, a square-wave like intensity pattern of period p/2 is 
observed at fractional Talbot distances D,

 D mp= 2 8/ λ,  
(51.5)

where m is an integer. An absorption grating of period p2 = p/2 
is placed in front of the detector, and the pattern is recorded 
by scanning the grating across the detector (phase stepping). 
The intensity varies approximately sinusoidally, as shown in 
Figure 51.3.

An object in front of or behind the phase grating modifies 
the intensity pattern by refraction, attenuation, and scattering. 
Evidently, transverse coherence over a phase grating period is 
required. The average intensity, ao, the amplitude of intensity 
variation, a1, and the phase shift, φ1, are recorded at each detec-
tor pixel. When compared with those without the object, three 
images are obtained: absorption, differential phase shift (refrac-
tion), and dark field (scattering). The main limitation to the use 
of the method in clinical imaging is the requirement of trans-
verse coherence of the X-ray beam. The source must be small, 
and the distance to the interferometer sufficiently large. Both 
requirements reduce the available intensity. One solution is to 
use an extended source with an additional absorption grating, 
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which provides an array of small sources. This setup is called 
the Talbot-Lau interferometer (Pfeiffer et al. 2006). On the other 
hand, the requirement of longitudinal coherence is quite relaxed, 
so that broadband radiation from conventional or compact syn-
chrotron sources can be used.

The phase gratings are usually manufactured on Si wafers 
by etching. The phase change in a groove of depth h is δkh. 
For instance, for a phase shift of π at 25 keV photon energy, 
h = 32 µm, and at 50 keV, h = 64 µm. The high aspect ratio 
required at high energies and good spatial resolution pose manu-
facturing challenges. Also, phase stepping of the absorption grat-
ing requires great precision and stability. As an alternative to 
mechanical stepping, electromagnetic phase stepping has been 
introduced (Miao et al. 2013). The gratings are held rigidly, but 
the source is moved by guiding the electron beam of the X-ray 
tube by a magnetic field. Another method that avoids the phase 
stepping has been developed (Koehler et al. 2015). In this slit-
scanning method the object is moved laterally between the two 
gratings in a direction perpendicular to the grating lines. In prac-
tice, the object is held fixed and the two gratings, rigidly fixed to 
each other, are scanned. With continuous improvements, GI has 
become a versatile tool for phase-contrast imaging of objects of 
moderate size.

The phase and scanning gratings are periodic in one direction, 
so the images arise from beam deviation in that direction only. 
Separate perpendicular scans provide 2D images at the expense 
of doubling the radiation dose. Chess-board 2D gratings can be 
used (Kottler et al. 2007a; Zanette et al. 2011). Due to the techni-
cal complexity of 2D imaging, most interferometers are based on 
the use of 1D gratings.

51.2.3.5 Edge Illumination Imaging (EI)

EI stands for edge illumination imaging. There are several meth-
ods where the incident beam is periodically modulated by an 
absorption grating and the distortion of the regular pattern by the 
object is recorded. Talbot self-imaging of the grating is not used, 
since the distance of the pixel detector from the grating is chosen 
to provide sufficient angular resolution. The signals of absorp-
tion, refraction, and scattering are not as clearly separated as in 

GI, and the background is higher, but the methods are simple and 
easily implemented.

One of the variants of EI is the coded-aperture method, where 
the detector is divided by a mask into a pattern of sensitive and 
insensitive regions between adjacent pixels, and the same pat-
tern is created in the beam incident on the object. The beams are 
deviated by refraction and scattering, which can be mapped by 
comparison with the reference image taken without the object. 
The coded-aperture setup and effects of refraction are shown 
in Figure 51.4. Applications to mammography have been dis-
cussed recently (Munro et al. 2013; Longo et al. 2015). There are 
promising perspectives for clinical imaging, because the setup 
is simple.

51.2.3.6  Phase-Contrast Imaging 
without Phase Retrieval

The above discussions are based on the assumption that the 
X-ray phase at the exit from the object is determined directly 
(crystal interferometry), from the differential phase (ABI, GI, 
EI), or from the Laplacian of the phase (PBI). Phase retrieval 
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A generalized quantitative interpretation of dark field contrast for highly concentrated microsphere suspensions, 35259. Copyright 2016, with permission 
from Elsevier.)
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requires separation of the effects of absorption, refraction, and 
scattering, which are the primary signals from the experiment. 
In many cases these signals or their combination may be used 
without phase retrieval for adequate imaging of the object. These 
signals are discussed and compared in the following.

PBI emphasizes the lateral contours of the object, which may 
be sufficient for visualization of the object. The method works 
best for small objects where the structures are not superimposed. 
However, small structures in a uniform medium are highlighted. 
For the present context, it is important that thin collagen strands 
and micro-calcifications can be clearly seen in phase-contrast 
mammograms, because the uniform adipose tissue gives low 
contrast. Examples are shown in subsequent sections of this 
chapter.

ABI provides a clear distinction between the effects of absorp-
tion, refraction, and scattering. By appropriate choices of working 
points on the analyzer RC, these contributions can be mapped. In 
some experiments, the working point is at the top of the intrin-
sic RC. A combination of effects is recorded, which is useful 
for imaging, although different contributions are not separated. 
The intensity is reduced due to true absorption and by scattering 
away from the forward beam (sometimes called “extinction”). 
Refraction makes the working point slide off from the peak of 
the observed RC, but the direction is not recorded. The advan-
tage of imaging at the top position (or close to it) is the maximum 
intensity and the enhancement of absorption by the refraction 
and scattering effects. In mammography, the top images have 
the closest resemblance to the clinical images, which facilitates 
the interpretation. On the other hand, angular deviation due to 
refraction results in an intensity change at the steep slopes of 
the analyzer RC, which may be converted to differential phase. 
Again, the external and internal contours are emphasized.

GI has certain similarities with standard ABI. When the intrin-
sic intensity curve in phase stepping is used as the reference, the 
differential phase due to the object is obtained from the shift of 
the intensity curve. However, when the phase step is 1/4 of the 
grating period, the working point is at the linear slope of the 
intensity curve, and the differential phase is obtained from the 
intensity change in the same way as from the slope image in ABI.

51.2.3.7 Dark field Imaging (DFI)

DFI is an acronym for dark field imaging, where the scattered 
beam is excluded from the final image. In the present context 
DFI rather means recording scattering separately. Scattering pro-
vides essential information about micrometer and sub-microme-
ter structures, that is, on the cellular and molecular level. There 
are several experimental possibilities. In standard ABI the work-
ing point may be chosen on the far tail of the RC, which cor-
responds to recording SAXS and USAXS, that is, ultra-SAXS 
by a Bonse–Hart camera. The use of a Laue-type (transmission) 
analyzer crystal allows the simultaneous recording of the dif-
fracted and transmitted beams. The conceptual setup is shown 
in Figure 51.5.

The beam reflected by the first crystal is expanded and has 
very small divergence so that the Pendellösung effect is observed 
in the Laue crystal of appropriate thickness (James 1962). When 
the crystal is tuned to the peak (top) position the non-deviated 
beam is diffracted at angle 2θ, while the refracted and scattered 

parts pass through the crystal in the forward direction (Sunaguchi 
et al. 2010). Another possibility is to work on the far tail of the 
Laue crystal RC, where the scattered beam is diffracted, but 
the non-scattered beam is transmitted in the forward direction 
(Kitchen et al. 2011).

DFI is possible also in other imaging methods. The dark field 
(DF) signal in GI is recorded at a phase step (1/2)p, where the 
non-deviated beam is blocked. ABI has the advantage that the 
scattering signal is recorded separately, while in the other meth-
ods scattering may cause small modulation of the total recorded 
intensity. Use of the scattering signal has been limited in PCM, 
although it has been demonstrated to carry information of (supra) 
molecular changes related to cancer growth (Fernández et  al. 
2008). If DFI can be incorporated in the imaging methods it will 
greatly augment the diagnostic potential of PCM.

51.2.3.8  Projection, Computed 
Tomography, Tomosynthesis

The projection image given by Equation 51.4 has three terms: 
intensity reduced by resonant scattering (photoelectric effect) 
and by non-resonant scattering (elastic, nearly elastic, and 
Compton), losses due to beam deviation (refraction), and losses 
due to destructive interference. The last term is proportional to 
the Laplacian of the phase, and it becomes large and even domi-
nant in the far field. The refraction loss also grows with distance, 
and that is exploited in EI. The near field intensity is analyzed in 
ABI and GI by narrow angular slits of a perfect crystal reflection 
or by an absorption grating, respectively.

In a projection image the images of successive layers of the 
object are superimposed. This is also the greatest weakness of 
standard projection mammography. The structures can be seg-
mented to some degree by stereotactic imaging, but important 
details are often missed and their locations are uncertain. CT 
imaging of breasts will probably be the most important develop-
ment in cancer diagnosis (O’Connell et al. 2014). Phase-contrast 
methods have a special role, because the much enhanced image 
contrast allows the use of clinically acceptable doses, which are 
insufficient for absorption-based imaging.
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FIGURE 51.5 DFI with a Laue-type analyzer. Due to the Pendellösung 
effect, the non-scattered beam is directed to the 2θ angle, while the scattered 
and refracted beam is transmitted in the forward direction, providing a dark 
field image of the sample. (Reprinted with permission from Sunaguchi, N. 
et al., X-ray refraction-contrast computed tomography images using dark-
field imaging optics. Applied Physics Letters 97:153701. Copyright 2010, 
American Institute of Physics.)
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Along the X-ray beam path within the sample, the attenuation 
is described by µ(x,y,z), refraction by the lateral phase gradient 
gradTφ(x,y,z), and scattering by coefficient σ(x,y,z). CT imaging 
is based on the assumption that, when the cumulative effects of 
these factors on a pencil beam are recorded and separated behind 
the sample, the values of µ, φ, and σ can be reconstructed from 
a sufficient number of projections. This implies that the pencil 
beam inside the object travels within the infinitesimal channel 
defined by the detector pixel. This is the concrete meaning of 
the “projection approximation” used in Section 51.2.1. In near 
field recording by ABI and GI this condition is fulfilled, but PBI 
deserves a closer look. The scalar components of the refraction 
angle in the plane of diffraction (y,z) add up, and at the exit the 
angular deviation is the line integral of the refraction angles. 
When the y-direction is the rotation axis, the phase gradient 
dφ(x,y,z)/dy is the same at all rotation angles, and the differential 
phase can be reconstructed with standard methods.

The scattering signal carries important information about 
object structures on a sub-micron level. Recording of the scat-
tering signal is called DFI, which was discussed in a previous 
section. In GI and EI the total scattering signal has been used 
for object reconstruction and illustration of different tissue 
types (Zanette et al. 2012; Endrizzi et al. 2014). In ABI the one- 
dimensional projection of (U)SAXS can be recorded by varying 
the analyzer angle, like in a Bonse–Hart camera. The shape and 
size of the scattering particles are related to the scattering distri-
bution through Fourier transform (Guinier 1963), but in practice 
the maximum information about the object structures contribut-
ing locally to (U)SAXS is probably a map of size distributions 
(Chen et al. 2010). For a detailed discussion on the use and infor-
mation content of the scattering signal, the reader is referred to a 
review by the present authors (Suortti et al. 2013).

In PBI, the unprocessed intensity distribution reveals fine 
details of the internal and external contours of the object. 
However, these projection images are not used for CT recon-
struction. The effects of absorption and wave propagation coex-
ist, and, for a quantitative reconstruction of the object, that is, the 
local refractive index 1 − δ(x,y,z) + iβ(x,y,z), the phase φ(x,y,z) 
and the absorption coefficient are retrieved using refined algo-
rithms. These are usually based on the transport of intensity 
equation in the so-called homogeneous version, which may fail 
in imaging multi-material samples and large density variations. 
This is not the case in mammography, and it has been shown that, 
in comparison with the absorption-based CT, the image qual-
ity indicators increase by an order of magnitude (Gureyev et al. 
2014; cf. Section 51.3.2).

In CT imaging the optimal number of projections, Na, depends 
on the diameter of the object, 2r, and on the detector pixel size, w, 
so that Na = π(r/w). This becomes a very large number in high-
resolution CT, and alternative methods for 3D imaging of the 
breast have been developed. The standard reconstruction using 
the filtered back projection algorithm may be replaced by other 
methods, such as the equally sloped tomography, to reduce the 
number of projections (Zhao et  al. 2012). Tomosynthesis was 
introduced in the 1930s (Ziedses des Plantes 1932), and it has 
become a practical imaging modality due to fast high-resolution 
area detectors (Dobbins and Godfrey 2003). A limited number of 
projection radiographs at angular intervals of a few degrees are 
combined to bring a specific plane to sharp focus by the so-called 

shift-and-add reconstruction method. Tomosynthesis is particu-
larly useful in mammography, where distinct features such as 
micro-calcifications and collagen strands can be highlighted 
(Wu et al. 2003; Park et al. 2007; Lång et al. 2014) (see Section 
II, Chapter 20, and Section IV, Chapter 52). Clinical tomosynthe-
sis examinations utilize cone beam geometry and contact radi-
ography, but extension to PCM by the PBI is possible, probably 
even with new, high-brightness X-ray tubes or other compact 
radiation sources. Tomosynthesis based on DFI by SR has been 
demonstrated (Shimao et al. 2008).

51.2.3.9 Comparison of PBI, ABI, and GI Methods

The actual phase-contrast images of the breast are affected by 
many factors, and fair comparisons may never be possible. From 
the clinical point of view, the most important aspect is the visibil-
ity of the signs of malignancy, and “reading” of the images is pos-
sible on different levels, from screening to detecting sub-micron 
changes in the tissue structures. To date, there are no comprehen-
sive studies where the diagnostic capabilities and clinical value 
of the different methods of PCM have been compared. On the 
other hand, it is evident that all of the three methods make pos-
sible high-resolution 3D imaging of breasts with radiation doses 
far below the doses in conventional, absorption contrast methods. 
Each one of the methods has its advantages and weaknesses, and 
the choice is often based on availability or convenience.

Rather than ranking the phase-contrast methods, it is useful to 
study the signals and their use. Realistic phantoms can be built 
and corresponding images can be simulated to provide a common 
ground for analysis and comparisons. The effects of the actual 
experimental conditions can be brought in by measurements 
where the phantoms are imaged. Ideally, maps of the refractive 
index decrements δ(x,y,z) and β(x,y,z) with error bars could be 
retrieved from the images. For quantitative comparisons, dif-
ferent indicators have been introduced, such as the signal-to-
noise ratio (SNR), contrast-to-noise ratio (CNR), figure-of-merit 
(FoM), and a combined image quality index, QS (Diemoz et al. 
2012a,b; Gureyev et al. 2014).

Images of a very simple phantom, a nylon wire, are shown in 
Figure 51.6 at different distances in PBI, and at different analyzer 
angles in ABI and at different phase steps in GI.

In PBI, a sufficient distance between the object and the detec-
tor is required to separate the intensity loss within the edge 
region and the increase of intensity outside the edge. In ABI, five 
different analyzer angles are chosen, at the top of the RC (100% 
intensity), at mid-slopes (50%), and in tails of the RC (10%). At 
the top position the beam slides off due to refraction, seen in the 
increasing intensity loss towards the edges. At the slope positions 
the beam slides up or down the RC, depending on the direction 
of the beam deviation and the sign of the derivative of the RC. 
The refraction contrast is at maximum at the edges of the object. 
At the tail positions large refraction makes the beam slide up the 
RC at one of the edges, giving strong contrast. The refraction 
contrast in GI is similar to that in ABI, as shown by images at 
increasing phase step values over one period, from 0 to 2.0 µm. 
The top position is between 0.75 and 1.0 µm, and the bottom 
position between 1.75 and 2.0 µm. The strongest refraction con-
trast is observed at the slope positions between 0.25 and 0.5 µm, 
and between 1.25 and 1.5 µm.
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An FoM was calculated for the cases shown in Figure 51.6, 
and compared with the FoM derived from the experiment. The 
results depend on the width of the edge region considered. The 
intensity variation at the edges of an ideal phase object is shown 
in Figure 51.7.

In PBI there is a sharp loss inside the edge and a narrow inten-
sity peak outside. The intensity signal in the slope position in 
ABI or in GI is uni-modal, either positive or negative, and wider 
than in PBI. The observed signal is smeared by the point-spread-
function of the instrument. In PBI, the detector resolution and the 
distance from the object must be sufficient to separate the posi-
tive and negative signals to avoid canceling the edge contrast. 
In the examples considered, FoM was calculated from the peak 
values of the intensity variation, rather than from the integral 
across the edge. The FoM at the slope position in ABI was about 
3-times larger than the corresponding value in GI, and 10-times 
larger than the FoM of PBI at the maximum object-to-detector 
distance of 150 cm. The difference between ABI and GI is due to 
the steeper slope of the RC than that of the intensity variation in 
phase stepping in GI.

In the above example, no retrieval of the real and imaginary 
parts of the refractive index was performed. In a recent work, 
phantoms and breast tissue samples were studied under optimal 
conditions with PBI and ABI, including phase and absorption 

retrieval. The images were analyzed in terms of the image qual-
ity index, QS, which combines the FoMs of the signal amplitudes 
and spatial resolution. PBI and ABI are comparable in image 
quality, and in both cases the contrast is an order of magnitude 
better than in absorption-based imaging (Gureyev et al. 2014).

Conventional mammography is performed at moderate X-ray 
photon energies, typically at about 20 keV (filtered radiation 
from a Mo, W, or Rh tube target). At higher energies, the dif-
ferences in absorption between different tissue types decrease, 
leading to poor contrast. Phase-contrast prevails to high ener-
gies, but PBI, ABI, and GI are different in this respect. In PBI 
and GI the edge signal is proportional to E−2, while in ABI the 
signal is proportional to E−1. ABI-CT imaging of a breast tumor 
has been performed at 60 keV, which is probably an optimal 
energy with regard to image contrast versus absorbed radiation 
dose (Zhao et al. 2012).

51.3  Development and Present Status of 
Phase-Contrast Mammography (PCM)

All of the methods outlined in Section 51.1 have been employed in 
the study of phase-contrast imaging. Conventional sources, syn-
chrotron sources, and new compact sources have been used as the 
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source of the X-ray beams. There are two recent reviews of X-ray 
phase-contrast methods, with emphasis on mammography and 
possible clinical relevance (Bravin et al. 2013; Coan et al. 2013). 
In this section, PCM experiments using each technique are sum-
marized with particular attention to the most recent developments.

51.3.1 Propagation-Based Imaging (PBI)

Propagation-based imaging, PBI, was one of the earliest imag-
ing modalities at synchrotrons. The pioneering work by Wilkins 
et al. (1996) using a laboratory source and the implementation of 
PBI at synchrotron sources (Snigirev et al. 1995; Cloetens et al. 
1996), motivated its development. In relating the history of the 
pre-clinical mammography project at the Elettra synchrotron in 
Trieste, Italy, Castelli et al. (2007) reported that the concept of 
human studies was initiated in 1991. At that time, there was no 
activity on PCM, although the work by Burattini et  al. (1992, 
1995) was on-going using monochromatic SR. The SYnchrotron 
Radiation for MEdical Physics (SYRMEP) beamline was con-
structed at Elettra (Castelli et al. 2007, 2011; Dreossi et al. 2008; 
Tromba et al. 2010) and optimized for the application of PBI and 
ABI. During the ensuing years, the decision to use PBI as the 
imaging modality on the SYRMEP beamline was made based on 
a number of experiments, some of which compared ABI and PBI 
(Arfelli et al. 1998, 2000). The project was implemented starting 
with phantom studies in 1996 and, following upgrades for the 
human studies, the pre-clinical in-vivo studies were carried out 
from 2006 to 2012.

The following is a brief description of the mammography 
imaging system (Tromba et  al. 2010; Longo et  al. 2014). The 
SYRMEP X-ray source is one of the bending magnets at Elettra. 
The patient is located at about 30 m from the source. At that 
location, the monochromatic beam has a useful area of 210 mm 
(horizontal) × 3.5 mm (vertical). The monochromator (double 
crystal silicon) is tunable in energy from 8.5 keV to 35 keV. For 
the mammography studies the energy was varied from 17 keV 
to 22 keV depending on the patient breast characteristics. The 
detector is positioned 2 m behind the patient. That is the opti-
mal distance for the development of the edge-enhancement 
phase-contrast.

Due to the fixed, laminar geometry of the synchrotron beam, 
it is necessary to translate the patient vertically to produce a pla-
nar projection image. Using a screen-film detector, the detector 
and the patient must be vertically translated synchronously. The 
SYRMEP patient support has the patient lying in a prone posi-
tion with the breast hanging below the support. For planar imag-
ing the breast is compressed during translation. For CT imaging, 
the breast is constrained and rotation of the patient occurs with 
the breast at the center of rotation.

In the clinical study, the selection of X-ray energy for each pro-
cedure was evaluated for the different breast thickness and glan-
dularity classes using a set of standard slabs simulating breast 
tissue. These were exposed at the Trieste Hospital using a clini-
cal mammography unit and at the beamline to evaluate the cor-
responding mean glandular dose (MGD). MGD is the radiation 
dose quantity that is considered to represent the carcinogenic 

1

0.8

0.6

0.4

Ph
as

e 
sh

ift
 (a

.u
.)

0.2

1.3 Imax

Iback

Imin

Integral signal

Imax

Iback

Integral signal

PBI ABI/GI

1.2

1.1

1

0.9

0.8

0.7

0 0.2 0.4 0.6 0.8 1 1.2 1.4

N
or

m
al

iz
ed

 in
te

ns
ity

1.3

1.2

1.1

1

0.9

0.8

0.7

N
or

m
al

iz
ed

 in
te

ns
ity

0
0 0.2 0.4 0.6 0.8 1 1.2 1.4

Position (mm)

(a)

(b) (c)

Position (mm)

0 0.2 0.4 0.6 0.8 1 1.2 1.4

Position (mm)

FIGURE 51.7 Pure phase object (top panel) and the calculated intensity distributions in PBI (left) and in ABI or GI (right). Poisson noise has been added 
to the graphs. (Diemoz, P.C. et al. 2012a. Theoretical comparison of three X-ray phase-contrast imaging techniques: Propagation-based imaging, analyzer-
based imaging and grating interferometry, Optics Express 20:2789–805. With permission of Optical Society of America.)



1035X-ray Phase-Contrast Mammography

risk from an X-ray mammography examination. The sizes and 
compositions of mammary glands vary widely, and thus a stan-
dard dosimetry procedure is to evaluate the MGD for a 45-mm-
thick compressed breast of average composition. Mammography 
accreditation programs prescribe the MGD limits to 2 to 3 mGy 
for a compressed breast. For each breast thickness and density 
class the lowest X-ray energy was chosen such that the MGD 
with SR PBI was less than or equal to the dose delivered during 
clinical mammography.

Eighty-two patients were selected between March 2006 and 
May 2012, on the basis of the enrollment criteria approved by 
the local ethics committee. The first study, which included 71 
patients, was based on a mammographic screen-film system 
(Castelli et al. 2011). Moreover, a group of 11 patients was studied 
using a computed radiology system (Quai et al. 2013). Detailed 
reports on the stages of the human imaging project have been 
given (Castelli et al. 2007, 2011; Dreossi et al. 2008), with a final 
summary report by Longo (2016). Figure 51.8 is an example of 
the comparison between a standard clinical digital mammogram 
and one obtained with PBI (Dreossi et al. 2008).

A mass is shown enlarged in the insets. In the digital mammo-
gram, the margins appear partly circumscribed and partly indis-
tinct, leading to an uncertain diagnosis. Conversely, in the PBI 
image, the margins are micro-lobulated and partly spiculated, 
indicating a probable breast cancer, as was later confirmed by 
histology.

To evaluate PBI mammography, both image quality and diag-
nostic results were evaluated (Longo et al. 2014). It should be 
noted that, in the publications, the authors refer to PBI as PPCI 
(propagation-based phase-contrast imaging). The image quality 
analysis was based on the comparative evaluation of the vis-
ibility of the breast abnormalities and of the glandular struc-
ture. The diagnoses based on the digital mammography (DM) 
and on the PBI exams were compared with the Gold Standard 
(biopsy or 1-year follow-up), and both PBI mammography and 
DM specificities were calculated. A statistically significant 

increment was observed using PBI, thus suggesting that PBI 
mammography can be used to clarify cases of questionable or 
suspicious breast abnormalities identified by DM. Figure 51.9 
shows the summary histograms of the scores of the relative vis-
ibility of (a) breast abnormalities and (b) glandular structure 
(Longo et al. 2014). In this analysis, a score of 1 meant excellent 
visibility in DM and poor in PPCI; a score of 2 or 3 showed 
that visibility was progressively lower in DM, but better than 

FIGURE 51.8 Comparison of mammograms from SYRMEP: left image, 
digital mammography and right image, PBI mammography. (Reprinted 
from European Journal of Radiology, 68, Dreossi, D. et al., The mammog-
raphy project at the SYRMEP beamline, S58–S62, Copyright 2008, with 
permission from Elsevier.)
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that in PPCI; a score of 4 showed equal visibility with the two 
techniques; a score of 5 or 6 meant visibility was progressively 
better in PPCI than in DM; and a score of 7 implied excellent 
visibility in PPCI and poor visibility in DM. In their discussion, 
Longo et  al. (2014) stated clearly the superiority of the PPCI 
images over those with DM.

The second phase of the SYRMEP human mammography 
pre-clinical studies is the development of CT imaging using 
the PBI imaging system. The project is called SYnchrotron 
Radiation for MAmmography (SYRMA)-CT, with the aim of 
setting-up the first clinical trial of phase-contrast breast CT 
with SR. The use of CT imaging or tomosynthesis is becoming 
common in clinical mammography to produce 3D images. The 
3D imaging overcomes some of the severe diagnostic limita-
tions of the standard projection imaging. Preliminary studies 
for CT imaging at SYRMEP started with work by Pani et al. 
(2004). With the completion of the planar mammography imag-
ing program, attention is now being given to implementation 
of CT imaging for the future human studies (Longo 2016). 
Reconstruction of PBI images in CT mode requires that phase 
retrieval be applied to the data prior to the image reconstruc-
tion, in order to optimize the contrast in the images. A number 
of algorithms have been developed and tested in order to opti-
mize the design of the CT mammography system at SYRMEP 
(Gureyev et al. 2014; Longo et al. 2014; Nesterets et al. 2015; 
Pacile et al. 2015).

Longo et al. (2016) reported the first phantom and breast tis-
sue images taken with the CT system in the SYRMA-CT proj-
ect. In order to combine high image quality and low delivered 
dose a number of innovative elements have been incorporated 
into the system: a CdTe single photon-counting detector, state-
of-the-art CT reconstruction and phase retrieval algorithms, and 
the use of limited numbers of projections for dose reduction. A 
Monte Carlo model has been developed for dose calculation. In 
this study, high isotropic spatial resolution (120 µm)3 CT scans of 
phantoms and excised breast tissue with dimensions and attenu-
ation similar to a human breast were acquired, delivering MGDs 
in the range of those delivered in clinical breast CT (5–25 mGy). 
Due to the spatial coherence of the SR beam and the long dis-
tance between sample and detector, the images contain not only 
absorption, but also phase information from the samples. The 
application of a phase retrieval procedure increases the CNR 
of the tomographic images, while the contrast remains almost 
constant. After applying the simultaneous algebraic reconstruc-
tion technique (Gordon et al. 1970) to low-dose phase retrieved 
 datasets (about 5 mGy) with a reduced number of projections, the 
spatial resolution was found to be equal to filtered back projec-
tion utilizing a 4-fold higher dose, while the CNR was reduced 
by 30%. These first results indicate the feasibility of clinical 
breast CT with the SYRMA-CT system.

Ultimately the goal is to introduce PBI into clinical mammog-
raphy. The significant enhancement of the diagnostic quality of 
the images has been proven by the SYRMEP projects. Tanaka 
et al. (2005) reported trials using a digital full-field mammog-
raphy system created by Konica Minolta using phase-contrast. 
The system consists of a mammography unit, a computed radi-
ology unit, and a photo-thermographic printer. Full-field digital 
PCM images of phantoms and in-vivo breasts were compared 
with conventional screen-film mammography. The phantom 

images and clinical images of 38 patients were evaluated for 
diagnosis of mass and micro-calcifications. In both measures, 
the PCM clinical images were superior to those of the screen-
film mammograms.

51.3.2 Analyzer-Based Imaging (ABI)

ABI was the first application in the field of PCM. Following the 
pioneering work of Förster et al. (1980), Davis et al. (1995) Ingal 
and Beliaevskaya (1995) and Ingal et al. (1998) used a basic two 
crystal ABI setup on a conventional laboratory X-ray source 
to analyze excised breast tissue containing various malignant 
and benign tumors, as well as calcifications. They showed the 
enhancement of mammographic radiology features compared to 
conventional absorption images as they varied the position of 
the analyzer crystal on the RC. Although they did not quantify 
the enhancement due to phase-contrast mechanisms, they clearly 
showed that phase-contrast imaging could be useful in the visu-
alization of breast anomalies. In particular, the refraction con-
trast combined with the absorption signal proved to be useful. 
Perhaps most importantly, these experiments demonstrated that 
the coherence of the source was not critical to obtaining phase 
information. The low flux available from their X-ray genera-
tor and the film systems used for data collections had the effect 
of very long imaging times and high radiation doses. With the 
phase information and the use of the film detectors with clinical 
spatial resolution, the images did show the changes in paren-
chyma structure. Parenchyma consists of the functional elements 
of an organ, as distinguished from supporting or connective tis-
sue. These changes were due to malignancy and micro-calcifi-
cations down to 50 microns in size, with the results verified by 
histological examination. Overall, the ABI images were superior 
to the standard absorption images to which they were compared. 
With improvements in the X-ray source and detector efficiency, 
they concluded that a mammography system with exposures of 
less than 1 second would be feasible.

The use of SR as a probe for mammography had its origins 
in the work of Burattini et al. (1992, 1995). They explored the 
image contrast enhancement in absorption images of human 
breast tissue due to the use of the highly monochromatic SR. 
They did not explore phase-contrast effects in their work, but 
the improved image quality motivated Johnston et al. (1996) to 
quantitatively study the imaging of mammography phantoms at 
the National Synchrotron Light Source (NSLS) in Upton, NY. In 
the course of that work, a crystal analyzer was introduced both as 
an anti-scatter optic and a means of studying the scattered radia-
tion (Chapman et al. 1996, 1997, 1998). This was the first ABI 
setup at a synchrotron. The authors used the term diffraction-
enhanced imaging (DEI) to refer to the ABI setup, coupled with 
their image analysis methods. In addition, a computed radiology 
system consisting of image plates and reader was implemented, 
thus making the imaging system comparable to those being 
introduced into the clinic.

The impact of these experiments on PCM was extremely 
important. From the earliest images obtained with mammogra-
phy phantoms and the analyzer crystal, the concept of DEI was 
developed. With a first-order approximation to the slope of the 
RC, the use of two images on opposite sides of the analyzer RC to 
create separate “apparent absorption” and refraction images was 
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a major breakthrough in image analyses. The apparent absorp-
tion image contains the true absorption, as well as additional 
contrast due to the rejection of SAXS by the analyzer. It was 
shown that the scatter can be detected by working at positions 
of the analyzer far out on the RC. Thus, various images could be 
produced for comparison with standard absorption radiographs 
(obtained with clinical sources or synchrotron beams). Images 
at the different positions have unique properties that enhance the 
visualization of breast tissues and the diagnostic quality.

For example, with the analyzer set at the 1/2 FWHM position, 
which has the maximum slope, the image is dominated by the 
refraction effects. Those images appear very different from those 
generally used in clinical diagnostics, and are difficult for radi-
ologists to interpret. If the analyzer is set to the peak reflectivity 
point, the “top” position, then the image contains the absorption, 
the extinction due to scatter rejection, and some refraction infor-
mation. Those images appear similar to but clearer than clini-
cal images. The scatter signal was not used explicitly to form an 
image in these experiments, although it can contribute strongly 
to the visualization of calcifications and fibrous structures due to 
the length scales associated with such objects.

The radiation dose delivered in these experiments was often 
higher than clinical doses. That is not an intrinsic property 
of the technique, rather it was just that for proof-of-principle 
experiments it was necessary to obtain the most information. 
The authors did take images at spatial resolutions comparable 
to clinical imaging. One key variable with ABI that can lead to 
reduced dose to the sample is the ability to tune the energy to 
optimize contrast. ABI can be used at clinical energies (typically 
23–33 kV) in the 17 to 22 keV range, or it can be used at much 
higher energies where the dose due to absorption is low (and con-
sequently the absorption image is weak), but where the refraction 
remains dominant.

Pisano et al. (2000) presented a detailed summary discussion 
of the results obtained at the NSLS. Among many findings they 
state that the increased visibility of infiltrating lobular carcinoma, 
a frequently occult lesion, indicates that ABI could become an 
important clinical tool. They made comments and recommenda-
tions on the requirements necessary for ABI to become a clinical 
tool. Figure 51.10 illustrates the increased visibility of invasive 
lobular carcinoma in phase-contrast (DEI refraction) images, 
compared to absorption images taken without an analyzer. The 
DEI image showed improved visibility of fine lines (arrows in 
Figure 51.10a,b). Figure 51.10c reveals the invasive lobular car-
cinoma (arrows).

Some of the issues raised were the need for the development 
of clinical based X-ray sources to provide the high flux and 
high energy necessary for the monochromatic beam exposures 
on clinical time scales of seconds, the development of a robust 
ABI system capable of working in a clinical environment, 
advanced digital detectors, and image processing that can 
result in images that can be read by radiologists with proper 
training.

One very interesting study by Arfelli et al. (2000) was done 
at the SYRMEP beamline at the Elettra synchrotron. As part 
of the development of human mammography pre-clinical tri-
als, the SYRMA project, a direct comparison of the diagnostic 
quality of breast tissue images obtained with the ABI technique 
and with PBI, was carried out. Overall, the results obtained by 
ABI and PBI were comparable, and both were always superior 
to standard absorption-based projection imaging. Compared 
with conventional mammography, phase-contrast and diffrac-
tion imaging result in strong enhancement of image contrast and 
increased visibility of small details. Because of the improved 
image contrast and detail visibility, these phase-detection tech-
niques may be applied effectively in the field of mammography 

(a) (c)

(b)

FIGURE 51.10 Comparison of (a) digital synchrotron radiograph and (b) DEI image of a specimen with invasive lobular carcinoma at NSLS. The photo-
micrograph (c) shows the carcinoma corresponding to the DEI images. (Reprinted from Pisano, E. et al. 2000. Radiology 214:895–901. Copyright 2013, with 
kind permission from the Radiological Society of North America.)



1038 Handbook of X-ray Imaging

for both solving ambiguous cases and allowing earlier diagnosis 
of malignant lesions.

In parallel with the development of stable ABI imaging sys-
tems at synchrotrons and on laboratory sources, there were 
efforts to develop algorithms that would more accurately extract 
the absorption, refraction, and scattering information from the 
data. It was recognized very early that the first-order linear-
approximation to the RC was inadequate, especially for the scat-
tering image. Pagot et al. (2003) and Wernick et al. (2003) showed 
that, by taking multiple images at a minimum of three positions 
on the RC, the information could better represent the underlying 
structures and scatter. Many forms of approximations to, and cal-
culations of, the RC have been developed in Chapter 49.

Efforts in the development of planar PCM were continued at the 
European Synchrotron Radiation Facility (ESRF) in Grenoble, 
France. Of particular interest is the work of Keyriläinen et  al. 
(2005), in which detailed comparisons of the phase-contrast ABI 
projection images and the sample histopathology were carried 
out. Six excised human breast tissue specimens carrying benign 
and malignant tumors were examined with the DEI technique. 
DEI images were compared with diagnostic screen-film mam-
mograms, and the correlation with histological information of 
the specimens was established. The enhanced visibility of cal-
cifications, some of which were smaller than 0.15 mm in diam-
eter, was reported. Fine details of the structures such as strands 
of collagen and contours between glandular and adipose tissue, 
which were barely visible at the contrast detection limit in the 
conventional absorption-based mammograms, were clearly vis-
ible in the diffraction-enhanced images. Microscopic study of 
the stained histopathology sections unequivocally confirmed the 
correlation of the radiographic findings with the morphologic 
changes in specimens. An increased soft tissue contrast and a 
combination of information obtained with DEI images provided 
better visibility of mammographically indistinguishable features. 
This kind of additional structural information of the breast tissue 
is required to improve assessment accuracy and earlier detection 
of the breast lesions.

The need to develop a clinical source capable of ABI PCM was 
pursued and reported by Parham et al. (2009). They described the 
design, construction, and performance of a DEI system using a 
commercially available tungsten anode X-ray tube, and reported 
the first high-quality low-dose diffraction-enhanced images of 
full-thickness human tissue specimens. Images acquired using 
this system successfully demonstrated all three DEI contrast 
mechanisms. Flux measurements acquired using this 1 kW pro-
totype system demonstrated that this design could be scaled 
to use a more powerful 60-kW X-ray tube to generate similar 
images with an image time of approximately 30 seconds. This 
single-crystal pair design could be further modified to allow for 
an array of crystals to reduce clinical image times to less than 3 
seconds. The advent of more powerful compact sources (Bravin 
et  al. 2013) and the more robust technologies such as grating 
interferometers may ultimately supersede the implementation of 
ABI on such clinical sources.

As with clinical mammography, the efforts at synchrotrons to 
develop high contrast, low-dose phase-contrast CT were started 
at the ESRF. It had been shown (Dilmanian et  al. 2000) that 
the phase information from ABI imaging was preserved in the 
reconstruction of CT images. Several experiments on the CT 

imaging of excised breast tissue with comparisons to standard 
clinical CT imaging, MRI, and pathologies have been reported 
(Fiedler et al. 2004; Bravin et al. 2007; Keyriläinen et al. 2008, 
2010, 2011). The important efforts in these experiments was to 
obtain CT images with high-resolution using digital detectors, 
doses equivalent or less than clinical CT by use of energies in 
the range of 30 keV, and image reconstruction useful to clinical 
radiologists.

One of the limitations in all of the preceding experiments 
was that the samples were excised human breast tissues of vary-
ing limited sizes (less than 9 cm). They were not full breasts, 
which would require significantly higher monochromatic ener-
gies. Sztrókay et al. (2012) reported imaging of a whole breast 
at doses higher than clinical values. Following the recommenda-
tions from that experiment, and using advanced algorithms for 
phase retrieval and reconstruction, Zhao et  al. (2012) reported 
a high-resolution, low-dose phase-contrast X-ray tomographic 
method for 3D diagnosis of human breast cancers. Using the 
ESRF synchrotron, they imaged a human breast in 3D and iden-
tified a malignant cancer. The pixel size was 92 microns, and the 
radiation dose was less than that of dual-view mammography. 
According to a blind evaluation by five independent radiolo-
gists, the method could reduce the radiation dose and acquisi-
tion time by ∼74% relative to conventional phase-contrast X-ray 
tomography, while maintaining high image resolution and image 
contrast.

The most recent efforts to advance ABI as a research or clinical 
modality have centered on optimization of the many parameters 
available. One study by Brun et al. (2014) developed a segmen-
tation algorithm that is task-based, allowing the boundaries of 
tumors in ABI images to be defined with minimal human inter-
vention. Gureyev et al. (2014) reported the results of a system-
atic study of phase-contrast X-ray CT in the propagation-based 
and analyzer-based modes using specially designed phantoms 
and excised breast tissue samples. The study was aimed at the 
quantitative evaluation and subsequent optimization with respect 
to detection of small tumors in breast tissue. They determined 
the effects of phase-contrast and phase retrieval on key imag-
ing parameters such as spatial resolution, CNR, X-ray dose, and 
a recently proposed “intrinsic quality” characteristic QS, which 
combines the image noise with the spatial resolution. They dem-
onstrated that some of the methods evaluated lead to substan-
tial (more than 20-fold) improvement in the CNR and intrinsic 
quality of the reconstructed tomographic images compared with 
conventional techniques, with the measured characteristics being 
in good agreement with the corresponding theoretical estimates. 
This improvement also corresponded to an approximately 400-
fold reduction in the X-ray dose, compared with conventional 
absorption-based tomography, without a loss in the imaging 
quality.

The use of tomosynthesis with advanced reconstruction algo-
rithms instead of full CT imaging was an important factor in the 
dose reduction for both ABI-CT and PBI-CT.

DFI, as presented in Section 51.2.3.7, has also been employed 
using the ABI technology. This technology has been pursued for 
many years by Ando et al. (2004, 2014) as a very highly sensi-
tive means of measuring the scattering image of an object. In 
developing applications to biomedicine, they have reported some 
imaging of excised breast tissue.
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51.3.3 Grating Interferometry (GI)

The development of GI as an imaging modality at both synchro-
tron sources and on laboratory sources started with the work of 
Weitkamp et al. (2005, 2008) and Pfeiffer et al. (2006, 2008). Since 
then there have been many experiments and developments in apply-
ing the techniques to mammography. In order to clearly present the 
current status of GI mammography, the developments are divided 
into three main themes: (1) Tissue Characterization, (2) Computed 
Tomography and Tomosynthesis, and (3) Implementation of GI 
on Laboratory, Clinical, and Compact Sources. The projects have 
been carried out on laboratory X-ray sources and at synchrotrons 
when the “Gold Standard” source was required. In all cases, the 
aim was to produce clinically relevant images at low radiation 
dose, high spatial resolution, and readable by radiologists in the 
clinic.

51.3.3.1 GI Mammography: Tissue Characterization

Stampanoni et al. (2011, 2013) published the first experimental 
evaluation of native breast tissue using GI. In many ways this 
was a landmark program in PCM. Using a laboratory X-ray 
source and a Talbot-Lau grating interferometer they imaged 
whole native breast tissue with a thickness of 4.5 cm. This 
proof-of-principle experiment clearly showed improved tumor 
visualization and discrimination between scars, breast tissue, 
and invasive tumors in the DPC and DF projection images. The 
images were systematically compared to findings with state-of-
the-art radiological mammography imaging systems. One of 
the key features of this work was the introduction of the con-
cept of mammoDPC, or DPC in mammography. Cognizant of 
the problems that radiologists have in interpreting the refraction 
images and DF images that are produced through image process-
ing of the GI images, they developed reconstruction algorithms 
that fused the absorption and refraction (DPC) images, and then 
applied the DF scattering information. The significant increase 
in diagnostic information in the mammoDPC images is shown 
in Figure 51.11.

These images were interpretable by skilled radiologists. The 
publications contain many significant references to the image 
processing procedures. One main point made in this work was 
that the successful transition of this technology to clinical use is 
strongly related to image post-processing.

Therefore, advanced algorithms must be developed to exploit 
the added value of the mammoDPC technique, including image 
de-noising, image fusion, and features extractions. The DPC 
images are particularly sensitive to high spatial frequencies 
such as edges of structures, whereas small calcifications are 
highlighted in the DF. Although the radiation dose was about 
26 mSv, an order of magnitude higher than conventional mam-
mography, improvements in the system were clearly defined that 
could reduce the dose to clinical levels.

These experiments primarily reconstructed images pro-
viding the absorption and differential phase images, supple-
mented by the DF scattering information. In the samples they 
used there were not a large number of calcifications, and DF 
images were not highlighted. Anton et  al. (2013) specifically 
studied grating-based projection DFI of human breast tissue. 
Their work emphasized the much higher tumor contrast in 
DFI due to the visualization of calcifications. They presented 
the results of a comparative study of breast tissue, including 
pre-surgical tomosynthesis, surgical resection, conventional 
mammographic imaging, DF studies, and finally histopathol-
ogy. A full treatment and analysis of contrast due to absorp-
tion and DFI showed a much higher contrast of calcifications 
with DFI. The size of the calcifications ranged from 3 to 30 
microns, much smaller than the detector pitch. The end result 
was that DFI may provide a means of diagnostic interpretation 
of calcifications.

A follow-up study on DF signals due to micrometer-sized cal-
cifications was carried out by Michel et al. (2013). These studies, 
on whole breast and resected tissues, confirmed the enhanced 
visibility of calcifications and high spatial frequency structures 
using the DF projection images, in correlation with the phase-
contrast and absorption images. Micro-calcifications do not 
show on absorption images, but are highly visible in DF images. 

(a) (b)

FIGURE 51.11 Image fusion result of a region of interest of an excised breast sample. The phase-enhanced image (b) contains the information from the 
absorption and enhanced detailed features from both differential phase and scattering images. It shows an improved sharpness compared to the absorption 
image (a). Some detailed features, which are hardly seen and do not manifest in the absorption image, are indicated by white arrows. (The source of the 
material Stampanoni, M. et al., Journal of Instrumentation, 2013, Institute of Physics is acknowledged.)
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Simulations for the DFI were in agreement with the experimental 
results.

Wang et al. (2014) showed that it is possible to differentiate the 
two types of calcifications by measuring the ratio of scattering 
(DF image) and the absorption image. This may lead to in-vivo 
classification for biopsy guidance or diagnosis.

Most GI imaging has been done with a single orientation of the 
gratings relative to the sample. This means that the images are 
showing phase-contrast information primarily in the direction 
perpendicular to the grating lines. Scherer et al. (2014) showed 
clearly that the inherently anisotropic imaging sensitivity of the 
mono-directional approach yields insufficient diagnostic infor-
mation, and has low diagnostic sensitivity to highly oriented 
structures. They reported an experiment designed to study the 
importance of bi-directional scanning. Using a rotating anode 
source, a GI system in a projection imaging mode, and a full 
dissected breast, they applied their fusion algorithms to images 
taken with single and bi-directional scanning. The bi-directional 
scans showed high detectability of early tumors, high frequency 
features in all directions, and the potential for characterization 
of tumors. Although the radiation doses were very high, the 
importance of bi-directional scanning was clearly demonstrated 
by the enhanced tumor branch visibility (see Figure 51.12). The 
concept of 2D gratings was presented with reference to Zanette 
et al. (2011).

Hauser et  al. (2014) carried out a statistical evaluation of 
the imaging capabilities of mammoDPC compared to digital 

absorption mammography. They designed two reader studies 
which involved mastectomy specimens of 33 patients and six 
breast radiologists. Mammograms of the freshly resected breasts 
were obtained with absorption-based clinical DM. Furthermore, 
absorption-based DM and phase-contrast-enhanced mammogra-
phy (mammoDPC) were acquired simultaneously on an experi-
mental projection imaging setup, as described in the study of 
Stampanoni et al. (2011).

The results of the comparison revealed the general quality of 
the images to be significantly superior in sharpness, lesion delin-
eation, and the general visibility of calcifications, and delineation 
of anatomic components of the specimens (surface structures) 
was significantly sharper. Spiculations were significantly better 
identified, and the overall clinically relevant information pro-
vided by mammoDPC was judged to be superior. However, it 
must be noted that this proof of principle study had to be con-
ducted with high-statistic measurements and, thus, the dose 
delivered was very high compared to clinical levels, and the time 
of acquisition was very long.

In a similar study, Grandl et  al. (2015) used a laboratory 
source of X-rays with a Talbot-Lau grating interferometer sys-
tem to evaluate improvement of visualization of breast cancer 
features in multifocal carcinoma. In projection imaging mode 
they obtained absorption, phase-contrast, and DF mammogra-
phy images of dissected breast tissue, and compared them with 
pre-operative in-vivo imaging, post-operative histopathological 
analysis, and ex-vivo digital mammograms. An example of such 
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FIGURE 51.12 Two-directional, grating-based mammograms of an invasive ductal carcinoma. Two-directional differential phase δφx (a), δφy (b), and 
sharpened, two-dimensional integrated phase image Φs (c). Dark field Dx (d), Dy (e), and mean dark field D image (f). Arrows indicate the direction of 
scanning. The boxes indicate tumor branches exclusively perceivable in the images obtained with scanning performed in the x- or y-direction, respectively. 
(Reprinted from Scherer K. et al. 2014. PLoS One 9:e93502. Copyright 2014, with kind permission from the Public Library of Science.)
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a comparison and analysis is shown in Figure 51.13, along with 
the detailed description of the imaging parameters. Their key 
result was that, in the diagnosis of multifocal tumor growth, DF 
mammography is superior to standard DM. The resolution of 
small, calcified tumor nodules, demarcation of boundaries, and 
spiculated soft tissue strands was better.

51.3.3.2  GI Mammography: Computed 
Tomography and Tomosynthesis

The use of CT imaging for mammography is now becoming a 
clinical modality (O’Connell et al. 2014). The CT images over-
come the common problems in current DM of the projection 
of overlying structures and occlusion of tumors and associated 
micro-calcifications. In the studies of the potential of phase-
contrast CT (PC-CT) using GI, experiments have been carried 
out at brilliant synchrotron sources (Sztrókay et al. 2012, 2013; 
Schleede et  al. 2014) and on conventional laboratory sources 
(Grandl et al. 2013, 2014). These experiments focused on com-
parisons of visualization and diagnostic information available 

from PC-CT compared to standard absorption DM. Therefore, 
the experiments were at significantly higher radiation dose lev-
els than clinical values. The use of tomosynthesis instead of full 
CT is one means of significantly lowering the dose levels, but 
at the cost of reduced information on the structures. Advanced 
image processing algorithms for image reconstruction and 
phase retrieval are being developed and applied to the PC-CT 
images.

Based on the successful demonstration of X-ray PC-CT applied 
to soft tissue imaging (Donath et al. 2010), Sztrókay et al. (2013) 
assessed the use of GI based X-ray PC-CT for ductal carcinoma 
in-situ and an invasive ductal carcinoma. They employed a GI 
system at the ESRF using monochromatic radiation at 23 keV 
at high spatial resolution of about 30 microns. The dose to the 
samples was significantly above clinically acceptable levels. The 
phase-contrast and absorption images were compared with his-
topathology. The PC-CT images had a CNR of 9.6 compared to 
that of the absorption-based images of 0.27. The main conclusion 
was that PC-CT may allow the differentiation between invasive 
carcinoma and intra-ductal carcinoma and healthy breast tissue.
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FIGURE 51.13 Phase-contrast and dark field mammography reveal tumor margins. Clinical ex-vivo mammography in craniocaudal (CC) projection at 
27 kVp, 120 mAs and 1.18 mGy MGD (molybdenum target and rhodium filter) (a), experimental absorption contrast mammography (b), phase-contrast 
mammography (c), and dark field mammography (d) at 40 kVp, 70 mA, and 70 mGy MGD (per scan direction); the posterior margin of a tumor is indicated 
by black arrows in (c) and (d). The crossed arrows in (b–d) indicate bi-directional measurements. (With kind permission from Springer Science+Business 
Media: European Radiology, Improved visualization of breast cancer features in multifocal carcinoma using phase-contrast and dark field mammography: 
An ex vivo study, 25, 2015, 3659–68, Grandl, S. et al.)
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Clinical applications of PC-CT will depend on translation of 
the GI Talbot-Lau phase-contrast imaging technique to clinical 
sources, either based on standard X-ray technology or new com-
pact sources. Grandl et al. (2013) demonstrated the potential of 
PC-CT on a conventional laboratory source in a study evaluat-
ing PC-CT for imaging breast tissue. Phase-contrast and absorp-
tion 3D datasets of the ex-vivo breast specimens were recorded 
and reconstructed. The images were matched with histological 
sections. The visualization of selected histological findings in 
phase-contrast was compared to the absorption contrast. The 
authors showed that PC-CT using a polychromatic X-ray source 
provides complementary information to absorption contrast. 
They did note, however, that the spatial resolution of the PC-CT 
images was inferior to that of images taken at a synchrotron, but 
was not detrimental to image visualization.

With the growing use of tomosynthesis mammography in the 
clinic, the concept of phase-contrast tomosynthesis is a natural 
advancement. Schleede et al. (2014) used monochromatic X-rays 
from a beamline at the ESRF to apply recently developed phase-
contrast methods to obtain PC-CT and absorption-based CT 
images of breast tissue. Datasets were taken in the tomosynthe-
sis mode with 61 projections and then reconstructed to yield the 
3D image. The voxel size for this work was 30 microns, com-
parable to or better than that of clinical tomosynthesis. Figure 
51.14 shows how tomosynthesis enhances the visibility of the 
breast morphology, in particular a parenchymal necrosis not vis-
ible in projection images. One limitation of this study was that 
it concentrated on the use of the DPC images rather than the 
DF images that are superior in detection of micro-calcifications 
(Stampanoni et al. 2011; Anton et al. 2013).

Grandl et al. (2014) have used a Talbot-Lau grating interferom-
eter on a laboratory source to study the visualization and char-
acterization of breast fibroadenomas. The samples were excised 
breast tissues containing fibroadenomas and other benign 
changes. This experiment also focused on the use of the DPC 
image, and not the DF image. The analysis necessary to develop 
DF-CT images is still under development. The authors concluded 
that the grating-based PC-CT showed improved differentiation 
of fine structures and accurate depiction of strands of fibrous 
tissue within the fibroadenomas, as well as other diagnostically 
important outcomes. This work was done at very high dose levels 
compared to acceptable clinical levels.

51.3.3.3  GI Mammography: Laboratory, 
Clinical, and Compact Sources

Many of the GI experiments described have been carried out 
on conventional laboratory sources. They have been proof-of-
principle studies to determine the feasibility of GI-PC imaging, 
both in radiography and CT. The visibility and diagnostic quality 
of the breast tissue images have been optimized by using high 
radiation doses. The use of conventional sources has been dem-
onstrated to produce excellent multi-modality images (absorp-
tion, differential phase-contrast, dark field). The authors have 
frequently outlined improvements to the experimental setups 
that would reduce the dose and exposure times; for example, 
high efficiency digital detectors, tomosynthesis, development of 
compact sources with higher flux, and working with optimally 
designed Talbot-Lau systems. There are now several examples of 
PCM using conventional and newly developed compact sources 

(a) (b) (c)

(d) (e) (f )

FIGURE 51.14 Differential-phase-contrast (DPC) projection of a 28.5 mm by 20.7 mm zoom of the breast (a) and tomosynthesis slices of the correspond-
ing section of a breast tissue sample (b–f) with 2 mm separation each. Structures that are superimposed in the DPC projection (a) can clearly be attributed to 
a certain tomosynthesis slice. Fibrous structures visible in the lower right part of the DPC projection (black arrow) are only depicted in tomosynthesis slice 
(d) and (e) (black arrows). A parenchymal necrosis (white arrow) is only depicted in slice (e) and is not visible in the DPC projection image (a). The length 
of the white scale bar is 5 mm. (Reprinted from European Journal of Radiology, 83, Schleede, S. et al.,  X-ray phase-contrast tomosynthesis for improved 
breast tissue discrimination, 531–6, Copyright 2014, with permission from Elsevier.)
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which show the feasibility of low-dose, fast exposure, high SNR 
mammography.

Gromann et al. (2016) optimized the parameters of a Talbot-
Lau interferometer on a rotating anode laboratory source. By 
working at a high Talbot order, the signal-to-noise level in the 
images was sufficient to allow high visibility phantom and 
excised breast tissue images at a dose level of only 3 mGy (see 
Figure 51.15).

The breast tissue was a freshly dissected breast compressed to 
4 cm. Images from the optimized system were compared with 
the same samples imaged on a previously used non-optimized 
interferometer, which delivered a dose of 60 mGy (Scherer et al. 
2014). Gromann et al. (2016) discussed the measures required to 
produce a clinically compatible grating-based DPC mammog-
raphy system. The key change would be to optimize the grat-
ing periods to preserve the high Talbot order, but constrain the 
dimensions of the system to be clinically compatible.

One of the limitations of incorporating grating-based DPC 
into clinical imaging is the requirement of stepping one grat-
ing relative to another, in order to produce the phase-contrast 
dataset that is then analyzed to produce the absorption, DPC, 
and DF images. Kottler et al. (2007b) developed a slit-scanning 
technique for phase retrieval that does not require stepping of the 
gratings. The phase retrieval is obtained by moving the object on 
a path perpendicular to the grating direction and the optical axis. 
The relative position of the gratings does not change. Koehler 
et al. (2015) adapted the slit-scanning technique to a clinically 
compatible source. Instead of moving the sample they created 
the same effect by moving the gratings and detector with the 
sample held fixed. The Talbot-Lau grating system was installed 
on a modified clinical multi-slit scanning mammography unit. 
Dose delivered to the phantoms was of the order of 1.9 mGy, and 
scan times were compliant with current mammography stan-
dards. Reconstructed images of absorption, phase-contrast, and 
small angle scattering (DF image) of phantoms and of a fish were 
presented. With a number of modifications that were discussed, 
the system could be adapted for in-vivo DPC mammography.

The first application of GI PCM using a compact synchro-
tron light source was reported by Schleede et  al. (2012). They 
installed a grating-based interferometer on the Compact Light 

Source (CLS) manufactured by Lyncean Technologies. The CLS 
is an inverse Compton-based SR source that provides X-rays 
with high flux, narrow bandwidth, and spatial coherence. The 
X-ray energy used in these experiments was 21 keV. The set-
up was used for high sensitivity absorption, DPC, and DFI of a 
mammographic accreditation phantom. Methods to reduce the 
radiation dose to the phantoms were presented, and some images 
of tumor-like masses, recorded at a clinically acceptable dose of 
1 mGy, showed excellent DF contrast. The DF CNR ranged from 
4.7 at a dose of 1 mGy to 12.8 at a dose of 8 mGy, compared with 
a CNR of 0.1 for the absorption images. With optimization of the 
grating system, experimental procedures, and data processing, 
the dose can be reduced.

51.3.4 Edge Illumination Imaging (EI)

Following the original work by Olivo and Speller (2007) on 
coded apertures for phase-contrast imaging, the first report of 
the application of the edge illumination imaging (EI) to mam-
mography was by Olivo et al. (2013) and Diemoz et al. (2013). 
They termed the method XPCI for X-ray phase-contrast imag-
ing. Based on a laboratory source, they developed a low-dose 
phase-contrast system for mammography. Their XPCI tech-
nique, using both positive and negative refracted X-rays, allows 
the quantitative reconstruction of absorption and phase-contrast 
images. The low-dose system developed and discussed in their 
paper was sensitive only to the negative refracted X-rays. Thus, 
only negative phase peaks could be determined, but the dose 
was decreased. This configuration allowed the visualization of 
fibrous structures much better than absorption and at clinically 
acceptable radiation doses of 0.7 to 3.0 mGy. Applications of this 
technique to mammography require much more study of CNRs, 
SNRs, evaluation of significant numbers of breast tissue samples, 
and development of image processing algorithms.

The simplest form of XPCI discussed above is not capable of 
generating DF images. Endrizzi et al. (2014) developed an EI sys-
tem with appropriate masks that allows the reconstruction of all 
three images: absorption, differential phase-contrast, and dark 
field. Along with quantitative analysis of phantoms, they showed 
the enhancement in visibility of micro-calcifications with the DF 
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FIGURE 51.15 Proof-of-principle images conducted with an optimized low-dose system with an MGD of 3 mGy. The SNRs in the attenuation (a), dif-
ferential phase (b), and dark field (c) images are sufficient to be clinically useful, as shown in the magnification of the region (square) around the mamilla. 
High image acutance is gained in the phase image, while tissue borders are distinctively depicted in the dark field image. (Gromann, L. et al. 2016. Low-
dose, phase-contrast mammography with high signal-to-noise ratio. Biomedical Optics Express 7:381–91. With permission of Optical Society of America.)
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images. This technique is very robust against vibrations, and can 
be used with an incoherent white beam laboratory source.

A study of edge enhanced X-ray phase-contrast imaging for 
mammography has been carried out at the Elettra synchrotron 
by Longo et al. (2015). The aim of the experiment was to study 
images of breast tissue at clinical doses using algorithms devel-
oped by Munro et al. (2013) to quantify the absorption and DPC 
images. They worked at energies of 17, 20, and 23 keV for opti-
mization of the image quality. The retrieved absorption image, 
which contains some additional contrast due to SAXS rejec-
tion (Chapman et al. 1997), is easily interpreted by radiologists, 
whereas the DPC image is difficult to use for diagnostic evalua-
tion. However, the DPC images are particularly useful for imag-
ing sharp edges and small structures.

51.4 Conclusion

Phase-contrast imaging applied to mammography is in its early 
stages of development. As shown in this chapter, there are a 
number of technologies that are being used in fundamental 
experimental work utilizing standard laboratory, clinical, syn-
chrotron, and new compact sources. PBI, ABI, GI, and EI all 
show promise as potential clinical modalities, although each 
one has advantages and disadvantages. The research to date has 
almost exclusively been proof-of-principle experiments, which 
have demonstrated the clear advantages of X-ray PCM over con-
ventional absorption imaging: increased visualization of micro-
calcifications and tumor morphology. Image reconstruction and 
means of providing useful images to clinicians now allows the 
enhanced information to be clinically available. These early 
experiments have in general been done at radiation doses much 
larger than clinically allowed, but some recent work has been 
done at low doses with promising outcomes. The only clinical 
work to date is the PBI imaging of human patients at the Elettra 
synchrotron. As the research now is being directed at the use 
of clinical and new compact sources, it has become clear that 
phase-contrast imaging is also applicable and complementary to 
the growing use of tomosynthesis and CT as a clinical modal-
ity. The development of new compact sources and adaptation of 
phase-contrast methods using clinical sources should provide a 
very promising platform for the introduction of X-ray PCM into 
the clinic. Ultimately the clinical development will depend on 
the demand for the technologies and enhanced imaging informa-
tion by practicing clinicians.
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52
X-ray Phase-Contrast Tomosynthesis Imaging

Ke Li and Guang-Hong Chen

52.1 Introduction

X-ray tomosynthesis is a pseudo-tomographic imaging method 
that can partially address the problem of structural overlap 
encountered in planar X-ray imaging (e.g., rib-lung overlap in 
chest X-ray, or normal breast tissue-focal lesion overlap in mam-
mography) (see Section II, Chapter 20). In a typical X-ray tomo-
synthesis image acquisition, sequential two-dimensional (2D) 
projection images are recorded at different view angles within a 
limited angular span (e.g., ±30°), and the projection image data-
set is processed with a limited-angle tomographic reconstruc-
tion algorithm to synthesize three-dimensional (3D) images of 
the image object (Figure 52.1). These tomosynthesis images can 
be considered as a stack of in-focus planes cutting through the 
object at different depths, thus alleviating the structural overlap 
issue. Compared with X-ray computed tomography (CT) that can 
record hundreds of projections over 360° in less than a second 
(see Section III, Chapter 32), the total angular range, the image 
acquisition speed, and the detector readout speed are greatly 
reduced in tomosynthesis imaging, which helps to lower its sys-
tem cost. In addition, a single tomosynthesis image acquisition 
does not require multiple full tube rotations as in modern CT, 
and the detector can be kept stationary (see Section II, Chapter 
23). Therefore, a typical tomosynthesis imaging system does not 
require a costly slip-ring gantry, as in CT. Instead, a tomosynthe-
sis capable gantry can be quite similar to a standard planar X-ray 

imaging system with the addition of limited angular motion. 
Another major benefit of tomosynthesis is that the flat panel 
detectors used in tomosynthesis systems typically have spatial 
resolution about an order of magnitude better than a typical CT 
detector, leading to very high in-plane spatial resolution. On the 
other hand, due to the limited angular range of tomosynthesis, its 
spatial resolution along the depth (z) direction is generally infe-
rior to that of true 3D imaging such as CT. As a result, tomosyn-
thesis images are usually reconstructed with small in-plane pixel 
size (e.g., 100 µm), but a much thicker slice (e.g., 1 mm).

In recent years, X-ray tomosynthesis has attracted consider-
able attention, especially in the field of breast imaging (Niklason 
et al. 1997; Suryanarayanan et al. 2000; Bissonnette et al. 2005; 
Ren et al. 2005; Smith 2005; Andersson et al. 2008; Sechopoulos 
2013a,b; Vedantham et  al. 2015). Several digital breast tomo-
synthesis (DBT) imaging systems have been FDA-approved 
and employed in clinical practice (Feng and Sechopoulos 2012). 
Multiple clinical trials have demonstrated that, compared with 
digital mammography (DM), DBT led to a substantial increase 
in the sensitivity of breast cancer detection (Andersson et  al. 
2008; Ciatto et  al. 2013; Skaane et  al. 2013; Houssami et  al. 
2014), although it also increased false positive rates and recall 
rates (Lang et al. 2016). X-ray tomosynthesis imaging has also 
been applied to lung imaging (Vikgren et  al. 2008; Dobbins 
and McAdams 2009; Gomi et  al. 2013), cardiac interventional 
imaging (Nett et al. 2008; Speidel et al. 2010), musculoskeletal 
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imaging (Hayashi et  al. 2012), dental imaging (Lauritsch and 
Harer 1998), and target localization in radiation therapy (Godfrey 
et al. 2006; Zhang et al. 2009a).

All of these tomosynthesis imaging applications share a com-
mon feature: they all utilize the absorption of X-rays to gener-
ate image contrast. However, absorption is not the sole contrast 
mechanism enabled by X-ray-matter interactions: when X-rays 
propagate through an object, both X-ray absorption (a particle 
physics phenomenon) and X-ray phase shift (a wave optics 
phenomenon) occur, and, in principle, both effects can be uti-
lized to generate image contrast (see Section IV, Chapter 49). 
Interestingly, these two contrast mechanisms can be related 
through the complex refractive index n i= − +1 δ β , as the real 
component is related to phase shift, while the imaginary compo-
nent is related to the well known X-ray linear attenuation coef-
ficient, µ, as follows: β λµ π= /4 , where λ is the wavelength of 
the X-ray. In the diagnostic X-ray energy range, the difference 
in µ between two materials is primarily determined by the dif-
ference in their effective atomic number (Z), and, for soft issues 
with similar Z, their absorption contrast is very limited. The pri-
mary motivation of introducing the phase-contrast mechanism to 
X-ray tomosynthesis imaging is the potential in improving soft 
tissue contrast sensitivity, as δ is determined by the electron den-
sity of the material and is independent of Z.

So far, several phase-contrast tomosynthesis imaging (PCTI) 
methods have been developed, including a grating-based method 
(Li et al. 2012, 2013b, 2014; Schleede et al. 2014; Garrett et al. 
2015), a free propagation or in-line holography-based method 
(Zhang et al. 2010; Hammonds et al. 2011, 2013; Wu et al. 2015), 
and a crystal diffraction enhanced imaging (DEI)-based method 
(Maksimenko et al. 2007; Kang et al. 2008). This chapter will 
cover the basic principles of PCTI, its data acquisition system, 
reconstruction algorithms, image quality assessments, and image 
artifacts. In each of these topics, PCTI will be compared with 
conventional absorption contrast tomosynthesis imaging (ACTI). 
The chapter concludes with an outlook to the future research 

directions of PCTI. Most of the examples provided in this chap-
ter were obtained using a grating-based PCTI system in the 
authors’ laboratory, but the scope of the chapter is not limited to 
the grating-based method.

52.2 Principles

In the diagnostic X-ray energy range, the accumulated phase 
shift (relative to vacuum) for an X-ray passing through an image 
object is given by

 
φ

π
λ

δ= − ∫2
( ) ,
�
x ld

 
(52.1)

where l is along the X-ray propagation direction, and λ is the 
wavelength of the X-ray. For grating-based PCTI systems, a pro-
jection image recorded at view angle θ is related to the first-order 
derivative of φ by (Momose et al. 2003; Weitkamp et al. 2005; 
Pfeiffer et al. 2006):
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where d is the distance between a diffraction grating and the X-ray 
detector, and p is the period of the X-ray diffraction pattern at the 
detector plane, (u,v) represents a 2D Cartesian coordinate system 
defined in the detector plane, with the u axis being perpendicular to 
the periodic grating structure. Grating-based X-ray phase-contrast 
imaging is often referred to as X-ray differential phase-contrast 
imaging, since its image signal is related to the spatial derivative 
of the X-ray phase shift φ. In comparison, the projection image of 
ACTI is related to the real part of the refractive index by

Detector

Slice 1
Slice 2
Slice 3

1

2

3

Tube

Projection
images

Tomosynthesis
images

FIGURE 52.1 The basic idea of X-ray tomosynthesis imaging is to acquire multiple planar projection images over a limited angular span; from these 
projections, pseudo-tomographic images with reduced structural overlap can be reconstructed.
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where I and I0 are the measured photon number with and with-
out the image object. Similar to grating-based PCTI systems, 
the projection image of DEI-based PCTI systems is also linearly 
proportional to the first-order derivative of φ. In comparison, 
the projection signal of an in-line PCTI system is related to the 
Laplacian of φ by (Wilkins et al. 1996):
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where d is the distance between the image object and the detec-
tor. The Laplacian term captures boundaries and interfaces with 
abrupt changes in φ, and the magnitude of edge enhancement 
increases with larger object-to-detector distance. Since both µ 
and φ contribute to the in-line image signal, additional phase 
retrieval is needed to separate the phase-contrast signal from the 
absorption contrast signal, otherwise pixel values of the recon-
structed tomosynthesis images are not linearly related to δ.

As in phase-contrast CT (PCCT), PCTI is able to reconstruct 
a volumetric distribution of δ from multiple phase-contrast pro-
jection images measured at different view angles. However, 
unlike PCCT, PCTI measures projection images only within a 
limited angular span (e.g., from −30° to +30°), therefore it pro-
duces a “distorted” version of δ( )

�
x , particularly along the inter-

slice (z) direction. To measure multiple projection images over 
a finite angular span, three system geometries can be poten-
tially used. The first, shown in Figure 52.2a, is known as the 
Grossman geometry (Grossman 1935), in which both the X-ray 
source and detector rotate around the image object. The second, 
shown in Figure 52.2b, is commonly used in state-of-the-art 
clinical DBT systems. In this geometry, the X-ray source rocks 

along a circular trajectory in the x–z plane, while both the image 
object and the detector are kept stationary. If a grating-based 
PCTI system uses this geometry, the orientation of a 1D struc-
ture in the gratings should be parallel to the x–z plane, otherwise 
the X-ray beam could be partially blocked by the sidewalls of 
the grating structure (Figure 52.3). In comparison, the gratings 
can take any orientation within the u–v plane in the Grossman 
geometry, since the X-ray beam is always perpendicular to the 
grating surface. The third geometry is the inverse version of the 
Grossman geometry, in which the positions of the tube, detec-
tors, gratings, or crystals are fixed, and the image object rotates 
during the PCTI acquisition. This inverse Grossman geometry 
has been widely used in published work on PCTI, and it is the 
only feasible geometry in DEI-based PCTI systems that require 
the use of synchrotron radiation (Maksimenko et al. 2007; Kang 
et al. 2008).

52.3 Image Acquisition System

To date, several experimental PCTI acquisition systems have 
been reported in the literature. The earliest system was based 
on the DEI method and used a synchrotron X-ray source, crystal 
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FIGURE 52.2 (a) The Grossman tomosynthesis image acquisition geometry. (b) The DBT image acquisition geometry. (From Li, K. et al. 2014. Medical 
Physics 41:011903, with permission.)
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FIGURE 52.3 (a) For grating-based PCTI systems, when the 1D structure 
in the grating is aligned with the y axis, X-rays may be partially blocked by 
the wall of the grating at an oblique incident angle. (b) When the grating 
structure is aligned with the x axis, it is parallel to the plane in which the 
tube rocks; therefore, this orientation prevents incident X-rays from being 
blocked by the grating at any oblique projection angles. This setup also 
increases the effective thickness of the X-ray absorbing layer in the grating, 
which may translate into higher fringe visibility.
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monochromator, and crystal analyzer (Maksimenko et al. 2007; 
Kang et al. 2009). The first non-synchrotron-based PCTI system 
was reported in Hammonds et al. (2011), and used a microfocus 
laboratory tube with a fixed tungsten anode. The first grating-
based PCTI system was reported in Li et al. (2012). A hospital-
grade rotating anode diagnostic X-ray tube with 1.0 mm nominal 
focal spot size was used in this system, which can significantly 
shorten the image acquisition time compared with microfo-
cus and fixed-anode tubes. All systems reported so far use the 
inverse Grossman geometry, and the total angular span ranges 
from ±8° to ±30°. Table 52.1 summarizes the major parameters 
of these PCTI systems.

52.4 Image Reconstruction Methods

52.4.1 Shift-and-Add

The shift-and-add (SAA) method, also known as the direct back 
projection method, is the most straightforward way to reduce 
structural overlap in planar projection images and reconstruct 
tomosynthesis images (Niklason et al. 1997). In SAA, pixels in 
each projection are shifted along the x direction by a certain dis-
tance, and then all the projections are added together to enhance 
in-focus features and cancel out-of-focus features. The amount 
of lateral shift depends on the acquisition geometry; for systems 
using the Grossman or inverse Grossman geometry, the formula 
for SAA-based PCTI reconstruction is given by (Li et al. 2014):

 

I x y z x z yPC( , , ) ( cos sin , , ),= +∑Δθ φ θ θ θ
θ  

(52.5)

where IPC denotes the pixel value of phase-contrast tomosynthe-
sis image volume, and Δθ is the angular interval between two 
consecutive view angles. The SAA formula for systems with the 
DBT geometry can be found in Niklason et al. (1997) and Wu 
et al. (2004).

Figure 52.4 shows phase-contrast tomosynthesis images 
acquired with a grating-based system and reconstructed using 

SAA. Compared with the planar differential phase-contrast 
(DPC) projection image, the overlap of features inside a cylindri-
cal water phantom was effectively reduced, and the conspicu-
ity of these features were improved. However, the differential 
appearance of the DPC projection image was inherited by the 
reconstructed tomosynthesis images. In other words, the pixel 
values of SAA-based phase-contrast tomosynthesis images are 
not linearly related to the volumetric distribution of δ. This is 
also true for in-line and DEI-based PCTI systems. Hammonds 
et  al. (2013) used an attenuation-partition based algorithm 
(APBA) to retrieve phase shift, φ, from in-line phase-contrast 
projection images, then used SAA to reconstruct PCTI. The pixel 
value of the reconstructed images was found to be linearly pro-
portional to φ, although it is unclear whether the value is also 
linearly related to δ.

52.4.2 Filtered Back Projection (FBP)

For grating and DEI-based PCTI systems, FBP can be used to 
remove the differential appearance of phase-contrast tomosynthe-
sis images and achieve semi-quantitative imaging of δ. To derive 
the FBP reconstruction algorithm for PCTI, let’s first revisit the 
FBP algorithm for ACTI (see Section III, Chapter 33). It is well 
known that a ramp kernel can be used to filter the absorption con-
trast projection data to help reconstruct the volumetric distribu-
tion of µ. In the frequency space, this filtering operation can be 
described as (Kak and Slaney 1988; Lauritsch and Harer 1998):

 
� �R f v R f v fu v u u′( , , ) ( , , ) | |,θ θ= ⋅  (52.6)

where | |fu  is the ramp kernel, and �R f vu( , , )θ  denotes the 1D 
Fourier transform of R with respect to the u axis, namely:

 

�R f v R u v uu
ufu( , , ) ( , , ) .θ θ π= ∫  e di− 2

 
(52.7)

Similarly, we can write the 1D Fourier transform of the phase-
contrast projection image as follows (Li et al. 2014):

TABLE 52.1

Summary of Phase-Contrast Tomosynthesis Image Acquisition Systems Reported in the Literature

References Method X-ray Source

Focal 
Spot Size 

(mm)
X-ray

Energy

Source-Object 
Distance 

(SOD) (cm)

Source-Detector 
Distance (SDD) 

(cm)
Pixel Size 

(µm)
Angular 

Span
Angular 
Interval

Maksimenko 
et al. (2007)

DEI Synchrotron N/A 17.5 keV N/A N/A N/A ±8° or ±20° 4°

Kang et al. 
(2008)

DEI Synchrotron N/A N/A 4.5 × 103 N/A 11 µm ±10° 1°

Zhang et al. 
(2010)

In-line Synchrotron N/A 15 keV N/A N/A 9 µm ±30° 2°

Hammonds 
et al. (2011)

In-line Fixed anode 
microfocus tube

0.01 24 kVp 15.5 55.4 54 µm ±25° 1°

Li et al. (2012) Grating-based Rotating 
anode tube

1.0 40 kVp 156.1 188.2 48 µm ±30° 3°

Hammonds 
et al. (2013)

In-line Fixed anode 
microfocus tube

0.01 36 kVp 55.4 96.5 50 µm ±25° 1°

Schleede et al. 
(2014)

Grating-based Synchrotron N/A 23 keV ∼1.5 × 104 ∼1.5 × 104 30 µm ±30° 1°
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where Rδ denotes the line integral of δ. Based on Equation 52.8, the 
following operation is equivalent to filtering �Rδ  with a ramp kernel:
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Therefore, the measured DPC projection data need to be fil-
tered by a modified Hilbert kernel rather than the ramp kernel to 
effectively remove the differentiation operator and quantitatively 
restore the volumetric distribution of δ. In the spatial domain, the 
filtering can be expressed as the following convolution operation:
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where 1 4 3π ud  is the Fourier pair of the modified Hilbert kernel 
i( p d fu4 2π )sgn( ). The filtering is performed separately for each 
projection view angle θ, then the filtered projections can be back 
projected to reconstruct phase-contrast tomosynthesis images. 
For systems with the Grossman geometry and under the paral-
lel beam approximation, the back projection can be analytically 
described as follows:
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Figure 52.5 compares phase-contrast tomosynthesis images 
reconstructed by SAA and FBP. A grating-based system was 
used for data acquisition. The FBP algorithm removed the dif-
ferential appearance of the image. The negative overshooting at 
the left and right boundaries of the object in the FBP image was 
caused by the incomplete angular coverage and is commonly 
observed in tomosynthesis imaging (Sechopoulos 2013b). Figure 
52.6 shows another example of phase-contrast tomosynthesis 
images reconstructed by FBP.

For systems with divergent beams, Equation 52.11 can be 
modified based on the Feldkamp–Davis–Kress (FDK) algo-
rithm to reconstruct phase-contrast tomosynthesis images (Wu 
et al. 2015). The back projection can also be implemented using 
projection matrices, particularly for non-Grossman systems and/
or systems with divergent X-ray beams (Galigekere et al. 2003). 
It has been demonstrated that the pixel value of phase-contrast 
tomosynthesis images reconstructed using the FBP method is 
linearly proportional to δ (Li et al. 2014).

Acrylic
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Slice 1

Slice 2
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FIGURE 52.4 Phase-contrast tomosynthesis images acquired from a grating-based system and reconstructed by SAA. (a) A schematic illustration of the 
image object. (b) DPC projection image of this object. (c–e) Representative phase-contrast tomosynthesis images of the object reconstructed at the three slice 
locations indicated in (a). The spacing between two neighboring slices is 8 mm, the slice thickness is 1 mm, and the in-plane pixel size is 80 µm. (Modified 
from Li, K. et al. 2014. Medical Physics 41:011903, with permission.)
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52.5 Image Quality

In general, methods and metrics for evaluating the image qual-
ity of PCTI are similar to those of ACTI, and can be divided 
into the following categories: signal, noise, signal normalized by 
noise, and spatial resolution (see Section I, Chapter 15). Image 
artifacts will be discussed in a separate section later in this chap-
ter. Due to the nonconventional differential appearance in some 
phase-contrast tomosynthesis images, particularly those recon-
structed by SAA, the assessment of their image quality may also 
use some special metrics, which will be described in this section.

52.5.1 Mean Signal Value

When SAA is used for tomosynthesis reconstruction, the differential 
appearance in the projection data is inherited by the reconstructed 

phase-contrast tomosynthesis images, therefore it is difficult to 
measure the mean signal value of an image object, unless it is a 
ramp with constant slope (Ge et al. 2016). In comparison, the mean 
signal value can be measured in phase-contrast tomosynthesis 
images reconstructed with FBP, since the differential appearance is 
removed by the use of the Hilbert kernel. The measurement is usu-
ally performed in a region that corresponds to a uniform region in a 
relatively large object, such as the phantom inserts shown in Figure 
52.6. It has been demonstrated in Li et al. (2014) that the mean sig-
nal value of FBP-based phase-contrast (PC) tomosynthesis images 
is linearly proportional to δ, and it is quantitatively related to that of 
FBP-based absorption contrast (AC) tomosynthesis images gener-
ated from the same data acquisition by (Li et al. 2014):
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δ
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(52.12)
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FIGURE 52.6 Phase-contrast and absorption contrast tomosynthesis images of the physical phantom in Figure 52.5. FBP with the appropriate filter kernel 
was used for both contrast mechanisms. The three slice locations are illustrated in Figure 52.5a. (Modified from Li, K. et al. 2014. Li, K. et al. 2014. Medical 
Physics 41:011903, with permission.)
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FIGURE 52.5 (a) Phase-contrast tomosynthesis image reconstructed using the SAA algorithm. (b) Phase-contrast tomosynthesis images reconstructed 
using the FBP algorithm. (c) Comparison of line profiles through the spherical image object.
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In other words, the mean signal magnitude of absorption con-
trast tomosynthesis images can be used to quantitatively predict 
that of phase-contrast tomosynthesis images, and vice-versa. 
This is of great potential value for the design and optimization 
of PCTI systems.

By separating phase shift information from the absorption 
signal using the attenuation-partition based algorithm (APBA), 
Hammonds et al. (2013) validated the signal linearity of phase-
contrast tomosynthesis images generated with an in-line system. 
They showed that the retrieved phase signal of polystyrene plates 
was proportional to the total thickness of the plates.

52.5.2 Noise

The noise performance of PCTI systems can be quantified by 
the noise standard deviation (σ), which is a zero-frequency met-
ric that quantify the magnitude of noise. Similar to the mean 
signal value, the noise standard deviation is usually measured 
in a uniform region in the reconstructed tomosynthesis image. 
Alternatively, it can be measured from noise-only images 
obtained by subtracting image volumes generated by two back-
to-back acquisitions (Li et al. 2014). Wu et al. (2015) measured 
noise standard deviation of high energy (120 kVp) in-line tomo-
synthesis images and found about 20% reduction in σ compared 
with conventional absorption contrast tomosynthesis.

In addition to noise standard deviation, NPS is another quan-
titative metric to characterize the noise performance of PCTI 
systems. Unlike noise standard deviation, NPS is a frequency-
dependent metric that quantifies both the magnitude and spatial 
correlation of noise. Since tomosynthesis is a volumetric imaging 
method, it is usually preferable to use the three-dimensional (3D) 
NPS to capture the noise correlation both in the axial (x–y) plane 
and along the z direction. The 3D NPS of phase-contrast tomo-
synthesis images can be calculated as (Li et al. 2014):

 
NPS DFT VOI

PC PC
3D

3DI
x y z

I
x y z

N N N
= ( )Δ Δ Δ

Δ ,
 

(52.13)

where DFT3D denotes 3D discrete Fourier transform, ΔVOI
PCI  is 

a volume of interest (VOI) extracted from the 3D phase-contrast 
tomosynthesis images and detrended by its background, Δx and Nx 
denote the pixel size and number of pixels of ΔVOI

PCI along the x 
axis, respectively, and 〈⋅〉 denotes an ensemble average of multiple 
VOIs obtained by either shifting the location of the VOI within 
a PCTI volume or repeated PCTI acquisitions. Using the same 
methodology, the 3D NPS of absorption contrast tomosynthesis 
images can also be measured and compared with that of PCTI.

Figure 52.7 shows 3D NPS of PCTI and ACTI measured using 
a cylindrical phantom (Li et al. 2014). A total of 121 VOIs were 
obtained by sliding an Nx = Ny = Nz = 180 × 180 × 30 volu-
metric window within the 3D tomosynthesis image volume of 
the phantom. For phase-contrast tomosynthesis images recon-
structed by SAA and FBP, their NPSs show no fundamental 
difference except their magnitudes, because the modulus of the 
Hilbert kernel used in FBP is frequency independent. Compared 
with absorption contrast tomosynthesis images reconstructed 
using FBP and the ramp kernel, the phase-contrast tomosyn-
thesis images contain relatively less high frequency noise and 

less aliased noise. Instead, they are dominated by low- and mid- 
frequency noise. In particular, the fx–fz plane of the 3D NPS 
looks like an hourglass, and the two missing cones are caused by 
the limited view angle coverage in PCTI acquisition.

Figure 52.7 also shows that the magnitudes of the 3D NPS of 
PCTI reconstructed by SAA and FBP differ by about 10 orders 
of magnitude. This difference in noise magnitudes is introduced 
by the extra (4π2d)/p factor in the modified Hilbert kernel used 
in FBP, whereas the SAA reconstruction does not use this scal-
ing factor.

Li et al. (2013a,b) performed a cascaded systems analysis of 
the noise transfer process in the grating-based PCTI system and 
found that the 3D NPS of PCTI is quantitatively related to that of 
ACTI. When SAA is used for tomosynthesis image reconstruc-
tion, the 3D NPS of PCTI and ACTI are related by:

 
NPS NPS

PC AC

3D 3D
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2
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(52.14)

where ε is the fringe visibility of the interference pattern. When 
SAA is used for tomosynthesis image reconstruction, the 3D 
noise power spectrum (NPS) of PCTI and ACTI are related by 
(Li et al. 2013a,b):
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(52.15)

The scaling factor of f fx z
2 2 1

+( )−
 leads to the differences in 

the shape of the 3D NPS between the two contrast mechanisms, 
and the numerical scaling factor 2 42 3 2p d( )π ε  is responsible for 
the difference in NPS magnitude. Figure 52.8 shows a compari-
son between the measured and predicted NPS of PCTI.

The NPS of the PCTI system also depends on the specific 
phase-contrast imaging method. As an example, the NPS of in-
line and grating-based PCTI systems are different. Due to the 
use of ramp (instead of Hilbert) kernel, the NPS of an in-line 
PCTI system has a similar shape to that of a conventional ACTI 
system and has a peak at a certain intermediate frequency along 
the fx axis (Wu et al. 2015).

52.5.3 Contrast-to-Noise Ratio (CNR)

In tomosynthesis imaging, CNR is also referred to as the signal 
difference-to-noise ratio (SDNR). CNR or SDNR can be calcu-
lated as

 
CNR
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(52.16)

or alternatively,
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=
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where Iobject and IBG are the mean signal value of the image object 
and the background, respectively, in the tomosynthesis images.
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fy fy

fx fx

fz fz

(a) (b)

FIGURE 52.8 Comparison of predicted (a) and measured (b) 3D NPS of FBP-reconstructed PCTI. The prediction was performed from the 3D NPS of 
FBP-reconstructed ACTI using Equation 52.15.
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Li et al. (2014) measured the SDNR of phase-contrast tomo-
synthesis images of two physical phantoms acquired from a grat-
ing-based system. Compared with the associated ACTI, PCTI 
improved the SDNR of several material pairs such as acrylic-
water and polystyrene (PS)-water (Figure 52.9), although ACTI 
generated higher SDNR for several other material combinations 
with high absorption contrast (e.g., Teflon-water).

Hammonds et al. (2013) measured the CNR of phase-contrast 
tomosynthesis images of an acrylic phantom acquired from an 
in-line system. Phase retrieval was performed prior to SAA 
image reconstruction. It was found that the CNR of acrylic (rela-
tive to water) is 25% higher in PCTI than in ACTI.

For an in-line PCTI system, a modified form of CNR can 
be used to quantify the improvement in the conspicuity of 
edges and boundaries. This modified CNR is referred to as 
the edge enhancement-to-noise ratio (EE/N); it uses the dif-
ference between the maximal and minimal intensity near an 
edge as the contrast. Hammonds et al. (2011) showed that, com-
pared with planar phase-contrast radiographs, the EE/N of an 
air-fiberglass resin interface was improved in phase-contrast 
tomosynthesis images due to improved contrast and reduced 

noise. Wu et al. (2015) measured the CNR at the edges of air 
bubbles in a bubble wrap and showed that in-line PCTI resulted 
in a factor of 3 improvement in CNR compared with conven-
tional ACTI.

52.5.4 Spatial Resolution

The in-plane spatial resolution of tomosynthesis images can be 
characterized using line profile through the edge of an object or 
with the modulation transfer function (MTF) (Samei et al. 2013). 
Figure 52.10 shows line profiles of a 1.9 mm Teflon sphere in 
PCTI and ACTI. A grating-based system was used for image 
acquisition, and FBP was used for tomosynthesis image recon-
struction. Following normalization by the corresponding peak 
intensities, the profiles of PCTI and ACTI are matched along 
both the x and y direction, which suggests the in-plane spatial 
resolution of PCTI is equivalent to that of ACTI in grating-based 
systems. The negative edge overshoot along the x direction was 
caused by the incomplete angular coverage and was observed in 
both contrast mechanisms.

Wu et al. (2015) measured the MTF of their in-line PCTI sys-
tem using a high contrast edge phantom and found that the MTF 
has a slight dependence on the X-ray energy. They further com-
pared the line profiles of phase-contrast and absorption contrast 
tomosynthesis images of the edge phantom and found that in-line 
PCTI enhanced the sharpness of the edge in the axial tomosyn-
thesis image plane.

Spatial resolution along the z direction, namely the effective 
slice thickness, can be characterized by plotting the line profile 
of a small and high contrast object along z. Figure 52.11 shows 
the z profile of a 1.9 mm Teflon sphere in DCTI and ACTI. A 
grating-based system was used for image acquisition, and FBP 
was used for tomosynthesis image reconstruction. For both con-
trast mechanisms, the full-width-at-half maximum (FWHM) of 
the z profile is 4.0 mm, indicating equivalent spatial resolution 
along the z direction.
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FIGURE 52.9 Comparison of SDNR between grating-based PCTI and the 
associated ACTI. All materials were submerged in a water bath. (Adapted 
from data in Li, K. et al. 2014. Medical Physics 41:011903, with permission.)
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For tomosynthesis imaging, spatial resolution along the z 
direction can also be quantified by the Artifact Spread Function 
(ASF) defined as follows:

 
ASF object BG

object BG

( )
( ) ( )

( ) ( )
,z

I z I z

I z I z
=

−
−0 0  

(52.18)

where z0 is the location of the in-focus plane for the ASF test 
object, Iobject is the mean pixel value of a region of interest (ROI) 
that corresponds to the location of the test object, and IBG is the 
mean pixel value of the background region. In practice, ASF is 
often measured using a uniform sphere; however, the size and 

contrast of the sphere directly impact the width of the ASF along 
the z-axis. As a result, ASF is not an absolute metric and, when it 
is used to compare slice thickness across different tomosynthesis 
systems or reconstruction methods, the same test object should be 
used. Figure 52.12 shows PCTI and ACTI of a 6.3 mm polystyrene 
(PS) sphere suspended in vegetable oil (Li et al. 2014). Using this 
phantom, ASF was measured and the results are shown in Figure 
52.13. This confirmed again that there is no fundamental differ-
ence in slice thickness between the two contrast mechanisms.

Spatial resolution along the z-axis has also been character-
ized for an in-line PCTI system in Hammonds et al. (2011). The 
characterization was performed using a 1-mm air hole inside a 
cylindrical phantom. The mean signal of the hole was plotted as 
a function of z position, and the FWHM of the plot was found to 
be 4-times the diameter of the hole.

52.6 Image Artifacts

52.6.1 Out-of-Plane Signal Leakage

The most common type of image artifact in tomosynthesis imag-
ing is out-of-plane signal leakage, with phase-contrast tomosyn-
thesis imaging being no exception (for a description of image 
artifacts in CT imaging, see Section III, Chapter 32). Figure 
52.14 shows an example of this type of artifact: the signal of a 
1.9 mm sphere is still observable in a plane 8 mm away from 
the in-plane. In tomosynthesis imaging, the out-of-plane signal 
leakage is caused by incomplete angular coverage: Based on the 
Tuy’s data consistency condition, the minimal angular span of 
projection image acquisition should be 180° + the fan angle, in 
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FIGURE 52.11 Line profile of the 1.9 mm Teflon sphere along the z direction.
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FIGURE 52.12 (a) Phantom used to measure and compare the ASF of PCTI and ACTI. The phantom contains a polystyrene (PS) sphere submerged in an 
oil bath. (b–d) PCTI images of the sphere. (e–g) ACTI images. (b) and (e) are the in-focus slice, and the gap between two neighboring slices in each row is 
3 mm. (Modified from Li, K. et al. 2014. Medical Physics 41:011903, with permission.)
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order to accurately reconstruct a tomographic image of the image 
object. The angular coverage of a tomosynthesis image acqui-
sition is usually no more than 60°; therefore, a tomosynthesis 
image is essentially the non-ideal version of a true tomographic 
image. This point can be better illustrated in the “coronal” (x–z 
plane) reformats of the 3D tomosynthesis image volume shown 
in Figure 52.15. The limited angular coverage (±30°) of the 
tomosynthesis acquisition is clearly reflected by these reformats. 
A significant portion of the needed data is missing outside the 
“hourglass.” The shape of the sphere was decently restored along 
directions perpendicular to the projection directions, but was dis-
torted in other directions.

52.6.2 Stripe Artifacts

In addition to signal leakage caused by incomplete angular cov-
erage, tomosynthesis images may also contain in-plane stripe 
artifacts caused by an inadequate angular sampling rate: unlike 
in CT where the angular interval (Δθ) between two consecutive 
projections is less than 0.5°, in tomosynthesis imagign, the inter-
val is usually 1° or larger. As shown in Figure 52.16, inadequate 
angular sampling will translate into streaks in the x–z plane, 
which correspond to stripes in the orthogonal x–y plane. This 
type of artifact is usually more prominent in planes far from the 
center of rotation, as the required angular sampling rate increases 

In-focus plane 4 mm off-focus 8 mm off-focus

PC
TI

A
CT

I

FIGURE 52.14 Leakage of the phase-contrast and absorption contrast signal of a 1.9 mm sphere from the in-focus plane to off-focus planes.
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Medical Physics 41:011903, with permission.)
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with the distance from the center of rotation (Barrett and Myers 
2004). Figure 52.16 shows an example of the stripe artifact, 
which was found in both PCTI and ACTI. One method to reduce 
this artifact is to reconstruct thick tomosynthesis image slice, 
which can partially cancel the stripes in different z positions.

52.6.3 Truncation Artifacts

In X-ray imaging, truncation is the cutoff of the signal from an 
image object beyond the maximal field-of-view (FOV) supported 
by the detector and X-ray beam. Absorption contrast tomosyn-
thesis images reconstructed by FBP are particularly sensitive 
to truncation: When the projection data are filtered by a ramp 
kernel, additional spatial correlations will be introduced, which 
will amplify the abrupt signal change across the edge of the FOV 
caused by truncation. After back projection, the abrupt signal 
change will translate into the tomosynthesis image domain as 
stripe artifacts at the (left and right) peripheral regions in the 
image (Figure 52.17). For grating-based PCTI, truncation arti-
facts are usually less prominent due to the use of Hilbert kernel, 

which does not boost high frequency content in the projection 
data. However, PCTI is not immune to truncation. As shown 
in Figure 52.17, truncation artifacts manifest themselves as low 
frequency blooming and shading artifacts in the left and right 
peripheral regions of the phase-contrast tomosynthesis image.

To correct for truncation artifacts in PCTI, Garrett et al. (2015) 
investigated several extrapolation-based methods and compared 
their tomosynthesis-specific methods with traditional CT correc-
tions. In their work, the projection data were extrapolated sym-
metrically by 50% of the detector width on each side along the 
scanning direction. This extent was chosen empirically to ensure 
projection data were available for all measured rays intersecting the 
reconstruction field of view (FOV). With extrapolation, they were 
able to mitigate truncation artifacts in PCTI images (see Figure 
52.18). The authors also point out that truncation artifact correc-
tion method developed for ACTI led to residue artifacts in PCTI 
images, and vice-versa, and thus each contrast mechanism should 
be corrected using its own method. This difference in the optimal 
truncation correction method between PCTI and ACTI can be 
attributed to the difference in reconstruction kernel used in FBP.

52.7 Future Prospects

Previous works on PCTI have generated promising results that 
will undoubtedly motivate further research on this topic. Wu 
et al. (2015) embedded the skeleton of a crevalle jack fish in bees-
wax and imaged it using a high energy (120 kVp) in-line PCTI 
system. They showed that detailed structures in the vertebral 
column of the fish can be clearly distinguished in PCTI, but can-
not be easily seen in conventional DBT. The CNR of the spine 
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FIGURE 52.17 The manifestation of truncation artifacts in absorption 
(left) and phase-contrast (right) tomosynthesis images of a fresh bovine 
udder specimen.
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(right column) tomosynthesis images of the bovine udder specimen shown 
in Figure 52.17, with truncation correction methods applied (ACTI and PCTI 
methods in top and bottom rows, respectively). The residual artifacts in the 
upper right and lower left demonstrate the absorption correction method is 
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was improved by a factor of more than 2 by using PCTI, and 
it was further improved by performing phase retrieval prior to 
tomosynthesis image reconstruction. They also imaged a 6 cm-
thick chicken breast with nylon fibril inserts and showed that 
PCTI with phase retrieval increased the number of distinguish-
able masses, but also increased the image contrast compared 
with conventional DBT. Using a grating-based system with a 
rotating anode medical tube, Li et al. (2014) demonstrated that 
PCTI can provide improved SDNR and object detectability for 
several materials. Some of the results are included in this chap-
ter in Figures 52.4, 52.6, and 52.12. Using a synchrotron and 
grating-based system, Schleede et al. (2014) imaged a formalin-
fixed mastectomy specimen from a patient with invasive ductal 
cancer. They showed that dermal fibrosis, parenchymal necrosis, 
and cancerous breast tissue can be better differentiated in PCTI 
than in ACTI.

Note that most published results suggest that PCTI and ACTI 
provide complementary information to each other, and would be 
most valuable if used in tandem (Li et al. 2014). In other words, 
PCTI is likely to become an add-on to conventional ACTI, instead 
of a competitor. Therefore, one of the important questions to be 
addressed in future research is how to maintain the image qual-
ity and radiation dose efficiency of ACTI, while maximizing the 
imaging performance potential benefits of PCTI. To answer this 
question, a thorough understanding on the mutual dependence 
between PCTI and ACTI will be helpful. For example, the quan-
titative NPS relationship shown in Equation 52.15 can be used to 
guide the optimal design of a PCTI system based on an existing 
ACTI system (Li et  al. 2013a), and studies on the anti-scatter 
effect of the gratings can be utilized to maintain imaging perfor-
mance of ACTI when designing a PCTI system (Ge et al. 2015).

For clinical breast imaging purposes, the requirement on main-
taining the ACTI imaging performance also implies that it is 
preferable to design a PCTI system based on the geometry and 
hardware components of a typical DBT system. This is a practi-
cal approach towards maintaining the image quality and radiation 
dose efficiency of ACTI (namely DBT in the context of breast 
imaging), and it will allow for much easier translation of the PCTI 
method into clinical environments. Figure 52.19 shows a potential 
design of a PCTI + ACTI system based on a clinical DBT sys-
tem (Selenia Dimensions, Hologic Inc., Bedford, MA). A source 
grating will be placed in the rotary gantry; a phase grating and 
an analyzer grating will be placed in the detector housing. This 
grating-based system design will introduce minimal modifica-
tions to existing DBT systems, therefore increasing the likelihood 
for successfully maintaining the imaging performance of DBT.

Another important future research topic is how to reduce the 
image acquisition time of PCTI. For non-synchrotron-based in-
line systems, the use of a microfocus X-ray tube will significantly 
increase the image acquisition time compared with conventional 
DBT, because the output power of the microfocus tube is much 
lower compared with the mammography tube. For grating-based 
PCTI, its imaging time is usually not limited by the tube power, 
since the method is fully compatible with a diagnostic X-ray tube. 
On the other hand, the imaging time of PCTI could be severely 
prolonged, due to the use of a so-called phase stepping procedure 
(Momose et  al. 2003; Weitkamp et  al. 2005) in grating-based 
systems to help extract phase shift information from X-ray inten-
sity measurements. Phase stepping involves multiple mechanical 

translation of the grating at each view angle; therefore prohibit-
ing continuous gantry rotation, as used in current Hologic DBT 
systems. To bypass phase stepping and reduce the image acquisi-
tion time of grating-based PCTI, a staggered grating design can 
be used (Ge et al. 2014). Since this method eliminates the trans-
lation of gratings during image acquisition, it can also improve 
the mechanical stability of the PCTI system. Similarly, several 
other fast phase-contrast image acquisition methods, such as 
moiré metrology (Bevins et al. 2012) and interlaced phase step-
ping (Zanette et al. 2011) can be potentially utilized in PCTI to 
reduce its image acquisition time.

Images shown in this chapter also show that there is still sub-
stantial room for further improving the image quality and reduc-
ing the image artifacts of PCTI. Although some image artifacts 
such as out-of-plane signal leakage are intrinsic to tomosynthesis 
imaging, they can be potentially mitigated by artifact-reduction 
reconstruction and postprocessing algorithms. Towards this direc-
tion, novel and dedicated phase-contrast tomosynthesis recon-
struction algorithms need to be developed, in addition to the SAA 
and FBP methods described in Section 52.4. For example, artifact 
correction methods originally developed for ACTI (Lauritsch and 
Harer 1998; Suryanarayanan et al. 2000; Li et al. 2007; Zhang 
et al. 2008, 2009b) and phase-contrast CT (Gureyev et al. 2007; 
Lauzier et al. 2010, 2012) can be potentially adopted and custom-
ized in PCTI to reduce artifacts and improve image quality.

Although not covered in this chapter, the X-ray dark field 
(a.k.a. small angle scattering or SAS) signal is another byprod-
uct of grating-based phase-contrast imaging. Results in Schleede 
et al. (2014) show that dark field tomosynthesis imaging could 
provide complementary information to PCTI and ACTI. Figure 
52.20 shows tomosynthesis images of a cadaver breast specimen 
with three endogenous contrast mechanisms (absorption, phase, 
and dark field). All three images were acquired from the same 
tomosynthesis acquisition using the system described in Li et al. 
(2014). Blood vessels can be clearly visualized in both dark field 
and phase images, even in dense regions of the breast. By clearly 
identifying vessels, some suspicious morphologies of calcifica-
tions may be safely dismissed if it is clear that they pertain to 
a calcified vessel rather than a duct, as in some cancers. Recent 

FIGURE 52.19 Potential design of a grating-based multi-contrast X-ray 
breast tomosynthesis imaging system.
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works also suggest that the addition of dark field imaging may 
allow the composition of microcalcifications in the breast to be 
determined non-invasively, preventing some biopsies in women 
with benign calcifications. Therefore, dark field tomosynthesis is 
another research topic that deserves further study in the future.

As mentioned earlier in the chapter, all PCTI systems reported 
so far used the inverse Grossman geometry, in which positions of 
the tube and detectors were fixed. To fully test the feasibility and 
potential utility of PCTI in clinical imaging, systems with rotat-
ing gantry and compact geometry need to be developed, and they 
should be operated at a clinically acceptable radiation dose level 
to image thick, fresh, and clinically relevant tissue specimens.

In summary, X-ray phase-contrast tomosynthesis imaging uti-
lizes the wave nature of X-rays to supplement conventional X-ray 
absorption contrast tomosynthesis imaging, and it reduces the 
superposition of phase shift signal compared with planar phase-
contrast imaging. It can be implemented using several methods, 
and it is compatible with a diagnostic X-ray tube and conventional 
detector. The reconstruction methods of phase- contrast tomosyn-
thesis have no fundamental difference with those of absorption 
contrast tomosynthesis, except the reconstruction kernel. There 
are plenty of potential opportunities in further improving this 
imaging method, and its potential applications in preclinical and 
clinical imaging need to be further explored in the future.
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53
Crystal Analyzer-Based X-ray Phase-Contrast Imaging

Masami Ando and Tetsuya Yuasa

53.1 Introduction

This chapter explains crystal analyzer-based X-ray phase- contrast 
imaging (XPCI), introduces the basis of XPCI in Section 53.1, 
describes the theory of X-ray dynamical diffraction in Section 
53.2, presents an algorithm especially for 3D image reconstruc-
tion in Section 53.3, gives examples of medical images in Section 
53.4, explains an attempt at a clinical path in Section 53.5, and 
explores future aspects in Section 53.6 (for an introduction to 
X-ray phase-contrast imaging, see Section IV, Chapter 49).

In XPCI, reflection or transmission by crystal is used. The effi-
ciency of diffraction by crystal dramatically changes when the 
angle of incident is changed close to the Bragg angle. Diffraction 
in the Bragg case by crystal, which is also called reflection, is 
shown in Figure 53.1. Bragg diffraction takes place near the sur-
face of the crystal. Furthermore, almost all the intensity of the dif-
fracted beam Kg comes out from the same surface as the incident 
beam Ko comes in. An exception to this is the transmission beam 
Ko – also called the forward diffraction (FD) – which comes out 
from the opposite surface when the crystal thickness is thin.

XPCI optics comprise a monochromator-collimator (MC) 
and an angle analyzer crystal. There are two types of XPCI 
optics. One uses a Bragg (reflection) type angle analyzer (BAA) 

crystal, as shown in Figure 53.2. This system is called diffrac-
tion-enhanced imaging (DEI) (Chapman et al. 1997), where MC 
and BAA diffract X-rays in the mode of Bragg reflection.

The other form of optics is called X-ray dark field imaging 
(XDFI) (Ando et al. 2002) (Figure 53.3), where a Bragg reflec-
tion type MC, the same one as in DEI, and a Laue (transmission) 
type (Figure 53.4) angle analyzer (LAA) are used. Chapman first 
demonstrated DEI (Chapman et al. 1997). He was not only a pio-
neer in the Bragg case but also played a key role in the Laue case, 
which he proposed two years earlier (Chapman et al. 1996). In 
the Laue case, X-rays diffract in the crystal to produce two X-ray 
waves: one is diffraction kg and the other ko. These come out into 
vacuum or air from the opposite side of the LAA to split into two 
beams, such as Kg and Ko. These correspond to diffraction (D) 
and FD, respectively.

53.2  Theory of X-ray Dynamical 
Diffraction in Crystal

In order to understand the mechanism of XDFI using crystal-
based X-ray optics, we first need to review the essential elements 
of the theory of X-ray dynamical diffraction (Kikuta 2011).
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The X-ray dynamical diffraction theory accurately describes 
the interaction of X-ray plane waves with a perfect crystal lat-
tice in both geometries: Bragg case and Laue case. When the 
electric field of X-ray plane waves in a crystal is weak, the elec-
tric polarizability P of a crystal can be related to the electric 
field E as

 
P

e
m

r E= −
2

2ω
ρ( ) ,
�

 
(53.1)

where e is the electron charge, m the mass of electron, ω the fre-
quency of the electric field, and ρ( )

�
r  the three-dimensional (3D) 

distribution of electrical charge inside the crystal. Let us define 
the electric susceptibility χ( )

�
r  as follows:

 
χ

λ
π

ρ( ) ( ),r r re= −
2 �

 
(53.2)

where re is the classical electron radius and λ the wavelength. 
Suppose ρ( )

�
r  can be represented by a sum of harmonic 

components:

 

ρ( ) exp( ),
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r F ig r

c
g

g

= ⋅∑1
v

 
(53.3)

where vc represents the volume of a crystal unit cell, Fg the crys-
tal structure factor, and g the diffraction index. We can similarly 
expand χ( )

�
r  into terms of harmonic components.

Bragg case

θB

Forward
di�raction

Di�raction
Kg Ko

Kd

FIGURE 53.1 Bragg case diffraction where the diffraction beam comes 
out from the surface where the beam comes in.
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Specimen
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CCD

MC

SR

FIGURE 53.2 Diffraction-enhanced imaging (DEI) optics. The mono-
chromator-collimator (MC) provides a straightforward beam incident onto 
a specimen. The refracted beam from the specimen is angle analyzed by a 
Bragg angle analyzer (BAA).
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FIGURE 53.3 X-ray dark field imaging (XDFI) that comprises an asym-
metric-cut monochromator-collimator (MC) and a Laue angle analyzer 
(LAA). In between them, there is a specimen. In cases of 3D data acquisi-
tion, the specimen rotates.
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Forward
diffraction FD

Diffraction D Kg

Kd
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FIGURE 53.4 Laue case diffraction where the incident X-ray Ko splits into 
two beams at the exit side, Kd and Kg.
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χ χ( ) exp( ).
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r ig rg

g
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(53.4)

Substituting Equations 53.3 and 53.4 for ρ( )
�
r  and χ( )

�
r  in 

Equation 53.2, χg can be related to Fg as

 
χ

λ
πg
e

c
g

r
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2
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(53.5)

The electric field E inside a crystal can be represented by a 
superposition of many plane wave components that propagate 
along the forward diffraction 

�
ko and the diffraction 

�
kg.

Thus E r( )
�

 can be represented by a sum of Fourier components 
as follows:

 

E r ik r i t E ig r

i t E i
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(53.6)

where the wave vector 
�
k0 for the incident wave and 

�
kg , the wave 

vector of the g-th plane wave component, have a relation through 
the reciprocal vector 

�
g  of crystal such that

 

� � �
k k gg = +0 ,  (53.7)

as shown in Figure 53.5.
Using the Maxwell equations rotE = −µ0∂H/dt and rotH = 

∂D/dt = −iωD, where µo is the magnetic permeability, H the 
magnetic field, and D the dielectric flux density, the following 
equation of E

 rot rotE K E( ) ( )= +2 1 χ  (53.8)

can be obtained, where K (= ω/c = 2π/λ) is the wave number 
of  X-rays in a vacuum and the relation E = ε0

−1 (1 + χ)−1D ∼ 
ε0

−1 (1 − χ)D has been used.
Using Equations 53.4 and 53.6 one can obtain

 

χ χ( ) exp( )
� � � �
r E r E ik r

g

g h

h

h g( ) = ⋅∑ ∑ −

 
(53.9)

When Equation 53.9 is put into Equation 53.8, then Equation 
53.9 is reduced to

 

k K
K

E Eg
g g h h

h

2 2

2

−
= −∑χ ,

 
(53.10)

Equation 53.10 shows the relation between K, the wave 
number in a vacuum, kg, that in the crystal, and χg and χg  the 
 interaction parameters between Eg, the g-th component of dif-
fracted plane waves, and the crystal atoms. By replacing K 
with  k = K(1 + (χo/2)) (Figure 53.5), because the difference 
between K and k is negligibly small, Equation 53.10 can be 
rewritten as

 
( )( )k k k k K Pg g g0

2 2 2 2 4− − =  χ χ
 (53.11)

where P, the polarization component, is one for the σ polariza-
tion and cos2 ΘΒ for the π polarization. This is the basic equation 
of X-ray dynamical diffraction.

If the difference of k0 and kg from k (Figure 53.5) is set, such 
as  ξo = k0 − k, ξg = kg − k, respectively, where ξo and ξg are 
called the resonance error or excitation error, thus

 
ξ ξ χ χ π

o g g gKP= =
1
4

2 2cos Θ
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(53.12)
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FIGURE 53.5 Dispersion surface of X-ray dynamical diffraction.
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where

| |
Λ ΘΒ=

2 cos
||K P Xg  

(53.13)

This corresponds to the minimum distance between the α 
branch and β branch in Figure 53.5.
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is defined where,

sin
ΔΘ

Θo =
−χo

 
(53.15)

This corresponds to a fine angle rotation of the crystal in the 
order of one arcsecond or less.

In crystal diffraction, from the view point of boundary condi-
tions, there are two types: one is the Bragg case, where incident 
X-rays produce only a diffracted beam from the same surface 
where the incident X-rays enter, and the other case is the Laue 
case, where the X-rays are incident onto a crystal surface to 
produce four Bloch waves, two in the incident direction and the 
other two in the diffraction direction; each pair comprises an α 
branch and a β branch, corresponding to two dispersion surfaces 
in a reciprocal lattice (Figure 53.5).

In the Bragg case, the boundary condition for the waves at 
the incident surface of the crystal is as follows: in the incident 
direction

  E E W E Wa
0 01 02= ≤ − ≥for 1 and for 1  (53.16)

  
E E W E Wg

a
g g= ≤ − ≥1 2for 1 and for 1

 (53.17)

and no Bloch waves are produced in the crystal under the angular 
condition |W| ≤ 1; this corresponds to a total reflection of X-rays 
at the surface.

As a result, the amplitude of diffraction waves is obtained as 
follows:

 
E P P i W W Eg

a
g o

a= − −(| |) exp( )( ( ) ))/ 1α ∓ 2 1
 

(53.18)

As was done in the Laue case, the intensity profile of the Bragg 
condition can be described as follows:
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In the Laue case, the boundary condition at the incident sur-
face of the crystal for the waves is as follows:

 E E Ea
0 01 02= +  (53.20)

where Ea
0  corresponds to the amplitude of the incident beam into 

the crystal E0
a exp(iK0 · r) and suffix 0 means the incident beam 

direction and 1 corresponds to the α branch and 2 to the β branch 

of the Bloch waves formed in the crystal in the incident direction, 
respectively, and the other boundary condition in the diffraction 
direction

 
0 1 2= +E Eg g  (53.21)

where g means the Bloch waves in the diffraction direction and 1 
corresponds to the α branch and 2 to the β branch (Figure 53.5), 
respectively.

The amplitude of X-ray waves in the crystal can be described 
as follows:
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(53.22)
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These have a dependence on the W parameter defined in Equation 
53.14, where suffix j means 1 or 2, with 1 for an α branch and 2 for 
a β branch. In the Laue case, one needs one more boundary condi-
tion at the other side of crystal where the X-ray beam leaves after 
passing through the crystal such that along the incident direction

 E ik H E ik H E iK Hz z d
a

z01 01 02 02 0exp( ) exp( ) exp( )+ =  (53.24)

and along the diffraction direction

 
E ik H E ik H E iK Hg glz g g z g

a
gz1 2 2exp( ) exp( ) exp( )+ =

 (53.25)

Using the conditions in Equations (53.18) and (53.19), one can 
obtain the intensity profile of diffraction waves and forward dif-
fraction waves as follows:
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where these neglect the photo electron process of absorption, 
under which conditions the relation I I I Ig

w
d
w/ /0 0 1+ =  is obtained 

for all W. Furthermore I Ig
w / 0 has a maximum of one and I Id

w / 0 
has a minimum of zero under the condition

 H N= +1 2/ ( )Λ  (53.28)

where N is an integer.
The BAA in Figure 53.2 creates an image on a single charge-

coupled device (CCD) camera so that, in order to produce a 
refraction contrast image, one needs two exposures, one on each 
of the slopes of the Bragg peak. The rocking curve obtained by 
combination of the two Bragg peaks is a result of convolution of 
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the two Bragg peaks where the first Bragg peak usually adopts 
an asymmetric form.

Λ in Equations 53.13 and 53.28 is the Pendellösung fringe 
periodicity (Kato, 1961a,b). 2π/Λ, which is the shortest distance 
between two apexes of the dispersion surfaces in the right figure 
of Figure 53.5, is given, for instance, as 1088 µm for 440 diffrac-
tion of a silicon single crystal at the X-ray energy of E = 35 keV. 
The rocking curves (see Figure 53.6) are acquired from an LAA 
crystal with thicknesses between 152 µm and 202 µm, with an 
interval of 20 µm for the rocking angle of LAA from −1 µarcsec 
to 1 µarcsec for the incident radiation, and the recorded value 
represents the transmissivity corresponding to FD or reflectivity 
corresponding to D of LAA as a function of the rocking angle. 
This was calculated under the condition of Si 440 diffraction 
and 31 keV. The 152 µm thickness of LAA shows that the central 
intensity of I Id

w / 0 becomes a minimum at W = 0, where W indi-
cates the angle parameter defined in Equation 53.14 and I Ig

w / 0 
becomes a maximum at W = 0 at a fixed thickness of 152 µm, 
as predicted in Equation 53.28. This case is called XDFI (Figure 
53.3). The sum of the percent intensity I Id

w / 0 of the forward dif-
fraction FD and I Ig

w
g
w/  for the diffraction D becomes not one but 

approximately 0.95 for W < −1 and 0.9 for W > 1, as shown in 
Figure 53.6, because of the photoelectric absorption that occurs 
when X-rays pass through LAA. Refraction may cause contrast 
on both slopes of the rocking curve. In order to avoid ambigu-
ity of refraction information, it is convenient to fix the diffrac-
tion angle at half height on either side of the rocking curve. The 
authors have adopted the left-hand side. Dynamic range can be 
almost 100% if one uses the thinnest LAA. By computational 
calculation of each pixel, one can obtain the corresponding 
refraction component in the image. This is the mechanism of 
XDFI (Ando et al. 2002).

Using the Takagi–Taupin equation (Takagi 1962, 1969; Taupin 
1964), one can estimate the dependence of the spatial resolution 
on LAA thickness (Suzuki et al. 2011). For the remaining part of 
this article, we will provide a detailed description of this tech-
nique and its applications to medical imaging. In the following 

work, most of the X-ray pictures have been taken at an X-ray 
energy of 35 keV under 440 diffraction. Sometimes one needs 
lower X-ray energies such as 17.5 keV, that is, half of 35 keV. 
This case can be realized by using a 220 diffraction index under 
the same Bragg angle while the same MC can be used. Under 
the current synchrotron instrumentation restrictions, 35 keV has 
been chosen as the highest X-ray energy and 17.5 keV was cho-
sen as the lowest X-ray energy.

53.3  Ray Equation and Fundamental 
Equations for XDFI-CT

In order to derive the computed tomography (CT) reconstruction 
algorithm, the relationship between the ray propagation path and 
the physical quantity on the path must be clarified. We start with 
the ray equation representing the relationship between the refrac-
tive index and the propagation path (Born and Wolf 2002),

 

d
ds

n n( ( ) ( )) ( )r t r r= ∇
 

(53.29)

Figure 53.7 is a schematic to represent the quantities related to 
the ray equation, where points O and P are an origin and a point 
of interest, respectively, and the oriented curve is an X-ray trajec-
tory r = r(s) with a parameter s being an arc length along the ray 
between O and P; t(r) and v(r) are the unit tangent and normal 
vectors at r, respectively; n(r) is a refractive index at r.

While Equation 53.29 generally holds in geometrical optics for 
arbitrary wavelengths, in X-ray optics the refractive index n(r) is 
represented by 1 − δ(r), where δ is referred to as a phase-shift 
term or a refractive index decrement and δ is close to one but 
smaller than one for low Z elements. XDFI-CT reconstructs a 
3D image of refractive index decrement δ(r) by separately recon-
structing individual two-dimensional (2D) image planes (δ-maps) 
perpendicular to a rotational axis of a sample. A stack of these 
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2D images provides the 3D refractive index map of the sample. 
Thus, the overall 3D reconstruction problem can be reduced to 
a set of 2D CT reconstruction problems. Therefore, we regard 
t(r), v(r), and ∇n(r) as 2D vectors in the cross-section of inter-
est. Substituting n = 1 − δ and executing the differentiation, we 
obtain

 
( ) ( )1 − − = −∇δ

α δ
δ

d
ds

d
ds

v t r
 

(53.30)

where α is an angular deviation from the incident propaga-
tion direction, satisfying the relationship d ds d dst v= α . 
Multiplying both sides of Equation 53.30 by v, we obtain

 

d
ds
α

δ= −∇ ⋅( )r v
 

(53.31)

where we used the condition that δ ≪ 1 for low Z elements in the 
hard X-ray region. Introducing ψ as an angle between ∇δ(r) and 
t, we obtain

 

d
ds
α

δ ψ= − ∇ sin
 

(53.32)

Similarly, multiplying both sides of Equation 53.30 by t, we 
obtain

 

d
ds
δ

δ= ∇ ⋅( )r t
 

(53.33)

Then,

 

d
ds
δ δ ψ= ∇ cos

 
(53.34)

Under the paraxial-ray approximation that the ray propa-
gates along a line in the object because δ ≪ 1, one can integrate 
Equations 53.32 and 53.34 along a line L to obtain

  

d
ds

ds d ds

L L L

α α δ ψ α∫ ∫ ∫= = − ∇ =| |sin Δ

 

(53.35)

 

d
ds

ds d ds

L L L

δ δ δ ψ∫ ∫ ∫= = ∇ =| |cos 0

 
(53.36)

where Δα is the angular deviation out of the incident direction in 
the image plane, which can be measured using the XDFI optics, 
and where we use the approximation that ∫ ≈L dδ 0 . It is signifi-
cant that Equation 53.36 is always true in the first approximation 
but with great precision in the hard X-ray region.

Next, we consider the typical coordinate systems for CT mea-
surements. The xy- and pq-coordinate systems are fixed to the 
object and the incident ray, as shown in Figure 53.8, respectively. 
Here, the pq-coordinate system is obtained by rotating the xy-
coordinate system by θ about the origin in the counter-clockwise 
direction. According to Equations 53.35 and 53.36, we execute 
the line integral on line l, that is, cos θ x + sinθ y = p to obtain

 

| ( )|sin( ( ) ) ( , )∇ − =
−∞

∞

∫ δ ϕ θ α θr rl l dq pΔ

 

(53.37)

 

∇ − =
−∞

∞

∫ δ ϕ θ( ) cos( ( ) ) ,r rl l dq 0

 

(53.38)

where rl = (p cos θ − q sin θ, p sin θ + q cos θ), and ϕ(rl) is an 
angle between ∇δ(rl) and the x-axis, that is, a phase angle of the 
vector ∇δ(rl) in the xy-coordinate system. Therefore, the angle 
between ∇δ(rl) and the propagation direction, ψ, in Equations 
53.35 and 53.36 is given as ϕ(rl) − (θ + (π/2)). Equations 53.37 
and 53.38 are fundamental equations in XDFI-CT, which will be 
used for derivation of various kinds of reconstruction algorithms.

53.3.1 Analytical Methods

In this section, we introduce typical analytical reconstruction 
algorithms for XDFI-CT under an ideal situation that a full set 
of projections can be used. Since projection data acquired with 
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FIGURE 53.7 Ray propagation path represented by the arc length param-
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the XDFI optics are sums of the refractive index along the inci-
dent beam direction, differentiated in a direction perpendicular 
to the incident direction, they are termed as differential projec-
tions. Tomographic image reconstruction from such projections 
is generically termed as differential phase-contrast computed 
tomography (DPC-CT).

Reconstruction algorithms for DPC-CT, like XDFI-CT, can 
be further categorized into one-step or two-step reconstruction 
algorithms. A one-step algorithm directly reconstructs a map 
of refractive index decrement δ from the differential projec-
tions (Faris and Byer 1988, Sunaguchi et al. 2011). A two-step 
algorithm first reconstructs a map of the gradient of the refrac-
tive index decrement ∇δ; this gradient map is then integrated to 
obtain a distribution of refractive index decrement (Maksimenko 
et al. 2005).

The algorithm introduced, whether one-step or two-step, 
typically uses the filtered back projection (FBP) method (see 
Section III, Chapter 33). The FBP algorithm has also been 
widely used in medical and industrial CT scanners because of 
the ease with which it can be implemented and parallelized. It 
is also based on sound mathematical theory and its properties 
have been well studied in the literature.

(a) Two-Step Reconstruction. First, we reconstruct the 2D gra-
dient vector field ∇δ. For this purpose, we need the two indepen-
dent sets of projections, because we have two unknowns (∂δ/∂x, 
∂δ/∂y) at each position r. Although Equations 53.37 and 53.38 
are qualified for this end, on the left-hand sides of the equations 
the unknown values, |∇δ(r)| and ϕ(r), and the known value, θ, 
are mixed. To separate them, we add Equation 53.38 to Equation 
53.37 multiplied by i to obtain

 

∇ =
−∞

∞

∫ δ ϕ α θ θ( ) exp( ( )) ( , )exp( ).r rl li dq i p iΔ

 

(53.39)

A close look at Equation 53.39 reveals that the right-hand side 
includes only known data acquired by experiment, and the left-
hand side includes only unknown values. In addition, the inte-
grand on the left-hand side is a vector ∇δ represented in polar 
coordinates. Here, as ∇δ = ∂δ/∂x + i∂δ/∂y, ∂δ/∂x = |∇δ|cos ϕ, 
and ∂δ/∂y = |∇δ|sin ϕ. Therefore, because the left-hand side of 
Equation 53.39 is a line integral of ∇δ along the incident beam, 
Equation 53.39 can be regarded as a complex-valued projection. 
That is, Equation 53.39 is a complex-valued version of the Radon 
transform. Maksimenko et al. developed a generalized FBP algo-
rithm to solve the inverse problem (Maksimenko et  al. 2005). 
Then, we integrate the gradient field (∂δ/∂x, ∂δ/∂y) to obtain the 
refractive index distribution δ.

(b) One-Step Reconstruction. In the previous two-step recon-
struction, the algorithm requires numerical integration to obtain 
a refractive index distribution δ. So, in a case where the signal-
to-noise ratios of acquired projections are low, we have the 
difficulty that CT reconstruction cannot be stably performed 
because of accumulation of calculation noise. Here, we directly 
reconstruct the refractive index distribution δ from the differ-
ential projections. We begin with Equation 53.37. Noting that 
(∂δ/∂x) = |∇δ| cos ϕ and (∂δ/∂y) = |∇δ|sin ϕ, Equation 53.37 is 
modified to
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Therefore, the Radon transform of δ is given as the convolu-
tion between Δα and F−1[(2πiρ)−1) where F−1[ · ] is the inverse 
Fourier transform. It is known that F−1[(2πiρ)−1] = sgn(p), 
where sgn(p) = 1 (p > 0), 0 (p = 0), −1 (p < 0). In order to 
reconstruct δ, one simply straightforwardly applies the convo-
lution reconstruction algorithm widely used in conventional CT 
to Δα(p,θ)*sgn (p), where * represents a convolution product. 
Summing up, we can directly obtain a refraction-contrast CT 
image just by following the sequential procedures: (Step 1) con-
volving angular-deviation projection Δα(p,θ) with the function 
sgn (p) for each θ, and (Step 2) applying the FBP algorithm to the 
results of Step 1.

53.3.2 Iterative Method for Artifact Reduction

In a case where a sample includes hard tissues such as calcifica-
tion or bone, conspicuous artifacts like metal artifacts in ordi-
nary CT may appear throughout a refraction-contrast CT image. 
This is due to the fact that the estimation of refraction angle 
projections with the rocking curve(s) fails; X-ray flux imping-
ing on hard-tissue regions with relatively higher refractive index 
decrement d at a large incident angle deviate from the measur-
able region in the rocking curve(s). In this section, we treat the 
projection data for X-ray flux impinging on hard-tissue regions at 
a large incident angle as missing data and derive an algorithm to 
reduce artifacts in a reconstructed image.

The algorithm is an iterative procedure in which it goes back 
and forth between a refraction-contrast tomogram and its sino-
gram through a Radon transform and CT reconstruction, while 
imposing a priori information in both the tomogram and sino-
gram (see Section III, Chapter 34). It requires a set of absorp-
tion projections obtained from direct transmission without an 
XDFI analyzer and a set of projections containing absorption 
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and refraction information acquired with an XDFI analyzer. The 
reason for the required absorption projection is that both absorp-
tion and refraction information is not available at the same time 
for X-ray flux impinging on hard-tissue regions at a large inci-
dent angle when acquisition of two sets of projections is required.

The reconstruction starts with the following preprocessing. 
First, we separate differential refraction projections using the 
measured absorption projections from the measured projections 
containing both absorption and refraction information to obtain 
a refraction sinogram Δα(0)(p,θ).

Next, we reconstruct an absorption-contrast tomogram from 
the measured absorption projections to specify hard-tissue 
regions. Subsequently, for each projection angle θ, we specify 
missing-data regions in a differential refraction projection Rθ 
by finding the X-ray flux impinging on hard-tissue regions at a 
large incident angle according to the imaging geometry using the 
absorption-contrast tomogram; that is, we specify the missing-
data region Rθ in the differential refraction projection Δα(0)(p,θ) 
for each θ (Figure 53.9). Finally, we specify the object region 
S from the refraction-contrast tomogram reconstructed with the 
conventional algorithm.

Given Δα (0)(p,θ), Rθ, and S, the reconstruction algorithm is 
as follows:

Step 1: Initialization. Feed an initial refraction tomogram 
δ (1)(x,y), reconstructed with the conventional method 
and then smoothed to maximally reduce artifacts, and 
set n = 1.

Step 2: From tomogram to sinogram. Transform a tomo-
gram updated n times, δ(n)(x,y), to the sinogram, 
Δα(n)(p,θ), for each h by performing line integrals 
along each X-ray flux according to the imaging geom-
etry (i.e., the Radon transform) and then differentiate 
them with respect to n, where n is an axis perpendicu-
lar to a direction of the X-ray flux (Figure 53.9); that 
is, Δα θ δ( ) ( )( , ) ( ) ( )n n

lp p dq= ∂ ∂ ∫ −∞
∞/ r  (cf. Equation 

53.40).

Step 3: Conditioning to sinogram. First, replace the data in 
the region except the missing-data region, R θ , with the 

corresponding data in Δα(0)(p,θ). Next, impose on the 
differential refraction projections the condition that 
the total sum of the differential projection should be 
zero for each θ in terms of the following mathematical 
fact: considering a general smooth function f(u) with 
lim|u|→∞   f(u) = 0,
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 holds for each θ. Thus, the total sum of the differential 
projection should be zero for each θ. From the above 
discussion, for each θ
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 where k satisfies
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Step 4: From sinogram to tomogram. Transform the 
updated refraction sinogram, Δ �α θ( )( , )n p , to the 
tomogram, �f x yn( )( , ) , by convolving it with the sig-
num function for each θ and then applying FBP; that 
is, � �f x y x yn n( ) ( )( , ) sgn ( , )= ℜ ⊗( )( )Δα , where ℜ  is 
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FIGURE 53.9 Relationship between a tomograph and sinogram.



1073Crystal Analyzer-Based X-ray Phase-Contrast Imaging

a reconstruction operator like FBP. The procedure is 
based on one-step reconstruction explained in Section 
53.3.1(b).

Step 5: Conditioning to tomogram. Replace the pixel value 
in the region, except the object region S, with zero, and 
set n = n + 1; that is,
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(53.44)

Step 6: Iterate Steps 2–5 until ∙f(n+1)(x,y) − f(n)(x,y)∙/ 
∙f(n)(x,y)∙ converges to the predefined value (e.g., 
1.0 × 10−3).

53.3.3 Sparsity-Aware Reconstruction Technique

XDFI-CT reconstruction algorithms, whether one-step or two-
step, typically use the FBP method. The FBP algorithm has also 
been widely used in medical and industrial CT scanners because 
of the ease with which it can be implemented and parallelized. 
It is also based on sound mathematical theory and its properties 
have been well studied in the literature. The FBP algorithm, how-
ever, is derived from a continuous model while the measurements 
are performed in a discrete domain. As a result, in order to obtain 
an artifact-free reconstructed image, the CT measurements must 
satisfy the sampling theorem: Np ≈ π/2 ⋅ Nb, where Nb and Np are 
the number of bins in a single projection and the number of pro-
jections, respectively (Kak and Slaney 1988). For example, if the 
number of detector elements in the detector is to 4000, as many 
as 6283 projections are required to satisfy the sampling theorem. 
In addition, if the system has low photon counts, long exposure 
times may be required in order to accumulate adequate num-
ber of counts in each projection. Large numbers of projections 
and long accumulation times for each projection result in a long 
measurement time for FBP overall. It was, therefore, quite dra-
matic when Candes et al. (2006) demonstrated that a 512 × 512 
Shepp–Logan phantom can be satisfactorily reconstructed from 
merely 22 projections. Instead of FBP, these researchers used a 
method called total variation (TV) minimization.

TV regularization was introduced by Rudin et al. (1992) for 
denoising and has become one of the most popular and success-
ful methodologies in image processing. It has been extensively 
used for tasks such as image restoration and image deconvolu-
tion because of its excellent edge preservative nature. However, 
the TV regularization suffers from a well-known drawback: it 
has a tendency to over-flatten the target image and impart to it a 
cartoon-like appearance. This method, therefore, is satisfactory 
for a piecewise constant image such as the Shepp–Logan phan-
tom. However, for most biological images that have texture, TV 
regularization may impart an artificial look to the reconstructed 
image.

If we can minimize the over-flattening caused by TV regular-
ization, while using its strong points—namely, its edge preserva-
tive nature and emancipation from the sampling theorem—we 
can reconstruct an image from a limited number of views and 
greatly shorten the measurement time. For this purpose, leverage 
a key observation: the ∇δ-map for a typical image is consider-
ably flatter than the δ-map for the same image.

(a) Gradient-Based Reconstruction. Figure 53.10 shows the 
flow of the gradient-based reconstruction algorithm. We start 
with Equation 53.39. We replace the FBP method with the alge-
braic reconstruction technique (ART) (Kak et al. 1988) with TV 
regularization. Dividing Equation 53.39 into the real and imagi-
nary parts, we get:
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Noting that (∂δ(rl)/∂x) = |∇δ(rl)|cosϕ(rl) and (∂δ(rl)/∂y) = 
|∇δ(rl)|sinϕ(rl), the left-hand sides in the upper and lower equa-
tions correspond to projections of ∂δ(rl)/∂x and ∂δ(rl)/∂y along 
line l, that is, the beam propagation, respectively. Thus, we can 
obtain the ∇δ-maps of (∂δ(r)/∂x, ∂δ(r)/∂y) by reconstructing 
Equations 53.45 separately. Reconstruction from a limited num-
ber of views is facilitated by incorporating TV regularization 
into the reconstruction process.

Denote digital images estimated for ∂δ(r)/∂x and ∂δ(r)/∂y 
as ξ(m, n) and η(m, n) (1 ≤ m, n ≤ K), respectively; denote 
N-dimensional vectors representing ξ(m, n) and η(m, n) in the 
lexicographic ordering as ξ = (ξ1, ξ2, …, ξN)t and η = (η1, η2, 
…, ηN)t, respectively, where N = K × K, ξmK+n = ξ(m, n), and 
ηmK+n = η(m, n). Then, we discretize the Equations 53.45 accord-
ing to Kak and Slaney (1988) as follows:
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where hi, vi(i = 1, 2, …, M) correspond to values in the right-hand 
side of Equations 53.45, respectively; M is the total number of rays; 
the weighting factor wij, which is equal to the line segment of the 
jth pixel intercepted by the ith ray, represents the contribution of 
the jth pixel to the ith ray integral. Equation 53.46 can be expressed 
as Wξ = h and W η = v, where W is an M × N matrix such that wij 
is the (i, j)-th element; h and v are M-dimensional vectors such that 
hi and vi are the ith component of h and v, respectively.

 We formulate the reconstruction for ξ and η with TV regular-
ization as follows:
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where TV z z m n z m n z m n z m nm n( ) | ( , ) ( , )| | ( , ) ( , )| ;,=∑ + − + + −1 12 2  
λ controls the relative weights of the data fidelity and regu-
larization terms. In order to obtain reconstructed differential 
images, we apply the method proposed in Chen et al. (2008). The 
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algorithm obtains a solution from the minimization problems of 
Equations 53.47 by alternating the ART steps with TV minimi-
zation steps. In the ART step, the standard ART algorithm recon-
structs an image by iterations (Kak et al. 1988). Then, the image 
reconstructed in the ART step is fed to the TV steps as an initial 
value. In the TV step, the objective functions of Equations 53.47 
are minimized using the standard steepest descendent method 
with a derivatives of the TV term (Press et al. 1992), in which a 
sufficiently small constant step size was used.

Next, we will estimate a δ-map, δ(r), from the two tomo-
graphic images ξ and η estimated for ∇δ-maps, ∂δ(r)/∂x and 
∂δ(r)/∂y, in the previous stage. If ξ or η is noise-free, we can 
obtain δ(r) by integrating either ξ or η in a horizontal or vertical 
direction. However, in noisy conditions the integration deterio-
rates the quality of the resultant image because of accumula-
tion error. Here, we adopted a method to obtain δ(r) by solving 
a Poisson equation, which was proposed by Gasilov et al. (2014). 
In this research, we did not consider correlation between a recon-
struction plane of interest and its adjacent reconstruction planes, 
while Gasilov et al. incorporated the correlation into the estima-
tion process.

From the results in the reconstruction process, we obtain the 
following differential equations:
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By differentiating the upper and lower equations in Equations 
53.48 with respect to x and y, respectively, and then adding them, 
we get:
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Since the right-hand side is known, in order to obtain 
δ(r) we need to solve the Poisson equation with a source of 
((∂ξ/∂x) + (∂η/∂y)) under the boundary condition δ(r) = 0 for 
r ∈ ∂Ω. We used the successive over-relaxation (SOR) method as 
a solver (Candes et al. 2006).

(b) Laplacian-Based Reconstruction. We proposed a limited-
view reconstruction algorithm that first reconstructs the gradient 
of the refractive index field using the TV regularization. It then 
generates the Laplacian image by numerically differentiating the 
gradient field. Finally, to obtain the refractive index map it solves 

the Poisson equation whose source is the estimated Laplacian 
refractive index field. Although the algorithm in the previous sec-
tion satisfactorily reconstructs refractive index image, even when 
the Nyquist sampling condition is violated, there is a redundancy 
in it that doubles the computational effort: it requires computa-
tion of the x- and y-components of the gradient refractive index 
to obtain the gradient field. If we could directly reconstruct the 
Laplacian image, it would lead to a more efficient method for 
computing the refractive index field. In addition, such a method 
would also realize a more reliable and robust reconstruction 
methodology because it would circumvent accumulation of cal-
culation errors due to a reduced number of numerical operations. 
Direct computation of the Laplacian image, therefore, is highly 
desirable.

The symbol δ(x, y) represents the target refractive index field: 
Ω is its compact support, that is, δ(x, y) = 0 for (x, y)ÏΩ. The pro-
jection of δ(x, y), or the Radon transform of δ(x, y) for projection 
angle θ, denoted by ℜθ δ θ[ ]( , )p , is defined as:

ℜ ≡ = − +
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where the beam propagates parallel to the s-axis. Note that dif-
ferential phase-contrast computed tomography (d-PCCT) recon-
structs δ(x, y) from a set of ∂/∂p Δα(p,θ) estimated from the 
measured intensities. Under the above conditions, the following 
theorem, a well-known property of the Radon transform, can be 
asserted (Ramm and Katsevich 1996).

The Radon transform of Δδ(x, y) for projection angle θ, 
ℜ Δθ δ θ[ ]( , )p , is given as ∂2/∂p2Δα(p,θ), where Δ = ∂2/∂x2 + 
∂2/∂y2.

That is,
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The theorem expresses that the Radon transform of the 
Laplacian image Δδ(x, y) is the second derivative of the projec-
tion set. Therefore, the Laplacian image can be reconstructed 
from a set of the second derivative projections ∂2/∂p2 Δα(p,θ). 
The second derivative projections are obtained by numerically 
differentiating the projections measured by d-PCCT with respect 

sin(θ)

cos(θ )
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ART TV

TV×

×

SOR CT+
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projection

Differentiation
with respect to x

Differentiation
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FIGURE 53.10 Flow of the two-step sparsity-aware reconstruction.
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to r, because the measured projections are already the first deriv-
ative of phase, that it, ∂/∂p Δα(p,θ). The Laplacian image can be 
reconstructed from a limited number of second derivative pro-
jections, and far fewer projections are required by the sampling 
theorem using ART accompanied by TV regularization. This is 
because TV is effective in limited-view reconstruction for dif-
ferential images, as follows:
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where σ(x, y) and β(p,θ), respectively, denote the Laplacian image 
being estimated and the experimentally acquired second-deriva-
tive projection; λ controls the relative weights of the data fidelity 
and regularization terms. Our implementation of the ART + TV 
algorithm alternates between ART and TV (Kak and Slaney, 
1988) iterative algorithms. Finally, the refractive index map, δ(x, 
y), can be obtained by numerically solving the Poisson  equa-
tion,  Δ =δ σ( , ) ( , )x y x y , under the Dirichlet condition, δ(x, 
y) = 0 for (x, y) ∈ ∂Ω. Our implementation employed the SOR 
method as a solver (Press et al. 1992). Based on the above discus-
sions, we propose the following reconstruction algorithm.

Step 1: Generate the second derivative projections by dif-
ferentiating the experimentally acquired projections 
with respect to r.

Step 2: Reconstruct a Laplacian image from the second 
derivative projections with the ART + TV algorithm.

Step 3: Solve the Poisson equation, whose source is the 
Laplacian image computed above.

53.4 Experiment

53.4.1 Experimental Setup

Crystal analyzer-based X-ray phase-contrast imaging (CABI) can 
be classified into two X-ray optics, DEI and XDFI; DEI comprises 
an asymmetrically-cut Bragg-type MC, a BAA, and a CCD camera 
(Figure 53.1). A specimen is placed in between the MC and BAA. 
The MC receives monochromatic X-ray beams from a double-
crystal monochromator (DCM) upstream. The DCM has a func-
tion to provide monochromatic X-ray beams and thus to reduce a 
high power white synchrotron radiation with ΔE/E|E=35keV ∼ 10 
down to the energy bandwidth of ΔE/E ∼ 2.9 × 10−4. This MC 
greatly improves angular- divergence if it adopts asymmetry 
diffraction that means its crystal surface has a certain angle α 
against the diffracting planes. This asymmetric cut crystal makes 
the beam divergence of an outgoing beam smaller by a fac-
tor b = sin(ΘΒ − α)/sin(ΘΒ + α) where ΘΒ is the Bragg angle. 
The beam size is expanded by a factor of 1/b. For example, when 
ΘΒ = 12.0° (440 diffraction at 31 keV), and α = 11.1°, b = 0.04; 
the beam after the MC is 60 × 70 mm2.

The Pendellösung effect is not utilized but the analyzer is 
tuned to the tail of the intrinsic rocking curve (RC) (Kitchen 

et al. 2010). The non-scattered beam is not reflected but transmit-
ted in the forward direction, while the scattered beam is reflected 
in the 2θ direction. The two beams are recorded simultaneously, 
just as in XDFI. An algorithm has been developed to separate the 
contributions of absorption, refraction, and scattering (Kitchen 
et al. 2010, 2011).

The experimental setup for XDFI comprises an X-ray source, 
an asymmetrically-cut Bragg-type MC, an LAA, and two CCD 
cameras (Figure 53.3). The specimen is placed in between the 
MC and the LAA. XDFI records refraction and scattering sep-
arately using two cameras. The reflected beam from the first 
crystal, expanded by the asymmetry of the crystal, has a very 
small divergence so that the Pendellösung fringe is observed in 
the analyzer crystal, which has uniform thickness with uneven-
ness smaller than 2 µm. When the crystal thickness is chosen 
properly, and the analyzer is tuned to the peak position, the non- 
deviated beam is diffracted by angle 2ΘΒ, while the refracted 
and scattered part passes through the crystal in the forward 
direction (Ando et al. 2004, Ando 2007, Sunaguchi et al. 2010). 
The two beams are recorded simultaneously.

For phase-contrast CT, a specimen is mounted on the rota-
tional stage with smallest precession and 360 projection images 
are recorded while rotating the specimen around a vertical axis 
by 180°. Its angular interval is 0.5°. It takes two to seven seconds 
per projection image for data acquisition, approximately one sec-
ond for data transfer from the CCD camera to a PC, one second 
for saving in the PC, and approximately five seconds for record-
ing the background by removing the specimen from the beam 
incident every 10 frames. Thus, the total data acquisition time for 
one tomogram is approximately 1.5 hours. Notably, the time for 
data transfer and storage can be significantly reduced by equip-
ping a camera with large memory and transferring all the images 
after completing the data acquisition.

53.4.2 Sample Preparation

All human specimens imaged in this study were obtained either 
from autopsies or excisional biopsies and mastectomies, with 
the entire experimental process cleared by the Institutional 
Review Boards of the institutes that provided specimens, such as 
Nagoya Medical Center (NMC), Catholic University of Daegu, 
and Massachusetts General Hospital (MGH). All specimens 
were immersed in a 10% formalin bath. In the case of MGH, 
the same specimens were also imaged with multi- detector CT 
(Definition Flash, Siemens Medical Solutions) at 80 kV accel-
eration energy and with a beam current of 154 mA. The 3D vol-
ume reconstructed with 0.6-mm slice thickness was compared 
with XPCI tomographic images. The tissue specimens from 
excisional breast biopsies or mastectomies were embedded in 
paraffin before histological sectioning at NMC. The surface of 
the paraffin block was polished using a fine sand paper to sup-
press surface unevenness during the experiment at KEK. For 
imaging, all the specimens were put in a square water bath to 
let the X-ray beam in and out vertically to the water bath wall. 
Before recording images, air bubbles were carefully removed 
from the field of view (FOV). After imaging, we stained all 
the specimens with hematoxylin and eosin (H&E) for histol-
ogy images that were manually correlated with the phase and 
attenuation images.
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53.4.3 Computed Tomography (3D)

53.4.3.1 Benign and Malignant Breast Tumors

It was shown by Ando et al. (2013) that the improved soft-tissue 
contrast from XDFI can be used to characterize breast cancer. 
Using XDFI, not only can one distinguish benign from malig-
nant disease, one can differentiate invasive cancer from in situ 
cancer that is localized. In this paper, we take these findings one 
step further by visualizing and characterizing a more complex 
breast pathology called sclerosing adenosis (SA) involving lobu-
lar carcinoma in situ (LCIS).

A brief introduction to SA and LCIS of the breast will help the 
reader appreciate the images that follow. SA is a benign altera-
tion of the terminal duct lobular units characterized by a vari-
ably increased number of acinar structures. Most SA cases are an 
incidental microscopic finding. However, atypical epithelial pro-
liferation may occasionally populate areas of SA. Specifically, 
conditions that can cohabit an area of SA include: atypical lobular 
hyperplasia (a benign condition); LCIS (an area of abnormal cell 
growth that increases a person’s risk for developing invasive can-
cer later in life); and ductal carcinoma in situ (DCIS), which rep-
resents a localized, early form of cancer. Distinguishing between 
these conditions is essential for correct diagnosis. SA lesions can 
produce an appearance of small nests, glands, or cords of neo-
plastic epithelial cells within a fibrotic stroma and the distinction 
from invasive carcinoma may be quite difficult. The recognition 
of the underlying lobulocentric configuration of SA is essential to 
arrive at correct diagnosis (Ichihara et al. 2014).

We illustrate the power of XDFI using a case where the patient 
was a 61-year-old female who was found to have an area of archi-
tectural distortion in the right breast, as marked with an ellipse 
at mammographic screening (Figure 53.11a).

Ultrasound and magnetic resonance imaging also suggested 
a breast carcinoma in the upper half of the right breast (Figure 
53.11b and c). Fine needle aspiration cytology revealed significant 
numbers of atypical cells. These findings at conventional X-ray 
and ultrasound (US) imaging, though suggestive, were inconclu-
sive and the case proceeded to surgical resection. The mastectomy 

specimen showed widespread high nuclear grade apocrine LCIS 
involving SA. Extensive sampling identified two small foci of 
invasive carcinoma: one was an invasive lobular carcinoma mea-
suring 2 mm in size and the other was a tubular carcinoma mea-
suring 2 mm. No lymph node metastases were seen.

Figure 53.12A shows the specimen just before placement into 
the acrylic cylinder. SA involved with LCIS was successfully 
visualized by X-ray phase-contrast CT, as depicted in Figure 
53.12B(a) and its enlarged view (c). Figure 53.12B(b) and its 
enlarged view (d) show nearly matched H&E stained histology 
slides. Images (a) and (b) or (c) and (d) illustrate the correspon-
dence between the phase-contrast view and the histopathology 
view, both of which are in excellent agreement. The fidelity with 
which the pathology is presented by XDFI is quite remarkable. 
Figure 53.12C shows a surface rendering of the specimen. To our 
knowledge, this is the first study to reveal the 3D structure of SA 
involving LCIS (Ichihara et al. 2014). The detail in XDFI is suf-
ficient to reconstruct the 3D structure and demonstrate that SA 
involving carcinoma in situ has a basic lobulocentric 3D struc-
ture (Figure 53.12C). These images suggest that SA involving 
LCIS can be successfully visualized by X-ray phase-contrast CT 
because lobular carcinoma cells in the ducts provide a natural 
contrast medium, presumably due to a small change of refraction 
coefficient that can be resolved by XDFI.

Figure 53.13 shows a tomographic image of a nipple speci-
men from another patient with breast cancer with nipple involve-
ment. In this case, a limited number of projection views, 120, 
were used for a CT image size of 4872. Even though the number 
of projection views used was much smaller than that required 
by the Nyquist sampling theorem, excellent image quality could 
be obtained using the compressed–sensing technique described 
earlier (Sunaguchi et al. 2015a,c). In this case, the image is essen-
tially artifact free, and various structures can be readily identi-
fied. As one scans this image from the outer surface to the center, 
one can appreciate structures such as the epidermis, sebaceous 
glands, and lactiferous ducts. The soft-tissue matrix interposed 

(a) (b)

(c)

Late phaseEarly phasePre

FIGURE 53.11 (a) A conventional X-ray mammogram showing right 
and left breasts of a patient with sclerosing adenosis (SA); (b) two views 
from an ultrasound imaging performed in the region of the abnormality; 
and (c)  three views showing pre, early, and late phases of SA at magnetic 
resonance imaging.

(A) (B)

(C)
(a) (b)

(c) (d)

FIGURE 53.12 (A) pathologic specimen; (B) (a) X-ray dark field imaging 
computed tomography (XDFI-CT) reconstruction, (b) with hematoxylin and 
eosin (H&E) histopathological correlation, (c) zoomed-in version of (a) and 
(d) zoomed-in version of (b); (C) a 3D surface rendered view of the pathol-
ogy derived from the XDFI-CT image of the tumor.
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between them is the collagenous tissue. Sebaceous glands are 
shown as irregular black patterns, and there are approximately 
20 of them in this section. In the case of the nipple and areola, 
these glands open to lactiferous ducts. Their black color likely 
corresponds to their low index of refraction. By contrast, the wall 
of the lactiferous duct has a weak contrast with respect to the 
lumen. The large black square shape in the center, which corre-
sponds to a lactiferous duct, is expanded secondary to the tumor. 
To our knowledge, this is the first ever report of an X-ray study of 
a nipple cross-section (Ando et al. 2016).

53.4.3.2 Eye Specimen

An intact, ex vivo eye specimen was imaged using XDFI at 
BL14C (PF, KEK), and we have already seen the projection 
images of this experiment. A limited number of projection 
images were acquired and are shown in Figure 53.14.

For comparison, the eye was scanned using conventional CT 
(Figure 53.14A). Figure 53.14B and C show the anterior and pos-
terior chambers of the globe, respectively. Soft-tissue structures 
and interfaces that are not seen in the routine absorption CT are 
immediately apparent on the XDFI images. For example, one 
can see the cornea (←a), the iris (←b), the pupil (←c), the sus-
pensory mechanism of the lens (←d) and the lens (←e). In the 
posterior chamber, not only can we appreciate the tri-laminar 
structure of the globe, we can distinguish the retinal (←f), cho-
roidal detachments (←g), sclera (←h), central retinal artery (←i), 
fascicles of the optic nerve(←j), and the optic nerve sheath (←k) 
in this image, a fact that is supported by the histology (Figure 
53.14C). Needless to say, these structures will be very difficult to 

visualize on conventional CT as their absorption is well matched 
with that of surrounding structures (Ando et al. 2013).

53.4.3.3  Limited Angle Tomography 
(2.5 D Tomosynthesis)

Raw projection XDFI data for tomosynthesis were imaged at 
BL14B in PF, KEK using 20.0 keV X-ray energy produced by a 
Si (111) double-crystal monochromator in the optical hutch. The 
thickness of the LAA (Si [220]) was 0.565 mm. The range of 
the rotating object simulating a clinical tomosynthesis in hospital 
was ±25°. Thus the increment of object rotation was 1° so that 
51 projection images were obtained. Two specimens were cho-
sen for imaging: a formalin-fixed cadaveric human finger (digit 
III) (Figure 53.15) (Ando et al. 2016; Shimao et al. 2007) and a 
formalin-fixed human breast tissue excised during mastectomy 
in a patient with juvenile papillomatosis (Figure 53.16).

Figure 53.15 shows the lateral oblique view of a proximal 
interphalangeal joint of a middle finger. The absorption con-
trast projection image (Figure 53.15a), XDFI projection image 
(Figure 53.15b), and slice reconstructions from tomosynthesis 

Epidermis

Collagen
matrix

Lactiferous
duct

Sebaceous
glands

FIGURE 53.13 An X-ray dark field imaging (XDFI) cross-section of a 
human nipple, reconstructed by the Laplacian-based algorithm using com-
pressed sensing, illustrating the epidermis, sebaceous glands, lactiferous 
ducts, and collagenous tissue under phase-contrast imaging. The number of 
projection views used is 120, which is much less than the projection number 
required for the Nyquist sampling theorem because the binning size of com-
puted tomography (CT) is 4872.
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FIGURE 53.14 Anterior and posterior chambers of an eyeball imaged with 
X-ray dark field imaging (XDFI). (A) Tomographic slices (sagittal plane) of 
the differential phase map of an anterior chamber (i)–(iv). (B) Refractive 
index images in the coronal (i) and sagittal (ii) planes, a matched absorption 
image from conventional multi detector row computed tomography (MDCT) 
(iii), and a histological H&E slide showing this specimen (iv); the difference 
in the imaging and histological appearance is due to tissue retraction during 
histological processing and sample preparation. (C) Globe and optic nerve 
insertion of the same specimen. (a) Lens; (b) iris muscle; (c) ciliary body; (d) 
pupil; (e) cornea; (f) optic nerve sheath; (g) sclera; (h) central retinal artery; 
(i) nerve fascicles; (j) retina; (k) choroid; (l) sub-choroidal space.
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(Figure 53.15c) are shown. In absorption contrast, only the bony 
structures are visible. The XDFI projection image reveals the 
articular cartilage on the head of the proximal phalanx. A single 
XDFI projection simulates stacking of many thin layers of X-ray 
images; in other words, overlapping many crucial features along 
the direction of the X-ray propagation. Tomosynthesis facilitates 
layer by layer delineation of the anatomy so that the extensor 
digitorum tendon is clearly observable in Figure 53.15c. Because 
only a limited number of views were needed, one can surmise 
that this technique will lower skin radiation dose. The overall 
dose to make a full set of tomosynthesis is equivalent to only a 
single frame XDFI exposure. It is expected that, when deployed 
clinically, this technique will be able to lower skin radiation and 
shorten exposure time. Eventually, one could reduce skin radia-
tion dose by a factor of at least four to five compared to current 
clinical CT.

For an excised breast tumor, Figure 53.16 shows the absorption 
contrast projection image, XDFI projection image, and a slice 
reconstructed via tomosynthesis in panels a, b, and c, respec-
tively. As can be seen, the absorption contrast in Figure 53.16a is 
very poor, essentially showing no discernible structures. On the 

other hand, the phase-contrast in Figure 53.16b is significantly 
stronger, and a number of small cysts can be clearly observed 
throughout the specimen. In addition to the cysts, there are struc-
tures with very strong phase-contrast depicted by white pixels. 
Because many cysts are superimposed on each other in this pro-
jection image, it is difficult to distinguish individual features 
of the cysts. A slice reconstructed using tomosynthesis (Figure 
53.16c) clearly delineates the boundaries of each cyst. The struc-
tures with strong phase-contrast signal are localized within 
each cyst and were identified to be calcium-rich secretions, an 
observation that was confirmed by subsequent histopathological 
examination.

53.5 A Path to Clinical Deployment of XDFI

As we have seen in the previous sections, our current XDFI sys-
tems can accommodate a sample that measures approximately 
35 mm (H) and 25 mm (V). As such, this FOV is suitable for 
imaging pathological specimens. For any meaningful clinical 
deployment, increasing the FOV is crucial. Currently, we uti-
lize Floating Zone (FZ) silicon single crystals for XDFI. FZ 
crystals achieve the highest possible quality among natural and 
artificially grown single crystals from the point of view of impu-
rity and crystal perfection. However, the maximum size of a FZ 
silicon single crystal is 200 mm in diameter and 1000 mm in 
length. Such a crystal will yield a maximum FOV around 144 by 

(a)
5 mm

(b)

(c)

FIGURE 53.15 Finger joint. (a) Absorption contrast, (b) XDFI, and 
(c) tomosynthesis where tendon of the extensor digitorum is clearly visible.

(a) 5 mm

(b)

(c)

FIGURE 53.16 Breast tumor. (a) Absorption contrast, (b) XDFI, and 
(c) tomosynthesis where delineation of each cyst is clearly visible.
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144 mm, an area that can cover a part of organs such as breasts, 
joints, and arteries. As such, one could use this modality for 
diagnostic work up of breast cancer, for assessment of articular 
cartilage at various joints, toimage a finger to check for rheuma-
toid arthritis, and to visualize a superficially located artery such 
as the femoral artery in conditions such as diabetes.

Ideally, the size of the LAA should be as large as possible in 
order to cover any organ one wishes to image. From this point of 
view, we have tested the quality of large silicon single crystals 
manufactured using the Czochralski (Cz) method. Such crystals 
are commercially available in sizes up to 300 mm in diameter 
and 1500 mm in length; laboratory prototypes with diameters 
reaching up to 400–450 mm are also reported. These, theoreti-
cally, can provide an FOV of 283 × 283 mm to 318 × 318 mm 
square. Also, a Cz-FZ silicon single crystal is believed to be 
equivalent in quality to an FZ single crystal, so we can use it 
for our optical system. Therefore, we recently studied the qual-
ity of such crystals and their suitability for XDFI. Figure 53.17 
shows X-ray topographs taken with a double crystal geometry. 
The rocking curve downward convex corresponds to the forward 
diffraction FD and the upward convex corresponds to the dif-
fraction D. X-ray images at three diffraction positions W = −1, 
W = 0, and W = +1, where W is defined in Equation 53.14, of 
the FD and D profiles were taken. Since black and white contrast 
systematically changes between each pair at the same diffraction 

point W, as shown in Figure 53.17a and f, b and e, and c and d, we 
have concluded that the lattice planes are not distorted but have 
d-spacing distribution. This means that this crystal can be used 
as the LAA (Ando et al. 2016).

As evidence described in the previous paragraph, XDFI 
images of a femoral artery with atherosclerosis secondary to 
diabetic disease are shown in Figure 53.18. Both images show 
the diseased artery, with black color presumably representing 
atheroma inside an atherosclerotic plaque, taken with the LAA: 
one made of a Cz-FZ silicon crystal (left image) and one a FZ 
silicon crystal (right image). Both show us almost the same con-
trast, which means that the Cz-FZ silicon crystal can be used 
as the LAA material as well as the FZ silicon crystal. It is not 
hard to see how such images could be used clinically (Ando et al. 
2016). For example, a surgeon could use such a rendering during 
a bypass procedure to bypass or bridge a heavily diseased por-
tion of an artery; conversely, one could, by examining a single 
XDFI projection, identify the healthy regions of an artery that 
are most suitable for receiving a graft.

53.6 Discussion and Future Directions

In this paper, we have presented the XDFI method and demon-
strated its capabilities. The efficacy of this method in improving 
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soft-tissue contrast was demonstrated using a number of human 
tissue specimens. Even though the FOV (35 mm (H) × 25 mm 
(V)) was limited by the commercially available CCD camera, 
the improvement in soft-tissue contrast is unmistakable. The 
pixel size of the CCD camera used (7.4 µm) is matched with 
the current system geometry and parameters; further improve-
ment in system performance is possible by reducing the thick-
ness of the LAA (Ando et al. in preparation). The current LAA 
thickness is 170 µm; calculation using Takagi–Taupin theory 
predicts that a spatial resolution of 2–3 µm is achievable by 
thinning the LAA down to 60 µm. There are engineering chal-
lenges in thinning the LAA below 170 µm. The difficulty in 
machining the LAA can be overcome by adopting a conc®ave 
shape (Ando et al. in preparation).

Usually, one cannot avoid the mixed structure of human tis-
sue with bone and other calcium-based hard components. This 
hard material may cause too high a refractive index, leading to 
unwanted artifacts that may suppress the fine structure of soft tis-
sue. A new algorithm has been proposed to suppress these arte-
facts (Sunaguchi et al. 2015b).

The current system is well suited for conventional pathologi-
cal imaging. However, there are no fundamental limitations as 
to why the technique cannot be generalized to clinical imaging 
requiring a wider FOV. The radiation dose for the technique can 
be reduced by limited angle tomography. As described earlier, 
the maximum FOV can be increased by adoption of a Cz-FZ 
silicon single crystal, such that the FOV could be as large as 283 
by 318 mm.

It is, however, important to reduce the skin radiation dose 
before proceeding to clinical trial, and studies on the effect of 
reducing the number of views on contrast have been started 
(Sunaguchi et al. 2015a,b,c).
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54
X-ray Scattering: Analytical Applications and Imaging

Antonio Brunetti and Roberto Cesareo

54.1 Introduction

When a beam of X-ray photons interacts with a sample, it can 
cross the sample without any interaction or it can be scattered or 
absorbed (see Section I, Chapter 1). The interaction is due to three 
typical main effects (Figure 54.1):

• Absorption (through photoelectric effect)

• Compton scattering (or incoherent scattering)

• Coherent scattering

Absorption, through a photoelectric effect, gives rise to the dis-
appearance of an incident photon with energy transfer to an elec-
tron, which is ejected from the atom, leaving it in an excited state. 
The hole corresponding to the ejected electron can be filled in two 
ways: by means of a fluorescent emission (see Section 54.3) or by an 
Auger electron emission where an electron is transferred to the hole.

Compton scattering gives rise to a loss of energy and direction 
change of the incident photon; coherent (or Rayleigh) scattering pre-
serves the energy of the incident photon, only changing its direction.

All these described effects depend on the nature of the sam-
ple, that is, chemical elements present, their atomic number and 
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concentration, and then on electron density, physical density, and 
thickness of the sample.

The information obtained with a single measurement repre-
sents a mean value of the volume involved in the interaction. In 
order to obtain more localized information, another kind of mea-
surement can be carried out: tomographic measurements, which 
correspond to the well-known computed tomography (CT) where 
the sample is translated and/or rotated with respect to the colli-
mated incident and transmitted beam. On the contrary, when the 
scattered beam is employed, Compton, coherent, and diffraction 
imaging, respectively, are obtained and also X-ray fluorescence 
microscopy when the characteristic X-rays emitted by the ele-
ments present in the sample are processed and mapped.

In the following, the interaction of X-rays with matter will be 
described in more detail. A more complete discussion may be found 
in the following references: Markowicz (1992), Cesareo (2000), 
Als-Nielsen and McMorrow (2011) (see Section I, Chapter 1).

54.2 Interaction of Radiation with Matter

54.2.1 Photoelectric Effect

Let us consider Figure 54.2. When an incident photon of proper 
energy E0 interacts with an internal atomic electron, for exam-
ple from the K orbit, then this electron will be ejected from the 
atom, taking the energy of the incident photon minus its binding 
energy. Immediately after, a more external electron, for exam-
ple from the L orbits, fills the vacancy, with contemporaneous 

possible emission of X-rays characteristic of the excited atom. 
When many incident photons are considered, interacting with 
atoms of different elements, then the consequence of photoelec-
tric effects will be the emission of a number of X-rays from the 
elements present in the irradiated sample. Each element always 
emits a set of X-rays with the same energy, allowing its identifi-
cation from the study of the final X-ray spectrum.

The probability of a photoelectric effect is roughly propor-
tional to 1/E0

3 and to Z4–5 approximately, where E0 represents 
the incident energy and Z the atomic number or the mean atomic 
number of the irradiated sample.

54.2.2 Compton Scattering

When an incident photon interacts with an electron supposed 
free and at rest, it loses some of its energy and is deflected from 
the original direction. Considering an incident photon of energy 
E0, the Compton effect gives rise to a secondary photon of energy 
EC, scattered through an angle ϑ with respect to its original 
direction and to an electron of energy Ee = E0 − EC. The follow-
ing equation is valid (Figure 54.3):

 
E

E
C =

+ −
0

1 1α ϑ( cos )  
(54.1)

where α = E0 (keV)/511. The angular distribution for the differ-
ential cross-section of Compton scattered X-rays is given by the 
Klein–Nishina equation (Figure 54.4):

Detector for scattered
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FIGURE 54.1  When a monoenergetic X-ray beam (a) crosses a sample, the transmitted beam (b) may be analyzed and processed. Scattered radiation due 
to the Compton effect can also be studied by a detector located, for example, at 90° with respect to the incident beam (c). Secondary X-rays emitted by chemi-
cal elements present in the sample, may also be detected through the photoelectric effect and processed by a detector located, for example, at 90° with respect 
to the incident beam (d). When detectors (c) and (d) are collimated, a volume element (voxel) is identified by the intersection of primary and secondary 
X-ray beams. By translating and/or rotating the sample, tomographic images are obtained (transmission computed tomography (CT), Compton tomography, 
X-ray fluorescence (XRF)-image. Legend: (c) = scattered beam and X-ray spectrum showing Compton (EC) and coherent (E0) peaks. (d) = scattered and 
fluorescent X-ray beam with, in addition, fluorescent peaks (Ea,b,c…).
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which, in the case α << 1, can be approximated to
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where r0 = 2.8 × 10−13 cm is the “classical electron radius.”
When the electron is bound and not at rest, then a correc-

tion factor is introduced, the so-called “incoherent scattering 
function” S(q,Z), which depends on the momentum transfer 
q = [sin(ϑ/2).E(keV)]/12.4 (momentum transfer from incident 

photon to electron) and on atomic number Z of the scattering 
atom (Berger and Hubbell 1987). The differential cross-section, 
corrected for all atomic electrons, is then approximately given by 
Equation 54.4 (Figures 54.5 and 54.6):
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(54.4)

The incoherent scattering function tends to Z for high momen-
tum transfer (high photon energy or high scattering angle; in this 
case, the Klein–Nishina equation gives a valid approximation) 
and tends to zero for low momentum transfer (low photon energy 
or scattering angle). Normalized function S(q,Z)/Z versus energy 
is reported in Figure 54.7. An example of an atomic differential 
cross-section is reported in Figure 54.6; the main difference with 
respect to the Klein–Nishina “equivalent” curve is at low angles, 
where S(q,Z) tends to zero.
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FIGURE 54.2 Scheme of X-ray fluorescence: an electron in the K shell is ejected from the atom by an incident photon of energy E0 (dashed line). The 
vacancy is filled by an electron from the L shell and K-X rays are emitted, in competition with Auger electrons.
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The angular distribution of Compton scattered photons by 
water, in polar logarithmic coordinates, is shown in Figure 54.8.

To obtain the total cross-section, we have to integrate Equation 
54.2 over all angles. For α << 1, the following Equation 54.5 
may be written:

 σ π α αKN / r cm /el= − + ……8 3 1 2 5 20
2 2 2( . .)  (54.5)

The Compton cross-section, following Klein–Nishina theory, 
is approximately constant versus atomic number Z. Then, with 
S(q,Z) being approximately proportional to Z at sufficiently high 
energy values, the atomic Compton cross-section is approxi-
mately proportional to atomic number Z.

54.2.3 Coherent Scattering

Coherent scattering (also called Rayleigh or elastic) is a process 
in which photons are scattered by bound atomic electrons and 
in which the atoms are neither ionized nor excited. The incident 
photon preserves its energy and is deflected. This phenomenon 
can be described in terms of waves and field. The electric field of 
the photon interacts with an electron which will be accelerated, 
emitting a radiation with the same frequency as the photon. In 
this case, the differential cross-section (Thomson cross-section) 
can be expressed by
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where the term “1” describes the contribution of the vertical com-
ponent of the scattering plane (corresponding to the transversal 
polarized radiation) and the term (cos2 ϑ) the horizontal compo-
nent (tangential polarized radiation), respectively. Equation 54.6 
takes both these components into account. In the case of polarized 
sources such as synchrotron radiation, only one of these contribu-
tions may be considered and employed for structural studies (Stöhr 
et al. 1993, Ohsumi and Taka-hisa 2016). The total cross-section 
can be obtained by integrating over the solid angle, giving
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The case of scattering from a single electron represents a very 
particular case. In general, the scattering is due to a set of atoms 
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FIGURE 54.5 Distribution of Compton scattered photons by water, at 
small angles, for incident energies of 32 keV (rhombs) and 60 keV, respec-
tively, according to Equation 54.4. The values may be multiplied by r0

2. 
The effect of the incoherent scattering function S is clearly visible at small 
angles, when q << 1.
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or molecules. Let us consider the case of a single atom or mol-
ecule. In this case, an electronic distribution must be introduced. 
The scattered radiation will be composed of all the contributions 
coming from each elementary volume, and interference phenom-
ena must be considered. These effects are described by the so 
called atomic form factor f0, which when all contributions are 
in phase, assumes the value Z, corresponding to the number of 
electrons of the atom. This is based on a classical description, 
while the electron distribution follows quantic rules. This brings 
the introduction of two corrective factors, f′ and f″, for energies 
lower and higher than the binding energies, respectively. Finally, 
the following may be written:

 F q f q f i f( ) ( )= + ′ + ′′0 � �ω ω  

where q is the momentum transfer and �ω the energy. These cor-
rective factors are known as dispersion corrections to the factor 
f0 and their influence is maximum at the absorption edges, where 
resonant effects can be observed (Als-Nielsen and McMorrow 
2011).

In the case of a molecule, the expression for the cross-section 
is simply a weighted sum of the contribution from each atom 
composing the molecules.

More interesting is the case of a crystal, which is formed by a 
regular distribution of atoms. This distribution contributes to the 
interference phenomena of the scattered waves. This phenom-
enon is the basis of diffraction imaging, which will be described 
later.

Resuming, the differential coherent cross-section can be writ-
ten as
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The form factor F(q,Z) versus atomic number Z and energy E0 
is reported in Figure 54.9 (Hubbell et al. 1975). The normalized 
form factor F(q,Z)/Z tends to one at low momentum values and 
to zero for high momentum transfer.

Angular distribution of coherent scattered photons by water, for 
E0 = 32 keV, is shown in Figures 54.8 and 54.10. It is important 

to observe that coherent scattered photons are strongly forward 
peaked, and their intensity strongly decreases versus energy.

Scattering of X-rays at small angles is dominated by coherent 
scattering; these coherent events interfere and produce a diffrac-
tion pattern.

54.2.4  Coherent to Compton (R/C) Cross 
Sections and Their Ratio

In the low energy limit (α << 1), the ratio of the coherent to 
Compton differential cross sections may be written as

 
( ) ( ) [ { ( cos )} ]d /d / d /d F /S /coherent Comptonσ σ α ϑΩ Ω = + −2 21 1 1

 
(54.9)
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Figures 54.11 through 54.13 were deduced from Equation 
54.10.

Coherent and incoherent scattering of a monoenergetic beam 
of X-rays by a sample finally gives rise to a X-ray spectrum con-
taining two separate peaks at energy E0 (coherent scattering) and 
EC (Compton scattering). Each of these effects contains useful 
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information about the irradiated sample. Further, the ratio of the 
two peaks can also be employed for analytical purposes, hav-
ing the advantage of being independent from the geometrical 
arrangement. As shown by Equation 54.10 and Figures 54.11 
through 54.13, the ratio of coherent to Compton scattered pho-
tons only depends on the atomic number Z, that is, R/C = Zn 
and can therefore be employed to differentiate materials with 
different atomic numbers, binary alloys, and so on. For exam-
ple, for the materials with atomic number around water (Z∼7.5), 
n ∼ 2.2, and for Ag–Cu alloys, n ∼ 2.7.

For all these measurements, monoenergetic radiation must be 
employed, which can be obtained, for example, by using an X-ray 
tube with a secondary target (Figure 54.14) or a synchrotron. 
Further, high energy-resolution detectors may be employed, to 
better separate Compton and coherent peaks.

Radioisotopes emitting γ-radiation in the X-ray region were 
also usefully employed, especially in the past, such as Am241, 
which emits 59.6 keV monoenergetic γ-rays.

54.2.5 Attenuation of X-rays in Matter

The interactions of X-rays with matter, discussed above, con-
tribute to the attenuation of an X-ray beam when crossing a 
sample. In general, when a beam of monoenergetic photons of 
energy E0 and intensity N0 (photons/unit time) passes through a 

homogeneous absorber of thickness x (in cm), then the emerging 
(transmitted without any interaction) photon intensity N will be 
given by

 N N e x= −
0

( / )µ ρ
 (54.11)

where µ (in cm−1) is the linear attenuation coefficient and µ/ρ (in 
cm2/g) the mass attenuation coefficient for materials of physi-
cal density ρ and atomic number Z (Berger and Hubbell 1987). 
The mass attenuation coefficient, which obviously depends on 
the X-ray energy, is proportional to the total photon interactions, 
expressed in terms of cross-section σ (in cm2), according to the 
following equation:

 µ ρ σ/ N /AA=  (54.12)

where µ = µph + µC + µcoh As observed in Section 54.2.2, in the 
Compton, region σ is approximately linearly correlated to Z, and 
therefore,

 µ ρ∝ Z N /AA  

Z/A is approximately constant = 0.5 (except for hydrogen and 
hydrogenated materials), and therefore,

 µ ρ∝  (54.13)

The linear attenuation coefficient for the Compton effect is 
proportional to the physical density.

54.3 X-ray Fluorescent Radiation and Imaging

54.3.1 Introduction

X-ray fluorescence (XRF) is based on the irradiation of a sample 
with a beam of X-rays of the proper energy, giving rise, through 
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the photoelectric effect, to the emission of secondary X-rays 
characteristic of the chemical elements present in the sample. 
By irradiating and detecting a small volume element of the sam-
ple (voxel), and by translating and/or rotating the sample, a 2D 
or 3D (tomographic) image can be obtained (XRFT).

XRF-imaging is, therefore, a method that can be applied to 
determine the localization of chemical elements and to map 
them, in any kind of sample. With XRFT, the identification, 
quantification, and space distribution of chemical elements can 
be simultaneously determined. XRFT can be, for example, a 
powerful modality to image high-atomic number metals, as in 
the case of nanoparticles.

The advantage of XRF-imaging is that it is able to selectively 
determine the distribution of single chemical elements inside a 
sample, at a minimum detection limit that depends on the mea-
suring characteristics. The disadvantages are the necessity of a 
very intense X-ray source to limit the measuring time (a monoen-
ergetic X-ray source would be better, but not strictly necessary) 
and the fact that XRF is generally suited to image elemental dis-
tribution in small samples only, because of the reduced pathway 
of characteristic X-rays emitted by the chemical elements of the 
sample itself. Further, XRF-imaging can only map chemical ele-
ments whose X-rays are “visible” and not attenuated too much in 
the sample.

To better explain these last points, Table 54.1 shows the path-
way of several elements in water and soil, when their K-X rays 
are 50% attenuated.

It appears clear from the values reported in Table 54.1 that 
XRF-imaging corresponds to mapping chemical elements with 
medium-high Z present in relatively small samples.

54.3.2 Theoretical Background

When a voxel containing na atoms/cm2 of chemical element a is 
irradiated by a flux of N0 photons/cm2 s of energy E0, Na fluo-
rescent X-rays/cm2 s are emitted by the voxel and collected by 
a detector. If the sample is thin and attenuation effects can be 
neglected, then

 
N N n E ka a ph a a= 0 0σ ω. ( )

 (54.14)

where σph.a (E0), in cm2/atom represents the photoelectric cross-
section of element a at energy E0, k is an overall geometrical 

and detection efficiency factor, and ωa the fluorescent yield of 
element a.

If element a is present in a low Z matrix at concentration ca, 
then Equation 54.14 may be approximated as

 N 1 N ca
6

a~ 0 0
−

 

showing that, at low concentration values ca of the element or 
elements under study, a high-intensity radiation source would 
be desirable, that is, a high-power X-ray tube or synchrotron 
radiation.

54.3.3 Experimental Setup

The experimental setup for an XRFT is composed of an X-ray 
source (usually synchrotron or X-ray tube), a high energy resolu-
tion detector or detectors, which should be able to separate the 
X-rays emitted by the different elements present in the sample, 
and rotating/translating mechanics.

Synchrotron radiation is the best option for XRFT because 
of its high intensity and monochromaticity. However, the use 
of a synchrotron limits practicality and accessibility of XRFT 
for routine imaging applications in fields such as medicine, biol-
ogy, archeology, industry, and so on. High-intensity X-ray tubes 
can be employed, partially monochromatized, as explained in 
Figure 54.14. However, in this case, an XRFT will take much 
more time.

54.3.4 Monte Carlo Simulation of X-ray Spectra

Regardless of the type of measurement or scanning, 2D or 3D, 
the final X-ray spectra must be processed in order to quantita-
tively determine the chemical contents, except in a few cases 
where only a qualitative determination is required (see Section I, 
Chapter 10). To this aim, and in the case of 1D or 2D analysis, 
the most used technique is the Fundamental Parameters Method 
(FPM) (Sherman 1965, Shirawa and Fujiko 1966, Mantler 1986, 
de Boer 1990). However, this method is not suited for 3D tomog-
raphy, where other techniques must be used, based on Monte 
Carlo simulations (see Section 54.4.2.3).

Monte Carlo algorithms are probabilistic methods able to 
mimic a real experiment/event. They find application in many 
areas, such as, for example, that of simulating X-ray experiments. 
Several codes have been developed (MCNP 1986, Gardner and 
Duster 1979, Gardner and Duster 1982a,b, Fernandez 1989, 
Vincze et al. 1993, Agostinelli et al. 2003, Schoonjans et al. 2011, 
Schoonjans et al. 2012, Golosio et al. 2014, Llovet et al. 2005). 
They are based on several modules, each of which represents a 
part of the experimental apparatus to be simulated. The possibil-
ity of obtaining a realistic simulation of an experiment strongly 
depends on the versatility of these modules, and their accuracy in 
describing the object to be simulated and the experiment.

It is important to differentiate between Monte Carlo codes 
specialized for X-rays up to about 100 keV and others which are 
able to simulate higher energy and particle transport. Usually, 
the capability to describe a wide range of energy implies a minor 
specialization of the code and a longer simulation time. However, 
there are specialized codes which allow fast simulation and are 

TABLE 54.1

Penetration Depth (mm) of K-X-rays of Various Energies Emitted 
by Fe, Br, Mo, Sn, I, Gd, Hg, and U Giving Rise to 50% 
Attenuation in Water or in Soil

Element X-ray Energy (keV) Water Soil

Iron 6.4 0.3 0.07

Bromine 11.9 2.3 0.35

Molybdenum 17.5 5.8 1.2

Tin 25.1 13 2.5

Iodine 28.5 16 3.9

Gadolinium 42.6 26 11

Mercury 69.8 37 26

Uranium 96.5 41 39
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convenient for real-time measurements. Several specialized 
codes have been published (Bottigli et al. 2004, Schoonjans et al. 
2012, Brunetti and Golosio 2014, Golosio et  al. 2014); among 
them the most versatile is the XRMC, a freely available code 
able to simulate a wide range of measurements. It is based on 
a continuously updated database called xraylib (Brunetti et  al. 
2004, Schoonjans et  al. 2012) and can simulate any kind of 
measurements, including radiography (a 512 × 512 pixel radio-
graphic image takes a few seconds to be simulated), transmission 
tomography, X-ray fluorescence including imaging, scattering 
measurements with imaging, and phase-contrast imaging. In 
the case of XRF, an example of application is to the study of 
ancient metals such as bronze, covered by a patina/incrustation 
layer, formed by oxides and soil contamination and/or a protec-
tive plastic-like layer. The protective layer is completely invis-
ible to XRF measurements. The presence of this layer essentially 
gives a contribution to the background below the X-ray peaks, 
an alteration in the scattered peaks, and a reduction of the XRF-
peaks, according to their energy (Cesareo et al. 2013, Brunetti 
et al. 2014, Brunetti et al. 2016a,b, Manso et al. 2015, Schiavon 
et  al. 2016). The bronze can be schematized with a two-layer 
structure, where the internal one is bronze and the external one 
is the protective layer. In Figure 54.15, an example of the bronze 
with two different thicknesses of protective material is shown.

54.4 Scattered Radiation Imaging

54.4.1 Introduction

There are many different X-ray scattering methods that can be 
converted into imaging, and in some cases, into tomographic 
images: Compton scattering, coherent scattering, coherent/
Compton ratio, diffraction, and phase-contrast. Each of these 
techniques has advantages and disadvantages. Before examin-
ing this aspect, a preliminary important consideration is needed: 
the photon flux required for a scattering measurement is several 
orders of magnitude larger than for a transmission measurement. 
The main reason is that only a small fraction of the emitted radi-
ation is detected, while the transmitted radiation is almost com-
pletely detected. While photon flux intensity is not so important 
for single measurements, its influence in imaging measurements 
is dramatic. This means that, for a good quality and low noise 
image, a high brilliance X-ray source, such as synchrotron light, 
is almost mandatory. The alternative is to use a conventional 
X-ray tube with very long exposition times, which can produce 
problems of stability, that is, variability of the flux. Therefore, a 
source like a synchrotron would be preferred, even if not always 
available and convenient. An innovative X-ray source will be 
also described in the following section.

The question about the most convenient imaging technique, as 
an alternative to the commonly used transmission tomography, is 
based on the nature of the sample and on the characteristics to be 
measured. In more detail:

Compton imaging gives information about the distribu-
tion of electron density, which approximately corresponds 
to the  physical density. It is, therefore, useful to amplify the 
 visualization of voxels (single volume elements) of very low den-
sity, which are less differentiated in transmission  tomography. 
Compton  imaging also has the advantage that it may be  carried 
out when the sample is not completely accessible, contrary 
to the  requirements of conventional (transmission) tomog-
raphy. In spite of these positive points, Compton tomography 
is rarely  employed, mainly because of the high flux intensity 
required.

Coherent tomography suffers from the same problem that a 
high flux intensity is required and from the additional limitation 
that coherent photons are strongly forward directed, at angles 
which are not particularly useful for imaging purposes. It has, 
however, a positive characteristic; it is dependent on atomic num-
ber Zn, where n is strongly increased by decreasing Z and the 
scattering angle.

Coherent/Compton ratio was also recently used for imaging 
purposes, having the important advantage that it is independent 
from the geometrical arrangement.

Diffraction coherent imaging is where the diffraction pattern 
of a nanocrystal is measured and directly phased to obtain a 
high-resolution image.

Phase-contrast X-ray imaging (PCI) is a general term indicat-
ing different technical methods that use information related to 
changes in the phase of an X-ray beam that passes through an 
object in order to produce its image (see Section IV, Chapter 49). 
In several cases, particularly in the region of high energy X-rays, 
the phase-shift cross-section of light elements is considerably 
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larger than the absorption cross sections. This is the case for soft 
material samples, such as biological tissues.

54.4.2 Experimental Setup

54.4.2.1 X-ray Sources

The most used X-ray sources for measurements and imaging with 
scattered photons are X-ray tubes (see Section I, Chapter 2) and 
synchrotron light (see Section I, Chapter 8). In the past, radio-
active sources were also employed such as, for example, Am241 
which emits γ-rays of 59.6 keV, but their use has strongly 
decreased in recent decades. A (Compton/Thomson) backscatter 
X-ray source has also been developed and appears to be promis-
ing, but its use is still limited.

The characteristics of X-ray sources will be briefly described 
here. The main differences are in the emitted spectrum, both in 
terms of photon energy distribution and intensity.

An X-ray tube without any kind of filter emits bremsstrahlung 
radiation, that is, a multienergetic X-ray spectrum where the pho-
ton energy spans from a few keV up to an energy that corresponds 
to the maximum voltage applied to the tube (keV = kiloelectron-
volts). This X-ray spectrum can be modified and adapted to a spe-
cific application by applying dedicated filters to the beam output. 
However, this procedure also implies a drastic reduction of the flux.

In the case of synchrotron radiation, a much higher flux is avail-
able, monochromatic or polychromatic. In some cases, the avail-
ability of a high monochromatic and sharp beam is mandatory, 
allowing more precise measurements to be carried out. There are 
several synchrotron facilities around the world. However, due to 
the high number of requests, they are not always available.

The Compton (or Thomson) backscattering X-ray sources are 
able to produce a quasi monochromatic beam with high bril-
liance. The choice between Compton or Thomson backscatter-
ing only depends on the considered reference system; they are 
based on the collision of a photon beam produced by a laser with 
a beam of electrons produced by a linear accelerator (LINAC). 
The electrons are produced in bunches of 1010 electrons every few 
picoseconds, while the flux of photons is about 108 photons in the 
same time interval. Both the beams are focalized in a small focal 
spot of about 10 mm. The photons are Compton backscattered by 
the electron, producing X-rays. The X-ray flux corresponds to 108 
photons for a bunch with an energy spread of about 1–2%. This 
means that about 1010 photon/s are produced. The main advan-
tage is the compactness of the source; in fact, it is possible to 
assemble it inside a small room, in comparison with the much 
larger area required by a synchrotron. The maximum energy can 
reach about 200 keV. This source in still under development, but 
there are several sources in operation all around the world.

54.4.2.2 X-ray Detectors

Several kinds of detector can be used for single spot measure-
ments and imaging with scattered radiation, and the choice 
depends on the type of measurement and energies involved. Two 
classes of detector can be employed:

• Small area (single voxel) detectors such as a NaI(Tl), 
CdTe, HpGe, Si(Li), Si-drift (SDD), and so on.

• Area (multi pixel), position sensitive detectors such as 
a “flat panel” detector, or position and energy sensitive 
detector such as Medipix and Pixirad, which will be 
described later. The use of a large area detector dramat-
ically decreases the measurement time, while the use of 
a single pixel position detector will generally improve 
the detection efficiency, both in terms of solid angle 
and photon energy to be detected. The required energy 
resolution also depends on the type of measurements, 
and, in some cases, such as R/C ratio measurements, a 
detector with high energy resolution is required, while 
for example, in many cases of Compton tomography a 
low energy resolution detector can also be used, such 
as a NaI detector.

There are a variety of area detectors, but the majority of them 
are not able to discriminate in energy; therefore, a monochro-
matic beam is required or the capability to detect a single photon. 
This represents a big limitation. In fact, if the energy of incoming 
photons must be determined, there are only two possibilities: to 
detect the single photon or to be able to determine its energy.

The area detectors are usually based on a scintillator, which 
converts the photon energy into visible light, as in the case of a 
CCD camera. To produce an image detector sensitive to the photon 
energy is complicated; however, some detectors of this type have 
been produced. The easiest way is to put together several standard 
energy sensitivity detectors, such as HpGe, SDD, and so on. The 
best performing in terms of energy resolution and efficiency is 
probably the two-dimensionally segmented HPGe detector (Vetter 
et al. 2004). However, in the last decade, some semiconductor read-
out chips with pulse processing capability have been developed. 
They can be coupled to several kinds of semiconductor, allowing 
the energy of the incident photons to be discriminated (Ballabriga 
et al. 2016) (see Section I, Chapter 13). In the following section, 
two such detectors will be described: Medipix and Pixirad.

Medipix is a single photon count chip that is connected to a 
segmented semiconductor sensor, forming a two-layer structure. 
Constructed during the nineties at the CERN particle detection 
laboratories, it is based on a matrix of detectors. It is possible to 
select an energy window and so to determine the energy of the 
incident photons. The maximum detectable energy is determined 
by the pixel size and, up to version two, by the so called charge 
sharing between neighboring pixels, where the original shape of 
the signal is completely lost in a large plateau (Firsching 2009). 
In version three, this problem has been removed (Ballabriga et al. 
2011). Its area is 17.3 × 14.1 mm2 with 256 × 256, 55 × 55 µm2 
pixels. This detector is very versatile. In fact, each pixel has two 
discriminators and two counters, and four pixels can be joined 
to obtain a 110 µm × 110 µm pixel. Each pixel can also work in 
the charge accumulation mode. The gain modality (high or low) 
can also be changed, as well as the bit depth of the counter. A 
Schottky CdTe version of Medipix exists, allowing the detection 
of higher energies (Gimenez et al. 2016).

Pixirad is a detector with a structure similar to Medipix, in 
the sense that a layer of semiconductor is connected to a matrix 
of microcircuits (Figure 54.16). In the first version, the detector 
electrode was hexagonally shaped, forming a honeycomb, while 
in the last version it should be built as a more conventional square 
arrangement. The sensitive area is larger than Medipix, while the 
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pixel size is comparable. Even in this case, two discriminators 
are available for the detector. It is possible to use GdTe, GdTe, 
AsGa,and Si as sensor material.

The described area detectors have been tested many times on 
scattering radiation (de Vries et  al. 2007, Ponchut et  al. 2014, 
Longo et al. 2014, Longo et al. 2016). A review of this class of 
detectors can be found in Ballabriga et al. (2016).

54.4.2.3 Algorithms

Several algorithms have been developed (Brunetti and Golosio 
2001, Cesareo et  al. 2001, Golosio et  al. 2003, Golosio et  al. 
2004, Golosio et al. 2014), both for coherent and incoherent scat-
tering. They can often also be used for fluorescence tomography. 
It is important to differentiate between imaging and tomographic 
measurements. In the case of simple imaging, usually any algo-
rithm can be used but simple correction procedures are required. 
The case of tomographic measurements is completely different. 
In this case, the type of algorithm plays a fundamental role in 
the quality of the reconstructed image. Before we describe some 
of the reconstruction algorithms, let us briefly describe the basic 
theory.

By considering Figure 54.17, the photons from the X-ray source 
enter the sample, interacting along their path up to the point con-
sidered for the reconstruction. Then the scattered photons travel 
up to the detector, suffering further attenuation. The contribution 
of a small path du to the detected signal will be described by the 
following equation (Golosio et al. 2004):

 I I f s u p s u g s u du= 0 ( , ) ( , ) ( , )  (54.15)

where I is the number of detected photons, f is the survival prob-
ability of a photon from the source to the point u, p(s,u)du is the 

probability of having a Compton scattering along the path du, 
g(s,u) is the probability that a scattered photon at (s,u) reaches 
the detector.

This quantity must be integrated over du
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In real cases, a discrete version of this integral is used
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where apex i runs over all the viewing angles and N is the length 
of a row or column of the discrete version of the images.

The contribution to the detected signal can be divided into 
two parts: the Compton signal detected is influenced by the 
attenuation of the X-ray beam before and after the Compton 
interaction.

The first attempt to solve the problem of reconstructing scat-
tering tomography was based on the classic back projection 
algorithm (Jain 1988) used for transmission tomography based 
on a set of radiographic images. It reconstructs, in its standard 
application, the total attenuation of the chemical components of 
the sample at each point. However, although this algorithm could 
determine any kind of parameter/contribution, it just back proj-
ects one parameter, that is, it is not able to involve, in the case 
of the scattering, the contribution of the attenuation. This means 
that the reconstructed scattering contribution will be altered by 
the attenuation. Attempts to introduce some corrective factors 
in the back projection algorithm have been done and the related 

FIGURE 54.16 Medipix-1 detector (64 × 64 pixels). (From http://medipix.
web.cern.ch.)
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FIGURE 54.17 Scheme of a setup for Compton/transmission tomography 
using an X-ray tube. A pencil beam is used. (After Brunetti, A. et al. 2002. 
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codes are available (Hogan 1991, Brunetti and Golosio 2001), 
however with poor results. A better result can be obtained by 
using iterative algorithms (Boisseau 1986, Cesareo et al. 2001). 
On this basis, Equation 54.17 can be rewritten as:
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which corresponds to an iterative calculation starting from 
an initial hypothesis on pk. This class of algorithms is called 
algebraic reconstruction techniques (Andersen and Kak 1984, 
Avinash et  al. 1988). There are various implementations of 
them, mainly differing in their updating approach; a ray-sum at 
once or all the ray-sums simultaneously (SIRT), where the latter 
procedure seems to give better results. About a decade ago, an 
interesting new approach was published (Golosio et  al. 2003) 
based on the following idea: the main goal of tomographic mea-
surement is to determine the chemical composition of the sam-
ple. This information is contained in each kind of tomography: 
transmitted, or scattered, both elastically or inelastically. It is 
practically impossible to obtain the chemical composition from 
only one of them; from the measured quantities, that is, absorp-
tion and scattering, it is possible to determine other quantities, 
such as the absorption coefficient at each energy and the density. 
In fact, at high X-ray energy, the density is proportional to the 
Compton signal and, using the E−3 scaling law, it is possible to 
calculate the attenuation coefficient at any energy starting from 
its value at energy E0 of a monochromatic beam. However, from 
a mathematical point of view, each point of the sample can be 
as a vector 

�
ρ  in an n-dimensional space, where n is the number 

of chemical elements and each component of this vector repre-
sents the density of each chemical element. All the quantities 
involved in these measurements can be expressed as a scalar 
product:

 
� �
v ⋅ ρ  

where 
�
v has only positive components independent from the 

composition. An example of a 
�
v component could be the absorp-

tion coefficient. If more measured quantities are involved, the 
number of equations can increase. A complete description of this 
method can be found in Golosio et  al. (2003). At present, the 
algorithms that follow this approach allow the best performance. 
However, from an experimental point of view, this approach 
shows strong limitations: the sample must have high Z compo-
nents and/or be thin.

54.5  Applications of Fluorescent 
X-rays and Imaging

The first application of XRF-imaging (XRFI) dates back to the 
end of the seventies and is related to iodine-thyroid scanning, 
which gives rise to an image from which the iodine distribution 
in the thyroid and the total iodine content of the thyroid can be 
derived (Palmer et al. 1979). It is not really tomography, but only 
a 2D image.

Other applications of XRFI were carried out starting from the 
end of 1980 and are currently increasing, mainly using synchro-
tron radiation. However, applications were also carried out using 
X-ray tubes. In fact, when chemical elements need to be mapped 
that have a concentration at percent levels, a proper X-ray tube 
is generally adequate. On the contrary, when the problem con-
sists of mapping trace elements at levels, for example, of ppm, 
then only synchrotron radiation can be usefully employed. In 
any case, the quality of the reconstruction will be a compromise 
between the measuring time required for an acceptable count-
ing statistic of the X-ray fluorescence peaks and the rotating/
translating step.
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FIGURE 54.18 Painting Untitled, Still Life: Ginger Jar and Onions, showing the area of interest; oil on canvas, Hamilton, Canada, McMaster Museum 
of Art, attributed to Van Gogh. Energy dispersive X-ray fluorescence (EDXRF) and map of lead distribution in the area indicated with a square. (After 
McDonald, B. L. 2015. https://theunvarnishedtruth.mcmaster.ca, with permission.)
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FIGURE 54.20 Left: Photo of the Archimedes Palimpsest, Walters Art Gallery, Baltimore, Maryland. Right: Energy dispersive X-ray fluorescence 
(EDXRF)-image of Fe-Kα X-rays, showing the Archimedes text (horizontal lines). (Courtesy of Dr. Gene S. Hall.)
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FIGURE 54.19 High resolution elemental maps of Ca, Cr, Mn, Fe, Co, Ni, Cu, Zn, As, Ba, Hg for the Portrait of a Woman by Edgar Degas, oil on canvas, 
National Gallery of Victoria, Melbourne, Australia. The analyses were carried out by energy dispersive X-ray fluorescence (EDXRF) induced by photons 
from synchrotron light. The size of the painting is 43 × 27 cm. (After Thurrowgood, D. et al. 2016. Sci. Rep. 6, 29594, with permission.)
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XRFI has been applied in various fields, including archaeom-
etry, materials science, medicine, and biology.

54.5.1 Archaeometry

A 2D-map of chemical elements present in the pigments of a 
painting can be extremely useful, even if time consuming. 
Elements can be mapped that indicate a previous restoration area 
(Ti, Zn…); the delimitation of the restoration areas can be very 
useful to the modern restorer. Further, the map of elements can 
give information about the painter’s technique.

Interesting examples are shown in Figure 54.18 (McDonald 
2015) and Figure 54.19 (Thurrowgood et al. 2016) (see Section 
IV, Chapter 58).

A different example is given by the reconstruction of a manu-
script known as the Archimedes Palimpsest, which contains 
Greek versions of seven texts of Archimedes, copied by an 
unknown writer in the tenth century using iron gall ink (http://
www.archimedespalimpsest.org). Because of the trace levels of 
Fe, only synchrotron radiation could be employed. By using a 
synchrotron beam of 8 keV and a 13 element Ge-detector, the 
residual iron, which is typically present in ancient ink, was 
mapped. The result is impressive, because a perfect iron map was 
obtained, which corresponds to the ancient script (Figure 54.20) 
(Bergmann 2004).

An increase of this kind of application in the future may 
be hypothesized, in spite of technical problems related to 
the high numbers of measurements and, consequently, long 
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measuring time. An X-ray tube would be adequate for this kind 
of  application because of the high concentration of chemical ele-
ments in pigments. A problem remains in the case of paintings: 
they are composed of various layers, and an energy dispersive 
X-ray fluorescence (EDXRF)-spectrum exhibits a set of X-ray 
peaks independently from the corresponding layer. In some 
cases, however, the position of the elements can be defined on 
the basis of the “internal ratio” of their X-rays, that is, on the 
basis of their Kα/Kβ or Lα/Lβ ratios, according to the differ-
ent attenuation of these X-rays because of the different energies 
(Cesareo 2016).

It is important to observe that small amounts of ink make it 
practically impossible to obtain sufficient contrast in an X-ray 
transmission image, as used in a dental radiography.

A similar problem of scripts or inscriptions not being vis-
ible applies to Greek or Latin inscriptions on stone, which 
have surfaces that are worn, weathered, or abraded so that the 
original text is no longer visible. Synchrotron based EDXRF 
was employed to search for chemical traces of inscriptions. For 
example, for inscriptions from the Roman era, trace amounts of 
lead correlated to inscriptions were detected and used to recover 
the original text (Powers et al. 2005).

54.5.2 Materials Science

For example, the diffusion of silver ions through an LiF crystal 
was studied, after doping the crystal with a small quantity of AgI 
and heating the crystal at 600°C for 24 hours. An AgI solution 
was put into a cylindrical hole drilled in the center of the crystal. 
After heating, the solution was removed from the hole and the 
Ag content measured in a section of the crystal orthogonal to the 
drilled cylinder. EDXRF-measurements were carried out both 
with an X-ray tube and using synchrotron radiation, with quite 
similar results (Figure 54.21) (Cesareo and Mascarenhas 1989, 
Cesareo et al. 1990).

Bavdaz et al. used synchrotron radiation to map elements in a 
low Z matrix. An image of nickel grains in a polymer matrix is 
shown in Figure 54.22 (Bavdaz et al. 1988).

54.5.3 Medicine and Biology

A large number of studies have recently been carried out in these 
fields; all these applications were carried out with synchrotron 
radiation, because the elements to be mapped were present at 
ppm levels (Lopes et al. 2011).
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Pereira et al. mapped, for example, iron, copper, and zinc in 
human breast tissue samples (Pereira et al. 2007). Leitão et al. 
analyzed and mapped zinc in prostate spheroids. Diseases of 
the prostate gland are the most frequently diagnosed in men 
after middle age and spheroid cell culture is a useful technique 
for tissue regeneration in medical research. Zinc distribution 
in prostate spheroids is particularly significant (Leitão et  al. 
2015).

Of particular interest is the identification, localization, and 
mapping of gold nanoparticles correlated to cancer, carried out 
in simulated samples and in small animals; in a recent paper 
Manahan et al. used a benchtop X-ray tube, working at 115 kV 
and 20 MA and partially monochromatized, to excite the Au-K 
lines (K-discontinuity at 80 keV, Kα lines at about 68 keV, Kβ 
lines at about 79 keV) and a CdTe detector, which had an energy 
resolution of about 700 eV at 80 keV. The authors were able to 
detect Au at a concentration level of 0.5 mg Au/g (Monahar et al. 
2016). Figures 54.23 through 54.25 show a typical X-ray spec-
trum of gold nanoparticles injected in the kidney of a mouse, 
images of CT and EDXRF maps of Au nanoparticles, and a 3D 
volume reconstructed post-mortem image of a mouse treated 
with gold nanoparticles.

FIGURE 54.26 XRF map of a dinosaur bone, from Molì del Barò, Spain. (Courtesy of Dr. G. Piga, University of Sassari.)
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mouse from post-mortem computed tomography (CT) and energy dispersive 
X-ray fluorescence (EDXRF) measurements. (After Monahar, N. et al. 2016. 
Sci. Rep. 6, 22079, with permission.)



1098 Handbook of X-ray Imaging

Another interesting example of XRF-imaging is shown in 
Figure 54.26, where the EDXRF-surface imaging of a dinosaur 
fragment is reported. The localization of each of the analyzed 
chemical elements is visible.

54.6  Applications of Scattered Radiations

Compton scattered photons depend on the density of irradiated 
material and are, therefore, an ideal technique to differentiate 
materials with different densities. For example, air having a den-
sity of 1.3 × 10−3 g/cm3—is easy to differentiate from all solid 
and liquid materials, which have a density of the order of 103 
times higher.

Another point related to Compton scattered photons is that 
access to both parts of the object is not required, such as in the 
case of X-ray transmission and CT. Source and detector can be 
positioned on the same side of the object.

Equipment for detection of Compton scattered photons is 
 composed of a source of X-ray monoenergetic photons, the  output 
of which irradiates a secondary target to monochromatize the beam.

The secondary monoenergetic beam, strongly collimated, 
irradiates the voxel of interest. The Compton emitted photons are 
also strongly collimated and reach the detector. The X-ray tube, 
secondary target, and detector are located on a table which can 
be translated in the x–y–z-axes. The intersection of both X-ray 
beams from both collimators identifies the “analyzed voxel.” By 
moving the table in two or three axes, a density mass is obtained 
(Figure 54.27). The main problem is the low intensity of the 

beam reaching this voxel. In fact, the output X-ray beam from 
the tube must first be reduced to a monoenergetic beam, which 
could be done by a secondary target that will emit monoenergetic 
lines via a fluorescent effect. This monochromatization is rela-
tively easy to carry out, but strongly reduces the beam intensity. 
Further, because of the strong collimation, only a small part of 
the monoenergetic beam reaches the voxel. Finally, only a small 
part of the Compton scattered photons enter the detector colli-
mator. Therefore, a relatively high power X-ray tube is required.

54.6.1  Void Detection Using Compton 
Scattered Photons

The equipment described above was applied to detect detach-
ments in Raphael’s fresco “stanza di Eliodoro,” one of the “stanze 
di Raffaello” in the Vatican Museum in Rome (Figure  54.28) 
(Castellano et al. 2005).

The following equipment was employed:

• A 90 kV, 1 mA X-ray tube; the output flux was filtered 
to strongly reduce the low-energy component; the out-
put beam was not monochromatized.

• A CdZnTe detector with an efficiency of about 100% in 
the range 10–80 keV and energy resolution of 1.7 keV 
at 60 keV.

• A table that can be translated in the x–y plane.

Figure 54.29 shows a typical result, in which the effect of a 
detachment in Rafael’s fresco is clearly visible.

Analyzed voxel

x–z translation

Collimated brems-
strahlung X-rays

Collimated fluorescent
X-rays beam

X-ray tube

X-ray detector

Table with X-ray tube and detector
orthogonal to the painting

Painting

FIGURE 54.27 Schematic setup for detection of voids in a wall using Compton scattered photons. By translating in the x–y plane, or in the x–y–z volume, 
a two- or three-dimensional image is obtained.
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54.6.2 Applications of R/C Ratio

54.6.2.1  Differentiation between Materials with 
Similar Density and Different Z

As observed in Section 54.2.4, the ratio R/C—the ratio between 
coherent (Rayleigh) to Compton scattered photons—only 
depends on atomic number Zn, where n depends on the energy 
of incident radiation and on the scattering angle. The R/C ratio 
can therefore be employed to differentiate materials and is 
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particularly useful for materials with quite similar density and 
similar Z. Many studies and applications have been carried 
out in this field (Duvauchelle et al. 1999, Donativi et al. 2007, 
Antoniassi et al. 2015). Recently, Li et al. employed this method 
using a confocal 3D micro X-ray scattering technology to dif-
ferentiate low Z-materials (Li et al. 2015).

54.6.2.2 Analysis of Binary Alloys

A binary alloy, or any two-component mixture containing mainly 
two elements, can be analytically determined using the R/C ratio. 
For example, in the case of a silver–copper alloy, where copper 
has atomic number Z = 29 and silver has atomic number Z = 47, 
the R/C ratio is shown in Figure 54.13. A monoenergetic beam of 
22 keV is employed and a scattering angle of 90°.

The R/C-ratio was tested on silver alloys containing copper 
in ancient Roman objects from Pompei and Ercolano (Cesareo 
et al. 1982).

54.6.2.3 Bone Density Measurements

In the eighties, extensive studies were carried out on the use of 
the R/C ratio in the measurement of trabecular bone mineral 
density (TBMD), mainly using an americium-241 source (which 
emits gamma rays of 59.6 keV) and a 90° scattering angle. In 
1979, Schätzler described the first analytical application of 
the R/C method, showing that this ratio is only a function of 
atomic  number Z (Schätzler 1979). In 1982, Ling et al. published 
exhaustive results on TBMD, including clinical use (Ling et al. 
1982). Using a 70° scattering angle and a 1.2 Ci Am-241 source, 
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they obtained an accuracy of 5% and a precision of 3% with a 
counting time of 15 minutes. The dose to the patient is about 
300 mRad. The  comparison between R/C results and direct mea-
surement showed that the R/C method is reliable. More recently, 
the R/C method was applied to measure the mandibular bone 
density by employing gamma-ray backscattering (Morgan et al. 
1999, Sharma et al. 2009).

54.7 Imaging Using Scattered Radiation

54.7.1 Compton Imaging

As observed above, there are applications where the conven-
tional X-ray absorption techniques (radiographs and transmis-
sion tomographies) are not reliable. This is the case with light, 
low Z materials, or samples for which structural information is 
required. Many samples can be considered as formed by light 
material, such as some biological samples to plastic explosives.

Examples of biological applications are the study of breast tis-
sue (Antoniassi et al. 2015), lung cancer radiotherapy (Yan et al. 
2016), and hadron therapy monitoring (Frances et al. 2010).

Examples of application for non-destructive tests are real-time 
measurements of a working battery or, more generally, samples 
which change their characteristics during operation (Itou et al. 
2015). The experimental setup used to measure a coin cell is 
reported in Figure 54.30a. In Figure 54.30b, the intensity of the 
Compton signal versus charge is depicted (Itou et al. 2015).

Another important application is the detection of plastic explo-
sives. In fact, explosive materials represent a big threat worldwide, 
for example, because of the large number of planted mines or the 
possibility of terrorist attacks. This implies the need for large scale 
controls at any public site, such as at airports. Using conventional 
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FIGURE 54.33 Transmission (in dark gray) and Compton (in light gray) 
tomography of (a) the MSW1 fly ash particle and (b) the B2 biomass fly ash 
particle. (Reprinted with permission from Camerani, M. C. et al. Fluorescence 
tomography of individual municipal solid waste and biomass fly ash particles. 
Anal. Chem. 76, 1586–1595. Copyright 2004 American Chemical Society.)
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radiographic systems, some explosives are practically indistin-
guishable from other objects inside luggage. For this reason, sev-
eral alternative techniques have been developed. One of them is 
represented by the dual-energy systems, where two measurements 
at two different energies are performed. Although it is theoreti-
cally possible to distinguish between different chemical elements, 
their practical application requires the introduction of other tech-
niques or use of a priori information (Singh and Singh 2003). An 
alternative is to use scattering radiation. Explosives have two main 
characteristics: they are formed from low Z materials and their 
physical densities are higher than plastics and packed clothing 
(Annis et al. 1992). There are several studies on luggage inspec-
tion (Grodzins 1991, Schafer and Swift 1991, 1993, Harding 2004).

Compton scattering radiation is often used together with coher-
ent scattering radiation, giving information about the atomic 

number and the physical density. Compton tomography has been 
applied to a large set of samples, ranging from food to Martian 
soil samples (Brunetti et al. 2002, Golosio et al. 2003, Cruvinel 
and Balogun 2006). As observed in Section 54.4.1, because of 
the low number of photons scattered with respect to the flux 
emitted by the source, the use of scattered radiation is conve-
nient when a high brilliance source is available, such as synchro-
tron light. This is further true when a high spatial resolution is 
required. However, some applications of Compton tomography 
using an X-ray tube have been reported (Brunetti et al. 2002). In 
Figure 54.31, the application to soil analysis is depicted (Cruvinel 
and Balogun 2006). In this case, the analyzed solid, placed in a 
Plexiglas container, has a different water content.

In Figure 54.17, a schematic setup of an X-ray Compton scan-
ner is depicted, while in Figure 54.32 transmission and Compton 
tomographies of a cork are reported. Observing the profile in 
Figure 54.32a and the relative tomographic reconstruction (Figure 
54.32c), the low contrast obtainable from transmission measure-
ments is clearly visible, due to the low absorption of such a sam-
ple. The Compton tomographic reconstruction (Figure 54.32d) 
and its profile (Figure 54.32b) shows, on the contrary, the good 
contrast obtainable. The spatial resolution is low, about one mil-
limeter, and is mainly due to the low flux available.

Compton scattering is often used simultaneously with trans-
mission, coherent, and fluorescence tomographs to obtain a com-
plete characterization of the sample (Brunetti and Golosio 2001, 
Golosio et  al. 2003). In Figure 54.33, the comparison between 
transmission and Compton tomography (synchrotron light 
source) is reported for an ash particle (Camerani et al. 2004).

54.7.2 Diffraction Imaging

X-ray diffraction is a widely used technique. It allows a chemical 
characterization of the sample to be obtained in terms of chemi-
cal content and structural aspects.

In principle, this technique is able to distinguish between 
materials with similar Z. Two extreme situations can be found: 
amorphous and crystalline materials. The first one produces a 
broad background spectrum while the second one produces a 
spectrum with sharp peaks. Usually, this technique is used on 
a single, spectroscopic spot, even if there are some instruments 
that allow an imaging scan. Even in this case, the availability of 
high brilliance sources has opened the application spectra.

The possibility of realizing a coherent scattering tomographic 
was demonstrated by Harding et al. (1987). In Figure 54.34a, 
the system proposed is depicted. It was based on an X-ray tube 
working at 120 kVp and an array of 61 scintillators. The pattern 
recorded is similar to that shown in Figure 54.34b, that is, a set of 
circular concentric rings generated according to the Bragg condi-
tion. This setup is used again nowadays (Stock et al. 2008), even 
if a synchrotron radiation source is preferred.

From a technical point of view, the diffraction-tomography can 
be divided into two classes: tomographic angle-dispersive dif-
fraction imaging (TADDI) and tomographic energy-dispersive 
diffraction imaging (TEDDI). The first is based on the classic 
diffractometric setup: an area detector is placed behind the sam-
ple and a beam stop on its center; a pencil beam is used in order to 
select the region of interaction. The circular patterns formed are 
integrated and a low-noise diffraction pattern can be obtained. 
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In the case of the TEDDI approach, a collimator is also required 
on an energy discriminating detector (see Figure 54.35). This is 
because the Bragg angle must be selected as well as the diffrac-
tion region of the sample. In both cases, the sample is translated 
and rotated, covering all the voxels of the sample. Several scan 
modalities have been developed (Lazzari et al. 2012). This kind 
of measurement is usually performed at a synchrotron source, 
but some applications using a modified version of a laboratory 
diffractometer have been reported (Cersoy et al. 2015).

In Figure 54.36, a TEDDI measurement of a phantom sample is 
depicted. In Figure 54.36a, the classic sinogram obtainable from 
any kind of tomographic measurement is depicted, but here is 
separated for each chemical element composing the sample. Each 
of these sinograms is then reconstructed (Figure 54.36a bottom). 
The X-ray source used is the Daresbury synchrotron source, 
and the measurement lasts 18 hours even with this kind of source. 
The reconstruction algorithm does not consider absorption of 
X-rays and so some structures are not perfectly reconstructed. 
The algorithm described in Section 54.4.2.3 could conveniently 

be used (Golosio et al. 2004). The size of the collimator influ-
ences the broadening of the detected peak. Thus, the collimator 
size must be conveniently chosen. In the case of TADDI mea-
surements, this phenomenon is often observed for large samples. 
Thus TADDI cannot easily be applied to large samples. In such 
a case, a large set of overlapping peaks is observed and so, with-
out a priori knowledge of the sample composition, the identifica-
tion of the chemical elements could be almost impossible. The 
TEDDI scan does not suffer this limitation. On the contrary, 
TADDI performs better on samples with small features (Lazzari 
et al. 2012). However, a limitation of TEDDI is the large mea-
surement time. The TADDI approach is about 40× faster than 
TEDDI. However, the availability of 2D detectors will dramati-
cally decrease the measurement time. Finally, the sensitivity is 
higher in a TADDI scan than in a TEDDI by about one order of 
magnitude. Of course, the sensitivity depends on the sample but it 
is roughly around 1 wt% for a TEDDI scan (Lazzari et al. 2012).

In the example reported above, the samples will almost always 
follow the Bragg condition, or in other words, the sample shows a 
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crystalline structure. In the case of amorphous material, such as 
biological tissues, the situation is more complex. In fact, in this 
case, the peaks show a big broadening, but even in this situation, 
the material can always be recognized (Figure 54.37) (Harding 
et al. 1987, Farquharson 2013).

Another kind of application is related to the detection of for-
bidden material during airport controls. Even in this case, a 
characteristic scattering signal can be identified (Harding and 
Schreiber 1999, Harding 2004).

Finally, interesting results are reported on an application 
concerning X-ray diffraction of nanoparticles (Bonnin et  al. 
2014). In this case, a U–Mo alloy is analyzed, which is used for 
nuclear fuels. Transmission tomographs are performed, applying 
a conventional Rietveld method. In this case, the quality of the 
reconstruction, which used a standard filtered back projection 
reconstruction algorithm, is poor due to the broken homogeneity 
of the diffraction rings coming from the isolated diffraction spot.
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55
Tissue Substitute Materials for Diagnostic X-ray Imaging

Srinivasan Vedantham

55.1 Introduction

Tissue substitutes or phantom materials play an important role 
in diagnostic X-ray imaging. During the developmental stages of 
an imaging system or an imaging technique, these tissue substi-
tute materials play an important role in evaluating the feasibil-
ity and potential to achieve the targeted imaging performance. 
Upon development of the imaging system or the imaging tech-
nique, they are of great use in optimizing the performance of 
the imaging system or refining the imaging technique. Once the 
developed imaging system and the imaging technique are clini-
cally translated, the use of phantoms comprising these tissue 

substitutes plays an important and ubiquitous role during quality 
control surveys and audits to verify and ensure that the imaging 
system is performing as per prescribed standards. In addition to 
the role of tissue substitutes for qualitatively and quantitatively 
characterizing imaging quality, they also play an important role 
for radiation dosimetry. This was recognized during the early 
1900s. While early work was more focused on quantifying 
the output from the X-ray tube, such as the milliampere meter 
and beam quality measurements using Béclècre’s spintermeter, 
Belot’s penetrometer, and Benoist’s radiochrometer, photochro-
mic methods were developed such as the Kienböck quantimeter 
where a film strip placed on the exposed region is compared 
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to a reference scale purportedly graded in units of skin epila-
tion dose. A review of these early works is provided by various 
authors (Kassabian 1907, Keogh 1918).

In this chapter, the focus is on diagnostic X-ray imaging span-
ning X-ray photon energies from 5 to 150 keV with emphasis 
on emerging imaging techniques and their implications for tis-
sue substitute materials. However, the principles described in 
this chapter can be extended to tissue substitutes for radiation 
dosimetry, electron, proton, and neutron interactions and for 
higher energy photons, and readers are directed to White and 
Constantinou (1982) for further details. The chapter is arranged 
as follows: first, the factors that need to be considered while 
designing or selecting a tissue substitute material are discussed, 
followed by a discussion on the design parameters, such as the 
effective atomic number and the electron density, that need to 
be considered while formulating new substitutes or for identify-
ing a substitute material for the intended imaging method. Next, 
the method used to design or formulate new substitutes, includ-
ing a review of various methods that have been pursued in the 
past, is discussed. The reported elemental compositions of vari-
ous tissues and organs and of various tissue substitute materi-
als were collected and summarized and were used to determine 
the electron density, effective atomic number, and the refractive 
index decrement. This is followed by a discussion on the meth-
ods used to compare the X-ray attenuation properties and refrac-
tive indices of tissues and organs with commonly used polymers, 
elemental media, and compounds that serve as tissue substitute 
materials. Finally, a discussion on various anthropomorphic 
phantoms incorporating such tissue substitutes and on ongoing 
work towards fabricating phantoms with structural patterns more 
representative of the organ is provided. Where possible, symbols 
that are routinely used in literature are used to represent the vari-
ous physical measures and are summarized in Table 55.1, along 
with abbreviations used in the chapter.

55.2 Design Considerations

Several factors need to be considered while selecting or designing 
tissue substitute materials and, consequently, the development of 
a phantom intended for evaluating, optimizing, and monitoring 
the performance of an imaging system. First, the intended energy 
range needs to be considered. The polyenergetic X-ray spectra 
used for medical diagnostic X-ray imaging span a wide energy 
range from a few kilo-electron-volts (keV) to as high as 150 keV 
(see Section I, Chapter 2). For example, the X-ray spectrum used 
for mammographic imaging with appropriate filtration ranges 
from approximately 5 keV to approximately 35 keV (see Section 
II, Chapter 19), whereas the X-ray spectrum used for computed 
tomography (CT) of the abdomen typically contains X-ray pho-
tons in the energy range of 20–150 keV (see Section III, Chapter 
32). Figure 55.1 shows representative spectra for mammography, 
radiography and fluoroscopy (R&F), and CT. The simulated 
spectra (Boone and Seibert 1997, Boone et al. 1997) (see Section 
I, Chapter 10) are individually normalized to unit area and the 
half-value layer (HVL) thicknesses in mm of Al are provided. 
The mammography spectrum was simulated with Mo anode and 
30 µm Mo filter. The R&F spectrum was simulated with 0.1 mm 
Cu and 1 mm Al filters that are used in one fluoroscopic system 

for neurointerventional imaging (van der Marel et al. 2017). For 
CT, the X-ray spectrum was obtained with a 10 mm Al filter to 
approximately match the reported HVL (Boone et al. 2012). It is 
relevant to recognize the difference between the X-ray photon 
energy (in units of keV) and the voltage applied to the X-ray tube 
(in units of kilovolts or kV), which imposes the maximum limit 
to the X-ray photon energy for that spectrum. As an example, 
when 70 kV is selected for an imaging exam, the X-ray spec-
trum will contain photon energies up to 70 keV. The low energy 
X-ray photons in the X-ray spectrum that do not contribute to the 
image are filtered with appropriate X-ray filter and of appropriate 
thickness.

TABLE 55.1

Symbols and Abbreviations Used in This Chapter

Abbreviation/
Symbol Description/Parameter (Units or Values)

3D Three-dimension

ACR American College of Radiology

CT Computed tomography

CTDI Computed tomography dose index

FDA United States Food and Drug Administration

HU CT number in Hounsfield units

HVL Half-value layer thickness

ICRP International Commission on Radiological Protection

ICRU International Commission on Radiation Units and 
Measurements

kV Applied X-ray tube voltage in kilovolts

MCNP Monte Carlo N-Particle

NIST National Institutes of Standards and Technology

PET Positron Emission Tomography

PMMA Poly(methyl methacrylate)

R&F Radiography and fluoroscopy

µ Linear attenuation coefficient (1/cm)

ρ Mass density (g/cm3)

µm = (µ/ρ) Mass attenuation coefficient (cm2/g)

σ Photon interaction cross-section per atom (cm2/atom)

E X-ray photon energy (KeV)

λ Wavelength (nm)

n = 1 − δ − iβ Complex refractive index

δ Refractive index decrement

β Attenuation index

t Thickness of material along X-ray beam path (cm)

Z Atomic number

A Atomic weight

NA Avogadro’s number (6.022 × 1023 mol−1 or atoms/g)

Zeff Effective atomic number

n0 Electron density expressed as electrons/g

ρe Electron density expressed as electrons/cm3

ρe
* Relative electron density (with respect to water)

wi Weight fraction of the i-th constituent

αi Fractional electron content of the i-th constituent

χi Molar fraction of the i-th constituent

h Planck’s constant (6.626 × 10−34 J.s or m2.kg/s)

� = h/2π Reduced Planck’s constant

r0 Classical electron radius (2.82 × 10−13 cm)

c Speed of light (3 × 108 m/s)
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In the diagnostic X-ray imaging energy range of 5–150 keV, 
X-rays undergo one of three interactions: the photoelectric effect, 
coherent scattering, or incoherent scattering (see Section I, 
Chapter 1). At low X-ray photon energies, the photoelectric effect 
is the dominant contributor to the total attenuation coefficient, 
whereas at high X-ray photon energies, incoherent scattering is 
the dominant contributor. This is illustrated in Figure 55.2 for 
water (H2O) and the mass attenuation coefficients were obtained 
from the National Institute of Standards and Technology (NIST) 
(Chantler et al. 2003). Figure 55.2a shows the mass attenuation 
coefficient, represented as µ/ρ (in units of cm2/g), where µ is the 
linear attenuation coefficient (in units of cm−1) and ρ is density 
(in units of g/cm3) for the three X-ray interactions. Figure 55.2b 
shows the relative contribution of each of the three interactions 
to the total mass attenuation coefficient. It is important to recog-
nize that the energy-dependent relative contribution of the three 
interactions, as well as the energy-dependent total mass attenu-
ation coefficient, and consequently the linear attenuation coef-
ficient, are dependent on the material. This relatively wide range 
of X-ray photon energies for diagnostic X-ray imaging poses a 
challenge in identifying materials that mimic the X-ray imag-
ing properties of various tissues, organs, and anatomic regions. 

A tissue substitute material chosen to represent an organ or tis-
sue at low energy range may not necessarily be appropriate for 
high energy imaging. For example, a phantom designed to repre-
sent a breast for mammography may not necessarily be the best 
choice at higher energy used in dedicated breast CT (Lindfors 
et  al. 2008, O’Connell et  al. 2010, 2014, Prionas et  al. 2010, 
Vedantham et al. 2012b, 2013, 2014b, Sarno et al. 2015).

A second factor to consider during the selection or design of a tis-
sue substitute material, and consequently, a phantom, is the physi-
cal measure that contributes to the image provided by the imaging 
system or technique. Let us consider the case of projection radi-
ography and mammography. For monoenergetic X-ray photons, 
the ratio of the number of photons transmitted to that incident on 
a tissue with mass attenuation coefficient (µ/ρ)T , density ρT , and 
thickness tT can be determined by the well-known Beer–Lambert 
law as: e T T Tt−( / )µ ρ ρ . If we consider a tissue substitute with mass 
attenuation coefficient (µ/ρs ≠ µ/ρ)T and density ρS ≠ ρT , for a 
fixed number of incident photons, then the same number of trans-
mitted photons can be obtained by choosing the thickness of the 
substitute material, tS, such that (µ/ρs)ρsts = (µ/ρ)T ρ T tT. This has 
led to the ubiquitous use of polymethyl methacrylate (PMMA) as 
test object. It naturally follows that if (µ/ρs ≠ µ/ρ)T , but ρS ≠ ρT , 
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then choosing the thickness of the substitute material, tS, such that 
ρStS = ρTtT would also result in the same number of transmitted 
photons for a fixed number of incident photons. However, for CT, 
where the image is reconstructed to linear attenuation coefficient 
µ, or its scaled version with respect to water in Hounsfield units 
(HU), it is important that the linear attenuation of the substitute 
material matches that of the tissue (see Section III, Chapter 32). 
More recent approaches (Davis et al. 1995, Momose and Fukuda 
1995, Snigirev et al. 1995, Chapman et al. 1997, Arfelli et al. 2000, 
Wu and Liu 2004, Pfeiffer et al. 2006, Zhou and Brahme 2008, 
Qi et al. 2010, Stampanoni et al. 2011, Vedantham et al. 2014a, 
Longo et al. 2016) are investigating the potential of exploiting the 
wave nature of X-rays to provide phase-sensitive images. As an 
X-ray traverses an object, it undergoes refraction and attenuation. 
The associated phase and intensity changes are represented by 
the complex index of refraction, n = 1 − δ − iβ, where δ is the 
refractive index decrement contributing to the phase shift and β 
is the attenuation index that is related to the linear attenuation 
coefficient by µ = 4πβ/λ, where λ is the wavelength correspond-
ing to the X-ray photon energy. It is important to recognize that 
a tissue substitute material designed for attenuation-based con-
ventional X-ray to represent a tissue may not be representative for 
phase-sensitive X-ray imaging even in the same energy range. For 
example, BR-12 approximates breast tissue with 50% fibroglan-
dular content in terms of the linear attenuation coefficient µ in 
the 15–30 keV energy range, but is only equivalent to breast tissue 
with 20% fibroglandular content in terms of the refractive index 
decrement δ over the same energy range (Vedantham and Karellas 
2013). Hence, the two important factors to consider for selecting 
or designing tissue substitute materials for diagnostic X-ray imag-
ing are the energy range and the physical measure that contributes 
to the image provided by the imaging system or technique.

55.3 Design Parameters

55.3.1  Mass Attenuation Coefficient of 
Mixtures and Compounds

The mass attenuation coefficient of an element is directly related 
to the total cross-section per atom σtot by

 

µ
ρ

σ=










N
A

A
tot

 
(55.1)

where, NA is Avogadro’s number, A is the atomic weight, and 
σtot = σcoh + σincoh + σpe for the diagnostic energy range of 
5–150 keV considered in this chapter. σcoh, σincoh, and σpe are the 
partial interaction cross-sections for coherent scatter, incoherent 
(Compton) scatter and photoelectric interaction, respectively, and 
are generally proportional to Zx, where the value of the exponent 
x depends on the partial interaction process (Hine 1952). Thus, 
the mass attenuation coefficient at energy E is (White 1977a)
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where k(E) are constants at energy E and correspond to each par-
tial interaction process. The mass attenuation coefficient (cm2/g) 

of a mixture or a compound can be determined using the mixture 
rule, also referred to as the addition or summing rule, as
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ρ

µ
ρ
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ii  
(55.3)

where wi is the weight fraction of the i-th element in the mix-
ture or compound determined as w n A n Ai i i i i i= ∑( )/ , such that 
Σiwi = 1 and ni is the number of atoms of the i-th element, also 
referred to as formula units. The above mixture rule is gener-
ally considered valid, except at close to absorption edges, which 
occur below 5 keV for elements of biological interest (Z ≤ 20).

55.3.2 Effective Atomic Number

The dependence of X-ray absorption, in particular for photoelec-
tric interaction, on atomic number Z and energy E, and hence 
wavelength λ, was originally described by Bragg and Peirce 
(1914) to follow a power-law form of ZmE−n. Subsequently, Owen 
(1918) and Richtmyer and Warburton (1923) confirmed the find-
ings of Bragg and Peirce (1914), with Owen (1918) assigning an 
atomic number to a compound (water). Determination of the 
effective atomic number Zeff can be broadly classified into those 
based on power-law, wherein Zeff is obtained by weighting the 
exponentiated atomic number Zm of the individual elements with 
its relative fraction in the mixture or compound, or as tabulated 
or direct methods, wherein either the tabulated atomic cross-
section σ or the tabulated µ/ρ of the elements (Berger et al. 2011) 
constituting the mixture is used to determine Zeff . The power-law 
based methods are discussed first.

Power-law based methods: Mayneord (1937) and Spiers 
(1946), considered a compound or a mixture as an element with 
effective atomic number Zeff following a power-law form as

 

Z Zeff
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i i
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(55.4)

where αi is the fractional electron content of the i-th element in a 
mixture with N elements and αi is determined as
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(55.5)

such that Σiαi = 1. This expression is based only on photoelec-
tric interactions. Hence, the photoelectric mass attenuation coef-
ficient for a compound can be obtained by (Spiers 1946, White 
1977a)

 

µ
ρ
pe

pe eff
mk E n Z pe= −( ) 0

1

 
(55.6)

where kpe(E) is a constant for a given energy, E, and n0 is the elec-
tron density (electrons/g) given by n N w Z AA i i i i0 = ∑ ( )/ . Various 
values of the exponent m have been proposed in the literature 
and depending on the partial interaction process (Hine 1952). For 
photoelectric interactions, mpe values of 3.94 by Mayneord (1937) 
and Spiers (1946), 4.1 by Hine (1952), 4.4 by Weber and van den 
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Berge (1969) and Cho et al. (1975), 4.8 by McCullough (1975), 
4.62 by Rutherford et  al. (1976) and Schneider et  al. (1996), 
4.3–4.6 by White (1977a), White (1977b), 4.21 by Martinez et al. 
(2012), and 4.5 by Johns and Cunningham (1983) and Khan and 
Gibbons (2014) have been reported or used. For coherent scatter-
ing, mcoh values of 2.7 by Weber and van den Berge (1969), 3.0 by 
McCullough (1975), 2.86 by Rutherford et al. (1976), and 2.6–2.7 
by White (1977a), White (1977b) have been reported. These val-
ues of m for each of the partial interaction processes are typi-
cally obtained by linear regression of the log(σ) and log(Z) for 
elements of interest, where σ is the cross-section for the partial 
interaction process considered. In general, the exponent values 
are mincoh ≃ 1 for incoherent (Compton) scatter, mcoh ≃ 2−3 for 
coherent scatter, and mpe ≃ 4−5 for photoelectric interaction 
(White 1977a).

Several alternative formulations or definitions for Zeff have 
been proposed. Glasser (1947) proposed using the weight frac-
tion wi,
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with m = 4. Hine (1952) proposed using
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Since (Z/A) approaches 0.5 for most elements with the excep-
tion of hydrogen, wi is approximately similar to αi. However, for 
biological tissues which typically contain hydrogen, the above 
approximation is difficult to justify. Also, the abundance of iso-
topes differs with elements resulting in a varying (Z/A). Murty 
(1965), while acknowledging that each partial interaction process 
may require a different Zeff , suggested that, for the energy range 
where Compton interaction is dominant, Zeff can be approxi-
mated by
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Tabulated or direct methods: these methods utilize the (µ/ρ)i 
from tabulated data (Hubbell 1982, Gerward et al. 2001, 2004, 
Berger et al. 2011) or its parametrization (Jackson and Hawkes 
1981, Midgley 2004) for each element constituting the mixture 
and do not explicitly consider the partial interaction processes. 
The development of these methods was motivated by the obser-
vation that the estimate of Zeff is highly sensitive to the exponent 
m in power-law based methods. For a compound or mixture, Rao 
et al. (1985) proposed determining the (µ/ρ) of that compound 
based on the mixture rule in Equation 55.3 and then determin-
ing the atomic cross-section per atom by rearranging Equation 
55.1 and factoring the weight fraction and atomic weight of each 
constituent as
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The above-determined atomic cross-section per atom σa is 
then compared to a plot of atomic number versus atomic cross-
section for elements to determine Zeff . A similar approach 
employing log–log interpolation of the two closest elements that 
exhibit atomic cross-sections bounding the atomic cross-section 
of the compound has also been reported (Singh et al. 2002, Tejbir 
et al. 2007, Damla et al. 2012). A variant of this approach that 
leverages the correlation between atomic cross-sections and 
atomic number has also been reported (Taylor et al. 2008). For 
molecules, Manohara et al. (2008b,c) computed the total cross-
section per molecule as
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where ni and σtot,i are the number of atoms and the total atomic 
cross-section of the i-th constituent, respectively, and the total 
number of atoms in the molecule is Σini. The cross-section per mol-
ecule was considered as the product of the number of atoms (Σini) 
and an average or effective cross-section per atom (σa) resulting in
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From Equations 55.11 and 55.12, the average or effective cross-
section per atom is obtained by
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Similarly, the average or effective cross-section per electron, 
σe, is obtained as
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resulting in
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Since σe can also be written as
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From Equations 55.13, 55.16, and 55.1, Zeff can be written as 
(Manohara et al. 2008b,c)
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By defining molar fraction χi i i
nn i= /Σ , Zeff can also be written 

as (Manohara et al. 2008c)
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For the diagnostic energy range, while the above methods are 
discussed in the context of X-ray photon attenuation, they can 
be easily adapted to photon energy absorption (White 1977a, 
Shivaramu 2002, Manohara et al. 2008a). It is relevant to note 
Zeff varies with energy and composition (White 1977a), and the 
Zeff determined for photon attenuation and photon energy absorp-
tion may not be identical. Several other definitions for Zeff have 
been proposed in the context of coherent-to-Compton ratio imag-
ing (Manninen and Koikkalainen 1984, Singh et  al. 2014) and 
dual-energy CT (Bonnin et al. 2014).

55.3.3 Electron Density

The electron density, ρe, of a compound expressed in units of 
electrons/cm3 can be calculated from its mass density ρ, and 
from the weight fraction wi, atomic number Zi, and atomic weight 
Ai of its constituents as (Khan and Gibbons 2014)
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where n NA i
w Z Ai i i

0 = ∑ ( )/  is in units of electrons/g and is also 
referred to as electron density in the literature. Hence, particu-
lar attention should be devoted to the units. Alternate definitions 
of n0, and consequently ρe, have been reported by generaliz-
ing Equation 55.19 with Zeff and average atomic weight of the 
compound or molecule (Manohara et al. 2008b,c). The electron 
density can also be expressed relative to water (Schneider et al. 
1996), referred to as relative electron density ρe

*
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where ρw and n0,w are the mass density (g/cm3) and electron den-
sity (electrons/g) of water.

55.3.4  Importance of Effective Atomic 
Number and Electron Density

For all conventional attenuation-based diagnostic X-ray imaging 
such as mammography, tomosynthesis, radiography and fluoros-
copy, and CT, the physical parameter contributing to the image 
contrast is the linear attenuation coefficient, µ. From Equations 
55.6 and 55.19, it can be seen that for photoelectric interaction
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(55.21)

Extending this to all interactions in a manner similar to 
Equation 55.2 and using mincoh ≃ 1, which implies that Compton 

scattering is independent of Z and is consistent with the Klein–
Nishina formulation,
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For energies where coherent scatter is negligible, this reduces to
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Thus, both ρe and Zeff have an important role on µ. Since µ is 
linearly related to ρe and related to Zeff

m−1, it is important to match 
Zeff of the substitute to that of the targeted tissue as much as pos-
sible. From Equation 55.22, it can be seen that both ρe and Zeff are 
important for coherent scatter imaging (Wignall et al. 2009, Cui 
et al. 2010, Landheer and Johns 2012, Ghammraoui et al. 2016, 
Hassan et al. 2016, Kern et al. 2016, Lakshmanan et al. 2016) and 
for coherent-to-Compton scatter ratio imaging (Karellas et  al. 
1983, Shukla et al. 1986, Harding et al. 1995).

X-ray phase-contrast imaging is being actively investigated and 
the development of systems targeted towards in vivo breast imag-
ing has been reported (Matsuo et al. 2008, Koehler et al. 2015). 
Extensive and thorough topical reviews on X-ray phase-contrast 
imaging have been published (Bravin et al. 2013, Pfeiffer et al. 
2013). The phase and intensity changes experienced by the X-ray 
beam due to refraction and attenuation are dependent on the com-
plex refractive index, n = 1 − δ − iβ, where δ is the refractive 
index decrement contributing to the phase shift, and β is the atten-
uation index that is related to the linear attenuation coefficient by
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where λ is the wavelength corresponding to the X-ray photon 
energy E expressed in J, h is Planck’s constant (6.626 × 10−34 J.s), 
and c is speed of light (3 × 108 m/s). Hence, it can be inferred 
that β is dependent on both ρe and Zeff

m−1. The refractive index 
decrement δ is
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where r0 is the classical electron radius (2.82 × 10−15 m) and 
� = h/2π  is the reduced Planck’s constant (1.055 × 10−34 J.s). 
Thus, δ is dependent on ρe, but not on Zeff . Hence, when δ of 
a material is determined from X-ray phase-contrast tomog-
raphy, the electron density ρe can be obtained (Qi et  al. 2010). 
Summarizing the above discussion, ρe and Zeff play an important 
role in conventional X-ray imaging and in emerging techniques. 
Hence, it is important that the ρe and Zeff of the substitute material 
are matched as closely as possible to those of the targeted tissue.

55.3.5 Computational Tools and Online Resources

In order to appropriately mimic the X-ray properties of a tar-
geted tissue by either designing a substitute material or selecting 
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a substitute from available materials, and to verify or validate 
the appropriateness of the selected substitute, key requirements 
are accurate data for cross-sections, attenuation, and absorption 
coefficients, and compositional data of the tissue and the substi-
tute. Tabulated data of mass attenuation coefficients and mass 
energy absorption coefficients are available, including an online 
repository (Hubbell 1982, Hubbell and Seltzer 1995, Berger et al. 
2011) (see Section IV, Chapter 68). These are also made easily 
accessible through computer programs (Boone and Chavez 1996, 
Nowotny 1998, Gerward et al. 2001, 2004). Parametrization of 
the attenuation coefficients has also been reported (Jackson and 
Hawkes 1981, Midgley 2004). Compositional data for a number 
of tissues are provided in Publication 23 of the International 
Commission on Radiological Protection (ICRP) (ICRP 1975). 
These data were reassessed by Woodard and White (1986), 
extended to pediatric subjects (White et al. 1991), and summa-
rized in Report 46 of the International Commission on Radiation 
Units and Measurements (ICRU) (ICRU 1992) as an Appendix 
(White et al. 1992). Compositional data for a number of tissues 
and tissue substitutes are provided in Report 44 of the ICRU 
(ICRU 1989). Several individual studies have also reported com-
positional data for tissues and substitutes (e.g., Hammerstein 
et al. 1979, White et al. 1986, Schneider et al. 1996, Poletti et al. 
2002, Jones et al. 2003). Software for determining Zeff are also 
available (Nowotny 1998, Taylor et al. 2012). One such program 
(Nowotny 1998), provides the attenuation and energy absorption 
coefficients and the Zeff with the option to use either the 1996 
Lawrence Livermore National Laboratory (Boone and Chavez 
1996) or the XCOM data (Berger et al. 2011). Another program 
(Taylor et al. 2012), Auto-Zeff, leverages the correlation between 
atomic number and atomic cross-section derived from the mass 
attenuation data of Hubbell (1982). It also allows for computation 
of spectrum-weighted Zeff . For simulation of X-ray spectra, sev-
eral computer programs (Boone and Seibert 1997, Boone et al. 
1997, Cranley et  al. 1997, Poludniowski et  al. 2009, Punnoose 
et al. 2016) and an online implementation (Simulation of X-ray 
Spectra 2016) are available. Among these programs, SRS-78 
(Cranley et al. 1997) uses the work of Birch and Marshall (1979), 
and the rest use data from NIST. Evaluation of some of the 
X-ray spectra simulation programs have been reported (Meyer 
et al. 2004). For computation of the refractive index decrement 
δ, at least one computer program is available (del Rio and Dejus 
2003). When using software programs, it is important to note the 
version and review the accompanying documentation for the data 
and the method used by the program.

55.4 Design Methods

One approach to design a substitute material is to match its ele-
mental composition to that of the tissue being simulated. This 
approach often uses liquids and is discussed by Rossi for neutron 
dosimetry (Rossi 1956). Another common approach, often used 
in research settings and with liquids, is to match the imaging sys-
tem measured parameter between the substitute and the tissue. 
For example, in CT, an emulsion of water and oil may be used 
to simulate the CT number (HU) of adipose tissue. No attempt 
is made to achieve compositional, Zeff , or ρe equivalence. The 

limitation is that the measurement is applicable only to that X-ray 
spectrum, and when the X-ray spectrum is varied, the compo-
sition of the liquid phantom (emulsion of water and oil in this 
example) may need to be adjusted to match the same adipose 
tissue.

In the previous section, methods for computing Zeff and ρe 
were discussed. Regarding the computation of Zeff , two broadly-
classified methods were discussed. If the computation is intended 
to select a substitute from known materials to represent a particu-
lar tissue, or to verify the appropriateness of a substitute for an 
energy range, then many of the methods discussed in the previ-
ous section are of value. Often, the tabulated or direct method, 
or the power-law based method with the value of m selected from 
prior publications (e.g., Mayneord 1937, Spiers 1946, Rutherford 
et al. 1976) are widely used. Often these values for m are based 
solely on the photoelectric interaction. When the intent is to 
newly design or formulate a tissue substitute, then the power-
law based method that accounts for partial interaction processes 
is preferred (White 1977a). In general, two methods, both pio-
neered by White (1977b, 1978), (Constantinou et al. 1982), and 
referred to as the “extended Y� ” and “basic data” methods, are 
used to formulate tissue substitutes. First the “extended Y� ” 
method is briefly discussed.

Let us consider one partial interaction process, then Y�  is con-
sidered as the product of n0 and Zm−1. For example, the photo-
electric interaction for a given X-ray photon energy shown in 
Equation 55.6 can be written as Y n Z mpe� = −

0
1. Since Y�  better 

characterizes the X-ray interaction than Z alone, matching the 
substitute to the tissue in terms of Y�  can lead to improvement 
(White 1978). Repeating this for all partial interaction processes 
over the extended energy range, sets of Y�  for the tissues and sub-
stitutes can be obtained, from which the substitute that best sim-
ulates the tissue over the extended energy range can be identified.

The second method is referred to as the “basic data” method 
(Constantinou et al. 1982). The importance of selecting an appro-
priate energy range was stressed in a prior section. Let [E0, E1] 
represent the energy range of interest with mid-energy of Em and 
let us define an energy ratio, K = Em/E0. The intent is to formu-
late a substitute material S that achieves the same radiation prop-
erties as the tissue T being simulated at energy Em and is within 
predefined limits at E0 and E1. As stressed in a prior section, the 
radiation properties to be considered depend on the application. 
The general approach is to preselect a base material B that is 
amenable to subsequent manufacturing or processing. Often 
epoxy resins are chosen as base material for most tissues and ure-
thane foam for lung tissue (White et al. 1986, Jones et al. 2003). 
In order to achieve the same radiation properties of the targeted 
tissue T, an additive material A is incorporated into B by a yet to 
be defined weight fraction wA = 1 − wB, to provide the substitute 
material, S. Without loss of generality regarding the radiation 
properties, let us consider one partial interaction process, for 
example photoelectric interaction. In order to make the equa-
tions less complex, let us represent the photoelectric component 
of the mass attenuation coefficient (µ/ρ)pe = PX, where the sub-
script X = T is for tissue, X = S is for the formulated substitute, 
X = B is for the preselected base material, and X = A is for the 
additive material. From linear regression of ln(E) versus ln[PT], 
the slope mT , PT(E0), and PT(Em) can be determined. Since the 
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goal for the formulated substitute is to achieve the same radiation 
property as the tissue at Em, PS(Em) = PT(Em). Since the limit for 
PS at E0 is predefined to be within a certain value of PT , that is, 
PS(E0) = lPT(E0), the slope mS is related to mT by (White 1977b)

 
m m

l
KS T− =

ln( )
ln( )  (55.26)

From linear regressions of ln(E) versus ln[PX], where X = [B, 
A], the slopes mX, PX(E0) and PX(Em) are determined. Since 
K P E P Em

X X m
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log-transformed data, and from the addition rule in Equation 55.3,
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Thus, the slope mA depends on the slope of the formulated sub-
stitute mS. which can be set to be within predefined limits of mT 
(Equation 55.26), the weight fraction wB, which determines the 
amount of additive compound incorporated into the base mate-
rial, the ratio of the radiation property at Em between the base 
material and the tissue, and the slope of base material. This com-
putation is performed for all radiation properties that the substi-
tute material is intended to simulate and for all available additive 
compounds to determine the best formulation of the substitute 
material. For the formulated substitute, the mass density ρ and 
the electron density ρe = ρn0 are determined and, if needed, 
additional material such as phenolic microspheres can be added 
to alter the mass density and consequently the electron density.

This approach can be extended when more than two compounds 
are needed to formulate the substitute. For example, the first addi-
tive is incorporated into the base material and the resulting mixture/
compound is treated as the base material for subsequent additives. 
This approach has been successfully used to develop several tissue 
substitutes (White et al. 1977, 1986, Constantinou et al. 1982).

55.5 Tissue Properties

In this section, compositional data for a number of tissue materi-
als are summarized. Publication 23 of the ICRP provides elemen-
tal composition for a comprehensive list of tissues (ICRP 1975). 
These data were reevaluated by Woodard and White (1986) 
and subsequently extended to a wider age range that includes 
the fetus and pediatric subjects (White et al. 1991). An appen-
dix (White et al. 1992) in Report 46 of the ICRU (ICRU 1992) 
provides the updated elemental compositions for various tissues. 
Compositional data for a number of tissues are also provided in 
Report 44 of the ICRU (ICRU 1989) and included in Report 46 
of the ICRU (White et al. 1992). Several individual studies have 

also reported compositional data for tissues (e.g., Hammerstein 
et al. 1979, Poletti et al. 2002). Table 55.2 summarizes the ele-
mental composition expressed as a weight fraction of various tis-
sues and organs collected from the aforementioned sources. For 
some of the organs and tissues listed in Table 55.2, the electron 
density ρe was provided in Report 46 of the ICRU (ICRU 1992). 
However, this was recalculated for each tissue to improve preci-
sion and is included in Table 55.2.

The elemental composition data summarized in Table 55.2 
can be used to generate the attenuation and energy absorp-
tion coefficients using the aforementioned resources including 
the NIST databases (Hubbell and Seltzer 1995, Chantler et  al. 
2003, Berger et al. 2011). Figure 55.3 shows an example relevant 
to breast imaging where the mass attenuation coefficients over 
the energy range of 5–200 keV for the two major components 
of breast tissue, namely, adipose and fibroglandular tissues that 
were obtained from the XCOM database of NIST, are shown 
(Berger et al. 2011). It can be seen that the variations in elemental 
composition between the two studies (Hammerstein et al. 1979, 
Poletti et  al. 2002) and the ICRU report (ICRU 1989) contrib-
ute to differences in the mass attenuation coefficients over the 
energy range, and in particular, for the energy range of 5–40 keV 
relevant to mammography and digital breast tomosynthesis range 
(Vedantham et  al. 2000a,b, 2015, Karellas et  al. 2001, 2004, 
Suryanarayanan et al. 2004, 2005a,b, Karellas and Vedantham 
2008, Sechopoulos 2013). Hence, it is relevant to note that, 
depending on which report or study is considered the reference 
standard, the formulated tissue substitute may also vary. Since 
the study by Hammerstein et al. (1979) predates the ICRU report 
(ICRU 1989) and Poletti et al. (2002), Hammerstein’s composi-
tional data have traditionally been considered the reference for 
breast dosimetry and for formulating tissue substitutes in the 
United States. It is relevant to note that, in Hammerstein’s study, 
the elements S, P, K, and Ca were grouped together as “Ash” 
(Hammerstein et al. 1979). In Table 55.2 below, the weight frac-
tion of “Ash” is attributed to the element P, to be consistent with 
prior studies (e.g., Boone 1999, Sechopoulos et al. 2007, 2008, 
Vedantham et al. 2012a, Vedantham and Karellas 2013).

55.5.1 Mass Density and Electron Density of Tissues

Since the linear attenuation coefficient µ = ρ(µ/ρ) and 
µ ρ∝ e eff

mZ −1 (from Equations 55.21 to 55.23), where the elec-
tron density ρe = ρn0 it is of interest to analyze how the mass 
density ρ varies with the electron density n0 (electrons/g) for 
different tissues. Furthermore, the refractive index decrement 
δ ∝ ρe (Equation 55.25). In Figure 55.4, the scatter plot of ρ ver-
sus n0 is shown for all organs and tissues in Table 55.2. Most 
of the organs and tissues are clustered around ρ ≃ 1 g/cm3 and 
n0 ≃ (3.3−3.35) × 1023 electrons/g denoted as “Group 1” in 
the plot, with the exception of lung tissue (ρ = 0.26 g/cm3 and 
n0 = 3.3151 × 1023 electrons/g) and “bone” (ρ ≃ 1.39−1.92 g/
cm3 and n0 = (3.1−3.22) × 1023 electrons/g) denoted as “Group 
2” in the plot. Thus, it points to the feasibility that a small set 
of materials can be identified or formulated to serve as the base 
material depending on the tissue “group” being simulated, with 
additives incorporated to the base material to simulate the organ 
and tissue of interest in terms of ρ and n0, and consequently ρe 
(electrons/cm3) within that “group”. For most tissue substitutes, 
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TABLE 55.2

Elemental Composition in Weight Fraction of Several Organs and Tissues

Element H C N O Na Mg P S Cl K Ca Other

Atomic Number, Z 1 6 7 8 11 12 15 16 17 19 20

Tissues/Organs (Reference) Weight Fraction (×10−2) ρ (g/cm3) ρe (×1023 cm−3)

Breast tissues

Adipose (Hammerstein et al. 1979) 11.2 61.9 1.7 25.1 0.1 0.93 3.1073

Adipose (ICRU 1989) 11.4 59.8 0.7 27.8 0.1 0.1 0.1 0.95 3.1797

Adipose (Poletti et al. 2002) 12.4 76.5 0.4 10.7 0.92 3.1063

Breast (ICRU 1989) 10.6 33.2 3.0 52.7 0.1 0.1 0.2 0.1 1.02 3.3904

Fibroglandular (Hammerstein et al. 1979) 10.2 18.4 3.2 67.7 0.5 1.04 3.4449

Fibroglandular (Poletti et al. 2002) 9.3 18.4 4.4 67.9 1.04 3.4176

Skeletal tissues

Cartilage (ICRU 1989) 9.6 9.9 2.2 74.4 0.5 2.2 0.9 0.3 1.1 3.6214

Cervical vertebra (ICRU 1992) 6.3 26.1 3.9 43.6 0.1 0.1 6.1 0.3 0.1 0.1 13.3 1.42 4.5300

Cortical bone (ICRU 1989) 3.4 15.5 4.2 43.5 0.1 0.2 10.3 0.3 22.5 1.92 5.9522

Cranium (ICRU 1992) 5 21.2 4 43.5 0.1 0.2 8.1 0.3 17.6 1.61 5.0711

Femur (30 years) (ICRU 1992) 7 34.5 2.8 36.8 0.1 0.1 5.5 0.2 0.1 12.9 1.33 4.2710

Humerus (ICRU 1992) 6 31.4 3.1 36.9 0.1 0.1 7 0.2 15.2 1.46 4.6433

Lumbar vertebra (ICRU 1992) 7 28.7 3.8 43.7 0.1 5.1 0.2 0.1 0.1 11.1 Fe: 0.1 1.33 4.2717

Mandible (ICRU 1992) 4.6 19.9 4.1 43.5 0.1 0.2 8.6 0.3 18.7 1.68 5.2708

Muscle (ICRU 1989) 10.2 14.3 3.4 71 0.1 0.2 0.3 0.1 0.4 1.05 3.4778

Red marrow (ICRU 1989) 10.5 41.4 3.4 43.9 0.1 0.2 0.2 0.2 Fe: 0.1 1.03 3.4200

Ribs (10th) (ICRU 1992) 5.6 23.5 4 43.4 0.1 0.1 7.2 0.3 0.1 0.1 15.6 1.52 4.8157

Sacrum (male) (ICRU 1992) 7.4 30.2 3.7 43.8 0.1 4.5 0.2 0.1 0.1 9.8 Fe: 0.1 1.29 4.1593

Sacrum (female) (ICRU 1992) 6.6 27.1 3.8 43.5 0.1 0.1 5.8 0.3 0.1 0.1 12.5 1.39 4.4470

Spongiosa (ICRU 1989) 8.5 40.4 2.8 36.7 0.1 0.1 3.4 0.2 0.2 0.1 7.4 Fe: 0.1 1.18 3.8438

Yellow marrow (ICRU 1989) 11.5 64.4 0.7 23.1 0.1 0.1 0.1 0.98 3.2829

Skin

Skin (Hammerstein et al. 1979) 9.8 17.8 5.0 66.7 0.7 1.09 3.5974

Skin (ICRU 1989) 10 20.4 4.2 64.5 0.2 0.1 0.2 0.3 0.1 1.09 3.6036

Soft tissues

Adult (male) (ICRU 1989) 10.5 25.6 2.7 60.2 0.1 0.2 0.3 0.2 0.2 1.03 3.4204

Adult (female) (ICRU 1989) 10.6 31.5 2.4 54.7 0.1 0.2 0.2 0.1 0.2 1.02 3.3902

Other organs and tissues

Blood (ICRU 1989) 10.2 11.0 3.3 74.5 0.1 0.1 0.2 0.3 0.2 Fe: 0.1 1.06 3.5108

Brain (ICRU 1989) 10.7 14.5 2.2 71.2 0.2 0.4 0.2 0.3 0.3 1.04 3.4596

Eye lens (ICRU 1989) 9.6 19.5 5.7 64.6 0.1 0.1 0.3 0.1 1.07 3.5253

Heart (ICRU 1989) 10.3 12.1 3.2 73.4 0.1 0.1 0.2 0.3 0.2 Fe: 0.1 1.06 3.5139

Intestine (ICRU 1989) 10.6 11.5 2.2 75.1 0.1 0.1 0.1 0.2 0.1 1.03 3.4241

Kidney (ICRU 1989) 10.3 13.2 3.0 72.4 0.2 0.2 0.2 0.2 0.2 0.1 1.05 3.4809

Liver (ICRU 1989) 10.2 13.9 3.0 71.6 0.2 0.3 0.3 0.2 0.3 1.06 3.5107

Lung (inflated) (ICRU 1989) 10.3 10.5 3.1 74.9 0.2 0.2 0.3 0.3 0.2 0.26 0.8619

Lymph (ICRU 1989) 10.8 4.1 1.1 83.2 0.3 0.1 0.4 1.03 3.4301

Ovary (ICRU 1989) 10.5 9.3 2.4 76.8 0.2 0.2 0.2 0.2 0.2 1.05 3.4872

Pancreas (ICRU 1989) 10.6 16.9 2.2 69.4 0.2 0.2 0.1 0.2 0.2 1.04 3.4569

Spleen (ICRU 1989) 10.3 11.3 3.2 74.1 0.1 0.3 0.2 0.2 0.3 1.06 3.5140

Testis (ICRU 1989) 10.6 9.9 2.0 76.6 0.2 0.1 0.2 0.2 0.2 1.04 3.4572

Thyroid (ICRU 1989) 10.4 11.9 2.4 74.5 0.2 0.1 0.1 0.2 0.1 I: 0.1 1.05 3.4837

Urinary bladder (empty) (ICRU 1992) 10.5 9.6 2.6 76.1 0.2 0.2 0.2 0.3 0.3 1.04 3.4538

Urinary bladder
(filled) (ICRU 1992)

10.8 3.5 1.5 83.0 0.3 0.1 0.1 0.5 0.2 1.03 3.4297

Note: The data were compiled from multiple sources (Hammerstein et al. 1979; ICRU 1989, 1992; White et al. 1992, Poletti et al. 2002) and for each organ 
and tissue, the reference is included. The mass density ρ (g/cm3) and the electron density ρe (electrons/cm3) are also included. The ρe for all organs and 
tissues listed were calculated based on Equation 55.19.
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various epoxy resins are used as base materials with the excep-
tion of lung substitutes, which typically use urethane foams 
(White et al. 1986, Jones et al. 2003).

55.5.2 Effective Atomic Number of Tissues

It is of interest to determine the effective atomic number Zeff of 
tissues. Zeff was determined using the Auto-Zeff software (Taylor 
et  al. 2012) over the diagnostic energy range of 10–150 KeV, 
which is a variant of the tabulated or direct method described 
previously and uses the tabulated values of mass attenuation 
coefficients from NIST (Hubbell and Seltzer 1995). At low X-ray 

photon energies, the contribution from coherent scatter to the 
total mass attenuation coefficient is non-negligible. Also, the 
relative contribution of Compton scatter, which is independent 
of Zeff, increases with X-ray photon energy in the diagnostic 
range. These effects were illustrated in Figure 55.2b for water. 
Hence, Zeff exhibits energy dependence over the diagnostic range. 
Figures 55.5 through 55.8 show the energy dependence of Zeff for 
some of the major organs, tissues, and bones of the head and neck 
and the thorax, as well as genitourinary organs. From Figures 
55.7 and 55.8, and to an approximation from Figure 55.5, it can 
be inferred that many of the “soft tissue”-like organs exhibit 
similar energy dependence of Zeff , with Zeff starting to plateau 
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FIGURE 55.3 Mass attenuation coefficients of (a) adipose tissue and (b) fibroglandular tissue determined using XCOM database of National Institutes of 
Standards and Technology (NIST) over the energy range of 5–200 keV using the elemental compositions reported in Hammerstein et al., Report 44 of the 
ICRU, and Poletti et al.
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around approximately 70 keV. However, for bones, the plateau-
ing starts at higher energies. Table 55.3 summarizes the Zeff(E) 
over the diagnostic range of 10–150 keV for most of the organs 
and tissues in Table 55.2.

55.5.3 Refractive Index Decrement of Tissues

The refractive index decrement δ for the tissues listed in Table 
55.3 was computed at X-ray photon energies matched to that in 
Table 55.3 as per Equation 55.25 and by using the relationship 
between X-ray photon energy E (in keV) and wavelength λ (in 
nm). The computations were performed using IDL 8.0 (Harris 
Geospatial solutions, Broomfield, CO). Figures 55.9 through 
55.11 show the energy dependence of δ for various organs and 

tissues, among which Figure 55.9 includes “soft tissue” like 
organs and Figure 55.10 includes some of the major bones of the 
head and neck. When ρe is similar among tissues, then δ does 
not differ noticeably among those tissues. In Figure 55.11, even 
though the electron density n0 (in electrons/g) of 3.3151 × 1023 is 
similar to the heart (3.315 × 1023), the substantial difference in 
mass density ρ (0.26 g/cm3 for lung versus 1.06 g/cm3 for heart) 
results in a ρe difference, and consequently in δ. Table 55.4 sum-
marizes the δ for the organs and the tissues listed in Table 55.3.

The energy dependence of the refractive index decrement 
δ and linear attenuation coefficient µ provides for further 
insight. This is illustrated with brain tissue, cervical verte-
bra, and lung tissue as representative examples. Figure 55.12 
shows the energy dependence of δ (left axis) and µ (right axis), 
where µ was computed using the mass attenuation coefficients 
from the XCOM database of NIST (Berger et al. 2011) and the 
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mass densities from ICRU Report 46 (ICRU 1992). In Figure 
55.12, δ values are shown as solid lines and symbols and µ val-
ues are shown as dashed lines and open symbols. Figure 55.12 
shows δ(E) is linearly dependent with energy, E, whereas µ(E) 
exhibits an approximately exponential dependence with E. This 
implies that it is possible to use higher X-ray photon energies 
with phase-sensitive imaging techniques than for attenuation 
imaging. This can potentially reduce the radiation dose to the 
patient.

Converting the linear attenuation coefficient µ to the attenu-
ation index β and computing the ratio (δ/β) provides for addi-
tional analysis of its energy dependence. Figure 55.13 shows 
the energy dependence of (δ/β). In the figure, the plots for brain 
and lung tissues overlap. The analyses show that the ratio of 
(δ/β) is maximized for approximately 40 keV for brain and lung 
tissues and approximately 60 keV for cervical vertebra. For 
most biological tissues, the maxima of the ratio of (δ/β) occurs 
overs the 20–80 keV range (Zhou and Brahme 2008). Since β 

is related to transmission through the object, operating at X-ray 
photon energies close to the maxima of (δ/β) can potentially 
be of benefit in improving the image quality of X-ray phase-
sensitive imaging.

55.6 Tissue Substitutes

Elemental composition data of 70 tissue substitute materials 
were collected from multiple sources, including Report 44 of 
the ICRU (ICRU 1989), NIST databases and reports (Hubbell 
and Seltzer 1995, 2004, Berger et  al. 2005, 2011), and from 
several other publications (White et  al. 1977, White 1978, 
Constantinou et  al. 1982, Schneider et  al. 1996, Poletti et  al. 
2002, Ducote et  al. 2011). For some of the well-known com-
pounds, the elemental composition was determined from the 
molecular formula. The collected data are summarized in 
Table 55.5. Some of the tissue substitutes listed in Table 55.5 

TABLE 55.3

Zeff(E) of Some of the Organs and Tissue for Which the Elemental Compositions Were Provided in Table 55.2

Organs and Tissues

Energy (keV)

10 15 20 30 40 50 60 80 100 150

Adipose (Hammerstein et al. 1979) 5.2520 5.1231 4.8318 4.0931 3.6031 3.3832 3.2737 3.1804 3.1424 3.1104

Adipose 5.3014 5.1715 4.9032 4.1280 3.6172 3.3838 3.2677 3.1688 3.1286 3.0949

Adipose (Poletti et al. 2002) 4.9251 4.6946 4.3614 3.6635 3.2797 3.1166 3.0347 2.9643 2.9353 2.9106

Fibroglandular (Hammerstein et al. 1979) 6.0565 5.9550 5.6830 4.9782 4.2886 3.9322 3.7354 3.5678 3.5012 3.4473

Fibroglandular 5.8031 5.6663 5.4105 4.6653 4.0591 3.7291 3.5617 3.4192 3.3623 3.3157

Fibroglandular (Poletti et al. 2002) 6.0808 5.9989 5.7366 5.0668 4.4183 4.0762 3.8866 3.7196 3.6535 3.6000

Brain 6.1682 6.0899 5.8629 5.0971 4.3509 3.9468 3.7221 3.5308 3.4549 3.3936

Eye lens 6.0943 6.0147 5.7574 5.0655 4.3921 4.0368 3.8376 3.6654 3.5972 3.5421

Thyroid 6.1730 6.0964 5.8811 5.1315 4.6483 4.1643 3.8928 3.6439 3.5439 3.4620

Cranium 9.7694 9.8981 9.8995 9.6205 9.0778 8.2689 7.4482 6.3053 5.7502 5.2725

Mandible 10.0201 10.1251 10.1322 9.9048 9.3552 8.6037 7.8075 6.6177 6.0252 5.5045

Cervical vertebra 8.9895 9.0751 9.0527 8.6794 8.0097 7.1029 6.3006 5.3656 4.9579 4.6139

Lung 6.2149 6.1363 5.9409 5.1750 4.4453 4.0395 3.8121 3.6157 3.5379 3.4752

Heart 6.2160 6.1420 5.9540 5.1859 4.4517 4.0404 3.8097 3.6102 3.5312 3.4675

Liver 6.2031 6.1262 5.9269 5.1668 4.4404 4.0375 3.8117 3.6167 3.5395 3.4773

Spleen 6.2065 6.1283 5.9288 5.1656 4.4365 4.0326 3.8060 3.6106 3.5332 3.4709

Pancreas 6.0955 6.0145 5.7441 5.0127 4.2872 3.9072 3.6989 3.5216 3.4511 3.3940

Intestine 6.1211 6.0379 5.7801 5.0431 4.3196 3.9376 3.7261 3.5461 3.4744 3.4166

Kidney 6.1855 6.1076 5.8963 5.1406 4.4139 4.0159 3.7916 3.5995 3.5234 3.4620

Ovary 6.1900 6.1092 5.8949 5.1333 4.4010 4.0020 3.7764 3.5842 3.5079 3.4465

Testis 6.1691 6.0876 5.8594 5.1025 4.3692 3.9734 3.7515 3.5626 3.4875 3.4271

Cartilage 6.5112 6.4434 6.2675 5.5706 4.8112 4.3135 4.0472 3.8024 3.7055 3.6277

Cortical bone 10.7740 10.9178 10.9492 10.7674 10.3460 9.7279 9.0191 7.7597 7.0473 6.3754

Femur 8.6917 8.7932 8.7532 8.3551 7.5910 6.6603 5.8842 5.0093 4.6334 4.3276

Humerus 9.1976 9.2949 9.2792 8.9892 8.2871 7.3996 6.5770 5.5592 5.1051 4.7215

Lumbar vertebra 8.5314 8.6195 8.5759 8.1899 7.4073 6.4980 5.7629 4.9556 4.6093 4.3278

Muscle 6.1909 6.1143 5.9085 5.1532 4.4287 4.0293 3.8050 3.6118 3.5353 3.4736

Red marrow 5.8187 5.6980 5.4471 4.7034 4.0753 3.7325 3.5573 3.4078 3.3484 3.2996

Soft tissue adult (male) 6.1967 6.1198 5.9169 5.1590 4.4333 4.0323 3.8072 3.6132 3.5364 3.4745

Spongiosa 7.6915 7.7507 7.6585 7.1394 6.2258 5.3518 4.7749 4.2158 3.9922 3.8087

Yellow marrow 5.2265 5.0982 4.7881 4.0497 3.5525 3.3348 3.2263 3.1339 3.0962 3.0644

Blood 6.2359 6.1623 5.9873 5.2158 4.4840 4.0683 3.8367 3.6343 3.5542 3.4897

Note: All tissue compositions are from either Report 44 or Report 46 of the ICRU (ICRU 1989, 1992), except where a reference is provided.
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are commercially available from various vendors based on pro-
prietary formulations, and the elemental composition for these 
substitutes was obtained from published data (e.g., Schneider 
et  al. 1996, Poletti et  al. 2002, Ducote et  al. 2011, Kyoto-
Kagaku 2011). For such commercially available tissue substi-
tutes, if the electron density ρe (in electrons/cm3) is reported 
in the referenced publication, then the data as provided in that 
reference are included in the table. For other substitute materi-
als, ρe was computed using the reported elemental composition 
and the mass density ρ.

Most tissue substitutes are formulated using thermosetting liq-
uid epoxy resins that are cured with hardeners. The density of 
one such epoxy resin (Araldite® GY6010, Vantico Inc., Brewster, 
NY), which was used in the study by Jones et  al. (2003), has 
a mass density ρ of 1.15–1.18 g/cm3 as per the manufacturer 

datasheet. Epoxy resins typically exhibit higher mass density 
than soft tissue (ρ = 1.04 g/cm3). Hence, in addition to incor-
porating additives such as magnesium oxide and polyethylene 
to simulate the radiation properties of tissues, phenolic micro-
spheres are also added to reduce the density of the formulated 
substitute. As noted earlier, lung substitutes are often formulated 
using polyurethane foam. In general, tissue substitutes have 
lower oxygen content than biological substitutes and attempt to 
partly compensate this by increasing the carbon content.

55.6.1  Linear Attenuation Coefficient 
of Tissue Substitutes

Many of the tissue substitutes listed in Table 55.5 were formu-
lated for high-energy radiation therapy applications. However, 
they are included in the table, as treatment planning is mostly 
performed using CT and these substitutes are of value for cali-
bration (Schneider et al. 1996, Martinez et al. 2012). Since the 
mass attenuation coefficient can be readily determined using the 
XCOM database from NIST (Berger et al. 2011) using the pro-
vided elemental composition, only representative tissue substi-
tutes are considered. Substitute materials AP6, SB3, Alderson 
lung, and MS20, which are representative of adipose tissue, 
cortical bone, lung, and muscle, respectively (White 1978), 
were used to determine the energy-dependent mass attenuation 
coefficients and consequently the linear attenuation coefficients 
shown in Figure 55.14. Qualitatively, the linear attenuation coef-
ficient of the substitutes follow the expected trend in that the µ(E) 
decreases in the order: SB3, MS20, AP6, and Alderson lung. The 
incorporation of antimony trioxide in the Alderson lung substi-
tute contributes to the K-edge at 30.5 keV corresponding to Sb.

55.6.2 Zeff of Tissue Substitutes

Software for computing the Zeff are available (Nowotny 1998, 
Taylor et al. 2012). Since this can be readily accomplished using 
the provided elemental composition, the same representative tis-
sues used for determining µ are also used to determine Zeff using 
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Auto-Zeff (Taylor et al. 2012). Figure 55.15 shows the Zeff deter-
mined for SB3, MS20, AP6, and Alderson lung over the energy 
range of 10–150 keV. The presence of Sb in the Alderson lung 
substitute causes an increase in Zeff at 30.5 keV.

55.6.3  Refractive Index Decrement 
δ of Tissue Substitutes

The refractive index decrement δ of all 70 tissue substitutes 
included in Table 55.5 was computed for the 10–150 keV energy 
range, as per Equation 55.25 and using the energy–wavelength 
relationship. The computations were performed using IDL 8.0 
(Harris Geospatial solutions, Broomfield, CO). Figure 55.16 
shows the energy-dependent refractive index decrements for SB3, 
MS20, AP6, and Alderson lung substitutes, which are represen-
tative of cortical bone, muscle, adipose tissue, and lung, respec-
tively. While there are ongoing efforts to extend phase-contrast 

imaging to higher energies, at present it is still in the early stages 
of research (Sarapata et  al. 2014). Table 55.6 summarizes the 
computed δ for all substitutes.

55.6.4 Appropriate Selection of Tissue Substitutes

The selection of a substitute to represent a tissue is dependent on 
the energy range of interest and on the purpose of the measure-
ment using the tissue substitute. Let us, for example, consider chest 
CT that is intended to provide tomographic images of the lungs. 
From the representative spectrum for CT imaging in Figure 55.1, 
it can be inferred that the energy range of interest is approximately 
30–120 keV, and this range can be represented as (E0, E1) = (30, 
120) keV. If the intention of the study is to evaluate image quality, 
then the measure of interest, represented as Im, is the CT num-
ber (HU) or, equivalently, the linear attenuation coefficient µ, 
that is, Im = µ(E0, E1). Since the organ of clinical interest is the 

TABLE 55.4

Refractive Index Decrement δ(E) (×10−6) of Some of the Organs and Tissues for Which the Elemental Compositions Were Provided in 
Table 55.2

Organs and Tissues

Energy (keV)

10 15 20 30 40 50 60 80 100 150

Adipose (Hammerstein et al. 1979) 2.1422 0.9521 0.5356 0.2380 0.1339 0.0857 0.0595 0.0335 0.0214 0.0095

Adipose 2.1922 0.9743 0.5480 0.2436 0.1370 0.0877 0.0609 0.0343 0.0219 0.0097

Adipose (Poletti et al. 2002) 2.1415 0.9518 0.5354 0.2379 0.1338 0.0857 0.0595 0.0335 0.0214 0.0095

Fibroglandular (Hammerstein et al. 1979) 2.3750 1.0555 0.5937 0.2639 0.1484 0.0950 0.0660 0.0371 0.0237 0.0106

Fibroglandular 2.3374 1.0389 0.5844 0.2597 0.1461 0.0935 0.0649 0.0365 0.0234 0.0104

Fibroglandular (Poletti et al. 2002) 2.3562 1.0472 0.5890 0.2618 0.1473 0.0942 0.0654 0.0368 0.0236 0.0105

Brain 2.3851 1.0601 0.5963 0.2650 0.1491 0.0954 0.0663 0.0373 0.0239 0.0106

Eye lens 2.4304 1.0802 0.6076 0.2700 0.1519 0.0972 0.0675 0.0380 0.0243 0.0108

Thyroid 2.4017 1.0674 0.6004 0.2669 0.1501 0.0961 0.0667 0.0375 0.0240 0.0107

Cranium 3.4961 1.5538 0.8740 0.3885 0.2185 0.1398 0.0971 0.0546 0.0350 0.0155

Mandible 3.6338 1.6150 0.9085 0.4038 0.2271 0.1454 0.1009 0.0568 0.0363 0.0162

Cervical vertebra 3.1231 1.3880 0.7808 0.3470 0.1952 0.1249 0.0868 0.0488 0.0312 0.0139

Lung 0.5942 0.2641 0.1486 0.0660 0.0371 0.0238 0.0165 0.0093 0.0059 0.0026

Heart 2.4226 1.0767 0.6056 0.2692 0.1514 0.0969 0.0673 0.0379 0.0242 0.0108

Liver 2.4204 1.0757 0.6051 0.2689 0.1513 0.0968 0.0672 0.0378 0.0242 0.0108

Spleen 2.4226 1.0767 0.6057 0.2692 0.1514 0.0969 0.0673 0.0379 0.0242 0.0108

Pancreas 2.3833 1.0592 0.5958 0.2648 0.1490 0.0953 0.0662 0.0372 0.0238 0.0106

Intestine 2.3606 1.0492 0.5902 0.2623 0.1475 0.0944 0.0656 0.0369 0.0236 0.0105

Kidney 2.3998 1.0666 0.6000 0.2666 0.1500 0.0960 0.0667 0.0375 0.0240 0.0107

Ovary 2.4041 1.0685 0.6010 0.2671 0.1503 0.0962 0.0668 0.0376 0.0240 0.0107

Testis 2.3835 1.0593 0.5959 0.2648 0.1490 0.0953 0.0662 0.0372 0.0238 0.0106

Cartilage 2.4967 1.1096 0.6242 0.2774 0.1560 0.0999 0.0694 0.0390 0.0250 0.0111

Cortical bone 4.1036 1.8238 1.0259 0.4560 0.2565 0.1641 0.1140 0.0641 0.0410 0.0182

Femur 2.9445 1.3087 0.7361 0.3272 0.1840 0.1178 0.0818 0.0460 0.0294 0.0131

Humerus 3.2012 1.4228 0.8003 0.3557 0.2001 0.1280 0.0889 0.0500 0.0320 0.0142

Lumbar vertebra 2.9450 1.3089 0.7363 0.3272 0.1841 0.1178 0.0818 0.0460 0.0295 0.0131

Muscle 2.3977 1.0656 0.5994 0.2664 0.1499 0.0959 0.0666 0.0375 0.0240 0.0107

Red marrow 2.3578 1.0479 0.5895 0.2620 0.1474 0.0943 0.0655 0.0368 0.0236 0.0105

Soft tissue adult (male) 2.3581 1.0480 0.5895 0.2620 0.1474 0.0943 0.0655 0.0368 0.0236 0.0105

Spongiosa 2.6500 1.1778 0.6625 0.2944 0.1656 0.1060 0.0736 0.0414 0.0265 0.0118

Yellow marrow 2.2633 1.0059 0.5658 0.2515 0.1415 0.0905 0.0629 0.0354 0.0226 0.0101

Blood 2.4204 1.0757 0.6051 0.2689 0.1513 0.0968 0.0672 0.0378 0.0242 0.0108

Note: All tissue compositions are from either from Report 44 or Report 46 of the ICRU (ICRU 1989, 1992), except where a reference is provided.
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lungs, some of the tissue substitutes can be easily screened based 
on mass density. Among n potential substitutes, for each poten-
tial substitute Si, where i = 1…n, either the Im ratio (White 1978) 
between the substitute and the tissue, represented as T, or equiva-
lently, the percent difference (Vedantham and Karellas 2013) in Im 
between Si and T can be computed over the energy range (E0, E1),
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These data can then be analyzed to determine the appropriate 
substitute over the energy range (E0, E1). If the imaging protocol for 
the clinical task uses a fixed X-ray spectrum, then the Im ratio or the 

percent difference can be weighted by that spectrum. The above 
approach can be generalized depending on the measure of interest. 
For example, Im = µen and Im = µcoh/µincoh are appropriate for radia-
tion dosimetry and for coherent-to-Compton imaging, respectively.

If the imaging system is capable of providing more than one 
measure of interest simultaneously, then the above method can 
be extended to multiple Im. This is illustrated with the following 
example. Recent and ongoing research in X-ray phase-contrast 
imaging have identified multiple techniques that can provide for 
both the attenuation contrast that is related to the linear attenua-
tion coefficient µ, and phase-sensitive contrast (e.g., differential 
phase-contrast, Laplacian of the phase depending on the tech-
nique) that is related to the refractive index decrement δ. Since 
these techniques simultaneously provide for both contrast mech-
anisms, the selected substitute should simulate the tissue for both 
mechanisms. At present, breast imaging is considered a promis-
ing candidate for clinical translation, for which the X-ray photon 
energies are below 50 keV. Hence, the energy range (E0, E1) = (5, 
50) keV is appropriate. The two major components of the breast 
are adipose and fibroglandular tissue. For each tissue, the mea-
sures of interest are Im1 = µ(5, 50) and Im2 = δ(5, 50). Then, the 
percent difference for each Im between the selected substitute 
and the tissue to be simulated can be computed. This is illus-
trated using a commercially-available adipose tissue-equivalent 
substitute (CIRS Inc., Norfolk, VA) and adipose tissue based on 
Hammerstein’s composition (Hammerstein et al. 1979). An ideal 
substitute will exhibit 0% difference with the tissue being simu-
lated for both δ and µ over the entire energy range of interest. In 
reality, there are deviations and hence limits in percent difference 
are specified. Figure 55.17 shows the results from the analysis. If 
a ±2% difference between the substitute and the simulated tissue 
is considered acceptable, then the selected substitute is appropri-
ate over the energy range of ∼6–50 keV for both δ and µ.

55.7 Phantoms

Phantoms can be broadly classified into those intended for 
calibration and quality control audits and anthropomorphic 
phantoms incorporating tissue-equivalent substitute materials. 
Homogeneous PMMA blocks void of defects, scratches, and dust 
are routinely used for flat-field (gain-offset) correcting digital 
X-ray detectors and homogeneous water phantoms are used for 
HU calibration in CT.

55.7.1 Phantoms for Quality Control Audits

Phantoms intended for quality control audits are designed for 
specific modalities. For mammography, the commonly used 
phantom during quality control audits is the American College 
of Radiology (ACR) recommended phantom for mammography 
accreditation (ACR 1999) and is intended to comply with the 
United States Food and Drug Administration’s Mammography 
Quality Standards Act regulations, International Atomic Energy 
Agency, and European Reference Organisation for Quality 
Assured Breast Screening and Diagnostic Services (EUREF) 
protocols. It is commercially available from several manufac-
turers (Model 015, CIRS Inc., Norfolk, VA, and Model 156™, 
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TABLE 55.5

Elemental Composition in Weight Fraction, Mass Density, and Electron Density of Tissue Substitute Materials

Element H C N O Mg P S Cl Ca

OtherZ 1 6 7 8 12 15 16 17 20

Substitutes (Reference) Weight Fraction (×10−2) ρ (g/cm3) ρe (×1023 cm−3)

A-150 plastic (ICRU 1989) 10.13 77.55 3.51 5.23 1.84 F: 1.74 1.12 3.703

Alderson lung (ICRU 
1989)

5.70 74.00 2.00 18.10 Sb: 0.2 0.32 1.017

Alderson muscle A (ICRU 
1989)

8.90 66.80 3.10 21.10 Sb: 0.1 1.00 3.272

Alderson muscle B (ICRU 
1989)

8.80 64.40 4.10 20.40 2.20 Sb: 0.1 1.00 3.267

Aluminum (Hubbell and 
Seltzer 2004)

Al: 100 2.70 7.834

Aluminum oxide 47.07 Al: 52.93 3.97 11.724

AP6 (ICRU 1989) 8.40 69.10 2.40 16.90 0.10 F: 3.1 0.92 2.993

B100 (ICRU 1989) 6.60 53.70 2.10 3.20 17.70 F: 16.7 1.45 4.608

B110 (ICRU 1989) 3.70 37.10 3.20 4.80 26.30 F: 24.9 1.79 5.511

BR-10 (White et al. 1977) 9.18 72.13 4.72 12.78 0.13 1.06 0.95 3.117

BR-12 (ICRU 1989) 8.68 69.95 2.37 17.91 0.14 0.95 0.97 3.168

Calcium carbonate 12.00 47.96 40.04 2.80 8.424

Calcium fluoride (Hubbell 
and Seltzer 2004)

51.33 F: 48.67 3.18 9.321

CIRSa adipose (Ducote 
et al. 2011)

9.78 71.41 2.01 16.34 0.25 0.13 0.94 3.098

CIRSa BR 30/70 (Poletti 
et al. 2002)

11.78 75.12 0.66 12.14 0.30 0.97 3.257

CIRSa BR 50/50 (Poletti 
et al. 2002)

11.10 72.74 1.04 14.82 0.30 0.98 3.271

CIRSa BR 70/30 (Poletti 
et al. 2002)

11.72 73.78 1.30 12.44 0.76 1.01 3.390

CIRSa fibroglandular 
(Ducote et al. 2011)

9.41 69.13 1.84 17.66 0.14 1.75 1.05 3.450

Ethoxyethanol (ICRU 
1989)

11.18 53.31 35.51 0.92 3.074

EVA28 (ICRU 1989) 12.30 77.30 10.40 0.95 3.205

FT1 (White 1978) 11.70 72.74 12.07 Li: 3.48 0.95 3.174

Griffith breast (ICRU 
1989)

9.40 61.90 3.60 24.50 0.60 1.10 3.617

Griffith lung (ICRU 1989) 8.00 60.80 4.20 24.80 0.10 2.10 0.26 0.844

Griffith muscle (ICRU 
1989)

9.00 60.20 2.80 26.60 1.40 1.12 3.669

HB/SR4 (Schneider et al. 
1996)

4.45 29.09 3.88 31.93 0.21 10.00 0.32 0.06 19.99 Na: 0.1 1.48 4.634

IB/SR 1 (Schneider et al. 
1996)

8.73 63.19 2.36 17.83 2.62 0.12 5.09 Na: 0.1 1.15 3.755

K-Kb SZ50 (Kyoto-Kagaku 
2011)

8.41 72.25 4.61 14.73 1.06 3.258

K-Kb bone BEH 
(Kyoto-Kagaku 2011)

5.10 42.50 1.70 28.10 7.00 0.10 15.50 1.50 3.154

K-Kb bone BEN 
(Kyoto-Kagaku 2011)

7.00 60.00 2.50 21.80 2.30 0.10 6.30 1.24 3.213

K-Kb bone BET (Kyoto-
Kagaku 2011)

3.70 29.20 1.20 32.70 10.20 0.10 22.90 1.73 3.108

K-Kb lung LP (Kyoto-
Kagaku 2011)

7.00 29.20 35.10 0.10 1.00 Al: 1.5; Si: 5 0.32 3.310

K-Kb water WD (Kyoto-
Kagaku 2011)

8.40 67.40 2.20 19.50 0.20 2.30 1.02 3.252

(Continued)
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TABLE 55.5 (Continued)

Elemental Composition in Weight Fraction, Mass Density, and Electron Density of Tissue Substitute Materials

Element H C N O Mg P S Cl Ca

OtherZ 1 6 7 8 12 15 16 17 20

Substitutes (Reference) Weight Fraction (×10−2) ρ (g/cm3) ρe (×1023 cm−3)

LN1 (White 1978) 6.00 51.44 4.29 30.72 Al: 7.55 0.30 0.954

M3 wax (ICRU 1989) 11.40 65.60 9.20 13.50 0.30 1.05 3.509

Magnesium (Hubbell and 
Seltzer 2004)

100.00 1.74 5.174

Mix D (ICRU 1989) 13.40 77.80 3.50 3.90 Ti: 1.4 0.99 3.367

MS/SR 4 (Schneider et al. 
1996)

9.54 70.54 3.49 15.21 0.02 0.18 0.50 0.12 0.01 Na: 0.08; K: 0.3 1.07 3.521

MS15 (White 1978) 9.75 63.16 0.94 16.02 0.53 Al: 9.6 1.00 3.287

MS20 (White 1978) 8.12 58.34 1.78 18.64 13.03 0.09 1.00 3.245

Nylon-6 (ICRU 1989) 9.80 63.70 12.40 14.10 1.13 3.729

Paraffin wax (White 1978) 14.86 85.14 0.93 3.208

PET (Mylar) (Hubbell and 
Seltzer 2004)

4.20 62.50 33.30 1.38 4.325

Plaster of Paris (ICRU 
1989)

2.30 55.80 18.60 23.30 2.32 7.138

PMMA (Hubbell and 
Seltzer 2004)

8.05 59.98 31.96 1.19 3.865

Poll resin (White 1978) 4.09 16.38 0.51 47.09 13.92 18.01 1.88 5.861

Polycarbonate 5.55 75.58 18.88 1.20 3.808

Polyethylene (Hubbell and 
Seltzer 2004)

14.37 85.63 0.93 3.194

Polyoxymethylene (Berger 
et al. 2005)

6.71 40.00 53.28 1.41 4.525

Polypropylene (Berger 
et al. 2005)

14.37 85.63 0.90 3.091

Polystyrene (Hubbell and 
Seltzer 2004)

7.74 92.26 1.06 3.432

Polyvinyl chloride 
(Hubbell and Seltzer 
2004)

4.84 38.44 56.73 1.41 4.335

RF-1 (ICRU 1989) 14.10 84.10 0.90 0.30 0.60 0.93 3.187

RM-1 (ICRU 1989) 12.20 73.40 6.40 6.00 2.00 1.03 3.469

RMI 454 (Poletti et al. 
2002)

9.24 69.35 1.98 19.43 0.98 3.217

Rossi gel (ICRU 1989) 9.80 15.70 3.60 70.90 1.11 3.664

RW-1 (ICRU 1989) 13.20 79.40 3.80 0.90 2.70 0.97 3.298

RW-2 (ICRU 1989) 7.00 83.00 4.00 Ti: 6 1.11 3.554

SB3 (White 1978) 3.10 31.26 0.99 37.57 0.05 27.03 1.45 4.736

SB5 (ICRU 1989) 2.60 30.60 1.00 38.90 0.10 26.80 1.87 5.770

Solid water (Constantinou 
et al. 1982)

8.09 67.22 2.40 19.84 0.13 2.32 1.02 3.297

Temex (ICRU 1989) 9.60 87.00 0.06 0.47 1.53 Ti: 0.33;
Zn: 0.45

1.01 3.307

UFLc bone BTES (Jones 
et al. 2003)

4.00 37.80 1.50 35.30 0.10 9.40 Si: 11.9 1.40 4.378

UFLc bone BTES-NB 
(Jones et al. 2003)

5.10 46.20 1.90 30.20 1.80 7.80 Si: 7 1.22 3.852

UFLc lung LTES/LTES-NB 
(Jones et al. 2003)

7.00 57.40 2.10 22.40 9.30 0.10 Si: 1.7 0.30 0.964

UFLc soft tissue STES 
(Jones et al. 2003)

7.20 59.20 2.20 21.80 9.30 0.10 Si: 0.2 1.04 3.348

UFLc soft tissue STES-NB 
(Jones et al. 2003)

7.00 58.10 2.10 22.30 9.40 0.10 Si: 1 1.04 3.351

(Continued)
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Sun Nuclear Corp., Middleton, WI) and is approximately 
10.8 × 10.5 × 4.3 cm in dimension. The phantom is fabricated 
using PMMA with a wax insert containing nylon fibers, alumi-
num oxide specks, and hemispherical targets to simulate fibrous 
structures, microcalcifications, and tumors of the breast. A revised 
version of this phantom for digital mammography has been devel-
oped (Mammo FFDM™, Sun Nuclear Corp., Middleton, WI, and 
Model 086, CIRS Inc., Norfolk, VA). It is also constructed using 
PMMA with a wax insert containing a revised set of targets and 
is approximately 31 × 19 × 4.1 cm in dimension. Development 
of D-shaped phantoms intended for digital breast tomosynthesis, 
such as Tomophan® (The Phantom Laboratory, Salem, NY), is 
in progress. Phantoms fabricated using adipose and fibroglandu-
lar tissue-equivalent materials (Model 010 and 011A, CIRS Inc., 
Norfolk, VA) and with heterogeneous distribution of adipose 
and fibroglandular tissue-equivalent material in a “swirl” pat-
tern (Model 020 BR3D, CIRS Inc., Norfolk, VA) are also avail-
able and are mostly used in research settings. For quality control 
audits of R&F systems, phantoms suitable for assessing several 

measures, such as skin entrance air kerma, low-contrast resolu-
tion, high-contrast resolution, and minimum detectable contrast, 
are available (e.g., Model 903, CIRS Inc., Norfolk, VA).

Regarding CT, phantoms are routinely used for determin-
ing scanner output in terms of CT dose index (CTDI), scan-
ner performance evaluation, and for accreditation by the ACR. 
Phantoms intended for CTDI measurement are PMMA cylin-
ders that are approximately 15 cm long, and the diameter var-
ies, with 10 cm for pediatric head protocols, 16 cm for pediatric 
body and adult head protocols, and 32 cm for adult body pro-
tocols. Each phantom has a central hole and four holes located 
1 cm from the periphery and spaced 90° apart, to accommodate 
pencil ion chambers. Phantoms designed for quality assurance 
include multiple modules that enable determination of linear-
ity of HU scale, slice width and slice sensitivity profile, spatial 
uniformity and noise, low-contrast resolution, high-contrast 
resolution, and modulation transfer function. Examples of such 
phantoms are the Catphan® series (The Phantom Laboratory, 

TABLE 55.5 (Continued)

Elemental Composition in Weight Fraction, Mass Density, and Electron Density of Tissue Substitute Materials

Element H C N O Mg P S Cl Ca

OtherZ 1 6 7 8 12 15 16 17 20

Substitutes (Reference) Weight Fraction (×10−2) ρ (g/cm3) ρe (×1023 cm−3)

Teflon (PTFE) (White 
1978)

24.02 F: 75.98 2.25 6.503

TSK/SR 1 (Schneider et al. 
1996)

6.40 46.40 2.80 26.40 0.10 7.00 0.20 0.10 10.00 Na: 0.3;
K: 0.2

1.32 4.213

Water 11.19 88.81 1.00 3.343

WT1 (ICRU 1989) 8.10 67.20 2.40 19.90 0.10 2.30 1.02 3.314

Note: The data were collected from multiple sources (Berger et al. 2005; Constantinou et al. 1982; Ducote et al. 2011; ICRU 1989; Hubbell and Seltzer 2004; 
Jones et al. 2003; Kyoto-Kagaku 2011; Poletti et al. 2002; Schneider et al. 1996; White 1978; White et al. 1977).

a Computerized Imaging Reference Systems, Inc., Norfolk, VA.
b Kyoto-Kagaku Co. Ltd., Kyoto, Japan.
c University of Florida, Gainesville, FL. NB indicates newborn.
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Salem, NY), the Model 610 (CIRS Inc., Norfolk, VA), and the 
CT ACR 464 (Sun Nuclear Corp., Middleton, WI), which is rec-
ommended by the ACR for CT accreditation. Depending on the 
phantom and the module, the material is either water or epoxy 
resin that simulates water. All of the aforementioned phantoms 
for quality assurance and ACR accreditation are cylindrical in 
shape with a diameter of approximately 20 cm and are made of 
homogeneous material. As noted earlier, the CTDI phantoms are 
PMMA cylinders. Hence, a series of tissue-equivalent phantoms 
have been developed (Model 007TE, CIRS Inc., Norfolk, VA) 
that provide a range of anatomic sizes representative of pediatric 
to large adult subjects. The entire series comprises eight each 
of abdominal and thorax phantoms and four head phantoms of 
difference sizes that are shaped to be approximately elliptical in 
cross-section. Each age-specific abdominal phantom includes a 
bone-equivalent rod of density representative of that age to rep-
resent the spine. Each thorax phantom includes lung-equivalent 
material and a bone-equivalent rod to simulate the spine. Each 
head CT phantom is wrapped in a cranium-equivalent substi-
tute. The background material simulates soft tissue within 1% 
over the diagnostic energy range. Similar to the CTDI phantoms, 
each tissue-equivalent phantom has a central hole and four holes 
located 1 cm from the periphery and spaced 90° apart, to accom-
modate pencil ion chambers.

55.7.2 Anthropomorphic Phantoms

In the previous section, it was noted that the phantoms used for 
quality control audits have simple geometric shapes and are not 
anthropomorphically accurate. Development of anthropomor-
phic phantoms, in particular for radiation dosimetry, has been 
of great interest. It is relevant to note that some of the anthropo-
morphic phantoms are designed to simulate anatomically accu-
rate shape and size, including internal organs and skeleton, but 
may not match the radiation properties. These are intended for 
simulation and teaching human anatomy and are not addressed 

in this chapter. In this section, some of the anthropomorphic 
phantoms that are anatomically accurate in terms of shape and 
size, including organs and tissues, and simulate the correspond-
ing organs and tissues in terms of radiation properties are high-
lighted. The various commercially available anthropomorphic 
phantoms are listed by manufacturer, as each manufacturer may 
market more than one anthropomorphic phantom depending on 
the application.

55.7.2.1 Radiology Support Devices

This Alderson phantom is the successor to the well-known 
Alderson-RANDO phantom and is available from Radiology 
Support Devices, Inc. (Long Beach, CA). It is fabricated using 
tissue-equivalent materials based on Report 44 of the ICRU for 
the therapeutic energy range (ICRU 1989). Male and female ver-
sions of the phantom are available and represent a 175 cm tall, 
73.5 kg male and a 155 cm tall, 50 kg female, respectively. While 
the male version of the phantom is approximately similar to the 
revised ICRP 89 reference male, the female version is substan-
tially smaller than the revised ICRP 89 reference female (ICRP 
2002). The complete phantom extends from the head to the pelvis 
and does not contain extremities. The phantom is composed of 
2.5 cm sections along the superior–inferior direction and incor-
porates multiple holes to support thermoluminescent dosimeters 
(TLDs). The phantom is manufactured through a molding pro-
cess. The skeleton is molded from polymers that reproduce the 
shape and simulate the mass density and attenuation properties 
of cortical bone and spongiosa in the radiation therapy energy 
range. The lung is fabricated from foam with mass density of 
0.3 g/cm3. Attachments for various breast sizes are available. 
Evaluation of an early version of this phantom showed that, at the 
diagnostic energy range, the soft tissue component of the phan-
tom exhibited substantial deviation from tissue-equivalence that 
progressively worsened with decreasing X-ray photon energy 
(Shrimpton et al. 1981).

For the diagnostic energy range, the Alderson lung/chest phan-
tom is available and incorporates animal lungs fixated in the 
inflated state that are sized to match an adult male. The pulmonary 
arteries are filled with blood-equivalent material. The phantom is 
intended to provide realistic chest radiographs and is of value in 
evaluating image quality and for training. In addition to the above 
phantoms, there are phantoms intended for teaching and technolo-
gist training on proper positioning, such as the PIXY, Willy, and 
Debbie phantoms, with the last two phantoms including radio-
graphically visible signs of trauma and various pathologies.

55.7.2.2 Kyoto-Kagaku Phantoms

Several series of anthropomorphic phantoms have been devel-
oped by Kyoto-Kagaku Co. Ltd., Kyoto, Japan, for diagnostic 
X-ray imaging. These include the whole-body PBU series that 
has been extended for neonatal subjects. All PBU series phan-
toms have articulated joints for the shoulder, elbow, hips, and 
knees that allow technologists to be trained in proper position-
ing for various radiographic projections and can also be used for 
image quality evaluation. The newborn version of the phantom 
is representative of a 50 cm tall neonate. The PBU-60 phantom 
is also suitable for CT imaging, with clear anatomic details and 
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TABLE 55.6

Refractive Index Decrement δ (×10−6) of Tissue Substitutes

Substitutes (Reference)

Energy (keV)

10 15 20 30 40 50 60 80 100 150

A-150 plastic (ICRU 1989) 2.5530 1.1347 0.6382 0.2837 0.1596 0.1021 0.0709 0.0399 0.0255 0.0113

Alderson lung (ICRU 1989) 0.7009 0.3115 0.1752 0.0779 0.0438 0.0280 0.0195 0.0110 0.0070 0.0031

Alderson muscle A (ICRU 1989) 2.2561 1.0027 0.5640 0.2507 0.1410 0.0902 0.0627 0.0353 0.0226 0.0100

Alderson muscle B (ICRU 1989) 2.2522 1.0010 0.5631 0.2502 0.1408 0.0901 0.0626 0.0352 0.0225 0.0100

Aluminum (Hubbell and Seltzer 2004) 5.4010 2.4005 1.3503 0.6001 0.3376 0.2160 0.1500 0.0844 0.0540 0.0240

Aluminum oxide 8.0828 3.5923 2.0207 0.8981 0.5052 0.3233 0.2245 0.1263 0.0808 0.0359

AP6 (ICRU 1989) 2.0633 0.9170 0.5158 0.2293 0.1290 0.0825 0.0573 0.0322 0.0206 0.0092

B100 (ICRU 1989) 3.1766 1.4118 0.7942 0.3530 0.1985 0.1271 0.0882 0.0496 0.0318 0.0141

B110 (ICRU 1989) 3.7993 1.6886 0.9498 0.4221 0.2375 0.1520 0.1055 0.0594 0.0380 0.0169

BR-10 (White et al. 1977) 2.1488 0.9550 0.5372 0.2388 0.1343 0.0860 0.0597 0.0336 0.0215 0.0096

BR-12 (ICRU 1989) 2.1842 0.9708 0.5460 0.2427 0.1365 0.0874 0.0607 0.0341 0.0218 0.0097

Calcium carbonate 5.8075 2.5811 1.4519 0.6453 0.3630 0.2323 0.1613 0.0907 0.0581 0.0258

Calcium fluoride (Hubbell and Seltzer 2004) 6.4259 2.8560 1.6065 0.7140 0.4016 0.2570 0.1785 0.1004 0.0643 0.0286

CIRSa adipose (Ducote et al. 2011) 2.1361 0.9494 0.5340 0.2373 0.1335 0.0854 0.0593 0.0334 0.0214 0.0095

CIRSa BR 30/70 (Poletti et al. 2002) 2.2457 0.9981 0.5614 0.2495 0.1404 0.0898 0.0624 0.0351 0.0225 0.0100

CIRSa BR 50/50 (Poletti et al. 2002) 2.2553 1.0023 0.5638 0.2506 0.1410 0.0902 0.0626 0.0352 0.0226 0.0100

CIRSa BR 70/30 (Poletti et al. 2002) 2.3371 1.0387 0.5843 0.2597 0.1461 0.0935 0.0649 0.0365 0.0234 0.0104

CIRSa fibroglandular (Ducote et al. 2011) 2.3785 1.0571 0.5946 0.2643 0.1487 0.0951 0.0661 0.0372 0.0238 0.0106

Ethoxyethanol (ICRU 1989) 2.1191 0.9418 0.5298 0.2355 0.1324 0.0848 0.0589 0.0331 0.0212 0.0094

EVA28 (ICRU 1989) 2.2093 0.9819 0.5523 0.2455 0.1381 0.0884 0.0614 0.0345 0.0221 0.0098

FT1 (White 1978) 2.1883 0.9726 0.5471 0.2431 0.1368 0.0875 0.0608 0.0342 0.0219 0.0097

Griffith breast (ICRU 1989) 2.4934 1.1082 0.6234 0.2770 0.1558 0.0997 0.0693 0.0390 0.0249 0.0111

Griffith lung (ICRU 1989) 0.5819 0.2586 0.1455 0.0647 0.0364 0.0233 0.0162 0.0091 0.0058 0.0026

Griffith muscle (ICRU 1989) 2.5296 1.1243 0.6324 0.2811 0.1581 0.1012 0.0703 0.0395 0.0253 0.0112

HB/SR4 (Schneider et al. 1996) 3.1949 1.4200 0.7987 0.3550 0.1997 0.1278 0.0887 0.0499 0.0319 0.0142

IB/SR 1 (Schneider et al. 1996) 2.5886 1.1505 0.6472 0.2876 0.1618 0.1035 0.0719 0.0404 0.0259 0.0115

K-Kb SZ50 (Kyoto-Kagaku 2011) 2.2461 0.9983 0.5615 0.2496 0.1404 0.0898 0.0624 0.0351 0.0225 0.0100

K-Kb bone BEH (Kyoto-Kagaku 2011) 2.1744 0.9664 0.5436 0.2416 0.1359 0.0870 0.0604 0.0340 0.0217 0.0097

K-Kb bone BEN (Kyoto-Kagaku 2011) 2.2151 0.9845 0.5538 0.2461 0.1384 0.0886 0.0615 0.0346 0.0222 0.0098

K-Kb bone BET (Kyoto-Kagaku 2011) 2.1427 0.9523 0.5357 0.2381 0.1339 0.0857 0.0595 0.0335 0.0214 0.0095

K-Kb lung LP (Kyoto-Kagaku 2011) 2.2820 1.0142 0.5705 0.2536 0.1426 0.0913 0.0634 0.0357 0.0228 0.0101

K-Kb water WD (Kyoto-Kagaku 2011) 2.2420 0.9964 0.5605 0.2491 0.1401 0.0897 0.0623 0.0350 0.0224 0.0100

LN1 (White 1978) 0.6575 0.2922 0.1644 0.0731 0.0411 0.0263 0.0183 0.0103 0.0066 0.0029

M3 wax (ICRU 1989) 2.4192 1.0752 0.6048 0.2688 0.1512 0.0968 0.0672 0.0378 0.0242 0.0108

Magnesium (Hubbell and Seltzer 2004) 3.5668 1.5852 0.8917 0.3963 0.2229 0.1427 0.0991 0.0557 0.0357 0.0159

Mix D (ICRU 1989) 2.3214 1.0317 0.5803 0.2579 0.1451 0.0929 0.0645 0.0363 0.0232 0.0103

MS/SR 4 (Schneider et al. 1996) 2.4278 1.0790 0.6069 0.2698 0.1517 0.0971 0.0674 0.0379 0.0243 0.0108

MS15 (White 1978) 2.2662 1.0072 0.5666 0.2518 0.1416 0.0906 0.0630 0.0354 0.0227 0.0101

MS20 (White 1978) 2.2372 0.9943 0.5593 0.2486 0.1398 0.0895 0.0621 0.0350 0.0224 0.0099

Nylon-6 (ICRU 1989) 2.5705 1.1425 0.6426 0.2856 0.1607 0.1028 0.0714 0.0402 0.0257 0.0114

Paraffin wax (White 1978) 2.2114 0.9829 0.5529 0.2457 0.1382 0.0885 0.0614 0.0346 0.0221 0.0098

PET (Mylar) (Hubbell and Seltzer 2004) 2.9814 1.3251 0.7454 0.3313 0.1863 0.1193 0.0828 0.0466 0.0298 0.0133

Plaster of Paris (ICRU 1989) 4.9212 2.1872 1.2303 0.5468 0.3076 0.1968 0.1367 0.0769 0.0492 0.0219

PMMA (Hubbell and Seltzer 2004) 2.6648 1.1844 0.6662 0.2961 0.1666 0.1066 0.0740 0.0416 0.0266 0.0118

Poll resin (White 1978) 4.0408 1.7959 1.0102 0.4490 0.2526 0.1616 0.1122 0.0631 0.0404 0.0180

Polycarbonate 2.6254 1.1669 0.6564 0.2917 0.1641 0.1050 0.0729 0.0410 0.0263 0.0117

Polyethylene (Hubbell and Seltzer 2004) 2.2021 0.9787 0.5505 0.2447 0.1376 0.0881 0.0612 0.0344 0.0220 0.0098

Polyoxymethylene (Berger et al. 2005) 3.1194 1.3864 0.7799 0.3466 0.1950 0.1248 0.0867 0.0487 0.0312 0.0139

Polypropylene (Berger et al. 2005) 2.1311 0.9472 0.5328 0.2368 0.1332 0.0852 0.0592 0.0333 0.0213 0.0095

Polystyrene (Hubbell and Seltzer 2004) 2.3663 1.0517 0.5916 0.2629 0.1479 0.0947 0.0657 0.0370 0.0237 0.0105

Polyvinyl chloride (Hubbell and Seltzer 2004) 2.9888 1.3284 0.7472 0.3321 0.1868 0.1196 0.0830 0.0467 0.0299 0.0133

RF-1 (ICRU 1989) 2.1969 0.9764 0.5492 0.2441 0.1373 0.0879 0.0610 0.0343 0.0220 0.0098

(Continued)
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HU matched to the human body for various organs. The phantom 
is approximately 66 inches (168 cm) in height and straddles the 
range of the revised ICRP 89 reference male and female (ICRP 
2002). The CTU-41 torso phantom is intended for CT imag-
ing with radiation properties approximately similar to the tar-
geted tissues and HU matched to the human body for various 
organs. The “Lungman” N1 phantom is a chest phantom with 
attenuation properties simulating organs and tissues and allows 
for incorporation of nodules that could be of value in research 
studies on nodule detection. The PH-1C pediatric chest phantom 
simulates a five-year-old and includes a 13 mm diameter hole 

along the mediastinum to position a pencil ion chamber. It has 
swappable lung inserts, one intended for image quality evalua-
tion and another for including TLDs. The LSCT001 is intended 
for CT-based lung cancer screening protocol optimization. It 
includes a 13 mm diameter hole to position a pencil chamber 
and includes simulated tumors in the lung. The ACS phantom is 
intended for optimizing head CT angiography protocols.

The elemental composition of three different bone types, soft 
tissue, lung, and water equivalent material, along with their elec-
tron density provided in the manufacturer catalog (Kyoto-Kagaku 
2011), are included in Table 55.5. The soft tissue and organs are 
formulated from proprietary urethane-based resin (SZ-50) and 
the bones are formulated using proprietary epoxy-based resins. 
Although these phantoms may not be strictly intended for dosim-
etry, the similarity in HU between the substitutes and human 
body tissues reported for various organs and tissues indicate 
approximately equivalent attenuation properties. With the excep-
tion of the PH-1C pediatric chest phantom, other phantoms do 
not have an established grid for including TLDs.

55.7.2.3 CIRS Phantoms

Several tissue-equivalent anthropomorphic phantoms have 
been developed by CIRS Inc., Norfolk, VA. The Atom series of 
anthropomorphic phantoms are sized to cover newborn to adult 
male and female including one-, five- and 10-year-old pediatric 
subjects. The male and female versions of the phantom are sized 
to the earlier ICRP 23 reference male and the reference female, 
respectively (ICRP 1975). The newborn and one year versions 
also include the arms and legs so that scatter contribution is 
included during measurements, whereas these need to be ordered 
separately for other sizes. Similar to the Alderson phantom, the 

TABLE 55.6 (Continued)

Refractive Index Decrement δ (×10−6) of Tissue Substitutes

Substitutes (Reference)

Energy (keV)

10 15 20 30 40 50 60 80 100 150

RM-1 (ICRU 1989) 2.3918 1.0630 0.5979 0.2658 0.1495 0.0957 0.0664 0.0374 0.0239 0.0106

RMI 454 (Poletti et al. 2002) 2.2181 0.9858 0.5545 0.2465 0.1386 0.0887 0.0616 0.0347 0.0222 0.0099

Rossi gel (ICRU 1989) 2.5262 1.1228 0.6315 0.2807 0.1579 0.1010 0.0702 0.0395 0.0253 0.0112

RW-1 (ICRU 1989) 2.2734 1.0104 0.5684 0.2526 0.1421 0.0909 0.0632 0.0355 0.0227 0.0101

RW-2 (ICRU 1989) 2.4500 1.0889 0.6125 0.2722 0.1531 0.0980 0.0681 0.0383 0.0245 0.0109

SB3 (White 1978) 3.2654 1.4513 0.8163 0.3628 0.2041 0.1306 0.0907 0.0510 0.0327 0.0145

SB5 (ICRU 1989) 3.9780 1.7680 0.9945 0.4420 0.2486 0.1591 0.1105 0.0622 0.0398 0.0177

Solid water (Constantinou et al. 1982) 2.2733 1.0104 0.5683 0.2526 0.1421 0.0909 0.0631 0.0355 0.0227 0.0101

Temex (ICRU 1989) 2.2799 1.0133 0.5700 0.2533 0.1425 0.0912 0.0633 0.0356 0.0228 0.0101

UFLc bone BTES (Jones et al. 2003) 3.0180 1.3413 0.7545 0.3353 0.1886 0.1207 0.0838 0.0472 0.0302 0.0134

UFLc bone BTES-NB (Jones et al. 2003) 2.6559 1.1804 0.6640 0.2951 0.1660 0.1062 0.0738 0.0415 0.0266 0.0118

UFLc lung LTES/LTES-NB (Jones et al. 2003) 0.6646 0.2954 0.1661 0.0738 0.0415 0.0266 0.0185 0.0104 0.0066 0.0030

UFLc soft tissue STES (Jones et al. 2003) 2.3081 1.0258 0.5770 0.2565 0.1443 0.0923 0.0641 0.0361 0.0231 0.0103

UFLc soft tissue STES-NB (Jones et al. 2003) 2.3105 1.0269 0.5776 0.2567 0.1444 0.0924 0.0642 0.0361 0.0231 0.0103

Teflon (PTFE) (White 1978) 4.4832 1.9925 1.1208 0.4981 0.2802 0.1793 0.1245 0.0701 0.0448 0.0199

TSK/SR 1 (Schneider et al. 1996) 2.9043 1.2908 0.7261 0.3227 0.1815 0.1162 0.0807 0.0454 0.0290 0.0129

Water 2.3046 1.0243 0.5761 0.2561 0.1440 0.0922 0.0640 0.0360 0.0230 0.0102

WT1 (ICRU 1989) 2.2847 1.0154 0.5712 0.2539 0.1428 0.0914 0.0635 0.0357 0.0228 0.0102

a Computerized Imaging Reference Systems, Inc., Norfolk, VA.
b Kyoto-Kagaku Co. Ltd., Kyoto, Japan.
c University of Florida, Gainesville, FL. NB indicates newborn.
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FIGURE 55.17 Illustration of the method for selecting or verifying the 
appropriateness of the substitute over the energy range.
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series are sectioned in 2.5 cm intervals along the superior–infe-
rior direction. The homogeneous bone simulating material is fab-
ricated to be of density that is age-dependent. Over the energy 
range of 50 keV to 15 MeV, the linear attenuation coefficients of 
substitutes used to simulate the soft tissue and bone are within 
1% and that for lung is within 3%. The phantoms include holes 
for 22 radiosensitive organs for organ dosimetry and are com-
patible with various dosimeters. The phantom is also designed 
to incorporate a quality assurance kit for CT that includes low 
contrast detectability targets for lung and soft tissue and line-
pair targets for assessing spatial resolution in soft tissues. Breast 
attachments for breast dosimetry and fat annuli representing bar-
iatric or pregnant subjects are also available. A head and neck 
phantom (Atom Max, Model 711-HN) is intended for imaging 
protocol optimization and includes fine anatomic structures. 
The X-ray attenuation properties simulate human tissue over the 
50 keV to 25 MeV range.

The 3D torso phantom (Model 602) simulates the physical den-
sity and attenuation properties of the tissues and organs within 2% 
over the diagnostic range. The included organs are heart, lungs, 
liver, spleen, pancreas, and kidney, all of which are removable and 
allow for flexible positioning of TLDs. The exterior of the phan-
tom simulates a 30/70 mixture of adipose and muscle tissue and 
the ribs are lined with muscle. The interstitial voids can be filled 
with water. Another torso phantom (Model 600) is fabricated as 
2.5 cm sections using epoxy materials and allows for internal 
organ dosimetry over the energy range of 40 keV to 20 MeV. The 
Model 801-P phantom simulates the human male pelvis and is 
based on the virtual human project dataset. It is formulated using 
proprietary epoxy resins with density and attenuation properties 
within 1% of human tissues over the 50 keV to 25 MeV range.

55.7.2.4 The Phantom Laboratory

Sectional phantoms of the elbows, hands, knees, and feet are 
available from the Phantom Laboratory (Salem, NY). They are 
made of human skeleton cast within their proprietary RANDO® 
material, which is reported to be representative of soft tissue in 
terms of the effective atomic number. Figure 55.18 shows a pic-
ture of the hand phantom.

55.7.2.5 Korean Reference man Phantom

In order to reflect the dimensions of an average Korean male, 
Kim et  al. (2006) developed an anthropomorphic phantom 
derived from whole-body CT scan of a male volunteer with 
dimensions close to the average Korean male. The CT scan data 
were obtained from PET/CT and were interpreted by radiolo-
gists to verify the lack of abnormal lesions. The phantom was 
fabricated using rapid prototyping and a manufacturing process 
employing a stereolithography-based 3D printing technique. All 
organs and skeleton were fabricated using liquid photosensitive 
polymers and subsequently cured using ultraviolet light, with the 
exception of the lungs. For lungs, molds were fabricated using 
the above technique and then injected with polyurethane foam 
(ρ = 0.28 g/cm3). Soft tissues were fabricated using polyure-
thane (ρ = 1.07 g/cm3). The fabricated anthropomorphic phan-
tom was evaluated by CT to determine if any structural defects 
or voids were present, and thermoluminescent (TL) dosimetry 

was performed using Cs-137, 662 keV gamma rays. Evaluation 
showed that the TL dosimetry was within 7% of theoretical Monte 
Carlo simulations using MCNP code (Los Alamos National Lab, 
Los Alamos, NM) for 16 selected organs and tissues.

55.7.2.6 University of Florida Phantoms

Most of the aforementioned anthropomorphic phantoms 
intended for radiation dosimetry were designed either for radia-
tion therapy or for diagnostic energies greater than 40–50 keV. 
Additionally, these commercially available anthropomorphic 
phantoms are expensive. Hence, researchers at the University of 
Florida (Gainesville, FL) have been developing tissue substitutes 
and anthropomorphic phantoms (Jones et al. 2003, Argo et al. 
2004, Winslow et  al. 2009, Fisher and Hintenlang 2014) suit-
able for the diagnostic energy range. Three adult versions of the 
anthropomorphic phantoms have been fabricated (Winslow et al. 
2009). The first phantom was built using the CT dataset from 
Kim et al. (2006) and corresponds to the average Korean male. 
The two subsequent phantoms corresponding to the revised 
ICRP 89 reference male and female were constructed by modi-
fying CT datasets. The series was expanded to pediatric subjects. 
The phantoms are fabricated in much finer sections of 5 mm than 
the 2.5 cm in the Alderson and Atom phantoms described above. 

FIGURE 55.18 Picture of the RANDO® hand phantom. (Courtesy: 
Andrew Karellas, PhD, University of Massachusetts Medical School, 
Worcester, MA.)
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The fabrication process involves engraving and milling molds in 
high-density foam. These molds were then back-filled with the 
tissue substitute. The soft tissue-equivalent substitute is formu-
lated from a urethane compound combined with calcium carbon-
ate. The lung tissue-equivalent substitutes are formulated from 
a urethane compound combined with polystyrene microbeads. 
The bone tissue-equivalent substitute was fabricated from epoxy 
resin. CT based characterization of these substitutes at 80 and 
120 kV showed that the measured HU for these substitutes were 
within the range of human tissues. Development of tissue sub-
stitutes suitable for pediatric imaging have also been reported 
(Jones et al. 2003). Theoretical calculations of the absorbed dose 
for these pediatric substitutes were within 4% of the tissues over 
the energy range appropriate for pediatric radiography.

55.7.2.7 3D Printing of Patient-Specific Replicas

In addition to the Korean reference man (Kim et al. 2006) that 
utilized a 3D printing technique, many institutions are utilizing 
3D printing techniques for fabricating patient-specific replicas, 
primarily for research. A few examples are provided. The breast 
parenchymal pattern is known to impair lesion detection in 
mammography (Burgess et al. 2001) and digital breast tomosyn-
thesis can partly alleviate this problem (Vedantham et al. 2015). 
There is a need for physical phantoms with a realistic 3D breast 
parenchymal pattern for optimizing acquisition and reconstruc-
tion parameters in digital breast tomosynthesis. Researchers at 
Duke University (Durham, NC, USA) have developed a patient-
specific breast phantom using dedicated breast CT data from 
the University of California at Davis (Kiarashi et al. 2015). Two 
versions of the phantom were fabricated using a liquid polymer 

jet 3D printing technique, one employing simultaneous deposi-
tion of two materials considered to be representative of adipose 
and the grouping of fibroglandular and skin tissues, and another 
using deposition of a single material that is representative of the 
grouping of fibroglandular and skin tissues. The single material 
phantom was back-filled with a different material to represent 
adipose tissue. The use of this phantom for evaluating five dif-
ferent digital breast tomosynthesis systems has been reported 
(Ikejimba et al. 2016). For imaging applications, there are chal-
lenges with 3D printing, as there is limited availability of mate-
rial with X-ray attenuation properties of interest. For example, in 
the above breast phantom, the fibroglandular substitute used for 
3D printing was equivalent to 68% fibroglandular tissue and the 
adipose tissue used for 3D printing was equivalent to 36% fibro-
glandular tissue in the mammography energy range (Kiarashi 
et  al. 2015). Another application of 3D printing is to produce 
patient-specific neurovascular replicas to evaluate neuroendovas-
cular devices, to understand blood flow dynamics and to evaluate 
the effect of neuroendovascular devices on blood flow (Chueh 
et al. 2009, 2015, Anderson et al. 2016). Figure 55.19 shows an 
example of a silicone-based neurovascular replica, where the 
mold was created with rapid-prototyping technology and 3D 
printed using a fused deposition modeling technique.

55.8 Summary

Key factors to consider while designing or selecting a tis-
sue substitute material are the energy range and the radiation 
properties of interest, which for example, can be the linear 
attenuation coefficient, refractive index, and energy absorption 

FIGURE 55.19 Virtual model of a tortuous internal carotid artery based on a population of patients designed for simulated use testing of neurovascular 
access devices (left). Following mold creation with rapid-prototyping technology, a silicone vascular replica is made (center) and can be used as an imaging 
phantom (digital subtraction angiography (DSA) on right, frontal oblique projection). (Courtesy of Matthew J. Gounis, University of Massachusetts Medical 
School, Worcester, MA.)



1130 Handbook of X-ray Imaging

coefficient. Then the role of several parameters, such as the 
effective atomic number and the electron density, that need to 
be considered while formulating new substitutes or for identi-
fying a substitute material was discussed. Following a histori-
cal review of various methods for designing tissue substitutes, 
the most often used method to design or formulate new substi-
tutes is discussed. Importantly, the elemental compositions of 
45 tissues and organs, including those of interest for radiation 
dosimetry, and 70 tissue substitute materials are provided, along 
with their mass density and electron density. For several of these 
tissues and organs, the effective atomic number and the refrac-
tive index decrement that characterizes the phase properties in 
X-ray phase-contrast imaging are provided. The energy-depen-
dent refractive index decrements for all 70 tissue substitutes are 
provided over the diagnostic energy range and can be of value 
in selecting the appropriate substitute during the developmental 
stage of various techniques for X-ray phase-contrast imaging. 
In the discussion on the methodology to identify an appropri-
ate substitute for the intended task, the importance of energy 
range and the radiation property of interest is stressed. Finally, a 
discussion on various phantoms, including those for quality con-
trol audits and anthropomorphic phantoms incorporating such 
tissues substitutes, as well as ongoing research on developing 
patient-specific replicas, is provided.
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56
Phantoms for Image Quality and Dose Assessment

Alessandra Tomal and Paulo Roberto Costa

56.1 Introduction

Test objects and tissue substitute materials have been used since 
the beginning of the use of X-rays for imaging purposes (see 
Section IV, Chapter 55). However, these devices became more 
popular after the introduction of the concepts of quality control 
(QC) on imaging facilities in the seventies of the last century 
(Goodenough et al. 1972). Their development and use were also 
associated with the need to adequately balance dose and image 
quality in all X-ray imaging modalities (Tapiovaara 2008). 
Today, there are many different manufacturers and a wide range 
of models of these devices for all available medical imaging 
applications. Phantom manufacturers use different approaches 
for quantifying image quality metrics or dose characteristics 
of the image devices. Therefore, a professional who intends to 
start a working program in this area has a hard task comparing 
all the available options independently if he or she is a univer-
sity researcher or a hospital quality assurance (QA) officer. This 
chapter presents a technical evaluation of some of the more popu-
lar models of test objects and phantoms commonly applied to 
image quality and/or radiation dose evaluation in different X-ray 
imaging modalities (radiography, mammography, interventional 
radiology, computed tomography (CT), and so on). It contains 
helpful comparative information about them and can be used to 
gain adequate understanding of the applications and capabilities 
of these different phantoms. However, as several phantom models 

are currently available on the market and many of them have not 
been included in this chapter, this text has no intention of being 
an extensive or conclusive study, only of providing general guide-
lines for students or practitioners regarding the challenges faced 
on choosing adequate hardware for research or clinical evalua-
tion of diagnostic medical devices. DeWerd and Kissick (2014) 
recently published a very comprehensive description of the main 
phantoms used in the medical or health physics areas.

It is also important to emphasize that there is not a defini-
tive and general classification of phantoms adopted in medical 
imaging applications. Different authors can group these kinds 
of devices into different logical groups. For example, their mor-
phology (anthropomorphic or geometrical) can be adopted or the 
material used for their manufacture (tissue-equivalent or plastic 
materials) can also be used to classify the different kinds of phan-
tom. In the present chapter, the authors classify the phantoms in 
terms of the imaging modality of application (projection radiog-
raphy, mammography, fluoroscopy, and computed tomography), 
and image quality and dose assessment phantoms will be covered 
for each modality.

56.1.1 Phantom Definitions

Phantoms are important tools for QA, evaluation of image qual-
ity, and dosimetry in several medical imaging modalities. They 
also are fundamental in performance optimization of imaging 
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systems and for designing new imaging techniques without 
exposing people to X-rays.

The design and characteristics of a phantom for medical imag-
ing are selected by functional and/or anatomical characteristics 
of the body or the specific organ that it should simulate and also 
by the purpose of its application (image quality or dosimetry 
evaluation). Therefore, the identification of the phantom purpose 
is essential for defining its constructive properties. The intended 
use will dictate its functionality and the different designs avail-
able in the market reflect the variability of possible uses of these 
devices (DeWerd and Lawless 2014).

Composition, geometric design, presence or not of holes for 
positioning dosimeters, inclusion of special inserts for exploring 
imaging properties, and so on, are just some of the possibilities in 
designing phantoms for dose assessment and/or image quality of 
diagnostic medical equipment. The availability of dynamic flux 
of substances or moving parts can also be included, since some 
devices aim to mimic parts of the human body which present this 
characteristic. Therefore, the complete structure of a phantom for 
image quality or dose assessment is complex and demands a big 
effort from researchers, experienced users, and manufacturers in 
making these devices available and validated for end-users.

One of the general requirements for the materials that com-
pose imaging phantoms is to present tissue-equivalent proper-
ties. According to the International Commission on Radiation 
Units & Measurements (ICRU) Report 44 (ICRU 1989), for a 
material to be considered tissue-equivalent, it must have similar 
physical and chemical properties (composition, physical density, 
electron density, and effective atomic number) and radiation 
related properties at the energy range of interest (attenuation and 
scattering properties) as those of tissues. The ICRU Report 44 
recommends that tissue-equivalent materials for image quality 
assessments in diagnostic radiology should have linear attenua-
tion coefficients within 5% of these for a given body tissue over 
the required photon energy interval.

56.2 Phantoms for Projection Radiography

Projection radiography was the first imaging modality using 
X-rays, and it is largely the most popular and worldwide 
adopted imaging medical application of radiation (IAEA 
2011a). Therefore, historically, it is one of the main responsible 
for increasing population doses since the beginning of the last 
century (NCRP 2009). Additionally, it is important to take into 
account the fact that the amount of radiation exposure per per-
son from man-made devices was doubled, on average, during 
the last thirty years (Schauer and Linton 2009). Therefore, an 
adequate balance between image quality and radiation exposure 
is essential for the assurance of application of these technologies 
with minimum risk to patients and staff. The evaluation of this 
balance is done by the implementation of QA programs using 
specific phantoms and other auxiliary instrumentation (AAPM 
2002, European Commission 2006). Phantoms are used during 
implementation of QC measurements with the purpose of notic-
ing any changes in the imaging system (Muhogora et al. 2011). 
In addition, phantoms for projection radiography are largely used 
for research purposes, aiming to optimize the radiographic imag-
ing parameters in order to achieve the best relationship between 

image quality and absorbed dose (Chotas et al. 1993, Doyle et al. 
2006, Sun et al. 2012).

There are huge numbers of such phantoms available on the 
market, and an extensive and complete description of all of them 
is not in the scope of this chapter. Therefore, the criteria adopted 
by Ng and Yeong (2014) will also be adopted, in part, for the 
devices described here. The authors have focused on phantoms 
that have been extensively tested and documented, which are 
available on the market, and which are recognized by national 
or international bodies in medical physics or medical radiology. 
Obviously, many other validated devices can be found in the lit-
erature and the absence of citations in the present text cannot be 
interpreted as an inadequacy of their practical application.

56.2.1  Phantoms for Image Quality in 
Projection Radiography

The phantoms used for image quality in general radiology are 
typically composed of tissue-equivalent material that mimics 
human tissue in terms of attenuation, absorption, and scattering 
of X-rays. Additionally, they include specific inserts to simulate 
different structures of interest in an organ or anatomical region 
in the human body (Chotas et al. 1993, Baydush et al. 2000). The 
inserts can vary in shape and composition, aiming to quantify 
the image quality in terms of different metrics related to contrast, 
noise, and/or spatial resolution (Månsson 2000).

Table 56.1 summarizes selected phantoms that are commer-
cially available and widely used for assessing the image quality 
in projection radiology (general and pediatric) around the world.

The main requirement of acceptance testing and QC phantoms 
is to simulate the geometry, composition, and densities of human 

TABLE 56.1

Available Commercialized Phantoms for Projection Radiology

Purpose Manufacturer/Model

Acceptance testing 
and quality control 
phantom

PTW, Germany/Model REX

CIRS, USA/Model 903 Radiography/Fluoroscopy 
QA

Fluke Biomedical, USA/“Duke,” RaySafe P Fluoro 
Phantom, RaySafe Pro-Digi radiography 
phantom, EZ CR/DR “DIN” Test Tool

Leeds Test Objects Ltd., UK/Model TOR CDR, 
CRDDR, PIX 1,3 TOR 18FG, TO ANSI

Contrast detail 
phantoms

Artinis Medical Systems, Netherlands/Model 
CDRAD

Leeds Test Objects Ltd., UK/Model TO 12, TO 16, 
TO 20

Gammex Inc., USA/Model 1151

Anthropomorphic 
phantom

CIRS Inc., USA/Models 711-HN (ATOM MAX), 
3D torso phantom, 715 (SPoRT™)a

The Phantom Laboratory Inc., USA/Model 
RANDO®

RSD Inc, USA/Model Alderson
Gammex Inc., USA/Model 610
Kyoto Kagaky Co. Ltd., Japan/Model LUNGMAN 
& Whole Body Phantoms PBU-50 and PBU-70a

a Pediatric phantom.
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anatomy, representing the exposure conditions and details nor-
mally presented in clinical images (Carton et al. 2011). Most of 
the acceptance testing and QC phantoms are designed to include 
artificial inserts, which are used to produce an image quality 
similar to a clinical examination, with very well-defined shapes, 
compositions, and dimensions, such as low- and high-contrast 
details, line resolution pattern, and step wedge.

The commercially available phantoms have been developed 
for QC testing of conventional X-ray systems in subjective and 
quantitative ways. The quantitative evaluation of image quality 
based on phantoms for QC testing can be performed with respect 
to optical density, spatial resolution, signal-to-noise ratio (SNR), 
contrast, contrast-to-noise ratio (CNR), contrast resolution, and 
contrast detail (Mah et al. 2001, Samei and Flynn 2002, Bushberg 
et al. 2012). Otherwise, the qualitative evaluation of image qual-
ity is based on detection thresholds for inserts included into 
the phantom. The images are scored in terms of the number of 
inserts that can be visually evaluated to assess the detectability of 
the features on the X-ray image (Marsh and Malone 2001).

Among the commercially available phantoms for acceptance 
and QC tests, there are some that are accredited or produced 
according to specific recommendations to be used following the 
recommendations and standards of specific guidelines for QC 
in projection radiology. The use of these phantoms for image 
quality assessment is based on image acquisition according to 
instructions provided by the manufacturers and also specific 
protocols or guidelines for QA and QC (European Commission 
1996, AAPM 2002).

The REX X-ray test phantom is used for QC in projection radi-
ology, and it complies with the international standard IEC 61223-
3-1(Ng and Yeong 2014). The first version of this phantom was 
constructed in 1982, and it was developed for practical QC for this 
X-ray image modality. The REX reference phantom is a compact 
aluminum test object with dimensions 250 × 250 × 25 mm3, 
which includes symmetric and well-defined insert structures 
with respect to X-ray attenuation and image quality assessment 
(Figure 56.1). Poly(methyl methacrylate) (PMMA) and copper 
plates can be used for simulating different anatomical regions 
of a patient and examination settings, such a thorax posterior to 
anterior (PA), thorax lateral, skull, and abdomen. This phantom 
allows fast and easy comparison of image quality, dose, and tech-
nical settings of X-ray equipment over time. Low-contrast discs 
and resolution line groups are included in the phantom configu-
ration for image quality assessment in terms of contrast and spa-
tial resolution, respectively.

The ‘‘Duke’’ phantom is an acceptance testing and QC phan-
tom, developed for simulating the image of human thoracic 
structures. Chotas et al. (1993) developed this phantom in 1997, 
and it is still used for image quality assessment produced by con-
ventional and digital X-ray systems. The Duke phantom allows 
quantitative measurements for evaluating the image quality and 
performance of the conventional and digital imaging systems. 
The phantom was designed to simulate the frontal radiographic 
projections of human thoracic structures (lungs, heart, ribs, and 
abdomen), and it was constructed using PMMA, copper, and 
aluminum-modeled sheets. Additionally, test objects (contrast-
detail test pattern, line-pair test pattern, and stainless steel) are 
also included inside the phantom for determining the image 
quality scores (Mah et al. 2001).

The CIRS ACR accreditation R/F QA phantom was designed 
to comply with the American College of Radiology (ACR) 
Accreditation Program requirements for image quality assessment 
in projection radiology. The phantom is composed of PMMA-
equivalent epoxy with dimensions 25.4 × 25.4 × 20.7 cm3. The 
phantom consists of three attenuation plates, one test object plate, 
and a detachable stand for reproducible setup. The simulated 
inserts consist of high-contrast mesh targets for assessing the 
spatial resolution, and two separate contrast-detail test objects 
designed by low-contrast holes of variable depth and diameter/
depth. Artery blocks with different iodine concentrations are 
optional accessories available to evaluate iodine contrast visibil-
ity and linearity, as well as digital subtraction effectiveness under 
various conditions. This phantom can be used in different config-
urations, and it allows the quantitative assessment of image qual-
ity through minimum detectable contrast, low contrast resolution, 
optical density, high contrast resolution, and digital subtraction 
angiography. The Radiography/Fluoroscopy QA Phantom can be 
used for initial QA assessment and routine monthly QA testing 
in order to compare the image quality with the reference levels 
established by the ACR Accreditation Program and image qual-
ity constancy assessment, respectively.

The phantoms recommended by the American Association of 
Physicists in Medicine (AAPM) (AAPM 2002) for image quality 
assessment in diagnostic radiology are geometric phantoms used 
to simulate chest, abdomen/lumbar spine, skull, and extremi-
ties. These phantoms are composed of PMMA and aluminum 
sheets cut into shapes and combined in different thicknesses and 
arrangements in order to resemble different regions of the body 
of the patient (Ng and Yeong 2014).

Most of the previously described phantoms were developed 
for analog screen–film radiology, and they have specific inserts 
for image contrast evaluation. However, they are still useful for 
image quality assessment for modern digital radiology systems 
(Mah et  al. 2001). On the other hand, the formation of digi-
tal images using both computed radiography (CR) and digital 

FIGURE 56.1  REX X-ray test phantom for radiography and fluoroscopy. 
(Courtesy of PTW, Germany.)
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radiography (DR) systems separates acquisition, processing, and 
display, which allows the evaluation and optimization of each 
individual step. Thus, there are many studies related to the devel-
opment of new phantom configurations for evaluating each step 
or the complete image formation chain.

The EZ-CR/DIN phantom is specifically designed for 
 evaluating the entire CR/DR image acquisition chain. This phan-
tom is constituted of Lexan™ and copper plates with areas of 
35 × 40 cm2, and contains the following specific inserts: a test 
pattern for spatial resolution evaluation, a six step copper wedge 
for assessing the dynamic range, low-contrast objects for assess-
ing the contrast resolution and measuring area for homogeneity. 
Such a test tool is usually employed for performing daily QC 
checks. Specific exposure parameters for image acquisition are 
recommended by the manufacturer, however they should be 
adjusted in the initial use of the phantom to find the correct tech-
nical parameters that will be used on each exposure. The image 
quality can be subjectively assessed through detectability scores. 
It can also be quantitatively assessed by means of line-pair reso-
lution measurements, ROIs (regions of interest), and geometry 
symmetry.

The RaySafe P Fluoro phantom was designed for accep-
tance and constancy tests for digital and analog radiography 
and fluoroscopy equipment. This test tool has dimensions: 
30 × 30 × 1.85 cm3, being comprised of a 1.5 mm thick copper 
plate with a mesh pattern embedded in PMMA. The insert details 
are a copper step wedge with additional low-contrast details, 
contrast-detail elements, and a line pattern for pair resolution.

A specific digital radiology image quality assessment test tool 
is the RaySafe Pro-Digi Radiography Phantom (Figure 56.2). 
This phantom is dedicated for acceptance and constancy tests of 
DR equipment.

Several commercially available phantoms were developed by 
Leeds Test Objects Ltd., UK to assess the performance of several 

X-ray imaging systems being adopted for clinical use by the 
National Health Service (NHS) and as a test tool by the Institute 
of Physics and Engineering in Medicine (IPEM). Among the 
phantoms developed, several are recommended for radiographic 
and fluoroscopic applications. These phantoms are designed to 
be used quickly and easily on a regular or commissioning basis to 
provide an on-going check of the image quality performance of 
digital radiography X-ray systems, particularly those aspects that 
are most liable to deterioration. These tests should be carried out 
at acceptance to establish a baseline, and on a routine basis for 
measuring low-contrast sensitivity, high-contrast sensitivity, and 
spatial resolution. The main image quality parameters that can 
be tested using these phantoms are: image retention, sensitivity 
index consistency/sensitivity, uniformity, scaling errors, blurring 
and stitching artifacts, limiting resolution, and threshold contrast 
(low and high) detail detectability. Figure 56.3 shows the TOR 
CDR radiography phantom, used as a routine test object. As rec-
ommended by the manufacturers, the images of these phantoms 
must be acquired in manual exposure mode to achieve specific 
contrast and noise levels in the image. If automatic exposure con-
trol (AEC) is used for image acquisition, the consistency of the 
AEC function should be included in the evaluation. The images 
must be viewed on a clinical workstation to determine the visibil-
ity thresholds. After an initial gray-scale check, image quality is 
measured simply by counting the number of details detected and 
the number of bar-patterns resolved in the image. An on-going 
record of these numbers will reveal any trend towards deteriora-
tion in imaging performance. Automatic analysis software appli-
cations are also available from the manufacturers for eliminating 
the test subjectivity.

Most of the metrics for quantitative evaluation of image qual-
ity in radiology are based on characterizing the physical acquisi-
tion/processing steps of the imaging chain. However, the visual 
detectability of low-contrast and small details is crucial for 

FIGURE 56.2 Pro-Digi Phantom for digital radiography. (Courtesy of Fluke Biomedical, USA.)
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medical diagnosis, being dependent on the observer, and should 
be monitored (Dobbins Iii et al. 1992).

A test of observer perception that considers the overall imag-
ing chain is the contrast-detail (CD) analysis. This analysis can 
be performed using a CD phantom, and it combines contrast, 
noise, and spatial resolution information with the visual per-
formance of human observers. This kind of test object includes 
details with varying contrast (thickness) and diameters in order 
to simulate the visibility of details at various contrast levels, as 
observed by the radiologist (Thijssen et  al. 1998, Geijer et  al. 
2001). CD phantom analysis is well established in medical phys-
ics, and it is also largely used to compare the image quality of 
different radiography systems or different acquisition techniques 
on threshold CD detectability (Rong et al. 2001, Veldkamp et al. 
2006, Crop et al. 2012). However, CD phantoms are not suitable 
for simulating clinical image quality, since they are not related to 
the patient composition and anatomy (Crop et al. 2012).

There are several CD phantoms commercially available for 
projection radiography. The CDRAD phantom is composed of a 
Plexiglas plate of 10 mm thickness. It includes 225 sizes of holes, 
varying in diameter and depth from 0.3 mm to 8.0 mm, which 
are arranged in 15 columns and 15 rows (Figure 56.4). Two 
cylindrical holes for each combination are located in specific 

positions in the phantom. For simulating different patient thick-
nesses, different Plexiglas plates should be added symmetrically 
over and under the phantom. There are three configurations of 
CD phantoms manufactured by Leeds Test Objects Ltd., UK that 
are designed for quantitative assessment of image quality in radi-
ography. These phantoms are designed for measuring threshold 
contrast for digital spot imaging systems or for computed digital 
radiography systems. The TO 12 device includes 108 details (12 
diameters and nine contrasts), while the TO 16 and the TO 20 
include 144 details (12 diameters and 12 contrasts), varying in 
size from 0.25 to 11 mm and in contrast from 0.0043 to 0.954 
(TO 12) and from 0.0014 to 0.924 (TO 16 and 20). The Contrast 
Detail QC Tool (Gammex Inc., model 1151) is an aluminum 
plate, containing 100 circular indents (matrix 10 contrasts and 10 
diameters), with hole depths of 0.13 to 2.29 mm and hole diam-
eters from 0.58 to 7.93 mm.

The images of CD phantoms are usually acquired following 
the manufacturer’s recommendations. The standard method for 
the evaluation of CD images is subjective and based on human 
perception and decision criteria, in which the observers identify 
the smaller details visualized in the image (threshold) (Pascoal 
et al. 2005, Reis et al. 2013). The threshold contrast can be deter-
mined as a function of object diameter and plotted in a CD curve. 
The overall performance of a system in terms of the CD curve 
can be evaluated through the image quality figure (IQF), which 
is determined using the contrast and diameter information of all 
visible objects in the phantom (Thijssen et al. 1998, Geijer et al. 
2001, Crop et al. 2012).

For comparison of the imaging performance of different sys-
tems, phantom images should be acquired and visualized under 
identical conditions and evaluated by the same observer.

Subjective analysis of CD phantom images has shown some 
difficulties, mainly due to image readings not being reproduc-
ible (Cohen et al. 1984, Pascoal et al. 2005). In the last years, the 
development of software for model observers has been related to 
higher reproducibility in the analysis. Software evaluation based 
on model observers is better than or closely matches that of a 
human observer (Pascoal et al. 2005).

A precise representation of the human body is very important 
for detailed image quality assessment to consider realistic expo-
sure conditions and accurate organ dose evaluation (ICRU 1989). 
Several anthropomorphic phantoms have been designed in recent 
decades for this purpose, to enable simulation of the detailed 
human anatomy in terms of morphology, composition, and the 
dimensions of the human body for different ages and genders.

Anthropomorphic phantoms are very useful for monitoring, 
training, and optimizing exposure parameters prior to clinical 
studies and implementation of initial protocols (Emigh et  al. 
2013, Henriques et  al. 2014). Additionally, these phantoms are 
very useful for QA implementation and QC routines (Baydush 
et al. 2000).

There are a large number of anthropomorphic phantoms 
commercially available that were specifically developed to 
simulate several organs and to be applied in different clinical 
examinations.

The head/neck phantom (CIRS, model 711-HN–ATOM MAX) 
was developed to be applied in dental and X-ray imaging, and 
was designed for selection, monitoring, training, and verification 
of technical parameters in radiological procedures. The phantom 

FIGURE 56.3 TOR CDR phantom used for conventional and digital radi-
ography and fluoroscopy systems. (Courtesy of Leeds Test Objects Ltd., UK.)

FIGURE 56.4 CDRAD contrast detail phantom for radiography. (Courtesy 
of Artinis, UK.)
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is constructed with tissue-equivalent materials mimicking the 
composition of the body and includes volumetric details for sim-
ulation of the inner anatomy such as the brain, bone (cortical and 
trabecular), trachea, nasal cavities, and teeth (dentine, enamel, 
and root structure). The phantom approximates the average male 
adult human head in dimensions, shape, and internal structure.

The lung/chest multipurpose phantoms provide a detailed 
representation of the human torso and can be applied to imag-
ing applications, including both projection radiography and CT. 
The phantom simulates the human torso from the neck to the 
diaphragm of an average male adult. The composition of the 
phantom and the molded details depend on the manufacturer. 
The Alderson Lung/Chest (Radiology Support Devices, Inc.) 
phantom is molded around a male skeleton, and it is composed 
of tissue-equivalent material mimicking bone and soft tissue. 
Animal lungs are used to match the characteristics of a standard 
adult male. The phantom is available in configurations with the 
diaphragm/lung fixed or removable. Additionally, the phan-
tom includes different kinds of details for simulating different 
pathologies. The Lungman phantom (Kyoto Kagaku co., Ltd) 
is composed of tissue-equivalent material and synthetic bones. 
The internal structures mimic the lung, mediastinum, pulmonary 
vessels, and abdomen. Additionally, chest plates can be used to 
simulate larger patients. The CIRS anthropomorphic phantom is 
composed of resin-epoxy tissue-equivalent materials mimicking 
soft tissue, muscle, blood, water, and mixtures of them. The inner 
organs are molded in removable structures, such as lungs, heart, 
liver, kidney, pancreas-, and spleen. This configuration allows 
the image quality to be tested, and it can also be used for dosim-
etry, since there are specific holes inside each organ for inserting 
dosimeters.

Whole body anthropomorphic phantoms are a useful tool 
for training and QC, since their images are similar to those 
acquired in clinical examinations. Whole Body phantom PBU-
50 (Kyoto Kagaku Co., Ltd) is a life-size, full body anthropo-
morphic phantom with a state-of-the-art synthetic skeleton, 
lungs, liver, mediastinum, and kidneys embedded in soft tissue 
substitute (Figure 56.5). Movable joints allow basic position-
ing for plain X-ray, and training/research applications can be 
enriched by disassembling the phantom into 10 individual parts 
(head, limbs, and trunk).

Pediatric anthropomorphic phantoms were also designed to 
assist in monitoring, training, and optimizing exposure param-
eters and protocols in pediatric X-ray imaging. The Gammex 610 
(Gammex, Inc.) is an anthropomorphic neonatal chest phantom 
being composed of different tissue-equivalent materials, simu-
lating the bones and lungs. The CIRS Model SPoRT™ phan-
tom represents a typical five-year-old in both size and structure. 
The series consists of six sectional phantoms simulating the 
head, trunk, arms, and legs, which are available separately or 
as a complete set (Figure 56.6). Right members are available in 
extended or flexed configurations. Left members are available 
with or without embedded fractures. The phantom is composed 
of propriety urethane and epoxy materials. The main features 
include: fully open sinus cavities, cortical and trabecular bones, 
anthropomorphic lung structure, and vasculature. The SPoRT™ 
phantom can be used in digital and analog projection radiogra-
phy and in CT. Whole Body phantom PBU-70 (Kyoto Kagaku 
Co., Ltd) models a four-year-old child, with structures similar to 
the PBU-50 phantom.

56.2.2  Phantoms for Dose Assessment 
in Projection Radiography

The strong dependence between image quality and the radiation 
dose imparted to the patient is the main reason that evaluation of 
these quantities is needed in order to ensure the safe operating 
conditions of imaging diagnostic devices. Physical principles, 
quantified by traditional metrics, correlate the intensity of the 
photons impinging an image detector with the resulting image 
quality (Barrett et al. 2015). Therefore, it is important to develop 
dosimetry phantoms that can adequately simulate the practi-
cal conditions of medical imaging procedures for patient dose 
assessment. These phantoms are needed since it is not justifiable 
to utilize actual human exposure for conducting dose investiga-
tions. The allocation of dosimeters inside or outside patients is 
also impractical, although cadavers have been popular for this 
kind of purpose in recent years (Griglock et al. 2015).

As for other imaging modalities, two major groups of dosim-
etry phantoms can be identified for applications in radiographic 
imaging. The first, and more traditional, are the anthropo-
morphic phantoms. One of the most popular is the RANDO® 
phantom, manufactured by The Phantom Laboratory, Inc. This 
phantom is the modern version of the original phantom created 
by Alderson et  al. in 1962 (Alderson et  al. 1962) for radiation 
therapy planning purposes. It is composed of a natural human 
skeleton equipped with tissue-equivalent materials correspond-
ing to the soft tissues and lungs. The equivalence of these mate-
rials for energies in the diagnostic X-ray range have previously 
been evaluated (Shrimpton et  al. 1981). The soft tissue of this 
phantom is composed of a proprietary formulation of urethane. 
This material, which intends to mimic muscle with homoge-
neously distributed fat, presents an effective atomic number very 
similar to parts of the human body. A second approach consid-
ers simple geometries and PMMA/Aluminium combinations for 
producing attenuated X-ray spectra with similar characteristic 
of the spectra transmitted after passing through a real patient. 
This kind of phantom was developed during the decade of 1980 
(Conway et al. 1984; Conway et al. 1990) for assist the periodic 
assessment of radiation exposure in diagnostic imaging. These 

FIGURE 56.5 The multipurpose full body anthropomorphic phantom Kyoto 
Kagaku ‘‘Whole Body PU-50.” (Courtesy of Kyoto Kagaku Co, Ltd., Japan.)
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phantoms became popular in quality assurance programs around 
the world and they were suggested as part of instrumentation 
required for its practical implementation (AAPM, 1990; Gray, 
1983; NCRP, 1988). They are still used today and are very use-
ful in several radiographic imaging modalities, in special for 
estimating patient exposures using Automatic Exposure Control 
(AEC) (Compagnone et al. 2005).

56.3 Phantoms for Mammography

Nowadays, mammography is the most used technique around 
the world in screening programs for early detection of breast 
cancer in asymptomatic women (Yaffe et al. 2008) (see Section 
II, Chapter 19). Due to the use of mammography on a large 
scale for screening programs, many efforts have been made to 
improve the image quality in order to detect small size nodules, 
microcalcifications, and architectural distortions. Additionally, 
an important concern has also been to minimize the absorbed 
dose in this examination, in order to reduce the risk of radia-
tion-induced breast cancer following exposure of the breast to 

ionizing radiation (Yaffe and Mainprize 2011) (see Section II, 
Chapter 25). With this purpose, QA and QC programs have been 
established around the world in order to ensure high-quality 
mammographic examination while keeping the radiation dose as 
low as reasonably achievable.

The image quality and dose assessment are fundamental in a QC 
program, and their evaluation is based on the use of a breast phan-
tom produced specifically for this purpose. The use of a phantom 
comprises a fundamental part of routine mammographic QC.

Breast phantoms used for QA of mammographic equipment 
should be composed of equivalent material that is representative 
of breast tissue with a specific glandular content. They allow the 
accurate evaluation of image quality and patient dose. Most of 
the mammography phantoms commercially available are com-
posed of PMMA and an additional paraffin layer, which are not 
representative of the radiological properties of a breast with a 
composition of 50% adipose and 50% glandular tissue content 
at low energies (Dance et al. 2000). In addition, several recent 
publications have shown that a more realistic composition of the 
breast is related to an average glandular content of about 14% 
(Yaffe et al. 2009), where the fraction of glandular tissue in the 

(a) (b) (c)

(d)

(e)

FIGURE 56.6 The phantom CIRS SPoRT™ Model 715 for pediatric radiography: (a) trunk, (b) head, (c) legs, (d) arms, and (e) thorax X-ray image. 
(Courtesy of CIRS Inc., USA.)
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breast lies approximately between 12 and 35% (Yaffe et al. 2009, 
Ng and Lau 2015). In addition, several breast-equivalent materi-
als have been proposed for simulating different breast composi-
tions (White et al. 1977, Argo et al. 2004, Almeida et al. 2012), 
in order to represent the true breast composition and the large 
population variability.

56.3.1  Phantoms for Image Quality 
in Mammography

A high-quality mammograph is required to allow detection of the 
low contrast structures of small size (nodules and fibers), groups 
of microcalcifications, and high-frequency structures that repre-
sent structures commonly found in real mammographic images. 
In QC programs, the image quality is usually evaluated in terms of 
subjective and quantitative metrics. Subjective evaluation, defined 
in terms of visible targets in a mammographic image, is the stan-
dard metric for image quality assessment in most of the QC proto-
cols. Additionally, quantitative metrics based on determination of 
image contrast, CNR, SNR, noise power spectrum, and modula-
tion transfer function (MTF) have become an important tool for 
the detailed evaluation of image quality, since they allow quanti-
tative comparison between equipment, manufacturers, optimiza-
tion of an imaging system, and also the evaluation of constancy of 
the quality parameters (ACR 1999, European Commission 2006, 
Van Engen et al. 2006, IAEA 2011b, Engen et al. 2014).

Several mammographic phantoms have been developed over 
recent decades to assess the image quality in mammography, for 
both QC and research purposes. These phantoms are classified 
as phantoms for QA and QC tests, CD phantoms, and anthropo-
morphic phantoms.

There are huge amounts of such phantoms available on the 
market, and an extensive and complete description of all of them 
is not possible in this chapter. Table 56.2 summarizes selected 

phantoms that are commercially available and largely used in 
mammographic accreditation programs around the world.

Breast phantoms for image quality assessment, accreditation, 
and QC/QA in mammography include small anatomic struc-
tures similar to those clinically found in a real breast. Structures 
with different sizes are used in order to simulate the variabil-
ity of details observed in a real mammographic examination. 
Additionally, mammographic QA phantoms could also include 
embedded artificial structures, which could be used for a more 
specific image quality evaluation.

Since 1994, all mammographic facilities in the United States 
have to be certified by the Food and Drug Administration (FDA) 
in accordance with the requirements of the Mammography 
Quality Standards Acts (MQSA). The mammographic accredita-
tion phantom was introduced by the ACR to assess image qual-
ity. It is designed as an acrylic block filled with a wax containing 
structures of different sizes, shapes, and densities: low-contrast 
structures, to simulate tumor masses; fibers, to simulate fibrous 
calcification on ducts and fibrillar tissue extensions in adipose tis-
sue; and speck groups, to simulate groups of microcalcifications. 
These test objects represent breast structures that are similar to 
indicators of breast cancer present in clinical images. The phan-
tom simulates a breast composed of 50% adipose tissue and 50% 
glandular tissue with a 4.5 cm thickness, which is considered the 
average compressed breast. The wax box insert contains 16 sets 
of test objects, consisting of six nylon fibrous structures with a 
diameter between 0.4 and 1.56 mm, five aluminum-oxide (Al2O3) 
specks that simulate microcalcifications with sizes between 0.16 
and 0.54 mm, and five lens-shaped masses for simulating tumors 
with a thickness varying between 0.5 and 2 mm.

For QC purposes, the radiographic image should be acquired 
by positioning the ACR Phantom centered laterally on the image 
receptor so that the chest-wall edge of the phantom is aligned 
with the chest-wall edge of the image receptor. The acrylic disk 
should be placed on the top of the phantom, in a consistent loca-
tion where it does not cover any test object locations and is also 
not located on the AEC detector position. The image is acquired 
using the clinical technical factors currently used by the unit for 
a 4.2 cm compressed breast of average density (ACR 1999).

The radiographic image of the phantom is scored based on 
subjective analysis of visible and invisible details. The visual 
inspection should be performed using optimal viewing condi-
tions. The detail is counted as 1 if the whole object (or group of 
objects) is visible, while it is evaluated as 0.5 if not all but more 
than half is visible (Collectible 2008). The higher the score for 
the phantom image, the better the performance of the imaging 
system. It must achieve the minimum score established by the 
accrediting body. The ACR evaluation criteria outlined in the 
1999 ACR Mammography Quality Control Manual require that 
at least the four largest fibers, the three largest speck groups, and 
the three largest masses must be visualized (after artifacts are 
subtracted) (ACR 1999). The score should be compared with pre-
vious ones to determine any changes in the image quality for a 
given mammographic system.

A quantitative analysis can also be performed using the image 
of the acrylic disc placed on the mammographic accreditation 
phantom or over the homogeneous region in the center of the 
phantom. In screen–film mammography, the image contrast can 
be determined from the difference between the optical densities 

TABLE 56.2

Available Commercialized Breast Phantoms for Mammography

Phantom Manufacturer/Model

Mammographic 
accreditation phantoma

CIRS Inc., USA/Models 015 and 086

Gammex Inc., USA/Model 156, 156D and 
Mammo FFDM

Fluke Biomedical, USA/Model 18-220

Fluke Biomedical, USA/Model 18-250

Quality assurance phantom CIRS Inc., USA/Models 010 & 011A

Leeds Test Objects Ltd., UK/Models 
TORMAM & TORMAX & TO PASMAM

High contrast resolution 
phantom

CIRS Inc./Models 016A & 016B

Fluke Biomedical, USA/Model 18-251-2000

Contrast-detail phantom Artinis Medical Systems, Netherlands/
Model CDMAM

Leeds Test Objects Ltd., UK/Model DMAM

Anthropomorphic phantom Leeds Test Objects Ltd., UK/Models 
TORMAM & TORMAX & VOXMAN

CIRS Inc., USA/Models 010 & 011A 020 & 
Model 20 BR3D

a Standard accreditation phantom of American College of Radiology (ACR 
Phantom).
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(OD) inside the image of the disc and in the area of the phantom 
adjacent to the disc. In the case of digital mammography, the 
same regions can be used to assess the SNR and CNR, and also 
to evaluate the reproducibility of the pixel value.

Although the ACR Phantom has been used for assessing image 
quality in both screen–film mammography and full field digi-
tal mammography (FFDM), several authors have discussed its 
application in FFDM and its low sensitivity (McLean et al. 1997, 
Huda et al. 2000, 2002, Song et al. 2012). In this context, a work-
group has created and tested an ACR Phantom Prototype for 
digital mammography, based on the existing ACR Accreditation 
Phantom, but with different numbers and dimensions of inserts. 
The pass/fail criteria for subjective image quality assessment cor-
respond to the same (effective) size as the screen–film mammog-
raphy phantom (Berns 2011). The ACR Digital Mammography 
Phantom has become commercially available from CIRS (Model 
086) and Gammex (Model Mammo FFDM Phantom). Figure 
56.7 illustrates the ACR approved FFDM Phantom manufac-
tured by Gammex Inc.

The subjective and quantitative analyses of image quality in 
mammography can also be routinely assessed using QA phan-
toms that are recommended in different protocols around the 
world (IAEA 2011b). The QA phantoms presented in Table 56.2 
have a semi-cylindrical shape representing the breast anatomy 
and they include several inserts in a homogeneous background. 
These inserts are used for assessing contrast resolution, spatial 
resolution, high contrast small-detail and low contrast large-
detail detectability, filaments, microcalcification, and so on. 
These phantoms include inserted details that mimic structures 
related with breast cancer and other structures, which can be 
used for checking the detectability, reproducibility, and quantita-
tive evaluation of parameters that describe the image quality and 
for defining image quality scores. Additionally, some of them 
are available in different thickness and compositions, in order 
to simulate the breast anatomical variability found in clinical 
applications.

The supplementary test phantom TOR MAM is subdivided in 
two different halves. One half of this phantom is designed for 
quantitative and subjective evaluation of image quality, con-
taining inserts in a homogeneous background. The other half 
contains structures that mimic breast tissue with groups of 
microcalcifications, simulating a clinical mammographic image. 

This phantom is presented in Figure 56.8. In addition to this kind 
of phantom being useful for QC, its main application is provid-
ing images with an appearance closer to that achieved during a 
clinical mammographic examination, which may be preferred by 
radiographers and radiologists.

Among the parameters used to measure the image quality in 
mammography, the spatial resolution plays an important role, 
since its optimization is mandatory in clinical image quality to 
visualize fine detail in the breast such as microcalcificaltion and 
spiculated margins in tumor masses (Månsson 2000).

Several QA phantoms have embedded high contrast frequency 
patterns that are used in the quantitative evaluation of the spa-
tial resolution of a mammographic system. However, as these 
phantoms are used for evaluating the overall performance of 
a mammographic system, they do not include a large range of 
spatial frequencies for testing the limits of visualization. This 
can limit comparative evaluation between different systems and 
variations in the performance over time (European Commission 
2006). Thus, specifically designed high-contrast resolution phan-
toms have been developed, incorporating very thin high atomic 
number (usually gold–nickel) bar patterns, with a spatial resolu-
tion up to 20–28 line pairs/mm for mammography QA assess-
ments. Examples of high-contrast resolution phantoms are the 
CIRS Models 016A and 016B, which are composed of a tissue-
equivalent breast phantom of 45 mm thickness with a 17.5 µm 
thick gold–nickel bar pattern at varying spatial frequencies. 
Each bar pattern is positioned at 90 degrees to allow assessment 
of spatial resolution in the directions perpendicular and paral-
lel to the anode–cathode axis in a single exposure. The target 
is inserted into a cavity on top of tissue equivalent plates with a 
total thickness of 45 mm. This configuration allows reproducible 

FIGURE 56.7 Standard accreditation breast phantom for image qual-
ity assessment in full field digital mammography according the American 
College of Radiology. (Courtesy of Gammex Inc., USA.)

(a)

(b)

FIGURE 56.8 TOR MAM breast phantom. (a) TOR MAM breast phantom 
and (b) TOR MAM X-ray image. (Courtesy of Leeds Test Objects Ltd., UK.)
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positioning of the bar pattern, as recommended by the ACR. The 
image should be scored, by determining the spatial frequency 
of line pairs that can be clearly observed, starting with the most 
easily resolved. Resolution is generally worse in the direction 
parallel to the tube axis due to the asymmetrical shape of the 
focal spot.

For digital mammography, it recommended that the spatial 
resolution be evaluated through MTF measurements. If it is not 
possible to measure the MTF, a less suitable alternative is to mea-
sure the limiting spatial resolution in a similar manner to that 
used for screen–film mammography (European Commission 
2006).

Many phantoms have been designed to assess the visibility 
threshold of very small size objects under low-contrast condi-
tions. For this purpose, CD phantoms include simple inserts that 
vary both in diameter and in thickness within a standard simu-
lated breast thickness (Cohen et al. 1984, Thompson and Faulkner 
1991). CD phantoms are used for QC in mammography, being 
recommended by several mammography QA and QC protocols 
worldwide. The European Guidelines (European Commission 
2006) for QC in digital mammography define threshold contrast 
standards, based on CD phantoms, in order to compare the per-
formance of mammographic systems.

In a CD experiment, the image of the phantom is acquired 
using AEC or manual exposure mode, according to the recom-
mendations of the established protocol or application purposes. 
The observers record the small size of the objects that they per-
ceive, at a given confidence level. This allows the evaluation of 
the image quality for a given X-ray spectra and the dose level 
clinically used.

According to the European Guidelines (European Commission 
2006), the CD evaluation for image quality is the commercially 
available CDMAM contrast detail phantom (Artinis), which con-
sists of a 0.05 mm thick aluminum base (99.5% pure Al) with 
gold discs of various thicknesses (0.05 to 1.60 µm) and diameters 
(0.10 to 3.20 µm) attached to a PMMA cover block (Bijkerk et al. 
1993). Figure 56.9 shows the CDMAM phantom used for CD 
evaluation. Additionally, the European Guidelines recommend 
the image quality evaluation should be performed at an equiva-
lent thickness of 45 mm PMMA. As this test is time consuming, 
the evaluation is restricted to this standard thickness.

The interpretation of the CD analysis for digital mammogra-
phy is based on defining two limiting values. The acceptable lim-
its are based on screen–film mammography performance. The 
achievable limiting values are derived according to the perfor-
mance of FFDM systems (European Commission 2006).

The CD test phantom has also demonstrated great potential 
in several applications for mammography involving determina-
tion of optimal exposure parameters, optimization of mammo-
graphic systems, and comparison of image quality and dose for 
different phantom thicknesses and systems (Robson et al. 1995, 
Suryanarayanan et al. 2007, Berns 2011, Bertolini et al. 2011).

Although the CDMAM phantom is the most used for this pur-
pose, its high cost is a limitation for most applications and for 
the inclusion of this test in guidelines for QC around the world, 
mainly in developing countries. Alternatively, some CD phan-
toms composed of PMMA with cylindrical holes simulating 
embedded objects of different diameters and depths (contrast) are 
also commercially available. The large number and distribution 

of holes simulating embedded objects make this phantom par-
ticularly useful in evaluating digital mammography systems.

A non-commercial phantom, which is recommended by sev-
eral protocols based on CNR and MTF, to evaluate image quality 
in digital mammography is composed of PMMA plates, with an 
aluminum object of 0.2 mm thickness on top. A 45 mm thick 
PMMA plate is usually the standard for spatial resolution assess-
ment, while combinations of 10 mm PMMA plates, with total 
thicknesses between 20 and 80 mm, can also be used to ade-
quately simulate the range of breast thickness found clinically 
(European Commission 2006, IAEA 2011b). For CNR assess-
ments and/or testing the AEC reproducibility, the PMMA test 
object may comprise several layers of PMMA comprising a total 
thickness in the range 20–70 mm. For image quality assessment, 
the images of the phantom should be acquired in manual mode 
with settings as close as possible to the clinical AEC settings.

In accordance with the guidelines, the value of the CNR at 
standard thickness is estimated in order to check its agreement 
with the acceptable limiting values of threshold contrast visibil-
ity. For another phantom thickness, the calculated CNR should 
be compared with the acceptable limiting value of threshold con-
trast and acceptable and achievable levels for each system.

The PMMA phantom could also be used for MTF measure-
ment. In this case, the high-attenuation plate (copper, lead, etc) 
is placed 45 mm from the breast support, such that the square 

(a)

(b)

FIGURE 56.9 (a) CDMAM contrast detail phantom. (b) Gold details. 
(Courtesy of Artinis, UK.)
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is angled slightly (2–5°) with respect to the chest-wall edge of 
the breast support table. The MTF is computed from the “for 
processing” image. The image quality tests using this simple 
phantom should be carried out at acceptance to establish a base-
line and on a routine basis, keeping an ongoing record of the 
test results, which will indicate any performance deterioration 
(European Commission 2006).
Anthropomorphic phantoms that mimic the composition, shape, 
and structures of the real breast have been shown to be an impor-
tant tool for assessing image quality in mammography, since they 
can be used to produce similar images to those present in a real 
breast (Prionas et al. 2012). Anthropomorphic breast phantoms 
can also be very useful in new imaging techniques and for opti-
mizing clinical equipment before clinical trials. These phantoms 
can be a valuable alternative to compare, both quantitatively and 
qualitatively, the image quality between both mammographic 
and breast tomosynthesis systems.

56.3.2 Phantoms for Digital Breast Tomosynthesis

Recently, there was a significant spread of digital breast tomosyn-
thesis (DBT) as an emerging technology for early detection and 
diagnosis of breast cancer (see Section II, Chapter 20). This 3D 
modality is used to reconstruct images of breast slices. Thus, several 
studies have been done to develop and validate adequate metrics for 
image quality assessment with the purpose of establishing QC and 
QA protocols (Engen et al. 2014, Rodríguez-Ruiz et al. 2016).

Therefore, several phantoms have been developed in recent 
years in order to provide specific structures and tools for image 
quality assessment in DBT. Anthropomorphic breast phantoms 
have been used for qualitative analysis and comparison between 
systems, but they are not very useful for constancy tests since 
the structures that simulate masses and microcalcifications are 
randomly located in the phantom and the specific locations are 
not known.

A commercial phantom frequently used for image evaluation 
in DBT is the CIRS Model 020 BR3D. This phantom is con-
structed with D-shaped slabs composed of a heterogeneous mix-
ture of tissue-equivalent materials mimicking 100% adipose and 
100% glandular tissues, allowing the creation of a large number 
of different backgrounds with an average glandularity of 50%. 
One of the slabs includes various size lesions such as microcal-
cifications, fibrils, and masses. This phantom was designed to 
assess the detectability of structures of interest within a hetero-
geneous background, and has been used by many researchers to 
evaluate the visibility of these structures under different condi-
tions: beam quality, acquisition geometry, dose, reconstruction 
algorithm, scatter correction methods (Jia Feng and Sechopoulos 
2011, Cederström and Fredenberg 2014).

Recently, more advanced phantoms for constancy tests have 
been developed. These phantoms include contrasting details in 
a homogeneous background, such as an aluminum square, low-
contrast and high-contrast spheres to test both the geometry and 
detectability in DBT images, and high-contrast wires. These 
inserted structures have potential for evaluating the visibility of 
low- and high-contrast structures as in digital mammography, 
and to assess specific DBT issues. Examples of these issues are 
the artifact spread function (ASF) and the sensitivity profile in 
the direction perpendicular to the breast surface (Z-direction 

sensitivity profile). These evaluations are important for identify-
ing inconsistencies due to angular tube movement and the influ-
ence of the reconstruction algorithm.

PIXMAM 3D and AGATHA (Leeds Test Objects Ltd., UK) 
are image quality phantoms used, respectively, for routine and 
constancy testing of DBT and mammography systems. PIXMAM 
includes specific inserts such as aluminum embedded spheres 
and plates to conform to the EUREF Protocol for the Quality 
Control of the Physical and Technical Aspects of Digital Breast 
Tomosynthesis Systems (Engen et al. 2014). AGATHA includes 
spherical inserts and wires of different materials to test the image 
quality in terms of line spread function (LSF), 3D MTF, CNR, 
ASF, and also the system geometry. The EU Digital Breast Tomo 
Test Set (ARTINIS) complies with all phantom requirements in 
order to execute the EUREF protocol. It contains several items, 
such as a Z-resolution phantom and an MTF tool to evaluate 
the image quality in DBT according to the EUREF protocol. 
The TOMOPHAM® phantom (The Phantom Laboratory) has a 
total thickness of 42 mm and is composed of three components: 
a 28 mm test object, a 14 mm spacer, and the chest wall. The 
TOMOPHAN® phantom is shown in Figure 56.10. By changing 
the position of the spacer, the primary test plane will be moved 
toward the top or bottom of the phantom. This phantom allows 
evaluation of the image quality in tomosynthesis based on several 
metrics, such as slice width and increment, low contrast, CNR, 
SNR, noise power spectrum (NPS), and MTF, among others.

The Modular DBT Phantom by Gammex was developed 
to assess system performance in detecting different structures 
mimicking breast cancer, aimed at assessment testing, daily and 
routine QC. This phantom includes simple to complex targets, 
such as aluminum sheet and tungsten wires, that are precisely 
placed within the tissue-equivalent breast adipose and glandular 
materials.

Breast phantoms designed for evaluation of breast tomosyn-
thesis can be used to quantify the image quality in terms of the 
following quantities: slice sensitivity profile, homogeneity and 
noise power spectrum, CNR, CD detectability, geometric distor-
tion, high-contrast resolution, and MTF. Due to the high num-
ber of inserted structures and quantities that can be extracted 
from reconstructed image evaluation, this kind of phantom can 

FIGURE 56.10 Tomophan. (Courtesy of the Phantom Laboratory, Inc., 
USA.)
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be useful for performing a quick evaluation of image quality in 
digital tomosynthesis (Engen et al. 2014).

56.3.3  Phantoms for Contrast Enhanced 
Digital Mammography

Contrast enhanced digital mammography (CEDM) uses an intra-
venous injection of an iodinated contrast agent in conjunction 
with a mammography examination, which could help increase 
the sensitivity of digital mammography (Dromain et al. 2009). 
The introduction of a novel X-ray breast imaging technique 
should be accomplished by a proper breast phantom, which 
allows the evaluation of image quality parameters for this imag-
ing technique.

Several studies have been performed in recent years aimed 
at developing, characterizing, and evaluating the performance 
of breast phantoms for application in CEDM (Taibi et al. 2003, 
Park et  al. 2009). A new commercial phantom developed for 
image quality in contrast enhanced imaging is the CEDM 
(Leeds Test Objects Ltd., UK), which has specific tools (spheri-
cal voids and fiber features) with a range of sizes, where liquid 
contrast agents can be injected so that contrast-imaging studies 
can be performed.

56.3.4  Phantoms for Dose Assessment 
in Mammography

Dose assessment in mammography is based on the determina-
tion of mean glandular dose (MGD) according to several national 
and international protocols, published around the world, for QA 
and QC in mammography (European Commission 1996, ACR 
1999, Van Engen et al. 2006, IAEA 2011b). The determination of 
MGD is based on the product between the measured entrance air 
kerma and appropriate conversion factors (Boone 1999, Cunha 
et  al. 2010, Dance et  al. 2000, Dance and Sechopoulos 2016, 
Sarno et al. 2017).

The measurements of the entrance surface air kerma are usu-
ally performed using a breast phantom (European Commission 
1996, ACR 1999, Van Engen et  al. 2006, IAEA 2011b). The 
entrance air kerma should be determined using the usual clini-
cally selected exposure factors.

The standard breast phantom recommended for dosimetry in 
mammography is composed of PMMA homogeneous plates, with 
a thickness in the range from 20 to 70 mm. Although a PMMA 
phantom is widely used for dose measurements due to its low cost 
and easy handling, its use presents some limitations related to the 
equivalence between different thicknesses of PMMA and typical 
breasts (Dance et al. 2000). PMMA is denser than breast tissue 
and the automatic selection of tube potential, product current-
time, target, or filter may be slightly different from real breasts. 
This can be corrected by adding expanded polystyrene blocks to 
the PMMA as a spacer to make up a total thickness equal to the 
equivalent breast (European Commission 2006).

Although a PMMA phantom is widely used for dose measure-
ments, it is a limited approach since it provides a quantitative 
dose evaluation for only one particular breast tissue composition 
and thickness (Dance et al. 2000). In practice, there is a signifi-
cant variation in the average breast thickness and composition 
for a group of women in a given geographical region (Ng and Lau 

2015), so the MGD measured using PMMA phantoms is not rep-
resentative of true breast doses (Argo et al. 2004, Gennaro et al. 
2005). In this way, the use of phantoms of different thickness 
and composition is useful for estimating the MGD for a realistic 
female population.

In order to overcome this limitation, several phantoms com-
posed of tissue-equivalent materials that mimic the radiologi-
cal properties of different breast tissues have been developed. 
Among tissue-equivalent materials used in commercially avail-
able phantoms for precise dose assessment in mammography, the 
most used are composed of epoxy resin tissue-equivalents, such 
as the BR12. Originally commercially available from Nuclear 
Associates (Cleveland, OH), and today from Fluke Biomedical, 
USA, it simulates a tissue composition of 50% glandular tissue 
and 50% adipose tissue. Breast phantoms with compositions that 
simulate different proportions of glandular tissues, in the range 
100% glandular breast to 100% adipose breast, are also produced 
by the manufacturer CIRS.

56.4  Phantoms for Fluoroscopy and 
Interventional Radiology

The fundamental difference between fluoroscopy and projection 
radiography is the possibility of identifying real-time moving parts 
inside the human body (see Section II, Chapter 21). Therefore, 
fluoroscopic equipment must be able to display dynamic struc-
tures, usually in an image acquisition rate similar to conventional 
TV or video monitor systems, in the range of 25–30 frames per 
second. Therefore, phantoms for image quality evaluation of fluo-
roscopic X-ray systems must be able to identify subtle inconsis-
tences in the temporal characteristics of the complete equipment, 
including the emission properties of the radiation beam and the 
reproducibility of the detector–display assembly.

A complexity that must be taken into account when designing 
and choosing phantoms for fluoroscopy systems is the large vari-
ability of possible configurations of this kind of image equipment. 
This variety of configurations is caused by the extraordinarily 
different possible clinical applications of these systems, and they 
are not only related to technological advances. Therefore, fluo-
roscopic and interventional suites can be equipped, for example, 
with dedicated systems for genitourinary studies, peripheral 
angiography examinations, or cardiology catheterization proce-
dures (Bushberg et al. 2012). On the other hand, the X-ray rooms 
can range from since simple remote fluoroscopic design, to high 
complexity electrophysiology laboratories, biplane angiographic 
facilities, or C-arm mobile fluoroscopic systems.

Additionally, some fluoroscopic techniques, in particular 
the interventional procedures, potentially deliver high doses 
in patients during diagnostic and therapeutic applications. 
Therefore, dose assessment in this kind of medical device is 
essential for patient safety and reduction of radiation risks.

56.4.1  Phantoms for Image Quality in Fluoroscopy 
and Interventional Radiology

Despite the complexity and variability of dedicated fluoroscopic 
and interventional equipment, the image quality parameters which 
must be investigated during routine QC are not excessive. These 
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parameters are closely related to the limitations resulting from the 
relatively low anode current used during the image procedures and 
its consequences in the image detector, compared to other X-ray 
imaging modalities. Spatial and contrast resolution are the two 
main characteristics that these phantoms must be able to quantify 
for an adequate assessment of image-related quality parameters in 
fluoroscopic and interventional systems (Tapiovaara 2003).

Contrast imaging phantoms are designed to evaluate the 
dynamic range of fluoroscopic video systems in order to allow the 
user to be able to quantify the limitations of the system in recog-
nizing small differences in attenuation of an object representing 
part of the human body. This kind of evaluation can be opera-
tionalized simultaneously with spatial resolution estimation. 
Therefore, some phantoms adopted for these evaluations combine 
designs for simultaneously exploring both image characteristics.

The Center for Devices and Radiological Health (CDRH) of 
the U.S. FDA introduced the Nationwide Evaluation of X-ray 
Trends (NEXT) program in the nineties and proposed one of 
the most popular devices for fluoroscopic image quality evalu-
ation (Suleiman et al. 1999). The CDRH Fluoroscopic Phantom 
is composed of an acrylic block of approximately 18 cm thick 
that is equivalent to an adult patient in terms of attenuation of 
X-ray beams. It also incorporates a fluoroscopic image quality 
test object that can be added to the acrylic block and which is 
composed of an aluminum disk with eight low-contrast test holes 
with 1 cm diameter and depths ranging from 1.6 to 17.3 mm. The 
device also incorporates eight wire meshes, ranging from 5 to 24 
meshes per centimeter. The system is versatile to allow image 
quality evaluation in fluoroscopic equipment both with the tube 
over or under the patient table and has several other accesso-
ries to assist evaluations considering different field sizes, expo-
sure rates, and other clinical designs. For example, Figure 56.11 

shows the TO CDRH Phantom commercialized by Leeds Test 
Objects Ltd., UK.

The other commercially available image quality devices dedi-
cated to fluoroscopy and interventional radiology equipment 
are variations and adaptations of the original ideas proposed 
in the CDRH Fluoroscopic Phantom. An example of a mod-
ern phantom for this purpose is the RaySafe P Fluoro Phantom 
manufactured by Pro-project Co. and commercialized by Fluke 
Biomedical, USA (Figure 56.12a). The phantom was designed to 
cover quality checks on different fluoroscopic architectures and 
includes inserts to evaluate collimation, beam alignment, spatial 
resolution, and contrast resolution. It complies with national and 
international standards for constancy and acceptance tests.

A similar device is the NORMI RAD/FLU test object, avail-
able from PTW (Figure 56.12b), dedicated to acceptance tests 
and constancy evaluations of radiographic and fluoroscopic 
systems. It includes a step wedge manufactured on copper that 
can be used for evaluation of the dynamic range of the imag-
ing system, and a resolution test pattern for high-contrast detail 
assessment. Low-contrast evaluation and radiation quality deter-
mination areas are also included in the device. The whole system 
allows assembled parts to be adapted to allow adjustment over 
couch tubes, under couch tubes, and C-arms.

FIGURE 56.11 TO CDRH Phantom commercialized by Leeds Test 
Objects Ltd., UK Company. (Courtesy of Leeds Test Objects Ltd., UK.)

(a)

(b)

FIGURE 56.12 (a) RaySafe P Fluoro Phantom manufactured by Pro-
project Co. and commercialized by Fluke Biomedical, USA (Courtesy of 
Fluke Biomedical, USA.) (b) NORMI RAD/FLU test object is available by 
PTW. (Courtesy of PTW, Germany.)
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One important issue that must be considered when design-
ing QA protocols, especially in fluoroscopy and interventional 
radiology, is its practicality, since the time window available 
to conduct these procedures is usually short. Additionally, the 
mechanical design of the clinical equipment is not universally 
standardized, and the QA instruments must be easily adapt-
able to different configurations. One example of a fluoroscopic 
QA phantom that is very compact and complete in terms of the 
structures incorporated into its set of components is the CIRS 
Model 903 Radiography/Fluoroscopy QA Phantom (Figure 
56.13). According to the manufacturer, the model is produced 
using a PMMA- equivalent epoxy that offers the same X-ray 
attenuation properties as PMMA. Additionally, it is reported that 
“the system consists of three attenuation plates, one test object 
plate, and a detachable stand for easy, reproducible setup. Test 
objects include high-resolution copper mesh targets from 12–80 
lines per inch, two separate contrast-detail test objects. Optional 
accessories are available to evaluate iodine contrast visibility and 
linearity as well as digital subtraction effectiveness under vari-
ous conditions” (CIRS 2016).

The National Electrical Manufacturers Association published, 
in 2000, the XR-21 standard (NEMA 2000), introducing designs 
for the manufacture of phantoms to be applied to assessing the 
performance and dose characteristics of imaging equipment used 
for fluoroscopic guided invasive and interventional procedures. 
The standard was the result of a collaborative effort between 
the National Electrical Manufacturers Association and the U.S. 
Society for Cardiac Angiography and Interventions and intended 
to propose phantom designs for evaluating the suitability of the 
images according to the quality needed for the clinical procedure 
and the radiation dose administered to the patient while acquir-
ing these clinical images. Therefore, the proposed phantoms can 
estimate the entrance dose during fluoroscopic procedures and 
simultaneously assess image quality parameters important to 
ensure adequate clinical interpretation during real procedures.

Phantom manufacturers follow the design references proposed 
by the XR-21 standard in order to provide devices to facilities that 
then have voluntary options to comply to this standard. These 
devices are usually composed of PMMA sections that allow a 
wide range of thickness configurations, from 5 to 30 cm. These 

sections simulate anterior–posterior (A/P) thicknesses from 
infants to large adult patients and contain static and dynamic 
test targets. These test devices are used for objective assessment 
of motion unharness and spatial resolution. Figure 56.14a shows 
the CIRS Model 901 NEMA-SCA&I phantom, manufactured 
by CIRS Inc. and Figure 56.14b shows the TO XR21 phantom, 
manufactured by Leeds Test Objects Ltd., UK, both based on the 
XR-21 standard.

56.4.2  Phantoms for Dose Assessment in 
Fluoroscopy and Interventional Radiology

Dose evaluation in equipment that uses a fluoroscopic mode in 
any kind of modality (simple fluoro systems, C-arm, cine-cath 
devices, and so on) is extremely important since the possibility 
of burning patient tissues because of high fluoroscopic dose rates 
has been documented by many studies (Vano et al. 1998, Vano 
et  al. 2001, Vano et  al. 2003). Methods for dose evaluation in 
this kind of modality, as a counterpoint to the complexity of its 
clinical applications and the implementation of image quality 
assessment, are reasonably simple in terms of conducting practi-
cal experiments.

The regulations (NEMA 2000, ICRU 2006) and other techni-
cal documents (Fisher et  al. 1998, Shepard et  al. 2002, IAEA 
2007, Stecker et al. 2009) present variations in terms of experi-
mental approaches to be adopted by radiation protection officers 
or medical physicists in order to get the relevant information 
regarding the dose characteristics of a given piece of equipment 
in all clinical modes used. However, in simple terms, the phan-
toms adopted in most of the cases are combinations of PMMA 
slabs or other tissue-equivalent materials that approximately 
mimic the attenuation of the patients, considering different pos-
sible thicknesses of the normally imaged patients. These mate-
rials basically allow the electronic system of the equipment to 
adjust its exposure mode and image response similarly to those 
used clinically. In some other cases, plates of lead or copper are 
adopted in order to reduce the exposure rate in the image detec-
tor according to the clinical standard and the dose rate or the 
maximum exposure rates that can be compared to dose reference 
levels or other local radiation protection criteria.

(a) (b)

FIGURE 56.14 (a) CIRS Model 901 NEMA-SCA&I phantom, manufac-
tured by CIRS, Inc. (Courtesy of CIRS Inc., USA.) (b) TO XR21 phantom, 
manufactured by Leeds Test Objects Ltd., UK, both based on XR-21 stan-
dard. (Courtesy of Leeds Test Objects Ltd., UK.)

FIGURE 56.13 CIRS Model 903 Radiography/Fluoroscopy QA Phantom. 
(Courtesy of CIRS Inc., USA.)
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56.5 Phantoms for Computed Tomography

56.5.1  Phantoms for Image Quality in 
Computed Tomography

Image quality in CT applications has been shown to be an impor-
tant QA topic in recent years, especially because of its strong cor-
relation with patient dose and the choice of technical parameters 
and CT machine configuration (see Section III, Chapters 32 and 
37). The primordial idea relating to objective assessment of image 
quality was referred to in the papers of McCullough et al. (1976) 
and McCullough (1980). The quality limitations of the CT tech-
nique were unknown in the early years of the introduction of this 
image modality and technological evolution during the first decade 
after the first commercial CT machine was very fast. Therefore, 
the development of a standard method for image assessment was 
a big challenge since the existing evaluation techniques were not 
adapted to the geometric characteristics of the CT scanners, nor 
to their physical and architectonic properties, such as voltage and 
current range and gantry geometry (Costa 2014). Therefore, the 
image properties proposed for evaluation in this initial formula-
tion of CT QC were concentrated in parameters such as spatial 
resolution and low- and high-contrast resolution, noise, slice thick-
ness, couch motion, beam hardening, and uniformity artifacts.

McCullough’s work (McCullough et al. 1976, 1980) resulted 
in the organization of a Task Force by the AAPM in order to 
purpose a standard design for an image test object for assess-
ing image quality and dose aspects in CT. The conclusions of 
this working group were summarized in AAPM report number 
1 (Judy et al. 1977). The proposed phantom incorporated struc-
tures for evaluating the main quality properties characteristic 
of the first and second generation of CT scanners and allowed 
simplified dose profiles to be evaluated using termoluminescent 
dosemeters (TLDs). The design was so robust that the AAPM 
phantom was the basis of most of the CT QA programs around 
the world (Bellon et  al. 1979) and it is still the inspiration of 
many modern CT image quality phantoms.

The modern establishment of CT equipment performance in 
terms of image quality resulted from many scientific publications. 
It also required effort from standard institutions and professional 
societies such as the International Electrotechnical Commission 
(IEC 2004, 2006, 2009), the International Commission on 
Radiation Protection (ICRP 2000, 2007, 2015), the Institute 
of Physics and Engineering in Medicine (IPEMB 1995, IPEM 
2005a,b), and the AAPM (AAPM 2002). These institutions pub-
lished recommendations for standardizing the measurements 
and computation protocols for image quality assessment in CT. 
In these publications, the major quantities that must be evaluated 
by QC experts when collecting data for reporting the operational 
qualification of such machines were presented. Consequently, 
many QA programs were designed to follow these normative ref-
erences and phantom manufacturers offered products fitting to 
these technical needs.

An important example of a CT image quality phantom intro-
duced to allow determination of the main parameters proposed 
by reference institutions in order to quantitatively evaluate CT 
image quality was the Catphan® (The Phantom Laboratory, 
USA). This device was based on the works of Goodenough and 

collaborators (Goodenough et al. 1996, 1977, 1998), and it is con-
structed on a tissue-equivalent epoxy based material developed 
by White (White 1977, 1978a,b). The preliminary purpose of this 
phantom was improved during recent decades. These improve-
ments include the introduction of specific inserts and accesso-
ries that take into account the different requirements for image 
quality evaluation resulting from technological developments of 
CT scanners, such as spiral and multi-slice technologies (Costa 
2014). Figure 56.15 presents the Cathphan® attached on its own 
wood case, a practical solution for an adaptive counterweight 
used during the positioning of the phantom in the CT machine. 
The device is widely used around the world, and both scientific 
investigators and QA officers adopt the phantom for image qual-
ity evaluation of CT machines (Roa et al. 2015).

National and international organizations also published ref-
erence literature to establish criteria for image quality or for 
accreditation processes of facilities using CT machines. Two of 
the most widely used documents are the European Guidelines 
on Quality Criteria for Computed Tomography (EC 2000) and 
the American College of Radiology CT Accreditation Program 
Requirements (ACR 2012). The European Community document 
is a guide for establishing quality criteria and equipment perfor-
mance. The document offers an operational framework for corre-
lating adequate technical parameters for generating good quality 
images with radiation safety of the patients. In addition, the ACR 
document presents information regarding clinical protocols to 
be adopted at the facility, dose measurement, and performance 
evaluation using clinical and phantom images (Costa 2014). Its 
implementation, enabling a CT facility to obtain ACR accredita-
tion (Nowik et al. 2015), adopts a specific image quality phantom 
(Figure 56.16) specially designed for this purpose (McCollough 
et al. 2004).

FIGURE 56.15 Catphan CT phantom from The Phantom Laboratory, Inc. 
(Courtesy of the Phantom Laboratory, Inc., USA.)
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Recently, two major organizations published documents with 
updated information regarding QA criteria in the CT area. The 
International Atomic Energy Agency introduced its Quality 
Assurance Programme for Computed Tomography: Diagnostic 
and Therapy Applications (IAEA 2012). In its Appendix 1, the 
document presents CT phantoms and equipment categorized as 
image performance phantoms, geometric phantoms, and quan-
titative/dosimetry phantoms and instrumentation. Additionally, 
the ICRU published its Report 87, proposing new metrics, fig-
ure-of merits, and a phantom configuration for image quality 
assessment of modern CT machines (Boone et  al. 2012). This 
document is the result of a joint Task Force between the ICRU 
and AAPM—AAPM/ICRU Task Group 200—and presents a 
complete and elegant formalism as well as practical methodolo-
gies for evaluating CT equipment considering the different oper-
ational options and design configurations available in the clinical 
environment today. The phantom proposed by this Task Group is 
a hybrid device used for both image quality and dose assessment 
and will be briefly described in the next section.

56.5.2  Phantoms for Dose Assessment 
in Computed Tomography

As in other radiological modalities, image quality and radiation 
dose are strongly related aspects of the CT imaging technology 
(Payne 2005, McNitt-Gray 2006, Cody and Kofler 2007). The 
Computed Tomography Dose Index (CTDI) was introduced at 
the beginning of the eighties (Shope et al. 1981, Spokas 1982) and 
became the standard method for estimating the behavior of differ-
ent CT equipment and procedures in terms of the dose imparted 
to patients (see Section III, Chapter 38). Despite the CTDI being 
a representation of a dose “index” rather than the patient dose 
(McCollough et  al. 2011a) it was quickly adopted in the USA 
(FDA 1988) and Europe (Shrimpton and Edyvean 1998, EC 2000) 
and subsequently in other countries. This popularity is probably a 
consequence of the relative simplicity of the measurement. Some 
years later, the International Electrotechnical Commission (IEC 
2009) incorporated the metric into the conformance process 

for its standards. Nowadays, the CTDI is still the basic metric 
used for comparing CT systems and protocols and also to define 
Diagnostic Reference Levels and monitor CT practice (Willi 
2014, Charnock et al. 2015, Tonkopi et al. 2017).

All these measurement techniques have the geometric aspects 
of the used phantoms in common, respecting the cylindrical 
characteristics of image acquisition in CT machines, and also 
considering that the absorbing and scattering properties of the 
interacting material must be as close as possible to those of the 
human tissues. Several approaches were adopted by investiga-
tors in order to validate the experimental setup using cylindrical 
phantoms and different dosimetry apparatus, such as pencil-
shaped chambers (Suzuki and Suzuki 1978), thermoluminscent 
dosimeters (TDLs) (Pernicka 1990), films (Dixon and Ekstrand 
1978) and, more recently, optically stimulated luminescence 
(OSL) dosimeters (Yukihara et al. 2009, Yukihara et al. 2010).

The standard phantoms designed for CTDI assessment are 
divided into two sizes, according to the region of the human 
body of which they intend to simulate the attenuation conditions. 
CTDI values referring to clinical protocols for the abdomen and 
pelvis are evaluated using a PMMA cylindrical block with 32 cm 
diameter, and head protocols are evaluated using a similar block 
with 16 cm diameter. These blocks have holes drilled in order to 
allow the introduction of standard-size pencil-shaped ion cham-
bers. Such phantoms are available from several different manu-
facturers (Figure 56.17).

Initially, it was recommended that the CTDI be measured only 
in the center of the phantom, in the z-axis of the CT geometry. 
In 1995, Leitz introduced the concept that a weighted average 
(CTDIw) over the scanning plan would be more adequate for the 
correlation of the index to the patient dose (Leitz et  al. 1995). 
After his work, the CT dose protocols were reviewed to incor-
porate the measurement of the CTDIw and the phantoms, conse-
quently, started to be manufactured including holes in the center 
and periphery of the PMMA cylinder to allow the introduction 
of the ion chambers and the calculation of this newly derived 
parameter. Bauhs et al. (2008) and Kalender (2014) present very 
complete and consistent studies of the CT dose metrics in use 
nowadays.

The CTDI and its associated quantities, CTDIw and CTDIvol 
(CTDIw/pitch), show themselves to be very robust metrics for 
evaluating the dosimetry component of CT machines for head 
and body protocols and can be correlated to other derived quan-
tities (McCollough et al. 2011b). However, the huge advances in 
CT technology after the year 2000 led the scientific community 

FIGURE 56.17 PMMA cylindrical phantoms used for simulating head 
and body for CT dosimetric evaluation. The phantoms have holes drilled 
in order to accommodate pencil shaped ion chambers. (Courtesy of Radcal 
Corporation, USA.)

FIGURE 56.16 CT ACR Phantom from Gammex, Inc. (Courtesy of 
Gammex Inc., USA.)
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to evaluate if these metrics are still adequate for application to 
wide fan beam machines, incorporating spiral movement of the 
assembly gantry-patient couch, and sometimes, tube current 
modulation. Many of the investigators (Brenner 2005, 2006, 
Dixon et al. 2005, Boone 2007) in this field started questioning 
the adequacy of this metric for the new generation of machines 
offered by manufacturers, which bring enormous clinical advan-
tages. Studies have shown behaviors not previously identified in 
CT beams, such as the concepts of integral dose, equilibrium 
dose, and free-in air equilibrium dose-pitch product, and so on 
(AAPM 2010). These new paradigms require new and robust 
mathematical and experimental methods to account for the uni-
fication of scanning modes since the simple axial to helical, fan-
beam, and cone beam, and taking into consideration, or not, the 
patient couch translation and the tube current modulation.

These advances resulted in new dosimetric and QC phantoms. 
One such phantom was designed and published in Report 87 of the 
International Commission on Radiation Units and Measurements 
(Boone et al. 2012). This report proposed the use of a cylinder 
made of polyethylene, which is 600 mm long and 300 mm diam-
eter (Figure 56.18). The phantom was tested in clinical conditions 
by members of the Task Group who worked on the production of 
this document. They presented some important remarks in favor 
of the adoption of this phantom in CT manufacturer’s testing 
facilities, since comprehensive measurements are possible in a 
range of operational conditions. Additionally, they recommended 
the use of this device in clinical conditions, in particular refer-
ring to the possibility of the association of quality-related param-
eters such as the noise power spectrum and their correlation to 
the dose metrics. However, the authors admit the inconvenience 
of the use of such a large phantom in CT routine tests.

Finally, progress has been made in associating the regu-
lar quantities measured in routine dose assessment in CT with 
patient or organ doses (Tian et al. 2015, Martin and Sookpeng, 
2016). Since the effective dose, which is directly related to the 

radiological risk, is not adequate for evaluation of dose in indi-
vidual patients (McCollough and Schueler 2000, Brenner 2008, 
Borras et al. 2010, Costa et al. 2016), researchers have investigated 
how to correlate the size of the different patients to a more uni-
versal quantity that can take into account the variations of the CT 
technique according to the body habitus. The preliminary con-
sensus regarding such a quantity is the size-specific dose estimate 
(SSDE), defined by the AAPM (Boone et al. 2011) and validated 
using different methods, including Monte Carlo simulation using 
both voxelized (Turner et  al. 2011) and cylindrical phantoms 
(Zhou and Boone 2008), as well as physical measurements with 
cylindrical and anthropomorphic phantoms (Figure 56.19).

56.6  Future Perspectives in Phantom 
Applications in Medical Imaging

The recent clinical introduction of novel X-ray breast imag-
ing techniques, such as digital breast tomosynthesis, contrast-
enhanced mammography, and breast CT, requires development 
of dedicated breast physical phantoms for implementation of QA 
and QC assessment. Phantoms with realistic breast anatomy and 
elemental composition are necessary for image quality assess-
ment for each of these novel imaging techniques. 3D anthropo-
morphic breast phantoms to properly simulate the breast anatomy 
are fundamental for evaluating the image quality for 3D imaging 
techniques, aiming to compare 2D and 3D imaging techniques 
and also optimizing new imaging techniques and reconstructions 
algorithms (Carton et al. 2011, Prionas et al. 2012, Tomal 2014, 
Cockmartin et  al. 2014). Additionally, recent studies have pre-
sented the development of CD phantoms for X-ray phase-contrast 
mammography and tomography (Vedantham and Karellas 2013, 
Bliznakova et al. 2016), showing that paraffin may be a suitable 
material for the manufacturing of tissue-mimicking phantoms 
dedicated to phase-contrast applications.

Other new areas of diagnostic imaging will require innovative 
solutions for phantoms in order to satisfy the need to evaluate 
clinical aspects influenced by equipment performance. An exam-
ple of such a creative solution is the application of phantoms 
for evaluating peristaltic movements (Winklhofer et  al. 2016), 
cardiac and peripheral stent implants (Almutairi et  al. 2015, 

FIGURE 56.18 Pro-CT Dose AAPM TG-200/Pro-CT Dose ICRU 87. 
(Courtesy of Pro-Project, Co.)

FIGURE 56.19 CIRS Tissue Equivalent CT Dose Phantoms. (Courtesy of 
CIRS Inc., USA.)
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Mangold et al. 2016), CT coronary angiography (Lambert et al. 
2016), and renal stone evaluation (Kulkarni et al. 2013), which 
affect the clinical response of dual energy CT machines. In fact, 
dual energy CT technology is a challenging area in strong expan-
sion and the development of specific phantoms for this modality 
in a hot topic (Almeida et al. 2017, Shimomura et al. 2017).

Another growing areas in diagnostic imaging are the hybrid 
modalities (Patton et al. 2009, Beyer et al. 2011), such as the 
well established PET-CT and the new PET-RM, SPECT-CT, 
PET-RM, and breast-CT systems (Aklan et al. 2016, Tornai et al. 
2016). These and other future technological improvements will 
require the development of innovative phantoms combining fea-
tures for accessing the different aspects of these hybrid methods. 
In other words, new hybrid phantoms for new hybrid imaging 
systems.
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57
Software Phantoms for X-ray Radiography and Tomography

Kristina Bliznakova

57.1 Introduction

X-ray radiography and tomography imaging are basic instruments 
used in screening and diagnosing patients and taking further 
decisions. X-ray tomography is an X-ray procedure, which, based 
on a set of X-ray projections, produces cross-sectional views and 
three-dimensional (3D) images of internal organs and structures 
of the body using computer algorithms (see Section III, Chapter 
32). The main advantage of X-ray tomography over the traditional 
two-dimensional (2D) medical radiography is the removal of the 
superposition of images of structures outside the area of interest. 
This results in better visualization of lesions, since they are in 
focus, which in conventional radiography may be hidden.

The development of new X-ray 2D and 3D imaging techniques 
and procedures, as well as their optimization stage, requires a 
design phase to evaluate concepts and ideas that could be taken 
forward to the prototype stage. The most common way to do this 
is by using physical phantoms (see Section IV, Chapter 56). Often, 
available physical phantoms do not encompass the large diversity 
of human population, the variety of organs (in terms of size, mass, 
shape, location, composition), as well as the accuracy to which the 
organs and tissues are represented and manufactured. Moreover, 
the use of physical phantoms in experimental work turns out to 
be time consuming, due to experimental and radiation safety pro-
cedures, as well as the time needed for processing of the results. 
On the other hand, 3D computational models of the human body, 

organs, tissues, or their parts provide versatility, time efficiency, 
precision, avoiding unnecessary patient exposure, and are very 
useful when scan data does not exist. In fact, the computational 
models are the key technologies in designing, testing, and evalu-
ating forthcoming X-ray imaging systems, prior to their building 
and exploitation. Novel acquisition schemes, detector and source 
prototypes, physical phantoms, and reconstruction techniques are 
initially tested, optimized, and further developed by using mod-
eling and simulation before their realization in practice, and the 
main components in this process are the computer models.

In this chapter, the attention is drawn to 3D computer models 
used in X-ray imaging research: main components, complexity, 
and common applications in Diagnostic Radiology. The last two 
decades have been characterized with a dynamic creation of soft-
ware anthropomorphic phantoms for X-ray imaging research: 
starting from phantoms based on simple quadratic equations (in 
1964) to voxel (tomographic) phantoms, based on patient images 
from 3D medical examinations (around year 2000), to the newest 
human body models, based on advanced mathematics, such as 
non-uniform rational B-spline (NURBS) and polygon meshes. 
To cover the variety of humans, a number of whole-body com-
putational phantoms from new-born to adults, both male and 
female, including pregnant women, have been developed over 
the years. These phantoms, combined with simulations of radia-
tion transport through the whole imaging chain, result in many 
important applications, such as estimation of the dose received 
from medical imaging procedures and optimization of imaging 
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techniques. Specifically, for 2D imaging, all organ dosimetry is 
accomplished through the use of computational phantoms and 
pre-computed organ dose conversion coefficients. In the case of 
3D imaging, 3D anatomical data are available (from tomographic 
imaging modalities) for each patient, and they can be used to 
define the patient’s own computational phantom. Computational 
phantoms may be modified by adding models of various pathol-
ogies or variations in the normal anatomy. Simulating images 
from these phantoms allows complete control over factors that 
may affect the performance of the imaging algorithms, such as 
noise, contrast, slice thickness, pixel size, geometric distortion, 
and various other artifacts. In this way, the behavior of an algo-
rithm under development can be carefully evaluated.

57.2 Classification of Computational Phantoms

Computational phantoms are mathematical descriptions or 
matrix models of organs or tissues of the body or the whole body 
itself, which aim to accurately mimic a given characteristic or 
set of characteristics of the represented parts of the human body. 
These phantoms can be quite sophisticated representations of 
the human anatomy in terms of shapes, sizes, location, mass, 
composition, as well as (programming) techniques facilitating 
their creation, use, and processing. Alternatively, they might be 
quite simple in shape, with homogeneous or heterogeneous tis-
sue distribution representation. The choice of the computational 
phantom used depends on several factors, such as the accuracy of 
reproducing the internal anatomy and the time available for the 
simulation studies. If the focus of the study is on particular prop-
erties of the imaging chain like detection of microcalcifications 
with newly-designed imaging systems, then as realistic as pos-
sible anthropomorphic phantoms are needed. In other cases, like 
the estimation of organ dosimetry, however, due to the large vari-
ability of organ size and shape amongst individuals, as well as the 
large variations in physical conditions among exposed individu-
als, the use of simple in shape and content computational phan-
toms are preferred. Simple mathematical phantoms are also often 
explored for quick proof of concepts, validation, and evaluation.

In general, computational phantoms in this field can be divided 
into two basic categories: (a) phantoms for assessment of X-ray 

imaging techniques and (b) phantoms for dosimetry. Phantoms 
for imaging assessment are those used to assess the image qual-
ity for existing and newly-developed X-ray imaging techniques, 
to test the limitations of X-ray imaging systems—for instance, 
achievable resolution of X-ray beam and detector system, the 
amount of contrast needed to distinguish objects from one 
another, for research and development involving in vitro experi-
mental validation prior to clinical application in humans, for 
optimization of image quality and radiation exposure, for evalua-
tion of dose and scattered radiation, for development and optimi-
zation of imaging reconstruction and processing algorithms, as 
quality assurance (QA) tools for initial implementations of imag-
ing protocols, and routine quality control (QC) for the imaging 
modality. Dosimetric phantoms are used to assess the dose from 
medical imaging procedures. Since doses cannot be measured 
directly within the body, the application of these phantoms for 
dosimetry is widely accepted in clinical and research practice. 
These phantoms are dedicated to studies with Monte Carlo meth-
ods to estimate equivalent doses to organs and tissues of human 
phantoms from exposure to ionizing radiation. Computational 
phantoms of both categories are used as basic educational tools 
at medical universities.

Computational phantoms can be as complex or as simple as 
the physical sample that they are going to represent. They can 
simulate anything from a simple slab phantom to anatomically 
accurate humans. A more detailed classification, taking into 
account the design and construction of the phantoms, results in 
four groups, representatives of which are shown in Figure 57.1: 
(i) phantoms which reflect basic absorption properties of the 
tissue of interest and at the same time are simple in form, in 
order to easily reproduce the physical version (Figure 57.1a), (ii) 
phantoms which are anthropomorphic in their outward physi-
cal shape, but do not necessarily contain anatomically accurate 
internal structures (Figure 57.1b), (iii) phantoms with simple 
exterior geometries containing detailed internal structures 
quality (Figure 57.1c), and (iv) phantoms with anatomically 
accurate and detailed both exterior shape and internal struc-
tures (Figure 57.1d).

Computational phantoms may be classified also by their use in 
X-ray imaging applications, for instance, such dedicated to 2D 
and 3D breast imaging, 2D radiography, lung tomosynthesis and 

(a) (b) (c) (d)

FIGURE 57.1 Classification of computational phantoms (a) simple in shape, (b) with anthropomorphic outward physical shape and inaccurate models 
of anatomical internal structures, (c) phantoms with simple exterior geometries containing detailed models of internal structures, and (d) phantoms with 
detailed modeled internal structures. (Reprinted from Busse, N. et al. 2013. Medical Physics 40:122503, with the permission of the publisher.)
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radiography, brain and head CT, abdominal imaging, dental cone 
beam CT (CBCT), and so on. Phantoms can also be classified 
by imaging the parts of the human body: whole-body phantoms, 
breast phantoms, brain and head phantoms, as well as thorax 
phantoms, all examined in detail in the next sections.

57.3 Basic Components

Three-dimensional computational objects are characterized by 
two major components: geometry and material attributes.

57.3.1 Geometry

Three basic geometric approaches are commonly explored for 
modeling the computational phantoms: solid geometry, voxel 
geometry, and hybrid approaches. To create solid models of real 
objects, in general, nine schemes can be identified: half-spaces, 
boundary representation (B-Rep), constructive solid geometry 
(CSG), sweeping, analytic solid modeling, cell decomposition, 

spatial enumeration, octree encoding, and primitive instancing. 
From these, the most popular and traditionally exploited schemes 
are the B-Rep and the CSG.

The CSG allows the creation of solid objects by using a Boolean 
operator to combine simple geometrical primitives, either based 
on quadrics such as cylinders, ellipsoids, cones, semi-ellipsoid, or 
a set of polygons like cuboids, pyramids, prisms, and so on. The 
first four surfaces (Figure 57.2a) are easily described by quadric 
equations. Quadrics are surfaces defined by second-order poly-
nomial equations of three independent variables, x, y, z:

 

Ax Ey Hz Bxy Fyz Cxz

Dx Gy Iz J

2 2 2 2 2 2

2 2 2 0

+ + + + +
+ + + + =  (57.1)

The quadric equations of some of the frequently used surfaces 
are summarized in Table 57.1.

To create a complex computational model of a human body or 
part of it, these geometrical primitives are subjected to merging, 
or subtracting them from each other by using Boolean opera-
tors of union, intersection, and difference. Figure 57.3 shows the 
main CSG Boolean operations, applied on geometrical primi-
tives to create a complex model.

Models based on CSG acquisition may be also obtained 
from interactive modeling programs (ScorpiusXLab), as well 
as in-house developed applications (Duvauchelle et  al. 2000; 
Bliznakova et  al. 2010a). CSG models are widely used to rep-
resent data acquired volume, CSG operations, and ray tracing. 
An example is shown in Figure 57.4a for the creation of breast 
external shape, which is built from semi-ellipsoids and a cus-
tom hyperboloid. In this example, the Boolean operation applied 
is union. Figure 57.4b demonstrates the creation of the Cooper 
ligament (from two ellipsoids), one of the elements of the breast 
model. In this case, the Boolean operation is difference.

By using CSG, the size and shape of the human body, as well 
as its organs, may be described easily.

B-Rep models are based on the representation of surfaces. 
The B-Rep models consist of two types of information: geomet-
ric (NURBS curves and surfaces) and topological, allowing one 
to make better links between geometrical entities. The bound-
ary model of an object is comprised of three basic components: 
faces, edges, and vertices. These three components are linked in 
such a way as to ensure the topological consistency of the object 
model. The model is presented as a set of faces that bounds the 
physical object. The faces are regions of closed and orientable 
surfaces which are bounded by edges, and each edge is bounded 

(a) (b)

FIGURE 57.2 Example for CSG: (a) Simple geometrical primitives based 
on quadrics and (b) Shepp–Logan phantom, composed of two types geomet-
rical primitives: ellipsoids and spheres. (Adapted from Shepp, L.A. and B.F. 
Logan. The Fourier reconstruction of a head section. IEEE Transactions on 
Nuclear Science 21:21–43. © 1974 IEEE.)

TABLE 57.1

Surfaces Described by Quadric Equations

Quadrics Surface Equation

Real ellipsoid x
a

y
b

z
c

2

2

2

2

2

2
0+ + =

Hyperboloid of one sheet x
a

y
b

z
c

2

2

2

2

2

2
1+ − =

Hyperboloid of two sheets x
a

y
b

z
c

2

2

2

2

2

2
1+ − = −

Real quadric cone x
a

y
b

z
c

2

2

2

2

2

2
0+ − =

Elliptic paraboloid x
a

y
b

z
2

2

2

2
2 0+ + =

Hyperbolic paraboloid x
a

y
b

z
2

2

2

2
2 0− + =

Real elliptic cylinder x
a

y
b

2

2

2

2
1+ =

Hyperbolic cylinder x
a

y
b

2

2

2

2
1− = −

Real intersecting planes x
a

y
b

2

2

2

2
0− =

Parabolic cylinder x y2 2 0+ =
Real parallel planes x2 1=
Coincident planes x2 0=

Union: A+B

Difference: A–B

Intersection: A&B

Primitives Boolean operations Result

A

B

FIGURE 57.3 Boolean operators of union, intersection, and difference 
used with geometrical primitives.
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by surfaces. Besides these three primitives, the following can be 
defined: loop—an ordered alternating sequence of vertices and 
edges; handle—so-called through hole; a body—so-called shell. 
B-Rep phantoms are usually implemented by applying the NURBS 
method or polygonal mesh method, shown in Figure 57.5b.

Usually objects defined in this way are polyhedral, where the 
object is bound by plane faces and curved surfaces using spline 
surface modeling. Typically, B-Rep models are more difficult 
to create and take greater memory compared to CSG. However, 
extraction of information for rendering is quicker than for CSG. 
An example is shown in Figure 57.5a for the case of modeling 
the eye with B-Rep, while Figure 57.5c shows a model of adipose 
compartments based on the work of Imran et  al. (2015, 2016) 
and Cockmartin et al. (2016). This later model was derived from 
high-resolution tomographic images.

Voxel phantoms are based on discretization of an object into 
tiny cubes, called voxels, with uniform characteristics. One 
approach to obtain voxel models is by digitizing an object into 
voxels. Such an example is shown in Figure 57.6a, where a water 
CSG slab phantom is transformed to a voxel water phantom. 
Another source for voxel phantoms are the 3D scanning tech-
nologies: CT (computed tomography), MRI (magnetic resonance 
imaging), Tomosynthesis, PET (positron emission tomography), 
as well as cross-sectional photographs of a cadaver through 
which detailed patient-specific anatomy may be obtained. 
Images obtained with these modalities represent a matrix of pix-
els. A consecutive set of such images can be considered as a 3D 
matrix made of voxels, where each voxel belongs to a specific 
organ or tissue. Another example is shown in Figure 57.6b, where 
a model of a patient head is designed initially from CT data and 
then converted to solid based geometry. This phantom is defined 
as an assembly of 3D cubes. In general, voxel elements may not 

be cubes, rather they can be parallelepipeds. The properties of 
each voxel are stored within each voxel. These are indexes that 
correspond to given material.

The creation of voxel phantoms starts with the scanning tech-
nique. The projections are then used to reconstruct the volume of 
interest. By using various 3D reconstruction algorithms, tissues 
and organs are segmented in such a way that, at the end, numbers 
belonging to a given organ are obtained. Finally, these numbers 
are all placed within a 3D matrix, comprising the voxel phantom, 
as shown in Figure 57.7 (Xu 2014).

The process for creation of voxel phantoms is character-
ized with simplicity, since trivial Boolean operations must be 
applied. In addition, the complexity of all phantoms is similar. 
Voxel phantoms provide very detailed patient-specific anatomy, 
which can also impose several disadvantages: amongst them 
the storage issue. For example, a voxel matrix with a size of 
1000 × 1000 × 1000 produces 1 billion voxels. If the data pre-
sentation of each voxel is 2B, then the required memory to store 
this model will be approximately 2GB. For a whole-body model 
built from high-resolution images, the memory occupied by the 
computational model is significantly imposing limitations for the 
ray tracing techniques. On the contrary, if the voxel is large, it 
imposes that several tissues may be approximated by one. This 
also depends on the segmentation algorithm used.

Another issue with the voxel phantoms is the difficulty to 
obtain scaled phantoms from the original voxel phantoms. It has 
been shown that the scalability is generally limited to uniform 
variations in body size without changes in relative organ or body 
region anatomy (Lee et al. 2010).

The variety of techniques available to the computer graphics 
for creation of computational objects is wide. The choice of the 
used technique depends very much on the application for which 

(a) (b) (c)

FIGURE 57.5 Computational models based on B-Rep approach: (a) eye model, (b) lactiferous duct tree, (c) adipose compartments.

Glandular tissue Fatty tissue

Cooper ligament model+ + =

–

(a) (b)

FIGURE 57.4 Examples for application of Boolean operations with geometrical primitives: (a) Boolean union, (b) Boolean difference.
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the model is designed, as well as on the computer configuration, 
largely taking into account the memory requirements. Main 
points to be concerned are the reproduction of the human anat-
omy at a sufficient level for the needed application, in order to 
achieve computational efficiency, as well as assuring geometrical 
compatibility with the Monte Carlo code that eventually carries 
out the radiation transport calculation.

57.3.2 Material Characteristics

Phantoms have to simulate some form of tissue such as muscle, 
bone, skin, lung, and so on. The tissues have different properties, 
both radiologically and physically. Therefore, the phantom mate-
rial has to represent these radiological and physical properties as 
accurately as possible. Basic phantom characteristics are com-
position, density, mass, weight, atomic number, and interaction 
cross-sections (see Section IV, Chapter 55).

The tissue equivalence of a phantom is measured basically by 
two parameters: (a) the physical density, ρ, and (b) the effective 
atomic number, Zeff. These two parameters reflect the physical 
properties of the material. These measures provide little informa-
tion for the material’s radiological properties. The electron den-
sity (ρe) of a material is a more detailed parameter that provides 
more insight of how a material will behave in a radiation field. The 
mass-energy absorption coefficient (µen/ρ) is the most widely used 
and frequently accepted parameter to assess tissue equivalence: it 
gives an indication of how energy is deposited locally in the tissue 
of interest. Ideally, a material will accurately represent as many of 
the aforementioned properties of the tissue that is to be simulated.

To simulate the radiological properties of the tissue of inter-
est, a detailed composition modeling of the tissue is needed. 
Elemental compositions and densities of various human tissues 
are defined by ICRU Report 44 (1989) (ICRU 1989), and some of 
them are summarized in Table 57.2.

CT slices(a) (b)

Water

FIGURE 57.6 Creation of voxel phantoms: (a) simple solid phantom and its voxel version, (b) antropomorphic phantom built from CT patient slices and its 
solid version (the lower figure in the second column of (b)).

Identification of organs in each
slice of a 2D pixel map

Registration of all slices Finished 3D voxel phantom

FIGURE 57.7 Main steps to create a voxel phantom using the Visible Human cadaver image dataset as an example. (Reprinted from Xu, X.G. 2014. Physics 
in Medicine and Biology 59:R233–R302, with the permission of the publisher.)
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57.3.3 Transforming One Type to Another

In practice, the software packages dedicated to the simulation of 
the X-ray imaging chain use as input data a different type of com-
putational phantoms. This requires in most cases to: (a) generate 
a voxel computational phantom from a phantom description by 
mathematical expressions or B-Rep, and (b) derive an analytical 
description of volumes available as voxel matrices (more chal-
lenging). One example is shown in Figure 57.6, where different 
approaches for obtaining voxel phantoms are presented. The 
main reason for the conversion demonstrated in Figure 57.6a is 
the use of the voxel phantoms with the available Monte Carlo 
codes for simulation of X-ray imaging. Other examples are dem-
onstrated in the next sub-sections. For instance, the Female Adult 
meSH (FASH) and Male Adult meSH (MASH) mesh phantoms 
need to be voxelized in order for these phantoms to be used with 
a dedicated Monte Carlo code, which was not connected directly 
to polygon mesh phantoms (Kramer et al. 2010).

57.4  Full Body Computational Phantoms 
Dedicated to 2D and 3D Imaging 
and Examples of Applications

57.4.1 Stylized (Analytical) Phantoms

The stylized anthropomorphic phantoms are phantoms in 
which the size and the form of the human body and organs are 
described by mathematical expressions. Their development was 

referred to as a major achievement in the 1960s and accelerated 
the calculation of doses into body organs and tissues for 2D and 
3D radiography.

The MIRD (Medical Internal Radiation Dose) phantom is the 
first anthropomorphic heterogeneous model developed at Oak 
Ridge National Laboratory (ORNL) dedicated to medical inter-
nal radiation dose in the 1970s (Snyder et al. 1978). This model 
is also known as stylized mathematical phantom, MIRD, MIRD-
5, and ORNL. The MIRD model (left models in Figure 57.8) is 
composed of three material compositions describing the organs: 
lung, bone, and soft tissue. Soft tissue was used to describe the 
elemental composition for all the internal organs except the lung. 
The body is defined with elliptical cylinders (i.e., head, torso, and 
arms), with the legs as truncated elliptical cones.

These computational models are hermaphrodite, 176 cm tall, 
and weighing 73 kg, corresponding to the reference values of 
ICRP Publication 89 (ICRP 2002). The phantom has the dimen-
sions of the male reference man, including testes, ovaries, and 
uterus, but no female breasts. Improved MIRD-5 versions have 
led to the development of ORNL-UF phantoms (Akkurt and 
Eckerman 2007). While the MIRD-5 model does not include 
some organs and tissues, which are important to be considered 
for the assessment of radiation exposures, the ORNL-UF model, 
published in 1974, includes 23 compositions, corresponding to 
each internal organ. For both models, the arms are attached to 
the torso, and the leg shapes are the same, while the head and 
airway were much improved. In addition to the number of mate-
rials, the differences in the head and airway are evident. For 
the MIRD-5 phantom model, the head was modeled as a simple 
elliptical cylinder. In the ORNL-UF model the head is divided 
into parts: ellipse and cylinders; the eye models were revised, 
and sinuses and esophagus were added.

This phantom was the base for the development of a large num-
ber of anthropomorphic phantoms, with both male and female 
gender specific organs for both genders representing infants 

TABLE 57.2

Elemental Compositions and Densities of Various Human Tissues

Organ H C N O Ca Na P S Cl K
Density 
(g cm−3)

Breast 11.6 51.9 – 36.5 – – – – – – 0.94
Lung 10.3 10.5 3.1 74.9 – 0.2 0.2 0.3 0.3 0.2 0.26
Bone 7.3 25.5 3.1 47.9 10.2 0.3 5.1 0.2 0.1 0.1 1.4
Brain 10.7 14.5 2.2 71.2 – 0.2 0.4 0.2 0.3 0.3 1.04
Soft tissue 10.5 25.6 2.7 60.2 – 0.1 0.2 0.3 0.2 0.2 1.03
Muscle 10.2 14.3 3.4 71.0 – 0.1 0.2 0.3 0.1 0.4 1.05
Eyes 9.6 19.5 5.7 64.6 – 0.1 0.1 0.3 0.1 – 1.05
Pancreas 10.6 16.9 2.2 69.4 – 0.2 0.3 0.1 0.2 0.2 1.04
Kidneys 10.3 13.2 3.0 72.4 0.1 0.2 0.2 0.2 0.2 0.2 1.05
Liver 10.3 18.6 2.8 67.1 – 0.2 0.2 0.3 0.2 0.3 1.05
Heart 10.4 13.9 2.9 71.8 – 0.1 0.2 0.2 0.2 0.3 1.05
Spleen 10.3 11.3 3.2 74.1 – 0.1 0.3 0.2 0.2 0.3 1.06
Urinary 
bladder

10.5 9.6 2.6 76.1 – 0.2 0.2 0.2 0.2 0.3 1.04

Uterus 10.5 31.5 2.4 54.7 – 0.1 0.2 0.2 0.1 0.2 1.02
Ovaries 10.5 9.3 2.4 76.8 – 0.2 0.2 0.2 0.2 0.2 1.05
Testes 10.6 9.9 2.0 76.6 – 0.2 0.1 0.2 0.2 0.2 1.04
GI Tract 10.6 11.5 2.2 75.1 – 0.1 0.1 0.1 0.2 0.1 1.03
Trachea 10.5 25.6 2.7 60.2 – 0.1 0.2 0.3 0.2 0.2 1.03
Larynx 9.6 9.9 2.2 74.4 – 0.5 2.2 0.9 0.3 – 1.10
Upper face 8.9 24.1 2.8 55.7 5.1 0.2 2.6 0.2 0.1 0.2 1.22
Thyroid 10.4 11.9 2.4 74.5 – 0.2 0.1 0.1 0.2 0.1 1.05
Skin 10.0 20.4 4.2 64.5 – 0.2 0.1 0.2 0.3 0.1 1.09

Source: Data taken from ICRU. 1989. Tissue Substitutes in Radiation 
Dosimetry and Measurement. Report 44 of the International 
Commission on Radiation Units and Measurements. Bethesda, MD: 
ICRU.

(a) (b)

FIGURE 57.8 Mathematical whole-body MIRD and ORNL phantoms: (a) 
the exterior front shape of the MIRD-5 (left) and ORNL-UF (right) phan-
tom models, (b) the interior shape of the MIRD-5 (left) and ORNL-UF 
(right) phantom models. (Reprinted from Akkurt, H. and K.F. Eckerman. 
2007. Development of PIMAL: Mathematical Phantom with Moving Arms 
and Legs. Oak Ridge, TN: ORN Laboratory, with the permission of the 
publisher.)
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and children of various ages (Cristy 1980), pediatric phantoms 
(Hwang et al. 1976; Jones et al. 1976; Deus and Poston 1977), 
gender-specific adult phantoms, ADAM and EVA (Kramer et al. 
1982), as well pregnant woman (Stabin et al. 1995). For instance, 
the female model EVA was based on the original MIRD-5 phan-
tom, scaled down with a scaling factor of 0.83 to obtain it. The 
organ masses were modified as female, and breasts were mod-
eled as sections from ellipsoids. Eun et al. (2006) reported on a 
series of revisions to the ORNL series. Other whole-body styl-
ized phantoms dedicated to X-ray diagnostic imaging are the 
pregnant woman phantoms at different weeks of gestation (Chen 
2004), the Korean male-specific adult phantoms (Park et  al. 
2006), Indian male adults (Bhati et  al. 2012), and the Chinese 
male adult phantom (Qiu et al. 2008).

Further improvements of the MIRD-based phantoms con-
cerned developments in stylized models of the head, brain, kid-
neys, rectosigmoid colon, and extra-pulmonary airways, new 
models of the salivary glands and the mucosa layer of the urinary 
bladder, alimentary tract organs, and respiratory airways, as well 
as adopting reference values of elemental tissue compositions and 
mass densities from ICRP Publication 89 and ICRU Report 46.

The stylized phantom was widely used both to calculate equiv-
alent dose from internal radiation and to assess the organ doses 
for exposure to external radiation fields. The age-dependent 
series of stylized computational phantoms developed at ORNL 
in the late 1970s to early 1980s has found wide applicability in 
dosimetry studies, ranging from dose coefficient compilations 
for external and internal photon emitters, simulations of patient 
radiological exams, and dose reconstruction activities. The gen-
der-specific ADAM and EVA adult phantoms were used in exter-
nal dosimetric studies (Kramer et  al. 1982). Eun et  al. (2006) 
used the MIRD schema for medical internal dosimetry, while, 

based on the stylized model of the new-born patient, Sessions 
et al. (2002) performed calculations for organ doses during pedi-
atric radiographic examinations.

Stylized models facilitate rapid dose calculation, but these 
phantoms are limited in their ability to represent anatomical 
details. For example, the lungs are modeled as objects with a 
simple ellipsoidal shape, far from a realistic lung shape. On the 
other hand, with mathematical expressions, very fine anatomic 
structures can be modeled. Besides the limitations of the CSG 
based models, for that time, tomographic computational phan-
toms, which may provide improved anatomic realism based on 
patient CT or MRI images, were limited. In addition, a compre-
hensive series of reference pediatric tomographic phantom was 
not available. Therefore, stylized pediatric phantoms were suc-
cessfully used to simulate data needed for medical dosimetry.

57.4.2 Voxel Phantoms

The evolution of the computational phantoms continues with 
the development of tomographic or voxel phantoms, based on 
tomographic imaging modalities. Compared to the mathematical 
phantoms, the voxel ones are able to reproduce with great real-
ism the human internal anatomy.

In 2003 and 2004, Kramer et al. reported on the development 
of anthropomorphic voxel MAX (MaleAdult voXel) (Kramer 
et al. 2003) and FAX (Female Adult voXel) (Kramer et al. 2004) 
phantoms, based on CT images of male and female patients 
(Figure 57.9). The MAX phantom, shown in Figure 57.9a,b 
(Kramer et al. 2003) is based on the Zubal head-torso phantom, 
built from images of a male patient (Zubal et al. 1994), as well as 
based on the improved MANTISSUE3-6 and VOXTISS8 phan-
tom versions. For the construction of the MAX phantom, nine 

(a) (b) (c) (d)

FIGURE 57.9 Tomographic phantoms: the MAX phantom (a) frontal view, (b) center plane cut, FAX phantom, (c) lateral view, (d) frontal view, with 
skeleton and internal organs. (Reprinted from Kramer, R. et al. 2003. Physics in Medicine and Biology 48:1239–62; and Kramer, R. et al. 2004. Physics in 
Medicine and Biology 49:5203–16, with the permission of the publisher.)
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tissue compositions and densities were modeled, based on ICRU 
Report no 44 (ICRU 1989): soft tissue, adipose, lung, muscle, 
skin, cartilage, bone, red bone marrow, and yellow bone marrow. 
The MAX phantom has a height of 175.3 cm, a body weight of 
74.6 kg, and consists of 3.6 mm cubic voxels.

The main set of data used for the construction of the FAX 
phantom (shown in Figure 57.9c,d) consisted of 151 consecu-
tive CT images of a 37 year-old female patient, with a height of 
165 cm and weight of 63.4 kg. The images were recorded from 
scanning the trunk, the neck, and the lower part of the head, 
including the mandible with the lower teeth. The pixel size was 
0.073 cm × 0.073 cm, and the distance between two consecu-
tive images was 0.5 cm. For the legs and the feet, an additional 
206 CT images of the legs and feet of a 62 year-old woman with 
pixel size 0.07 cm × 0.07 cm were used. For these images, the 
distance between two consecutive images was 0.25 cm.

The original 357 images for the FAX were segmented with 
paint by manually painting every organ and tissue of interest with 
a different color, which corresponded to a specific organ. Prior 
to this procedure, the images were processed by different filters, 
in order to improve the visualization of boundaries between 
organs. The following organs and tissues were segmented in the 
final tomographic phantom: adrenals, bladder wall, skeleton, 
brain, breasts, colon, kidneys, liver, lungs, muscle, esophagus, 
ovaries, pancreas, small intestine, skin, spleen, stomach, thy-
mus, thyroid, trachea and uterus, the heart, and adipose tissue. 
Organ and tissue masses of the FAX phantom were adjusted in 
order to correspond to the anatomical specifications defined by 
ICRP for the Female Reference Adult (ICRP 2002). The seg-
mented images were re-sampled to achieve the same voxel size of 
0.36 cm × 0.36 cm × 0.36 cm, similarly to the MAX phantom.

MAX06 and FAX06 are improved versions of the MAX and 
FAX phantoms, involving newly segmented organs like gall 
bladder, connective tissue, salivary glands, and lymphatic nodes. 
MAX06 and FAX06 are based on the original CT images used 
for the creation of MAX and FAX, as well as on an anatomical 
textbook. These new phantoms were the first anthropomorphic 
models with skeletons segmented into spongiosa, cortical bone, 
medullary yellow bone marrow in the shafts of the long bones, 
and cartilage plus miscellaneous tissues. To achieve this, both 
MAX and FAX were re-sampled in order to obtain a 1.2 mm 
cubic voxel. The re-sampling procedure divided each dimension 
of a 3.6 mm cubic voxel of the MAX and FAX by 3, which corre-
sponds to 27 1.2 mm cubic voxels for every cubic voxel. With this 
resolution it was possible to represent anatomically meaningful 
distributions, especially for the cases of skin, adipose, cortical 
bones, and spongia, thus to have correct skeletal anatomy.

Another tomographic phantom family is the GSF-National 
Research Center for Environment and Health (GSF) voxel phan-
toms with a number of patient-specific phantoms (Petoussi-Henss 
et al. 2002). The phantoms included up to 135 different organs or 
tissues. The voxel matrices were obtained via segmentation from 
CT images from healthy volunteers and patients. The family 
includes 12 voxel phantoms and, amongst them, are adult female, 
pediatric, and pregnant women phantoms: BABY, CHILD, 
DONNA, FRANK, HELGA, IRENE, GOLEM, GODWIN, 
VISIBLE HUMAN, LAURA, KLARA, and KATJA (Williams 
et al. 1986; Petoussi-Henss et al. 2002; Zanki et al. 2002; Fill et al. 
2004; Becker et al. 2007). The LAURA and GOLEM phantoms 

were revised and, as a result, two new phantoms were created: 
REX and REGINA, shown in Figure 57.10, which were released 
to the public as the ICRP adult Reference Male and Reference 
Female (ICRP 2009). The tomographic phantoms from the GSF 
family, created in 2002, were at that time the most precise rep-
resentation of the human anatomy to be used for computational 
radiation transport simulation. They replaced the mathematical 
(stylized) phantoms, which described the human body and its 
internal organs using simple geometrical shapes.

In these voxel phantoms, the dimensions of the trabeculae, the 
cavities containing bone marrow, and the endosteum layer lin-
ing these cavities were smaller than the resolution of a normal 
CT scan; therefore, these volumes have not be segmented in the 
tomographic images. To model properly the trabecular bone, as 
well as the red bone marrow, a new improved skeleton model in 
the tomographic phantom was proposed and described in 2007 
(Zankl et al. 2007). The skeleton of the reference phantoms con-
sists of 19 individually segmented bones and bone groups. This 
was necessary in order to allow dose calculation to red bone mar-
row and endosteum. In overall, 48 individual organ identification 
numbers were assigned to various parts of the skeleton: every 
segmented bone was subdivided into an outer shell of cortical 
bone and a spongious core; in the shafts of the long bones, a 
medullary cavity was additionally segmented.

FIGURE 57.10 ICRP adult reference male and female based on work at 
the GSF. (Reprinted from Petoussi-Henss, N. et al. 2014. ICRP Publication 
116—the first ICRP/ICRU application of the male and female adult refer-
ence computational phantoms, Phys. Med. Biol. 59:5209–5252, with the 
permission of the publisher.)
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Other voxel phantoms are developed from MRI images: the 
NORMAN, NORMAN-5 and NAOMI phantoms (Dimbylow 
1996, 2005a,b). Saito et  al. (2001) reported on the first tomo-
graphic Asian voxel phantom—the Japanese voxel male adult 
phantom. The segmented phantom consists of more than 100 
regions enabling the calculation of doses for various parts of the 
body. The Japanese phantom was used with Monte Carlo tech-
niques to calculate organ doses for external exposure, due to 
photons and electrons up to 1 TeV (Saito et al. 2001). Caon et al. 
(1999) constructed a tomographic phantom based on 54 consecu-
tive CT scans of a 14-year-old female torso suitable for the deter-
mination of organ doses from CT (Caon et al. 1999). The model, 
known as ADELAIDE, has dimensions close to the Australian 
averages for her age and was used with Monte Carlo radiation 
transport code, specifically to calculate organ doses in head and 
chest CT. Smans et al. (2008) constructed two voxel phantoms 
(1910 and 590 g), representing prematurely born babies from CT 
and MRI. The two voxel phantoms were used in Monte Carlo 
calculations to assess organ doses. Further, Pan et  al. (2014) 
developed a 1-year-old computational phantom. The approach in 
developing this phantom differed from the others. The body con-
tour was obtained from the CT images of a 1-year-old physical 
phantom, while the internal organs were deformed from an exist-
ing Chinese reference adult phantom. The organ locations in the 
1-year-old computational phantom were manually adjusted one 
by one, and the organ masses were adjusted to the corresponding 
Chinese reference values.

Voxel phantoms provide anatomically improved represen-
tations of the human body. They are easily used and well con-
nected due to the geometry of the voxel. In fact, the development 
of these phantoms speeded up the introduction of new dosimetric 
concepts for the calculation of equivalent dose to organs and tis-
sues such as skin and red bone marrow (Kramer et al. 2003). Use 
of whole-body anthropomorphic voxel patient models may also 
result in reduction of the errors caused by scattered radiation and 
over-scanning effects on the dose estimation; thus, an improved 
(in terms of accuracy) 3D dose distribution (Kalender et al. 2014).

One of the limitations of the voxel phantoms is related to the 
finite voxel resolution, which results in some restrictions when 
modeling the very thin structures such as skin, oral mucosa, the 
bone marrow cavities, the walls of the colon, or the small intestine 
and/or their twists, etcetera. Precise modeling of these structures 
is a very important element for the effective dose calculation. 
For instance, due to the big voxel dimension (3.6 mm) in the 
VOXTISS8 phantom, the thickness of the skin is over-estimated 
in this voxel phantom. In addition, some voxels below the layer 
of the skin were falsely segmented as skin (Kramer et al. 2003). 
Another example is the segmentation and the linear representa-
tion of the bone marrow cavities, which are characterized with 
linear dimensions between 100 and 3000 µm. With a voxel size of 
3.6 mm, it is simply impossible to properly model these cavities.

Another constraint of voxel phantoms is that surfaces of the 
modeled organs and tissues are not smoothed. They are rather 
stair-stepped (see Figure 57.6b), due to the so-called “voxel 
effect” or voxelization, which results in inaccurate dose calcu-
lations and low quality of simulated images. In addition, the 
possibility to obtain scaled phantoms from the original voxel 
phantoms turns out to be difficult, and may lead to distortions in 
the representation of some organs, because of the processing of 

the original data on neighboring tissues in 2D images. Scaling 
of such phantoms can only be performed by adjusting the voxel 
dimensions. Voxels, however, are homogeneous. Heterogeneity 
may also be achieved with these models, however accomplished 
by an algorithm during the execution of a radiation transport cal-
culations. An example for such implementation is the model of 
the skeletal tissues in the MAX phantom, where a specific mix-
ture of skeletal tissues is assigned to each voxel, in accordance to 
its CT number. Then volume fractions of bone, red bone marrow, 
and yellow bone marrow are calculated for each voxel.

Another issue related to the construction of voxel phantoms is 
the insufficient image contrast of the CT images, which results in 
difficulties when segmenting boundaries between organs and tis-
sues. This imposes manual contouring of the organs from patient 
CT images. Another difficulty when constructing whole-body 
phantoms is that slices (from tomographic modalities) should 
be perfectly aligned. This alignment, in fact, is difficult to be 
achieved, since in practice, in order to decrease the radiation 
exposure, only parts of the whole body are scanned, depending 
on the protocol (the purpose). For instance, in the case of MRI, 
the scanning procedure takes a long time and this may result in 
patient movements.

Voxel phantoms are usually built from images of one subject, 
as a result there is a lack of anatomical variability associated to 
organ size, shape, and location, which is important for dosim-
etry. For example, the ICRP reference phantoms (REX and 
REGINA) had a relatively large slice thickness (up to 8 mm), 
and the voxel size does not allow modeling of organs and tissues 
with smaller sizes.

Extensive reviews about stylized and voxel based phan-
toms can be found in Zaidi and Xu (2007), Caon (2004), and 
Lemosquet et al. (2003).

57.4.3 B-Rep Phantoms

An approach in resolving the problem with the scalable models is 
the use of NURBS and/or polygon mesh surfaces. This approach 
preserves both the anatomic realism of voxel phantoms and the 
mathematical flexibility of stylized phantoms. The usual pro-
cedure in constructing such phantoms includes four steps, out-
lined graphically in Figure 57.11. The first step is segmentation 
of organs and tissues from CT or MRI patient images, similarly 
to the image segmentation performed for the creation of voxel 
phantoms. A research group at the University of Florida (UF) 
performed this step by using the 3D-DOCTOR™ software (Able 
Software Corp., Lexington, MA). Once the voxelized patient 
anatomy is obtained, it is converted to a polygon mesh model, 
where individual organs and the outer body contour are repre-
sented by a large array of triangular surfaces. The third step is 
to transform these polygon meshes to NURBS surfaces. The 
UF team used the software RHINOCEROS™ (McNeel North 
America, Seattle, WA) for the implementation of this step. Some 
complex structures, however, such as the vertebrae retained in 
the final computational phantom, were modeled as polygon mesh 
format. The obtained phantom is called a hybrid, since it is com-
posed of NURBS and polygon mesh surfaces. The fourth step 
is related to voxelization of the phantom. This step is required 
for compatibility of these phantoms with the radiation transport 
codes. The implementation of this last step is accomplished by 
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a user-defined MATLAB® routine (Voxelizer™) used to fill the 
NURBS/polygon mesh structures with cubic voxels of any user-
defined size.

Following this approach, in 2007 and 2008, the UF family 
anthropomorphic phantoms were updated with a pair of hybrid 
phantoms, representative of a reference male and female new-
born and 15-year male and female patients (Lee et  al. 2007a, 
2008). For the male phantom, the authors utilized the UF 14-year 
male voxel phantom, reported by Lee et al. (2006), and its origi-
nal CT images. The female phantom was constructed from 
CT image sets from two different 14-year female patients. The 
15-year male and female hybrid phantoms were constructed 
using similar modeling methods and an identical organ list 
to that defining the UF new-born hybrid phantoms (Lee et  al. 
2007a). All organs and tissues imported from 3D-DOCTOR™ in 
polygon mesh format were converted to NURBS surfaces, with 
the exclusion of the skeleton, brain, and extrathoracic airways, 
because these details and shapes cannot be modeled effectively 
via NURBS. The resulting NURBS/polygon mesh models rep-
resenting body contour and internal anatomy were matched to 
anthropometric data and reference organ mass data (Lee et al. 
2008). An additional six anthropomorphic phantoms were added 
to the UF family of hybrid phantoms—those of the reference 1 
year, 5 year, and 10 year child (Lee et al. 2010). Graphical images 
of the UF reference hybrid phantom series are shown in Figure 
57.12. Based on these phantoms, Kim et  al. (2012) quantified 
the magnitude of the cancer risk in relation to the radiation dose 
from CT scans.

Based on the UF family, two fetal hybrid computational 
phantoms were constructed using high-quality MRI and CT 
image sets obtained for two well-preserved fetal specimens 
aged 11.5 and 21 weeks post-conception (Maynard et al. 2011). 

Other hybrid computational phantoms, representing the UF 
adult male and female reference anatomy—the UFHADM 
and UFHADF, were reported by Hurtado et  al. (2012). The 
hybrid phantoms were voxelized from the NURBS phan-
toms at resolutions of 0.158 cm × 0.158 cm × 0.158 cm and 
0.126 cm × 0.126 cm × 0.126 cm for the male and female, 
respectively.

A similar approach in the development of hybrid anthropo-
morphic phantoms was used by a research group at the Federal 
University of Pernambuco, Brazilia. The group developed two 
anthropomorphic computational Male Adult meSH (MASH) and 
Female Adult meSH (FASH) phantoms (Cassola et  al. 2010b). 
These phantoms are based on 3D anatomical models (which can 
be downloaded freely from the internet) or on organs and tis-
sues modeled from scratch with appropriate open source soft-
ware using polygon mesh surfaces. Figure 57.13a shows the 
frontal views of the FASH and MASH standing adults phan-
toms. These phantoms have not only replaced the FAX06 and 
the MAX06, but also become the starting points for the devel-
opment of a series of computational phantoms with variable 
weight and height. The MASH and FASH phantoms have been 
designed using software tools from the areas of computer graph-
ics and animated films, such as MakeHuman, Blender, Binvox, 
and ImageJ. In both MASH and FASH phantoms, 113 organs, 
bones, and tissues have been modeled, representing locations for 
adults in standing posture. Most organ and tissue masses of the 
voxelized versions agree with corresponding data from ICRP 89 
within a margin of 2.6%.

The updated versions of FASH and MASH are FASH2 and 
MASH2, which are characterized with new modeled organs and 
tissues. Among the newly segmented tissues are the adipose and 
the glandular tissues in the breasts, shown in Figure 57.14b for the 

Segment patient
CT images using

Make NURBS
model from

polygon mesh
using Rhinoceros

Convert NURBS
model into voxel
model using
MATLAB code
Voxelizer

Convert into
polygon mesh
using 3D-DOCTOR

Segmentation

NURBS modeling Voxelization

Polygonization

3D-DOCTOR

FIGURE 57.11 Hybrid computational phantoms for medical dose reconstruction. (Reprinted from Bolch, W. et al. 2010. Radiation and Environmental 
Biophysics 49:155–68, with the permission of the publisher.)
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female phantom, and visceral fat separated from subcutaneous 
fat, shown in Figure 57.14a for the male phantom (Cassola et al. 
2010a). These are important updates, since glandular tissue is the 
tissue relevant with respect to radiation risk for the breasts, and 
anatomically correct segmentation is, therefore, warranted. At the 
same time, the separation of subcutaneous and visceral fat can be 
essential for the modeling of obese phantoms, because the mass 

increase by fat does not necessarily occur uniformly throughout 
all fatty regions of the human body (Cassola et al. 2010a).

MASH3 and FASH3 represent the third edition of the mesh-
based adult phantoms (Cassola et  al. 2010b). Based on these 
phantoms, 18 anthropometric, standing phantoms, nine for each 
gender, based on 10th, 50th, and 90th percentiles for body mass, 
standing height, sitting height, chest depth, waist depth, shoulder 

Newborn 1-year 5-year
10-year

15-year male
15-year female Adult male

Adult female

FIGURE 57.12 Perspective view of the UF family of reference hybrid phantoms. (Reprinted from Bolch, W. et al. 2010. Radiation and Environmental 
Biophysics 49:155–68, with the permission of the publisher.)

(a) (b)

FIGURE 57.13 FASH and MASH whole-body phantoms: (a) Frontal views of FASH and MASH, (b) voxelized version of FASH and MASH. (Reprinted 
from Cassola, V.F. et al. 2010a. Physics in Medicine and Biology 55:4399–430, with the permission of the publisher.)
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breadth, hip breadth, waist, arm, thigh, and buttock circumfer-
ences were developed (Cassola et al. 2011).

Another B-Rep phantom is the Visible Chinese Human adult 
Female (VCH-F) phantom. The original phantom is based on cryo-
section images of a 19-year-old female cadaver (height 156 cm; 
weight 46 kg), 8556 trans-axial color photographs. Image resolu-
tion was 3024 × 2016 pixels, with slice intervals of 0.20 mm and 
spatial resolution of 0.10 mm × 0.10 mm × 0.20 mm (Liu et al. 
2005; Zhang et  al. 2008). To improve the realistic anatomical 
representation of the organs and tissues of this phantom, and to 
implement personalized deformation, a female NURBS phantom 
was proposed by Sun et  al. (2013). The new model, shown in 
Figure 57.15, enables deformation to be performed using only a 
few control points, either for scaling or for rotating. More than 30 
organs and tissues are modeled.

Polygon mesh surfaces are used in the development of a pair 
of adult male and adult female computational phantoms called 
RPI-AM and RPI-AF (Zhang et  al. 2009). These are compat-
ible with anatomical parameters for the 50th percentile popula-
tion. A set of surface mesh models, from Anatomium™ 3D P1 
V2.0, including 140 organs (out of 500 available) was adopted 
to supply the basic anatomical representation at the organ level. 
The organ masses were carefully adjusted to agree within 0.5% 
relative error with the reference values provided in the ICRP 
Publication 89. Figure 57.16 displays a 3D rendering of the RPI 
phantoms using the processed and adjusted mesh data. Based 
on these phantoms, Na et al. (2010) created a new generation of 
phantoms of varying organ and body sizes, based on polygon 
mesh data structure. The introduction of these phantoms resulted 
in the reduction of the uncertainty in dose calculations caused 
by anatomical variations. These mesh-based, percentile-specific 
phantoms are also available as voxel phantoms for the purposes 
of Monte Carlo radiation transport simulations.

Another example of hybrid phantoms is the 4D cardiac-torso 
XCAT phantom, which includes highly detailed whole-body male 
and female anatomies and improved models for the cardiac and 
respiratory motions based on state-of-the-art high-resolution 
imaging data (Segars et al. 2010, 2013). For this purpose, highly 
detailed whole-body anatomies for the adult male and female were 
defined in the XCAT using NURBS and sub-division surfaces 
based on segmentation of Visible Male and Female anatomical 
datasets from the National Library of Medicine (www.nlm.nih.
gov/research/visible/visible_himan.html), as well as patient data-
sets, including MRI data (Segars 2001). The Visible Male data-
set consisted of 1878 trans-axial anatomical slices over the entire 
body, with a matrix size of 2058 × 1216, an in-plane pixel size of 
0.33 mm, and a slice thickness of 1 mm. The female dataset was 

similarly defined, except the slices were obtained at a slice thick-
ness of 0.33 mm, resulting in over 5000 anatomical images over 
the entire volume. The anatomical structures from these initial 
data were segmented using manual, automatic, and semiautomatic 
segmentation functions. Each segmented structure was converted 
into a 3D polygon model using the marching cubes algorithm from 
the visualization toolkit VTK (www.vtk.org). Cubic NURBS sur-
faces were exploited to model every structure except the brain, 
which was based on a separate set of patient data. For the case of 
the brain, the 3D polygon models were converted into sub-division 
surfaces instead of NURBS, due to their ability to more efficiently 
represent structures of arbitrary topological type such as white 
and gray matter in the brain. Models of cardiac and respiratory 
motions are also incorporated into the XCAT, and they interact 
with one another. Further, a detailed 3D model of the coronary 
artery tree with cardiac motion was developed and implemented 
(Fung et al. 2011). Based on the developed phantoms, Segars et al. 
(2013) extended the XCAT beyond these reference anatomies by 
developing a series of anatomically variable 4D XCAT adult phan-
toms for imaging research, the first of the 4D computational phan-
toms. The database consists of 58 anatomically variable phantoms: 
35 male and 23 female. These may be combined with different 
simulation packages to simulate realistic imaging data. For this 
purpose, voxel versions of these phantoms are needed. The pri-
mary reason is the need for compatibility with the general purpose 
particle codes used to simulate the radiation transport through the 
phantom (Kramer et al. 2010; Hurtado et al. 2012). Figure 57.17 
shows whole-body adult male and female models, which contain 
an unmatched level of detail and anatomical realism.

Another example is the hybrid type female computational 
model, constructed by combining the tomographic voxel model 
of the ATOM adult female physical phantom (CIRS ATOM® 
dosimetry verification phantoms http://www.cirsinc.com/ 
products/all/33/atom-dosimetry-verification-phantoms/) with the 
mathematical organ models of the MIRD-5 stylized phantom 
(Cho et  al. 2009). In particular, the model is composed of 13 
internal organs: five organs from the ATOM phantom, and the 
other eight organs from the MIRD-5 phantom for the purposes 
of dose calculations with Monte Carlo methods.

Anthropomorphic computational hybrid male and female 
phantoms are used mainly to calculate the absorbed fractions 
from external exposures and analyze the influence of organ mass 
and location (Cassola et al. 2011), to calculate the effective and 
equivalent doses for CT head examinations (Ferreira et al. 2011), 
as well as kerma free-in-air to organ dose conversion coefficients 
for various organs (Na et al. 2010), to study organ dose, effec-
tive dose, and risk index variability across the CT protocols (Li 

Muscle
(a) (b)

Subcutaneous fat

Visceral fat

Glandular
tissue

Adipose

FIGURE 57.14 Newly segmented tissues in MASH2 and FASH2: (a) visceral fat separated from subcutaneous fat for male phantom and (b) adipose and 
glandular tissues in the breasts for the female phantom. (Reprinted from Cassola, V.F. et al. 2010a. Physics in Medicine and Biology 55:4399–430, with the 
permission of the publisher.)

www.nlm.nih.gov/research/visible/visible_himan.html
www.nlm.nih.gov/research/visible/visible_himan.html
www.vtk.org
http://www.cirsinc.com/products/all/33/atom-dosimetry-verification-phantoms/
http://www.cirsinc.com/products/all/33/atom-dosimetry-verification-phantoms/
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et al. 2012; Liu et al. 2015; Tian et al. 2015). The new 4D coro-
nary artery tree model provides a unique simulation tool that can 
be used in the development and evaluation of instrumentation 
and methods for imaging normal and pathological hearts with 
myocardial perfusion defects. Anthropomorphic phantoms were 
basic tools when developing and validating a new multiple detec-
tor CT scanner. For this purpose, Gu et al. (2009) used pregnant 
patient phantoms to assess the dose to the fetus, as well as doses 
to the organs or tissues of the pregnant patient phantom.

NURBS have an advantage in respect to the anatomic real-
ism and the spatial deformation, and in fact it takes advantage 
of the most desirable features of both the mathematical and the 
voxel phantoms. This technique offers mathematical approaches 
for representing not only standard analytic shapes, but free-
form curves and surfaces, many of which are very appropriate 
for describing complex tissue structures. This feature facilitates 
the easier modification of organ volumes and body contours, as 
well as to adjust body stature, and at the same time it provides 
a significantly higher degree of anatomical realism achieved, 
compared to what is possible with either stylized or voxel phan-
toms. An example is modeling of the lung with a smooth surface 
and continuous in all dimensions. Some of the more challenging 
tissues to model in a voxel phantom are the facial bones of the 

skull. NURBS surfaces are advantageous over polygon meshes, 
since they can model objects using smaller number of param-
eters. While a polygon mesh of an object may contain tens of 
thousands of vertices, a NURBS surface may model the same 
object with the same level of accuracy using just 100 to 200 con-
trol points. However, for some organs such as the spine, a poly-
gon mesh model is used to retain the finer complexities of its 3D 
structure (e.g., vertebral processes and bodies).

Although polygonal surface computational human phantoms 
can address several critical limitations of conventional voxel phan-
toms, their Monte Carlo simulation speeds are much slower than 
those of voxel phantoms (Kim et al. 2011). This is primarily due 
to the use of the expensive ray tracing functions, which are repeat-
edly called for each facet. This means that increasing the number 
of facets results in a slower ray tracing procedure. To overcome 
this problem, new classes and improved functions for ray trac-
ing techniques are being developed (Badal et al. 2009; Han et al. 
2013). Recent attempts were made to overcome this problem by 
developing a new type of computational human phantom, a tetra-
hedral mesh phantom, by converting a polygonal surface phantom 
to a tetrahedral mesh geometry (Figure 57.18) (Yeom et al. 2014). 
Another drawback of the surface phantoms, which reflects on the 
accurate dose calculations, is that they cannot represent an inho-
mogeneous density distribution in organs or tissues.

Several studies investigated the influence of the choice of the 
computational phantom on the dose results (Staton et al. 2006; 
Lee et al. 2007b). Results showed that there are differences in 
effective organ doses when stylized (ORNL), and tomographic 
anthropomorphic phantoms are used in the same simulation 

FIGURE 57.15 Three-dimensional view of the VCH-F adult phantom 
(skin on the left and internal organs on the right). (Reprinted from Sun, W. 
et al. 2013. Journal of Radiation Research 54:383–97, with the permission 
of the publisher.)

(a) (b)

FIGURE 57.16 Surface rendering of 3D phantoms: (a) RPI-AM, (b) 
RPI-AF. (Reprinted from Zhang, J. et  al. 2009. Physics in Medicine and 
Biology 54:5885–908, with the permission of the publisher.)
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study. In chest imaging for example, the effective dose is over-
estimated in ORNL phantoms, while for abdominal imaging 
the doses are under-estimated. Similarly, Yoriyaz et  al. (2000) 
showed considerable discrepancies (in some cases) in the organ 
masses between the phantoms and the occurrence of organ over-
lap in the voxel phantom, which is not considered in the math-
ematical phantom. Zhang et al. (2012) investigated how the dose 
results are affected by the use of four computational anthropo-
morphic phantoms. Amongst them were the reference male and 
female extended cardiac-torso (XCAT) phantoms and the refer-
ence male and female phantoms described in ICRP publication 
110. The investigation showed that doses to the testes, breasts, 
and esophagus varied largely between phantoms.

57.5  Computational Phantoms Dedicated 
to 2D and 3D Breast Imaging and 
Examples of Applications

Computational breast phantoms may be simple in shape and con-
tent or anthropomorphic.

57.5.1 Simple Breast Phantoms

The breast is modeled in the form of a cylinder, semi-cylinder, 
half-ellipsoid, or slabs, with adjustable size and glandular to adi-
pose tissue ratio. They are simulated as a homogeneous mixture 
of glandular and adipose tissue (e.g., polymethyl methacrylate; 

PMMA) surrounded by an adipose layer. The size and the com-
position of the breast varies widely with patients. To reflect this, 
the composition may be simulated by mixing different weights 
of adipose and glandular tissue. The breast glandularity is 
defined as the fraction by weight of glandular tissue in the cen-
tral region of the breast. Both the glandularity and the thickness 
of the breast can vary. Tissue compositions are usually taken 
from Hammerstein et  al. (1979). An example for such a sim-
plified model is shown in Figure 57.19a. For an average-size 
breast undergoing firm compression, the typical dimensions are 
a semi-cylinder 4.5 cm thick with a semi-circular cross-section 
and a diameter of 16 cm (Dance 1980). Another simple in shape 
computational phantom representing an uncompressed breast 
is shown in Figure 57.19b. To approximate the external breast 
shape, semi-cylinders and cylinders are used, while the com-
position distribution may be uniform. Voxel versions of simple 
breast phantoms are frequently used as well (Dance et al. 2011).

Simple in shape and homogeneous in composition computa-
tional breast phantoms have a large impact on and are key instru-
ment in studies for: developing and evaluating new breast X-ray 
imaging modalities, which aim to detect and better character-
ize the breast lesions in their early stage; optimizing technical 
parameters of X-ray imaging breast systems; optimizing new 
systems in clinically relevant tasks; performing feasibility stud-
ies prior to implementation in clinical practice, etcetera.

Simple mathematical breast models have been used very effec-
tively for a long time (and are still preferred) for radiation dosim-
etry in 2D projective mammography, as well as for optimization 

XCAT male adult XCAT female adult

End-diastole

4D beating heart 4D respiration

End-systole End-expiration End-inspiration

FIGURE 57.17 Images of XCAT phantom. (Top) 50th percentile male (left) and female (right) whole-body anatomy of the XCAT phantom. (Bottom) 4D 
cardiac and respiratory models of the XCAT. (Reprinted from Segars, W.P. et al. 2013. Medical Physics 40(4):043701-1–043701-11, with the permission of 
the publisher.)
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of acquisition geometry. Mean glandular dose (MGD) is difficult 
to measure. Therefore, realistic estimation of the radiation dose 
may be obtained by applying Monte Carlo techniques. In conven-
tional mammography, there are various standard protocols for 
the estimation of breast dose, which provide conversion factors 
(g) to relate the incident air kerma at the upper surface of the 
breast to the mean dose to the glandular tissues within the breast. 
Simple breast phantoms, like the one in Figure 57.19a, are widely 
used to calculate these g conversion factors (Dance 1990; Boone 
1999; Dance et al. 2000, 2009). PMMA slabs of specified thick-
nesses are also used to simulate the exposure of typical breasts 
for the purposes of dosimetry protocols in the EU.

Simple in shape phantoms are also widely used to calculate 
the conversion factors for 3D breast imaging (Boone et al. 2004; 
Thacker and Glick 2004; Sechopoulos et al. 2007, 2010; Ma et al. 
2008; Dance et al. 2011). For example, Sechopoulos et al. (2007) 
evaluated the radiation dose to the breast glandular tissue during 
digital breast tomosynthesis examinations using two breast mod-
els, simulated as a homogeneous mixture of adipose and glandu-
lar tissue. The breast in medio-lateral oblique (MLO) view was 
simulated as a complex solid, which included a portion of the 
pectoralis muscle, while the compressed breast in cranio-caudal 
(CC) view was simulated as a semicircle with rounded edges, 
located at the central line of the imager. Similarly, to study the 
MGD for a prototype breast tomosynthesis system with Monte 
Carlo simulations, Ma et al. (2008) used a simulated breast phan-
tom as a semi-cylindrical Perspex slab with a radius of 8 cm and 
several thicknesses ranging from 2 to 8 cm. Adipose tissue of 
0.5 cm thick was assumed to surround the breast tissue that was 
a 50:50 homogeneous mixture of glandular and adipose tissues. 

Dance et  al. (2011) used the voxel breast phantom of Figure 
57.19a to evaluate the MGD for breast tomosynthesis. A similar 
computational breast phantom was used to study the best quan-
tum energies that optimize the image quality with the lowest 
achievable dose in breast tomosynthesis, and compare these to 
the results with digital mammography (Baptista et al. 2014).

Another 3D application is the breast CT and cone beam CT. 
Boone et al. (2001) used a cylindrical breast geometry to evaluate 
the feasibility of breast CT in terms of radiation dose and image 
quality by using the Monte Carlo program. The breast is approxi-
mated by a cylindrical geometry with diameters ranging from 6 to 
16 cm, which span the range of breast sizes. The simulated breast 
composition is the so-called “50/50 breast,” which is 50% glandu-
lar tissue and 50% adipose tissue. This model of an uncompressed 
breast was also used by Boone et al. (2004) to perform a com-
prehensive analysis of the factors which influence the glandular 
breast dose (for instance cone angle, the use of a beam flattening 
(“bow-tie”) filter, glandular fraction, breast length, and source to 
isocenter distance) using cone beam pendant-geometry breast CT.

Thacker and Glick (2004) calculated the normalized glandu-
lar dose to the uncompressed breast in breast CT application by 
using the phantom shown in Figure 57.19b. They used a Monte 
Carlo program to trace the radiation transport within the breast 
phantom, with diameters ranging from 10 to 18 cm, and a homo-
geneous composition of adipose and glandular tissue. To deter-
mine the MGD from a CT scan of breasts of different sizes and 
compositions, Sechopoulos et al. (2010) used a pendant breast, 
simulated as a homogeneous semi-ellipsoid, with a 1.45 mm 
layer of skin. The breast sizes studied were selected to represent 
the entire range from small to large sized breasts, and the breast 
compositions studied ranged from 1% glandular fraction to 100% 
glandular fraction, including a 14.3% glandular fraction, which 
was shown to be the glandular fraction of an average breast. The 
chemical composition of the glandular and adipose tissues was 
defined as reported by Hammerstein et al. (1979).

Reconstruction algorithms were also best optimized by using 
simple in shape phantoms. Lin and Samei (2014) used two phan-
toms: a cylindrical phantom (solid geometry) and a voxel phan-
tom (built from real CT data from the Cancer Imaging Archive) 
to validate and quantitatively validate a new fast and practical 
poly-energetic iterative filtered backward projection algorithm. 
Simple breast phantoms were preferred in the study of Yang et al. 
(2009) for evaluation of the cone beam breast CT with circular 
scan for breast imaging.

The results obtained with these breast models, however, are 
affected by the assumption that the breast is composed of a homo-
geneous mixture of adipose and glandular tissue. Due to their 
homogenous background, their application is limited whenever 
a real background tissue is required (to optimize the automatic 
exposure controller, the detectability of lesions, the performance 
of image processing, the 3D reconstruction software, and so on).

57.5.2 Realistic Anthropomorphic Breast Phantoms

Advanced computational breast models possess realistic 3D breast 
tissue distribution and anatomical features. They may be classi-
fied as phantoms based on patient data or mathematical data.

Mathematical phantoms are based on modeling the elements 
of the breast, through mathematical techniques. The breast is 

FIGURE 57.18 Comparison of PSRK-Man polygonal surface phantom 
(left) and constructed tetrahedral mesh phantom (right). (Reprinted from 
Yeom, Y.S. et al. 2014. Physics in Medicine and Biology 59:3173–85, with 
the permission of the publisher.)
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composed of the external breast shape, the mammary duct sys-
tem, the Cooper’s ligaments, the pectoral muscle, vessels, skin, 
mammographic texture, and breast abnormalities. This approach 
was chosen originally by Bliznakova et al. (2003) and Bakic et al. 
(2002, 2003), shown respectively in Figures 57.20 and 57.21. 
Further essential improvements to these models towards their 
anatomical and radiological realism were made by several inves-
tigators (Bliznakova et  al. 2010b; Bakic et  al. 2011; Lau et  al. 
2012; Pokrajac et al. 2012). Using the methodology of Pokrajac 
et al. (2012), it became possible to generate phantoms with voxel 
sizes in the range of 25 to 1000 µm3/voxel. Proposed algorithms, 
however, assumed each phantom voxel to contain a single tissue 
type, which results in phantom projection images with notable 
artifacts near the borders between regions of different materi-
als, particularly at the skin–air boundary. Several methods were 
proposed in order to overcome these limitations. One solution 
is to simulate smaller voxels. Reducing the voxel size, however, 
extends the phantom generation time and increases memory 
requirements. Another method is to account for the partial vol-
ume of various tissues in a voxel (Chen et al. 2012, 2015). The 
linear X-ray attenuation coefficient of each voxel is calculated by 
combining attenuation coefficients proportional to the voxel sub-
volumes occupied by the various tissues.

Based on these algorithms, several research groups generated 
breast models for specific needs, extending the existing models 
to include improved and new models of anatomical structures 
(Chen et  al. 2011; Youn et  al. 2011) and abnormalities such as 
irregular tumors and speculated masses (Ma et al. 2009), as well 

as with more functionalities, such as suitable for multimodal 
image simulations (Mahr et al. 2012).

Another approach for the creation of an anthropomorphic 
breast phantom is shown in Figure 57.22. The computational 
breast is based on the physical breast developed at Katholieke 
Universiteit Leuven (KUL) (Cockmartin et  al. 2012), whose 
physical phantom is capable to produce a structured background 
in both 2D mammography and breast tomosynthesis. This physi-
cal breast phantom is based on the work of Gang et al. (2010), 
who showed that equal volumes of differently sized acrylic 
spheres provide a fractal dimension of 3 as well as a power law 
exponent β equal to 3. The computational phantom is composed 
of two main parts: a semi-cylinder container and spheres of dif-
ferent diameters. The container is modeled as a set of four semi-
cylinders and a parallelepiped.

Anthropomorphic voxel breast models with realistic tissue 
distributions have been created also by exploiting CT datasets, 
both from patients and physical phantoms (Chen et  al. 2012; 
Imran et al. 2015, 2016; Cockmartin et al. 2016). Hoeschen et al. 
(2005) reported on the creation of three voxel breast models from 
a segmented high-resolution CT dataset of breast specimens 
(taken from three different elderly women) which were fixated 
while being compressed. The obtained segmented breast models 
allowed a more realistic representation of the glandular tissue and 
enabled reasonable calculations of the average glandular dose in 
mammography by Monte Carlo calculations as well as simula-
tions of different imaging procedures. Similarly, Li et al. (2009) 
proposed a software breast phantom developed from a post-pro-
cessed clinical dataset acquired by breast CT. The methodology 
for generating a 3D computerized breast phantom is shown in 
Figure 57.23, while simulated mammography projection of such 
breast phantoms is shown in Figure 57.24. Such a design guaran-
tees a very high degree of realism; however, it represents a single 
breast composition and lacks flexibility to cover wide anatomi-
cal variations. Huang et  al. (2011), Li et  al. (2009), and Yang 
et al. (2011) presented a description of the breast using the larg-
est available set of images acquired with breast CT that time. A 
number of breast anatomical metrics were introduced and char-
acterized in detail, describing breast shape, breast diameter and 
length, radial breast glandular fraction in three breast regions, 
and glandular fraction along two orthogonal planes of the breast 
as a function of patient age and bra cup size. Based on these met-
rics, 3D breast phantoms can be accurately generated. A similar 
approach is reported by Hsu et al. (2011, 2013). In the latter case, 

0.5 cm

(a) (b)

16 cm

(2-8) cm Water

Phantom

FIGURE 57.19 Examples of computational simplified breast phantoms 
used with Monte Carlo simulations for dose applications.

FIGURE 57.20 Breast model (left) and four generated projection images (right). (Reprinted from Bliznakova, K. et al. 2010b. Medical Physics 37:5604–17, 
with the permission of the publisher.)
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the computerized breast phantoms are a hybrid of two phantom 
generation techniques, combining empirical breast CT data with 
flexible computer graphics techniques. A limited set of original 
dedicated breast CT data was used to generate multiple anthropo-
morphic phantoms, based on image morphing technique.

Based on high-resolution CT datasets from normal patients, 
Segars et al. (2014) created 100 realistic and detailed 3D compu-
tational breast phantoms. The authors also developed a finite ele-
ment application to simulate different compression states of the 
breast, making the phantoms applicable to multimodality imag-
ing research. A detailed breast model for Chinese adult females 
was also implemented using the mathematical modeling method 
proposed by Qiu et al. (2016). It was voxelized and merged with 

the Chinese reference adult female voxel model for breast dosim-
etry purposes.

Realistic breast phantoms are used with simulations of the radi-
ation transport to estimate the dose to the parenchymal tissue to 
get a better approximation of the relevance of the X-ray exposure 
connected with a mammographic examination. These phantoms 
are used to evaluate the thickness of the compressed breast on 
the image quality (Chen et al. 2011), as well as to obtain realistic 
digital mammograms considering the imaging characteristics of 
a different digital mammography detector, such as resolution and 
noise, to develop and test new computer-aided detection (CAD) 
algorithms and assess the breast dose for different breast imaging 
modalities (mammography, tomosynthesis, and breast CT) (Chen 

ne

A

(a)

(b) (c)

(d)

FIGURE 57.21 Methodology for the creation of breast phantoms. Illustration of the compartment orientation scheme at the initialization of the region-
growing procedure. (a) The compartment seeded at point A is oriented so that its shortest axis corresponded to the surface normal of an ellipsoid passing 
through the nipple and the seed point A. The initial distribution of the compartments is illustrated in (b) coronal and (c) vertical phantom sections. Central 
slice of a computational breast phantom and its simulated tomosynthesis projection are shown in (d). (Reprinted from Bakic, P.R. et al. 2011. Medical Physics 
38:3165–76, with the permission of the publisher.)

(a) (b)

FIGURE 57.22 Computational model of breast (a) and generated mammography image (b).
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FIGURE 57.23 Methodology for generating 3D computerized breast phantom from empirical data.
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et al. 2011). Anthropomorphic voxel breast phantoms find applica-
tions in investigating the impact on image quality of using mono-
chromatic beams for lower dose breast tomosynthesis (Malliori 
et  al. 2014). For instance, Van de Sompel et  al. (2011) used a 
real breast CT volume as a ground truth digital phantom from 
which X-ray projections were simulated under various acquisition 
parameters. In this way, the authors assessed the performance 
of various reconstruction algorithms, such as the filtered back 
 rojection, the simultaneous algebraic reconstruction technique, 
and the maximum likelihood algorithm for breast tomosynthesis 
under variations in key imaging parameters, including the num-
ber of iterations, number of projections, angular range, initial 
guess, and radiation dose. Such phantoms are also used as compu-
tational prototypes for manufacturing of anthropomorphic physi-
cal breast models, suitable for image quality assessment of 2D 
and 3D breast X-ray imaging systems (Carton et al. 2011; Brunner 
et al. 2012; Cockmartin et al. 2014). For cone beam breast CT, Yi 
et al. (2011) used analytical and voxel based approaches to vali-
date the Monte Carlo method for dose estimation. To achieve this, 
the authors used 19 structured breast models (obtained from 19 
mastectomy breast specimens), four homogeneous breast models, 
six ellipsoidal phantoms, and six cylindrical phantoms.

Anthropomorphic breast phantoms were used as well to test 
dual-energy subtraction mammography and to examine precisely 

whether this modality could result in better visualization and 
detection of microcalcifications (Bliznakova et  al. 2006), as 
well as to optimize the radiographic technique for dual-energy 
contrast-enhanced tomosynthesis (Samei and Saunders 2011; 
Karunamuni et al. 2013; Lau et al. 2016) and optimize the dose to 
the breast during breast tomosynthesis (Vieira et al. 2015; Borges 
et al. 2016a,b). Moreover, the phantom from Figure 57.20 is used 
in advanced research involving phase-contrast tomosynthesis 
and mammography (Bliznakova et al. 2015).

Advanced breast models with realistic 3D breast tissue distri-
bution and anatomical features offer a flexible and simple way to 
investigate different aspects of 2D and 3D X-ray breast imaging: 
to perform accurate breast dosimetry, to calculate the properties 
of the digital mammograms, to investigate the effect of breast 
tomosynthesis, and CT acquisition parameters on computer-
extracted texture features. These models offer complex breast 
tissue simulation and allow the generation of synthetic mam-
mograms, which resemble real ones. However, none of them is 
complete and perfect yet. Some of them lack particular anatomi-
cal features, some models are unrealistic for some applications, 
the spatial resolution is insufficient, in some cases compression 
is not applied, and some models cannot be extrapolated towards 
all new emerging modalities.

57.6  Computational Phantoms Dedicated 
to Brain and Head Imaging, and 
Examples of Applications

The famous 3D Shepp–Logan phantom, shown in Figure 57.2b, 
is often used in various simulation studies. It consists of 12 ellip-
soids with radiuses a, b, c in each direction and position defined 
by x, y, z and the Euler angles. The parameters of this phantom 
are given in Table 57.3.

The 3D Shepp–Logan phantom is continuously used for devel-
opment of new reconstruction techniques, including the general 
cone beam reconstruction algorithm and its special versions 
developed by Wang et  al. (1993), new Grangeat-type half-scan 
algorithm in the circular scanning case (Lee and Wang 2003), 
and novel cone beam CT reconstruction algorithms (Song et al. 
2014). The 3D Shepp–Logan was used to develop and optimize 
an exact reconstruction algorithm in variable pitch helical cone 
beam CT (Li et  al. 2006). In addition, this phantom is often 
exploited to validate reconstruction algorithms, such as the exact 
cone beam reconstruction algorithm, and the generalized fil-
tered back projection and back projection-filtration methods. To 
improve this phantom and its applicability for testing exact cone 
beam reconstruction techniques, Yu et al. (2005) proposed a dif-
ferentiable Shepp–Logan phantom.

Another head phantom is the Zubal head phantom, which is a 
3D high-resolution voxel model of a human head used to calcu-
late the absorbed doses to the structures of the brain (Zubal et al. 
1994). This phantom was built by performing manual segmenta-
tion of 129 X-ray CT transverse slices of a living male human 
and, subsequently, a 3D volume array was created which mod-
eled all major internal structures of the body. Each voxel of the 
volume contains an index number designating it as belonging to 
a given organ or internal structure. The original X-ray CT images 

FIGURE 57.24 The mammogram with defined attenuation coefficients 
that are described with three levels of fibroglandular tissue ranging from 
adipose to muscle. (Reprinted from Li, C.M. et al. 2009. Medical Physics 
36:3122–31, with the permission of the publisher.)
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were of size of 512 × 512 pixels, with a resolution of 1 mm in the 
x, y plane. The z-axis resolution is 1 cm from neck to mid-thigh, 
and 0.5 cm from neck to crown of the head. This volume array 
represents a high-resolution model of the human anatomy, and 
can serve as a voxel anthropomorphic phantom suitable for many 
computer-based modeling and simulation calculations. Several 
changes were made to the original head phantom, which now 
contains over 29 critical structures of the brain and head. The 
modified phantom is a 85 × 109 × 120 lattice of voxels, where 
each voxel is 2.2 mm × 2.2 mm × 1.4 mm (Evans et al. 2001).

Since simple objects, such as ellipsoids or parallelepipeds, 
do not reflect the complexity of natural brain anatomy, Collins 
et al. (1998) developed in 1998 a realistic, high-resolution, digi-
tal, volumetric phantom of the human brain suitable for tomo-
graphic image simulation. A voxel representation was selected 
since smooth transitions can be more easily modeled than, for 
instance, polyhedral models. The digital brain phantom is made 
up of 10 volumetric datasets that define the spatial distribution 
for different tissues (e.g., gray matter, white matter, muscle, skin, 
and so on), where voxel intensity is proportional to the frac-
tion of tissue within the voxel. Phantom construction was based 
on a high-resolution (1-mm isotropic voxels) low-noise dataset 
that was created by registering and averaging 27 T1-weighted, 
12 PD-weighted, and 12 T2-weighted MRI scans from a single 
subject. As a direct result of the high signal to noise ratio, these 
single subject average volumes exhibit fine anatomical details 
and enable a faithful representation of the brain’s complex ana-
tomical structures. The volume contains 181 × 217 × 181 vox-
els and covers the brain completely, extending from the top of 
the scalp to the base of the foramen magnum. The phantom data 
is available from the Montreal Neurological Institute, McGill 
University, McConnell Brain Imaging Center website (www.bic.
mni.mcgill.ca/brainweb).

Improved modification of this phantom (in terms of more ana-
tomically realistic) is the Digital Brain Phantom II, which is a 
voxel model of the brain with no tumor insertion (Aubert-Broche 
et al. 2006). The improvement concerns important modifications 
made to this phantom and its construction. Particularly, the real-
ism of the phantom, and the resulting simulations, was improved 
by modeling more tissue classes to include blood vessels, bone 
marrow, and dura mater classes. In addition, a more realistic 

skull class, with cranium and facial bones (Figure 57.25), was 
created, which is particularly useful for SPECT, PET and CT 
simulations for which bone attenuation has an important effect.

In order to allow the discrimination of finer detail and enable a 
better classification, the voxel size of the phantom was decreased 
to a volume of 0.125 mm3. This phantom is used for different 
simulations PET, SPECT, MRI and CT. The inclusion of patholo-
gies inside the model turns out to not be a difficult task.

However, this anatomical phantom is based on a single brain 
(Aubert-Broche et  al. 2006). Furthermore, a set of different 
brains enables not only the study of anatomical difference, but 
also differences in tissue composition that give rise to variability 
in different tissue parameters.

Another approach for creation of a computational head phan-
tom is by combining CT images of an anthropomorphic head 
phantom with clinically acquired MRI brain images (Riordan 
et  al. 2011). Such a phantom is used to assess brain perfusion 
calculation methods.

Van Den Boom et al. (2014) reported on a 4D digital brain phan-
tom created as a combination of spatial structure, tissue attenu-
ation curves (TACs) based on patient data, and noise patterns 
obtained by scanning a physical phantom. The spatial structure 
of the digital phantom defined the location and types of the vari-
ous anatomical structures that should be present. The anatomical 
structure of the digital phantom included brain tissue separated 
into gray matter (GM), white matter (WM), and cerebrospinal 
fluid (CSF). A tissue attenuation curve was digitally added to each 
voxel, based on the classification of that voxel as GM, WM, or 
CSF. In order to divide the brain tissue in these three components 
(Rohlfing et al. 2010), a 3D atlas of normal human brain anatomy 
was used. To achieve transitions from one voxel to another voxel 
to look more realistic, a Gaussian kernel (σ = 1.5 mm) is used. 
In order to simulate an artery and a vein, two cylindrical objects 
were added. Finally, measured noise patterns were obtained by 
scanning a physical 3D skull phantom. This phantom was filled 
with epoxy that has approximately the same density as brain tis-
sue, to simulate noise patterns in a real human skull.

In general, voxel models of the human body are commonly 
used for calculating radiation dose with a Monte Carlo radiation 
transport code. Due to memory limitations, the voxel resolution 
of these computational phantoms is typically too large to accu-
rately represent the dimensions of small features such as the eye.

57.7  Computational Phantoms 
Dedicated to Thoracic Imaging 
and Examples of Applications

Amongst the advanced thoracic phantoms is the Mesh female 
thoracic phantom, based on the Adult Female Reference 
Computational Phantom. Different chest girths (85, 90, 100, 110, 
and 120) and cup sizes (A to F) were created representing the 
most common thoracic female morphologies (Farah et al. 2010). 
Variation of breast tissue composition and internal organ vol-
umes with morphology were also considered. This resulted in 34 
thoracic female phantoms.

Another popular phantom is the NURBS-based Cardiac-Torso 
phantom (NCAT) which includes organs from Visible Human 

TABLE 57.3

Parameters of the Shepp–Logan Phantom (Figure 57.2b)

A B c x Y z Θ φ Density

0.69 0.9 0.92 0.0 0.0 0.0 0.0 0.0 2.0

0.6624 0.88 0.874 0.0 0.0 −0.0184 0.0 0.0 −0.98

0.41 0.21 0.16 −0.22 −0.25 0.0 0.0 72.0 −0.02

0.31 0.22 0.11 0.22 −0.25 0.0 0.0 −72.0 −0.02

0.21 0.35 0.25 0.0 −0.25 0.35 0.0 0.0 0.01

0.046 0.046 0.046 0.0 −0.25 0.1 0.0 0.0 0.01

0.046 0.02 0.023 −0.008 −0.25 −0.605 0.0 0.0 0.01

0.046 0.02 0.023 0.06 −0.25 −0.605 0.0 90.0 0.01

0.056 0.1 0.04 0.06 0.625 −0.105 0.0 0.0 0.02

0.056 0.1 0.056 0.0 0.0625 0.1 0.0 0.0 −0.02

0.046 0.046 0.046 0.0 −0.25 −0.1 0.0 0.0 0.01

0.023 0.023 0.023 0.0 −0.25 −0.605 0.0 0.0 0.01

www.bic.mni.mcgill.ca/brainweb
www.bic.mni.mcgill.ca/brainweb
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Project CT data of the male and female. Gated MRI datasets of 
a normal patient and 3D angiogram data were used for motion 
modeling (Segars 2001).

Voxelized computational anthropomorphic male and female 
extended cardiac-torso (XCAT) adult phantoms were used by 
Zhang et al. (2014) to estimate the organ doses, effective doses, 
and risk indices for the three clinical chest X-ray imaging tech-
niques (chest radiography, tomosynthesis, and CT). Similarly, 
Sahbaee et  al. (2014) performed a study to compute patient-
specific organ doses and effective dose conversion factors for a 
representative collection of routinely used CT protocols across a 
large number (58) of adult patient phantoms. The high-resolution 
chest-abdomen pelvis CT data were used as a basis to create a 
whole-body computational model from each patient. The large 
organs and anatomical structures, such as lungs, heart, liver, 
kidneys, stomach, backbone, rib cage, gallbladder, and spleen, 
within the CT images were segmented.

Computational anthropomorphic thorax phantoms based on 
patient CT images are used to develop an efficient poly-ener-
getic simultaneous algebraic reconstruction technique aimed 
at elimination of the beam hardening artifacts and improving 
the CT quantitative imaging ability (Lu et al. 2015). Another 
example is the use of the 0.5 mm voxelized anthropomorphic 
phantom, ELLA, from the Virtual Family, representing an 
average-sized 26-year-old female, to simulate CT images for 
comparison of the performance of five protocols intended to 

reduce dose to the breast during CT coronary angiography 
scans (Rupcich et al. 2013).

A large family of realistic heart phantoms were reported by 
Gu et al. (2011) for imaging and dosimetry purposes, based on 
high-quality CT angiography datasets. This is based on histogram 
analysis of the initial image, followed by active contour segmen-
tation of the myocardin and triangular meshes fitted to segmented 
high-resolution CT angiography data, as shown in Figure 57.26.

57.8 Summary

Nowadays, the research and the educational communities could 
not image their daily work without the use of anthropomorphic 
computational phantoms. The high diversity of applications of 
these phantoms prove the fact that they are really needed and 
basic tools when new imaging techniques are investigated, devel-
oped, and optimized, and when the important issues for dose 
are considered. The wide variety of techniques available to the 
computer graphics for modeling of objects provides a choice for 
constructing of anthropomorphic phantoms, in accordance to the 
application for which the model is designed, as well as to the com-
puter configuration and in particular the memory requirements. 
Use of computational phantoms based on CSG is preferable in 
applications where the speed of calculations is important and the 
accuracy of simulated anatomical structures is not so critical. 

(a) (b)

FIGURE 57.25 (a) Skull classes from the previous phantom (on the left) and from the new phantom (on the right). (b) 3D left view (on the left) and top view 
(on the right) of the vessels class including superficial and internal vessels. (Reprinted from Aubert-Broche, B. et al. 2006. NeuroImage 32:138–45, with the 
permission of the publisher.)

(a) (b) (c)

FIGURE 57.26 (a) Segmented coronary arteries; (b) views of the coronary arteries from different directions—left, two images for the right coronary arter-
ies (RCA), and right, two images for the left coronary arteries (LCA); (c) mesh-based heart phantom. (Reprinted from Gu, S. et al. 2011. Physics in Medicine 
and Biology 56:5845–64, with the permission of the publisher.)
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Tomographic (voxel) approaches are preferable when accurate 
and realistic representation of the human anatomy is needed. 
However, major limitations with this approach remain the “low” 
resolution of the original image data obtained via the nowadays 
popular imaging techniques such as computed tomography, the 
requirements for very large memory storage, and the difficulties 
related to obtaining scaled phantoms from original voxel phan-
toms. An excellent opportunity is the use of B-Rep techniques 
such as NURBS and polygon mesh approaches, which are used 
to model anatomical structures in detail at no cost to storage 
requirements, as well as these computational phantoms are easily 
subjected to rescaling of tissue dimensions. When the challenge 
with the ray tracing of objects based on B-Rep is overcome, this 
type of object modeling will be of particular significance, and 
may be the preferable choice for representing the human organs 
and tissues as realistic as possible.
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58
Radiography and Computed Tomography for Works of Art

Maria Pia Morigi and Franco Casali

58.1 Introduction

This chapter provides an introduction to the application of 
X-ray radiography and computed tomography in the analysis 
of archaeological finds and works of art. These powerful non-
destructive techniques are capable of providing morphological 
and physical information on the inner structure of the objects 
studied; therefore, they are applied increasingly more fre-
quently to Cultural Heritage assets, not only for conservation 
and restoration purposes, but also to increase the knowledge 
on the construction technique of a specific artefact or work of 
art. In fact, together with a variety of other scientific investiga-
tions, radiography and computed tomography can help answer 
the following main questions concerning the composition, dat-
ing, provenance, art technology, and conservation of an ancient 
object:

• What material is it made of?

• When was it made?

• Where was it made?

• How was it made?

• How can we preserve it for future generations?

Due to the large variety of sizes and compositions typical of 
Cultural Heritage objects, different X-ray sources, detectors, and 
setups are necessary to meet the different needs of various case 
studies. Moreover, as it is difficult to move the works of art from 
the place where they are kept, it is very important to develop 
equipment that is easy to move. This chapter provides a broad 
overview of radiography and tomography systems with different 
technical characteristics, accompanied by some examples of their 
application in the Cultural Heritage field. The last section will be 
devoted to neutron computed tomography and its application as a 
complementary technique to X-ray computed tomography (CT).

58.2 Radiography Applied to Cultural Heritage

Radiography has a long history of use in Cultural Heritage stud-
ies: within 2 years from the announcement of the discovery 
of X-rays by the German physicist Wilhelm Conrad Röntgen 
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(Röntgen 1896) (see Section II, Chapters 17 and 18), Culin 
(1898) published a description of some radiographs of a Mochica 
mummy as well as of other archaeological findings which had 
been performed in 1897 by Dr. Charles Leonard of the University 
of Pennsylvania Museum. Further radiographs of mummified 
human remains followed (Fiori and Nunzi 1995; Böni et al. 2004; 
Davis 2005): for instance, the examination of Egyptian mum-
mies in London by Petrie (1898) and in Cairo by Smith (1912).

Alan Burroughs, when reviewing the early development of 
X-ray photography, credits Töpler in Dresden and König in 
Frankfurt with making the first shadowgraphs of paintings in the 
late 1890s (Padfield et  al. 2002). The X-ray technique quickly 
spread to the examination of other museum artifacts, including 
ceramics and metals. Throughout the first half of the twentieth 
century, X-ray laboratories were set up in several American and 
European museums, including the National Gallery in London 
and the Louvre in Paris.

Today, radiography is a standard procedure for the study of 
archaeological artifacts and works of art. As in medical inves-
tigations, X-ray tests reveal internal features and details that 
would otherwise be invisible. Radiography is especially useful in 
the Cultural Heritage field, because it is a non-invasive and non-
destructive method, not requiring the removal of any sample from 
the object. Radiography is a versatile tool (Gilardoni 1994; Lang 
and Middleton 2005; O’Connor and Brooks 2007): it is used on a 
wide range of materials with very different radiopacities, such as 
wood, textiles, paintings, ceramics, metal objects, and bronze stat-
ues. It may reveal artifacts concealed in a block of soil excavated 
from an archaeological site; it can assist scientists in answering 
many questions about the manufacturing technique and functions 
of an object, and it is very useful to conservators, since it can 
reveal cracks, corrosion and previous restoration points.

Paintings on canvas or wood are among the most X-rayed 
works of art: being thin and flat, they are very suitable for radiog-
raphy. Historical paintings are an important part of the Cultural 
Heritage and they have been the subject of intensive studies for 
decades by means of various physical and chemical techniques. 
The main purpose is not only to evaluate their state of conserva-
tion and, therefore, to make it possible to plan the best preserva-
tion treatment, but also to gain insight into the creation process 
by studying the artist’s execution technique and visualizing the 
presence of the so-called “pentimenti.”

Easel paintings from the Middle Ages up to the nineteenth 
century have a complex multidimensional structure, created by 
superimposing different layers, as shown in Figure 58.1.

An easel painting consists typically of a wooden (poplar, 
oak, etc.), canvas (linen, hemp, cotton), metal (copper) or stone 
(obsidian) support, a ground layer, paint layers, and varnish. The 
ground layer provides a smooth surface for the execution of the 
painting and is generally made of chalk or gypsum and glue. An 
underdrawing can be executed directly either on the preparatory 
ground of the painting or on the priming layer (or imprimatura, 
i.e., a second thin layer made of a pigment, such as lead white, 
in a medium and applied over the first ground), by using char-
coal, chalk, a metal point, ink or water-based black paint. The 
painting is then built up by superimposing layers of organic or 
mineral pigments suspended in organic media. The palette used 
by European painters contains relatively few variations up until 
the nineteenth century, when a number of new pigments, such 

as Zinc White and Prussian Blue, were developed thanks to pro-
gresses made in science. In order to protect the painting and satu-
rate colors, a varnish layer is added (Alfeld and Broekaert 2013).

Thanks to their high depth of penetration, X-rays have the capa-
bility to cross through all the layers of an easel painting: therefore, 
radiography enables us to obtain insight into the entire structure 
of the painting. The X-ray differential absorption when rays pass 
through the object studied produces the contrast in the radio-
graphic image. In fact, according to the Beer–Lambert law, the 
degree of absorption of a monochromatic X-ray beam depends on 
both the thickness and the attenuation coefficient of the material 
through which the radiation passes. Elements with high density 
and high atomic number absorb X-rays more than light elements, 
so metal nails or pigments containing high-Z elements will contrast 
well with wood or canvas, while organic pigments will be almost 
“transparent” to X-rays. Table 58.1 shows a rough classification of 
the radiopacity of the materials generally used in paintings.

Varnish

Glaze

Paint layers

Sketch

Ground layer(s)

Size

Support

FIGURE 58.1 Schematic structure of an easel painting. (Reprinted from 
Spectrochimica Acta Part B, 88, Alfeld, M., and J.A.C. Broekaert, Mobile 
depth profiling and sub-surface imaging techniques for historical paint-
ings—A Review, 211–230, Copyright 2013, with permission from Elsevier.)

TABLE 58.1

Rough Classification of the Radiopacity of Typical Materials Found 
in Paintings

Low Canvas (linen, hemp)
Thin wooden supports (up to 2 cm)
Binders (oil, egg, glues)
Organic pigments

Medium Thick wooden supports (over 2 cm)
Calcium carbonate
Calcium sulfate (preparatory layer)
Light mineral pigments

High Ochre and iron oxides
Zinc white [ZnO]
Mineral pigments with medium atomic number

Very high Lead white [PbCO3]; Red lead (minium) [Pb3O4]
Lead tin yellow [Pb2SnO4]
Vermilion (cinnabar) [HgS]
Metallic components (nails, etc.)

Source: Adapted from Aldrovandi, A. and M. Picollo. 2007. Metodi di 
documen tazione e indagini non invasive sui dipinti. Saonara (Pd), 
Italy: Il Prato.
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In particular, the X-ray examination of a painting is able to 
provide us with information on:

• The kind of pigments used by the painter (organic or 
mineral)

• The possible existence of changes in the paint layer 
and/or underlying paintings (see, for example, Figures 
58.2 and 58.3)

• The state of degradation of the materials used (for 
example, galleries and holes caused by woodworms in 
wood panels)

• The assembly of different components in a work of art

• The presence of previous restoration work (Figure 58.4)

• The characteristic “touch” of a certain artist and the 
authenticity of a work of art

Figure 58.5 shows a typical setup for the performance of X-ray 
tests on paintings: the X-ray source is mounted underneath a 
lead-plated table with a rectangular opening through which the 
diverging X-ray beam passes. Paintings are laid horizontally on 
this table and can be examined in a few minutes with the X-ray 
source working at a voltage between 30 and 50 kV, depending on 
the kind and thickness of the support. As an image detector, clas-
sical X-ray films have been used for decades, but nowadays they 
are increasingly being replaced by a variety of digital imaging 
solutions, among which photostimulable phosphor plates and flat 
panel detectors are worthy of mention.

58.2.1 Film Radiography

Generally speaking, X-ray films are covered with an emulsion 
containing a suspension of silver halide salts (usually with a 

FIGURE 58.2 Light photograph (left) and X-ray image (right) of the panel painting Madonna with Child by Domenico Beccafumi (National Gallery, Pisa, 
Italy). (Reproduced with permission from Aldrovandi, A. and M. Picollo. 2007. Metodi di documentazione e indagini non invasive sui dipinti. Saonara (Pd), 
Italy: Il Prato.)

FIGURE 58.3 Still life (painting on canvas by an anonymous painter of 
the nineteenth century): light photograph (top) and X-ray image (bottom) 
(Opificio delle Pietre Dure Museum, Florence, Italy). (Reproduced with per-
mission from Aldrovandi, A. and M. Picollo. 2007. Metodi di documentazi-
one e indagini non invasive sui dipinti. Saonara (Pd), Italy: Il Prato.)
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particle diameter of around 1–10 µm) in gelatin; a thin layer of 
adhesive is used to apply this emulsion to both sides of the sup-
port film, while a thin coating layer protects their surfaces. The 
level of detail that can be recorded depends on the grain size and 
thickness of the emulsion layer: a smaller grain size affords better 
definition and finer details, but requires a longer exposure (Lang 
et al. 2005). Film is quite cheap to buy and process and it is an 
integrating medium; in fact, the degree of blackening of a film, 
known as its optical density, depends not only on the intensity 

of the X-ray beam, but also on the length of exposure. For this 
reason, the radiographic exposure, E, is generally expressed as 
the product of intensity, I, and integration time, t:

 E It=  (58.1)

A correct exposure is important to produce a reliable image on 
the film. Over- or underexposure will result in a loss of contrast 
and, therefore, possibly in a loss of information.

The proper film exposure can be obtained from the so-called 
characteristic curve of the X-ray film, which describes the rela-
tionship between the optical density and exposure.

The optical (or radiographic) density, D, of a film is defined as:

 
D log

I
It

= 10
0

 
(58.2)

where I0 and It are the intensities of light incident on and trans-
mitted through the exposed film after its development with 
chemicals.

The characteristic curve (an example is given in Figure 58.6) 
has three distinct regions with different contrast transfer charac-
teristics. The portion of the curve associated with low exposures 
is called the toe, while the upper portion is called the shoulder. 
When the exposure of a film falls within these two regions, little 
or no contrast is transferred to the image.

In the central part of the curve, the relationship between opti-
cal density and the logarithm of exposure is approximately lin-
ear. To achieve the best contrast, the film must be exposed in 
such a way that the object studied causes film doses which are in 
the central portion of the characteristic curve.

X-ray films are available with a wide range of characteristics 
and sizes, even though the format used most often is 30 × 40 cm2. 
Many separate radiographs are necessary in the case of paintings 

FIGURE 58.4 X-ray of Madonna of the Goldfinch by Raphael. 
(Reproduced with permission from Aldrovandi, A. 2008. Indagini scien-
tifiche e documentazione. In Raffaello: la rivelazione del colore, edited by 
M. Ciotti, C. Frosinini, A. Natali, and P. Riitano, 171–178. Firenze, Italy: 
Edifir–Edizioni Firenze.)

Radiographic plate
(30 cm × 40 cm)

Painting

X-ray beam

X-ray tube

FIGURE 58.5 Typical setup for the X-raying of paintings. (Redrawn from 
Aldrovandi, A. and M. Picollo. 2007. Metodi di documentazione e indagini 
non invasive sui dipinti. Saonara (Pd), Italy: Il Prato.)
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FIGURE 58.6 Characteristic curve of a radiographic film. (Reproduced 
with permission from Testagrossa, B. et al. 2012. Latest Research into Quality 
Control, edited by I. Akyar, 293–316, Rijeka, Croatia: InTech; book published 
under CC BY 3.0 license: http://creativecommons.org/licenses/by/3.0/.)
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larger than 30 × 40 cm2: films in black envelopes are positioned 
on the surface of the painting, with sufficient overlap between 
individual plates. The final image is obtained as a mosaic of sin-
gle radiographs, but there are a number of problems associated 
with this method: for instance, the presence of tonal differences 
in adjacent images and the impossibility of aligning adjacent 
images perfectly if the position of the X-ray tube is different 
for the various radiographs. A number of museums overcome 
many of these problems by using large-format X-ray films (up 
to 1.37 m wide and 30 m long). The radiographic film is cut and 
then sealed inside a black plastic envelope that is also used for 
the film processing: after the exposure, developing, fixing and 
washing solutions are introduced through a valve at one end of 
the envelope, so that the film can be developed on-site, without 
a specially equipped darkroom. It is also possible to digitize the 
original X-ray plates by using adequate scanners with a large 
imaging area and high resolution. Generally speaking, sufficient 
information is captured from the original X-ray film by scanning 
at a resolution of 300 dpi, but, sometimes, in order to obtain more 
manageable image files, a lower 150 dpi resolution is used when 
there are a large number of plates to be assembled together in a 
single mosaic image (Padfield et al. 2002).

58.2.2 Computed and Digital Radiography

Digital systems are traditionally split into two broadly defined 
categories (Körner et  al. 2007): Computed Radiography (CR) 
and Digital Radiography (DR). CR systems use photostimulable 
phosphor (PSP) plates with a separate image readout procedure 
(see Section I, Chapter 12), that is, an indirect conversion pro-
cess, while DR detectors can use either a direct or an indirect 
process for converting X-rays into electric charges.

PSP imaging uses reusable imaging plates and the associated 
hardware and software to acquire and display digital projec-
tion radiographs. PSP (e.g., BaFBr:Eu2+) stores absorbed X-ray 
energy in crystal structure “traps” and is sometimes referred to 
as a “storage” phosphor. This trapped energy can be released if it 
is stimulated by additional light energy of the proper wavelength 
in the process of photo-stimulated luminescence (PSL). The light 
emitted is captured by a photodetector and then converted into a 
digital image (Rowlands 2002).

Different kinds of digital detectors are available on the mar-
ket for digital radiography: the most frequently used are charge 
coupled device (CCD) or complementary metal-oxide semicon-
ductor (CMOS) cameras optically coupled to a scintillator screen 
and direct or indirect flat panel detectors. Direct-conversion flat 
panels have an X-ray photoconductor, such as amorphous sele-
nium (a-Se), which converts X-ray photons directly into electric 
charges. Indirect conversion systems use a two-stage technique 
for conversion. In the first step a scintillator layer, such as cesium 
iodide (CsI) or gadolinium oxysulphide (Gd2O2S), converts 
X-rays into visible light that is then converted into an electric 
charge by means of an amorphous silicon photodiode array 
(Lança and Silva 2013).

The scintillators and phosphors used in indirect conversion 
detectors can be either structured or unstructured. Unstructured 
scintillators scatter a large amount of light and this reduces 
the spatial resolution. Structured scintillators consist of phos-
phor material in a needle-like structure (the needles being 

perpendicular to the screen surface). This reduces the lateral 
scattering of light photons, so enabling the development of digi-
tal detectors with thicker phosphor layers and superior DQE 
(Detective Quantum Efficiency) and image sharpness perfor-
mance (Samei 2003).

Today, X-ray films still have a better spatial resolution (about 
10 µm) than phosphor imaging plates and flat panel detec-
tors (40–200 µm); their limited dynamic range, however, often 
requires testing exposures to determine the best combination 
of acquisition parameters (voltage, current, and exposure time). 
Sometimes it is necessary to repeat X-rays due to the low quality 
of images. Moreover, when a wide range of radiographic densi-
ties is present in the artefact, the conventional approach is to take 
a number of plates with a range of different X-ray energies and/or 
exposures. Otherwise, with a digital detector, a single exposure 
is usually sufficient, thanks to the high dynamic range, as well as 
to the possibility to optimize the visible gray levels in the image 
to bring out features of interest. Although filmless radiography 
requires a high initial investment, its running costs are low and 
the time required to produce an image is very short compared to 
films. This fact leads to a more extensive use of the X-ray equip-
ment and more experimentation.

Digital detectors offer other advantages when compared to film 
systems. These include lower dose, linear tonal response (unlike 
films, which taper off in sensitivity at the extremes), adjustable 
image processing and image access at remote locations. Moreover, 
digital radiography requires no chemicals and no time-consum-
ing processing of films and provides digital data directly in real 
time (Lang et al. 2005; Alfeld and Broekaert 2013).

Digital detectors such as CCD, CMOS, and flat panels are 
frequently mounted on a translation system in order to cover 
an area larger than their field of view. For instance, Figure 58.7 
shows the scheme of a transportable scanning device, specifi-
cally developed at the Department of Physics and Astronomy of 
the University of Bologna (Peccenini et al. 2014) for in situ radi-
ography of paintings and other works of art. This system consists 

Detector

X-ray tube

Painting

Scanner

FIGURE 58.7 Transportable X-ray scanning device developed at 
the University of Bologna (Italy): experimental setup (http://dx.doi.
org/10.1088/1742-6596/566/1/012022; article published under CC BY 3.0 
license: http://creativecommons.org/licenses/by/3.0/). (Reproduced with 
permission from: Peccenini, E. et al. 2014. Journal of Physics: Conference 
Series 566:012022.)

http://dx.doi.org/10.1088/1742-6596/566/1/012022
http://dx.doi.org/10.1088/1742-6596/566/1/012022
http://creativecommons.org/licenses/by/3.0/
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of a pair of orthogonal lightweight and dismountable axes that 
make the translation of the digital detector with a stroke of 1.5 m 
possible. Two different detectors have been used for on-site mea-
surements: a CCD camera (Apogee Alta U9000, 3056 × 3056 
array, 12 µm pixel size) optically coupled to a structured CsI(Tl) 
screen (useful area: 12 × 12 cm2) and a flat panel Hamamatsu 
C10900D (photodiode area: 12.48 × 12.48 cm2, 1216 × 1232 
active pixels, 100 µm pixel size, 12 bit digital output). The X-ray 
tube (Gilardoni MHF 200D, air-cooled, adjustable voltage from 
30 to 200 kV, 900 W maximum power) is placed opposite the 
work of art at a proper distance, in order to irradiate the whole 
area to be scanned (roughly 3 m for an area of 1.5 × 1.5 m2).

Another scanning device for the investigation of paintings of 
size up to 2 × 2 m2 with a spatial resolution of about 100 µm has 
been designed and constructed at the Larix Lab of the Department 
of Physics and Earth Science in Ferrara University. The system, 
shown in Figure 58.8, can be disassembled and transferred on-
site to perform X-ray scans. The X-ray tube (a mammographic 
unit, Varian M147) and the detector (RadEye100 image sen-
sor, featuring a 1024 × 1000 pixel image area with 96 µm pixel 
size for a roughly 10 × 10 cm2 active area) are mounted specu-
larly on a motorized double aluminum arm at a fixed distance of 
about 60 cm. The short distance between X-ray tube and detector 
requires a small focal spot size in order to minimize the so-called 
penumbra effect (Casali 2006). This setup provides the best detec-
tor-source stability. Arm movements are induced by two motorized 
scanning systems, one for x and one for y direction. The painting 
is locked in a central frame. The movement of the source-detector 
system, X-ray emission and image acquisition are synchronized 
and remotely controlled by a dedicated PC (Albertin et al. 2013).

In both devices, the so-called tile scanning technique is used 
to perform DR of works of art: radiographic images are acquired 
on the basis of a grid that ensures an overlap of a few centimeters 
between images. Several commercial or open-source software 
programs, such as PTGui, PanaVue ImageAssembler, ImageJ or 
Adobe Photoshop, are used in processing to merge single images.

Within the framework of the neu_Art Project (Re et al. 2012), 
a new DR system has been recently developed and installed at 
the “La Venaria Reale” Center for Conservation and Restoration 
near Turin (Italy). This instrument provides high quality radio-
graphic images of paintings (and other works of art) with sizes 
up to 4 × 3.5 m2 by scanning horizontal portions of their surface 
with an X-ray linear detector. The painting is positioned verti-
cally in front of a motorized mechanical system that makes it 
possible to select the height to be scanned. A horizontal axis, 
with an accurate speed control, synchronizes the detector move-
ment with the image acquisition software. The X-ray source is 
a General Electric Eresco 42MF4, with a Tungsten anode and a 
peak current of 4.5 mA at the maximum voltage of 200 kV. The 
focal spot size of the source is 3 mm and the emission of X-rays 
takes place in a cone of elliptical section (40° vertically and 60° 
horizontally). A linear X-ray TDI (Time Delay Integration) cam-
era (Hamamatsu C10650), coupled with a fiberoptic plate and a 
scintillator, is used to acquire the radiographic images. It fea-
tures a 22 cm long CCD array (4608 × 128 pixels, 48 µm pixel 
size) and is designed for operation with X-ray energies lower than 
95 keV. This radiographic system has been used, for example, 
within the framework of a scientific campaign of analyses on 
a series of House of Savoy portrait paintings on canvas from 
Racconigi Castle (Buscaglia et al. 2013).

Conventional transmission radiography is able to visual-
ize clearly the spatial distribution of pigments containing high 
atomic number elements, but, in the case of lead white-based 
preparatory layers, imaging problems may arise because of the 
dominant contribution of the ground. Various alternative tech-
niques have been proposed to overcome the shortcomings of tra-
ditional radiography, such as X-ray fluorescence mapping (Dik 
et al. 2008; Alfeld et al. 2013), neutron activation autoradiogra-
phy (Alfeld et al. 2015), electron emission radiography (Bridgam 
et al. 1958, 1965; Schalm et al. 2014) and energy-resolved X-ray 
radiography (Krug et al. 2006; Albertin et al. 2009; Cabal et al. 
2015), but their application is still limited. A good overview 
of the possibilities of these imaging techniques is provided in 
Alfeld and Broekaert (2013).

58.3  Computed Tomography Applied to Cultural 
Heritage: General Considerations

While radiography has been used for decades in the analysis 
of paintings and other works of art, only recently has X-ray CT 
been introduced in the field of Cultural Heritage diagnostics. 
This kind of technique is the natural evolution of radiography 
and is able to provide morphological and physical information on 
the inner structure of the objects studied, while preserving their 
integrity. In particular, CT is able to overcome an important limit 
of radiography: the superimposition of elements belonging to dif-
ferent layers of the object (see Section III, Chapter 32). In fact, in 
conventional radiography, the 3D structure of the object is pro-
jected onto a 2D detector and each point of the resulting image 
provides a measure of the overall attenuation of the X-ray beam 
as it crosses through the subject. Consequently, while the lateral 
dimensions (height and width) of the specimen—those perpen-
dicular to the direction of the radiation travel—are retained in 

X-ray tube
Detector

FIGURE 58.8 X-ray scanning device for large paintings developed 
at the University of Ferrara (Italy): experimental setup. (http://dx.doi.
org/10.1088/1742-6596/566/1/012022; article published under CC BY 3.0 
license: http://creativecommons.org/licenses/by/3.0/). (Reproduced with 
permission from Peccenini, E. et al. 2014. Journal of Physics: Conference 
Series 566:012022.)

http://dx.doi.org/10.1088/1742-6596/566/1/012022
http://dx.doi.org/10.1088/1742-6596/566/1/012022
http://creativecommons.org/licenses/by/3.0/
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the radiograph, the third dimension (depth) is lost. Generally 
speaking, in the case of essentially 2D works of art such as paint-
ings, this is not a crucial issue, but it may create problems when 
the case study is a 3D object.

The first attempts at overcoming this limitation were made 
by introducing X-ray stereoradiography, a technique based on 
the acquisition of two radiographs from slightly different posi-
tions; their viewing through an appropriate apparatus gives a 
3D image (Lang et  al. 2005). In addition to the application in 
medicine, stereoradiography has also been applied for Cultural 
Heritage study and diagnostics, being particularly useful for 
ceramics (Middleton 2005), human remains (Davis 2005) and 
wooden statues (Lang et al. 2005). Stereoradiography, however, 
has become essentially obsolete after the introduction of tomog-
raphy (CT or CAT scans) in the medical field.

The method on which CT is based was conceived and devel-
oped for the first time in the 1960s by English engineer Godfrey 
Hounsfield and South Africa-born physicist Allan Cormack (nat-
uralized a US citizen in 1966). They worked independently of 
each other and, thanks to their discovery, were jointly awarded 
the Nobel Prize for Medicine in 1979. The first clinical CT scan 
on a patient took place on October 1, 1971 at Atkinson Morley’s 
Hospital in London, England. The patient, a woman with a sus-
pected frontal lobe tumor, was scanned with a prototype scan-
ner, developed by Godfrey Hounsfield and his team at the EMI 
Central Research Laboratories in Hayes, West London. The scan-
ner produced an image with an 80 × 80 matrix, taking about 5 
minutes for each scan, with a similar time required to process the 
image data. Since then, continued progress in this technique has 
brought the development of new generations of medical tomo-
graphic scanners with faster image acquisition and reconstruc-
tion times (Hsieh 2002). Even though CT is primarily used as a 
diagnostic tool in the medical field, in recent years its importance 
and potential when applied to other areas, for example industry 
and Cultural Heritage, have become increasingly evident.

The successful use of CT as an efficient and powerful non-
destructive tool for the study of archaeological findings and 
works of art has been reported on by a growing number of 
authors (Mazansky 1993; Rossi et al. 1999, 2001; Jansen et al. 
2002; Applbaum and Applbaum 2005; van Kaick and Delorme 
2005; Casali 2006; Freeth et al. 2006; Morigi et al. 2010; Hughes 
2011; Re et al. 2012, 2015; Pintus et al. 2016). The 3D reconstruc-
tion of the objects makes it possible to obtain a large amount of 
information on the manufacturing and assembly techniques, as 
well as on the conservation status and inner morphological fea-
tures. This knowledge is very useful for determining adequate 
maintenance and restoration procedures. Information can be 
retrieved as either 2D cross-section images (the so-called slices) 
or 3D full-volume images, thus allowing for the inspection and 
the classification of the different materials making up the object 
studied. In fact, through the use of sophisticated computer pro-
grams, it is possible to manipulate 3D renderings, by making 
virtual cuts on the reconstructed volume or selectively removing 
some layers to reveal additional information. Moreover, by pro-
cessing tomographic data, a 3D numerical model of the sample 
can be obtained for virtual reality applications, digital archives 
storage or the creation of replicas using laser stereolithography 
or 3D printing (Laycock et al. 2012; Zhang et al. 2012; Doney 
et al. 2013).

Most of the studies on archaeological findings and works of 
art reported in the literature have been conducted using medical 
scanners or, less frequently, CT systems set up inside shielded 
cabinets, generally used for the X-ray inspection of industrial 
components (Karl et  al. 2014). In particular, medical scanners 
have been used for the analysis of human mummies (Dawson and 
Gray 1968; Marx and D’Auria 1986; Baldock et al. 1994; Hughes 
1996; Previgliano et al. 2003; Taylor 2004; Davis 2005; Lynnerup 
2010), human and animal bone materials (Lynnerup et al. 1997; 
Wu and Schepartz 2009) and clay and ceramic archaeological 
artifacts (Anderson and Fell 1995; Jansen et al. 2001; Minozzi 
et al. 2010; Harvig et al. 2012). However, the geometrical setup 
and X-ray beam energy of medical CT scanners are optimized 
for the human body, so their application to Cultural Heritage 
assets is characterized by strong constraints with regard to the 
maximum size, shape, and density of the object to be analyzed. 
Moreover, the spatial resolution is usually limited to 0.5 mm, 
even though special CT scanners devoted to particular anatomi-
cal regions can arrive at around 0.2–0.3 mm (Logan et al. 2013).

In order to overcome these limitations, especially in the past 
few years, several research groups have designed and developed 
customized CT systems (Bettuzzi et  al. 2004; Brunetti 2007; 
Tuniz et al. 2013; Re et al. 2014), expressly conceived for analy-
ses in the Cultural Heritage field. In addition, as it is usually dif-
ficult or even impossible to move the works of art from the place 
where they are located, sometimes the CT analysis has been per-
formed inside museums or restoration laboratories by means of 
transportable equipment (Casali 2006; Morigi et al. 2010).

Due to the large variety of size, density, and materials typical 
of Cultural Heritage assets, different X-ray sources, detectors, 
and setups are necessary to perform CT studies on a broad range 
of archaeological findings and works of art. In the following sec-
tions of the chapter, we present an overview of CT systems with 
different technical characteristics, along with various examples 
of applications in the Cultural Heritage field.

58.4 CT Systems with X-ray Tubes up to 200 kV

The great majority of CT studies in the Cultural Heritage field 
have been carried out by using laboratory or transportable CT 
systems with X-ray tubes of up to 200 peak kilovoltage (kVp). 
Depending on the object to be analyzed and the desired spatial 
resolution, different setups are necessary; however, in any case, 
the main components of a CT system are the following:

• A radiation source

• A digital detector

• Equipment to make the object or source-detector sys-
tem rotate, in order to acquire a sequence of X-ray pro-
jections at different angles

• One or more computers to manage image acquisi-
tion and perform tomographic reconstruction and 3D 
rendering

The objects of cultural interest cover a wide range of sizes; 
therefore, it is necessary to develop and use different kinds of 
equipment in order to meet the varying requirements of the 
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Cultural Heritage field. We can distinguish three main categories 
of CT systems that use X-ray sources of up to 200 kV:

• Micro-CT systems

• CT systems for medium-sized objects

• CT systems for large works of art

The following pages provide descriptions of the typical setups 
for each category, together with some examples of applications 
on archaeological objects and artworks.

58.4.1 Micro-CT Systems

X-ray micro-CT scanners are available on the market from sev-
eral companies (for example, Bruker MicroCT [formerly known 
as SkyScan], Scanco Medical, RX Solutions, North Star Imaging, 
GE Measurement and Control Solutions and Nikon Metrology), 
but some research groups have developed in-house modular sys-
tems, with spatial resolutions varying from sub-micrometer for 
millimeter-size objects to tens of micrometers for 10–20-cm 
size objects (Rossi et  al. 2001; Masschaele et  al. 2007; Tuniz 
and Zanini 2013; Dierick et  al. 2014) (see Section III, Chapter 
36). A microfocus or nanofocus tube, with a micrometric or sub-
micrometric focal spot size, is used as the X-ray source in order 
to take advantage of magnification in cone beam geometry, so the 
spatial resolution can be increased while limiting the so-called 
“penumbra” effect. In fact, the relationship between the magnifi-
cation, M, the unsharpness (or penumbra), U, and the focal spot 
size, S, of the X-ray source is described by the equation:

 
U S M= −( )1

 (58.3)

with M given by:

 
M

SDD
SOD

=
 

(58.4)

where SDD is the Source-Detector-Distance and SOD is the 
Source-Object-Distance.

Obviously, the geometric unsharpness should be smaller than 
the features of the object to be visualized; therefore, it is clear 
from Equation 58.3 that only with a microfocus or nanofocus 
tube can high magnifications be possible without a significant 
loss of image quality.

A magnification stage (e.g., a motorized axis) is generally inte-
grated into the setup to change the position of the sample with 
respect to the source and detector.

Another stage can be used to change the SDD and, conse-
quently, the X-ray flux reaching the detector for a given voltage 
and current. Small SDDs permit short exposure times, but can 
also cause more cone beam artifacts (Dierick et al. 2014), while 
an increased SDD is sometimes used to perform phase-contrast 
micro-CT measurements.

In micro-CT analysis, the number of 2D radiographs acquired 
at different angles is quite high (typically from 1000 to 4000), 
while tomographic images are generated by using specific 
mathematical algorithms for slice reconstruction (Feldkamp 
et  al. 1984; Kak and Slaney 1987), which are implemented in 

commercial or in-house software programs. 3D rendering, seg-
mentation and manipulation of the reconstructed volume are gen-
erally performed by means of advanced imaging software such 
as VGStudio Max (http://www.volumegraphics.com), Amira 
(http://www.fei.com/software/amira-3d-for-life-sciences), 3D 
Slicer (http://www.slicer.org), OsiriX (http://www.osirix-viewer.
com) or Mimics (http://biomedical.materialise.com).

Micro-CT is a versatile technique which can be successfully 
applied to a great variety of materials, such as fossil (and non-fos-
sil) teeth (Macchiarelli et al. 2006; Zanolli et al. 2012) and bones, 
small metal objects, jewelry, ceramics (Sanger et al. 2013), pre-
historic pottery, stone (Yang et al. 2011), and organic materials 
such as wood (Haneca et al. 2012), charcoal (Bird et al. 2008), 
textiles, and archaeological food remains (Coubray et al. 2010).

Figure 58.9 shows a typical cone beam micro-CT system, 
developed at the Department of Physics and Astronomy of 
Bologna University.

The setup is based on a microfocus X-ray tube (maximum volt-
age: 130 kV; maximum current: 0.5 mA; minimum focal spot: 
5 µm) and a Photonic Science CCD camera (4008 × 2672 pixels, 
9 µm pixel size) with a 36 × 24 mm2 field of view (FOV). This 
camera features a high resolution phosphor screen directly cou-
pled to the CCD by means of a fiber-optic plate that protects the 
sensor against radiation damage. The sample manipulator consists 
of a high precision rotary table, on which the object to be analyzed 
is positioned, and a tip-tilt platform to assure the correct alignment 
between the vertical rotation axis and the detector’s pixel matrix. 
The sample manipulator is mounted on a vertical translation axis 
that makes it possible to analyze, in successive steps, objects with 
a vertical size larger than the CCD camera’s FOV. This system has 
recently been applied to the study of human remains (Belcastro 
et al. 2014) and to home-made ceramic samples to study the effects 
of firing temperature on pottery microstructure (Ricci et al. 2015).

It is possible to find a very similar setup in the so-called 
TOMOLAB station at the ELETTRA Synchrotron Light facility 
(Trieste, Italy), operational since 2006 and implemented thanks 
to the cooperation between ELETTRA and the University of 
Trieste. TOMOLAB, too, is a micro-CT system based on a cone 
beam geometry that makes it possible to achieve a spatial resolu-
tion close to the focal spot size of the 130 kV microfocus source 
(5 µm). A low-noise water-cooled CCD camera providing a good 
combination between a large field of view (49.9 × 33.2 mm2) 
and a small pixel size (12.5 µm) is used as a detector. It is also 

CCD camera

Vertical
translation axis

Manipulator
X-ray microfocus tube

FIGURE 58.9 Scheme of the micro-CT system developed at the 
Department of Physics and Astronomy of Bologna University, Italy.

http://www.volumegraphics.com
http://www.fei.com/software/amira-3d-for-life-sciences
http://www.slicer.org
http://www.osirix-viewer.com
http://www.osirix-viewer.com
http://biomedical.materialise.com
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possible to perform scanning with a large area detector (a flat 
panel with an active area of 120 × 120 mm2). This instrument 
has been designed to be complementary to the SYRMEP beam-
line setup for micro-CT (described in Section 58.6.2). Thanks to 
the property demonstrated by Wilkins et al. (1996), for which the 
radiographs obtained by using a polychromatic X-ray beam from 
a microfocus source may reveal phase jumps, at the TOMOLAB 
it is possible to perform phase-contrast micro-CT measurements 
(even if with limited spatial coherence compared to a synchro-
tron X-ray beam). This system is currently used for 3D imag-
ing on a wide range of materials for many different applications, 
including objects of archaeological interest. For example, worth 
mentioning is the micro-CT analysis carried out on a Neolithic 
human tooth (Bernardini et al. 2012), which revealed the use of 
beeswax as a dental filling: this could be the earliest known direct 
evidence of a therapeutic-palliative dental filling. Another inter-
esting example of micro-CT investigation is that performed on 
the Divje Babe “flute,” made from a juvenile cave bear left femur 
and found in the Middle Paleolithic layers of the Divje Babe I 
Cave in Slovenia in 1995. The micro-CT study was performed 
to characterize the morphology of the two holes in the bone that 
had been interpreted by some scholars as a possible Neanderthal 
“flute.” Other researchers did not agree with this hypothesis, sug-
gesting a carnivore origin for the holes. The results of the micro-
CT analysis, shown in Figure 58.10, demonstrated that there were 
originally four holes, possibly man-made by means of pointed 
stones or bone tools. Moreover, a thin bone layer was removed 
around one of the holes, probably for facilitating perforation. The 
results of micro-CT showed that a Neanderthal manufacture of 
the object cannot be ruled out (Tuniz et al. 2012).

ELETTRA-Sincrotrone Trieste S.C.p.A. has also been involved 
in the development of another micro-CT system in collaboration 
with the Multidisciplinary Laboratory (MLAB) of the “Abdus 
Salam” International Center for Theoretical Physics (ICTP) 
located in Trieste (Italy) (Tuniz et  al. 2013). This is part of a 
project funded by the Friuli Venezia Giulia Region (Italy), which 
aims at developing advanced portable/transportable X-ray instru-
ments for the study of Cultural Heritage materials. The micro-
CT system, shown in Figure 58.11, is set up at the MLAB and 
has been designed for the study of relatively large objects with a 
lateral measurement of up to 20 cm and a weight of up to 15 kg, 
with a voxel size of 50–100 µm. In the case of smaller samples, 
it is possible to achieve a voxel size of 5–10 µm. The system is 
equipped with a 150 kV microfocus X-ray tube and a Hamamatsu 
CMOS flat panel coupled to a fiberoptic plate under a  gadolin-
ium oxysulfide (GOS) scintillator. High precision horizontal and 
vertical stages permit fine movements and the precise alignment 
of the sample. In the ICTP laboratory, the CT system operates 
inside a lead-shielded cabinet, but the various components can 
be easily disassembled in order to be transported and mounted in 
museums and other locations to perform on-site studies.

Several modular micro- and nano-CT scanners have also been 
developed at the “Centre for X-ray Tomography” of the Ghent 
University in Belgium (UGCT), an interdisciplinary research 
facility that performs research on the X-ray micro- and nano-
tomography technique and its applications in a scientific context. 
UGCT designs and integrates its own scanners by purchasing their 
basic components and assembling them to obtain versatile systems 
that can be modified ad hoc and optimized afterwards. Thanks to 
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FIGURE 58.10 (a) Volume renderings of the Divje Babe “flute,” showing 
the inner morphology of the holes in the posterior (left) and anterior sides 
(right). (b) Ten slices through Part III of the “flute.” Slices (c) and (d) show 
clearly where bone has been removed from the outer surface. (Reproduced 
with permission from Tuniz, C. et al. 2012. Archaeometry 54:581–90; John 
Wiley & Sons.)
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FIGURE 58.11 The micro-CT system operating at the “Abdus Salam” 
International Center for Theoretical Physics in Trieste, Italy. (Reprinted 
from Nuclear Instruments and Methods in Physics Research A, 711, Tuniz, 
C. et al., The ICTP-Elettra X-ray laboratory for cultural heritage and archae-
ology, 106–110, Copyright 2013, with permission from Elsevier.)
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its modular structure, it is possible to adapt the setup to obtain 
optimum experimental conditions as well as to install additional 
devices, if necessary. The CT facility houses four high resolution 
CT scanners (called HECTOR, Nanowood, EMCT, and Medusa) 
with different X-ray sources and detectors and a combined micro-
CT/micro-X-ray fluorescence (XRF) system (Herakles). Detailed 
information can be found on the website of the facility (http://
www.ugct.ugent.be) and in various papers (Masschaele et  al. 
2007, 2013; Dierick et al. 2014). In particular, worth mentioning 
is the EMCT system (Environmental Micro-CT), which is rather 
unique in the context of micro-CT scanners because of its gantry-
based setup with the X-ray source and detector assembly rotating 
around the sample, which remains static. Among their numerous 
applications, these systems have also been used for the analysis 
of archaeological materials (Haneca et al. 2012), art objects (De 
Witte et al. 2008), wooden musical instruments (Van den Bulcke 
et al. 2016), and building stones (to understand, for example, the 
mechanism by which salt crystallization can damage building 
materials) (Raneri et al. 2015).

58.4.2 CT Systems for Medium-Sized Objects

For the analysis of medium-sized objects (maximum size equal 
to a few tens of centimeters), it is possible to use either a medi-
cal scanner—if the density of the material is not too different 
from that of the human body—or a 3D-CT inspection system for 
industrial non-destructive testing (see Section IV, Chapters 45 
and 46). The latter type of equipment makes it possible to expand 
the range of materials that can be analyzed, thanks to the higher 
X-ray energy source. A wide range of systems are available on 
the market (see, for example, the following websites: www.gemea-
surement.com/inspection-and-non-destructive-testing, www.4nsi.
com, www.yxlon.com or www.nikonmetrology.com), which are 
equipped with different X-ray tubes and digital detectors of vari-
ous formats. The instrumentation, provided with a sample manip-
ulator that assures several degrees of freedom, is generally set up 
inside a shielded cabinet. These CT systems have the advantage of 
a fully automated execution of the CT scanning and image recon-
struction; however, they are very expensive and the cabinet is not 
easy to transport outside the laboratory. As previously pointed out, 

on-site studies are frequently required in the Cultural Heritage 
field: for this reason, there is a need for transportable CT systems, 
like that illustrated in Figure 58.12, which was developed by our 
research group within the framework of a national research proj-
ect, carried out in collaboration with a team of paleoanthropolo-
gists. The system consists of the following items:

• A microfocus portable X-ray tube with a maximum 
voltage of 130 kV

• A flat panel detector with an active area of 
19.5 × 24.2 cm2 (Varian PaxScan 2520D, CsI conver-
sion screen, 1536 × 1920 pixels, 127 µm pixel size)

• A couple of orthogonal translation axes by Physik 
Instrumente for moving the detector, in order to obtain 
a field of view of about 50 × 50 cm2

• A tip-tilt platform and a turntable on which the object 
to be analyzed is positioned

When it is not necessary to achieve a very high spatial resolu-
tion, a standard source may be used instead of a microfocus tube, 
in order to increase the X-ray flux and reduce scanning time.

Examples of CT studies carried out with this system can be 
found in Mariotti et al. (2015) and Belcastro et al. (2014), while 

Flat-panel detector

Vertical translation axis

Microfocus 
X-ray tube

Manipulator

Horizontal translation axis

FIGURE 58.12 Scheme of the transportable CT system for medium-sized 
objects developed at the Department of Physics and Astronomy of Bologna 
University, Italy.

FIGURE 58.13 3D rendering of a human skull from the Anthropology Museum of Bologna University (left) and virtual cut of the reconstructed volume 
of the skull (right).

http://www.ugct.ugent.be
http://www.ugct.ugent.be
www.gemeasurement.com/inspection-and-non-destructive-testing
www.gemeasurement.com/inspection-and-non-destructive-testing
www.4nsi.com
www.4nsi.com
www.yxlon.com
www.nikonmetrology.com
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Figure 58.13 shows the 3D rendering of the tomographic data 
obtained from the scanning of a human skull from the Antropology 
Museum of Bologna University. The virtual cut of the recon-
structed volume and the detail of a slice, visible in Figure 58.14, 
reveal the high spatial resolution of the CT system, which makes 
it possible to clearly visualize the trabecular structure of the bone.

Another interesting example of CT analysis performed with 
the same setup is the tomographic examination of four animal 
mummies (a cat, a small falcon, and two ibises) belonging to the 
Egyptian Collection of the Archaeological Museum in Bologna, 
which have recently been restored. The reconstructed volume of 

the falcon mummy is visible in Figure 58.15, together with the 
3D rendering of the bird’s skeleton inside, after the linen wrap-
pings of the mummy have been virtually removed by means of 
the software for 3D visualization.

A CCD-based detector may be used instead of a flat panel: a 
simple scheme of this kind of detector is shown in Figure 58.16. 
It is made of a scintillating screen (for example, either CsI(Tl) 
with needle structure or gadolinium oxysulfide), on which the 
X-ray beam generates the radiographic image of the object, opti-
cally coupled to a CCD camera (scientific grade, usually cooled 
to reduce thermal noise), through a lens and a 45° mirror, which 
is used to avoid the direct irradiation of the CCD by the primary 
X-ray beam. The camera, mirror, and scintillator are positioned 
in a light-tight box. The pixel size in the radiographic images 
depends on the number of pixels of the CCD chip as well as on the 
FOV captured by the camera, which can be modified by changing 
the focal length of lens and/or the camera-to-scintillator distance.

58.4.3  CT Systems for Large Works of Art

Sometimes the size of the work of art to be analyzed is very 
large (more than 2 m), thus making it impossible to use a medi-
cal scanner or a CT system similar to those described in the pre-
vious paragraphs. Moreover, it could be very difficult or even 
impossible to move large artworks from the place where they are 
located. In these cases, it is necessary to transfer the equipment 
inside the museum or restoration laboratory and perform the 
acquisition of CT data on-site. The tomographic survey of large 
objects is a challenge in terms of both data acquisition and image 
reconstruction, because of the large number of Gigabytes to be 
managed and processed. Moreover, this requires the develop-
ment of custom setups, such as that shown in Figure 58.17, which 
was designed by our research group and used for the first time 
in 2004 for the on-site complete tomography of Egnazio Danti’s 
Globe located inside the Palazzo Vecchio in Florence (Italy). The 
diameter of this terrestrial globe, characterized by an iron inner 
structure, exceeds 2 m, and its full tomographic analysis was a 
true challenge, which required the acquisition of over 31 000 par-
tial radiographs taken from different angles (Casali et al. 2005; 
Casali 2006).

1.94 mm

FIGURE 58.14 Detail of a tomographic slice of the human skull in Figure 
58.13, which clearly shows the trabecular structure of the bone.

FIGURE 58.15 3D renderings of the tomographic data obtained from the 
CT analysis of an animal mummy belonging to the Egyptian Collection of 
the Archaeological Museum of Bologna (Italy).

Mirror

Scintillator screen

CCD camera

FIGURE 58.16 Scheme of a CCD-based detector. (With kind permission 
from Springer Science+Business Media: Applied Physics A, Application 
of X-ray computed tomography to cultural heritage diagnostics, 100, 2010, 
653–61, Morigi, M. P. et al.)
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Several years later, the same system, with an upgraded detec-
tor, was transferred to the “La Venaria Reale” Conservation 
and Restoration Centre (Turin, Italy) for a CT of two Japanese 
wooden statues, known as Kongo Rikishi (over 230 cm in 
height) and Tamon Ten (about 125 cm in height), dating back 
to the thirteen and seventeenth centuries, respectively (Morigi 
et al. 2010). On the same occasion, our research group also car-
ried out the complete tomography of a precious and very large 
(350 × 109 × 68 cm3) writing cabinet by Pietro Piffetti (the most 
famous cabinet-maker in Piedmont in the eighteenth century), 
owned by the Accorsi-Ometto Foundation in Turin.

The transportable CT system, expressly conceived for the 
study of large objects, consists of:

• A directional X-ray tube that operates at up to 200 kV 
(Gilardoni MHF 200) and moves on a motorized verti-
cal axis.

• A rotating platform, on which the work of art is 
positioned.

• A CCD-based detector that can be translated both hori-
zontally and vertically by means of two motorized axes. 
The detector consists of a structured Caesium Iodide 
scintillating screen (1 mm thick, 45 × 45 cm2), optically 
coupled to a cooled CCD camera (Apogeee Alta U32, 
2184 × 1472 pixels). With a FOV of 45 × 30 cm2, at max-
imum resolution (binning 1 in the CCD chip), the pixel 
size in the radiographic images is about 200 µm, while 
the voxel size depends on the magnification which, how-
ever, in the case of large works of art, is usually close to 1.

As the FOV of the detector is smaller than the size of the art-
work, it is necessary to operate in the so-called tile-scanning 
mode: the entire area of the object’s radiographic projection is 
divided into a certain number of frames, according to the size 
of the scintillating screen. Each frame corresponds to a different 
position of the detector. In this way, the work of art is virtually 
split into several horizontal portions that are reconstructed sepa-
rately. For each frame, the object is rotated over 360° with fixed 
angular steps (typically 0.5° or 0.25°), while the detector acquires 
the set of radiographic projections at different angles. After a 
full rotation, the motorized axes move the detector into a new 
position and the procedure described above is repeated. Some 
overlap between adjacent frames is required in order to assure a 
good stitching together of the radiographs in the reconstruction 
phase, which may be quite long because of the high number of 
radiographic projections acquired (some tens of thousands).

Figure 58.18 shows three different CT slices of the Kongo 
Rikishi statue. The pixel size is about 0.4 mm.

The CT analysis was very useful for increasing our knowledge 
of the construction technique of this statue, which was created by 
assembling numerous pieces of Japanese cypress wood follow-
ing an ancient technique called yosegi-zukuri. In fact, for the first 
time, CT made it possible to understand how the different pieces 
were assembled, revealing the types of joints, the empty spaces 
between them, and the presence of stucco, nails, and fastening 
elements (Casali et al. 2008a; Ravera 2008; Morigi et al. 2010).

Even if transportable, the CT system described above requires 
the help of porters for its transfer on-site, because of the size 
and weight of the motorized translation axes. For this reason, 
we have recently developed a new setup with shorter and lighter 

Vertical translation axis

Detector

X-ray tube

Rotating platform

Horizontal translation axis

FIGURE 58.17 Scheme of the custom-built CT system developed for the 
on-site tomographic analysis of Egnazio Danti’s globe in Florence (Italy). 
The vertical translation axes for the X-ray tube and the detector are 3 m tall, 
while the horizontal axis has a length of 4 m. (With kind permission from 
Springer Science+Business Media: Applied Physics A, Application of X-ray 
Computed Tomography to cultural heritage diagnostics, 100, 2010, 653–61, 
Morigi, M. P. et al.)

FIGURE 58.18 Tomographic slices of the Japanese wooden statue known as Kongo Rikishi. (With kind permission from Springer Science+Business 
Media: Applied Physics A, Application of X-ray Computed Tomography to cultural heritage diagnostics, 100, 2010, 653–61, Morigi, M. P. et al.)
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axes and a compact flat panel detector. It is essentially the same 
equipment described in Section 58.2.2, except for a rotary stage 
and a vertical translation axis for the X-ray tube that have been 
integrated into the system, as shown in Figure 58.19.

The CT system depicted in Figure 58.20 has a slightly differ-
ent setup: in this case, the X-ray tube is in a fixed position, while 
the CCD-based detector moves along a motorized horizontal 
axis at the same height as the X-ray source. The object is placed 
on a rotation stage and can be shifted vertically by means of a 
translation axis. In this case too, the CT acquisition is performed 
step by step with the tile-scanning technique.

Two interesting examples of CT investigation carried out with 
this system can be found in Casali et al. (2008b) and Morigi et al. 
(2007).

Another system capable of performing CT investigations on 
large objects has been developed within the framework of the 
aforementioned neu_Art Project: the mechanical system and the 
X-ray tube are the same as those described in Section 58.2.2, with 
the addition of a high precision rotary stage (Newport RV PE 350) 

which is mounted on a carriage to adjust the distance between 
the object and the detector. The rotary table has a diameter of 
160 cm and can support a maximum load of 500 kg. To overcome 
the energy limitations of the detector used in DR, a Hamamatsu 
X-ray Line Sensor Camera C9750-20TCN, capable of operating 
with an X-ray energy of up to 200 keV, is used for CT. It has an 
active area 51.2 cm long and consists of a scintillator coupled 
with a linear array of vertically arranged CCDs (2560 pixels of 
200 µm). The tomographic system, which is described in detail in 
Re et al. (2013), has been applied to the analysis of several archae-
ological findings (Re et al. 2015) and works of art (Re et al. 2014).

As outlined above, the CT analysis of large works of art is also 
particularly challenging with regard to the time necessary for the 
reconstruction of tomographic images, due to the large amount 
of data to be processed.

In order to reduce the reconstruction time, our research group 
has chosen an approach based on the parallelization of the 
reconstruction algorithm in a Microsoft HPC environment. This 
approach has proved very effective and easy to use, reducing 
the reconstruction time by almost two orders of magnitude on a 
32-core cluster (Brancaccio et al. 2011).

58.5  CT Systems with Medium and 
High Energy X-rays

58.5.1 Sources of Medium and High Energy X-rays

As already stated, the field of interest of Cultural Heritage is very 
broad. It ranges from very small archaeological findings (e.g., 
prehistoric teeth and old jewellery, for which micro-CT is neces-
sary), to large artifacts and metal or stone objects of considerable 
size and/or thickness.

The tomographic analysis of the objects belonging to the 
last category requires a very penetrating and high power X-ray 
source, in combination with a detector capable of providing good 
resolution images for this type of radiation.

Flat-panel detector

Vertical translation axis
Vertical translation axis

X-ray tube

Rotating platform

Horizontal translation axis

FIGURE 58.19 Scheme of a transportable CT system for large works of art developed at the Department of Physics and Astronomy of Bologna University 
(Italy). The system is equipped with a flat panel detector, movable on an x-y plane. The maximum run of the translation axes is 150 cm.

Rotating platform

Detector box

X-ray tube

Vertical translation axis

Horizontal translation axis

FIGURE 58.20 Scheme of a CT system for large works of art, with trans-
lation axes for object and detector and the X-ray tube in a fixed position 
(Department of Physics and Astronomy of Bologna University, Italy).
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As sources, it is possible to use:

• Orthovoltage X-ray tubes with voltages of up to 450 kV 
and 600 kV (medium–high energy)

• LINACs (Linear Accelerators) from 2 up to 15 MeV 
(high energy)

• Betatrons from 2 up to 7.5 MeV (high energy)

Orthovoltage X-ray tubes are often used for non-destructive 
testing in the industrial field. Portable X-ray generators are gen-
erally limited to a maximum voltage of 300 kV, while X-ray 
tubes capable of working at higher voltages are usually heavy 
instruments, which are difficult to move for on-site analysis.

LINACs are electron accelerators which, used in industrial 
bunkers, can work at up to 25 MeV or more. LINACs of this cat-
egory, with high power, are very heavy and difficult to use on-
site. LINACs with a mobile head are being studied.

Betatrons are a type of equipment within which electrons are 
accelerated along circular orbits with suitable combinations of 
electric and magnetic fields. Once the electrons have acquired 
the desired energy, they are made to hit a heavy metal target 
producing, in the process, a beam of photons by bremsstrahlung. 
Modern betatrons can be constructed in very compact dimen-
sions so that they can be used on-site and even be supported in 
order to rotate around the object to be analyzed (for an example 
of portable betatron, see the website: https://qsa-global.com/
product/portable-x-ray-betatron/).

The energy distribution of the photons produced by X-ray 
tubes, LINACs and betatrons is of “white” type, that is, it is 
not monoenergetic. The “rule of thumb” tells us that, from the 
standpoint of the penetration through an object, “white radia-
tion” is equivalent to a monochromatic X-ray beam of energy 
equal to about 1/3 of the peak voltage. For example, the radia-
tion produced by a 3 MeV LINAC (or betatron) is equivalent to a 

monoenergetic beam of about 1 MeV (like the gamma rays emit-
ted by a 60Co source).

In the past, instead of electron accelerators, radioactive sources 
(mainly 60Co and 192Ir) have been used for the radiography of 
bronze or marble statues. Despite the advantage of providing 
easier handling, this type of source has the drawback of produc-
ing a photon flux much lower than that of LINACs or betatrons 
and with a larger focal spot size, thus resulting in a lower spa-
tial resolution of the image. Moreover, owing to their low photon 
flux, these sources are not suited to performing CTs of statues 
and columns.

58.5.2  Examples of CT Systems with the Object 
Rotating on a Mobile Platform

As for low-energy tomographic systems, medium and high 
energy CT scanning can be performed either by rotating the 
object between the source and the detector or by rotating the 
acquisition system and the source around the immovable object.

A tomographic system of the first type is used at the Getty 
Conservation Institute (GCI) in Los Angeles. It is equipped with 
a 450 kVp industrial X-ray tube and a CCD-based detector. As an 
example of application of this system to Cultural Heritage diag-
nostics, we can mention the 3D CT of a 67 cm tall Roman bronze 
statue of Cupid, one of the few examples of a bronze statue of 
this size to be totally scanned. Figure 58.21 shows some images 
related to the tomography of this statue, dating back to the first 
century A.D. and belonging to the collection of the J. Paul Getty 
Museum (Bettuzzi et al. 2015). The CT scanning revealed details 
that are invisible with conventional radiography, such as chaplet 
holes and deformation, metallurgical joints, casting flaws, and 
repairs. The possibility to measure the bronze thickness at all 
heights was very important for studying the casting and con-
struction techniques used by Roman foundry workers.

FIGURE 58.21 3D-CT scan of a Roman bronze statue of Cupid: picture of the statue (left); interior view of the statue obtained from the CT data (cen-
ter); interior of head, showing filled core bubbles (right). The arrow indicates a neck joint, possibly metallurgical. (With kind permission from Springer 
Science+Business Media: Applied Physics A, Computed tomogra phy of a medium size Roman bronze statue of Cupid, 118, 2015, 1161–9, Bettuzzi, M. et al.)

https://qsa-global.com/product/portable-x-ray-betatron/
https://qsa-global.com/product/portable-x-ray-betatron/
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A tomographic system, with the X-ray source and detector 
similar to that of GCI, has also been developed at the Swiss 
Federal Laboratories for Materials Science and Technology 
(EMPA) in Dübendorf (Switzerland), within the framework 
of the European project DETECT (“New Product Design and 
Engineering Technologies Based on Next Generation Computed 
Tomography”), funded under the Sixth European Community 
Framework Program for Research, Technological Development, 
and Demonstration. The main components of the prototype, 
shown in Figure 58.22, are the following:

• 4-axis manipulator (3 translation, 1 rotation axis), con-
sisting of a RHENOCAST® mineral casting base and 
an Object Positioning Unit (OPU) suitable for objects 
up to a weight of 50 kg

• Detector box consisting of a 2-mm thick CsI scintil-
lator (active area: 428 × 280 mm2), a high reflectiv-
ity front surface mirror (670 × 470 mm2) and a 16-bit 
CCD camera (Apogee Alta U32 with 2148 × 1472 
pixels)

• X-ray source YXLON MG452 (450 kV, 2 mA, 2.3 mm 
spot size), a source collimator in front of the tube win-
dow (not included in the sketch)

Worthy of note is the presence of a Scatter Reduction Device 
(SRD), that is, a special device consisting of collimators and fil-
ters with the function of reducing the scattered radiation, which 
is produced in considerable amount in this range of energies, thus 
consequently degrading the contrast and spatial resolution of CT 
images (Miceli et al. 2007). Monte Carlo simulations were used 
to optimize the parameters of the device. With this system, espe-
cially tailored for industrial applications, a tomography has been 
performed of a mock-up of a clay pot containing some bronze 
coins (Berdondini et al. 2011).

At EMPA another CT system is also used, which adopts a 
portable LINAC (HESCO PortaMeV-6) as the X-ray source. 
The LINAC has been specially designed to work for several 
days without interruption, which makes it particularly suitable 
for performing the CT scanning of significantly sized objects. 
It can operate in dual energy mode (6 and 4 MeV) and it has a 
small target focal spot (2 mm maximum size) and good pulse 
frequency (300 pulses/s at the maximum). Without the remov-
able lead shield, which attenuates the X-ray radiation emerging 
from the sidewalls of the accelerator head, it weighs only 61 kg, 
making it easily transportable. The LINAC is combined with a 
detector made of a CdWO4 photodiode linear array with 2880 
scintillator channels at 0.5 mm pitch. Figure 58.23 (Flisch et al. 
2014) shows the tomographic image of a Celtic excavation block 
(∼100 BC) with iron findings inside (pixel size: 1.0 × 1.0 mm2), 
obtained by means of this system.

A second example of high energy CT performed with the 
object rotating on a mobile platform is the tomographic analysis 
of a marble cylinder, used as a mock-up of David’s left ankle.

In fact, Michelangelo’s David, the famous statue carved from 
Carrara marble and standing in the “Galleria dell’Accademia” 
in Florence (Italy), presents some critical crack patterns in the 
left ankle, in the area of attachment between the left heel and 
the base, and in the so-called “broncone,” the marble tree stump 
on which the right leg rests. In order to obtain a good knowl-
edge of the crack pattern, some ultrasonic tests using specific 

X-ray source
SRD

Detector

OPU

Manipulator

FIGURE 58.22 Main components of the CT system prototype developed 
within the framework of the European Project DETECT.

100 mm

FIGURE 58.23 3D-CT scan of a Celtic excavation block (∼100 B.C.), 1250 × 1050 × 400 mm3: full image (left); 3D segmentation of iron findings within 
the block (right). (Reproduced with permission from Flisch, A. et al. 2014. Proceedings of iCT Conference 2014, 239–40. Image courtesy of Archäologische 
Bodenforschung Base-Stadt—Switzerland and Swiss Federal Laboratories for Materials Science and Technology Empa—Switzerland.)
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instrumentation and experimental procedures have recently been 
carried out (Pascale and Lolli 2015); with current technology, 
however, it is not possible to measure the depth of cracks accu-
rately. In fact, this would require a system which, used on-site, 
could perform a CT of the damaged area. In order to evaluate the 
feasibility of using X-ray CT for the inspection of leg fractures, 
a 23-cm Carrara marble cylinder mock-up of the thinner ankle 
of the statue was prepared. The cylinder was cut on a transversal 
section and, on one of the two faces, cuts were made on the mar-
ble in order to simulate several cracks. The Lawrence Livermore 
National Laboratory (LLNL, Livermore, CA) carried out a series 
of tomographic tests on this mock-up with a VARIAN 9 MeV 
LINAC, coupled to a THALES Amorphous Silicon panel that 
also used an extensive “graded-collimation” to reduce scatter. 
Figure 58.24 shows that the CT performed with such a system is 
able to characterize the details in artificial cracks completely. In 
addition, novel extraction techniques from the 3D-CT volumet-
ric data enabled the inspection of micro-cracks and voids in the 
marble.

From the experimentation at LLNL it was also possible to 
ascertain that the level of X-ray radiation for a limited number 
of inspections does not affect the original color of the marble. 
While the scanning performed demonstrates the initial feasibil-
ity of the X-ray CT, the next challenge consists of fielding this 
skill at the “Galleria dell’Accademia” (Berdondini et al. 2009). 
The system will necessarily be a “gantry-type” scanner, where 
the source and detector rotate around David, leaving the statue 
untouched (Figure 58.25). Such a system would also be of invalu-
able use for the inspection of damaged marble columns (for 
instance by earthquakes) and equestrian statues (with corrosion 
inside the legs of the horse). Recently developed systems for the 
gantry scanning of High Power Feeder cables are one example 

(see next paragraph). The design and experimental work for eval-
uating and fielding this type of scanning is ongoing.

58.5.3  Examples of CT Systems with 
Source-Detector Rotation

As highlighted above, the use of medium to high energy sources 
for CT scanning makes it possible to inspect a wide range of 
objects. High peak energies yield a robust signal through large 
dense objects. In this regard, one drawback is the size of the 
detector. Consequently, a variety of scan geometries are in use to 
make the most of detectors that are smaller than the object. Figure 
58.26 shows some different scanning techniques in this context. 
In particular, the upper right image in Figure 58.26 refers to the 
so-called half-scan or offset-scan technique, in which the center 
of the beam divergence is positioned at one end of the detector, 
as well as the center of the rotation table.

One application of this scanning technique, using high energy 
sources, is in the scanning of High Power Feeder cables (Schneberk 
et al. 2016). These objects are large, long, unwieldly, and include 
both relatively high attenuating components (copper conductors 
and steel outside) and low attenuating components (insulation and 
conductor positioning supports). The 3D properties of both high 
and low attenuating components are important for the inspection. 
At VJ Technologies Inc. (Bohemia, NY), the scanning of these 
objects is being performed with a 7.5 MeV betatron coupled with 
a PerkinElmer 40-cm amorphous silicon panel. The source and 
detector are attached to a gantry-type scanner, while the source-
detector rotates around the object. In this case, the pipe is held on 
a stand with rollers and the gantry can be positioned in arbitrary 
positions along the length of the pipe. Figure 58.27 shows the 
betatron and flat panel in the offset-scan configuration, as well as 
a cross-sectional slice from the 3D volumetric scanning acquired 
by the gantry-type scanner. Results show the ability of this tech-
nique to inspect the entire feeder cable assembly: conductors, 
pipe, structural hardware, insulation, ground wires, foil, staples, 
and possible fluid in the feeder cable pipe.

At the present time, the application of this type of scanning 
to Cultural Heritage objects is being actively considered, since 
gantry-type scanning is particularly strategic when the work of 
art cannot be manipulated.

Crack

Voids

Artificial cut through the marble

FIGURE 58.24 CT of a Carrara marble mock-up of the left ankle of 
Michelangelo’s David: picture of the cylinder mock-up (top left); slice from 
3D-CT data, which shows clear detail on test grooves (top right); previously 
unknown micro-cracks and voids in the marble highlighted by shell extrac-
tion analysis methods (bottom).

FIGURE 58.25 Sketch of a gantry-type scanner for the CT study of 
immovable Cultural Heritage assets.
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58.6 CT with Synchrotron Radiation

58.6.1 General Considerations

Synchrotron radiation is generated by large equipment where 
ultra-relativistic charged particles, usually electrons, are guided 
along circular orbits by magnetic fields. The emitted radiation has 
a very high intensity, which is orders of magnitude greater than 
that produced by X-ray tubes (allowing for fast measurements), 
and characteristic polarization properties (linear and circular), 
while the associated frequency can range over a wide portion of 
the electromagnetic spectrum, from infra-red (IR) to hard X-rays. 
The high flux makes it possible to use monochromators to select 
some specific energy bands of photons, while maintaining a suf-
ficient flux for imaging. In this way, it is possible to fine-tune 
X-ray energy to the characteristics of the specimen and to obtain 

tomographic images unaffected by the so-called beam hardening 
artifacts, which are of much better quality than those obtained 
using conventional sources. In addition, the high spatial coher-
ence of the X-ray beam makes phase-contrast imaging possible.

Thanks to these features, synchrotron radiation is increasingly 
frequently applied as a radiation source for micro-imaging in med-
icine and industry. Moreover, the possibility to have a parallel and 
monoenergetic beam, associated with a detector of high spatial res-
olution, makes the synchrotron radiation a source of great interest 
for diagnostics in Cultural Heritage (Creagh 2007; Quartieri 2015).

There are several accelerators in the world that produce syn-
chrotron radiation. They are large storage rings with a circumfer-
ence of several hundred meters. These dedicated “light sources” 
produce radiation via “ad hoc” insertion devices with different 
characteristics, which are installed on electron trajectories in 
correspondence with light extraction beam lines, thus “feeding” 
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FIGURE 58.26 Assorted scan geometries for objects larger than the detector. (Reprinted with permission from Schneberk, D. et al., Application of offset-
CT scanning to the inspection of high power feeder lines and connections. AIP Conference Proceedings 1706:110002. Copyright 2016, American Institute 
of Physics.)

Betatron Flat panel

FIGURE 58.27 Detail of a gantry-type CT scanner for feeder cables (left): betatron and flat panel in the offset-scan configuration; single slice from the 
3D volumetric scanning of a high-power feeder cable (right); it is possible to inspect the entire feeder cable assembly: the copper strands, the staples and foil 
on the insulating paper, the windings in the insulating paper, and the outside bindings. (Reprinted with permission from Schneberk, D. et al., Application 
of offset-CT scanning to the inspection of high power feeder lines and connections. AIP Conference Proceedings 1706:110002. Copyright 2016, American 
Institute of Physics.)
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many experimental stations. Usually the sources that produce 
radiation in the energy range (X-ray) suitable for Cultural 
Heritage diagnostics are the same as those used in the medical 
field. In fact, for example, the Biomedical Beamline ID17—at the 
European Synchrotron Radiation Facility (ESFR) in Grenoble 
(France)—and the SYRMEP (SYnchrotron Radiation for 
MEdical Physics) Beamline—at the ELETTRA Light source in 
Trieste (Italy)—are used for measurements in both medical and 
Cultural Heritage fields (Mancini et al. 2006; Krug et al. 2008; 
Tafforeau and Smith 2008; Reischig et  al. 2009; Rigon et  al. 
2010; Bentivoglio-Ravasio et al. 2011; Carlson et al. 2011; Sodini 
et al. 2012; Zanolli et al. 2014; Agostino et al. 2016).

58.6.2  Phase-Contrast X-ray CT with 
Synchrotron Radiation

As X-ray CT (XCT) is based on the different degrees of absorp-
tion of X-rays, it is particularly suitable for the analysis of objects 
made of materials that have absorption cross-sections very dif-
ferent from each other. Conversely, whenever it is necessary to 
discriminate between low-Z materials with similar attenuation 
coefficients and, therefore, poor absorption contrast, the most suit-
able diagnostic technique is X-ray Phase-Contrast Tomography 
(XPCT) (see Section IV, Chapter 49). This non-destructive tech-
nique is based on the observation of the phase shifts produced 
by the object on a monochromatic incoming wave, while passing 
through it; since the mid-1990s, it has grown in importance, with 
the creation of dedicated lines in modern synchrotrons.

Figure 58.28 shows the basic principle of Phase-Contrast X-ray 
Imaging (PCI): the formation of interference patterns between 
diffracted wave (phase-shifted) that passes through the object 
of interest (defined detail in the figure) and unperturbed wave 
beyond it. This interference effect takes place along the border 
of the detail inside a narrow angular region (about 10 µradians), 
and, if the sample-to-detector distance is large enough, it gives 
rise to an edge-enhancement effect (see the two peaks in the 
intensity detected), improving the visibility of thin and small 
details that are usually invisible on absorption images (Arfelli 
et al. 2000; Olivo and Castelli 2014).

Figure 58.29 shows a typical experimental setup for absorp-
tion and phase-contrast micro-CT at the SYRMEP beamline 
(ELETTRA Laboratory, Trieste): a monochromatic X-ray beam 
illuminates the sample, positioned on a turntable, while a detec-
tor is set at a distance d from the specimen. Depending on the d 
value, we have absorption or phase-sensitive imaging: the value 
of d is close to 0 for the first mode, while it is typically between 
10 cm and a few meters for the second mode (Abrami et al. 2005).

With regard to the application of the XPCT technique to 
Cultural Heritage, we will describe briefly two experiments, car-
ried out at the SYRMEP and ID17 (ESRF, Grenoble) beamlines, 
respectively.

The first case study concerns the application of phase-contrast 
X-ray microtomography as a non-invasive tool for the analysis of 
insect infestation in wooden musical instruments. At the Correr 
Museum (Venice, Italy) is the only surviving paper-pipe organ of 
the world, built in 1494 by Lorenzo Gusnasco da Pavia. In order 
to obtain more detailed information about the overall condition 
of the paper and wood foot structure, some paper pipes were ana-
lyzed by XPCT at the SYRMEP beamline (Bentivoglio-Ravasio 
et  al. 2011). Pipes were rotated 180° around an axis perpen-
dicular to the incident beam, with angular steps of 0.125° (1440 
projections). The sample-to-detector distance was 20 cm, while 
the beam energy was set at 20 keV. Images were recorded by a 
4008 × 2672 full frame CCD camera, coupled to a Gadox scin-
tillator placed on a straight fiberoptics coupler. The final spatial 
resolution of the system was about 10 µm, thus offering the pos-
sibility to clearly see the number and thickness of the paper lay-
ers (Figure 58.30). Such a good resolution and the phase-contrast 
approach made it possible to reveal the presence of wormholes 
caused by an infestation of powderpost beetles and of larvae 
inside the wooden foot of the pipe.

In order to compare synchrotron results with a state-of-the-
art conventional system, the same analysis was repeated at the 
TOMOLAB facility, using “cone beam” geometry. As already 
stated in Section 58.4.1, TOMOLAB is a micro-CT system with 
a microfocus X-ray tube (energy range from 40 kV up to 130 kV) 
and a CCD camera with a small pixel size (12.5 × 12.5 µm2) and 
a field of view of 49.9 × 33.2 mm2. In this case, the tomographic 
scan used a pixel size of 20 µm2, with a tube voltage of 45 kV. 
The source-to-sample distance was 45 cm and the source-to-
detector distance was 55 cm. Thanks to its geometry, this setup 
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FIGURE 58.28 Sketch of the basic principle of phase-contrast X-ray 
imaging (PCI): interference pattern formation due to interference between 
diffracted (phase-shifted) and non-diffracted waves. (Reproduced with per-
mission from Arfelli, F. et  al. 2000. Radiology 215:286–93; Radiological 
Society of North America.)
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FIGURE 58.29 Experimental setup for absorption and phase-sensitive 
micro-CT at the SYRMEP beamline of ELETTRA Synchrotron Radiation 
facility (Trieste, Italy). (Reprinted from Nuclear Instruments and Methods 
in Physics Research A, 548, Abrami, A. et al., Medical applica tions of 
synchrotron radiation at the SYRMEP beamline of ELETTRA, 221–7, 
Copyright 2005, with permission from Elsevier.)
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also permits the performance of phase-contrast measurements. 
With this arrangement too, it was possible to obtain some satis-
factory data concerning wormholes and the presence of larvae 
(Figure 58.30).

The second example concerns a new and truly interesting 
application of X-ray volumetric scanning, followed by segmenta-
tion, surface generation and surface unfolding, as a non-destruc-
tive method for revealing inaccessible texts in damaged books 
and scrolls that are fragile and cannot sustain physical manipula-
tion without serious risk of further damage. This approach has 
been described in several papers (see, for example, Seales and 
Lin 2004; Samko et al. 2014; Albertin et al. 2015; Pintus et al. 
2016) and has also been recently applied on a carbonized papy-
rus discovered in the so-called “Villa dei Papiri” at Herculaneum 
(Italy). In 1752, hundreds of papyrus rolls were brought to light in 
this villa, charred by the eruption of Mount Vesuvius, which took 
place in 79 AD. It is virtually impossible to read them, owing to 
their fragility when trying to unroll them. Furthermore, since the 
ink used for their writing is based on carbon—which possesses 
an absorption coefficient very similar to that of the papyrus—any 

attempt to read them by means of conventional CT is totally in 
vain. Recently, using the XPCT technique, it has been possible 
to read some Greek letters on a papyrus, without unrolling it, by 
measuring the protrusion of the ink (about 100 µm).

The experiment was conducted in December 2013 at the 
biomedical beamline ID17 of ESRF (Mocella et al. 2015). The 
scheme of experimental setup is shown in Figure 58.31. The 
image, formed on a gadolinium oxysulfide screen by the X-rays 
that pass through the papyrus, was read by a Fast Readout 
Low Noise (FReLoN) 2k charge-coupled device camera with 
a 90 × 90 mm2 field of view and an effective pixel size of 
46 × 46 µm2. The sample-to-detector distance was set to about 
11 m, while the energy of the X-ray beam used was 70 keV.

In general, the letters stand out in slight relief from the papy-
rus surface and, thanks to this morphological feature, it is pos-
sible to highlight them by XPCT. In fact, the relief of the letters 
(at least 100 microns above the surface of the papyrus fibers) is 
sufficient to produce appreciable phase-contrast. The numerical 
elaboration of the tomographic images has made it possible to 
distinguish several Greek letters and small segments of writing.

2 mm

2 mm

FIGURE 58.30 Top left: tomographic slice of a paper pipe at the wooden foot position of an organ by Lorenzo Gusnasco da Pavia (1494), taken at the 
SYRMEP beamline. Top right: detail of the same slice showing the different wood qualities and the presence of larvae. Bottom: 3D rendering of a portion 
of the wooden foot of the organ taken at the TOMOLAB facility (Trieste, Italy), showing the presence of wormholes and larvae in the wood. (Reproduced 
with permission from Bentivoglio-Ravasio, B. et al. 2011. Journal of Entomological and Acarological Research 43:149–55.)
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According to the authors, once the XPCT technique is tuned 
up, it could be very useful for reading many papyri still unopened 
or not yet discovered, “perhaps including a second library of 
Latin papyri at a lower, as yet unexcavated level of the Villa.”

58.7 Neutron Computed Tomography

58.7.1 General Considerations

In addition to electromagnetic radiation, which makes it possible 
to examine objects by IR, visible, UV, X-ray, and gamma radia-
tions, in some cases it may be useful to use nuclear magnetic 
resonance (NMR) and neutrons. In the following section, we will 
focus our attention on the complementarity of neutron and X-ray 
radiation for non-destructive studies of Cultural Heritage assets.

Neutrons are particles with no electric charge, which inter-
act with the atomic nuclei in different ways depending on their 
energy and type of nucleus. The most important interactions are 
elastic and inelastic scattering, absorption (with subsequent emis-
sion of other particles and/or photons) and fission. Light materials 
(such as hydrogen, deuterium and carbon) remove neutrons from 
a beam primarily by scattering; other materials (such as boron, 
cadmium and copper) remove neutrons mainly by absorption. 
Some heavy elements, highly opaque to electromagnetic radia-
tions (such as lead), can be easily penetrated by thermal neutrons. 
In general, metals are more transparent for neutrons than for 
X-rays, while hydrogenous materials like leather, wood or tex-
tiles give much higher contrast with neutrons than with X-rays.

From these brief considerations, it is clear how neutron radia-
tion, from the standpoint of imaging, can be seen as comple-
mentary to X-rays, in particular when the examined object has 
a composite structure made of metal and organic materials. 
However, it should be mentioned that neutron radiography (NR) 
and tomography are far less used than X-ray imaging for the 
examination of cultural objects. In the last few years, however, 
the possibility to use these techniques in the field of Cultural 
Heritage has remarkably improved due to the development 
of small mobile neutron sources and also thanks to the acces-
sibility of high performance NR facilities, located for example 
at research reactor sites. A drawback is the potential risk for 

radioactivity, due to the fact that neutrons are able to activate 
materials by capture. In the case of a long irradiation (as for neu-
tron CT), the object may remain radioactive for a time that can-
not be considered negligible. As a general rule, bronze objects 
will decay below the detection level within a few days of expo-
sure (Van Langh et al. 2009).

58.7.2  Examples of the Complementarity of 
Neutron and X-ray Imaging for Non-Invasive 
Investigations of Cultural Heritage Objects

The first example of a combined use of neutron and X-ray com-
puted tomography for the investigation of Cultural Heritage 
objects concerns an ancient short sword found in Lake Zug, 
Switzerland (Mannes et al. 2015). The object is made of organic 
material (mainly the wood of the sword hilt) and metal and this 
feature makes it an ideal case study for demonstrating the com-
plementarity of neutron and X-ray imaging.

Neutron and X-ray tomography studies were conducted at the 
NEUTRA beamline at the spallation neutron source SINQ of the 
Paul Scherrer Institute (PSI), in Villigen, Switzerland. NEUTRA, 
a facility for neutron radiography and tomography of medium-
to-large-sized objects, uses a thermal neutron energy spectrum 
(Lehmann et al. 2001). A 320 kV X-ray tube is also available on 
the beamline to perform X-ray imaging with the same geometry 
of neutron measurements. The X-ray tube, in fact, can be posi-
tioned in line with the standard neutron setup, which allows a 
direct comparison of the two types of images that are produced 
by neutrons and X-rays on a CCD-based detector. Two differ-
ent scintillating screens are available: a 100 µm thick 6LiF:ZnS 
screen for neutrons and a CAWO OG 8 converter foil for X-rays. 
A CCD camera with 2048 × 2048 pixels focuses onto a field of 
view of 307 × 307 mm2, resulting in a pixel size of about 150 µm.

The overall length of the sword is 61 cm; hence, it was neces-
sary to carry out tomographic scans in three height steps to ensure 
that the entire object was covered within the recorded images. 
For each height level, 625 neutron projections were acquired with 
an exposure time equal to 20 s. After neutron tomography, the 
procedure was repeated with the X-ray tube operating at 150 kV, 
with an exposure time of 4 s.

Figure 58.32 shows clearly that only the combined use of the 
two types of radiation (neutrons that highlight the intimate struc-
ture of the wood and X-rays that provide information about the 
metallic part) made the exhaustive examination of the sword 
possible, providing complete information on the manufacturing 
process of this object.

Another interesting example of the complementarity of neu-
tron and X-ray imaging regards the analysis of archaeological 
objects in blocks of soil. Very often during archaeological exca-
vations, objects of cultural interest are extracted, together with 
the soil around them. For study purposes, the items must be freed 
from the soil, but this procedure is usually very time-consum-
ing; in fact, the conventional unearthing and documentation of a 
block of soil can take weeks or even months. Therefore, it is nec-
essary to find new methods for a faster identification and study 
of the objects in blocks of soil, in order to avoid them remain-
ing stored for a long time without providing useful information 
for archaeologists. X-ray 3D Computed Tomography (XCT) has 
been used several times for this purpose (Jansen et  al. 2006; 

Pre-filtered
X-ray beam

Monochromatic
X-ray beam

Laue
monochromator

Papyrus roll 11 m

Optics system

FIGURE 58.31 Scheme of the experimental setup used for the XPCT 
analysis of a carbonized papyrus at the biomedical beamline ID17 of 
ESRF. The papyrus sample is fixed to a sample stage and rotates over 
360°. Due to the size of the synchrotron X-ray beam (5 mm high × 15 cm 
wide), the sample (16 cm in length) is moved after each scan by a distance 
equal to the height of the beam. After passing through the sample, the 
X-ray beam is recorded by a FReLoN detector. (Reprinted by permis-
sion from Springer Nature. Nature Communications, Mocella V. et al., 
Copyright 2015.)
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Re et al. 2015) as a non-destructive alternative to conventional 
methods. In addition, in order to better visualize the presence of 
organic materials, it is possible to perform radiography or com-
puted tomography with neutrons (NCT). This approach has been 
followed, for example, by Stelzner et  al. (2010) in a Deutsche 
Forshungsgemeinschaft (DGF)-funded study that systematically 
studied, by XCT and NCT, various objects lifted “en block” from 
the medieval cemetery of Lauchheim in Baden-Württemberg.

X-ray examinations of the blocks of soil were carried out with 
a cone beam 3D-XCT system with a 225 kVp microfocus tube 
and a 1024 × 1024 a-Si flat panel detector with a Gadox scin-
tillator, while neutron radiography and tomography were per-
formed at the FRM II research reactor in Munich-Garching at 
the ANTARES facility. The detector used was a CCD camera 
with 2048 × 2048 pixels, optically coupled to a ZnS+LiF(Ag, 
Au, Cu) scintillation screen.

The results of the study show that, with the combination of 
the two imaging techniques, it is possible to visualize all types 
of materials: metal, glass and ceramics, bone, and textiles. In 
particular, NCT can be very useful when organic materials are in 
direct contact with a dense metal like bronze.

Other examples of the complementary use of neutrons and 
X-rays for the non-destructive investigation of archaeological 
findings and other objects of cultural interest, such as ancient 
musical instruments, can be found in Deschler-Erb et al. (2004), 
Triolo et al. (2010), Festa et al. (2014), Masalles et al. (2015) and 
in Nguyen Hai-Yen’s Master’s thesis (2011).

58.8 Conclusions

Scientific studies and diagnostic techniques are being applied 
increasingly frequently in the quest for knowledge on all the “tan-
gible” characteristics of archaeological finds and movable and 
immovable heritage assets, for the purpose of obtaining informa-
tion on constituent materials and construction techniques and/
or defining the state of preservation, and eventually designing 
specific conservation interventions.

One of the main requirements in the study of ancient and pre-
cious materials is that the selected techniques be non-destructive 
(or, at most, micro-destructive). X-ray radiography and computed 
tomography fully comply with this requirement, as they are able 
to provide morphological and physical information on the inner 
structure of the objects studied in a completely non-destructive 
way. A peculiar feature of archaeological finds and works of art 
is that they are often heterogeneous and complex in shape and 
composition (pottery, glass, metals, pigments, wood, textiles, 
etc.); consequently, several different X-ray sources and detec-
tors, as well as flexible setups, are necessary to meet the dif-
ferent needs of various case studies. This means that a specific 
technical and scientific background is necessary for researchers 
working in the field of Cultural Heritage diagnostics. Another 
important factor is a strong interdisciplinary approach, which 
entails a close cooperation between scientists, on the one hand, 
and archaeologists, art experts and restorers, on the other.
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FIGURE 58.32 (a) 3D rendering of the combined X-ray and neutron CT datasets of an ancient sword, indicating the position of the slices: (b) and (d) verti-
cal plane, (c) and (e) horizontal plane. The X-ray slices (b) and (c) show all the metallic parts including the small ornamental inlays on the surface, but the 
so-called metal artifacts hide the wood; the neutron slices (d) and (e) show the wooden structure, as well as the main metal parts. (Reprinted from Physics 
Procedia, 69, Mannes, D. et al., Combined neutron and X-ray imaging for non-invasive investigations of cultural heritage objects, 653–60, Copyright 2015, 
with permission from Elsevier.)
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59
Computer-Aided Diagnosis for X-ray Imaging

Lia Morra, Silvia Delsanto, and Giulia Grazzini

59.1 Introduction

Since medical images have been made available in digital for-
mat, initially through digitalization of screen films and later 
through direct digital acquisition, computerized image process-
ing and visualization have been used to achieve more accurate, 
reliable, and faster image interpretation. Generally speaking, the 
term computer-aided detection/diagnosis denotes a broad range 
of artificial intelligence (AI) software designed to help radiolo-
gists improve their diagnostic accuracy.

Human error is an inevitable part of medicine, and radiology 
is no exception, but, unlike other branches of medicine, evidence 
of a radiologic examination remains available for subsequent 
scrutiny, and can be used to study observer variation. Diagnostic 
errors are the most common source of errors in diagnostic radiol-
ogy, accounting for nearly 75% of all medical malpractice claims 
against radiologists (Lee et  al. 2013). Traditionally, such errors 

were attributed either to perceptual oversight (i.e., the abnormality 
is visible, but not seen by the radiologist), or interpretation (i.e., 
the abnormality is perceived, but incorrectly dismissed). Another 
possible cause for error is “satisfaction of search,” the phenomenon 
whereby detection of one abnormality results in a premature ter-
mination of the search, so that other potential abnormalities may 
be missed. More recently, a steady increase in radiologists’ work-
load, as well as in the volume and complexity of three-dimensional 
images, has also stimulated research on how to speed up the inter-
pretation process and reduce variability among readers.

The acronym CAD has, therefore, come to denote a broad 
class of computer vision and pattern recognition software, whose 
purpose can be either (i) to identify potential lesions and bring 
them to the attention of the radiologist (computer-aided detection 
or CADe), or (ii) to estimate the likelihood that an abnormality 
represents an actual disease process based on image-extracted 
features (computer-aided diagnosis or CADx), and help the radi-
ologist make an informed decision. Compared to other computer 
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vision applications, human intervention is, thus, required to 
reach final interpretation.

Starting from initial experiments with mammography in the 
1980s, the field of computer-aided detection/diagnosis has rap-
idly grown to a mature field, with several commercial systems 
available and an expanding body of clinical evidence.

CAD applications are being developed for a multitude of imag-
ing technologies and clinical applications (Doi 2005, 2007). By 
far, most common applications are related to cancer detection 
and diagnosis, that constitute 90% of the current commercial 
CAD market.

Screening applications are particularly relevant in this con-
text as many of the currently available or emerging screening 
tests, are based on X-ray imaging modalities, such as mam-
mography (see Section II, Chapter 19), digital breast tomosyn-
thesis (see Section II, Chapter 20), computed tomography (CT) 
Colonography, and chest CT scans (Li and Nishikawa 2015) (see 
Section IV, Chapter 62). van Ginneken et  al. (2011) published 
a list of CAD systems that had received clearance from the US 
Food and Drug Administration at the time: 15 out of 16 systems 
targeted cancerous or precancerous lesions in CT colonography, 
mammography, and chest radiographs or CT scans.

The rising incidence and prevalence of cancer, the societal 
impact of the disease, and the growing awareness and evidence 
about the benefits of early diagnosis and treatment, have in fact 
elicited strong interest from academia, industry, and research 
funding agencies. Cancer screening is particularly amenable to 
CAD applications: on one hand the task of detecting a narrow 
range of possible abnormalities within specific organs is rela-
tively easy to automate for computer vision scientists and engi-
neers, while on the other hand, the need to search for a small 
number of lesions in large volumes of asymptomatic subjects is 
a repetitive, yet difficult and error-prone task for the radiologist.

Other interesting applications can be found in cardiology, neu-
rology, ophthalmology, and for the detection of non-cancerous 
abnormalities, such as interstitial lung disease or pulmonary 
embolism (Li and Nishikawa 2015).

In this chapter, we will provide an overview of the operating 
principles of CAD systems, with specific focus on breast and 
colon cancer diagnosis. We will show how advances in X-ray 
imaging modalities reflect on CAD technology, as for instance 
with the recent shift from two-dimensional mammography to 
three-dimensional tomosynthesis. We will discuss how CAD 
technology can be integrated with the radiologist’s workflow 
according to different paradigms, and its impact on accuracy and 
efficacy. Principles of clinical validation and practical imple-
mentation of CAD will also be discussed.

59.2  Computer-Aided Detection: Operating 
Principles and Algorithms

Most CAD applications are implemented through a pipeline 
of image processing and pattern recognition modules. First, 
images are preprocessed to enhance quality, and then the organ 
of interest is segmented; second, initial candidates are identi-
fied by applying pattern recognition techniques, yielding a list 
of potential abnormalities or lesion candidates. Segmentation 

algorithms may be employed to obtain a more precise outline of 
each potential abnormality. Finally, a further classification step is 
applied to reduce the number of false positive candidates. CADx 
systems will also include a classification step designed to provide 
the clinician with an assessment of disease, disease type, sever-
ity, stage, progression, or regression (Petrick et al. 2013). Feature 
selection and classifier training are obtained by applying vari-
ous machine or statistical learning techniques on labeled training 
datasets containing examples of both normal and abnormal cases. 
A CADx system may use image-based information alone, or in 
combination with other relevant diagnostic data and biomarkers. 
An in-depth analysis of techniques for feature selection and clas-
sifier training is beyond the scope of this chapter. The interested 
reader is referred to the vast literature describing techniques for 
feature extraction; the article by Guyon and Elisseeff (2003) is a 
classical reference and presents a general framework of the prin-
ciples of feature extraction, while Sklansky (1978) describes vari-
ous techniques applied in image processing applications.

While these broad operational principles are shared by most 
CAD applications and essentially all oncology applications, spe-
cific implementations vary widely, depending on the characteris-
tics of the organ, lesion type, and imaging modality; most CAD 
applications rely extensively on a priori anatomical knowledge 
or use ad-hoc local features and descriptors to capture specific 
lesion morphologies.

Examples of such pipelines will be provided for CT 
Colonography, digital mammography, and digital breast tomo-
synthesis; the interested reader can refer to available reviews for a 
more in-depth analysis of established and emerging applications 
(Doi 2005, 2007; Rangayyan et  al. 2007; Regge and Halligan 
2013; Firmino et  al. 2014; Li and Nishikawa 2015; Amir and 
Lehmann 2016).

59.2.1 CAD for Digital Mammography

Full-field digital mammography is today considered the Gold 
Standard for breast cancer screening (see Section II, Chapter 19). 
A typical mammography examination comprises four projection 
images—two for each breast—acquired in both craniocaudal 
(CC) and mediolateral-oblique (MLO) orientations. Interpretation 
of breast mammography is rather complicated: the masking effect 
caused by fibroglandular tissue superposition affects both sensi-
tivity and specificity, especially in the case of high breast density 
(i.e., higher percentage of fibroglandular tissue compared to fat); 
on the other hand, the low prevalence and high reading volumes 
in screening settings make it harder to achieve consistent perfor-
mances. Starting from initial experiments with mammography in 
the 1980s, which led to the development of the very first CAD 
algorithms, the potential benefits of breast CAD technology moti-
vated a very active field of research, both in academic and indus-
trial settings (see Section IV, Chapter 60). “ImageChecker” (R2 
Technology, Sunnyvale, CA) was the first commercial CAD to be 
cleared for use by the Food and Drug Administration (FDA), fol-
lowed by several others (van Ginneken et  al. 2011). The advent 
of full-field direct digital mammography (FFDM) allowed for 
dramatic improvements in both CAD performance and usability: 
screen-film mammography (SFM) requires that scans be digitized 
to be processed with CAD, which is expensive and time consum-
ing, and slows down the radiologist’s workflow. Mammography 
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can reveal both clear evidence of abnormality, such as masses and 
calcifications, as well as subtle signs such as bilateral asymmetry 
and architectural distortions: each sign is characterized by dis-
tinctive features and, hence, is usually targeted through dedicated 
algorithms (Rangayyan et al. 2007).

59.2.1.1 Image Preprocessing and Enhancement

Denoising and enhancement of mammograms are very important 
for both visual inspection and Computer-Aided Applications, 
although their importance was somewhat diminished by the 
superior image quality achievable with direct digital mammogra-
phy, compared to digitized film screens. Mammography images 
do not provide a very good contrast between normal glandular 
and malignant tissues, and early stage cancer may appear as very 
small and/or very subtle signs with low contrast with respect to 
surrounding tissues.

A variety of methods have been proposed to improve image 
contrast, including Bayesian probabilistic methods, wavelet 
based techniques, histogram-based intensity windowing (HIW), 
mixture-model intensity windowing (MMIW), contrast-limited 
adaptive histogram equalization (CLAHE), unsharp masking, 
peripheral equalization, and Trex processing (Rangayyan et al. 
2007). There is no definitive standard or effectiveness measure 
of how different preprocessing techniques score against each 
other, which will vary depending on the acquisition parameters, 
the algorithms employed further down the pipeline, and the type 
of abnormality to be detected. Detection of microcalcifications 
is likely to be more affected by the contrast to noise ratio, com-
pared to mass detection.

59.2.1.2 Detection of Soft Tissue Lesions

Soft tissue lesions include masses, architectural distortions, and 
focal asymmetries.

A mass is the most common abnormality found in breast 
images, and is defined by the Breast Imaging Reporting and Data 
System (BI-RADS) as a space-occupying 3D lesion seen in two 
different projections. A typical benign mass has a round, smooth, 
and well-circumscribed boundary; on the other hand, a malig-
nant tumor usually has a spiculated, rough, or blurry boundary 
(Rangayyan et al. 2007; D’Orsi et al. 2013). Architectural dis-
tortion is defined by the BI-RADS system as an appearance in 
which “the normal architecture of the breast is distorted with no 
definite mass visible.” Although architectural distortions are less 
common than masses and microcalcification clusters, accounting 
for roughly 6% of screening abnormalities, they are often subtle 
and difficult to detect (Suleiman et al. 2016).

Being the subject of extensive research in the past 25 years, 
an exceptional number of techniques have been used in the lit-
erature, as documented by a number of well written surveys 
and books (Rangayyan et  al. 2007; Oliver et  al. 2010; Li and 
Nishikawa 2015). A more in-depth survey is also available in 
Chapter 60 (Section 2) of this book.

Broadly speaking, traditional methods to detect lesions fall 
into two major categories: supervised and unsupervised segmen-
tation techniques.

Supervised segmentation, or model-based methods, rely on 
prior knowledge about the object and background regions to be 

segmented. Such methods include a training stage to learn the spe-
cific objects to be detected; in this specific case, examples of masses 
and normal mammograms are used to train the system. Based on 
the training set, the system learns which features are associated 
with the presence of masses by applying one of many pattern 
matching techniques, such as neural networks, fuzzy classifiers, 
or statistical inference (Oliver et al. 2010). The main drawback of 
these approaches is the difficulty to account for the large variations 
in shape, margins, heterogeneity, and texture that masses exhibit.

Alternatively, unsupervised segmentation partitions an image 
into a set of regions which are distinct and uniform with respect 
to specific properties, such as gray-level, texture, or color. 
Classical approaches to solving unsupervised segmentation are 
divided into three major groups:

• Region-based methods, which divide the image into 
homogeneous and spatially connected regions.

• Contour-based methods, which rely on the boundaries 
of regions.

• Clustering methods, which group together those pixels 
having the same properties and might result in non-
connected regions.

Region-based and clustering methods are generally deemed 
more effective than contour-based methods, as edge detection is 
very sensitive to noise, and contours in medical images are often 
ill-defined. In many interesting approaches, adaptive thresh-
old or clustering techniques are applied to features extracted 
from biologically inspired filters (such as multiscale Laplacian 
of Gaussian or Gabor filters) that enhance specific characteris-
tics of target lesions; for instance, the Iris filter (Kobatake and 
Murakami 1996) was designed to enhance rounded opacities 
and to be insensitive to thin anatomical structures. Interestingly, 
many successful approaches rely on a combination of several 
feature types, due to the inherent heterogeneity of soft tissue 
lesions—for example, by integrating features targeting rounded 
opacities and stellate patterns associated with spiculated masses 
(Sahiner et al. 2001; Morra et al. 2015).

59.2.1.3  Microcalcification Detection 
in Digital Mammography

The detection of microcalcification clusters in breast mam-
mography images is extremely important, as they are usually 
associated with early stage, in situ breast carcinoma. Studies 
report that up to 60% to 80% of breast carcinomas present 
microcalcification clusters at histology (Cheng et  al. 2003). 
The first step for microcalcification detection usually consists 
in the application of contrast enhancing techniques; this may 
be achieved with conventional, region-based, or feature-based 
techniques. Microcalcifications detection can then be achieved 
through statistical texture features (e.g., the Surrounding Region 
Dependence Method—SRDM), multiscale texture features (e.g., 
wavelet based methods), or fractal dimension features. Finally, 
clusters of two or more microcalcifications are identified based 
on the relative spatial position and individual calcification mor-
phology. Finally, a classifier may be trained to assess whether 
the identified cluster is malignant and/or to reduce false positive 
detection (Cheng et al. 2003).
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59.2.2 CAD for Digital Breast Tomosynthesis

In three-dimensional digital breast tomosynthesis (DBT), mul-
tiple projections are acquired over a short angle, in order to 
reconstruct multiple images at different depths, thus effectively 
limiting tissue superposition at a relatively low dose (comparable 
to that of digital mammography) (Reiser and Sechopoulos 2014) 
(see Section II, Chapter 20). In retrospective and prospective 
reader studies, DBT has shown great potential in complementing 
(and possibly substituting for) digital mammography, yielding 
both a decreased recall rate and increased sensitivity, especially 
in (but not limited to) dense breasts (Friedewald et  al. 2014; 
Gilbert et al. 2016).

DBT certainly improves visualization of masses and archi-
tectural distortions compared to FFDM; the margins are more 
clearly visible and the masking effect of superimposing glandu-
lar tissue is greatly diminished, as shown in Figure 59.1. On the 
contrary, searching for microcalcification clusters may be more 
difficult for the radiologist, as clusters are separated in several 
different slices, and individual calcifications might be less con-
spicuous than in the FFDM.

One of the main concerns in adopting DBT technology on a 
large scale is its potential impact on the radiologist workload, 
especially in a screening context. As a typical DBT view consists 
of an average of 60 1-mm slices (usually ranging from 30–80, 
depending on breast thickness), interpretation time can easily 
double compared with conventional mammography, increasing 
the cost and possible errors due to reader fatigue (Bernardi et al. 
2012).

In the literature, two fundamental approaches are available 
for the development of breast tomosynthesis CAD (Chan et al. 
2008). One approach uses the reconstructed DBT slices as input. 
Projections are combined by tomosynthesis reconstruction 
before image analysis. The image quality of the reconstructed 
DBT slices, and, thus, the performance of the CAD system, 
will depend on the reconstruction algorithms and the parame-
ters used, but the conspicuity and visibility of lesions is greatly 
improved. It is best if the reconstruction is vendor neutral, as 
reconstructed images from individual vendors may vastly dif-
fer in image quality. Another approach is to use the individual 

projections as input, and then merge information extracted from 
individual projections after applying CAD. The latter approach 
may not be practical for human readers, but current CAD algo-
rithms developed for regular mammograms can be applied to 
individual projections, and only an information fusion scheme 
will need to be designed to complete the process (Samala et al. 
2015). Both approaches can be applied alternatively or in combi-
nation, as shown in Figure 59.2, where the overall architecture of 
a CAD for tomosynthesis is shown.

In a recent work, we assessed the performance of a CAD 
scheme based on three-dimensional analysis of the reconstructed 
volume (CAD BREAST DTS, im3D, Torino, Italy) (Morra et al. 
2015). Projections are first reconstructed using the Briona© 
library (Real Time Tomography LLC, Villanova, PA); specific 
reconstruction and post-processing parameters were separately 
selected for both masses and microcalcifications in order to opti-
mize CAD performance. Mass detection is performed based 
on several image features, taking into account the presence of 
opacity and spiculations. Microcalcifications are detected on 
each tomosynthesis slice, and then grouped in three-dimensional 
clusters based on their proximity; isolated calcifications are dis-
carded in the process. Each mass and microcalcification cluster 
is assigned a score based on geometrical, intensity, and textural 
features; a fixed operating threshold is used (i.e., only candi-
dates whose score is above a predetermined threshold are actu-
ally shown to the radiologist). CAD is displayed using markers 
(bounding boxes) around the segmented candidates, as shown in 
Figure 59.3. Mass candidates with superimposed CAD-detected 
microcalcification clusters are jointly displayed; thus, each CAD 
mark corresponds to either a candidate mass, microcalcification 
cluster, or mass with associated microcalcifications.

59.2.3 CAD for CT Colonography

CT colonography is a radiological examination for the identifica-
tion of cancerous and precancerous lesions in the colon. After a 
proper preparation of the bowel, employing either laxatives and/
or tagging of the fecal residue through orally administered con-
trast agents, the patient’s colon is distended by insufflating car-
bon dioxide or air, and tomographic images of the abdomen are 
acquired. Clinicians may examine the cases either by reading the 
2D axial images or by performing a virtual navigation of a 3D 
reconstruction of the colon.

The colorectal cancer model is relatively simple and, in con-
trast to other organs, where a variety of different pathologies are 
equally represented, significant colorectal pathologies other than 
polyps and cancer are relatively uncommon. This simplifies the 
diagnostic task for artificial intelligence developers and also for 
radiologists who, ultimately, must make the final decision. This 
compelling rationale probably explains why the development of 
CAD solutions for CT colonography has been so fast; to date, 
over 20 companies are producing and commercializing dedi-
cated CAD software worldwide.

Although CADe systems for CT colonography occasionally 
target also colonic masses (and often report their performances 
also on these objectives), they are generally designed to detect 
colonic polyps larger than 5 mm. In most cases, polyps are either 
categorized as diminutive (≤5 mm), intermediate (6–9 mm), or 
large (≥10 mm). Polyps below 5 mm typically present a low risk 

FIGURE 59.1 Example of architectural distortion with margins clearly 
more visible on breast tomosynthesis images (right) than conventional mam-
mograms (left).
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of cancer, and CT Colonography has limited diagnostic confi-
dence for lesions of this size, so many experts and guidelines do 
not recommend that they be reported (Pickhardt et al. 2016). In 
general, not all polyps above 5 to 6 mm are cancerous or precan-
cerous lesions; polyps in the 6 to 9 mm size range have a 0.5% to 
1.0% likelihood of harboring cancer, and an approximately 5% 
chance of high grade dysplasia (van Dam et al. 2004). However, 
as currently it is not possible to distinguish between benign and 
(pre-)malignant lesions from the radiological images alone, cur-
rent guidelines prescribe polypectomy (or in some cases follow-
up) for all polypoid lesions above 5 to 6 mm, which consequently 
constitutes the most common CT colonography CADe system 
target lesion.

A typical CT Colonography CAD systems comprises a first 
phase, in which digital cleansing and colon surface extraction is 

performed, and a second phase, in which CAD candidates are 
segmented and filtered (Delsanto et al. 2008). In Figure 59.4 an 
example of a classical processing chain is shown.

59.2.3.1  Digital Cleansing and Colon 
Surface Extraction

The first step in processing of CT Colonography images is 
extracting the colonic surface. As there is a marked contrast 
between the internal air and the colonic wall, segmentation does 
not require particular image enhancement techniques, as neces-
sary for instance in mammography.

However, CT Colonography datasets are acquired with fecal 
tagging, thus after the administration of an oral contrast agent 
to tag the fecal residue. Fecal tagging is recommended in CT 
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FIGURE 59.2 Overall architecture of a CAD system for digital breast tomosynthesis. First, three-dimensional reconstructions need to be applied on 
individual projections; a vendor neutral approach may facilitate integration of data from different vendors. Separate pipelines are applied for the detection 
of microcalcification clusters (left) and mass candidates (right). Two fundamental approaches are described in the literature: one approach uses the recon-
structed DBT slices as input to the detection and segmentation; another approach is to use the individual projections as input, and then merge information 
extracted from individual projections after applying CAD. Both approaches can be applied alternatively or in combination, as shown in the figure for the 
detection of soft tissue lesions (i.e., masses and architectural distortions). The final step is false positive reduction for both microcalcification clusters and 
soft tissue lesions.
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FIGURE 59.4 Principal steps in the detection of colonic polyps. The tagged residue is initially subtracted by a specifically designed algorithm which 
employs locally determined thresholds to distinguish between the marked fecal material and the mucosal wall (step 1). The electronically cleansed volume is 
then processed by the segmentation algorithm (step 2), which extracts the surface of the colonic wall. Polyp candidates are then generated through processing 
of surface shape index and curvature values (step 3). A classifier then assigns a score to each candidate (step 5); only candidates with score above a specified 
threshold are shown in the CT Colonography reading workstation.

FIGURE 59.3 CAD interface (CAD BREAST DTS, im3D, Torino, Italy) showing CAD-generated candidates superimposed on a tomosynthesis slice.
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Colonography, as otherwise the mucosa submersed by fecal resi-
dues would not be distinguishable; it also allows for reducing 
patients’ discomfort by reducing the need to use cathartic prepa-
ration, as required in conventional colonoscopy (Campanella 
et al. 2010).

In this case, a preliminary electronic subtraction of the tagged 
residue is usually performed. This procedure is termed digital 
cleansing, and its objective is to digitally remove the marked resi-
due and to reset the intensity of the colonic structures which are 
in contact with the fecal material. Indeed, pseudo-enhancement 
(i.e., an artificial increase of the attenuation value due to partial 
volume and acquisition artifacts) may occur in colonic mucosa 
submerged in tagged fluid. Since the attenuation of colonic struc-
ture varies locally with the amount and density of tagging agent, 
it may be quite difficult to distinguish between tagged mate-
rial and adjacent structures. In the literature, this problem has 
been solved by applying a combination of ray-casting and region 
growing techniques with thresholds that vary locally in order 
to account for dishomogeneities in the marked fluid (Delsanto 
et al. 2008). In some cases, thin layers of tagged stool may be 
intentionally preserved, as these layers may also be useful in 
the differential diagnosis of stool versus polyps. The presence 
or absence of coating on a polyp has been found in a study to be 
related to the probability of villous histology.

Once the tagged material has been removed, the intensity of 
the submerged colonic mucosa must be remapped, in order to 
reproduce the intensity profile of the normal mucosa (Morra 
et al. 2009).

Colon surface extraction is performed on the electronically 
cleansed image and comprises three steps: external air extrac-
tion, segmentation of organs not of interest such as the lung and 
stomach, and colon segmentation. Lung tissue, in particular, is 
usually present in the first 25 mm of the scan. The associated 
histogram shows a single air peak attributable to the lungs, which 
may be used for a 3D region growing procedure. After masking 
the lung and external air, the lower peak in the volume histogram 
will be essentially constituted by the air contained in the colon 
and in the small bowel. After masking the lungs, the extraction 
of the colonic surface may again be performed by applying 3D 
region growing with a self-adjusting growing condition accord-
ing to the intensity and its laplacian at the lumen air-colon wall 
boundary. As described in Bert et al. (2009), a seed and growing 
threshold are initially defined as Ts = m − σ and Tc = m + 2σ, 
where m and σ are the mean and standard deviation of the bowel 
air component of the histogram, respectively. When a given 
voxel, V, with a CT value higher than Tc, is found during the 
region growing process, a ray of length l mm is cast from V in 
the direction from which V was reached. The Laplacian is then 
used to determine the boundary.

59.2.3.2  Polyp Candidate Segmentation and Filtering

Once the colonic surface has been determined, the CAD system 
examines the colonic mucosa to search for polyps. As in other 
CAD applications, this is typically achieved in two phases; in 
the first phase, named polyp candidate segmentation, all poten-
tially suspicious areas are identified: the goal of this phase is to 
have the highest possible sensitivity. In the second phase, all the 
potential candidates which have been pinpointed are filtered to 

reduce the number of false positives presented by the system. 
Polyp candidate extraction may be performed by exploiting the 
curvature properties of the previously segmented colon surface, 
as polyps can be quite easily modeled as spherical objects pro-
truding into the colon lumen. Shape index and curvedness are 
two common geometrical descriptors that can be calculated 
from the first and second derivatives by intensity differentiation, 
and characterize both the local shape and the magnitude of the 
curvature at each point of the internal colonic surface (Yoshida 
et al. 2002; Delsanto et al. 2008); shape index and curvedness 
can quite accurately distinguish polyps from other colonic struc-
tures, such as folds, which have a “ridge”-like shape and larger 
curvature values.

Colon surface voxels whose shape index and curvedness are 
within a predefined range are selected as initial seeds. Voxels are 
then clustered by spatial density rules to form polyp candidates. 
The filtering of polyp candidates is performed by employing one 
or more classifiers in cascade and employs features related to 
the texture and geometry of the segmented voxels of potential 
CAD marks. Examples of CAD-detected lesions are provided in 
Figures 59.5 and 59.6.

59.2.3.3  Sources of False Positives 
and False Negatives

False positives may lead to unnecessary further workups such 
as polypectomy by colonoscopy; therefore, knowledge about the 
pattern of CAD false positives is important for dismissing them. 
Due to the methodology underlying CAD candidate extraction, 
it is not surprising that studies show that many of the false posi-
tives detected by CAD tend to exhibit polyp-like shapes (Yoshida 
et al. 2002). Folds or flexural pseudotumors are among the most 
frequent causes of CAD false positives (Figure 59.7a and b): false 
positives usually arise in the case of sharp folds at the sigmoid 
colon, folds prominent on the colonic wall, two converging folds, 
ends of folds in the tortuous colon, and folds in the not-well- 
distended colon. Another common source of false positives 
is solid stool, which is often a major source of error for radi-
ologists as well. Residual materials inside the small bowel and 
stomach may be presented as well, also often the ileocecal valve 
(Figure 59.7c and d), which, however, may sometimes harbor a 
true pathology. Among other causes of false positives are rectal 
tubes (Figure 59.7e and f), elevation of the anorectal junction by 
the rectal tube, and motion artifacts. Artifacts created by digi-
tal cleansing, either by an imperfect removal of partially tagged 
stool (Figure 59.7g and h) or by an erroneous reconstruction of 
the colonic surface, are also common.

Lesions undetected by CAD (false negatives) are in many cases 
similar to those missed by radiologists (Yoshida et  al. 2002). 
CAD techniques usually depend on shape analysis, assuming 
that polyps have a cap-like shape. Therefore, polyps that do not 
protrude sufficiently into the lumen (diminutive polyps and flat 
lesions), or whose shape deviates significantly from polypoid 
(infiltrating carcinoma) may be missed by CAD; other sources 
of false negatives include polyps whose shape is distorted by the 
partial volume effect, or that are located in a collapsed region of 
the colon. Improvement of CAD algorithms for reliable detec-
tion of these types of polyps remains an object of continuing 
investigation.
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59.3  Validating the Efficacy of CAD Systems: 
Principles and Methodology

Performing a thorough validation of the efficacy of a CAD system 
is a very complex issue (van Ginneken et al. 2011). Standalone 
performance is an important measure as it may reveal the mag-
nitude of the potential impact (or inherent limitations) of the sys-
tem, prior to the testing of reader performance when using the 

CAD system; it also provides an assessment of the system per-
formance independent of human factors and can be used to effi-
ciently compare performances in various population subgroups. 
However, the interaction between CAD and the reader will even-
tually determine the diagnostic impact of the CAD application. 
Therefore, the strongest indication of the usefulness of a CAD 
system comes from studies on CAD-radiologist interaction, in 
which the accuracy of a human reader using CAD is compared 
to that of the unassisted reader.

(a) (b)

(c) (d)

FIGURE 59.5 A cigar-like polyp of the descending colon. The lesion was missed by the radiologist, but was detected by CAD on both the prone (a) and 
supine (b) acquisitions. (c) Endoluminal view in CTC. (d) Sagittal CT image.

(a) (b)

FIGURE 59.6 A 6-mm polyp of the descending colon correctly prompted by CAD. (a) Sagittal image and (b) endoluminal view.
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(a) (b)

(c) (d)

(e) (f )

(g) (h)

FIGURE 59.7 Examples of CT colonography CAD false positives. Prominent converging folds may be incorrectly identified by CAD as polyps (a, b). An 
ileocecal valve that has the cap-like appearance of a polyp is incorrectly prompted by the CAD (c, d). Rectal tube have shape index and curvedness values 
with ranges overlapping those of polyps, so they also may be represented (e, f). Insufficiently tagged residue may in some cases either not be cleansed or 
generate cleansing artifacts (g, h).
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Many factors influence the outcome of a performance assess-
ment and it is extremely difficult, if not impossible, to avoid all 
sources of bias. It is, thus, important to analyze very carefully 
all the variables of the collected data, which may influence the 
results, and to take them appropriately into account. It is also 
essential to accurately express the goal of the validation. Stress 
testing, for example, an evaluation in which the testing dataset is 
enriched with positive cases, may be appropriate when assess-
ing the sensitivity and specificity of a CAD system, but may not 
be sufficient for the characterization of the system performance 
on a specific population. In this section, a brief outline of how 
CAD performance is assessed, and potential pitfalls, is provided. 
While factors influencing standalone performance are also per-
tinent to CAD-reader studies, a description of the methodologies 
employed for reader study design is beyond the scope of the pres-
ent work. The interested reader may refer to the review article by 
Petrick et al. (2013), which also provides a more in-depth descrip-
tion of the various problematics of CAD system validation.

59.3.1 Factors Affecting CAD Performance

CAD systems aim at locating disease on images acquired on 
subjects, so all the variables pertaining to the distribution of the 
disease on the subjects may be relevant. Age, sex, race, pres-
ence of risk factors or symptoms influence, among others, the 
prevalence and form of the disease present in the dataset cases. 
In general, when the dataset population is not representative of 
the population on which the CAD system will be applied, spec-
trum or selection bias may occur. A new assessment may, thus, 
be appropriate when applying a CAD designed for clinical use 
to a screening population, or to re-characterize the behavior of a 
system in different countries.

As the CAD system operates on case information extracted 
through the image acquisition process, all the parameters related 
to acquisition and patient preparation are also relevant and must 
be clearly specified. In CT Colonography, for example, there may 
be a great variability in the response of a CAD system, depend-
ing on the modality of administration of the oral contrast agent 
(Campanella et al. 2010; Neri et al. 2013).

Differences in image acquisition, reconstruction, post- 
processing, and manufacturer may also affect image quality and 
result in differences in the distribution of quantitative features on 
which CAD relies.

While CT scanners provide an essential quantitative estimate 
of radiodensity, using the Hounsfield scale, the same does not 
apply to mammography and digital tomosynthesis units, whose 
quality and appearance is affected by several factors, including 
type of detector, dose management protocols, post-processing fil-
ters, and, for DBT, number of projections, acquisition angles, and 
reconstruction algorithms (Sechopoulos 2013a,b). While radiolo-
gists may be relatively unsensitive to such differences, it is con-
ceivable that they may have a greater impact on CAD (Keavey 
et al. 2012; Samala et al. 2014).

Another fundamental issue in X-ray image is related to dose 
management. In response to concerns about the risk of radiation-
induced cancer, especially in screening tests targeting otherwise 
healthy subjects or in the case of frequently repeated tests, new 
imaging protocols and reconstruction techniques have been intro-
duced to reduce dose while preserving image quality. Low dose 

and ultra-low dose protocol yield lower contrast-to-noise ratio and 
a higher number of artifacts, that can affect CAD performance 
(Yanagawa et al. 2012; Lee et al. 2015). CAD vendors indicate 
the supported range of equipment, acquisition, and reconstruc-
tion parameters, and other relevant factors; radiologists, as well 
as medical physicists, need to be aware that substantial deviation 
from such protocols may affect CAD performance and, hence, 
may require extensive re-testing. In many applications, such as in 
mammography screening or in the management of lung nodules, 
comparison with previous images is used to inform decisions 
about diagnosis, disease progression, and/or treatment effective-
ness. Care should be taken when accounting for variation in den-
sity and texture features if a variety of dose and reconstruction 
conditions are used for the extraction of volumetric, intensity, and 
textural features, otherwise changes in quantification results may 
be more reflective of acquisition and reconstruction conditions 
than of real anatomical or functional changes (Huo et al. 2013; Lo 
et al. 2016). The development of realistic phantoms, describe in 
Chapter 60 of this book, may alleviate these issues.

59.3.2 Reference Standard

The goal of CAD is to identify disease; however, it is often 
impossible to state without error if disease is present or absent. 
When testing datasets are chosen in order to contain only cases 
in which the disease state is certain, verification bias can occur. 
In order to measure a CAD system performance, a reference 
standard stating the presence or absence of disease for every 
case must be established. When definite verification of the dis-
ease state for a case is possible, typically by an independent pro-
cedure such as biopsy, the reference standard is often defined 
the “Gold Standard” or “ground truth.” Ground truth for cases 
classified as negative can be obtained by follow-up for appropri-
ate periods of time. However, it is important to note that even a 
Gold Standard rarely yields a perfect classification of the disease 
state for every case. Optical colonoscopy is considered the Gold 
Standard for CT Colonography; however, a review of tandem 
colonoscopy studies by van Rijn et al. (2006) reported a pooled 
miss rate for polyps of 22%. When the Gold Standard is provided 
by another procedure or device, the issue of correctly matching 
the lesions found on the images with those of the control modal-
ity may arise. In these cases, matching criteria must be specified. 
If a procedure is the common current reference standard for an 
imaging modality, a domain-specific predetermined consensus 
on how to operate matching often exists.

There are many cases in which a Gold Standard may not be 
available. For example, small pulmonary nodules are typically 
not assessed by biopsy or resection. When a Gold Standard is 
not available, the reference standard may be established by a 
panel of experts. An example of a publicly available dataset with 
a reference standard based on expert opinion is the Lung Image 
Database Consortium and Image Database Resource Initiative 
(LIDC/IDRI) dataset (Armato et al. 2004), which contains more 
than 1000 cases, with the results of a two-phase image annota-
tion process performed by four experienced thoracic radiologists.

In many cases, simply stating the presence or absence of 
disease in a case may be sufficient. In CT Colonography, posi-
tive cases generally go directly to optical colonoscopy, which 
examines the complete length of the colon, so the main goal is 
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to correctly identify positive patients. In other cases, defining 
the location and extension of the disease may be the objective. 
A clear specification of the target (case level or lesion level) is 
mandatory. When the goal is to define the location and extension 
of disease, this information must be included in the reference 
standard. This is generally achieved by experienced clinicians 
in possession of all the available clinical information on the case 
who trace the lesions boundaries within the images. Often this 
task is performed by a single expert, although inter- and intra-
observer variability may be an issue, depending on the modality 
and on the quantity and quality of the available information.

59.3.3 Mark-Labeling Criteria

Once the information on the lesion location is defined within the 
reference standard, criteria for matching the candidate lesions 
proposed by the CAD system with the lesions of the ground 
truth must be defined. This process is called mark-labeling. A 
candidate lesion is considered a true positive when the matching 
criteria are satisfied, and a true negative otherwise. Many rules 
for mark-labeling have been proposed in the literature. In some 
contexts, it is sufficient for the CAD candidate and the reference 
lesion to overlap. In other cases, criteria such as a lower bound 
on the distance between the centers or centroids of the refer-
ence lesions and of the CAD candidates may be imposed. Cases 
may also be visually inspected to determine if the CAD marks 
match the reference lesions. Different criteria and thresholds 
may be appropriate for different imaging modalities. However, 
even within the same application, a great variety in the crite-
ria employed by researchers for mark-labeling may exist. Mark-
labeling criteria should, thus, always be clearly expressed.

59.3.4  Performance Metrics: Sensitivity, 
Specificity, and ROC Analysis

Once the reference standard and the mark-labeling criteria have 
been defined, the sensitivity and the specificity of the CAD 
system may be computed. Sensitivity is defined as the fraction 
of positive cases which are correctly identified, while specific-
ity is the fraction of negative cases which are correctly identi-
fied. As the number of correctly identified cases corresponds to 
the number of CAD true positive candidates, sensitivity is also 
called true positive fraction (TPF). Correspondingly, the false 
positive fraction (FPF) is the ratio between the number of false 
positive cases and the number of negative cases, and it is equal 
to 1-specificity. These metrics constitute the primary measure of 
performance of a CAD system and indeed of a diagnostic test in 
general, but require a binary classification, both of the reference 
lesions and of the CAD marks. In the majority of cases, how-
ever, CAD systems employ classifiers which assign a multi-level 
score to each candidate mark, and only marks above a deter-
mined threshold are presented by the system. The sensitivity and 
specificity pair yielded by the specified threshold corresponds 
to the operating point of the CAD system. The full potential of 
a CAD is, thus, expressed by the total range of operating points 
of the system. In order to evaluate a CAD system on the entire 
range of operation, so-called receiver operating characteristics 
(ROC) analysis may be performed (Fawcett 2006; Shiraishi 
et  al. 2009). In ROC analysis, the sensitivity of a classifier for 

each operating point is plotted against the corresponding false 
positive fraction. Operatively, this equivalates to obtaining all 
the possible sensitivity-specificity pairs which may be observed 
on the testing dataset by iteratively incrementing the classifier 
threshold. The obtained curves are termed the empirical ROC 
curves and possess the advantage of not requiring assumptions 
on the form of the plot or on the underlying distributions. These 
curves are, however, often not smooth, particularly when the data 
is limited. To overcome this difficulty, parametric ROC models, 
which assume an underlying distribution of the data such as a 
binomial distribution, are often used. Once the fitted curves are 
available, various figures of merit may be defined to quantify the 
performance of the system. The measurement of the area under 
the curve or the partial area under the curve are among those 
most frequently employed.

Variants of the ROC paradigm have been derived which also 
take into account the information on the localization of CAD 
marks. In the localization ROC (LROC) paradigm, the area 
which is most likely to represent an abnormality is rated for 
each image, and the fraction of true positive images containing 
a lesion which is correctly localized is plotted against the false 
positive fraction for truly negative images. In the free-response 
ROC (FROC) paradigm, the fraction of correctly identified 
lesions is plotted against the average number of false positives 
mark per image (He and Frey 2009).

ROC and FROC analysis can be also used to study readers’ 
performance, with or without CAD, if a confidence score is col-
lected for each case (Shiraishi et al. 2009).

59.4  Computer-Aided Detection: 
Efficacy and Clinical Value

In this section, we will review some of the evidence regarding 
the benefits associated with the use of CAD in clinical practice, 
with an emphasis on colon and breast screening applications. 
CAD for CT colonography and digital mammography were 
widely studied, and they exemplify most of the potential ben-
efits, as well as the challenges, associated with ascertaining the 
true performance of CAD in clinical practice. Prospective clini-
cal studies, closely mirroring real clinical conditions, have been 
mostly conducted using CADe technology; the field of CADx is 
indeed more recent and mostly has not yet moved past standalone 
or laboratory reader studies.

59.4.1 Reading Paradigms

A CAD reading paradigm is a description of how interpreting 
an exam with CAD is achieved. The main difference between 
different paradigms is in the timing with which CAD candidates 
are presented to the reader. Three main kinds of reading para-
digms are typically employed: CAD as second reader, CAD as 
first reader, and concurrent CAD.

59.4.1.1 CAD as Second Reader

In second reader mode, the radiologist first performs an initial 
unassisted read of the dataset. After this unassisted read, CAD is 
activated, effectively serving as a second opinion. The radiologist 
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carefully evaluates each CAD candidate, and decides whether to 
accept it or reject it as a false positive.

In principle, CADe applications are designed to compen-
sate for oversights, visual fatigue, and other common causes of 
missed lesions, and the radiologist should not reverse decisions 
taken during their unassisted reading. Also, it has to be noticed 
that radiologists may erroneously reject a CAD true positive 
(Taylor et al. 2009; Regge and Halligan 2013); Figure 59.8 shows 
an example of a polyp correctly prompted by CAD, but rejected 
by the radiologist. Potential reasons include difficulty with char-
acterization—due to an irregular, difficult, and/or unusual mor-
phology; low CAD specificity may diminish readers’ confidence 
in CAD and/their ability to correctly discard false positives; 
and, finally, many radiological tasks are characterized by high 
intra-reader variability, that affects also the way different readers 
interpret CAD prompts (Roos et al. 2010).

CADx applications can provide quantitative and qualitative 
information to aid the radiologist in formulating their final diag-
nosis, and may affect the decision of whether to recall borderline 
cases.

CAD as a second reader is the most commonly used paradigm, 
extensively studied in breast, colon, and lung applications. It is 
usually considered the most accurate paradigm, especially when 
adopted by less experienced readers, but is also associated to the 
longest reading times.

At the present time, second reader CAD is the most recom-
mended reading paradigm (Petrick et al. 2013).

59.4.1.2 CAD as First Reader

In the first reader paradigm, the CAD algorithm is activated 
immediately when the reader interprets a case. The radiolo-
gist reviews all CAD candidates sequentially, from a list of 
CAD marks, and reports deemed to be true lesions, if any. 
Interpretation is restricted to the CAD marks, and reading time 
may be greatly reduced, especially in applications such as CT 
Colonography, where clinical datasets are composed of a large 
series of images and the reading times are relatively long (Iussich 
et al. 2014).

However, CAD as first reader has been seldom studied as it 
requires CAD systems with exceptionally high sensitivity, and, 
therefore, it is generally not recommended.

Recently, modified schemes have been successfully applied in 
CT colonography, in which CAD as first reader modality was 
followed by a fast two-dimensional review to exclude colonic 
masses (Iussich et al. 2014).

59.4.1.3 Concurrent Reading

In the concurrent-reader paradigm, the radiologist simultane-
ously interprets the case while CAD marks are displayed and 
available for inspection. As in second reader CAD, the reader 
does not restrict interpretation to the areas marked by CAD, and 
interprets the whole dataset; similarly to first reader CAD, the 
interpretation is performed with superimposed CAD marks from 
the outset. Readers may choose to turn CAD marking on and off 
at any time. Available evidence suggests that concurrent reading 
may be, generally speaking, more time efficient, but less effec-
tive than the second read paradigm (Halligan et al. 2011; Liang 
et al. 2016), and its routine use is not recommended in clinical 
practice at the present time. Mostly, concerns are with lesions 
missed by CAD, as the radiologist may become over-reliant on 
CAD, and refrain from recalling (Halligan et  al. 2011; Liang 
et al. 2016); it is also possible that, by focusing their attention on 
CAD marks, readers reduce their assessment of the remaining 
parts of the image. However, there is anecdotal evidence that, 
outside of clinical studies setting, many radiologists may resort 
to concurrent reading as it is faster and more convenient, even 
when CAD intended use is as second reader.

59.4.2  CAD in Digital Mammography 
and Tomosynthesis

Interpretation of screening mammography is a challenging and 
strenuous task: in typical screening programs, a cancer will be 
detected in roughly four or five out of 1000 cases, with lesions pre-
senting with diverse and often subtle morphology. Such a “needle 
in the haystack” kind of task requires considerable expertise and 
training; therefore, it is not surprising that several studies have 
sought to establish the potential of CAD in improving radiologist 
performance, specifically targeting screening applications.

When assessed on FFDM images, commercial CADe systems 
usually achieve a 90% to 95% sensitivity on screen detected 
lesions, with around 2 to 2.5 FPs/case, corresponding to around 

(a) (b) (c)

FIGURE 59.8 The axial CT scan shows a 8 mm polyp of the sigmoid colon on the prone (a), supine (b), and endoluminal view (c) in CTC. The lesion was 
prompted by the CAD system, but was subsequently rejected by the radiologist reviewing the case.
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0.5 FPs/breast view (Yang et  al. 2007; The et  al. 2009; Sadaf 
et al. 2011).

Attempts to develop CAD for digital breast tomosynthesis are 
more recent, and, although sensitivity is comparable to digital 
mammography, false positive rates are higher, with around 2 FP/
breast view for masses, and 0.7 to 1 FP/breast view for micro-
calcifications, corresponding to an overall false positive rate of 
2 to 3 FPs/breast view (Chan et al. 2008; van Schie et al. 2013; 
Morra et al. 2015). Sensitivity is usually higher for microcalci-
fication clusters (95%–99%) than for masses (90%–95%), and 
may be negatively affected by small lesion size and high breast 
density (Sadaf et al. 2011). Not surprisingly, density appears to 
affect the detection of masses more, rather than microcalcifica-
tions. As observed in both mammography and DBT, the false 
positive rate for microcalcification clusters is considerably lower 
than for masses. Architectural distortions are a common weak 
spot for mammography CAD systems (Ciatto et al. 2004; Sadaf 
et al. 2011).

Due to the low disease prevalence in screening mammogra-
phy, initial retrospective reader studies relied on enriched data-
sets, yielding promising results, but also suffering from several 
biases, as reading conditions were considerably different from 
clinical practice. In the early 2000s, several prospective and ret-
rospective reader studies followed.

In a fairly recent meta analysis (Chersevani et  al. 2010), an 
Italian research team compared the results of 13 studies, includ-
ing both prospective, retrospective, and cohort studies. According 
to the authors, overall evidence consistently demonstrated that 
CAD-assisted reading outperformed unassisted reading, with 
an average 10% increase in cancer detection rate, at the accept-
able cost of a 12% increase in recall rate. Based on such initial, 
promising results, CAD has been recommended as a useful aid to 
conventional reading. In Europe, mammography CAD has so far 
had limited success, mostly because it has long been available in 
its troublesome analogic version (Chersevani et al. 2010). In the 
US, after the US Food and Drug Administration (FDA) approved 
computer-aided detection (CAD) for mammography in 1998, and 
the Centers for Medicare and Medicaid Services (CMS) provided 
additional reimbursement for CAD in 2002, the technology dis-
seminated rapidly, and is now used by most screening centers.

Nonetheless, a few researchers have been advocating against 
the use of CAD in screening mammography, after studies were 
published showing very little gain in detection rate, and a modest 
but statistically significant reduction in specificity (Fenton et al. 
2007). CAD was associated with an increase in detection rate 
of ductal carcinoma in situ (DCIS), rather than invasive cancer, 
which could be interpreted as earlier diagnosis, but could also 
lead to overdiagnosis and overtreatment; in part, this may be due 
to higher CAD sensitivity for microcalcification clusters (a sign 
typically associated with DCIS) than masses, with invasive can-
cers presenting predominantly as masses.

Available studies differ by countless factors including study 
design, diagnostic settings, reader experiences, and even tech-
nology, and this may partly explain why results are inconsistent.

Larger studies fall into two broad categories: cross-sectional 
or longitudinal studies. Longitudinal studies are retrospective 
and compare cancer detection rates between two time peri-
ods, before CAD was implemented and in the years thereafter. 
Cross-sectional studies are prospectively performed, comparing 

cancer detection for each patient with and without CAD, results 
recorded after each reading. Many of the most recent, larger 
studies are longitudinal, as it is easier to recruit patients, and 
CAD has by now been in use for several years. A recent com-
mentary by Nishikawa and Pesce (2009) challenged the assump-
tion (implicit in most available reviews and meta-analyses) 
that both study designs are essentially equivalent in assessing 
diagnostic performance. Interestingly, the perceived benefit of 
CAD was much larger in cross-sectional, rather than longitudi-
nal studies. It is expected that the higher sensitivity observed in 
cross- sectional studies (estimated to be around 10%) will result 
in higher detection rates once CAD is adopted in clinical prac-
tice and, hence, higher detection rates in longitudinal studies. 
However, Nishikawa and Pesce (2009) claim that the two popula-
tions compared in longitudinal studies are different, as screening 
mammography is repeated frequently (every 1 to 3 years depend-
ing on age, country, and adherence to screening guidelines) and, 
hence, missed lesions in one screening round are often found 
as larger, more conspicuous lesions in subsequent cycles. Any 
effective screening adjunct would reduce cancer prevalence in 
subsequent years in a screened population, because it reduces the 
number of cancers missed by radiologists, which effectively low-
ers the number of women with cancer in next screening round. 
Therefore, even if CAD were indeed to allow for earlier cancer 
detection, the observed increase in terms of increased detection 
rate would probably be minimal, but there could be, nonetheless, 
a relevant downstaging effect as cancers are detected at an ear-
lier stage; hence, change in size, stage, or nodal status of cancers 
detected by using CAD, compared with that in cancers detected 
without the use of CAD, has been advocated as a potentially more 
meaningful measure of CAD effect (Nishikawa and Pesce 2009).

In practice, clinical studies are complicated by several fac-
tors, including radiologists’ intraobserver and interobserver vari-
ability in interpretations, the radiologists’ ability to use CAD 
effectively, fluctuations in the number of women presenting with 
cancer each year, the frequency of mammography screening, the 
number of new women entering the screened population each 
year, the tumor growth rate, and so forth. These factors can either 
increase the variability of clinical performance estimates, bias 
the estimates (as confounding factors), or do both, depending on 
the experimental design. This added complexity makes it dif-
ficult to measure statistically significant changes in the cancer 
detection rate (or sensitivity), especially since disease prevalence 
is very low (4–5 cancers out of 1000 women) and, even in the 
most optimistic case, CAD would probably result in one addi-
tional cancer out of 1000 screened women.

In an attempt to explain conflicting results, several authors 
have sought to gain a better understanding of the interaction 
between CAD and radiology (Alberdi et al. 2005).

Most studies suggest that there is a clear benefit in using CAD 
in less experienced or low volume reviewers (Dromain et  al. 
2013), albeit less experienced radiologists may become over- 
reliant on CAD outputs. Proficiency with screening mammogram 
interpretation requires long hours of practice and training, more 
than most radiology specialties, and, while additional training 
with CAD is probably needed to ensure optimal performance, 
there is no consensus on how to implement such training.

Despite advances in technology, with false positive rates as 
low as two false positives per screened case (Yang et al. 2007; 
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The et al. 2009), disease prevalence is so low that, for each addi-
tional cancer detected with the aid of CAD, the radiologist has to 
discard thousands of false positives, which can be perceived as 
confusing or troublesome by the less experienced radiologist, or 
an unnecessary burden by the more experienced ones.

Moreover, perception studies suggest that errors due to incom-
plete search patterns, as currently targeted by most CAD software, 
are only a minor source of diagnostic error in mammography, 
where determining which subtle abnormality actually warrants 
a recall for further examination is a complex visual task. CAD 
vendors may have added to the confusion by marketing CAD 
systems as search aid tools, but also providing interpretation aids 
such as variable size markings that reflect the prominence or 
confidence that a potential lesion is present (Gilbert et al. 2008). 
While vendors generally advise against using CAD marks as an 
interpretation aid, there is anecdotal evidence that radiologists 
may rely on the presence or absence of a CAD mark in deciding 
whether to recall a patient or not, assuming that CAD low speci-
ficity also implies a high negative predictive value.

Finally, it should be noted that technology has come a long 
way since the first CAD studies were published: several stud-
ies were conducted on screen-film mammography, but the intro-
duction of digital mammography has remarkably changed the 
scenario by improving both radiologist and CAD performance, 
as well as streamlining CAD application. Digital breast tomo-
synthesis is further increasing radiologists’ sensitivity, but at the 
expense of a twofold increase in reading times; CAD could play a 
significant role in streamlining image interpretation, as for other 
3D imaging modalities such as virtual colonoscopy and lung CT 
(Morra et al. 2015).

Despite having reached relatively widespread use in clinical 
practice, at least in the US, and showing promising results in 
several clinical studies, the exact role of CAD in breast imag-
ing is still the subject of intensive debate and a very active field 
of research (Qian et  al. 2015). Efforts to improve the technol-
ogy are ongoing, reducing the false positive rate, incorporating 
patient-wise information to improve overall performance, and 
focusing more on the interpretative issues in breast radiology. 
A few research groups are also tackling the issue of improving 
the CAD-radiologist interaction. In a recent development, Hupse 
et  al. 2013 and colleagues have designed an interactive CAD 
interface in which CAD marks and their associated detection 
scores remain hidden unless their locations are queried by a radi-
ologist (Hupse et al. 2013); the radiologist can click on any area of 
interest on the image and receive feedback from the software, the 
idea being that it would be used mostly as an interpretative aid.

59.4.2.1 CAD as an Alternative to Double Reading

It is well established that double reading of screening mammo-
grams yields an incremental cancer detection rate of between 5% 
and 14% (Chersevani et  al. 2010), with an average increase in 
recall rate of about 28.8%. Double reading, while less common 
in the US, is mandated by most European guidelines to improve 
mammography accuracy; however, it significantly increases the 
organizational and financial costs of screening mammography. 
Uncontrolled comparison suggests that CAD-assisted reading 
could perform almost as well as double reading, in terms of 
sensitivity, with a much lower increase in specificity; up to date, 

four controlled studies have sought to establish their equivalence 
(Azavedo et al. 2012).

The Computer-Aided Detection Evaluation Trial (CADET) 
deserves special mention as the study with probably the most 
robust unbiased design (Gilbert et  al. 2008). The authors 
observed substantial equivalence of single reading + CAD 
(ImageChecker, R2 technology) and conventional double read-
ing as to cancer detection rate, thus confirming the results of 
uncontrolled comparisons; cancer detection rates were 7.02 and 
7.06 per 1000 subjects (p = 0.89, with recall rates equal to 3.9% 
and 3.4% (p < 0.001), for CAD-assisted and double reading, 
respectively. All readers (17 radiologists and eight radiographers) 
were experienced in digital mammography, and underwent spe-
cific CAD training.

However, results from other studies were not equally favorable. 
Due to differences in study design, sample size, reader training, 
and other confounding factors, at the moment the evidence is not 
deemed sufficient for CAD to replace double reading. Chersevani 
et al. (2010) argue that, since double reading involves two radi-
ologists with different individual diagnostic criteria and different 
aptitudes for detecting specific morphological features, the smaller 
incremental recall rate observed with single reading + CAD 
could have a simple explanation: in CAD-assisted reading, it is 
the same radiologist, who adopts the same morphological criteria 
for suspicion, that interprets the areas selected by CAD for review, 
and this translates to a lower incremental recall rate.

Nonetheless, as technology further improves, this remains a 
very promising application for CAD, at least in the European 
scenario, as it would entail a dramatic reduction in screening 
costs and organizational complexity.

59.4.3  CT Colonography: CAD in Diagnostic 
and Screening Settings

CT colonography is a recent arrival to CAD, but could represent 
one of its most fruitful applications in the future. Historically, 
the first CAD systems for CT Colonography were developed in 
the early 2000s. In 2001, Yoshida and Nappi published a paper 
introducing the use of the shape index and curvature for the 
segmentation of polyp candidates (Yoshida et al. 2002). In the 
following years many technical papers were published present-
ing various improvements in the field of digital cleansing and 
CT Colonography CAD. In the meantime, less invasive fecal 
tagging modalities were being investigated in the clinical field 
(Campanella et al. 2010), and fervent research on the performance 
of CT Colonography as an alternative modality for the investiga-
tion of colorectal neoplasia was being carried out (Johnson et al. 
2008; Regge et al. 2009; Halligan 2013). Summers et al. (2005) 
published a large standalone validation of a CAD system on over 
1000 asymptomatic subjects achieving an 89% sensitivity in the 
detection of lesions greater or equal to 1 cm, with just 2.1 false 
positives marks per patient.

Retrospective studies investigating the impact of CAD on 
clinical diagnosis with different reading paradigms followed, 
demonstrating the potential clinical usefulness of CAD in CT 
Colonography.

Second reader CAD was shown to be most beneficial when 
adopted by less experienced readers; radiologists relatively unfa-
miliar with CT Colonography (CTC) have lower detection rates 
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and their gain when using CAD is larger than for experienced 
readers (Halligan et al. 2006). Baker et al. (2007) showed that, 
for polyps of 6 mm or larger, second CAD improves detection 
of readers with some or no experience in CTC reporting from 
81% to 91%. These authors also found that CAD second read 
increases the detection of intermediate size polyps. Recently, 
Halligan et  al. (2011) demonstrated that second reader CAD 
also benefits the experienced CTC reader, finding that mean per-
polyp sensitivity for polyps of 6 mm or larger increased on aver-
age by 9%. Regge et al. (2013) described the results of the first 
multicenter trial which prospectively demonstrated that the use 
of CAD increased reader sensitivity in clinical practice, with-
out clinically unacceptable decreases in specificity, results con-
firmed by further work thereafter.

In 2014, the CT Colonography Working Group, a multinational 
European panel composed by known opinion leaders, issued an 
update on guidelines for quality standards in CTC (Neri and 
CT Colonography Working Group 2013). To develop the recom-
mendations, four different working groups tackled four different 
areas key to quality assurance in CTC: bowel preparation and 
tagging, insufflation and scanning protocols, reading, and report-
ing. Important updates with respect to the preceding consensus 
statement issued in 2007 included the recognition of the useful-
ness of CAD. In this position paper, the use of second reader 
CAD in CT Colonography is recommended.

Given the high sensitivity achieved by commercial CAD sys-
tems, further research was devoted to evaluating the effectiveness 
of a modified first reader CAD paradigm (named double read, 
first reader CAD), in which an initial assessment of CAD candi-
dates was followed by a fast two-dimensional review to exclude 
colonic masses. Iussich et  al. (2014) showed that double read 
first reader CAD is equally effective and more time efficient in 
detecting patients with 6-mm or larger lesions than second reader 
CAD. Furthermore, they found that this paradigm appeared to 
be statistically significantly more accurate than the unassisted 
reading and that the CAD-related increase in sensitivity was not 
associated with a relevant reduction in specificity, further sup-
porting the efficiency and cost-effectiveness of CAD-assisted 
paradigms in a screening setting. Following this validation, the 
paradigm has been successfully applied in two large multicenter 
randomized controlled trials, the SAVE and Proteus COLON tri-
als, that provided information about participation/acceptability, 
diagnostic yield, and costs of screening with CAD-assisted CTC 
(CAD COLON, im3D, Torino) in comparison with the recom-
mended fecal occult blood test (FOBT), optical colonoscopy, and 
flexible sigmoidoscopy (Regge et  al. 2016; Sali et  al. 2016). If 
these positive outcomes are confirmed by future clinical applica-
tions, the availability of vast datasets and the incentive of large 
scale application associated with screening will undoubtedly be 
a future driver of further CT Colonography CAD improvement.

59.5 Current Research and Future Developments

The field of Computer-Aided Detection/Diagnosis is still 
attracting considerable interest from the research community. 
A plethora of different algorithms and applications have been 
developed both at the academic and industrial levels. CAD sys-
tems for the detection of several abnormalities, such as polyps in 

CT Colonography images and cancerous lesions in digital breast 
images, have been successfully validated in large, prospective 
clinical trials, and have proven beneficial in increasing sensitiv-
ity, reducing inter-operator variability, and decreasing radiolo-
gists’ workload. Nonetheless, improving diagnostic performance 
has proven a more difficult task than perhaps anticipated, espe-
cially in applications such as breast imaging where interpreta-
tive errors play a more significant role than perceptual oversight. 
Evolution of CAD technology is driven by several factors, such as 
evolution in diagnostic imaging techniques (e.g., dose reduction) 
and availability of novel, high dimensional imaging modalities; 
improvements in CAD sensitivity and specificity; the increas-
ing importance of providing CADx capabilities; the availabil-
ity of increasingly large image databases; advances in Artificial 
Intelligence techniques; and, finally, the global effort towards 
personalized screening and treatment (Precision Medicine).

Notably, while most commercial applications are explic-
itly marketed as CADe methods, also due to lower regulatory 
requirements from notified bodies, the research community is 
gradually shifting towards researching and implementing CADx 
methodologies. This entails not only developing or improving 
existing methods to provide a malignancy score to potential 
lesions, but also to design new and innovative ways in which 
users can interact with CAD. Developers must strive to also 
improve its perceived effectiveness by the radiologist, otherwise 
readers will not put the appropriate level of confidence in evalu-
ating CAD prompts and suggestions. Integration of image and 
contextual information, as well as information from multiple 
images and/or time series, will bring technology a further step 
towards extensive automated analysis. For instance, in breast 
screening, normally four projections per view are acquired: CAD 
systems available in clinical practice process each view indepen-
dently, while there is growing evidence that combining MLO 
and CC views can improve CAD performance (Kim et al. 2013). 
However, while technology may evolve fast, it is likely that CAD 
applications with “stronger” intended uses will be regulated as 
high risk devices (class II/III), and will require extensive testing 
to prove their effectiveness before they can be used in clinical 
practice.

In recent years, the fields of Artificial Intelligence and com-
puter vision have greatly evolved. One of the most recent break-
throughs in the field of machine learning has undoubtedly 
been the development of Deep Learning techniques (LeCun 
et al. 2015), a set of algorithms (such as Convolutional Neural 
Networks and auto-encoders) that attempt to produce a low 
dimensional representation of a high dimensional input by using 
deep graphs with multiple processing layers. Neural networks 
have been in use since the 1960s, but previous training algo-
rithms allowed only for a limited number of intermediate layers 
and, hence, relied mostly on hand-crafted feature extractors to 
boost system performance.

Deep learning  and advances in machine learning are rapidly 
changing the way CAD systems are designed and implemented. 
First, deep learning can directly uncover low- and high level 
features from the training data and, hence, the effort of explicit 
elaboration on feature extraction can be significantly alleviated. 
The neuron-crafted features may compensate and even surpass 
the discriminative power of conventional feature extraction 
methods; consequently, the feature selection process will be 
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significantly simplified. Second, the three steps of feature extrac-
tion, selection, and supervised classification can be realized 
within the optimization of the same deep architecture; similarly, 
deep learning architecture can be applied to the task of detecting 
potential abnormalities, without performing an intermediate seg-
mentation step. Ongoing research will establish to what extent 
deep  learning outperforms, or complements, existing methods 
(Cheng et al. 2016; Kooi et al. 2016). Several examples of deep 
learning applications in digital mammography are presented in 
Chapter 60 of this book.

Interesting connections can also be drawn to other  rapidly 
emerging fields in medical image research, such as those 
of Quantitative Image Analysis (QIA), Radiomics, and 
Radiogenomics (Gillies et al. 2016).

There is no doubt that computerized medical image analy-
sis can enable the extraction of quantitative and reproducible 
features to characterize lesions, formulate diagnosis and treat-
ment plans, and assess individual risk. Modern CT, magnetic 
resonance (MR), positron emission tomography (PET), and PET/
CT units allow for wide variations in acquisition and image 
reconstruction protocols, and standardization of these protocols 
across medical imaging centers is typically lacking. This is gen-
erally not a problem in the routine identification of radiologic 
features used in clinical practice (Keavey et al. 2012); efforts at 
standardization have generated several standard lexicon, such 
as the BI-RADS, prostate imaging reporting and data system 
(PI-RADS), and Lung-RADS, that have been shown to be fairly 
reproducible across systems or, at the very least, interobserver 
variability is much greater than variability induced by differ-
ences in imaging equipment and protocols.

However, when images are analyzed numerically to extract 
meaningful data, variations in acquisition and image recon-
struction parameters can introduce changes that are not due to 
the underlying biologic effects. This issue has been well rec-
ognized in the emerging field of quantitative imaging, and has 
been addressed by several initiatives. The Quantitative Imaging 
Network is a cooperative network initiated by the National 
Cancer Institute, with the goal of developing quantitative imag-
ing methods that improve the effectiveness of clinical trials 
of new cancer therapies (Clarke et  al. 2014). The Radiological 
Society of North America (RSNA) and the National Institute 
for Biomedical Imaging and Bioengineering have sponsored 
the Quantitative Imaging Biomarkers Alliance (QIBA) (Buckler 
et al. 2011), with the goal to industrialize quantitative imaging by 
bringing together the entire spectrum of groups involved in its 
development and implementation.

Although semantic features are commonly used by radiolo-
gists to describe lesions, their descriptive, qualitative, and sub-
jective nature allow for a crude representation of the underlying 
biology. On the contrary, quantitative descriptors can be locally 
derived by computing first-, second-, or higher-order statistics 
from individual image regions. First-order statistics describe 
the distribution of values of individual voxels independently of 
spatial relationships, and are derived from the intensity histo-
gram. Second-order statistical descriptors are generally denoted 
as “texture” features, and can provide measures of intratumoral 
heterogeneity. Higher-order statistical methods include fractal 
analysis, wavelets, and other transforms. Other common features 
include size, volume, and shape descriptors. In published works, 

up to 700 different features have been extracted from a single 
image region, yielding a tremendous amount of information.

The concept that biomedical images contain information that 
reflects underlying pathophysiology, and that these relation-
ships can be revealed via quantitative image analyses, moti-
vates the development in the growing Radiomics field. Both 
radiomics and CAD rely on similar intermediate steps, such as 
lesion segmentation (although radiomics may employ manual 
or semi-automatic segmentation to maximize accuracy) and 
feature extraction. Many issues related to CAD performance 
assessment, that have been discussed in Section 59.3, apply 
to quantitative image analysis as well. Unlike CAD though, 
which is directed towards a precise diagnostic task (i.e., assess-
ing the presence of a lesion or cancer on an individual patient), 
the radiomics process is designed to extract a large number of 
quantitative features from digital images, place these data in 
shared databases along with other relevant patient character-
istics including genomic data, and subsequently mine the data 
for hypothesis generation, testing, or both. Similarly to CAD, 
radiomics have seen the major developments in oncology appli-
cations, because of support from the National Cancer Institute 
(NCI) Quantitative Imaging Network (QIN) and other initia-
tives from the NCI Cancer Imaging Program. While radiomics 
primarily grew out of basic research, as a technique for explor-
atory data analysis and hypothesis generation, applications in 
clinical practice are starting to emerge. For a clinical radiolo-
gist, radiomics has the potential to help with the diagnosis of 
both common and rare tumors, assess tumor aggressiveness and 
prognosis, and evaluate treatment plans. A major strength of 
the radiomics approach is the possibility to measure and visual-
ize tumor heterogeneity; most clinically relevant solid tumors 
are highly heterogeneous at the phenotypic, physiological, and 
genomic levels, and genomic heterogeneity within tumors and 
across metastatic tumor sites in the same patient is a major 
cause of treatment failure and emergence of therapy resistance. 
For a more comprehensive understanding of the challenges and 
opportunities in radiomics, the interested reader may refer to the 
survey by Gillies et al. (2016).

Certainly, recent advances in the fields of Computer-Aided 
Diagnosis, Radiomics, and Quantitative Image Analysis both 
share a common pursuit which is that of Precision Medicine. The 
concept of precision medicine—prevention and treatment strat-
egies that take individual variability into account—is not new, 
but is now rapidly advancing thanks to developments in enabling 
technologies such as large scale biologic and clinical databases, 
powerful methods for characterizing patients, and computational 
tools for analyzing large sets of data. Precision medicine is being 
rapidly embraced by biomedical researchers, pioneering clini-
cians, and scientific funding programs in both the European 
Union (EU) and the US (Collins and Varmus 2015; Duffy 2016). 
Consequently, we envision that the role of computerized medical 
imaging analysis in cancer risk assessment, detection, diagnosis, 
and treatment will continue to expand.
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60
Computer Analysis of Mammograms

Chisako Muramatsu and Hiroshi Fujita

60.1 Introduction

Studies on computer analysis of medical images began in the 
1960s (Winsberg et  al. 1967). However, extensive research 
under the concept of computer-aided diagnosis (CAD) on mam-
mograms and other medical images started in the 1980s (Chan 
et  al. 1987, 1988) (see Section IV, Chapter 59). Since the first 
FDA approval of the commercial system and the Medicare reim-
bursement, computer-aided detection (CADe) systems for breast 
masses and microcalcifications on mammograms have been 
widely used in clinical practice. Many studies have been pub-
lished on the utility of CADe in prospective studies (Freer and 
Ulissey 2001; Birdwell et al. 2005). On the other hand, research 
topics have been shifted from lesion detection to lesion classifi-
cation, density measurement for cancer risk analysis, prognostic 
estimation for treatment response, and development of digital 
and 3D phantoms. In this chapter, we introduce recent broad 
research topics on computer analysis of mammograms.

60.2 Lesion Segmentation and Classification

One of the problems in breast cancer diagnosis is the difficulty in 
distinguishing between benign and malignant lesions on mam-
mograms. Assisting radiologists in reduction of false positive 
recalls and biopsies is a challenge medical image analysts have 
faced. A large number of studies have been published on com-
puter-aided diagnosis/classification (CADx) of breast lesions. 
There are several review papers on CADx schemes (Cheng et al. 
2006; Rangayyan et  al. 2007; Elter and Horsch 2009; Jalalian 

et al. 2013). Readers should refer to these articles and the origi-
nal papers for specific approaches. A general schematic flow 
includes the lesion segmentation, feature extraction and lesion 
classification. For classification of breast masses, the shape and 
margin characteristics are two important features, whereas, for 
microcalcifications, the shape of individual microcalcifications 
and their variation as well as the cluster distribution are impor-
tant characteristics. Naturally, lesion segmentation is one of the 
major components in classification schemes.

There have been many studies investigating the computer-
ized schemes for mass segmentation on mammograms. Oliver 
et  al. (2010) provided a comprehensive review on such algo-
rithms. Advantages and disadvantages of different segmentation 
methods are described in Cheng et  al. (2006). In their review, 
the segmentation techniques are grouped into four types, that is, 
region-based methods, contour-based methods, clustering meth-
ods and model-based methods. Typical region-based techniques 
include region growing methods (Zucker 1976) and watershed 
methods (Beucher and Lenteuejoul 1979). The region growing 
method is a classic algorithm which expands a seed region by 
including the neighbor pixels with a specific criterion (generally 
pixel values). In region growing methods for mass segmentation, 
gradient or edge information was often used as an additional 
stopping criterion (Barman and Granlund 1994; Kupinski and 
Giger 1998; Petric et al. 1999). In some studies, a probabilistic 
model approach was also incorporated (Kupinski and Giger 
1998; Marti et al. 2003; Kinnard et al. 2004). Other groups inves-
tigated improving the seed point placement (Zheng et al. 1995; 
Qi and Snyder 1998; Zhang et al. 2004).

Active contour models (Snakes) (Kass et  al. 1988) and level 
sets (Osher and Sethian 1988) are the major contour-based 
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segmentation algorithms. An initial rough outline is iteratively 
adjusted to the probable location. Several groups investigated 
such optimization algorithms for precise segmentation of masses 
(Kobatake et  al. 1999; Sahiner et  al. 2001; Allen et  al. 2003; 
Nakagawa et al. 2004; Timp and Karssemeijer 2004; Yuan et al. 
2007; Shi et al. 2008). The common clustering methods include 
the k-means (MacQueen 1967) and fuzzy c-means (FCM) 
(Bezdek 1981) algorithms. These rather simple methods, some-
times combined with other techniques, were employed for the 
mass segmentation in relatively earlier studies (Sahiner et  al. 
1996; Li et al. 1997).

The model-based techniques by the definition by Oliver et al. 
(2010) (Cheng et al. 2006) include ones involving a training stage. 
One of the most common techniques is template matching. The 
templates can be the actual sample images or the probabilistic or 
statistical models. The studies using such an approach, however, 
generally aimed at detecting the masses rather than segmenting 
the lesions. Similarly, other model-based techniques involving the 
training of classifiers, such as neural networks, were intended to 
classify regions of interest as containing an abnormality or not.

More recently, Tao et  al. (2010) proposed a learning-based 
segmentation scheme involving pixel classification and a graph-
cut algorithm. The image features from sub-patches of mass and 
non-mass images were used to train a linear discriminant analysis 
classifier along with Gaussian mixture model to obtain a pixel-
level probability map. By applying the Otsu thresholding method 
to the probability map, the mass candidate region is obtained. 
On the other hand, spicules were detected using Gaussian tem-
plates. Finally, the graph cuts algorithm was employed to inte-
grate all information to obtain the segmentation mask. Cordeiro 
et al. (2016) proposed a modified GrowCut algorithm to segment 
masses. Unlike the regular GrowCut, one seed point at the center 
of mass was selected by an operator, and Gaussian functions were 
employed as fuzzy membership degrees in updating the cells.

Rahmati et  al. (2012) used gamma functions to model the 
intensity of foreground (mass) and background of a region of 
interest. Using a level set algorithm, mass contour is iteratively 
adjusted to maximize the likelihood function, which is the prod-
uct of the inner and outer probability distributions modeled by 
the gamma function. Abbas et al. (2013) proposed a mass seg-
mentation algorithm based on multiscale features and maximum 
a posteriori (MAP) estimation. From a multiscale decomposi-
tion image by a steerable-pyramid transform, local texture fea-
tures are determined by a Gaussian Markov Random Field and 
employed as prior probabilities. For posterior probability, the 
fuzzy c-mean clustering method is applied to the energy features 
extracted from the decomposition image. Finally, the mass out-
line is obtained by MAP optimization.

Some investigators continue to explore improving classical 
methods. Berber et al. (2013) proposed a region growing method 
with an adaptive threshold based on size restriction. Using the 
result of Otsu’s thresholding, the threshold value of the region 
growing is adjusted to prevent under- or oversegmentation. Xu 
et al. (2011) proposed a watershed method controlled by internal 
and external markers, in which a lesion boundary is limited in a 
band region determined by a template matching.

Microcalcification segmentation methods are reviewed in 
Elter and Horsch (2009). Some of these methods are designed to 
enhance calcifications for detection rather than to obtain precise 

outlines, which can be difficult because of their size. For clas-
sification of microcalcification clusters, the shape of calcifica-
tion, such as round or linear, and the variation in shape for a 
cluster (pleomorphic shape) are important features. In earlier 
studies, individual calcifications were delineated by region 
growing using manual seed points (Shen et al. 1994; Jiang et al. 
1996). With the proposed various enhancement techniques, the 
enhanced microcalcifications can be segmented by rather sim-
ple approaches. Nakayama et al. (2004) applied a filter bank to 
enhance microcalcifications, which were then segmented by a 
thresholding technique.

Similar techniques used for mass segmentation have also been 
applied for microcalcification, such as the adaptive threshold-
ing (Moradmand et al. 2011), region growing (Shanmugavadivu 
and Narayanan 2013) and watershed (Moradmand et  al. 2011; 
Marrocco et al. 2012). Fu et al. (2005) proposed a segmentation 
method by lesion enhancement using a top-hat filter followed by 
edge detection using Sobel and Canny filters. Use of active con-
tour methods was investigated by Liu et al. (2015) and Arikidis 
et al. (2015).

After a mass lesion is segmented, various features are deter-
mined. Tan et al. (2014) investigated different types of features 
and their potential utilities, based on the frequency of the features 
being selected in a 10-fold cross-validation experiment. In their 
study, the features that were frequently found useful were related 
to mass shape, isodensity and the presence of fat. In general 
CADx schemes for masses, shape-related features can include, 
but are not limited to the area, average diameter, largest diam-
eter, ratio of two largest perpendicular diameters, circularity, 
irregularity, compactness and eccentricity. Although definitions 
may vary among studies, they describe mass shapes as radiolo-
gists describe them, by using the Breast Imaging Reporting and 
Data System (BI-RADS).

The features characterizing the lesion margin are often con-
sidered for detection and classification of spiculated lesions, 
such as radial edge gradient (Huo et  al. 1995), line orienta-
tion (Karssemeijer and te Brake 1996), and linear structures 
(Zwiggelaar et  al. 2004). Density-related features describe 
another important characteristic, which may include contrast, 
variance in pixel values, and histogram-based features. Various 
texture features have been investigated by a number of research-
ers, which include ones based on the gray level occurrence 
matrix (Sahiner et  al. 1998; Mudigonda et  al. 2000; Lim and 
Er 2004; Gupta and Markey 2005; Mavroforakis et  al. 2006; 
Mohanty et al. 2013), gray level run length (Sahiner et al. 1998; 
Mavroforakis et al. 2006; Mohanty et al. 2013), and local binary 
patterns and their variants (Choi and Ro 2012; de Sampaio et al. 
2015; Gardezi and Faye 2015; Liu and Zeng 2015; Masmoudi 
et al. 2015; Muramatsu et al. 2016).

For calcification classification, the calcification distribu-
tion, as mentioned earlier, is one important feature. It can be 
described by cluster shape features, such as the area, perimeter, 
circularity, eccentricity and orientation. The number of micro-
calcifications and their concentration, or the number per unit 
of area, are other possible features. For describing individual 
microcalcifications, the statistics are often calculated, which 
include the means and standard deviations of sizes, pixel values, 
contrasts, and irregularities. Note that these features are only 
some examples.
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Finally, lesions can be classified into benign or malignant, 
based on the extracted features, using various classifiers. A num-
ber of classifiers and combinations of them have been applied 
to breast lesion classification. Some of these algorithms include 
linear and quadratic discriminant analyses, artificial neural net-
work (ANN), support vector machine (SVM), k-nearest neigh-
bor (kNN), decision tree (DT), random forest, and adaboost. A 
feature selection step may be added before entering them into 
the classifiers. Some of the common feature selection methods 
are forward or backward selection, step-wise selection, genetic 
algorithm, and principal component analysis.

60.3 Interactive CAD

There are different types of errors in image reading. CADe sys-
tems are intended to reduce perception or recognition errors; 
radiologists should not dismiss their initially suspected lesions 
just because the system did not mark them. On the other hand, 
radiologists may make interpretation errors, in which radiolo-
gists recognize the lesions but fail to recall them. Even when 
a system prompts the lesions, the correct CADe marks may be 
dismissed by radiologists. One reason for this could be due to 
too many false positive marks provided by the CADe systems, 
especially for mass lesions, so that radiologists lose confidence 
in them. In general, CADe algorithms output probabilities or 
continuous values. However, these outputs are dichotomized to 
“present” or “absent” by a prespecified threshold value. A very 
suspicious lesion and a marginal lesion are presented in the same 
way to users.

In assisting to reduce interpretation errors, some commercial 
CAD systems now provide (with limited distributions) additional 

information, such as the suspiciousness of lesions, size of lesions, 
morphology of masses, and the number of microcalcifications. 
For the same objective, Hupse et  al. (2013) proposed a system 
that provides detection marks only when requested by a user’s 
click on queried regions with the suspiciousness scores, which 
they called an interactive CAD, as shown in Figure 60.1. The 
utility of the system was evaluated by the observer study, in 
which radiologists interpreted mammograms unaided, with 
regular CADe prompts and with interactive CAD. The results 
using localization receiver operating characteristic (ROC) analy-
sis showed the superiority of the performance by the radiologists 
with interactive CAD compared to the unaided and with regular 
CAD performances.

60.4 Image Retrieval

Another type of supplemental information potentially useful in 
the CAD framework is reference images. Although CADx sys-
tems which provide the likelihood of malignancy are considered 
helpful, as supported by previous studies (Chan et al. 1999; Jiang 
et al. 1999; Huo et al. 2002b), their potential is not fully appreci-
ated. The CADx systems are not yet matured enough to win the 
confidence of radiologists, and radiologists may be reluctant to 
use the probability without evidence. One solution is to provide 
the morphology information, as mentioned earlier, another is 
to present similar cases with known outcomes from a reference 
library.

Content-based image retrieval methods have been actively 
studied for a couple of decades in the field of computer vision and 
medical informatics. For assisting breast lesion classification, Qi 
and Snyder (1999) investigated an image retrieval of masses on 

FIGURE 60.1 An illustration of interactive CAD system. Suspiciousness scores are provided upon user’s request. (Figure provided courtesy of 
N. Karssemeijer.)
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mammograms based on feature vector distance between a query 
and images in the archive. Sklansky et  al. (2000) proposed a 
mapped-database system, which provides a biopsy recommenda-
tion and a relational map of a query and images in the database 
using a visual neural network for microcalcification clusters, 
as shown in Figure 60.2. Giger et al. (2002) developed a simi-
lar image retrieval system, called an intelligent workstation, 
as illustrated in Figure 60.3, which provides the likelihood of 
malignancy of a query mass and selects similar images on the 
basis of a single feature, multiple features or the likelihood of 
malignancy.

For retrieving visually similar and clinically relevant images, 
Muramatsu et  al. (2005, 2008) proposed a machine learning 
method, in which an ANN was trained to learn the relation-
ship between the image features and the similarities of pairs 
of masses and pairs of microcalcification clusters. The Gold 
Standard of image similarities was the subjective similarity 
ratings determined by expert radiologists and the estimated 
similarity outputs from the trained network were called the 
psychophysical similarity measures. Figure 60.4 illustrates the 
schematic diagram of the training procedure. In their later study, 
a multidimensional scaling (MDS) (Muramatsu et  al. 2013) 
analysis was incorporated to map the similarity relationship of 
sample lesions and the ANN was employed to model this simi-
larity space, as illustrated in Figure 60.5, for improving the sim-
ilarity estimation. Observer study results indicated the potential 
usefulness of presenting reference images and similarity map 

as a visual aid (Figure 60.6) for distinction between benign and 
malignant masses.

Similarly, El-Naqa et  al. (2004) investigated the machine 
learning approach to retrieve similar clustered microcalcification 
lesions. They proposed a two-stage procedure, in which coarse 
selection was made by a regular classifier in the first stage and 
more refined selection was performed on the basis of similarity 
learning in the second regression stage. A Fisher discriminant 
and SVM classifiers were considered for the first stage. For the 
second stage, ANN and SVM were tested to learn the relation-
ship between the image features and subjective scores, based on 
the calcification distribution. Their experimental result showed 
that the use of SVM in both stages provided the best perfor-
mance among other combinations and single-stage SVM.

Zheng et al. (2006) proposed an image retrieval scheme, which 
included an “interactive” step. For selecting visually similar 
images, reference images were preselected on the basis of the 
closeness of subjective margin ratings (±1 of nine scales) before 
the final selection was made by using a kNN algorithm. More 
recently, they proposed the new interactive CAD system, which 
combines interactive cueing and image retrieval approaches 
(Wang et  al. 2012). The system first outputs the conventional 
detection prompts and users can query any regions, regardless 
of the presence of the original prompts, where the system then 
analyzes and searches for similar images. Based on the retrieved 
images, the system determines the malignant likelihood score. 
The final outputs are the detection score, the likelihood score, 

FIGURE 60.2 User interface of mapped-database system. (Reprinted from Academic Radiology 7 Sklansky et al. Computer-aided case-based diagnosis of 
mammographic regions of interest containing microcalfications. 395–405. Copyright 2000, with permission from Elsevier.)
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FIGURE 60.3 User interface of intelligent workstation for breast CAD. (Figure provided courtesy of M. Giger.)

Training samples

Radiologists

Image features

Average subjective
similarity ratings

0.90 ...

ANN

Teacher data

FIGURE 60.4 Schematic diagram of the training of an artificial neural network for determination of psychophysical similarity measure.
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and the retrieved similar images, which could be malignant 
masses, benign masses or CAD-detected false positive regions, 
as a visual aid (Figure 60.7).

Kinoshita et  al. (2007) proposed visual features to retrieve 
similar mammograms with comparable breast density levels. 
Tourassi et  al. (2007) used the retrieved similar images based 
on mutual information for classification of masses and normal 
breast tissues. In their later study (Habas et al. 2007), they pro-
posed the use of retrieved similar images for assessing the reli-
ability of CAD results. Jing et al. (2012) proposed to use retrieved 
images in optimizing the classifier, by putting more emphasis on 
those that are similar to a query case for classification of clus-
tered microcalcifications.

60.5 Density Measurement and Risk Assessment

It has been reported that the mammographic density is strongly 
associated with the breast cancer risk (Byng et al. 1998; Boyd 
et  al. 2007). According to BI-RADS, mammographic density 
patterns can be classified into four categories, namely, almost 
entirely fatty, scattered fibroglandular densities, heterogeneously 
dense and extremely dense, based on the breast tissue compo-
sition. Hence, researchers have been investigating the comput-
erized methods to segment fibroglandular tissue, estimate the 
percentage of dense tissue and/or classify mammograms into 
four density categories for estimating the breast cancer risk.

Byng et al. (1996) proposed a computerized method to analyze 
mammograms using the brightness histogram and fractal dimen-
sion. They found that these objective measures strongly correlate 
with the subjective classification by radiologists. Later they pro-
posed an automatic measurement of volumetric breast density 
using a step wedge calibration phantom based on a 2-component 
model, in which breast is composed of fibroglandular tissues, 
including skin and blood vessels, and fatty tissues (Pawluczyk 
et al. 2003).

Zhou et al. (2001) proposed an automated method to estimate 
breast density by histogram analysis. First, they segmented 
the breast region from mammograms and applied an adaptive 
dynamic range compression technique to enhance the gray level 
histogram of the breast regions. Based on the histogram features, 
mammograms were classified into four classes. Finally, a thresh-
old value for each image was automatically determined to seg-
ment the dense tissue for estimating the percentage of the dense 
tissue area, as shown in Figure 60.8.

Saha et al. (2001) investigated an automatic method to segment 
dense tissue using a scale-based fuzzy connectivity method for 
quantification of breast tissue density. Oliver et al. (2008) devel-
oped a breast tissue classification method that includes segmen-
tation of dense tissue using fuzzy c-means clustering, extraction 
of morphological and texture features and a classification based 
on Bayesian combination of kNN and DT classifiers. Apart from 
density measurement, Huo et al. (2002a) and Li et al. (2005) ana-
lyzed mammographic density patterns by extracting the texture 

Training samples
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similarity map
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ANN
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FIGURE 60.5 Schematic diagram of training phase for MDS-based similarity measure.

FIGURE 60.6 User interface for CAD using reference images and similarity map.
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features for identifying women with breast cancer risk who were 
BRCA1 and BRCA2 gene mutation carriers.

In the US, breast density notification laws have been passed in 
27 states and are in the process of being put into effect in eight 
states (as of May 2016). These laws basically require physicians to 
notify women with dense breasts who have undergone mammogra-
phy examination that they may be associated with an increased risk 
of breast cancer. These laws may have played a part in increased 
need for automated density analysis software. Several vendors 
now provide commercial software, such as Quantra by Hologic, 
Inc., Marlborough, MA, VolparaDensity by Volpara Solution, 
Wellington, New Zealand and iReveal by iCAD, Inc., Nashua, NH.

60.6 Digital/Simulated/Mathematical Phantoms

Optimization of image quality and patient dose is an important 
issue in evaluating new imaging devices. The modern devices, 
such as breast tomosynthesis and dedicated breast CT, have a 
number of parameters that should be optimized. For a new 

device approval, a large clinical imaging trial is required, which 
is quite laborious. In the preclinical laboratory studies, vari-
ous phantoms, such as ACR phantom (a mammography phan-
tom accredited by American College of Radiology) and contrast 
detail phantom, are used for evaluating different systems and 
parameters (see Section IV, Chapter 56). Although obtaining 
real clinical images is preferable, such studies are limited by the 
cost, time, and radiation to subjects. Similarly, for development 
and evaluation of new CAD software, it is desirable to have large 
datasets. For assessing the clinical utility, observer studies are 
often conducted, in which case selection is essential. However, 
collecting cases having specific types of lesions with various 
subtleties at arbitral locations in breasts with different densities 
is extremely difficult. An alternative approach would be design-
ing realistic simulation phantoms (see Section IV, Chapter 57).

Bakic et al. (2002) proposed a mammography simulation con-
sisting of three components: a 3D breast phantom consisted of 
two ellipsoidal regions of large-scale adipose tissue and fibro-
glandular tissue and the internal structures of adipose compart-
ments and ductal network; a compression model based on tissue 

FIGURE 60.7 An example of an interactive CAD system by Wang et al. (2012) showing original mammograms, images with CAD-cueing results and sets 
of selected reference images from left to right columns.
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elasticity and a breast deformation model; and an image acquisi-
tion model assuming monochromatic X-rays with a parallel beam 
geometry. They later proposed an efficient algorithm to generate 
high resolution phantoms (Pokrajac et  al. 2012). Further, they 
incorporated a partial volume simulation to allow voxels with 
multiple tissue compositions for reducing artifacts (Chen et al. 
2015). Examples of digital phantoms with different breast densi-
ties are shown in Figure 60.9 (Barufaldi et al. 2016).

Erickson et al. (2016) created a large dataset of realistic com-
putational breast phantom based on dedicated breast computed 
tomography (CT) data. Breast volume on CT was first seg-
mented using a 3D bias-corrected FCM clustering algorithm. 

After denoising and nonuniformity correction, the FCM method 
was applied again to segment the breast tissue into background, 
adipose, fibroglandular, and skin. The 3D breast phantom was 
defined in the same format as the 4D extended cardiac-torso 
phantom (Segars et  al. 2010), in which a nonuniform rational 
B-splines surface was used to model each anatomical object 
whose shape can be modified by manipulating its control points. 
The fibroglandular boundaries were represented by the surface 
meshes. After digital compression and simple ray-tracing, simu-
lated mammograms are obtained as shown in Figure 60.10.

Bliznakova et al. (2003) proposed a breast model including the 
breast surface, duct system, Cooper’s ligaments, pectoral muscle, 
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and mammographic background. The images were synthesized 
assuming monoenergetic fan beams. The algorithm was later 
improved in 3D mammographic background texture generation 
(Bliznakova et al. 2010). Youn et al. (2011) proposed a procedure 
to generate mammograms considering the image characteristics 
of a detector. The phantom consisted of soft tissue generated by 
low-pass-filtered white-spectrum noise with a parameter assigning 
the voxel to glandular tissue or adipose tissue and ductal networks 
with random angles and lengths. The image was then modified 
regarding the resolution and noise characteristics of a detector.

Shaheen et  al. (2014) proposed a method to build 3D mass 
models using MRI data. Having manually segmented masses 
as nonspiculated models, spicules were grown using an iterative 
branching algorithm. The created mass models were inserted 
into 2D mammograms and projection images of tomosynthesis 
data followed by reconstruction. de Sisternes et al. (2015) also 
proposed a method to produce 3D simulated masses by embed-
ding them within mammograms. The masses were generated 
using a modified stochastic Gaussian random sphere model and 
spicules were added by an iterative fractal branching algorithm.

(a) (b) (c)

FIGURE 60.9 Examples of digital phantoms with breast densities of (a) 15%, (b) 21%, and (c) 26%. (With kind permission from Springer Science + Business 
Media: International Workshop on Digital Mammography, Lecture Notes in Computer Science, The effect of breast composition on a no-reference aniso-
tropic quality index for digital mammography. Barufaldi et al. 2015.)

FIGURE 60.10 Simulated projection images with volumetric breast densities of 11.8%, 24.7% and 34.6% from left to right. (From Erickson, D. W. et al. 
2016. Medical Physics 43:23–32. American Association of Physicists in Medicine. With permission.)
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60.7 3D Phantom

With recent technology development, it is now possible to create 
a realistic 3D physical phantom using 3D printing. Sikaria et al. 
(2016) developed an anthropomorphic breast phantom based on 
dedicated breast CT data using a commercial 3D printer. In their 
second generation phantom, they were able to incorporate a high 
resolution voxelized printing with desired propositions of two 
mixed materials (Figure 60.11). Simulated lesions can be inserted 

by inkjet printing on a sheet of paper. Clark et al. (2016) introduced 
an open source code, mammoreplicator, which creates a printable 
3D object based on an input 2D mammogram. The phantom only 
replicates the attenuation profile of the mammogram and cannot 
be used for evaluating other imaging modalities at this point.

These phantoms can be used to evaluate imaging systems. On 
the other hand, there has been growing interest in application 
of 3D printing to surgical assistance. Customized breast phan-
toms have potential utility in assisting cancer removal and breast 
reconstruction surgery (Kelil et  al. 2015). Such an application 
can be expected more in the future.

60.8 Deep Convolutional Neural Network

Currently one of the hottest topics in medical image analysis is 
deep learning. Since its remarkable success in pattern recogni-
tion competitions, applications of deep learning methods to med-
ical image analysis have been extensively examined.

Petersen et al. (2014) and Kallengerg et al. (2016) proposed the 
use of a convolutional sparse autoencoder (CSAE) which con-
sisted of three unsupervised convolutional layers and one unsuper-
vised pooling layer, as shown in Figure 60.12. The last two layers 
were trained to output the (1) segmentation result of background, 
pectoral muscle and breast tissue, (2) density score or (3) texture 
score for evaluation of cancer risk. Multiresolution patches from 
mammograms are input to the CSAE. Although the areas under 
the ROC curves (AUCs) for predicting cancer cases were not high, 
they were slightly better than those of other state-of-the-art meth-
ods, and the segmentation result was similar to the manual result. 
Sun et al. (2016) employed a deep convolutional neural network 
(DCNN) for cancer risk analysis. Each mammogram was divided 
into 100 region of interests (ROIs) and these patches were input 
to a network consisting of four pairs of convolution and pooling 
layers and a fully connected layer. They obtained the case-based 
AUC of 0.7173 for separating low risk and high risk cases.

Kooi et al. (2016, 2017) applied a DCNN for classifying ROIs 
with malignant masses and normal ROIs detected by a conven-
tional CAD system. They trained a network similar in architecture 
to one by the Oxford group, so called VGG net, with five convo-
lutional layers, each of which were followed by a pooling layer, 
except for the fourth layer and two fully connected layers, as shown 

FIGURE 60.11 Comparison of conventional (left) and voxelized printing 
(right) phantoms in visual appearance (top) and in digital breast tomosyn-
thesis imaging (bottom). (From Sikaria, D. et al. 2016. Proceedings of SPIE 
Medical Imaging 9783:978360-1–10. International Society for Optics and 
Photonics. With permission.)
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FIGURE 60.12 Deep convolutional architecture proposed by Petersen et al. (2014).
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in Figure 60.13. The positive training samples were augmented by 
translation and scaling for reducing the overfitting effect. It was 
reported that the DCNN outperformed the conventional system at 
a low sensitivity level and performed comparably at a high sensi-
tivity level. The DCNN also obtained the comparable AUC with 
the mean AUC by radiologists in the observer study.

Arevalo et al. (Arevalo et al. 2016) reported that even a neural 
network with two convolutional layers followed by pooling layers 
and one fully connected layer can perform better than a conven-
tional system with hand-crafted features for classification of benign 
and malignant masses. In their experiment, when the convolutional 
neural network (CNN) was combined with the hand-crafted fea-
tures, no improvement was obtained, suggesting the capability of 
the CNN in learning such information from the images.

Carneiro et al. (2015) investigated the use of DCNN on multiview 
mammograms for estimating the BI-RADS score. First, they built a 
single view model that takes a full mammographic view as input and 
output probabilities for negative (BI-RADS 1), benign (BI-RADS 2 

and 3), and malignant (BI-RADS 4, 5 and 6). Such a model was built 
for each of six views, including craniocaudal (CC) and  mediolateral 
oblique (MLO) views, mass segmentation and microcalcification 
segmentation in each view. The network consisted of four sets of 
convolution and pooling layers, two fully connected layers and a 
multinomial logistic regression layer. They also built a multiview 
model, which takes the features from the final fully connected lay-
ers from six models and trains a softmax layer, as shown in Figure 
60.14. They tested the models with and without transfer learning, 
which was pretrained with Imagenet, and with and without data 
augmentation. Using two publicly available databases (InBreast and 
DDSM), they concluded that the multiview model performs better 
than single view models in terms of volume under the ROC surface 
for three-class classification and AUC for benign–malignant clas-
sification with cases having at least one lesion. They also found that 
the pretrained model without data augmentation performs better 
than the randomly initialized model with data augmentation.

Mordang et  al. (2016) applied a DCNN approach to micro-
calcification detection. Small patches of 13 × 13 pixels were 
obtained at the centers of individual microcalcifications for 
positive samples and at random locations on mammograms for 
negative samples. Because of the large imbalance in positive 
and negative samples, two CNNs were trained, in which the first 
CNN was trained with all positive training samples multiplied 
by 10-times and the equal number of samples randomly selected 
from the training set. The second CNN was trained with all the 
positive samples with data augmentation by flipping and rotating 

16 32 64 128 128 300 300

FIGURE 60.13 Illustration of DCNN architecture employed by Kooi et al. 
(2016).
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and the balanced “difficult” negative samples according to the 
classification score obtained by the first CNN. The network con-
sisted of two sets of two repeated convolutional layers followed 
by a pooling layer and three fully connected layers. They found 
the superior performance compared with the state-of-the-art cas-
cade classifier in terms of the mean sensitivity in the specificity 
range from 0.9–0.999999 on a logarithmic scale.

60.9 Radiomics and Radiogenomics

Other emerging fields that have been receiving growing interest 
are radiomics and radiogenomics. These studies on breast cancer 
so far are limited to magnetic resonance imaging (MRI), probably 
because of the limited application of 3D X-ray imaging in breasts.

Yamamoto et al. (2012) reported a preliminary study on radi-
ogenomic analysis of breast cancer with MRI. They first ana-
lyzed gene expression data of 353 breast cancer patients. Using a 
small subsample of 10 patients who underwent MRI exams, they 
studied the relationship between MRI features and the selective 
genes for potential imaging biomarkers.

More recently, Wang et al. (2015) investigated MRI features for 
predicting triple-negative (TN) breast cancers, which lack expres-
sion of the estrogen receptor, progesterone receptor and human 
epidermal growth factor 2 receptor and, therefore, generally have 
a poor prognosis. Using 84 patients with 88 invasive cancers, in 
which 11 are TN, a SVM trained with MRI features achieved an 
AUC of 0.878 in differentiating TN and non-TN cancers. The 
unsupervized clustering analysis showed that the majority of 
TN cancers were clustered into the group with similar radiomic 
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FIGURE 60.16  Overview of identified significant association between genomic features and radiomic phenotypes. (a) A graph showing association 
between radiomic features and genomic features. Circular nodes specify radiomic or genomic features while lines indicate identified statistically significant 
associations. (b) A table showing the numbers of statistically significant associations between genomic features of different platforms and radiomic pheno-
types of different categories. (Reprinted by permission from Springer Nature Scientific Reports, Zhu, Y. et al. 5:17787, Copyright 2015. Nature Publishing 
Group, permission by Creative Commons.)



1244 Handbook of X-ray Imaging

expression patterns, although non-negligible numbers of non-TN 
cases also had similar expression patterns (Figure 60.15).

Zhu et  al. (2015) studied the association between various 
genomic features and MRI-based radiomic phenotypes using 
91 breast cancer data from the Cancer Imaging Archive and the 
Cancer Genome Atlas by the U.S. National Institutes of Health. 
They found a statistically significant association between many 
of the genomic features and radiomic phenotypes (Figure 60.16).

One of the difficulties in radiomic and radiogenomic studies is 
data acquisition. With the effort of collecting standardized large 
“-omics” data, especially by national programs, further progress 
in these research fields and their application in clinical decision-
making are expected in the future.

60.10 Summary

In this chapter, we introduced the computerized image analysis 
methods primarily on mammograms. For more details of each 
methods, readers should refer to the original articles. The clinical 
aspects of CAD systems and the technology application on breast 
tomosynthesis are discussed in Chapter 59. With the availability 
of big data and faster machines with high processing capability, 
the imaging research trend toward machine intelligence and data 
mining will likely continue. The effort in improving image analy-
sis methods is expected to contribute to advance clinical practice.
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61
Databases for Mammography

Maria Evelina Fantacci

61.1 Introduction

A medical image dataset is the starting point for important epide-
miological and statistical studies. In fact, it can be used to develop 
and test algorithms for computer-aided detection (CAD) systems, 
as the development of a CAD system is strictly related to the col-
lection of a large dataset of selected images, for teaching and 
training medical students or as an archive of rare cases (Tangaro 
et  al. 2008) (see Section IV, Chapter 59). This is true also for 
mammography, in particular after the worldwide spread of mam-
mographic screening programs (see Section IV, Chapter 60). 
When the evaluation of a CAD algorithm begins with a retrospec-
tive evaluation of cancer cases (Heath et al. 2001), such prelimi-
nary evaluation is more time and cost effective that a prospective 
evaluation in a clinical setting. The task of obtaining the data 
for a retrospective CAD performance evaluation at a mammog-
raphy center may be time consuming and expensive to achieve. 
When investigators of CAD methods utilize the resources in a 
common database, rather than using their own data, this expense 
may be decreased, and much more may be learned by a perfor-
mance evaluation. In fact, provided the same data, the same per-
formance measure and the same train and test methodologies are 
followed, results from different algorithms can be compared to 
find the relative strengths of each algorithm. This led to the devel-
opment of new or combined approaches to the problem that yield 
superior performance (Brake and Karssemeijer 1998).

The issues related to the production of a mammographic data-
base to be used for research purposes were previously discussed, 

in 1993, by one of the firsts working group in a panel session 
at the IEEE Biomedical Image Processing and Biomedical 
Visualization Conference (Shtern 1993).

In 1995, Osuch et al. (1995) proposed a mammography data-
base for a national mammography audit and to monitor patients 
through a centralized system. Then, the Radiological Society 
of North America Medical Imaging Resource Center (RSNA 
MIRC) project (MIRC 2016) proposed a highly generic system 
to store and publish medical images, primarily for research and 
teaching support, that can federate a large number of remote 
databases and make them accessible as a single one.

Mammographic databases (Nishikawa 1998; Moreira et  al. 
2012) should take into consideration five fundamental require-
ments: case selection, ground truth, requirements of the digitizers 
(in the case of databases made with digitized films), organization 
of the database, distribution of the database. Case Selection: the 
database should include various cases comprising cases without 
findings, cases with all the possible types of findings and also 
all types of breast densities. Normal images with structures that 
may be misleading (e.g., superimposed tissue that looks like a 
mass) are important in order to make the classifiers more robust. 
Also, a specialist experienced in mammography should collect 
the cases and each case should contain the four standard views. 
It is considered that, for every 100 cases, approximately 200 
images should contain a lesion. Ground Truth: biopsy proof for 
all cases should be available and, for cases in which a biopsy 
is not recommended, the mammography should have the same 
breast imaging reporting and data system (BI-RADSTM) (Eberl 
et al. 2006) for at least 3 years. Annotations should include the 
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“ground truth” concerning the degree of malignancy, the loca-
tion and the boundary of the lesion and a specialist should per-
form this outline. Associated Information: clinical history (e.g., 
age, family history, previous biopsies) can be useful to improve 
the performance of CADs. Requirements of the digitizer: one 
common approach is to digitalize at a very small pixel size, at 50 
or 25 µm. Organization of Database: medical images are usually 
saved in the DICOM (Digital Imaging and Communications in 
Medicine) format that gathers not only the image, but also some 
related metadata. A division of the images on training and test sets 
should also be suggested, in order to have comparable sets, and 
different methods can be compared. Distribution of Database: 
the database should be available, preferentially over the World 
Wide Web. Continuous user support is also indispensable.

The first annotated mammographic databases publicly avail-
able for research purposes date back to the 1990s. Technological 
improvements in digitizing scanners made it possible to digitize 
radiographic films, with no significant loss of information, and 
the increasingly widespread dissemination of mammography 
screening programs and the advent of digital mammography 
gave an important boost to the realization of such databases. 
Moreover, the increasing availability of computer technologies 
(in particular grid and then cloud computing) has made possible 
the management and analysis of ever increasing amounts of such 
data. So, presently, many large datasets of digitized mammo-
grams, among which are grid-based databases, are available on 
the Web or by contacting the developers.

61.2 MIAS Database

In the 1990s the Mammographic Image Analysis Society (MIAS) 
produced a Digital Mammography Database (Suckling 1994), 
available for research purposes, containing 161 pairs of films, 
including both examples of abnormalities commonly encountered 
in screening and normal cases. The mammograms have been 
acquired in the framework of the UK National Breast Screening 
Program. The medio-lateral oblique views have been digitized by 
means of a microdensitometer, with a linear response in the opti-
cal density range of 0.0–3.2. The pixel size is 50 µm and the gray 
level resolution is 8-bit. The images were compressed, allowing the 
entire database of 322 digitized films to occupy less than 2 Gbytes. 
A copy of the database and a single-site license were available 
for research purposes for a small fee, covering duplication costs. 
The design criteria (mostly the limited number of mammograms 
coming from a single center and corresponding to only the medio-
lateral oblique view) of this database were not ideal, due to both 
practical and financial constraints, but it has the merit to being the 
first research database of mammograms publicly and easily avail-
able. Therefore, it has been used to validate CAD systems since 
the late 1990s (Ibrahim et al. 1997). The current release, contain-
ing the original images in “Portable Gray Map” (PGM) format 
and associated truth data, is available at MIAS (2016).

61.3 DDSM Database

The Digital Database for Screening Mammography (DDSM) 
(Heath et  al. 1998, 2001; USF 2016) is a database of digitized 

filmscreen mammograms with associated ground truth and other 
information. The purpose of this resource is to provide a large 
set of mammograms in a digital format that may be used by 
researchers to evaluate and compare the performance of CAD 
algorithms (Shi et al. 2008; Hapfelmeier and Horsch 2010). The 
database was completed in 1999. It contains 2620, four view, 
mammography screening exams. Since that time, the database 
has been enhanced through the addition of new software tools 
that simplify the extraction of image data to various file formats, 
allow simplified access to the data in the ground truth files and 
simplify the steps necessary to evaluate a CAD algorithm. The 
DDSM contains mammograms obtained from the Massachusetts 
General Hospital, the University of South Florida and Sandia 
National Laboratories. Additional cases were provided from 
Washington University School of Medicine. Additional col-
laborating institutions include Wake Forest University School of 
Medicine (Departments of Medical Engineering and Radiology), 
Sacred Heart Hospital and ISMD, Incorporated. The four stan-
dard views (medio-lateral oblique and craniocaudal) from each 
case were digitized by means of the scanners DBA M2100 
ImageClear (42 µm, 16 bits), Howtek 960 (43.5 µm, 12 bits), 
Lumisys 200 Laser (50 µm, 12 bits) or Howtek MultiRad850 
(43.5 µm, 12 bits). The cases were all from mammography 
exams conducted between October 1988 and February 1999. 
The DDSM is organized into “cases” and “volumes.” A “case” 
is a collection of images and information corresponding to one 
mammography exam of one patient. A “volume” is a collection 
of cases collected together for purposes of ease of distribution. 
The volumes are available online. The README file explain-
ing “everything” about the database is available. The cases were 
assigned to volumes according to the severity of the finding. 
Normal volumes contain mammograms from screening exams 
that were read as normal and had a normal screening exam 
4 years later (±6 months). Benign without callback volumes con-
tain exams that had an abnormality that was noteworthy, but did 
not require the patient to be recalled for any additional work-up. 
Benign volumes contain cases in which something suspicious 
was found and the patient was recalled for some additional work-
up that resulted in a benign finding. Cancer volumes contain 
cases in which a histologically proven cancer was found. Every 
case in the DDSM contains the patient age, the screening exam 
date, the date on which the mammograms were digitized and 
the ACR (American College of Radiology) breast density that 
was specified by an expert radiologist. Cases in all volumes other 
than the normal volume contain pixel level ground truth mark-
ings of abnormalities. Each marking contains a subtlety value 
and a description that was specified by an expert mammography 
radiologist using the BI-RADS (Eberl et al. 2006) lexicon. The 
web page for the DDSM resource is at USF (2016) and some 
examples of available cases in the categories “normal,” “benign” 
and “cancer” are reported in Figures 61.1 and 61.2. Several soft-
ware tools are linked to the main web page for the database. 
These tools simplify the most common tasks, such as case selec-
tion, data extraction and performance evaluation.

A search engine is available that uses a web interface to obtain 
a list of DDSM cases that meet search criteria defined by the 
volume type, ACR breast density, scanner, lesion pathology, 
assessment and subtlety, as well as by the BI-RADS keywords. 
A software package, which contains programs and “C” source 
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FIGURE 61.1 Examples of normal (left) and benign (right) images available in the DDSM database.

FIGURE 61.2 Examples of cancer cases available in the DDSM database.



1252 Handbook of X-ray Imaging

code for decompressing images, converting them to 8 or 16 bits, 
rescaling them, re-mapping them to optical density, resizing 
them to other resolutions and for writing them in Portable Gray 
Map (PGM) or Tagged Image File Format (TIFF) files, is avail-
able through the database. This same package also provides a 
program for rendering an image of user selectable ground truth 
regions at a user specified resolution.

The DDSM has been extensively used by the research commu-
nity. It is maintained at the University of South Florida for pur-
poses of keeping it accessible on the web. Additional functionality 
for DDSM has been created by other research groups. The web 
services for the DDSM (Rose et al. 2006) have been developed 
to overcome two particular shortcomings: (1) the actual mam-
mographic image data was encoded using a non-standard loss-
less variant of the JPEG image format; and (2) although detailed 
metadata was provided, it was not in a form that permits it to be 
searched, manipulated or reasoned over by standard tools. The 
web services realized will allow an individual to query for, and 
obtain, mammograms from the DDSM in a standard and well-
supported image file format and to use the database within grid-
based workflows, allowing digital mammography researchers to 
make use of distributed computing facilities.

61.4 MAGIC-5 Database

The MAGIC-5 database (Bagnasco et  al. 2004, 2005; Tangaro 
et al. 2008) is a mammographic database of digitized images for 
research developed in the framework of INFN (Istituto Nazionale 
di Fisica Nucleare, Italy) experiments. The digitized images, and 
also a small number of digital ones, were collected, beginning in 
1999, by a community of physicists, in collaboration with radiol-
ogists in several Italian hospitals (Bari, Udine, Palermo, Firenze, 
Torino, Napoli, Sassari) as a first step in developing and imple-
menting a CAD system (Bellotti et al. 2006; Cascio et al. 2006). 
This consists of 3369 mammograms collected from 967 patients 
and classified according to lesion type and morphology, breast 
tissue and pathology type. A dedicated graphical user interface 
was developed to visualize and process mammograms to sup-
port the medical diagnosis directly on a high-resolution screen. 
Images were acquired in various mammographic centers using 
different mammographic screen/film systems and settings (all 
with molybdenum anode) in the framework of different applica-
tions, including both clinical routines carried out on symptom-
atic women and screening programs addressing asymptomatic 
women. A workstation, composed of a personal computer (PC) 
running the Linux operating system, a film scanner and a dedi-
cated disk, was installed at each site involved in the program. 
The parameters of the charge-coupled device (CCD) scanners 
used were a pixel size of 85 µm and a 12-bit depth (4096 gray 
levels). All digitized mammograms are available in DICOM 
file format. Each exam is stored in a directory, which contains 
one DICOM file per image, including a collection of tags, val-
ues, types, length and value fields describing patient informa-
tion, imaging procedure information and other image-related 
information. The diagnosis is provided according to classifica-
tion criteria proposed by the American College of Radiology 
(Eberl et  al. 2006) and, if required, is available as a text file. 
The image-related information includes image type (scanned/

digital), study date, study identification (ID), series description, 
image laterality, view position, series number, pixel pitch and 
name and address of the institution where taken. When available, 
information about the device manufacturer, acquisition and cali-
bration parameters (model name, tube voltage and current, anode 
features) is also provided. About 60% of patients in this data-
base are more than 50 years old. Each exam contains one-to-six 
views. The repartition of the database in left/right breast images 
is 1835 (51%) and 1734 (49%), respectively, whereas for the cra-
niocaudal/oblique/lateral views, it is 1601 (48%), 1456 (43%) 
and 312 (9%), respectively. Image size is 2067 × 2657 pixels, 
85 µm of pitch (300 dots/inch). There are images from 306 (32%) 
patients who were defined as normal when there was no evidence 
of any lesion (confirmed by 3 years of radiological follow-up). 
The remaining images are from 661 (68%) “abnormal” patients: 
when a suspicious lesion was found by the radiologist in these 
images, it was classified as suspicious, benign or malignant. For 
all malignant lesions, cytological or histological results are also 
available. Detailed radiological annotations of abnormalities 
are included in the database as notes. The relative distribution 
of malignancy grade is 560 (35%) suspicious lesions, 468 (29%) 
benign lesions and 592 (37%) malignant lesions. Images that con-
tain at least one mass or a cluster of microcalcifications, as diag-
nosed by an expert radiologist, are considered abnormal. There 
are 1062 images containing at least one region of interest (ROI) 
with a massive lesion and 304 images containing at least one ROI 
with microcalcifications. In total, there are 1296 (38%) abnormal 
images containing at least one lesion (massive or microcalcifi-
cation or both) and 2073 (62%) normal images with no lesions. 
Each image can also contain more than one lesion, so the total 
number of ROIs is 1620 (1236 massive and 384 microcalcifica-
tion). Each of these main classes of lesions (microcalcification 
clusters and massive lesions) is further classified according to 
the morphological characteristics of the lesion. The scheme of 
Lattanzio and Guerrieri (1998) has been adopted, which has been 
recognized as a satisfactory reference framework by an Italian 
panel of radiologists, with more than 20 years of experience in 
mammography, who identified and localized each lesion accord-
ing to this classification. Each abnormal image comes with a 
description of the lesion. Mass location and size is defined by 
a radiologist-drawn circle, characterized by center coordinates 
(Xrad; Yrad) and radius (Rrad), which fully contains the mass. 
Mass radii range from 3.1–47.2 mm, with an average value of 
11.7 mm, whereas the radius of the microcalcification clusters 
ranges from 1–72.8 mm, with an average value of 11.9 mm. 
Another important parameter to characterize the image is breast 
tissue type. Collaborating radiologists were asked to identify 
breast texture for a full-image characterization. A tissue classi-
fication recognized as a standard by many Italian radiologists 
(Lattanzio and Simonetti 2002) has been adopted: fibroadipose 
tissue indicates a fatty breast with little fibrous connective  tissue 
(dense tissue percentage <25%); glandular tissue indicates the 
presence of prominent duct patterns (dense tissue percentage 
<25%–75%); dense tissue indicates a dense breast parenchyma 
(dense tissue percentage >75%). The database presents some 
limitations, especially from an epidemiological point of view, 
mostly because images were collected in different clinical and 
screening conditions, so they do not represent a typical distri-
bution of masses and microcalcifications in terms of the ratio 
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of benign to malignant cases and because they were collected 
from different centers and were acquired with different mam-
mography units under different conditions, but it represents the 
largest Italian sample of mammograms. As in a screening pro-
gram, data are collected from geographically remote sites. The 
growth of the database and the distributed nature of the collabo-
ration highlighted a problem, however, as images were generally 
not replicated between remote sites. The approach used to solve 
the problem of remote access was to use techniques developed 
for grid computing (Bagnasco et  al. 2004). Its integration in a 
grid computing environment also made the implementation of 
several remote-analysis-use cases possible, which have demon-
strated functionalities potentially useful in screening programs 
and teletraining.

61.5 MammoGrid Project

The MammoGrid database (McClatchey et  al. 2003, 2004; 
Amendolia et al. 2004) has been realized in the framework of 
the EU-funded MammoGrid project and contains digitized films 
from Udine (IT) and Cambridge (UK) and digital mammogra-
phies from Torino (Valdese, IT) hospitals, the pilot radiologi-
cal institutions in this project. As grid computing promised to 
resolve many of the difficulties in facilitating medical image 
analysis to allow clinicians to collaborate without having to co-
locate, the MammoGrid project has investigated the feasibility 
of developing a Grid-enabled European database of mammo-
grams so that a set of important healthcare applications using 
this database have been enabled and the potential of the Grids 
has been harnessed to support co-working between health-
care professionals across the EU. Among the aims of having a 
Grids-enabled European-wide MammoGrid database were: to 
evaluate grid technologies and  determine the requirements for 
Grid-compliance in a pan-European mammography database; 
to implement the MammoGrid database, using novel Grid-
compliant and federated-database technologies that will provide 
improved access to distributed data and will allow rapid deploy-
ment of software packages to operate on locally stored informa-
tion; to deploy enhanced versions of a standardization system 
(SMF, Standard Mammogram Form) that enables (Warren et al. 
2007) comparison of mammograms in terms of intrinsic tissue 
properties independently of scanner settings; to develop software 
tools to automatically extract image information that can be used 
to perform quality controls on the acquisition process of partici-
pating centers (e.g., average brightness, contrast); to develop soft-
ware tools to automatically extract tissue information that can be 
used to perform clinical studies (e.g., breast density, presence, 
number and location of microcalcifications [Retico et al. 2006]) 
in order to increase the performance of breast cancer screening 
programs (Warren et al. 2007); to use the annotated information 
and the images in the database to benchmark the performance 
of the software previously cited; to exploit the MammoGrid 
database and the algorithms to propose initial pan-European 
quality controls on mammogram acquisition and ultimately 
to provide a benchmarking system to third party algorithms. 
The MammoGrid implementation was based on AliEn, a Grid 
framework developed by the ALICE Collaboration at CERN 
(CH). AliEn provided a virtual file catalogue in order to allow 

transparent access to distributed datasets and to provide top to 
bottom implementation of a lightweight Grid applicable to cases 
when handling of a large number of files is required.

The MammoGrid project proved that Grid infrastructures can 
be used for collaborative clinical analysis of database-resident, 
but geographically distributed medical images. Although the 
creation of a database was not the primary objective of this proj-
ect, the database that was realized is significant also, because the 
images have been preprocessed by the SMF (Warren et al. 2007) 
tool. The SMF tool, which was implemented in the MammoGrid 
framework, is a fully automated, objective measurement tool 
to estimate the volume of glandular tissue in the breast from a 
mammogram which also compensates for variations in X-ray 
imaging techniques and is able to standardize images scanned on 
different film digitizers. It explicitly considers breast compres-
sion, exposure and tube voltage and incorporates a full physics 
model rather than using step-wedges in each image.

61.6 BancoWeb LAPIMO Database

The BancoWeb LAPIMO database (Nepomuceno Matheus and 
Schiabel 2011) is a public online mammographic images data-
base of digitized films developed at San Paulo University (Brasil). 
It is free for all interested viewers and aims to help develop and 
evaluate CAD schemes (Patrocinio et al. 2004) which are avail-
able online at LAPIMO (2016), requiring only a free subscription 
for full access. The first release of the database (2011) had around 
1400 images, from around 320 patients. Most of these images 
are screening mammography, with only a few being diagnostic 
work-up. All images are associated with their corresponding 
exam’s medical reports with several types of findings. The data-
base also contains images corresponding to normal cases, that is, 
without any findings indicated on the reports. About 32% of the 
images stored in the database correspond to cases with some type 
of finding of clinical interest (microcalcifications and/or visible 
masses, for instance), which is a good representation of the mam-
mography exam results among Brazilian women. Images without 
suspect findings of clinical interest are also important in CAD 
schemes evaluation, because they can be used for evaluating 
false-positive rates. Most of the exams stored were performed 
by women from 40–60 years old. This is a direct consequence 
of the medical recommendation to make such exams every 
2 years, beyond 40 years old and annually above the age of 50. 
The database images are 12-bit files and their spatial resolutions 
are of 85 µm or of 150 µm, depending on the scanner used. The 
search system allows selection of the desired characteristics for 
image download. Using the data structure presented in the medi-
cal reports, the image origin data and the necessary information 
for a CAD (like type of file, contrast and spatial resolution and 
equipment used), a redundancy-free relational model was built. 
To avoid acquisition and maintenance costs and to facilitate 
future developers training, only open-source tools were used, 
specifically: Linux Debian operational system, PHP, HTML, 
JavaScript, and MySQL. For security reasons and to enable easy 
interaction with different professionals, the users were divided 
in three categories: “user” is the lowest level, having access to 
copy, search, and select images and regions of interest (ROIs) for 
download; “researcher,” the intermediary level, has all the access 
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of the “user” and also can insert new exams and new regions of 
interest; “administrator,” the highest level, has all the access lev-
els above and can also edit, remove and manage exams, images 
and users. The access interface was developed to be easy and 
intuitive, while assuring data protection. Patient’s data inserted 
include gender, birth date, breast development age and contracep-
tive use, among other information useful to statistical analysis 
and even anamnesis. Exams data include, but is not restricted to, 
the medical report, breast density, date and reasons for the exam. 
All findings, “normal” exams and pathologies are confirmed by 
previous and later exams, including follow-up mammographies, 
ultrasound exams and/or biopsy. The system is fully integrated, 
allowing one to search by any or all of the parameters in any 
combination of datasets. The download option allows the user to 
download the complete image file without losses. These images 
are usually TIFF files, varying from 8–16 bits of contrast (each 
one represents about 8 MB, on average). The selection tool was 
built by using HTML and JavaScript for user interaction and PHP 
and ImageMagick for actual processing at the server. It is struc-
tured so that no plugin or download of any other tool is required. 
For statistical analysis purposes, a tool was made available for 
real-time analyses of the percentage profile of the database in 
relation to several different image characteristics, for example 
BI-RADS categories, types of findings and pathologies. Images 
available in the database originated from two hospitals with two 
different types of mammography units (a Senographe 500t and 
a Senographe 600t). Those images were digitized by using two 
laser scanners, Lumiscan 50 and Lumiscan 75 (Lumisys, Inc., 
Sunnyvale, California) with 12 bits of contrast (gray scale) and 
0.085 mm (about 30% of them) and 0.150 mm (70%) of spatial 
resolution, respectively. The database is still increasing, also 
with FFDM (Full Field Digital Mammography) images.

61.7 BCDR Database

The BCDR (Breast Cancer Digital Repository) is a wide-ranging 
annotated public repository (Cardoso Moura et al. 2013; BCDR 
2016) composed of Breast Cancer patients’ cases of the north-
ern region of Portugal, and it represents the first Iberian wide-
ranging annotated BCDR. The BCDR is subdivided into two 
different repositories: a Film Mammography based Repository 
(BCDR-FM) and a Full Field Digital Mammography based 
Repository (BCDR-DM). Both repositories were created with 
anonymous cases from medical archives (complying with cur-
rent privacy regulations as they are also used to teach regular 
and postgraduate medical students) supplied by the Faculty of 
Medicine—Centro Hospitalar São João, at University of Porto 
(FMUP-HSJ). The BCDR provides normal and annotated patient 
cases of breast cancer, including mammography lesion outlines, 
anomalies observed by radiologists, pre-computed image-based 
descriptors, as well as related clinical data.

The BCDR-FM is composed of 1010 (998 female and 12 male) 
patient cases (aged between 20 and 90 years old), including 
1125 studies, 3703 medio-lateral oblique (MLO) and craniocau-
dal (CC) mammography incidences and 1044 identified lesions 
clinically described (820 already identified in MLO and/or CC 
views). With this, 1517 segmentations were manually made and 
BI-RADS classified by specialized radiologists. MLO and CC 

images are gray-level digitized mammograms with a resolution 
of 720 (width) by 1168 (height) pixels and a bit depth of 8 bits per 
pixel, saved in TIFF format. The BCDR-DM, still in construc-
tion, is currently (BCDR 2016) composed of 724 (723 female 
and one male) Portuguese patient cases (aged between 27 and 
92 years old), including 1042 studies, 3612 MLO and/or CC 
mammography incidences and 452 lesions clinically described 
(already identified in MLO and CC views). With this, 818 seg-
mentations were manually made and BI-RADS classified by spe-
cialized radiologists. The MLO and CC images are gray-level 
mammograms with a resolution of 3328 (width) by 4084 (height) 
or 2560 (width) by 3328 (height) pixels, depending on the com-
pression plate used in the acquisition (according to the breast size 
of the patient). The bit depth is 14 bits per pixel and the images 
are saved in TIFF format. The BCDR was released for public 
domain on April 18, 2012, it has been used to train Machine 
Learning Classifiers in CAD schemes (Suarez-Ortega and 
Franco-Valiente 2013) and it is still in development. Currently, 
four benchmarking datasets (two masses-based and two micro-
calcifications and calcifications-based), representative of benign 
and malignant lesions (biopsy proven), comprising instances of 
clinical and image-based features, are available for free down-
load to registered users.

61.8 INbreast Database

The INbreast database, available at Inbreast (2016), is a mammo-
graphic database, with images acquired at a Breast Center, located 
in a University Hospital (Hospital de São João, Breast Centre, 
Porto, Portugal), recently used to validate a novel technique of 
mass characterization based on robust features-fusion (El Atlas 
et  al. 2016). INbreast has a total of 115 cases (410 images), of 
which 90 cases are from women with both breasts (four images 
per case) and 25 cases are from mastectomy patients (two images 
per case). Several types of lesions (masses, calcifications, asym-
metries and distortions) are included. Accurate contours made by 
specialists are also provided in XML format.

61.9 LLNL/UCSF Database

Lawrence Livermore National Laboratories (LLNL), along 
with the University of California at San Francisco (UCSF) 
Radiology Department, have developed (USF 2016) a 12 vol-
ume CD Library of digitized mammograms featuring micro-
calcifications, which has been used in mammography CAD 
(Liu et  al. 2016). For each digitized film image, the extent of 
all calcification clusters and the contour and area of a few indi-
vidual calcifications in each cluster are noted. Along with the 
“truth” images, a file with case history, radiologists comments 
and other information is provided. The library contains 198 films 
from 50 patients (four views per patient, but only two views from 
one mastectomy case), selected so as to span a range of cases of 
interest. These films were digitized to 35 microns. Each pixel 
was sampled to 12 bits of grayscale. As a result, each digitized 
mammogram results in an image that is about 50 megabytes in 
size, for a total of nearly 6 gigabytes for the entire library. The 
films were selected to present five normal, average, healthy cases 
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(previous normal mammograms and no history of ultrasound, 
magnification views, biopsy, etc.), five normal but difficult cases 
(with either dense or fibrous breasts, implants or asymmetric 
tissue), 20 cases of obviously benign microcalcifications (with 
at least 3 years of follow-up without change or developing can-
cer), 12 cases of suspicious, benign microcalcifications (all these 
benign cases had either a biopsy or a diagnostic mammogram 
plus at least 3 years of subsequent follow-up without change or 
developing cancer) and eight cases with a malignant cluster of 
microcalcifications, biopsy proven. The set is available via ftp 
link at USF (2016).

61.10 AMDI Database

The AMDI (Indexed Atlas of Digital Mammograms) is a system 
that integrates modules to permit the addition of new cases into 
the mammographic database by authorized radiologists and to 
assist research and education activities in breast cancer through 
a flexible and easy-to-use interface via the Web (AMDI 2016). 
The participating Institutions are the Hospital de Clinicas de 
Uberlandia (MG, Brazil) and the Instituto Victorio Valeri de 
Diagnosticos Medicos (SP, Brazil). The mammographic data-
base was developed using the PostgreSQL with Image-Handling 
Extension (PostgreSQL-IE), which is an eXtension Relational 
DataBase Management System (XRDBMS) developed by the 
research group and available for downloading in the download 
section of AMDI (2016). The mammographic database was pro-
jected to include cases with all of the available mammographic 
views, radiological findings, diagnosis proven by biopsy, the 
patient’s clinical history and information regarding the lifestyle 
of the patient. Each exam of each case includes four views (two 
views of each breast: CC and MLO). To address the teaching and 
research aspects, the database links each mammogram with the 
contour of the breast, the boundary of the pectoral muscle (MLO 
views only), the contours of masses (if present), the regions of 
clusters of calcifications and the number of calcifications (if pres-
ent) and the locations and details of any other features of interest. 
The contours of masses and regions of clusters of calcifications 
may be drawn interactively by an authorized expert radiologist, 
when he or she is including a new case in the database. The 
mammographic database also supports the inclusion of several 
mammographic exams of the same patient performed at differ-
ent instances of time. This information can be used for temporal 
analysis of the breast, due to natural modifications that occur 
during the life of the woman or to analyze interval cancer.

The research system called SISPRIM—Sistema de Pesquisa 
para Recuperação de Imagens Mamográficas, that is Research 
System for Retrieval of Mammographic Images—integrated with 
AMDI, allows physicians and oncologists to study any possible 
statistical correlation between the incidence of breast cancer and 
the lifestyle of the patient. For this purpose, some of the important 
items of data supported by AMDI relate to information regard-
ing the patient, including basic data about the clinical history 
of the patient as well as lifestyle, such as food habits, exercise, 
diet and the use of antidepressive medication, tobacco or alcohol. 
The SISPRIM research system also allows content-based image 
retrieval to assist the radiologist in breast cancer diagnosis. The 
e-learning system called INDIAM (INterpretation and Diagnosis 

of Mammograms) was designed to assist a medical student or resi-
dent in the interpretation of mammograms and diagnosis of breast 
cancer and is being developed using Web services (Giuliato et al. 
2009). INDIAM makes available a tutorial that uses education 
techniques to guide the users (doctors, students or researchers) 
through concepts related to the diagnosis of breast cancer. It also 
makes available a module to simulate the analysis and diagno-
sis of breast cancer using cases retrieved from a mammographic 
database and another module for training the student in the inter-
pretation of mammograms. The e-learning system is being devel-
oped utilizing an ontology for the interpretation of mammograms 
(OntoBreastCancer) that provides controlled and consistent vocab-
ularies to describe concepts and relationships, thereby enabling 
knowledge sharing. The system makes available a user-friendly 
graphical Web interface that is configured according to the ser-
vice being provided. AMDI provides a tool that enables the user to 
download cases from the mammographic database, so as to make 
the information available to authorized medical and research com-
munities interested in breast cancer diagnosis. Figure 61.3 reports 
an overview of the AMDI system (AMDI 2016).

61.11 IRMA Project

IRMA (Image Retrieval in Medical Applications) is a coop-
erative project of the Department of Diagnostic Radiology, the 
Department of Medical Informatics, Division of Medical Image 
Processing and the Chair of Computer Science VI at the Aachen 
University of Technology (RWTH Aachen). The aim of the proj-
ect (Deserno et al., 2011; IRMA 2016; MAMMOIMAGE 2016) 
is the development and implementation of high-level methods 
for content-based image retrieval with prototypical applica-
tion to medico-diagnostic tasks on a radiologic image archive. 
Integrated to the IRMA project, an available mammography 
database (Oliveira et  al. 2008) has been developed from the 
union of The Mammographic Image Analysis Society Digital 
Mammogram Database (MIAS), The Digital Database for 
Screening Mammography (DDSM), the Lawrence Livermore 
National Laboratory (LLNL) and routine images from the 
Rheinisch-WestfÃlische Technische Hochschule (RWTH), 
Aachen. Using the IRMA code, standardized coding of tis-
sue type, tumor staging and lesion description was developed 
according to the ACR tissue codes and the ACR BI-RADS. The 
import can be done automatically using scripts for image down-
load, file format conversion, file name, web page and information 
file browsing. Disregarding the resolution, this resulted in a total 
of 10,509 reference images and 6767 images are associated with 
an IRMA contour information feature file. In accordance with 
the respective license agreements, the database is freely available 
for research purposes and may be used for image-based evalua-
tion campaigns such as the Cross Language Evaluation Forum 
(CLEF). It can be extended easily with further cases imported 
from a picture archiving and communication system (PACS).

61.12 The DBMS

The DBMS (DataBase Management System) (Adusei et al. 2010) 
role is to give data support to the CAD/CADx system, by providing 
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a comprehensive package of data including images, patient infor-
mation, pathology, lesion types, and so on, and providing the 
capability to retrieve these data through criteria set by end users 
of the system. The database system is able to store and retrieve 
all images and other data needed by radiologists for cancer anno-
tation and by the scientists for research purposes. It is designed 
and developed as a Knowledge Base system to support detection, 
diagnosis and research in mammography. The database design 
combined two standards, the Breast Imaging Reporting and Data 
System (BI-RADS) (Eberl et al. 2006) by ACR and the Facility 
Oncology Registry Data Standards (FORDS) by the Commission 
on Cancer standards. The current design is capable of provid-
ing information on cancer registry and radiology mammography 
imaging and reporting. It also has functionalities such as the 
provision of images and information for the scientists to develop 
CAD algorithms, allowing radiologists to retrieve and annotate 
images, and provides other information for statistical analysis 
too. The database is designed in a hierarchical architecture with 
three different levels. This makes the entities and relationships 
in the database flow from general to specific. The design model 
makes the database more efficient and more scalable. Microsoft 
Sequel Server 2005 was chosen as the database management sys-
tem for this project, because it meets the security and scalability 
requirements. The mammography database has gone through a 
number of phases in the requirement and analysis stage. In the 
first design stage, some features from publicly available data-
bases, such as the University of South Florida Digital Database 

for Screening Mammography (DDSM), were adopted (Heath 
et al. 2001). It was redesigned after meetings with radiologists 
from the University of Mississippi Medical Center (UMMC). 
At this stage, a standard widely used by radiologists in cancer 
detection, BI-RADS, by the American College of Radiology, was 
adopted (Eberl et al. 2006). After the Facility Oncology Registry 
Data Standards by the Commission on Cancer (FORDS), the 
standard used by the cancer registry at UMMC, was introduced, 
the design of the mammography database was again fine-tuned. 
The final mammography database was then developed with the 
cancer registry standard FORDS combined with the radiologist 
standard BI-RADS, radiologist clinical cancer detection and 
staging and the specifications of the film scanner. The design 
is able to provide the capability for the database system to store 
and retrieve data for cancer registration, annotation, statistical 
analysis, research, teaching, and so on. The advantages of this 
design are: the design has been able to combine cancer registry 
data with the clinical radiology image and reporting categories 
(while in hospitals, these two systems are usually separated from 
each other); and the design provides the capability to list and 
categorize the images and pathology, according to lesion type. 
The database design architecture is a hierarchical one. The 
design encompasses different standards and data from different 
resources, with three levels being designed into the architecture. 
Interfaces exist between the different levels. At the top level is 
general information collected from the cancer registry. This 
part includes the information on patient, cancer identification, 
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comorbidities, staging and treatment, and so on. Since the infor-
mation held in this part is general, it can be extended to fit other 
types of cancer diagnosis. At the middle level is the informa-
tion on breast cancer, reporting, pathology and scanning. At this 
level, the information becomes more specific and narrowed down 
to each case of breast cancer, while it is still general compared 
to information held in the next level. At the lowest level in this 
hierarchy are the entities related to image and pathology of three 
lesion types, architecture distortion, calcification and mass. Each 
case has four scanned images. The information held at this level 
is specific to each image, such as laterality, view, shape, distribu-
tion, boundary of annotation, number of abnormalities, and so 
on. In total, in the database there are 21 tables and 293 attributes.

61.13 Conclusions

Many mammographic databases with different characteristics 
have been made available as a public research database to the 
international community over the past decades. Their principal 
characteristics (where present and as described in the literature) 
are summarized in Table 61.1.

The importance of such a database is remarkable, especially 
with regard the validation of CAD systems (Ibrahim et al. 1997; 
Patrocinio et al. 2004; Bellotti et al. 2006; Cascio et al. 2006; 
Retico et al. 2006; Shi et al. 2008; Hapfelmeier and Horsch 2010; 
Deserno et  al. 2011; Suarez-Ortega and Franco-Valiente 2013; 
Luqman Mahmood Mina and Nor Ashidi Mat Isa 2015; El Atlas 
et al. 2016; Liu et al. 2016) and image processing tools, but also 
for remote teaching and training and for epidemiological studies.

Recent advances in information technology have led to ever-
changing and increasing systems, in which several centers 
located in different geographical places contribute to enlarging 
the database and share the resources (Heath et  al. 2001; Eberl 
et al. 2006; Giuliato et al. 2009; Adusei et al. 2010; Deserno et al. 
2011; AMDI 2016; IRMA 2016; MAMMOIMAGE 2016).
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62
Computer Analysis of Computer Tomography 
Images for Lung Nodule Detection

Maria Evelina Fantacci and Alessandra Retico

62.1 Introduction

Computed tomography (CT) is the imaging modality of choice 
for screening and staging of lung cancers (see Section III, Chapter 
32). Low-dose chest CT is the preferred test for screening mem-
bers of the asymptomatic population who are at risk of developing 
lung cancer. Often, early lung cancers originate as small sub-
centimeter size lung nodules. Based on their location and size, as 
well as the experience of the radiologists, identification of small 
lung nodules on low dose chest CT can be a challenging task, and 
radiologists may benefit from the use of dedicated computer-aided 
detection (CAD) systems (see Section IV, Chapter 59). Here, we 
provide a description of the basic algorithmic components of a 
CAD system, of the methodological issues to consider in CAD 
performance evaluation, and of the potential impact of a CAD on 
the clinical radiology workflow. An overview of the CAD systems 
recently reported in the literature and a comparison of their per-
formance are also provided. Open issues in this field of research 
are presented with the view of shortening the path to the release of 
accessible, fast, and high-performing lung CAD systems.

CAD systems integrated in routine clini cal practice of a radiol-
ogy department could assist physicians in the diagnosis of a large 
variety of pathologies. A CAD can process the complex informa-
tion encoded in biomedi cal images and highlight abnormalities 
to a human reader who is in charge of annotating the exams.

With the fast advance of imaging technology, the number of 
diagnostic images to be reviewed by radiologists is increasing, 
together with the demand for automated tools for image analysis. 
This happens in many fields of diagnostic radiology and, in partic-
ular, in the framework of screening protocols for early detection 
of lung cancer with low-dose CT (LDCT). CAD systems devoted 
to the automated identification of lung nod ules in chest CTs have 
been greatly investigated in recent decades (Doi 2005, 2007, 
Sluimer et al. 2006, Li 2007, Giger 2008, Sprindzuk 2010, Goo 
2011, Lee et al. 2012, Suzuki 2012b, Retico 2013, Valente et al. 
2016). It is still a matter of debate whether they are more effective 
in triaging screening CT scan (first reader usage) or they are more 
valuable to provide radiologists with a second opinion (second 
reader usage). The National Lung Screening Trial (NLST) showed 
that screening with LDCT, as compared with chest radiography, 
reduced lung cancer mortality. In fact, a significant reduction in 
lung cancer mortality in study participants screened with LDCT 
with respect to participants screened with X-rays was reported in 
2011 (NLST 2010, Kramer et al. 2011). The cost-effectiveness of 
screening with LDCT in the NLST has also been more recently 
evaluated (Black et al. 2014). This result encouraged the organi-
zation of large-scale screening for lung cancer and constituted a 
boosted motivation for lung CAD development. For example, the 
U.S. Preventive Services Task Force (USPSTF) recently updated 
the recommendation on screening for lung cancer after reviewing 
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the evidence on the efficacy of LDCT, chest radiography, and 
sputum cytologic evaluation for lung cancer screening in asymp-
tomatic persons who are at average or high risk for lung cancer 
(current or former smokers) and the benefits and harm of these 
screening tests and of surgical resection of early-stage non-small 
cell lung cancer (Moyer and U.S. Preventive Services Task Force 
2014). The USPSTF also commissioned modeling studies (de 
Koning et  al. 2014) to provide information about the optimum 
age at which to begin and end screening, the optimum screening 
interval, and the relative benefits and harm of different screening 
strategies. The result is that the USPSTF recommends (Moyer 
and U.S. Preventive Services Task Force 2014) annual screening 
for lung cancer with LDCT in adults aged 55–80 years who have 
a 30 pack-year smoking history and currently smoke or have quit 
within the past 15 years.

In screening programs for lung cancer with LDCT, radiologists 
are required to review a large number of images (section thickness 
≤1 mm) for each patient and to identify subtle abnormalities on 
a very noisy background. Although most solid nodules less than 
5 mm do not change recommendation for annual LDCT for lung 
cancer screening, larger nodules are indeterminate and warrant 
follow up CT or other imaging based on their size. Key features 
of lung nodules on LDCT include their size, location, attenuation 
(such as solid, ground-glass, mixed attenuation, calcified), and 
change in size over serial exams. Several CAD schemes for auto-
mated lung nodule identification have been developed in recent 
years, and many of them show robust enough performance to 
be successfully integrated in a lung screening workflow (Bellotti 
et  al. 2007, Dehmeshki et  al. 2007, Enquobahrie et  al. 2007, 
Wang et al. 2007, Li et al. 2008, Pu et al. 2008a,b, Retico et al. 
2008, 2009, Golosio et  al. 2009, Murphy et  al. 2009, Suárez-
Cuenca et al. 2009, Ye et al. 2009, Messay et al. 2010, Cerello 
2010b, Camarlinghi et al. 2011, Tan et al. 2011, Riccardi 2011, 
Cascio et al. 2012, Lopez Torres et al. 2015).

The research on CAD systems for lung nodule detection and 
diagnosis has been covered by detailed reviews since early 
developments (Doi 2005, 2007, Sluimer et  al. 2006, Li 2007), 
including information about the historical context where the 
CAD concept originated (Doi 2007, Sprindzuk 2010). Different 
CAD strategies developed in recent years have been presented in 
detailed review papers (Giger 2008, Sprindzuk 2010, Goo 2011, 
Lee et al. 2012, Suzuki 2012b, Retico 2013, Valente et al. 2016).

The current availability of exten sive computing power 
resources has allowed computationally-demanding approaches 
to become executable: for example, decisional algorithms can 
now be trained on large databases more accurately resembling 
the under lying target population. In this chapter, we aim to sum-
marize and complement the existing review information in order 
to provide an overview of the analysis methods implemented 
to process CT data to automatically extract useful informa-
tion. Moreover, we will also stress the importance of conduct-
ing appropriate tests to assess whether or not CAD systems are 
effective aids for radiologists, giving an overall idea of the long 
process, from the design and development of a CAD system for 
lung nodule detection to its use in clinical practice. We thus 
start with the description of the basic components required to 
build a CAD system, then we illustrate the appropriate methods 
to carry out a CAD performance evaluation and to estimate the 
potential impact of a CAD system on the workflow of a radiology 

department. We provide an overview of recent papers describing 
full sys tems devoted to lung nodule automated identi fication and 
report on recent studies of the impact of CAD systems as first or 
second readers. Open issues in this field of research are finally 
highlighted to make the reader confident of the long road trav-
eled to come to this point and the missing final steps that could 
make a lung CAD a tool the clinicians can no longer do without.

62.2  Designing a CAD System for Lung Nodule 
Detection: The Main Building Blocks

The algorithmic strategies that can be adopted in the automatic 
analysis of lung CTs to detect lung nodules are many and various, 
also depending on the kind of nodules being identified. First of all, 
it is necessary to define the target of a lung CAD. Lung nodules 
can be categorized according to their shape, loca tion, and possi-
ble connections with anatomical structures. Dedicated algorithm 
combinations have to be developed to build a CAD system with 
optimized sensitivity to a specific category of nodules in a defined 
size range. To account for the variability of the nodule shapes and 
for extended ranges of nodule sizes, combinations of dedicated 
modules of analysis and multiscale solutions can be designed.

62.2.1 Defining the Target: Nodule Types

Lung nodules belong to two broad categories (Hansell et  al. 
2008): internal nodules, that is, those embedded in the lung 
parenchyma, and juxtapleural nodules, that is, those adjacent to 
the pleural surface of the lung. Internal nodules can be further 
categorized as: isolated nodules, peri-fissural nodules, and peri-
vascular nodules. Isolated nodules are rather spherical abnor-
malities completely embedded within the lung parenchyma, 
without any contact with vessels, fissures, pleura, or other nod-
ules. Peri-fissural nodules show a connection with a pleural fis-
sure. Perivascular nodules appear to be connected to the vascular 
tree and can be further categorized as nodules characterized by 
a weak apparent connection to vessels, that is, nodules whose 
connection to vessels is not obvious from a visual inspection, or 
nodules attached to vessels whose intensity on CT is similar to or 
lower than nodular intensity (weakly perivascular nodules), and 
nodules characterized by a strong apparent connection to vessels, 
that is, nodules connected to vessels whose intensity visually is 
greater than nodular intensity (strongly perivascular nodules). 
Juxtapleural nod ules include both hemispherical pleural nodules 
originat ing from the pleura and growing towards the lung paren-
chyma, and pulmonary nodules originating from the lungs with 
almost spherical shape, connected to the pleura through a tail 
or with abutment of pleural surface. Some examples of differ-
ent nodule types extracted from CT exams of the Lung Image 
Database Consortium (LIDC) database are shown in Figure 62.1.

Lung nodules can also be distinguished according to their CT 
contrast into solid and part-solid or ground-glass nodules (ground-
glass opacities, GGOs). As lung nodules may differ either in shape 
or intensity, a CAD developer should characterize them by a large 
variety of features that the algorithms can interpret. Regardless of 
the type of nodule a CAD algorithm is optimized for, it can gener-
ally be schematized in three steps, as described in Figure 62.2: 
first the lung CT volume undergoes a preprocessing step, including 
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filtering and resampling algorithms if necessary and, in many 
cases, the lung parenchyma segmentation (i.e., the identifi cation of 
the lung tissue with respect to the sur rounding different anatomi-
cal structures); then, the initial selection of nodule candidates is 
per formed; finally, as many false-positive findings as possible are 
eliminated from the list of nodule candidates. Each step of this 
basic scheme is discussed in detail in the following sections.

In many cases, CAD systems are developed with the aim of 
detecting all types of nodules at the same time. However, spe-
cific approaches can be targeted to each nodule type, for exam-
ple, CADI for internal nodule detection (Retico et al. 2008) and 
CADJP for juxtapleural nodule detection (Retico et  al. 2009), 
with a final integration of the synergic algo rithms (Camarlinghi 
et al. 2011), as depicted in Figure 62.3.

(a1) (a2) (a3) (b1) (b2) (b3)

(c1) (c2) (c3) (d1) (d2) (d3)

(e1) (e2) (e3) (f1) (f2) (f3)

FIGURE 62.1 Examples of lung nodules (Lung Image Database Consortium (LIDC) computed tomography (CT) scans): isolated nodules (a1, a2, a3), 
perifissural nodules (b1, b2, b3), weakly perivascularized nodules (c1, c2, c3), strongly vascularized nodules (d1, d2, d3), juxtapleural nodules (e1, e2, e3), 
part-solid nodules and nonsolid nodules or ground-glass opacities (GGOs) (f1, f2, f3).

Image
pre-processing

CAD input CAD output

Nodule
candidate
identification

False-positive
reduction

FIGURE 62.2 General basic block diagram for a computer-aided detection (CAD) system for lung nodule detection.

CAD1 for internal nodule
detection (including
isolated, perifissural, and
vascularized nodules) CAD outputCAD input

CADJP for juxtapleural
nodule detection (including all
nodules connected with the
pleura surface)

FIGURE 62.3 Example of a computer-aided detection (CAD) system where specific approaches are targeted to the detection of internal nodules (CADI) 
(Retico et al. 2008) and juxtapleural nodules (CADJP) (Retico et al. 2009), with a final integration of the synergic algo rithms (Camarlinghi et al. 2011).
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62.2.2 Image Preprocessing

Many CAD developers implement image filters as the first step 
of the analysis. Filters span from Gaussian filters used to reduce 
noise in the images, to resampling strategies adopted to have iso-
tropic voxel sizes. Procedures to enhance interesting structures 
may also be applied at this stage, such as spherical-shaped object 
enhancement filters (Ochs et  al. 2007) or multiscale enhance-
ment filters, to suppress blood vessels and highlight nodule-like 
structures (Li et al. 2003, 2008, Retico et al. 2008). Sophisticated 
filtering strategies have also been adopted to account for the 
large variability of real nodules with respect to the nodule mod-
els adopted in conven tional filtering procedures. In particular, a 
supervised filter based on the massive-training artificial neural 
network approach (Suzuki 2003) was trained with actual nodules 
to enhance actual patterns of nodules.

A widely-used procedure in the preprocessing step is lung seg-
mentation: this consists of identifying the target volume for the 
automated search of nodules. The aim of this segmentation task is 
both to reduce the computational costs of the CAD execution and 
to avoid CAD marks pointing at anatomical structures external 
to the lungs. There are studies fully dedicated to the development 
of specific algorithms for accurate lung parenchyma identifica-
tion (Pu et al. 2008a,b, Golosio et al. 2009, van Rikxoort 2009, 
De Nunzio et  al. 2011) and an extensive review on automated 
segmentation of different lung structure (van Rikxoort and van 
Ginneken 2013). The identification of lung parenchyma is a non-
trivial task, especially when an elderly population is investigated, 
due to the complexity of the anatomical structures, especially in 
the presence of underlying lung diseases (Pu et al. 2008a,b, van 
Rikxoort 2009, van Rikxoort and van Ginneken 2013). The accu-
racy of the lung segmentation step is cru cial, especially when 
juxtapleural nodules have to be detected. In this case, the lung 
segmentation step is required either to include or to exclude the 
pleural abnormalities (including juxtapleural nodules) in the seg-
mented volume, depend ing on the specific design of the detection 
algorithm. The performance of the lung segmentation step limits 
the maximum sensitivity of the CAD systems. Keeping in mind 
that the sensitivity is defined as the percentage of nodules cor-
rectly identified by the CAD system, it is evident that lung nod-
ules located outside of the segmented volume at this stage will 
be definitely missed by the detection systems. The validation of 
lung segmentation algorithms is far from being trivial, requiring 
an extremely time-consuming manual segmentation task by an 
experienced radiologist to define a ground truth for comparison. 
A large public database with a well-defined ground truth would 
be needed to evaluate lung segmentation algorithms and com-
pare each other’s performance.

The segmentation of structures in medical images still repre-
sents a challenging task many research groups try to deal with, 
and the implementation of innovative methods is more than wel-
come (Pu et al. 2011, Masala et al. 2013, van Rikxoort and van 
Ginneken 2013).

62.2.3 Nodule Candidate Identification

As shown in Figure 62.1, most CAD programs perform an ini-
tial selection of nodule candidates, which is a crucial task whose 
performance, in addition to that stated for the segmentation step, 

puts an upper limit on the nodule detection sensitivity. Image 
processing techniques, devoted to highlighting suspicious 
regions of the images, are implemented. The approaches can be 
broadly divided into the following main categories: intensity-
based algorithms, shape-based methods, and template-matching 
procedures.

Intensity-based algorithms exploit the CT intensity infor-
mation, which is quantitative information as it is expressed in 
Hounsfield Units (HU). Such algorithms are based on the infor-
mation that lung nodules present with a higher relative intensity 
with respect to lung parenchyma. Among the intensity-based 
methods applied to identify nodule candidates are the mul-
tiple gray-level thresholding techniques (Armato, Giger and 
MacMahon 2001, Messay, Hardie and Rogers 2010). In these 
techniques, the segmented lung volume is applied to a series 
of gray-level thresholds, leading to a series of thresholded lung 
subvolumes, which are selected as initial lung nodule candi-
dates if they satisfy a criterion on volume size. The intermediate 
candidate masks obtained for each threshold in the multiple-
threshold approach can then be processed by a specific morpho-
logical opening operation and finally combined by the logical 
disjunction (OR) operation to obtain the final nodule candidate 
masks (Messay, Hardie and Rogers 2010). The initial selection 
of nodule can didates can also be achieved by means of a multi-
threshold surface-triangulation approach (Golosio et  al. 2009). 
In this case, the surface triangulation is performed at different 
threshold values over a wide range. At each threshold value, a 
nodule candidate is defined as the volume inside a connected 
component of the triangulated isosurface (Suárez-Cuenca et al. 
2009). Multi-threshold nodule candidates are defined as a path 
of the tree-like structure that represents the evolution of a nod-
ule candidate as a function of the threshold values. Instead of 
applying multiple thresholds, it is also possible to execute a 
local-adaptive thresholding approach (Lee et  al. 2001, Messay 
et  al. 2010); in this approach, to detect nodule candidates the 
seg mented lung volume is processed by an adaptive thresh old 
that automatically converges to the optimum gray-level value 
that separates the higher density regions from the background 
(Suárez-Cuenca et al. 2009). Intensity thresholding can be com-
bined with morphological processing (Bellotti, De Carlo and 
Gargano 2007, Messay, Hardie and Rogers 2010) or rule-based 
pruning (Choi and Choi 2012) to identify and segment nodule 
can didates simultaneously. Another intensity-based method for 
nodule candidate detection is the region-growing algorithm, 
where seed points are iteratively chosen from the segmented 
lung volume (Bellotti et al. 2007). In this method, the segmented 
volume is scanned until a voxel satisfying the region-grow ing 
inclusion rule is found; that voxel is used as a seed point and the 
growth starts; once the region is completely grown, it is removed 
from the CT and stored for further analysis; then, the search 
for new seed points is iterated until no more seed points satisfy 
the inclusion rule. The second category consists of techniques 
that exploit the shape properties of the objects to be detected, in 
addition to their intensity. Nodules are considered to be nearly 
spherical objects and thus suitable features that highlight the 
local sphericity characteristic of image regions are computed to 
identify nodule candidate locations. Since the pioneering work 
of Li, Sone, and Doi (2003), many authors have implemented the 
selective filter to enhance nodules and suppress normal anatomic 



1263Computer Analysis of Computer Tomography Images for Lung Nodule Detection

structures such as blood vessels, which are the main source of 
false-positives (Li et al. 2008, Retico et al. 2008, Ye et al. 2009, 
Camarlinghi et al. 2011). This filter is based on the computation 
of the eigenvalues of the Hessian matrix at each voxel location, 
which can be quite time-consuming. Then, a thresholding of 
the filter output map allows identification of nodule candidates. 
This filter can be refined with the computation of a volumetric 
shape index map based on a Gaussian filter and mean curvature 
(Murphy et al. 2009, Ye et al. 2009). Some of the shape-based 
methods are dedicated to almost hemispherical objects, such as 
juxtapleural nodule candidates. In particular, gradient-based fil-
ters are used to enhance the convexity of the pleura surface (Paik 
et al. 2004, Retico et al. 2009).

The third category of nodule candidate identi fication algo-
rithms consists of template-matching methods (Lee et al. 2001, 
Wang et al. 2007, Ozekes et al. 2008). In these methods, nod-
ule models are created, taking into account variability in shape, 
size, and location of true nodules in the lungs. The evaluation 
of the correlation coefficient between templates and lung sub-
regions allows the identi fication of nodule candidates. The pos-
sibility of implementing a template-matching method is not 
limited to matching in the voxel space, but it can be extended, 
for example, to the feature space, as in the case of the shape-
based genetic algorithms template-matching technique proposed 
by Dehmeshki et al. (2007).

The nodule candidate selection step requires the highest pos-
sible sensitivity because nodules missed at this stage cannot be 
recovered in the later steps of the analysis.

62.2.4 Classification or False-Positive Reduction

Once the list of nodule candidates has been populated by the 
algorithms described in the previous section, a dedicated analy-
sis is necessary to prune from the list candidates not correspond-
ing to real nodules (i.e., what we will call false-positive findings 
at the end of the CAD execution). Nodule candidates have to be 

characterized in terms of image prop erties, often referred to as 
features, which are generally investigated by machine-learning 
approaches. This procedure is referred to as nodule candidate 
classification: each entry of the initial list of candidate nodules is 
classified either as a CAD finding, according to a certain degree 
of suspicion, or as a portion of nor mal tissue. The amount of 
nodule can didates corresponding to false-positive detections in 
the list of nodule candidates can be quite large, depending on 
the quality of the candidate identification algorithm and on the 
total amount of list entries a CAD developer decides to main-
tain up to the next stage to avoid limiting the CAD sensitivity a 
priori. The classification step is required to reach a com promise 
between the need to have high sensitivity to lung nodules and the 
need to avoid showing too many confounding CAD marks to the 
radiologists. The aim of this step of the analysis is to improve the 
specificity of the CAD system, while keeping the sensitivity as 
high as possible.

Among the numerous different strategies that are generally 
implemented, we can recognize two main categories of nodule 
characterization approaches: the first one aims to describe the 
nodule candidates by global shape- and/or intensity-based fea-
tures (Bellotti et al. 2007, Dehmeshki et al. 2007, Enquobahrie 
et al. 2007, Osman et al. 2007, Li et al. 2008, Murphy et al. 2009, 
Golosio et  al. 2009, Retico et  al. 2009, Suárez-Cuenca et  al. 
2009, Ye et al. 2009, Messayet al. 2010, Tan et al. 2011, Riccardi 
2011, Cascio et al. 2012, Cao et al. 2014); the second one is based 
on the characterization of the nodule candidate at the voxel level 
(Gori et al. 2007, Retico et al. 2008, 2009, Suzuki 2003, 2009) 
(see Figure 62.4). Both approaches require the segmentation of 
nodule candidates, the feature extraction, and finally, the feature 
classification. The accuracy of the nodule segmentation step 
is particularly important in the first approach, where the com-
puted features strictly depend on the shape of the segmented 
nodule candidate. The accurate segmentation of lung nodules 
is even more important to reliably evaluate the nodule dou-
bling time; thus, research on this particular issue is very active 

Voxel v

z – 1

z

z + 1

(a) (b1) (b2) (b3)

FIGURE 62.4 Example of characterization of a nodule candidate at the voxel level (Gori 2007): Each voxel of the nodule candidate is characterized by a 
vector of features obtained by unrolling the intensity values of the voxel 3D neighborhood (a); the classification of each voxel and the choice of a majority 
criterion within a nodule candidate allows a true nodule, for example, an internal nodule (b1) or a juxtapleural nodule (b2), to be distinguished from a false-
positive detection, for example, a vessel crossing (b3).
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(Dehmeshki et al. 2008, Diciotti et al. 2008, Kubota et al. 2011). 
The approaches to false-positive reduction based on single voxel 
analysis are, in principle, less affected by nodule segmentation 
accuracy. Thanks to the current increasing availability of compu-
tational power, the current trend is to classify every single voxel 
of a diagnostic image, also bypassing the candidate selection and 
characterization steps (Suzuki 2012a). However, this choice is 
still not efficient in the case of 3D CT data, such as the CT data 
acquired in lung cancer screening. The global features usually 
computed on the nodule candidates are gray-level based fea-
tures, texture features, and morphological features. They are all 
encoded in a vector of features and finally classified by machine 
learning-based methods. In contrast, when characterizing nodule 
candidates at the voxel level, each voxel is assigned a number of 
features extracted from its neighborhood, then each voxel is clas-
sified by a decisional system and a majority criterion has to be 
implemented to finally assign the nodule candidate to either the 
nodule or healthy tissue class.

The nodule candidates are usually represented in terms of the 
vectors of features extracted from either each nodule candidate or 
each voxel of each nodule candidate. For their classification, pat-
tern-recognition techniques are generally implemented. Among 
them, artificial neural networks (ANNs) are very popular (Bishop 
1990), and linear discriminant analysis (LDA) (Fukunaga 1990) 
and support vector machines (Vapnik 1995) are also widely used.

The choice of the minimal number of features to properly 
characterize the nodule candidates and carry out an efficient 
reduction of false-positives is a nontrivial task, and it is still a 
matter of investigation. If many features are considered, pos-
sible drawbacks are high computational time and overfitting of 
the classifiers. Within-class imbalance and high-dimensionality 
problems may reduce the classification performance, thus suit-
able learning strategies have to be adopted (Cao et  al. 2014). 
By contrast, if an overly restrictive set of features is chosen to 
characterize the nodule candidate, it could not encode all neces-
sary information to get an accurate classification performance. 
The choice of the number of features to characterize the nodule 
candidates and the design of the appro priate classifier to handle 
them require practical considerations to be made customized to 
the avail able set of training cases. CAD developers have to take 
into account the finite size of available cases to train, test, and 
validate the CAD system, and that the sample size affects the 
classifier performance (Sahiner 2008).

62.3 Analysis of the CAD System Performance

62.3.1 How to Evaluate the Performance

Once a CAD system has been designed and developed, it is cru-
cial to make a reliable estimate of its standalone performance. 
Although CAD systems have been developed to assist radiolo-
gists in their task, it is necessary to fully characterize the CAD 
performance before its impact on radiologists’ diagnostic ability 
can be evaluated. Moreover, although research on CAD has been 
very active in recent years, it is difficult to carry out a fair per-
formance comparison among the systems developed by different 
research groups. A reliable comparison of the nodule detection 
ability of different CAD systems could only be done on common 

databases. The rapid growth of CAD algorithms over recent 
decades has simultaneously triggered the development of the 
appropriate methodology to carry out CAD performance assess-
ment and also highlighted the necessity of the availability of a 
large, clinically relevant and annotated database to CAD devel-
opers to test and validate their systems.

62.3.2  Public Resources for Algorithm Training and 
Validation: Data Collection and Challenges

CAD researchers very often develop their algorithms on pri-
vate lung CT databases collected and annotated in medical cen-
ters accessible within specific research networks and projects. 
However, it is currently also possible to access public databases 
of annotated CT images. Useful repositories of annotated lung 
CT images are those released by the Early Lung Cancer Action 
Program in 2003 (ELCAP 2016) and by the LIDC (LIDC 2016), 
funded in the USA by the National Cancer Institute, in 2000. 
The aim of the LIDC was to develop consensus guidelines for a 
spiral CT lung image resource and to construct a database of spi-
ral CT lung images (Armato et al. 2004). Another dataset of lung 
CT scans is accessible within the ANODE09 (ANODE 2009) 
initiative (see Section 62.3.4) (van Ginneken et al. 2010), the first 
challenge for lung CADs organized in 2009 in the framework of 
the SPIE (Society of Photo-Optical Instrumentation Engineers) 
Conference, which contains data from the NELSON study, the 
largest CT lung cancer screening trial in Europe. In this case, the 
CT annotations are not available on the website; however, CAD 
developers can submit the output of their systems for each case to 
the organizers and the CAD performance will be evaluated and 
published on the website. After the ANODE09 experience, other 
challenges on common datasets were organized in 2015 (LUNGx 
2015) in the framework of the SPIE Conference, with the sup-
port of the American Association of Physicists in Medicine 
(AAPM) and the National Cancer Institute (NCI), and in 2016 
(LUNA 2016) in the framework of the International Symposium 
of Biomedical Imaging (ISBI) Conference. All these initiatives 
promote the early detec tion of lung cancers by supporting the 
research of image processing tools and CAD and the diagnosis 
of lung nodules.

62.3.3 Survey of CAD Performance

A number of relevant CAD systems were developed before pub-
lic samples of lung CT scans became available. We will report 
on examples of those systems, as well as on more recent studies 
where the CAD systems were validated on public data sources. 
It is evident that, when a CAD system is developed and validated 
on private datasets, a fair com parison of its performance with 
preexisting literature is not possible. Although largely encour-
aged, it is not yet common practice for all CAD developers to 
validate their CAD systems on a public dataset and to discuss the 
results achieved in comparative research papers.

Many valuable CAD approaches have been implemented 
and tested by means of private datasets (Bellotti et  al. 2007, 
Dehmeshki et al. 2007, Li et al. 2008, Pu et al. 2008a,b, Murphy 
et al. 2009, Suárez-Cuenca et al. 2009, Camarlinghi et al. 2011). 
Bellotti et al. developed a CAD system based on the region grow-
ing method and an original active contour model with a local 
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convex hull, able to draw the proper contour of the lung paren-
chyma and to include the pleural nodules (Bellotti et al. 2007). 
Rule-based classifiers and ANNs are implemented in a leave-
one-out cross-validation protocol. The system reached a sensitiv-
ity of 88.5% with 6.6 false-positives per scan (FP/scan) on 15 CT 
scans containing 26 nodules, acquired within the ITALUNG-CT 
trial, the first Italian randomized controlled trial for the screen-
ing of lung cancer (Lopes Pegna et al. 2009). Dehmeshki et al. 
implemented a shape-based genetic algorithm template-matching 
method to detect nodules with spherical elements (Dehmeshki 
et al. 2007). Lung nodule phantom images were used as reference 
images for template matching. This method has been validated 
on a private clinical dataset of 70 thoracic CT scans containing 
178 nodules, achieving a sensitivity of 90% with 14.6 FP/scan. Pu 
et al. developed a detection procedure in the signed distance field 
of the image (Pu et al. 2008a,b). Nodule candidates are identified 
by searching local maxima of signed distances; detected can-
didates are then classified according to the similarity distance 
of their medial axis-like shapes achieved through a progressive 
clustering strategy combined with a marching cubes algorithm 
from a sphere-based shape. This system reached a sensitivity of 
81.5% with 6.5 FP/scan on a dataset of 52 CT scans with 184 
nodules, including 16 nonsolid nodules. Li et  al. imple mented 
the selective nodule enhancement filter in the nodule candidate 
identification procedure and automated rule-based classifier to 
reduce false-positive findings (Li, Li and Doi 2008). A case-
based fourfold cross-validation testing method led to an over-
all sensitivity of 86% with 6.6 FP/scan on a dataset of 117 CT 
scans with 153 nodules, including both solid and nonsolid nod-
ules. Suárez-Cuenca et al. developed a CAD system based on the 
capability of an iris filter to discriminate between nodules and 
false-positives (Suárez-Cuenca et  al. 2009). Suspicious regions 
were characterized with features based on the iris filter output, 
gray level, and morphological fea tures, and finally classified by 
LDA. The system reached a sensitivity of 80% with 7.7 FP/scan 
on an independent validation dataset of 22 CT scans containing 
77 nodules. Murphy et al. proposed an algorithm based on local 
image features of shape index and curvedness to detect nodule 
candidates and two successive k-nearest neigh bor classifiers to 
reduce false-positive findings (Murphy et  al. 2009). The CAD 
was trained and tested on three datasets extracted from a large-
scale experimental screen ing study. The system performance 
was evaluated on a random selection of 813 scans, leading to a 
sensitivity of 80% with an average 4.2 FP/scan. The extensive 
training and validation of the system on large datasets of nod-
ules of varying sizes, types, and textures allows for a realistic 
measure of the CAD system performance in low-dose screen-
ing CT studies. Camarlinghi et al. developed two dedicated and 
integrated procedures to detect separately isolated and juxtapleu-
ral lung nodules (Camarlinghi et al. 2011). The selective nodule 
enhancement filter and the directional gradient concentration 
approach are used in the internal and pleural nodule candidate 
selection steps, respectively. A sensitivity of 70% with an aver-
age of 3 FP/scan was reached on an independent validation set 
of 20 CT scans of the ITALUNG-CT screening trial, containing 
38 nodules.

Several other CAD systems were recently developed using 
the LIDC database (Ge 2005, Golosio et al. 2009, Sahiner et al. 
2009, Messay et al. 2010, Riccardi 2011, Tan et al. 2011, Cascio 

et al. 2012, Choi and Choi 2012, 2014, de Carvalho Filho et al. 
2014, Lopez Torres et al. 2015, Jacobs et al. 2016). Sahiner et al. 
used adaptive 3D clustering and a 3D active contour algorithm 
to detect nodule candidates; clustering initialized by k-means 
was then used to segment the nodule candidates, further char-
acterized by three groups of features (Sahiner et al. 2009). An 
automated discrimi nation between internal and juxtapleural 
nod ules was performed before applying rule-based classification 
and LDA to both the juxtapleural and internal nodule candidates. 
Validation of the CAD system on an independent dataset of 52 
CT scans containing 241 nodules in the 3–18.6 mm diameter 
range achieved 54% sensitivity with 5.60 FP/scan. Golosio et al. 
detected the nodule candidates by means of a multi-thresh old 
surface-triangulation approach; shape- and intensity-based fea-
tures were then computed at each threshold on nodule candi-
dates and clas sified by ANNs (Golosio et  al. 2009). Following 
a twofold cross-validation protocol, the system achieved a 79% 
sensitivity at 4.0 FP/scan in the detection of nodules with a diam-
eter greater than or equal to 3 mm on a dataset of 84 CT scans 
containing 148 nodules. Messay et al. implemented a sequential 
forward selection process to select the optimum features for LDA 
and quadratic discrimi nant analysis (Messay et al. 2010). They 
reached a sensitivity of 83% with 3 FP/scan on a dataset of 84 CT 
scans containing 143 nodules in a sevenfold cross-validation test. 
Riccardi et al. developed a 3D fast radial filtering system to select 
nodule candidates and a heuristic approach based on geometric 
features, followed by a support vector machine for classification 
(Riccardi 2011). Following a twofold cross-validation protocol, 
the CAD system achieved a sensitivity of 71% with 6.5 FP/scan 
on a dataset of 154 CT scans containing 117 nodules. Tan et al. 
implemented a feature-selective classifier based on a genetic 
algorithm and ANNs for classification (Tan et  al. 2011). They 
achieved a sensitivity of 87.5% with 4.0 FP/scan on an indepen-
dent validation set of 125 CT scans containing 80 nodules. Choi 
and Choi developed a classifier based on genetic programming 
to process 2D and 3D features of nodule candidates detected by 
optimal multiple thresholding and rule-based pruning applied to 
the lung volume segmented by thresholding and 3D-connected 
component labeling (Choi and Choi 2012). They obtained 94.1% 
sensitivity with 5.45 FP/scan on a subset of 32 CT scans contain-
ing 76 nodules in the 3–30 mm range. Cascio et al. used a stable 
3D mass-spring model combined with a spline curve reconstruc-
tion process to identify nodule candidates, taking into account 
both intensity and shape information (Cascio et  al. 2012). A 
double-threshold cut on candidate features and a neural classi-
fier were then implemented to reduce false-positives. The CAD 
performance was evalu ated through a cross-validation procedure 
on a dataset of 84 CT scans containing 148 nodules with a diam-
eter greater than or equal to 3 mm, obtaining sensitivity values 
of 97% and 88% with 6.1 and 2.5 FP/scan, respectively, at two 
different operative points the CAD system can run on. Choi et al. 
refined the method previously described (Choi and Choi 2014) 
implementing a novel 3D shape-based feature descriptor. After 
lung volume segmentation, nodule candidates are detected using 
multi-scale dot enhancement filtering in the segmented lung vol-
ume. Next, feature descriptors are extracted from the detected 
nodule candidates, and these are refined using an iterative wall 
elimination method (Choi and Choi 2014). Finally, a support vec-
tor machine-based classifier is trained to classify nodules and 
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non-nodules. This method has been validated on a dataset of 
84 CT scans with 148 nodules with a diameter greater than or 
equal to 3 mm achieving 97.5% sensitivity with 6.76 FP/scan. de 
Carvalho Filho et al. (2014) developed a three-stage method: in 
the first stage, the extraction and reconstruction of the pulmo-
nary parenchyma is carried out and then enhanced to highlight 
its structures. In the second stage, nodule candidates are seg-
mented. In the third and final stage, shape and texture features 
are extracted, selected, and then classified using a support vec-
tor machine. To validate this system, 140 CTs from the LIDC 
database have been used (80% of which were used for training 
and 20% used for testing), obtaining a sensitivity of 85.91% with 
a false-positive rate of 1.82 per CT. Lopez Torres et al. (2015) 
implemented a CAD system (M5L lung CAD) by combining 
two independent subsystems (Camarlinghi et  al. 2012) based 
on the Channeler Ant Model as a segmentation tool and on the 
Voxel-Based Neural Approach for classification. The lungCAM 
(Channeler Ant Model) CAD was upgraded with a scan equal-
ization module and a new procedure to recover the nodules con-
nected to other lung structures; its classification module, which 
makes use of a feed-forward neural network, is based on a small 
number of features (13), so as to minimize the risk of lacking 
generalization, which could be possible given the large differ-
ence between the size of the training and testing datasets, con-
taining 94 and 1019 CT scans, respectively. The M5L lung CAD 
performance was extensively tested on 1043 CT scans from three 
independent datasets, including a detailed analysis of the full 
Lung Image Database Consortium/Image Database Resource 
Initiative database, obtaining a performance consistent across 
the databases, with a sensitivity of 80% at eight false-positive 
findings per scan, despite the variable annotation criteria and 
acquisition and reconstruction conditions. A reduced sensitiv-
ity is found for subtle nodules and GGO structures. Jacobs et al. 
(2016) report the performance of two commercial and one aca-
demic CAD system tested on 888 thoracic CT scans with a sec-
tion thickness of 2.5 mm or lower from the LIDC database. The 
CAD systems compared are: the commercial CAD system Visia 
(MeVis Medical Solutions AG, Bremen, Germany), a commer-
cial prototype CAD system Herakles (MeVis Medical Solutions 
AG, Bremen, Germany), and an academic nodule CAD system 
ISICAD (Utrecht Medical Center, Utrecht, The Netherlands). 
The updated commercial prototype showed the best performance 
with a sensitivity of 82% at an average of 3.1 FP/scan.

From the previously reported results, we can see that even when 
the publicly available LIDC database is used for CAD development 
and validation, the number of con sidered cases is not consistent 
among different studies. Not considering the different cardinal ity 
of the training and test sets among the vari ous studies, the per-
formance achieved on the LIDC datasets spans the 54%−97.5% 
range of sensitivity and 1.82−6.5 FP/scan. On private datasets of 
lung CT scans, values of sensitivity are in the 70%−90% range 
and values of FP/scan of 3−14.6 have been reported.

Among the most challenging tasks reported by CAD develop-
ers is the difficulty in the iden tification of nodules with low con-
trast with respect to the surrounding tissue, for example, GGO 
nod ules, especially when strongly connected to the vasculature 
or to the pleura surface. These types of nodules often happen to 
be false-negatives of CAD systems and still represent an open 
issue in lung CAD research.

62.3.4  Winning Strategy in Nodule Detection: 
Combining Different Algorithms 
Leads to Improved Performance

The large variety of CAD strategies for lung nodule detection 
adopted in recent years strongly suggests the absence of a single 
method that clearly outperforms the others. Each approach has 
its own strengths and weaknesses, and the complexity and vari-
ety of nodule appearance with respect to anatomical location, 
contrast, and geometry causes each detection algorithm to fail to 
reach 100% sensitivity. Despite this consid eration, such systems 
still represent useful aids in the diagnostic image reviewing pro-
cess. They have to be accurately set up and their performance has 
to be evaluated according to common criteria shared by differ-
ent research groups. In general, among the large variety of CAD 
approaches, those that are less affected by the presence of empiri-
cal thresholds set on available data are preferable because they 
guarantee a better generalization ability. Now that large datasets 
of CT data are available, it is hoped that researchers will reach an 
agreement on which data to use in the different steps of the train-
ing procedures to carry out highly instructive comparisons of dif-
ferent methods, with the possibility of also mixing and merging 
the different procedures implemented at each stage of the analysis.

Analysis systems implementing different approaches to detect 
lung nodules may generally be characterized by high sensitivity 
to a particular nodule type, while being less accurate in detecting 
nodules with different characteristics. Mimicking the multiple 
reader algorithm often used in diagnostic protocols, lung CT data 
can be processed by different CAD systems based on different 
analysis strategies, and their outputs can be compared and possi-
bly automatically combined (van Ginneken et al. 2010, Niemeijer 
et  al. 2011, Camarlinghi et  al. 2012). The combination of dif-
ferent systems extends the concept of the multiple classification 
problem, a well-known issue in pattern recognition research 
(Kittler 1998). The classification step is only the final task of a 
CAD algorithm, and the maximum sensitivity of the system has 
often already been reduced at that stage. The potential benefi-
cial impact of the combination of different approaches lies in the 
principle that even less-performing systems can contribute to the 
enhancement of the overall detection accuracy.

To avoid the mere summation of false-positive findings, the 
outputs of different analysis systems have to be merged accord-
ing to an appropriate criterion.

When two independent systems analyze two non-overlapping 
or partially overlapping regions of interest, such as the lung 
parenchyma and the pleura surface, searching for different kinds 
of nodules (Retico et al. 2008, 2009), the output of the two sys-
tems could, in principle, merely be merged. However, in the 
choice of the operating point at which each system works, the 
relative weight between the two systems has to be at least empiri-
cally determined (Camarlinghi et al. 2011).

General practical methods to combine many system outputs 
have been proposed by van Ginneken et al. (2010) and Niemeijer 
et al. (2011). Those authors organized a lung CAD challenge, the 
ANODE09 competition (ANODE 2009) where CAD developers 
were asked to blindly validate their CAD systems on a wide lung 
screening dataset (55 CT scans acquired in the framework of 
the NELSON study) by uploading their CAD findings on a web-
based framework for CAD performance evaluation. As reported 
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in van Ginneken et al. (2010), the combination of the outputs of 
algorithms, even characterized by different performances, led to 
an overall improvement in nodule detection ability.

A similar study conducted on 138 cases of the LIDC database 
demonstrated that the com bination of the output of three different 
CAD systems (Bellotti et al. 2007, Cerello 2010a,b, Camarlinghi 
et  al. 2011), contributes to the reduction of false-positives by 
exploiting the CAD comple mentarity (Camarlinghi et al. 2012). 
A dedicated plug-in for the OsiriX open-source DICOM viewer 
(OSIRIX 2016) has also been developed to interactively review 
each CAD output and their combination at different operating 
points (Camarlinghi et al. 2011).

More recently, C. Jacobs, A.A. Adiyoso Setio, A. Traverso, and 
B. van Ginneken organized the LUNA (Lung Nodule Analysis) 
2016 Challenge (LUNA 2016), a completely open challenge in 
which images and reference standards are publicly available. The 
goal of LUNA16 was to provide an opportunity for participants 
to test their algorithm on a common database with a standardized 
evaluation protocol. For this challenge, the publicly available 
LIDC/IDRI database has been used. In total, 888 CT scans have 
been included. Scans with a slice thickness greater than 3 mm 
have been excluded, along with scans with inconsistent slice spac-
ing or missing slices. The complete dataset has been divided into 
10 subsets that should be used for the 10-fold cross-validation.

The research community has been invited to participate in one 
or two of the following challenge tracks:

 1. Nodule detection: using raw CT scans, the goal is to 
identify locations of possible nodules, and to assign 
a probability for being a nodule to each location. The 
pipeline typically consists of two stages: candidate 
detection and false-positive reduction.

 2. False-positive reduction: given a set of candidate loca-
tions, the goal is to assign a probability of being a nodule 
to each candidate location. Hence, one could see this as 
a classification task: nodule or not a nodule. Candidate 
locations will be provided in world coordinates.

 3. False-positive reduction (extended): after discussions 
during the dedicated workshop at the ISBI conference, 
a new set of candidates has been released. This new 
set achieves a substantially higher detection sensitiv-
ity (1162/1186 nodules) to further improve the overall 
performance of the submissions.

The first results of this challenge were presented in a dedicated 
workshop (ISBI 2016) of the ISBI 2016 Conference, and the over-
all results of the combinations of the outputs of algorithms are 
published in (Adiyoso Setio et al. 2017).

62.4  The Use of a CAD System in Clinical 
Practice: First or Second Reader?

The extremely large population that could be enrolled in screen-
ing programs for lung cancer with low-dose CT makes the use of 
CAD systems to assist the radiologists quite necessary to make 
the programs cost-effective and thus affordable for the National 
Health Systems. CAD systems have the potential to improve the 

radiologist’s performance in detecting lung cancer. Especially 
in large-scale screening programs of an asymptomatic popula-
tion, subtle early-stage lung nodules can be overlooked (Li et al. 
2002). The efficacy of CAD systems in detecting nodules missed 
in CT screening programs has been demonstrated (Armato et al. 
2002, Li et al. 2005).

CAD systems can, in general, be used as first or second read-
ers of diagnostic images. In both cases, to assess the potential 
clinical usefulness of a CAD system, observer studies have to be 
conducted. They consist of estimating the diagnostic accuracy of 
radiologists with and without the use of CAD systems.

When the CAD is used as first reader, the CAD acts as a pre-
selector of the most suspicious cases to be directly pointed to further 
diagnostic investigation. The recent work by Ritchie et al. (2016) 
reports on the possibility of a technician carrying out the first read-
ing of lung cancer screening CT scans, assisted by computer vision 
tools. The technician reviewed 828 scans, achieving a sensitivity 
for abnormal scans of 97.8% and a specificity of 98%. Moreover, 
aided by computer vision, the technician correctly detected 92.9% 
of the 112 prevalent nodules identified as malignant in the follow 
up, compared with the 84.8% of the study radiologists.

To evaluate the impact of CAD as a second reader, the observer 
performance has to be evaluated before and after the CAD output 
is shown. Usually, two to ten radiologists with different levels 
of experience in image annotation participate in the study. The 
possible improvement of the radiologist’s performance when 
using CAD has to be evalu ated according to statistically relevant 
protocols. For example, the jackknife free-response receiver 
operating characteristic (JAFROC) analysis can be implemented 
(Chakraborty 2004, 2006). The JAFROC figure of merit is the 
probability that lesions are rated higher than false-positive marks 
on normal images. With respect to other statistical com parison 
procedures, the JAFROC method has shown an improved statis-
tical power that can allow for a reduced sample size requirement 
for the observer study.

Both radiologists and CAD systems have to be evaluated 
against a dataset of annotated CT cases. The consensus achieved 
by two expe rienced radiologists or by an expert panel is usually 
implemented as the reference standard.

Numerous studies report that the use of CAD systems improved 
the radiologist’s diagnostic accuracy (Beyer et al. 2007, Das et al. 
2008, Hirose et al. 2008, White et al. 2008, Sahiner et al. 2009). 
The impact of CAD systems on the diagnostic workflow has been 
demonstrated to be beneficial, especially in lung screening set-
tings (Beigelman-Aubry et al. 2007, Fraioli et al. 2007, Bogoni 
et al. 2012). The observer study of Beigelman-Aubry et al. on 54 
pairs of CT scans containing nodules with diameters ≥4 mm, 
involving two radiologists and a com mercial CAD system, dem-
onstrated an improve ment in the radiologist’s sensitivity, while 
the overall reading time on the CAD workstation and on the clin-
ical workstation was comparable (Beigelman-Aubry et al. 2007). 
Beyer et al. investigated the impact of a commercial CAD system 
on radiologists’ sensitivity and reading time (Beyer et al. 2007). 
The study involved four radiologists reviewing 50 CT scans con-
taining lung nodules with diameters ≥4 mm. When using CAD 
as a second reader, the radiologists’ sensitivity improved from 
68% to 75% at the cost of longer reading times. Fraioli et  al. 
conducted an observer performance study on 200 CT scans with 
screening characteristics (Fraioli et al. 2007). The study involved 
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three radiologists with variable experience, whose sensitivity to 
lung nodules had been found to be 57, 68, and 46%. With CAD 
used as a second reader, sensitivity significantly improved up to 
94, 96 and 94%, respectively. Hirose et al. conducted a JAFROC 
study on six expert radiologists reviewing the CT exams of 21 
subjects (Hirose et al. 2008). The standalone CAD sensitivity to 
lung nodules was 71.4% with 0.95 FP/scan. The average radiolo-
gist sensitivity improved significantly from 39.5% to 81.0% when 
using CAD. Das et al., in an observer study involving two radiol-
ogists reviewing 77 CT exams, showed a benefit in the sensitivity 
of the two radiologists of between 8 and 24% when using CAD 
(Das et al. 2008). White et al. conducted a mul ticenter observer 
performance study involving 10 radiologists with variable lev-
els of experience reviewing 109 CT cases acquired with differ-
ent CT scanners, containing nodules with diameters ≥4 mm 
(White et  al. 2008). The average increase in the perfor mance 
for the 10 readers with CAD software was 1.9% for a 95% CI 
(0.8%–8.0%). Sahiner et al. carried out a JAFROC experiment 
on a dataset of 85 CT exams involving six radiolo gists (Sahiner 
et al. 2009). A statistically significant improvement in radiolo-
gists’ average sensitivity from 56% at 0.67 FP/scan to 67% at 
0.78 FP/scan was achieved on nodules with diameters ≥3 mm, 
whereas no significant improvement was obtained on nodules 
with diameters ≥5 mm, thus indicating an enhanced sensitiv-
ity to small nodules, which are those more easily overlooked on 
visual inspection. Bogoni et  al. evaluated the impact on radi-
ologists’ performance of a com mercial CAD system integrated 
with the picture archiving and communication system (PACS) 
environment (Bogoni et al. 2012). The average sensitivity of five 
radiologists evaluated on 48 CT exams improved from 44 to 57% 
for nodules with diameters ≥3 mm, whereas the number of false-
positive detections significantly increased for only two radiolo-
gists. The integration of CAD into the PACS increased reader 
sensitivity with minimal impact on interpretation time.

Two radiologists and three different CAD systems were stud-
ied to find the best pairing in terms of the highest sensitivity 
of first and second reader in the study by Christe et al. (2013). 
Highest sensitivities (between 97 and 99.0%) were achieved by 
combining any radiologist with any CAD (i.e., second reader 
use). Combining any two CAD systems (i.e., first reader use), 
sensitivities were significantly lower (between 85 and 88%) than 
for radiologists combined with CAD.

Recent work by Matsumoto et al. (2013) compared the perfor-
mance of six radiologists, including three experienced radiolo-
gists, and a CAD on 50 CT scans. It is the first study addressing 
CAD performance as first and second reader using the JAFROC 
analysis. The study has not revealed significant differences 
between the performance in the two cases, with an average figure 
of merit of 0.70 for first reader use and of 0.72 for second reader. 
The average time taken for the diagnosis was significantly shorter 
in the first case (132 seconds) than in the second (210 seconds).

62.5 Open Issues in CAD Research

While tremendous work has been accomplished in the domain of 
CAD for lung nodules in chest CT, currently, the cost of apply-
ing commercial CAD systems is not reimbursable in the United 
States. This implies that the radiology departments have to 

absorb the CAD costs. This should also be an important issue for 
all CAD related research.

Nodules with a GGO appearance (part-solid and part-nonsolid 
nodules), as described before, are particularly difficult to detect. 
They are characterized by low contrast with respect to the back-
ground and ill-defined boundaries, thus they appear subtler with 
respect to solid nodules and are often missed by analysis algo-
rithms. The likelihood of malignancy for GGO nodules is much 
higher than that for solid nodules (Henschke 2002).

Despite some CAD systems including nonsolid nodules among 
the detected nodules (Dehmeshki et al. 2007, Li et al. 2008), ded-
icated approaches have been also attempted (Kim et  al. 2005, 
Ye et  al. 2007, Jacobs 2011). Kim et  al. proposed a method to 
detect pure nonsolid nodules based on the analysis of overlap-
ping regions of a CT scan by computing 2D texture and Gaussian 
fitting fea tures, afterwards classified by ANNs (Kim et al. 2005). 
Ye et al. implemented geometric shape features (e.g., shape index 
and dot enhancement) calculated for each voxel and then thresh-
olded to detect nodule candidates; false-positives were removed 
by rule-based filtering (Ye et al. 2007). On a dataset of 50 CT 
scans containing 52 GGO nodules, the system achieved a sensi-
tivity of 92.3% at 12.7 FP/scan. This dedicated approach has been 
further refined by Ye et al., where a CAD system of a dataset of 
clinical lung CT was developed and validated to detect both solid 
and GGO nodules (Ye et al. 2009). Jacobs et al. based their dedi-
cated method on the computation of a rich set of intensity, shape, 
and context features to accurately describe the appearance of this 
type of nodule (Jacobs 2011). A two-stage classification method 
based on LDA and GentleBoost classifier led to a detection sen-
sitivity of 73% at only 1 FP/scan on a dataset of 140 CT scans 
acquired in a screening trial. Although dedicated approaches to 
GGO detection are needed due to the different appear ance of 
GGOs with respect to solid nodules, it is desirable that GGO-
dedicated analysis modules are integrated into existing CAD 
approaches for other nodule types in order to get the most from 
the complementarity of these systems.

Another issue related to particular kinds of nodules is that of 
peri-fissural nodules (PFNs). Ciompi et  al. (2015) tackled the 
problem of automatic classification of PFNs. The problem has 
a high relevance in the context of lung cancer screening, since 
PFNs have been proven to be benign nodules, though they rep-
resent 30% of nodules detected in the screening population. The 
problem has been formulated as a machine learning approach, 
where nodule candidates are classified as [PFN, non-PFN]. 
Supervised learning was used, where a classification framework 
is trained to automatically label the detected nodule. Authors 
collected examples of PFNs and non-PFNs from baseline scans 
of 1729 participants from one center of the NELSON Study, 
the Dutch–Belgian randomized lung cancer screening trial (NP 
2016), discarding all the nodules with a size <6 mm and obtain-
ing 568 nodules consisting of 65 typical PFNs, 19 atypical PFNs, 
and 484 non-PFNs. They used both Random Forests and Support 
Vector Machines and they evaluated the performance via ROC 
(Receiver Operating Characteristics) analysis, using the AUC 
(Area Under Curve) to measure the performance. The best result 
in terms of AUC was obtained with Support Vector Machine 
classifiers, achieving a value of AUC = 0.847.

Moreover, automated analysis of lung CTs can also constitute 
a valuable help in the case of images acquired at very low doses 
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and, in particular, of those reconstructed by means of the recently 
available IR (iterative reconstruction) algorithms instead of FBP 
(Fourier back projection) based methods. Christe et al. (2013) used 
an anthropomorphic lung phantom and artificial lung nodules to 
simulate screening CT-examination at standard dose (100 mAs, 
120 kVp) and eight other different low dose levels and tested the 
sensitivity of two radiologists and three different CAD software, 
concluding that the combination of a human observer with any 
of the tested CAD systems provides optimal sensitivity for lung 
nodule detection, even at a reduced dose of 25 mAs/80 kVp. More 
recently, Den Harder et al. (2016) evaluated the effect of radiation 
dose reduction and IR on the performance of CAD for pulmonary 
nodules, concluding that the sensitivity of CAD does not decrease 
with both FBP and IR at sub-milliSievert dose levels, but the use 
of IR did result in an increased number of false-positive findings 
at reduced dose levels.

In addition to the automated research of particular kinds of 
nodules and to the analysis of very low dose and noisy images, 
another open issue in the research field of lung nodule automated 
detection is the appropriate setting of the analysis algorithms and 
their use in the clinical workflow. Many complete CAD systems 
show high standalone performance and have been demonstrated 
to enhance the radiologists’ ability in detecting lung cancers, but 
their use is still not widespread in clini cal practice. There are 
many obstacles to be over come before such analysis systems can 
be used daily in the clinical reading environment (Goo 2005, 
van Ginneken et  al. 2011). Some are related to the reliability 
and generalizability of CAD performance. Moreover, medical 
experts and technicians involved in this field would often pre-
fer not to have to handle unexpected failures or update requests. 
To be considered valuable aid instruments in clinical practice, 
CAD systems should be characterized by very high sensitivity 
and specificity levels for all nodule types and sizes, and they 
should be fast and easy to use. Depending on the task they are 
demanded to accomplish, they should allow the possibility to 
browse through CAD marks according to type, size, and degree 
of suspicion, and CAD marks should be accessible from any 
workstation used by the radiologists and connected to the PACS.

Valente et al. (2016) recently presented a systematic review of 
techniques for the 3D automatic detection of pulmonary nodules 
in CT images. They believe that further research is needed to 
develop CAD systems, or to optimize existing systems, and that a 
closer relationship between researchers and the medical commu-
nity is necessary, since the lack of recognition of some specific 
needs has hindered the wide use of CAD systems. This will only 
be possible through a joint effort between the involved parties 
in the process, including government, physicians, patients, engi-
neers, scientists, and technicians.

A possible solution to making CAD algo rithms easily acces-
sible by clinicians could be the use of web-based on-demand 
CAD services (Berzano et  al. 2012, Lopez Torres et  al. 2015). 
This service allows for CT data uploading through secure web 
protocols. Then the service provider executes the CAD algorithm 
by means of cloud computing techniques and notifies the end-
user via e-mail that the CAD output is ready for downloading. 
CAD output may be available in standard formats agreed with 
the end-user. In this scenario, a short algorithm execution time is 
not mandatory because the CAD output in any case can be avail-
able before the radiologist starts to review the case. In addi tion, 

if the web-based on-demand CAD service paradigm is adopted, 
the quality of the CAD output can be continuously optimized. In 
fact, the CAD service provider can, in principle, own more than 
one CAD system; thus different algorithms can be simultaneously 
executed, and CAD findings can be compared and combined to 
enhance their nodule detection ability. Moreover, hospitals and 
diagnostic centers do not have to acquire powerful workstations to 
carry out huge CAD computations or own CAD software licenses, 
and the maintenance and the upgrade of CAD systems and the 
computing power are fully managed by the CAD service provider.

62.6 Nodule Tracking

In addition to the detection aspect of lung nodules with CAD 
systems, nodule size determination and change over serial exam-
inations is another crucial aspect. Increase in nodule size over 
time raises concerns of malignancy and warrants additional test-
ing whereas consistent stability and regression over time trig-
gers conservative management. Manual measurements are prone 
to both inter- and intra-observer variations. Most commercially 
available CAD systems enable users to automatically derive min-
imum, maximum, and average diameters for the nodules. Lesion 
volume, which is a better indicator of change in lesion size than 
diameters, can also be estimated with CAD systems, although 
this often requires users to threshold or edit the lesion contours, 
particularly for perivascular nodules.

62.7 Conclusions and Perspectives

Analysis systems for lung nodule identification on CT images 
have a great potential to detect early-stage lung cancers and may 
represent a valuable aid when used either as first or as second 
readers in the workflow of a radiology department. The research 
on the CAD algorithms targeting any nodule type has reached 
satisfactory results after two decades of very active work by 
many research groups. However, a standardization of many pro-
cedures in CAD analysis, in classification system training, and 
in performance evaluation and comparison is still to be reached. 
In particular, CAD systems’ performance should be validated 
against large annotated databases, including the com plexity and 
variability of a screening population or, even worse, of a clinical 
population. The initiative carried out by the LIDC is extremely 
useful for CAD research, as it made a large repository of anno-
tated CT scans available to CAD developers for designing, 
validating, and comparing systems (Armato et  al. 2004). The 
combination of different detection algorithms in a more complex 
system was demonstrated to be beneficial. The optimal combina-
tion lies in the complementarity among the detection strategies of 
different CAD systems. Studies devoted to improving CAD vali-
dation procedures must go on simultaneously with the evaluation 
of the impact of CAD on the radiologist’s performance. When 
used as a first reader of CT scans, a CAD system is required to 
have high sensitivity to nodule detection. When a CAD is used 
as a second reader, it is not required to have comparable or better 
performance in nodule detection with respect to human readers, 
but to be complementary to the radiologist’s ability. Many stud-
ies demonstrated that the use of CAD systems could improve 
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the daily radiologic workflow, however these systems are not yet 
widespread instruments in clinical routine practice.

CAD systems still need a further improvement, especially 
with new algorithms for detecting nodules attached to other 
structures and nodules with subtler appearance, such as GGOs. 
The main issue in this research field is to maintain high lev-
els of sensitivity to all types of nodules while keeping a lim-
ited number of false-positive marks to minimize the number of 
unnecessary subject follow ups in a screening program where 
the CAD is used as first reader or to preserve the radiologists’ 
reading time in reviewing or discarding the CAD findings when 
the CAD is used as second reader.

To facilitate the integration of CAD into the workflow of 
radiology departments, CAD should be connected to the PACS 
environment. An original solution to facilitate the use of CAD 
systems by medical experts could be access to a web-based 
CAD service. In this case, the CAD end-users would be relieved 
from facing CAD system installation, upgrade, maintenance, 
and possible unexpected failures during the algorithm execu-
tion. A provider of a lung CAD service would guarantee huge 
 computational power, usually not available in medical centers, 
and also the possibility to simultaneously execute several CAD 
algorithms for comparisons and combinations.

Research in the field of CAD systems and their potential role 
in supporting the radi ologist’s daily work is still a very active 
area. Once the main technical obstacles to the wide spread imple-
mentation of these systems are removed, lung CAD systems are 
expected to become useful tools to assist radiologists daily in 
lung CT scan interpretation.
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63
Display Optimization and Human Factors

Elizabeth A. Krupinski

63.1 Introduction

There are many steps in the imaging chain before a clinical radiol-
ogy case (i.e., images) makes it to the radiologist’s work list and 
computer workstation, including acquisition, transformation from 
a “raw” image to “for presentation” image, perhaps some compres-
sion, depending on the modality and application, or possibly some 
transformation from a series of individual images into a fully recon-
structed 3D rendered volumetric image. The images can be archived 
and transmitted from one institution to another for interpretation or 
other purposes. No matter what steps precede, the final clinical step 
is the interpretation by the radiologist or other qualified clinician 
(e.g., an obstetrician interpreting a fetal ultrasound) of the image 
data. Currently, nearly all radiographic images are displayed on and 
interpreted from some sort of electronic digital display. Other chap-
ters have already reviewed the more technical parameters of medi-
cal image displays, including a technology overview, quality control 
and the DICOM GSDF (Digital Imaging and Communications in 
Medicine Grayscale Standard Display Function) (see Section I, 
Chapter 64). Although the DICOM GSDF takes the perceptual 
capabilities of the human observer into account, a broader discus-
sion of the role of the human observer in display optimization and 
how observers interact with displays is the focus of this chapter.

63.2  What Is the Human Visual 
System Capable Of?

The human eye–brain system is complex, but there are a few key 
aspects that are relevant to the optimization of displays for medi-
cal image interpretation. The eyes are the starting place, since 
radiology is essentially a visual task. The eyes are specialized 
sensory organs designed to receive and process light photons 

(see Oyster [1999] for a thorough explanation of the eye and its 
function). These photons pass through the cornea and pupil, then 
are focused by the lens of the retina. Each of these components 
impacts the perception of image data.

The pupil is important, as it controls the amount of light enter-
ing the eye, contracting in bright light and dilating in low light, 
in a process called adaptation. Adaptation (aka, dark adapta-
tion) is important, as it impacts contrast sensitivity or the ability 
to detect differences in scene/image luminance (or color) cor-
responding to different objects in the scene. In radiology, dark 
adaptation is influenced by the overall ambient light settings, the 
display luminance, and the image on the display. There is sig-
nificant evidence (Brennan et al. 2007) that ambient room light 
settings do impact lesion detection accuracy—they cannot be set 
too high or too low.

It is recommended (Norweck et al. 2013) that ambient room 
lights be set to 20–40 lux. If possible, lighting should be indi-
rect (e.g., wall-mounted), rather than direct (e.g., ceiling), and 
adjustable. This will help with dark adaption, reduce reflections 
on the display monitor and reduce fatigue. For primary interpre-
tation, the maximum luminance should be at least 350 cd/m2 (for 
mammography 420 cd/m2) and for secondary displays 250 cd/
m2. As the term adaptation implies, it does take time for the eyes 
to adjust to a given lighting environment and, on average, it takes 
10–15 minutes to adequately adapt, so radiologists should con-
sider this before starting a reading session. Although there have 
been no studies to date using digital displays and clinical images 
to study the impact of dark adaptation on lesion detection perfor-
mance, Baxter et al. (1982) did conduct a psychophysical study 
and computer simulation and the results support the “common 
knowledge” belief that viewing conditions and adaptation levels 
do impact performance, especially for low contrast targets.

The cornea helps protect the eye and also serves as the ini-
tial point in the focusing process. As light hits the cornea, it is 
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bent on its way to the lens, which is the focusing system of the 
eye. The task of the lens is to focus light on the retina where 
the photoreceptors (rods and cones) are located. To do this the 
curvature of the lens is changed via the ciliary muscles and para-
sympathetic pathways in a process called ocular accommoda-
tion. Accommodation is accompanied by vergence, a slightly 
faster process in which the eyes are oriented properly to a given 
point of focus in space. Both of these are impacted by the dis-
tance between the eye and the point in space—in this case the 
monitor displaying the radiographic image. For most people the 
ideal viewing distance is about 18 inches, but it will vary as a 
function of the individual, their vision and whether corrected or 
not. Corrective lenses are often required (especially with age), as 
the physical properties of the lens often deviate from the ideal. 
Myopia (near sightedness) occurs when the lens focuses the eyes 
too far in front of the retina; while far sightedness occurs when 
the lens focuses too far behind the retina. Since vision is so 
important to radiologists, it is highly recommended that they get 
annual eye exams and corrective lenses as necessary.

The retina, as noted, contains the rods and cones. There are 
light-sensitive cells that receive the light photons, undergo a 
chemical transformation, and transmit electrical energy that 
acts on nerve cells that transmit signals to the visual cortex and 
related brain systems. There are about 115 million rods, mostly 
in the periphery of the retina. The rods are responsible for lower 
resolution and motion perception and are mostly associated with 
peripheral vision. As motion detectors, their temporal response 
is faster than that of the cones, allowing for rapid detection and 
subsequent orientation of the eyes to changes in the periphery. 
As such, they are often thought of as “bug detectors.” In radiol-
ogy, this system can come into play, for example when scrolling 
through a series of chest CT slices. Pulmonary nodules (Figure 
63.1) tend to “pop” in and out of surrounding anatomy as they are 
scrolled through, catching the attention of the observer, causing 

them to slow down, focus on the “pop out” location and decide 
if what was detected is indeed a nodule. This “pop out” effect 
has garnered a significant amount of attention in the psychology 
literature since it was first described by Treisman (1985) as being 
a pre-attentive processing step in visual perception.

There are about 6.5 million cones, which are located in the 
central or foveal region of the retina. These photoreceptors are 
responsible for fine, high-resolution detail perception. Basically, 
this foveal region can be thought of as the direction of gaze or 
focus of attention. Foveal vision is limited to about a 2.5 degree 
radius (with parafoveal vision extending a bit further out, but not 
as far as peripheral vision). What this means practically is that, 
in order to bring image details into focus, the eyes need to move 
around the image in a process called visual search.

Visual acuity and contrast, or differences in color and bright-
ness that allow you to distinguish between objects and their 
background, are intertwined. Contrast sensitivity has been found 
to peak in the mid-spatial frequency range, around 3–5 cycles/
degree. For radiologists, this means that low contrast lesions (e.g., 
pulmonary nodules, breast masses, subtle fractures) can often go 
undetected, especially when viewing conditions are not optimal. 
Contrast sensitivity is measured using tests developed with grat-
ing patterns (alternating black and white lines, where the average 
luminance remains the same but contrast between the light and 
dark areas differ) to establish contrast levels perceptible by the 
human eye. This discrimination is described in terms of cycles 
per degree or grating frequency, as noted above.

The other key function of the cones is color perception. Hence, 
there are actually three types of cones, each sensitive to a par-
ticular range of wavelengths. Thus, there are S, M, and L cones, 
sensitive to short, medium, and long wavelengths, respectively 
(or blue, green, and red). In radiology, color vision is not espe-
cially important as images are predominantly grayscale (thus, 
being a color blind radiologist is not a problem!). In other clini-
cal specialties, however, like pathology, dermatology, and oph-
thalmology, color vision can be quite important and display 
calibration for optimal (i.e., relative to the color capabilities of 
the human visual system) rendering and interpretation of color 
images is critical (Badano et al. 2015). To date, however, there 
is no single accepted color display calibration protocol like the 
DICOM GSDF in medical imaging and, surprisingly, the results 
on whether color calibration or quality impacts diagnostic per-
formance is mixed (Krupinski et al. 2012; Campbell et al. 2015; 
Kimpe et al. 2016).

63.3 Visual Search

As noted above, due to the limited field of high-resolution foveal 
vision, the eyes need to move around the scene (image on a moni-
tor) in order to bring details into focus, making it possible to 
detect subtle abnormalities embedded in the complicated and 
often camouflaging context of the anatomic background (often 
referred to as anatomic or structured noise). This limited field 
of high-resolution foveal vision is often referred to as the “use-
ful visual field” and can be thought of as a “cone” of vision, as 
shown in Figure 63.2. Peripheral vision still processes informa-
tion around the image outside of this cone, but not at the level of 
detail the useful visual field is capable of.

FIGURE 63.1 Typical nodule in a chest CT that may “pop out” and attract 
the radiologist’s attention as they scroll through slices.
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Interestingly, radiologists are capable of detecting quite a bit 
in very short views of radiographic images. One of the seminal 
studies in medical image perception (Kundel and Nodine 1975) 
had 10 radiologists view 20 chest radiographs, half normal and 
half abnormal, tachistoscopically for 0.2 seconds versus unlim-
ited viewing time. Surprisingly, they found that in the 0.2 second 
flash view detection accuracy was 70% (97% in the unlimited 
search). This study pretty much introduced the concept of the 
“visual or global gist” into the medical image perception field. 
Carmody et al. (1980) followed this up and illustrated just how 
much and how fast targets can be detected in chest radiographs. 
They had radiologists view a series of chest X-ray images with 
small pulmonary nodules using very fast or tachistoscopic 
presentations of the images (to prevent visual search). When 
viewed directly for 300 milliseconds, 85% of the nodule targets 
were detected. When the targets were off center by as little as 
5 degrees from the axis of gaze, performance dropped by half, 
illustrating the critical role of foveal vision in lesion detection, 
but also showing how good peripheral vision can be at detecting 
small, subtle lesions—performance did not drop to zero. Similar 
studies have verified these findings and explored underlying 
mechanisms (Pietrzyk et al. 2014).

In order to study how radiologists move this useful visual field 
around an image in search of potential abnormalities, eye-track-
ing studies have been conducted. Figure 63.3 shows an example 
of a typical pattern of a radiologist searching for pulmonary nod-
ules in a chest X-ray image. Each dot represents where the eye 
(useful visual field) has landed and is spending time processing 
visual input data (referred to as a fixation). The lines between 
the dots represent the paths between fixations as the eye moves 
around the image (known as saccades). Note that, because of the 
size of the useful visual field and since peripheral vision is also in 

play, the entire image need not be fixated with foveal vision. The 
nature of the search pattern also changes as a function of the type 
of image (Kundel et al. 1978; Krupinski 1996; Krupinski and 
Lund 1997; Drew et al. 2013; Rubin et al. 2015) and the nature 
of the task (e.g., general screening versus searching for a likely 
target based on the clinical history).

The idea to study how radiologists search images stems from 
seminal work in the 1940s. A series of studies was conducted to 
determine what the best technique was for tuberculosis screen-
ing (i.e., four radiographic and fluoroscopic techniques) (Birkelo 
et al. 1947; Garland 1949). It was thought that one imaging tech-
nique would readily stand out as the best, but there was so much 
intra-observer and inter-observer variation that no clear winner 
in terms of optimal technique could be found. Later studies veri-
fied this large amount of reader variation in studies that tasked 
radiologists with something as seemingly straightforward as 
describing the physical characteristics of radiographic shadows 
(Newell et al. 1954).

63.4 Visual Search and Reader Error

The studies noted above not only documented the first accounts 
of reader variability in radiographic image interpretation, but, as 
a result, also raised the problem of errors in radiology, which is 
still a major concern today (Brady et al. 2012; Pinto et al. 2012; 
Lee et al. 2013; Bruno et al. 2015), with estimates as high as 30% 
(false negatives and false positives) in some areas.

There are obviously many reasons why an abnormality might 
be missed by a radiologist, but, after the early studies after World 
War II first noting errors, Tuddenham and Calvert (1961) were 
one of the first to suggest that errors (misses) may due to inad-
equate searches and large inter-observer variability in search 
strategies. They did not actually record search patterns with any 

FIGURE 63.2 Illustration of the “useful visual field” superimposed on a 
mammogram.

FIGURE 63.3 Typical visual search pattern recorded by an eye-tracking 
device. The circles represent locations where the eye lands with foveal vision 
and the lines between the saccades or jumps between locations.
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eye-tracking technology, but rather asked radiologists to use a 
spotlight source with variable diameter to move around the 
images using a diameter no larger than they thought necessary, to 
indicate where they were looking. Thomas and Lansdown (1963) 
probably conducted the first actual eye-tracking study in 1963.

The majority of the early work in eye-tracking, however, was 
conducted by Kundel and Nodine and their various associates 
through the early 1990s. After that, eye-tracking equipment 
became more widely and commercially available (and afford-
able) and other labs started engaging in this area of research. 
One of the key contributions of Kundel et al. (1978) was using 
eye-position recording to classify types of omission errors.

Using data from radiologists looking for pulmonary nodules in 
chest images, Kundel et al. (1978) classified omission errors into 
three categories, based on visual dwell times. About one third of 
these errors fall into each category. Search errors occur when the 
radiologist never fixates the abnormality with foveal vision. It is 
presumed that he/she does not process abnormality information 
with high-resolution vision, so it is not detected or recognized. 
It should be noted that some abnormalities are obvious enough 
to be detected with peripheral vision and reported without ever 
directly fixating them.

The second category is known as recognition errors. In this 
case, abnormalities are fixated with foveal vision, but not for very 
long. It is thought that there is, therefore, inadequate processing 
time, reducing the likelihood that relevant features are detected 
or recognized. Decision errors occur when abnormalities are fix-
ated for long periods of time, but the radiologist either does not 
consciously recognize it as a true abnormality or actively dis-
misses it.

There is significant literature on the nature of visual search 
and errors and how they differ as a function of level of expertise 
(Nodine and Mello-Thoms 2010; Drew et al. 2013; Kelly et al. 
2016). There is, however, little evidence that display optimization 
or image quality significantly impact diagnostic performance 
differentially for experts versus novices. In brief, it is worth not-
ing that, in radiology and other visual specialties like pathology 
(Mello-Thoms et  al. 2012; Krupinski et  al. 2013), as expertise 
develops, visual search patterns become more efficient—readers 
tend to find abnormalities faster, need to spend less time looking 
at them with foveal vision to decide if there are indeed lesions, 
and return to them less often in searches than those with less 
experience or those in training.

63.5 Display Optimization and Reader Error

As is clear from the chapter on the DICOM GSDF, display opti-
mization, at least from the perspective of calibration and taking 
into account the perceptual capabilities of the human visual sys-
tem, does impact diagnostic performance. The DICOM GSDF 
was developed utilizing Barten’s (1999) model of the contrast 
sensitivity of the human visual system and, in fact, use of the 
DICOM GSDF has been shown to yield better diagnostic accu-
racy and search efficiency compared to other calibration options 
such as the Society of Motion Picture and Television Engineers 
(SMPTE) pattern (Krupinski and Roehrig 2000).

There are a number of other physical display parameters that 
have been shown to impact diagnostic accuracy and/or visual 

search, stressing the need to properly optimize them for interpre-
tation of clinical images. It is important to note that, even though 
these display characteristics have been assessed in the past, it 
is often necessary to redo them as display technology contin-
ues to evolve and change. Most of the early studies compared 
cathode ray tube (CRT) displays to film (Krupinski and Lund 
1997; Hertzberg et al. 1999; Krupinski et al. 1999), then CRTs 
to LCDs (liquid crystal displays) (Krupinski et al. 2004; Balassy 
et al. 2005; Saunders et al. 2006), LCDs to iPads (McEntee et al. 
2012; Yoshimura et al. 2013; Salati et al. 2015), phones and other 
portable devices (Szekely et  al. 2013; Hirschorn et  al. 2014; 
Kim et  al. 2015; Park et  al. 2016), monochrome versus color 
(Krupinski et al. 2008; Okumura et al. 2014) and medical-grade 
versus commercial-off-the-shelf (COTS) displays (Krupinski 
2009; Okumura et al. 2014). Surprisingly, although evaluations 
of newer technologies often revealed lower diagnostic accuracy 
and efficiency compared to the status quo, after the technology 
matured most studies revealed relative equivalence. Thus, today 
there are many situations in which portable devices and COTS 
displays are used on a regular basis for primary interpretation.

In particular, key display characteristics that have been shown 
to lead to better diagnostic accuracy and efficiency include 
higher luminance (Krupinski et  al. 1999; Buls et  al. 2007), 
ambient lights between 25 and 50 lux (Brennan et  al. 2007; 
Hellen-Halme et al. 2008; Liu et al. 2014), orthogonal viewing 
(Badano et  al. 2003; Krupinski et  al. 2005) and calibrating to 
the DICOM GSDF (Krupinski and Roehrig 2000; Leong et al. 
2012; McIlgorm et al. 2013). Characteristics that do not seem to 
significantly impact accuracy and efficiency include 8-bit ver-
sus 11-bit data displays (Krupinski et al. 2007); and color versus 
monochrome high-performance LCD displays (Averbukh et al. 
2005; Doyle et al. 2005; Langer et al. 2006; Geijer et al. 2007; 
Okamura et al. 2014).

63.6 General Environment Considerations

The display is clearly only part of the reading environment and 
its optimization only one piece of the greater picture (Horii et al. 
2003; Prabhu et  al. 2005; Krupinski and Kallergi 2007). As 
noted, external factors such as ambient room lights also play a 
large role in the optimization of the more global reading envi-
ronment. There are many other factors to consider. For example, 
the user interface is a critical factor that every radiologist must 
deal with, and it became quite evident in the early days of picture 
archiving and communications system (PACS) that there was no 
one-size-fits-all interface that would suit every radiologist and 
every task or modality. Clearly radiologists have hanging proto-
col preferences, but it goes beyond that. Allowing for individually 
tailored or customized interfaces can actually increase read-
ing efficiency or, at least, the perception of increased efficiency 
(Jorritsma et al. 2014, 2015). Some of the key aspects of the user 
interface that have been identified as important to consider when 
selecting the optimal workstation include hanging protocol and 
default display options, image processing and analysis tools or 
functions, reporting options, speed, means of interaction (e.g., 
mouse, joystick, touch), decision support tools and compatibility 
with other systems (e.g., is a separate workstation required for 3D 
rendering options).
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Other environmental factors to consider include ambient noise 
levels (e.g., from computers, colleagues, hallways), airflow and 
temperature and even cleanliness. A recent study (Duszak et al. 
2014) assessed the degree of bacterial contamination of radiol-
ogy workstations (with toilet seat and doorknob as reference 
points). They tested dictation microphones (mean = 69.4) and 
computer mice (mean = 46.1) and found that all were contami-
nated with bacteria—at significantly higher colony count rates 
than toilet seats (mean = 10.5) or doorknobs (mean = 14.8)! The 
majority of the workstations (64%) grew Staphylococcus aureus 
and 21% grew enteric organisms. Simple swabbing with a com-
mercial antiseptic pad practically eliminated the contamination.

63.7  Impact on Radiologists: Physical Injuries, 
Fatigue, and Diagnostic Performance

Another important consideration that has gained much atten-
tion in recent years relates in part to the choice of input device 
(e.g., mouse, joystick), but also to the more general phenomenon 
of radiologists sitting in front of computer workstation displays 
for hours on end interpreting cases. In the film environment, the 
problem was either minimal or non-existent, as there were no 
input devices and reading sessions did not last for hours upon 
hours, as the films on the view box or alternator had to be changed 
periodically. In a sense, this was forcing the radiologist to get up 
and do something else for at least a short period of time. The 
digital reading environment, however, has raised significant con-
cerns regarding physical injuries to the radiologist. For example, 
Rodrigues et al. (2014) surveyed 148 radiologists (trainees and 
attendings) on the prevalence of musculoskeletal (MSK) symp-
toms related to radiology work. They found that 38% reported 
radiology-associated MSK symptoms, with lower back pain 
being the most common (41%), followed by shoulder, neck, wrist, 
eye, hand, and elbow discomfort. Thompson et al. (2014) found 
that repetitive strain injuries are also common among breast radi-
ologists and they increase as a function of longer work hours.

In addition to documenting these issues, there are also a 
number of solutions provided to help combat them (Hoffmann 
et  al. 2016), including getting seating with adequate lumbar 
support, wrist supports, setting aside time for movement and 
stretching exercises and even standing while interpreting cases 
(Krupinski 2013; Richardson 2014). American Optometric 
Association. (https://www.aoa.org/documents/infographics/
SaveYourVisionMonth2016-1.pdf) is a validated tool to help 
evaluate where existing “pain points” might exist, thereby pro-
viding guidance on what aspects might need to be addressed to 
optimize the reading environment (Hedge et al. 1999).

Another way that the digital reading environment impacts 
radiologists is in terms of visual strain (Krupinski and Berbaum 
2009; Halpenny et al. 2012; Gerard et al. 2013; Ikushima et al. 
2013). Ikushima et  al. (2013) found that the type of monitor, 
ambient lighting conditions and degree and type (contacts versus 
glasses) were all associated with subjective visual fatigue levels. 
Krupinski et  al. (2010) measured visual accommodation (abil-
ity to focus on a point in space or a scene such as a radiograph 
on a computer monitor) in radiologists and radiology residents 
(Figure 63.4) and found that accommodation at near distances 

was significantly worse overall compared to far distances, and 
was significantly worse after a day of digital reading at all dis-
tances. In other words—after a long day of reading clinical 
images, visual strain was increased to the point where they were 
actually becoming temporarily myopic and less able to focus 
(Krupinski et al. 2010).

The critical question, of course, is whether visual strain and 
subjective feelings of fatigue have any impact on the ultimate 
issue of importance—diagnostic accuracy (Krupinski and Reiner 
2012; Reiner and Krupinski 2012a,b). A number of studies have 
been conducted in recent years to investigate this issue, with the 
majority finding that diagnostic performance and efficiency are 
indeed impacted negatively. It has been shown that visual accom-
modation, subjective fatigue and detection accuracy for fractures 
are all negatively impacted after just 8 hours of clinical reading, 
with diagnostic accuracy decreasing significantly by about 4% 
(Krupinski et al. 2010). The detection of pulmonary nodules in 
CT is similarly impacted (Krupinski et al. 2012). In an analysis 
of six studies (Taylor-Phillips et al. 2015) that were not initially 
designed to assess the impact fatigue, it was found that there are 
systematic changes in diagnostic accuracy over just the course 
of a single laboratory reading session! Across the studies, time 
taken to interpret each case decreased by 9%–23% as time pro-
gressed and sensitivity decreased or specificity increased signifi-
cantly as well.

Some possible solutions to avoid visual fatigue (and other 
errors) have also been proposed (Lee et al. 2013), such as auto-
mated accommodative training to strengthen the eyes and reduce 
the tendency towards fatigue-induced myopia. The “20-20-20 
rule” is an easy tip to remember to help reduce eye strain and 
fatigue—every 20 minutes, look towards an object 20 feet away 
for at least 20 seconds (American Academy of Ophthalmology 
2016). Other suggestions include avoiding sitting too close to air 
heating and cooling systems, using lubricating eye drops fre-
quently, not sitting too close to the monitor, reducing glare as 
much as possible, humidifying the air if necessary and avoiding 
dust, mold, and pollen as much as possible. These types of con-
siderations regarding environmental factors become even more 
important when using mobile devices outside of the reading 
room environment and especially in outdoors situations.

FIGURE 63.4 Device used to measure visual accommodation or the abil-
ity to focus.
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63.8 Conclusions

The nature of medical image viewing has changed dramatically 
in the past 30 years in many ways, including the way images are 
acquired and, hence, displayed (the move from film to digital), 
the display medium (CRTs, LCDs, iPads, smartphones) and the 
sheer volume and types of images that require interpretation in 
a typical day. Changes will continue to occur as new types of 
image acquisition devices are invented and new types of view-
ing devices evolve. Stereoscopic displays have never really taken 
off in radiology, in part due to technology limitations and the 
need to wear special glasses, but there are numerous advances 
being made in 3D volumetric imaging and innovative ways to 
display these images for diagnostic use (Chen et al. 2016; Perhac 
et al. 2016). Even the basic 2D viewing devices will continue to 
evolve—the smartphone of today will soon be replaced by yet 
another portable device with capabilities yet to be considered 
and, just as with the devices that are available today, we must 
continue to evaluate them in terms of their impact of diagnostic 
accuracy and efficiency, and optimize them for clinical interpre-
tation by the human observer.
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64
Display for Medical Imaging and DICOM Grayscale 
Standard Display Function Fundamentals

Wei-Chung Cheng and Aldo Badano

64.1 Medical Display

The term “medical display” is widely used while lacking a clear 
definition. In this chapter, we limit the scope of medical display 
to the following definition:

An optoelectronic instrument that presents a two-/
three-dimensional array of medical data with corre-
sponding monochrome or color pixels/voxels arranged 
in the original geometrical order for the human user to 
visually perceive the structured information.

This definition covers medical displays used in various modali-
ties including computed tomography (CT), magnetic resonance 
(MR), positron emission tomography (PET), ultrasonography 
(US), digital radiography (DX), mammography (MG), digi-
tal angiography (XA), nuclear medicine (NM), and so on (see 
Section IV, Chapter 63). In contrast, displays used to show 
unstructured medical information like heart rate and electrocar-
diogram are not discussed in this chapter. Most medical displays 
are two-dimensional, while some stereoscopic medical displays 
are used to present volumetric data acquired from imaging 
systems such as MR and CT. Medical displays can be classi-
fied as monochrome (grayscale) or color. Currently the major-
ity of desktop medical displays are approved or cleared with the 
monochrome mode for presenting data acquired from a single 

modality, for example, X-ray. Color medical displays are required 
to view images acquired via visible light such as pathology, der-
matology, and endoscopy. Color medical displays can also be 
used to view fused images from multiple modalities, and to allow 
for annotations including  computer-aided diagnosis (CAD) marks 
and pointers (see Section IV, Chapter 59). The scope of medical 
display in this chapter is slightly narrower than other regulatory 
or marketing definitions such as “display devices for diagnostic 
radiology” (U.S. Department of Health and Human Services 
Food and Drug Administration 2016a), “soft-copy presentation of 
medical images” (Samei et al. 2005; U.S. Department of Health 
and Human Services Food and Drug Administration 2008), 
and interface to a picture archiving and communication system 
(PACS) (Behlen et al. 2000). The relationship between the three-
dimensional object and the two-dimensional image in an imaging 
system is thoroughly treated in Barrett and Myers (2013).

According to the abovementioned definition, the input to a 
medical display is an image that represents the medical data. 
Therefore, a driving computer is required in a medical display to 
handle the image and drive the display device. A medical display 
system is defined in the next section, followed by a summary 
of the essential measurable characteristics of a color display. 
The concept of perceptual linearity is quantified as the founda-
tion of any display function. The derivation of Barten’s contrast 
sensitivity model is elaborated, as well as the simplified model, 
which was derived by the Digital Imaging and Communications 
in Medicine (DICOM) PS 3.14. The calibration and assessment 
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methods recommended by the American Association of Physicists 
in Medicine (AAPM) TG18 are described and illustrated in 
detail. The DICOM grayscale standard display function (GSDF) 
is compared with other functions used in color displays. Finally, 
the challenge of expanding the DICOM GSDF for color displays 
is discussed.

64.2 Medical Display System

Figure 64.1 shows the block diagram of a typical medical 
display system. A medical display system, sometimes called 
a workstation, consists of the driving computer, display inter-
face, and the display device. The driving computer hosts the 
hardware and software components that are required to exe-
cute the image viewer software programs. The hardware com-
ponents include not only the essential computer parts such as 
CPU, memory, and storage, but also the graphics card or graph-
ics processor. The software components include the operating 
system, graphics libraries, device drivers, color manager, and 
color profiles.

The display device, frequently called the monitor or screen, 
is an optoelectronic device such as a liquid crystal display 
(LCD) or cathode ray tube (CRT) monitor (Badano et al. 2004) 
that converts digital information into optical signals. The dis-
play device is driven by the driving computer via the display 
interface, such as the Digital Visual Interface (DVI) or the 
DisplayPort.

In a desktop computer-based medical display system, each of 
the computer hardware, computer software, display interface, 
and display device is an individual unit that is interchangeable 
and can be swapped by the user after shipment from the man-
ufacturer. The benefits of such an open architecture are lower 
manufacturing cost and better controllability, because most 
parts are commercial off-the-shelf and the end user has access 
to individual parts. On the other hand, an open architecture is 
prone to the end user’s inappropriate manipulation, which was 
not envisioned by the manufacturer. For example, the lumi-
nance response of a professionally calibrated display system can 
be easily distorted if the end user incidentally alters brightness 
and contrast settings of the display device. In contrast, a closed 
architecture integrates the driving computer and display compo-
nents in a monolithic device such as a mobile phone, tablet, all-
in-one computer, or smart TV. The Apple iPhone is an example 

of closed architecture, in which every hardware/software block 
in Figure 64.1, except for the application software, is fixed by 
the manufacturer, leaving little or no controllability to the end 
user. Nevertheless, lack of user controllability does not necessar-
ily imply consistency. For example, the frequent major or minor 
system software updates or upgrades pushed by the manufacturer 
via the Internet, which are seldom documented in detail, might 
change the behavior of the display from its original status when 
purchased.

Besides being a closed system, the other major differences in 
mobile displays are the reduced display size, higher pixel den-
sity, and shortened viewing distance. These factors impact on the 
spatial resolution properties, and are studied in Yamazaki et al. 
(2013b).

64.3 Display Characteristics

A display is a complex optoelectronic device. A color display 
has millions of pixels, and each of them can show millions of 
color shades independently, which makes characterizing a dis-
play a non-trivial task (Lueder 2001; Green et al. 2002; Marcu 
2002; Balasubramanian 2003; Lee 2005; Badano 2011; Kagadis 
2013). The AAPM Task Group 18 (TG18) recommends a set of 
essential optical characteristics of a medical display that should 
be rigorously assessed (Samei et al. 2005). These characteristics 
are grouped by their physical properties in Table 64.1. Many 
of the characteristics can be considered as the minimal/micro-
scopic or maximal/macroscopic measures of the same physi-
cal property, while some represent the transition between the 
two ends. Each of the physical properties is discussed in the 
following.

The luminance response is the relationship between the digital 
input (p-value) and the luminance output. For a medical display, 
both the minimum luminance (Lmin) and the maximum lumi-
nance (Lmax) are critical specifications. The transition (or curve) 
from the minimum to the maximum luminance is the display 
function, which is the main topic of this chapter.

The reflectance response is the relationship between the inci-
dent ambient light and the reflected light from the display sur-
face. The reflectance response is important for determining the 
impact of the ambient light on the perceivable minimum lumi-
nance. The reflectance response has two components—specular 
reflectance and diffuse reflectance.

Display
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H/W (CPU,
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S/W System
(OS, CMM)

S/W App
(image viewer)
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Computer
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signal
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FIGURE 64.1 A typical medical display system consists of the driving computer, display interface, and display device.
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The chromaticity response is the relationship between the 
p-value and the chromaticity of the output light. The chromatic-
ity of the gray shade at the maximum p-value is the white point, 
which can be represented by a standard illuminant or color 
temperature (e.g., CIE D65 or 6500 K). The chromaticity at the 
minimum luminance is not as important, so it is usually not 
reported. The chromatic transition from the white point to the 
black point is gray tracking. The chromaticity responses of the 
primary colors (i.e., red, green, and blue) are important because 
they determine the color gamut of a color display. The chromatic 
transition of each primary color from the maximum p-value to 
the minimum p-value is color tracking.

The spatial response is the relationship between the pixel on/
off state and the output lighting pattern. At the microscopic level, 
each pixel (or subpixel) can be described by the pixel size and aper-
ture ratio. The modulation transfer function (MTF) is a standard 
method of measuring the spatial resolution. At the macroscopic 
level, the pixel size and pixel pitch together determine the effec-
tive display area. Considering the transition from a single pixel 
to the whole display area, geometrical distortion-free is a basic 
requirement that all pixels must be aligned straight and square.

Spatial uniformity is the relationship between sources of noise 
and their distributions. At the microscopic level, a dead pixel (or 
subpixel) stuck at the on/off state creates a strong, high frequency 
local noise. On the other hand, Mura is a weak, low frequency 
type of noises across a large area of the display. In between, the 
noise power spectrum (NPS) is a standard method for measuring 
the small fluctuation in luminance across the whole display area.

The temporal response describes the characteristics of the 
transition time of the output light. The gray-to-gray transition 
time is the rising or falling time required to change the lumi-
nance from one gray level to another. After reaching the target 
gray level, the luminance may either hold, like in a hold-type 
display technology such as LCD, or decay, like in a pulse-type 
display technology such as CRT. Frame rate describes how fast 
the image can be updated with respect to the input data. Refresh 
rate describes how often each pixel is re-scanned.

The spectral response is the relationship between each sub-
pixel and its output spectrum. At the microscopic level, each of 

the red, green, and blue subpixels is associated with a specific 
spectrum, which is determined by the combination of the back-
light and the color filter array, as well as the digital driving level 
(DDL) in the case of the LCD technology. At the macroscopic 
level, the spectrum of each color channel can be individually 
measured to determine the primary colors and color tracking. 
For the purpose of color correction, a single color channel may 
drive more than one subpixel, so the spectra of subpixels may 
differ from those of primary colors.

Finally, the angular response is the relationship between 
the viewing angle and the luminance/chromaticity response. 
Angular response should not be considered as a standalone dis-
play characteristic, but an additional dimension associated with 
the luminance and chromaticity responses. All of the abovemen-
tioned physical properties (luminance, reflectance, chromaticity, 
spatial, spatial uniformity, temporal, and spectral) are measured 
perpendicularly only. The angular luminance response is impor-
tant for displays that exhibit strong viewing angle dependency 
such as LCD. Many display manufacturers use the luminance 
ratio, defined as the maximum luminance divided by the mini-
mum luminance, with a very loose constraint, for example ≥10, 
to report the maximum viewing angle, for example ±170°, which 
is rarely informative and often misleading. A better method is to 
use a polar chart to show contours of luminance or contrast at 
various angles.

Further discussion and measurement methods of the essential 
characteristics for color medical displays can be found in Samei 
et al. (2005), and International Committee for Display Metrology 
(ICDM) (2012).

64.4 Perceptual Linearity

The main objective of a medical display is to stimulate the user 
to evoke a visual sensation that is linearly correlated with the 
source data. For monochrome medical displays, the only optical 
property that can be modulated to represent the source data is 
luminance, which stimulates the visual sensation of brightness 
(Fairchild 2013). For color medical displays, the source data can 

TABLE 64.1

Essential Optical Characteristics for Medical Displays

Minimum
Transition from Minimum to 

Maximum Maximum

Luminance response Lmin Gamma Lmax

Reflectance response Specular and diffuse

Chromaticity response monochrome 
display

– Gray tracking White point

Chromaticity response color display – Color tracking Color gamut

Spatial response Pixel size, MTF Pixel pitch, geometrical 
distortion

Pixel number, screen size

Spatial uniformity Dead pixels NPS Mura

Temporal response Gray-to-gray rising/falling time Duration (hold-type, pulse-
type, backlight blinking)

Frame rate, refresh rate

Spectral response Subpixel Light modulation RGB channel

Angular response—luminance and 
chromaticity

Normal Polar chart Viewing angle LR ≥ 10
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be represented by luminance and/or the other attributes such as 
hue and chroma. For example, the transition of hue in a rainbow 
color map can be used to present the source data in a pseudo-
color fashion, which is used in perfusion MR and color-fused 
multimodal imaging. Ideally, the perceived visual sensation 
should linearly correlate with the source data. This property is 
often desirable and referred as perceptual linearity. Perceptual 
linearity is one of the key features that qualify a medical dis-
play. Achieving perceptual linearity involves accurate display 
calibration and a well-controlled viewing environment.

For monochrome displays, perceptual linearity is the relation-
ship between the input data, p, and the perceived brightness, J, 
conforming to a linear equation:

 J a p b= ⋅ +  (64.1)

where a is a positive number, b is a finite number, and p is the 
input p-value.

The perceived brightness, J, is a perceptual measure that needs 
to be determined by psychophysical experiments, which are usu-
ally costly to conduct. Alternatively, measuring the difference in 
perceived brightness, ΔJ, is easier to determine with the follow-
ing equation.

 Δ ΔJ a p b= ⋅ +  (64.2)

Equation 64.2 is a more practical form of utilizing the con-
cept of perceptual linearity. It determines how much increase in 
the p-value is required to evoke a certain amount of perceptual 
difference in brightness, and vice-versa. Due to the limitations 
of the human visual system, the minimum perceivable ΔJ is 
bounded by the just-noticeable difference (JND). Thus, the con-
cept of the JND is also embedded in Equation 64.2.

64.5 Barten’s Contrast Sensitivity Model

The human visual system is known to be extremely complex 
(Palmer 1999). Although human vision researchers have been 
working on an accurate mathematical model for more than a 
century, due to the overwhelming amount of variables that can 
affect the human visual system, to date there is not an accurate 
yet universal model for predicting visual perception.

In 1992, Peter Barten published a contrast sensitivity model 
for the human eye (Barten 1992). The model is expressed as a 
function in Equation 64.3.
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The model mainly predicts the relationship between the con-
trast sensitivity, S, and the spatial frequency, u, under a certain 
viewing condition that is specified by 11 parameters. The con-
trast sensitivity, S, is the inverse of the threshold, mt, which is 
measured with a visual psychophysical experiment. Mopt, as 
defined in Equation 64.4, is the optical modulation transfer func-
tion (MTF) of the human eye. The pupil size, d, is modeled as a 
function of L, the object luminance, as defined in Equation 64.5. 
The rest of the parameters define the viewing conditions of the 
visual experiments, as listed in Table 64.2.

Barten’s model predicts the contrast sensitivity function under 
the following conditions. The subject looks at a vertically ori-
ented grating pattern with both eyes. The spatial frequency of 
the grating pattern, u, is adjusted by the subject. The task for the 
subject is to determine the threshold of the spatial frequency, mt, 
at which the grating pattern is visually discernable.

The parameters in Equation 64.3 and Table 64.2 can be classi-
fied into the following three groups.

 1. Target-dependent parameters:

• The angular size of the grating pattern in a square 
shape is XO deg × XO deg.

• The spatial frequency of the grating pattern is u 
cycle/deg.

• The average luminance of the grating pattern is L 
cd/m2.

• The photon conversion factor, p, is determined by 
the spectrum of the light source.

 2. Subject-dependent parameters:

• k is the signal-to-noise ratio of the subject’s eye.

• η is the quantum efficiency of the subject’s eye.

• σ0 is a constant for determining the standard devia-
tion of the line-spread function, σ, in Equation 64.4.

 3. Constants related to the human visual system:

• uo is the spatial frequency above which the lateral 
inhibition ceases.

• Xmax is the maximum angular size that can be inte-
grated by the human eye.

• Nmax is the maximum number of cycles that can be 
integrated by the human eye.

• Csph is another constant for determining the stan-
dard deviation of the line-spread function σ in 
Equation 64.4.

• T is the integration time of the human eye for static 
images.

• Φo is the spectral density of the neural noise.

The pupil size, d, is an important factor of the model. Figure 
64.2 shows the relationship between the pupil size, d, and loga-
rithm of the object luminance, Log(L). The pupil size is about 
7 mm in the dark and decreases hyperbolically with Log(L). 
The pupil size affects two terms in Equation 64.3—Mopt and (1/
(ηp((π/4) d2L))).



1287Display for Medical Imaging and DICOM Grayscale Standard Display Function Fundamentals

Mathematically, Barten’s model can be comprehended by ana-
lyzing the three components in Equation 64.3 as follows.

The first component is the optical MTF, Mopt. Figure 64.3 
shows the relationship between the optical MTF, Mopt, and the 
spatial frequency, u, at three object luminance levels (L = 100, 1, 
and 0.01 cd/m2). The MTF curve remains constant until the spa-
tial frequency exceeds a certain point. The knee of each curve is 
controlled by the σ0 constant. The MTF curves decrease when the 
object luminance is reduced from 100 to 1 and then 0.01 cd/m2.

The second component of Equation 64.3 represents the inter-
nal noise as
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Figure 64.4 plots Equation 64.6, the internal noise as a func-
tion of the spatial frequency, u, for three object sizes (XO = 6°, 
10°, and 15°). The internal noise decreases as the spatial frequency 
increases. The internal noise is higher when the object size XO is 
larger. The internal noise is independent of the object luminance, L.

The third component of Equation 64.3 is the combination of 
the neural noise and lateral inhibition modeled as
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TABLE 64.2

Parameters Used in Barten’s Model

Unit Meaning Barten (1992)
DICOM
PS-3.14

u Cycle/deg Spatial frequency 4

L cd/m2 Luminance of the object

XO Deg Angular size of the object 2

p Photon/(Td*Sec*Deg) Photon conversion factor 357

k – Signal to noise ratio 3.3

η % Quantum efficiency of the eye 2.5

σ0 Deg Resolvable spatial frequency 0.5 0.0133

uo Cycle/deg Spatial frequency above which the lateral 
inhibition ceases

8 8

X2
max Deg Maximum angular size of the integration area 12 12

N2
max Cycle Maximum number of cycles over which the eye 

can integrate
15 15

Csph Deg/mm3 Increase of the line-spread function with pupil size 0.0001 0.0001

T Sec Integration time 0.1 0.1

Φo Sec * deg2 Spectral density of neural noise 3 × 10−8 3 × 10−8
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FIGURE 64.2 The relationship between pupil size and luminance mod-
eled by Equation 64.5.

–1 –0.5 0 0.5 1 1.5 2

L = 0.01
L = 1
L =100

Logarithm of spatial frequency, log(cycle/deg)

M
op

t

–14

–12

–10

–8

–6

–4

–2

0

FIGURE 64.3 The relationship between Mopt and u at three object lumi-
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Figure 64.5 shows the relationship between the combination of 
the neural noise and lateral inhibition and the spatial frequency 
u. The neural noise and lateral inhibition linearly limit the con-
trast sensitivity in the lower spatial frequency region. The neural 
noise and lateral inhibition decreases as the object luminance, L, 
decreases from 0.01 to 1 and then 100 cd/m2.

The product of the three components, Equations 64.4, 64.6, 
and 64.7, forms the familiar contrast sensitivity versus spatial 
frequency curves, as shown in Figure 64.6. The contrast sensi-
tivity reaches the highest point at medium spatial frequencies, 
followed by low spatial frequencies, and then high spatial fre-
quencies. The low spatial frequency side is limited by Equation 
64.7 (cf. Figure 64.5), while the high frequency side is limited 
by Equation 64.6 (cf. Figure 64.4). According to Equation 64.4, 
the high frequency side is lower than the low frequency side 

(cf.  Figure 64.3). Overall, the contrast sensitivity decreases as 
the luminance decreases.

The curves in Figure 64.6 depict how contrast sensitivity is 
affected by spatial frequency for a certain object luminance. 
Given the curves, the relationship between contrast sensitivity 
and object luminance, which is of our interest, can be retrieved 
indirectly. For example, in Figure 64.6, the dashed vertical line, 
u = 4, intersects with the three curves at three points, which 
can be used to determine the relationship between the contrast 
sensitivity and object luminance. However, replacing u = 4 with 
another vertical line, for example u = 8, will obviously result in 
a completely different relationship. Therefore, such an approach 
is highly dependent on the chosen spatial frequency, u.

Barten’s model was fitted and compared with the empirical 
data from eight previous studies (Barten 1999). In all of the 
eight studies, the main objective was to establish the relationship 
between contrast sensitivity and spatial frequency. Only three of 
the eight studies conducted experiments at various object lumi-
nance levels. Since the relationship between contrast sensitivity 
and object luminance was not the main objective of these studies, 
it is understandable if Barten’s model fails to predict it accurately.

Another consideration when using Barten’s model is the sur-
rounding condition. Surround is defined as the field outside the 
stimulus, and can be considered as the entire room or environ-
ment (Fairchild 2013). The surround impacts on the overall 
image contrast effects (Bartleson and Breneman 1967; Fairchild 
1995), and is included in other visual perception models (Luo 
and Hunt 1998; Moroney et al. 2002). In the eight studies, the 
visual experiments were conducted in a dark environment, which 
differs from the common use case of a radiology reading room. 
The lack of consideration of the surround effects in Barten’s 
model may also reduce its prediction accuracy in practice.

64.6 Barten’s Simplified Model

A simplified version of Barten’s model was adopted by 
DICOM PS 3.14 when deriving the grayscale standard display 
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function in 2003 (NEMA 2011). The model was simplified 
by fixing 12 of the 13 parameters in Table 64.2, including the 
spatial frequency, u, leaving the object luminance, L, the only 
variable.

Equation 64.3 can be rearranged as
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where the substituting variables q1, q2, and q3 are
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After plugging in the 12 parameters listed in the rightmost col-
umn of Table 64.2, the substituting variables can be calculated as

 q1 0 1183034375= .  

 q2
53 962774805 10= ⋅ −.  

 q3
71 356243499 10= ⋅ −.  

Since the object luminance L is the only remaining variable, 
Equation 64.9 becomes a univariate function of the object lumi-
nance. To distinguish Barten’s simplified model from the origi-
nal one, a different symbol S′ is used
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In Equation 64.13, Mopt and d cannot be simplified further 
because both are functions of L (cf. Equations 64.4 and 64.5).

Based on the 12 parameters used in DICOM PS 3.14, the fol-
lowing experiment conditions can be inferred. The object size 
is 2° × 2° (XO = 2), which is equivalent to a 8.7 mm × 8.7 mm 

square placed 250 mm away from the subject. The spatial fre-
quency of the grating pattern is 4 cycles/deg (u = 4), so the grat-
ing frequency is 0.92 line-pair/mm. The color temperature of the 
illumination is 2850 K (p = 357), the same as the orange-tinted 
light from a halogen lamp used (DePalma and Lowry 1962). 
The three subject-dependent parameters, k = 3.3, η = 2.5, 
and σ0 = 0.0133, were suggested by Barten in Barten (1999), 
because they were calculated from the geometrical means of 
the parameters used in the previous eight studies (DePalma and 
Lowry 1962; Patel 1966; Van Nes and Bouman 1967; Campbell 
and Robson 1968; Watanabe et al. 1968; Van Meeteren and Vos 
1972; Virsu and Rovamo 1979; Carlson 1982. The remaining 
seven parameters are the same as those used in Barten (1999).

The relationship between the logarithm of the contrast sen-
sitivity and the logarithm of the object luminance, modeled by 
Equation 64.13, is shown in Figure 64.7.

Notice that the maximum luminance tested in Barten (1999) 
was 1028 cd/m2. In DICOM PS 3.14, Equation 64.13 is applied 
to the luminance range between 0.05 and 4000 cd/m2, which 
covers the black point of a typical CRT display (0.05 cd/m2) 
and a radiology lightbox for reading X-ray film (4000 cd/m2). 
Therefore, gray levels above 1030 cd/m2 (at DDL 815) were 
extrapolated from Barten’s model and may need experimental 
verification.

64.7 Grayscale Standard Display Function

Based on Barten’s simplified model, the grayscale standard dis-
play function was derived by DICOM PS 3.14. The main goal 
of the GSDF is to standardize a one-to-one mapping between 
the object luminance and the perceived brightness with rea-
sonable perceptual linearity. DICOM PS 3.14 uses the term 
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derived from Barten’s simplified model.
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“just-noticeable difference (JND) index,” annotated by j, to 
quantify the perceived brightness. The GSDF was derived based 
on the idea that the contrast of two adjacent JND indices should 
be inversely proportional to the contrast sensitivity function. 
The contrast is defined in Michaelson’s contrast formula
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where j and j + 1 are adjacent JND indices, Lj is the object lumi-
nance at JND index j, and S′ is the contrast sensitivity calculated 
from Equation 64.13, Barten’s simplified model.

Thus, the object luminance of each JND index, j + 1, can be 
calculated from Lj:
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The unit of L is cd/m2. The boundary condition, L1, is meant to 
be the minimum luminance of the display. L1 = 0.05 was chosen 
by DICOM PS 3.14 to represent the black point of a typical CRT 
display. Also, a ratio of 1 was chosen to formulate the proportion-
ality in Equation 64.14.

The recursively defined Equation 64.15 can be rewritten as
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Figure 64.8 shows the relationship between the object lumi-
nance and JND index, as modeled by Equation 64.16.

In DICOM PS 3.14, the GSDF was further simplified by fitting 
the curve in Figure 64.8 with the following equation
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where a  = −1.3011877, b  = −2.5840191∙10−2,  c  = 8.0242636∙10−2, 

d = −1.0320229∙10−1, e = 1.3646699∙10−1, f = 2.8745620∙10−2,  
g = −2.5468404∙10−2, h = −3.1978977∙10−3, k = −1.2992634∙10−

4 and m = 1.3635334∙10−3.
Equation 64.17 defines the mapping from the object lumi-

nance, L, in cd/m2 to the JND index, j. Ln stands for the natural 
logarithm function, while log10 stands for base-10 logarithm.

The inverse of the GSDF was also provided in DICOM PS 
3.14 as
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where A = 71 498068. , B = 94 593053. , C = 41 912053. , 
D = 9 8247004. , E = 0 28175407. , F = −1 1878455. , 
G = −0 18014349. , H = 0 14710899. , and I = −0 017046845. .

Equation 64.18 defines the mapping from the JND index, j, to 
the luminance, L, in cd/m2.

64.8 AAPM TG18

In the luminance response section of Samei et  al. (2005), the 
AAPM TG18 addresses how to use the GSDF to calibrate a 
monochrome medical display and how to evaluate the GSDF 
conformance of a monochrome medical display.

64.8.1  Calibrating a Monochrome Medical 
Display with the GSDF

The objective of calibrating a medical display is to adjust the 
luminance response with respect to the input p-value, such that 
the relationship between the luminance and the input p-value 
complies with the GSDF standard. Here, the meaning of compli-
ance is less than obvious because the GSDF covers a very wide 
luminance range between 0.05 and 4000 cd/m2, while the maxi-
mum luminance of most LCD monitors is less than 1000 cd/m2. 
Furthermore, the GSDF maps the JND index to luminance while 
a display system maps the p-value to luminance. Therefore, com-
pliance with the GSDF implicitly governs two conditions: a lin-
ear mapping between the p-value and perceived brightness, and a 
subset of the entire GSDF luminance range that is covered by the 
display luminance range. Mathematically, the goal of the GSDF 
calibration process can be expressed as

 
∃ ∈ > ≡ ⋅ +a b a t L L a p bp, , . . ( )R 0 s

 (64.19)
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by the GSDF, Equation 64.16.
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where p is the p-value, and Lp is the target display luminance 
with respect to p. The term a p b⋅ +  is a JND index, and L is the 
JND index-to-Luminance function, as defined in Equation 64.17.

The idea of the GSDF calibration is that the display luminance 
range must be identical to a certain interval of the GSDF curve, 
whose JND index is positively proportional to the p-value. In 
order to utilize the full luminance range of the display, AAPM 
TG18 recommends the following method for mapping the p-value 
to JND index.

p to JND p
J L J L

p J Lp max p min
p min_ _ ( )

( ) ( )
( )_ _

_=
−

+
255  

(64.20)

In Equation 64.20, Lp_max and Lp_min are the maximum and min-
imum luminance of the display, respectively (e.g., 255 and 0 for an 
8-bit display). J is the luminance-to-JND index function defined 
in Equation 64.18. The idea behind Equation 64.20 is to distribute 
the DDL values evenly across the available JND index range.

The calibration flow is illustrated in Figure 64.9 and laid out 
as follows. Figure 64.9 consists of three charts. The left chart 
shows the relationship between luminance and DDL, which is 
decomposed into two charts (luminance versus JND index and 
DDL versus JND index) on the right.

 1. Measure the minimum and maximum luminance to 
obtain Lp_min and Lp_max (cf. the left chart).

 2. Use Equation 64.18 to find the JND indices J(Lp_min) 
and J(Lp_max) corresponding to Lp_min and Lp_max on the 
GSDF curve (cf. the top right chart).

 3. Use J(Lp_min) and J(Lp_max) to derive the p-to-JND func-
tion, as defined by Equation 64.20 (cf. the bottom right 
chart).

 4. For each p, adjust the display luminance to match the 
target luminance, L(p-to-JND(p)).

64.8.2  Evaluating the GSDF Conformance 
of a Medical Display

AAPM TG18 defined a metric for evaluating the conformance 
with the DICOM GSDF based on the method recommended in 
Annex C of DICOM PS 3.14. The metric is called observed con-
trast, which applies to both the measured luminance curve and 
the GSDF curve.

The measured observed contrast is defined as
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(64.21)

Figure 64.10 illustrates the definition of the observed contrast 
on the luminance versus JND index curve. Two data points are 
required to calculate the observed contrast, which means that, for 
two DDLs, pk and pk+q, their luminance levels, Lk and Lk+q, and 
their JND indices, Jk and Jk+q, are required. ΔL/ΔJ is the slope 
of the curve between these two points and represents “how much 
luminance increase is required to be noticeable.” According 
to Weber’s law, the required luminance increase, ΔL/ΔJ, is 
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proportional to the luminance level, L. Therefore, theoretically, 
if the luminance versus JND curve follows Weber’s law, dividing 
ΔL/ΔJ by L should result in a constant. Equation 64.21 uses the 
mean luminance of the two points as L.

The DICOM reference observed contrast is defined as
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Compared with Equation 64.21, the difference is that the mea-
sured luminance in Equation 64.22 is replaced by the JND index-
to-luminance function, L, as defined in Equation 64.17.

The error between the measured luminance and the DICOM 
reference luminance is defined by AAPM TG18 as the difference 
between the measured observed contrast and the DICOM refer-
ence observed contrast.
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Equation 64.23 is indeed the per-JND difference in Michelson’s 
contrast between the measured and DICOM reference data.

Finally, the GSDF conformance is evaluated with the maxi-
mum absolute difference in the observed contrast.

 
max k q qk k

dδ δ− =, { , , }0 2 …
 

(64.24)

In Equation 64.24, q is the space between the evenly spaced 
p-values k q q= { , , }0 2 … . If 18 points are to be measured in an 
8-bit display, the DDL values will be {0, 15, 30, 45, 60, 75, 90, 
105, 120, 135, 150, 165, 180, 195, 210, 225, 240, 255}.

In AAPM TG18, the recommended tolerance of GSDF con-
formance is 10% for primary medical displays, and 20% for 
secondary medical displays. Figure 64.11 shows the relation-
ship between logarithm of the observed contrast and JND index 
defined in Equation 64.22.

Figure 64.12 illustrates the workflow in three charts for calcu-
lating δk and δk

d  as follows.

 1. Measure the display luminance at evenly spaced p-val-
ues to obtain L p q qp , { , , }= …0 2  (cf. left chart).

 2. Use Equation 64.18 to find the JND indices J(Lp_min) 
and J(Lp_max) corresponding to Lp_min and Lp_max on the 
GSDF curve (cf. top right chart).

 3. Use J(Lp_min) and J(Lp_max) to derive the p_to_JND func-
tion, as defined by Equation 64.20 (cf. bottom right 
chart).

 4. For each DDL = p, calculate the corresponding 
DICOM reference luminance with Equations 64.18 and 
64.20, L(p_to_JND(p)) (cf. top right chart).

 5. Calculate δk, based on the data from Step (1) and Step 
(3) with Equation 64.21.

 6. Calculate δk
d , based on the data from Step (4) and Step 

(3) with Equation 64.22.

 7. Plot δk on the observed contrast versus JND index 
chart, as shown in Figure 64.11 for visual analysis.

 8. Calculate max k k
dδ δ−  and determine whether the dis-

play passes the DICOM GSDF conformance test.

Using the observed contrast defined in Equation 64.22 might 
be considered counterintuitive because, after all, the GSDF is 
based on a different contrast metric derived by Barten’s model. 
Therefore, the observed contrast curve in Figure 64.11 is not 
a constant, but a curve rising rapidly in the low JND region. 
Nevertheless, the 10% or 20% tolerance of GSDF conformance 
is still sufficient for the purpose of evaluation. Figure 64.13 
shows the corresponding luminance error in JND for 10% and 
20% tolerance of the GSDF conformance. The data were calcu-
lated by converting the observed contrast difference in Figure 
64.11 into corresponding JND difference. It shows that the 10% 
and 20% tolerance is equivalent to a 0.1 and 0.2 JND difference, 
respectively.

Although 0.1∼0.2 JND is a tight constraint for evaluating the 
luminance error, the ordering of the gray levels is not considered 
in the AAPM TG18 evaluation method. It is possible for a display 
to have reversed gray levels, for example, Lp > Lp+1, especially in 
the low luminance region, while still passing the GSDF confor-
mance check.
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64.9 Comparing GSDF with sRGB and CIELAB

sRGB and CIELAB are two very common color spaces used in 
non-medical applications (Wyszecki and Stiles 1982; Lee 2005). 
sRGB is a color space for calibrating imaging devices includ-
ing displays, scanners, and cameras (IEC 1999). The relation-
ship between the normalized p-value and luminance is defined 
in Equation 64.25. The chromaticity of the white point is CIE 
Illuminant D65.
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where p̂  is the normalized p-value, and L̂sRGB is the normalized 
luminance between 0 and 1.

CIELAB is a simple color perception model for predicting 
perceptual brightness and chromaticity (Fairchild 1995). Unlike 
GSDF and sRGB, the calculation of CIELAB requires two stim-
uli—the target color and the reference white. The reference white 
is required to account for the visual adaptation phenomena. The 
relationship between the normalized p-value and luminance is 
defined as follows.
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where p̂  is the normalized p-value between 0 and 1. L̂CIELAB is 
the normalized luminance between 0 and 1 with respect to the 
reference white.

The luminance versus p-value curves of displays calibrated 
to sRGB, CIELAB L*, and GSDF at three maximum luminance 
levels are shown in Figure 64.14. Since sRGB and CIELAB do 
not consider the absolute luminance level, both have a single 
curve for arbitrary Lmax. The three GSDF-calibrated displays 
have the same luminance ratio, 10,000, but different luminance 
ranges—0.008 to 80, 0.05 to 500, and 0.4 to 4000 cd/m2. These 
parameters were chosen to simulate an LCD monitor with a con-
stant contrast ratio for the liquid crystal panel, while the back-
light luminance can be adjusted. For the three GSDF curves, the 
curve is lowered as the luminance range increases. Therefore, a 
GSDF display needs to be recalibrated if the display luminance 
is altered by the user.

64.10  Luminance Response in Mobile Displays

The luminance response is usually not adjustable in a mobile 
display as a close system. Furthermore, it is seldom clearly doc-
umented which color space the mobile display is calibrated to. 
Nevertheless, the measurement results of many high-end mobile 
displays show similarity in luminance response to that of the 
sRGB color space.

In the study conducted in Yamazaki et al. (2013a), three mobile 
phones and five tablets were measured for their luminance 
responses. Two of the mobile phone displays were based on the 
organic light-emitting devices (OLED) technology, while the 
other six devices were based on the LCD technology. According 
to the experimental results obtained from the DICOM PS 3.14 
assessment method (cf. Equation 64.24), none of the eight mobile 
displays was DICOM GSDF-compliant. This finding is not sur-
prising if the mobile displays are meant to be sRGB-compliant. 

Figure 64.15 shows the observed contrast of an ideal sRGB dis-
play with a luminance range of 0 to 500 cd/m2. Clearly an sRGB-
calibrated display is far from DICOM GSDF-compliant. For 
comparison, Figure 64.15 also includes the measurement data 
from an Apple iPhone 4, whose curve more or less resembles 
that of sRGB, except for the minimum luminance (Lmin = 1.62 
for iPhone 4, while Lmin = 0 for sRGB).

64.11 Perceptual Linearity in Color Displays

The DICOM GSDF is a successful standard that has been 
widely used in monochrome medical displays. Recognition of 
the standard by regulatory bodies also facilitated its adaptation 
and spreading (U.S. Department of Health and Human Services 
Food and Drug Administration 2008; U.S. Department of Health 
and Human Services Food and Drug Administration 2016a,b). 
Unfortunately, the DICOM GSDF does not work for color medi-
cal displays, because the underlying contrast sensitivity model 
of Barten does not take color stimuli into account. Therefore, a 
counterpart of DICOM GSDF for calibrating color displays has 
been longed for by the color medical imaging community for 
years.

Before discussing any calibration standard, the concept of 
perceptual linearity in a color display must first be established. 
Earlier in this chapter, the perceptual linearity in a monochrome 
display was defined by Equation 64.2—ΔJ = a ⋅ Δp + b, where 
ΔJ is the JND index difference and Δp is the p-value differ-
ence. The p-value in a calibrated monochrome display can be 
considered as the intended brightness, because it maps to the 
JND index space, which is assumed to be linear in the percep-
tual domain. As shown in Figure 64.15, the p-value can be con-
verted by hardware or software into the DDL, which is the final 
value driving the display device, for calibration purposes. The 
introduction of the p-value is to encapsulate the display system 
and provide an abstract, device-independent layer. However, pro-
fessional-grade medical displays have built-in look-up tables for 
adjusting the gamma curve. The DICOM GSDF calibration can 
be done within the display, so that the DDL can be used as the 
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p-value directly without conversion. Therefore, when controlling 
a DICOM GSDF-calibrated medical display with DDL data, we 
are actually dealing with the intended brightness data.

In the case of a color display, each pixel is controlled by three 
DDL values for the red, green, and blue channels, (r,g,b). For 
backward compatibility, usually the gray shades (k,k,k) of a color 
display are calibrated in the same way as those in a monochrome 
display (k). To preserve the constant chromaticity of the gray 
shades, the primary red, green, and blue shades (k,0,0), (0,k,0), 
and (0,0,k) must be calibrated in the same way. So (k,k,k), (k,0,0), 
(0,k,0), and (0,0,k) all have the same gamma curves. Therefore, 
DDL (r,0,0), (0,g,0), and (0,0,b) can be considered as the intended 
brightness of the red, green, and blue channel, respectively.

To generalize ΔJ = a ⋅ Δp + b from the one-dimensional 
monochrome space to the three-dimensional color space, both 
ΔJ and Δp need to be expanded to three dimensions. Expanding 
ΔJ is straight-forward, because the perceptual difference 
between two colors is well defined in color science (Fairchild 
2013). For example, CIEDE2000 can be used to calculate the 
difference between two colors specified in the CIELAB color 
space (L*,a*,b*). However, expanding the p-value is not trivial. 
The reason is as follows.

Recall that a color space is three-dimensional, and can be 
decomposed into one-dimensional brightness and two-dimen-
sional chromaticity. Such decomposition is ubiquitously used 
in perceptually uniform color spaces (CIELAB and CIELUV), 
video encoding (YCbCr), image processing (hue-saturation level 
[HSL] or hue-saturation value [HSV]), and so on. DDL (r,0,0), 
(0,g,0), and (0,0,b) in a color display are not suitable to be used 
as the p-values, because all of the three parameters indicate the 
brightness dimension, while the two-dimensional chromaticity 
information is not represented and needs to be retrieved from 
the ratio between r, g, and b. In other words, creating a percep-
tually linear calibration method in the (r,g,b) space is virtually 
impossible.

Currently, the common practice for achieving percep-
tual linearity in color displays is to use the color management 
framework (Kriss 2010). Instead of requiring every DICOM 
GSDF-calibrated display to behave identically, the color man-
agement framework uses a color manager and a color profile to 
separate the device-independent p-value space and the device-
dependent DDL space. The device-independent p-value space 
can be a perceptually uniform color space such as CIELAB. 
The user (application software, the image viewer) handles data 
in the perceptually linear color space, and the color manager will 

convert the data into DDL based on the transformation speci-
fied in the color profile. Thus, the user needs not and should not 
directly handle the DDL data for a color display (Figure 64.16).

Disclaimer

The mention of commercial products, their sources, or their use 
in connection with material reported herein is not to be construed 
as either an actual or implied endorsement of such products by 
the Department of Health and Human Services.
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65.1 Purpose/Introduction

Electronic displays are an important piece of the process of 
visual interpretation of medical images done by human beings 
(see Section IV, Chapters 63 and 64). We know that display 
properties and utilization affect the visual interpretation of 
medical information. With these basic notions, it seems obvi-
ous that both careful setup and maintenance of displays is an 
essential component of the imaging infrastructure and warrants 
our attention.

While initial motivation to implement a display quality con-
trol (QC) program may come from the need to meet accredi-
tation standards or regulatory requirements, efficient and 
effective implementation is probably better supported by a 
personal understanding of the benefits as well as the costs. In 
addition, garnering resource support for a quality program may 
entail being able to convincingly convey relevance to the clini-
cal practice. While we hope to clearly explain this relevance 
based on experience and data, direct experience of the impact 
of display quality can be even more convincing. If the reader 
finds his or herself (or others) at all skeptical of the need for 
display quality and environmental control, we encourage the 
reader to conduct their own experiments. For example, soft-
ware is available that allows a viewer to see the impact of maxi-
mum luminance, ambient light, and calibration on the ability 
to find low contrast objects. One example is the Barco QA Web 
mobile® available for the iPad®. After an initial test, the viewer 
can adjust the tablet to the maximum brightness setting, ensure 
they are in good ambient lighting conditions, calibrate and then 
take the test again.

The goal for this chapter is to tie together basic principles 
for display QC with the display properties that are both rel-
evant for image interpretation and subject to change (and, 
thus, relevant to monitor). In this way, the reader may gain 
foundational understanding to more easily adapt to changes 
in technology and understanding basic needs for imaging. In 
addition, we hope to provide practical information for design-
ing and implementing a QC program for current technology 
that meets basic clinical task and accreditation needs, while 
balancing resource costs.

As much as displays are ubiquitous in our everyday living, this 
experience may not necessarily convey sufficient knowledge of 
what is relevant in setup and QC for a medical image display. 
This confusion about displays can be seen in the displays and 

software that are often delivered with image acquisition systems, 
the current variety of QC guidelines and accreditation standards 
as of 2016 and the variability in the ways practices provide dis-
play QC.

A lack of consistency and compliance with display QC may in 
part be due to the evolving adoption of voluntary programs and 
changing or multiple conflicting standards; or, perhaps it is a lack 
of awareness of the relevance to patient care. This lack of aware-
ness is apparent in continued comfort to reference image system 
quality tolerances in terms of film optical density at least a decade 
after film utilization has largely disappeared (ACR-AAPM-SIIM 
2017). We hope the material provided helps readers feel more 
competent in managing and executing a QC program to provide 
standardization of image information. At a minimum, we hope 
this content provides the background to be able to make better 
sense of the QC guidelines provided by accrediting bodies or 
display/PACS (Picture Archiving and Communications Systems) 
vendors.

65.2  Quality Goals for the Electronic 
Display of Medical Images

The primary goals for display settings and QC for medical 
images include: (1) maximized visibility of image information, 
(2) minimization of misleading or false information, and (3) the 
consistent presentation of images.

The approach to QC presented in this chapter reflects how 
these display goals are addressed for diagnostic medical image 
viewing, with discussion of application to acquisition, QC, post-
processing or clinical review workstations.

65.2.1 Maximized Visibility of Image Information

Other chapters discuss the specifics and limitations of translat-
ing image pixel data to maximize visual information for human 
interpretation through grayscale calibration. For images contain-
ing 12 bits (4096 values) of grayscale information, image dis-
play and visual interpretation can be an information bottle-neck. 
While workstations may provide the ability to window/level and 
zoom/pan to access additional information, it is logically desir-
able to minimize additional effort. Display limits on the range 
of image information may also hamper visual search, a factor 
that could be especially important where acquisition is guided by 
visual feedback, as in the case of fluoroscopy.
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65.7.5.2 How It Is Checked ........................................................................................................................................1306
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65.2.2  Minimization of Misleading 
or False Information

Display non-uniformities, dirt or other artifacts are not only 
annoying, but they might also obscure image information or con-
found findings by mimicking image information. An example of 
this is dirt on a mammography display seen as a low contrast 
blob (sometimes referred to as mura) near where the chest wall of 
a mammogram would be displayed. This artifact may not be vis-
ible on a clinical image, but clearly seen on a uniform test image 
during QC testing. Such an artifact would be deemed a risk for 
confounding diagnosis and the display replaced.

65.2.3 Consistent Presentation of Images

Image optimization relies on the standardization of displays. If 
images are presented differently at different points in the image 
chain, this can confound image quality optimization efforts 
and influence what is perceived. Consistency of presentation is 
affected by the software, video cards, and display. However, to use 
the same equipment on everything from the acquisition unit, to 
PACS workstation, to clinician workstation is often not possible (or 
appropriate) and is likely too costly. It is important to think about 
which workstations require consistency between them, what kind 
of consistency (e.g., resolution, contrast) and how to best achieve 
targets and tolerances that are meaningful as well as cost effective.

65.3 QC Philosophy

QC helps maintain equipment in line with quality goals. Efficient 
application of QC efforts is based on the following principles:

 1. Test properties that can change over time.

 2. If known or applicable, test at a frequency relevant to 
the rate of change (such that the properties are ideally 
maintained within an acceptable range or anticipated 
failure range).

 3. Test to tolerances that are plausibly clinically relevant 
and reasonable for the display capability.

 4. Meet accreditation or other regulatory requirements.

For acceptance testing of purchased equipment or evalua-
tion for equipment selection, additional tests may be desired for 
things that may not change over time, but may vary between dif-
ferent displays. Acceptance testing helps in display selection and 
in ensuring that a display meets warranty specifications and has 
been properly configured. Evaluation testing can help discrimi-
nate between general properties of different display models. For 
example, a test such as one for noise or quantitative uniformity 
may not be as relevant for QC, but may be helpful in establishing 
which type of display would be good to purchase.

65.4 Scope

65.4.1 Primary References

So as not to add to further confusion with the already varying 
recommendations and standards for display settings and QC, this 

chapter is generally written to be consistent with the ACR-AAPM-
SIIM Technical Standard for Electronic Practice of Medical 
Imaging (ACR-AAPM-SIIM Technical Standard) (ACR-AAPM-
SIIM 2017). At its last publication, it represented a good balance 
between what is easily achievable with current technology and 
what is relevant for the human visual system. This report also con-
tains helpful information on display selection for medical imaging 
that is not covered in this chapter.

In addition, in depth descriptions of display measurements 
and test patterns referred to in this text may be found in Task 
Group Report 18 from the American Association of Physicists 
in Medicine (AAPM) (AAPM TG18 2005). This Task Group 
Report is frequently referenced in accreditation guidelines and 
technical standards, as well as manufacturer QC guidelines.

Ultimately, the person responsible for ensuring compliance 
with any accreditation or regulatory requirements (in the case of 
mammography) needs to be familiar with those specific guide-
lines. This chapter will not address specific program require-
ments but gives tools for the reader to comprehend them.

65.4.2 Different Display Classes and Types

Many reports (AAPM TG18 2005; ACR-AAPM-SIIM 2017) 
have differentiated target settings and test control limits based on 
class system of displays, including Primary (for diagnostic use) 
or Secondary (QC, acquisition), Clinical Support or electronic 
medical record (EMR) display. This stratification often aligns well 
with accreditation requirements, which are also often written with 
regard to specific display utilization. However, classification as 
“Secondary” may unintentionally understate needs for consistent 
presentation. While not advocating for putting costly solutions in 
areas of questionable need, in this chapter, we work from the per-
spective of the stated goals for image display and how they are 
addressed through settings and QC. Test settings and test targets 
will be provided that match the ACR-AAPM-SIIM Technical 
Standard recommendations for the primary class of displays. 
Considerations for deviations from these targets and tolerances, if 
needed for cost effectiveness, will be mentioned in terms of needs 
for consistency in image presentation or other factors.

Displays sold for medical imaging are typically designed to 
meet recommended standards and guidelines for radiology. They 
may be differentiated in display image noise, maximum lumi-
nance, luminance stability, uniformity and the tools used to sup-
port calibration and QC. While grayscale calibration and testing 
software may be applied to “consumer off-the-shelf” displays for 
cost savings, there are typically fewer options in that market that 
can meet the suggested luminance characteristics recommended 
for diagnostics and, correspondingly, would be challenged to 
provide consistency in image presentation (with radiologist 
workstations).

Understanding the basics of what creates an electronically 
displayed image, what can change and what an end user is able 
to control can help create both meaningful evaluation criteria 
and a meaningful display QC program. Some tests relevant for 
the largely obsolete cathode ray tube (CRT) display no longer 
pertain to Liquid Crystal Displays (LCDs); likewise, some LCD 
relevant tests may be less relevant for Organic Light Emitting 
Diode (OLED) displays. This chapter will only touch on display 
properties relevant for both LCD and OLED displays.
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OLEDs differ from LCDs in that each pixel is created from 
a separately addressable light source. LCDs rely on bulbs (cold 
cathode fluorescent lamp, CCFL, or light emitting diodes, LED) 
and a diffuser panel to create a uniform backlight that is then 
modified by LCD shutters to create a pixelated image (Badano 
et al. 2004). In the current market, when a display is advertised 
as an LED display it is still an LCD display that strives for a uni-
form backlight that is modulated by LCD pixels.

These hardware distinctions have the following impact on dis-
play QC.

65.4.2.1  Geometrical Accuracy and 
Spatial Resolution

LCD and OLED displays have fixed matrices, as opposed to a 
CRT that bends and focuses electron beams with magnets and 
may deviate from desired spatial targets. There should be no 
deviation in geometrical accuracy for LCD or OLED displays. 
Also, unless there is a change in glare or panel blur, the spatial 
resolution should not change, at least we are not aware of any 
reports in the literature of this occurring.

65.4.2.2 Display Luminance and Uniformity

LCDs use a common light source(s) to illuminate all pixels, whereas 
OLEDs have many light sources (one for each pixel). As such, there 
can be correlated brightness changes in an LCD display that can be 
spot checked during QC with a small area luminance reading or 
by continual backlight monitoring. OLEDs do not have the same 
mechanism for correlated declines in brightness as LCDs, having 
independent light sources for each pixel. However, common effects 
of aging could create coincident decline in OLEDs. The cause of 
non-uniformities between LCDs and OLEDs may differ as well, 
although both may be susceptible to them.

65.5  Display Performance Characteristics 
Relevant to QC

65.5.1 Display Matrix and Interpolation

Images are affected by display software, graphic controller 
and the display itself. These systems work together to translate 
a source image of a given matrix size into a displayed image, 
which may be of different or reduced size. The mapping from 
one matrix to another can introduce artifacts if not done well, 
including blurring, stair-stepping or edge halo (Kagadis et  al. 
2013). The ACR-AAPM-SIIM Technical Standard states that 
“cubic spline and cubic polynomial interpolation algorithms are 
commonly used for high quality interpolation, with the graphic 
controller providing acceleration so that images are presented 
with negligible delay” (ACR-AAPM-SIIM 2017, p. 7).

The displayed image created by the graphics controller should 
match the native display matrix. Since graphic controller or 
display settings can alter interpolation settings, verification of 
display settings and visual inspection for related artifacts is a 
relevant objective in display QC, this is further described in 
Section 65.7.4.

65.5.2 Display Luminance

How much light is emitted from a display for a given image pre-
sentation value is perhaps the most obvious display property to 
set and monitor. Luminance, as measured in candelas/meter2 
(cd/m2), refers to the amount of light emitted from an area in a 
given direction. For LCD monitors, the maximum and minimum 
luminance is set during calibration and affected by the output of 
the backlight and LCD panel opacity range. Luminance values 
between the maximum and minimum are also set by grayscale 
display calibration. Many current display systems provide an 
8-bit grayscale or 256 possible unique luminance values during 
grayscale calibration. For the consistent presentation of images, 
the luminance values (taking into account ambient light) of dis-
plays should match.

The luminance and grayscale calibration conformance may 
change over time because of backlight dimming in the case of 
LCDs (Walz-Flannigan et al. 2012) or the results of OLED dis-
play aging (Yu et al. 2008). Aging related changes in the sensors 
used to stabilize display output or changing opacity of display 
panel structures can also affect luminance output and grayscale 
calibration over time. Because luminance output can be vari-
ably set and change over time, it should be monitored in a QC 
program.

65.5.3 Ambient Lighting

The ambient light that reflects from a display adds to the light 
emitted from it and can alter or obscure the images displayed. 
This is well appreciated by anyone who has tried to read an emis-
sive display, like that of a smartphone, outside on a sunny day. 
Ambient light is measured in terms of illuminance, with units 
of lux or lumens/m2, and describes the amount of luminous flux 
hitting a particular area from all directions.

The impact of ambient light can be variable. Specular reflec-
tions create mirror-like images of their source. If one wears a 
white lab coat in front of a reflective display, it is likely you can 
see an image of the coat. These reflections are hard to quantify 
and control, they superimpose images on top of the desired image 
display. While specular reflection is not a relevant measurement 
for QC, this should be considered in selection of display (i.e., less 
shiny front panels) and user education (i.e., by reducing the pres-
ence of bright objects in front of the display).

Displays also create diffuse reflections that are the product of 
ambient illumination (Lamb) and the diffuse reflection coefficient 
of the display, adding to the luminance output of the display. 
Diffusely reflected ambient light should be accounted for in the 
grayscale calibration of the display and considered in the setting 
of the minimum luminance (Lmin) and is especially important for 
darker areas of the image that are more strongly impacted by the 
presence of ambient light.

In order to maintain recommended luminance ratios, LR = 
(Lmax + Lamb)/(Lmin + Lamb), the product of ambient light and the 
diffuse reflection coefficient (Lamb) need to be constrained, oth-
erwise the maximum luminance output required to maintain the 
luminance ratio may exceed the maximum luminance available 
from the display. High diffuse reflection coefficients mean less 
tolerance of ambient illumination.
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While the diffuse reflection coefficient is a fixed property of 
the display (and information that should be available from the 
display manufacturer), the amount of ambient light incident on 
a display may be highly variable, set by user preference or even 
affected by what the viewer is wearing. For that reason, quan-
tifying ambient light during QC testing is only meaningful as 
a means to assess whether reasonable ambient light conditions 
are achievable in the viewing environment. Viewing systems can 
also be enabled with tools or test patterns that allow end users 
to assess the impact of ambient lighting or measure the ambient 
light and compare it to a reference level that does not degrade 
image quality. Tools for the end user to evaluate the ambient 
lighting may be particularly of help for use in mobile or portable 
viewing situations where ambient illumination is higher or more 
variable.

65.5.4 Grayscale Calibration

As described in the previous chapter, an image pixel value is 
translated to a presentation value, which is mapped to display 
digital driving levels (DDLs). Displays are calibrated to provide 
a unique luminance output for each DDL. This mapping is called 
the grayscale calibration, and the standard for medical image 
display calibration is given by the DICOMSM (Digital Imaging 
and Communications in Medicine) GSDF (Grayscale Standard 
Display Function) and should include an anticipated ambient con-
tribution to the luminance (National Electrical Manufacturers 
Association 2004; AAPM TG18 2005). As mentioned before, the 
luminance of displays can change and should be monitored with 
QC testing.

Other types of calibration, such as those that are currently 
available with mobile devices, can be created specifically for the 
particular end user and the current viewing environment. These 
sorts of calibrations may best achieve the goals of perceptual 
linearity and maximization of visual information; however, they 
require an end user to provide the setup and execute QC test-
ing. While this type of calibration may be the most pragmatic 
for mobile viewing, unless available on all platforms it does not 
address a need for consistent presentation of images.

65.5.5 Display Color

While color is becoming more frequently used in radiology, it 
is an artificial image attribution, referred to as pseudo-color. 
True color images contain real life color information such as the 
visual appearance of skin rash. In the case of pseudo-color, the 
primary goals are reasonable consistency with expected color 
representations and consistency in the gray tone (“white point”) 
between adjacent displays on the same workstation. Subtle varia-
tion will likely go unnoticed between workstations and has not 
been shown to be relevant for diagnostic use (Krupinski et  al. 
2007).

For monochrome displays, the color of the white point origi-
nates with the backlight and is not something that can be changed. 
Should the white points of different monochrome displays drift 
apart over the lifetime of the displays, this cannot be corrected by 
calibration. If it causes user concern, the only course is to replace 
one or both displays to create a matched pair.

Color displays can be calibrated to create different white 
points and can be measured with a consumer grade colorim-
eter that is commonly available with photometers provided by 
medical display vendors. The ACR-AAPM-SIIM Technical 
Standard recommends that monitors be set to a white point cor-
responding to the International Commission on Illumination 
(CIE) daylight standard D65 white point. This corresponds to 
a color temperature of about 6500 degrees K (ACR-AAPM-
SIIM 2017). Color change of the white point is something that 
can change over time and should be considered for QC test-
ing (Walz-Flannigan et al. 2011). Further discussion of color 
consistency across gray values is discussed in a forthcoming 
report from AAPM task group 196 (Badano et al. 2016).

65.5.6  Display Luminance Non-Uniformity and Artifact

Typically, display luminance (maximum and minimum values) 
and grayscale calibration measurements for QC are generally 
acquired at a single location (e.g., the center) on a display that 
may differ from other locations. Uniformity of luminance val-
ues across a display is generally not something that can be con-
trolled by the end user. It may be a property of the display panel 
itself or a property of uniformity calibration that was done by 
the manufacturer. Unacceptable uniformity would be a cause 
for display replacement. The AAPM suggests tolerances for 
luminance uniformity for flat-panel displays to be within ±15% 
(AAPM TG18 2005). It is possible for uniformity to change over 
time related to panel aging or other development of defects and, 
thus, is relevant for evaluation with QC testing. It may be just 
as practical to do a qualitative assessment of non-uniformity as 
one does other image artifact assessments, weighing the cost of 
replacing a display against the probability of confounding image 
interpretation.

65.5.7 Display Spatial Resolution

As previously mentioned, inherent display resolution is not 
something that is expected to change over the lifetime of LCD 
or OLED displays and is not relevant for QC testing, with the 
following exceptions.

Changes in graphics controller or display software related to 
image interpolation can degrade the displayed resolution of an 
image. It is also possible that the addition of protective or privacy 
screens may degrade spatial resolution. This can also be assessed 
as part of a qualitative visual assessment.

65.5.8 Display Noise

Pixel by pixel luminance variation on digital displays adds to 
image noise similar in texture to quantum noise and can obscure 
the visibility of low contrast, smaller features in an image. It 
can be a differentiating factor between different displays that 
can be assessed as part of a purchase evaluation. Quantitative 
evaluation specific to noise can be tricky and requires expen-
sive charge coupled device (CCD) cameras and complicated 
analysis, as described in AAPM TG report 18 (AAPM TG18 
2005). Qualitative noise evaluation can also be used for evalu-
ation, as described in that same report.
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65.6 Testing Tools and Considerations

65.6.1 Photometers: Calibration and Comparisons

Luminance is measured with a photometer that integrates lumi-
nous flux from a given direction over a photodetector’s surface. 
Photometers used for display QC can be classified as an external 
handheld photometer, as seen in Figure 65.1a, or an integrated pho-
tometer that is attached to the display and can monitor the luminance 
emitted at a small region near the display bezel, as seen in Figure 
65.1b. Most handheld photometers and all integrated photometers 
are designed to record surface contact measurements of the lumi-
nance emitted from the display and do not include ambient light.

Spot photometers are external, handheld photometers that can 
be used to measure both light emitted from the display and ambi-
ent contributions. They are held offset from the display and use 
a baffle to restrict the reflected ambient light to that originat-
ing in a particular direction from the area being measured. With 
regards to the previous discussion on ambient light, while these 
photometers can be used to measure the net impact of a particu-
lar ambient light setting, given the variable nature of ambient 
illumination, they may be of less value to QC testing. Specific 

photometers designed for measuring ambient illumination (used 
with the display off) may be more practical.

Handheld photometers require in-person visits and access to 
the display for testing. Integrated photometers are generally sold 
with systems that allow remote access. This may enable quantita-
tive luminance measurements to be performed at off-hours with 
minimal clinical disruption and less human effort.

Photometers require calibration, including on-board photometers. 
Information about the expected stability of the calibration should be 
available from the manufacturer. Integrated on-board photometers 
can often be recalibrated using a calibrated external photometer and 
correlated to the luminance output of the center of the display.

65.6.2 Test Patterns

Test patterns referred to in this chapter were created by AAPM 
TG18 (2005), published in that report, are available for down-
load and can be used for quantitative measurements (AAPM Test 
Patterns 2006). Many of these test patterns are available with 
display QC software that is sold with “medical grade” displays 
or available from third party vendors. Some of these test patterns 
contain features that are not relevant for LCD or OLED displays.

(a)

(b)

FIGURE 65.1 (a) Luminance measurement with a handheld, contact photometer. (b) Luminance measurement with an integrated front panel sensor. 
(Graphic reproduced with permission from Eizo USA.)
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Test patterns are available for quantitative luminance measure-
ments, qualitative assessments of grayscale calibration (includ-
ing ambient light), noise and image artifact analysis.

65.7 QC Tests for Medical Image Displays

65.7.1 Display Cleanliness

65.7.1.1 What Is Done

A regular program for display cleaning is recommended to 
remove fingerprints and other material which may obscure view-
ing from the front panel. Additionally, it is suggested to provide 
cleaning material conveniently next to displays so that users may 
easily access them and are less likely to damage a display with 
inappropriate cleaning materials.

65.7.1.2 How It Is Checked

A display of a bright and dark image such as AAPM TG18 test 
patterns UN-10 and UN-80 can help in visualizing streaks and 
residue on a display (AAPM TG18 2005).

65.7.1.3 What Is Expected

There should be no visible residue or debris on the display.

65.7.1.4 Frequency

Displays should be cleaned weekly or as needed. For displays 
with touch screens or in patient care areas, more frequent clean-
ing may be needed.

65.7.2 Viewing Environment Assessment

65.7.2.1 What Is Done

The purpose of this test is to assess environmental factors, as 
described in the AAPM-ACR-SIIM Technical Standard or 
Electronic Practice that impact viewing, including:

• Ambient lighting levels are achievable that reflect what 
is compensated for in the grayscale calibration, typi-
cally 20–40 lux.

• Displays should be set at a good viewing distance 
(approximately 60 cm for desktop workstations).

• Displays should be angled to best achieve direct view-
ing. For most displays, image contrast degrades with 
off-angle viewing.

• Check that no new panel protectors have been put on 
the display.

65.7.2.2 How It Is Checked

The ability to achieve reasonable ambient light levels may be 
assessed using a photometer placed in front of the display and 
facing outwards (with the displays off). Some displays have built-
in ambient light sensors that can be accessed during in-person 

evaluation. Measurement of ambient lighting is further described 
in AAPM TG 18 (AAPM TG18 2005). End users can also test 
to see if their particular lighting has caused image degradation 
from ambient lighting with a visual test pattern such as TG18-AD 
shown in Figure 65.2; and the evaluation description is provided 
in the AAPM TG18 report.

If a new protective panel has been placed on a display, this may 
change the output or reflectivity. It should either be removed or 
the display should be recalibrated with a handheld photometer. A 
spot photometer may need to be used to accommodate unknown 
changes in reflectance into the calibration.

65.7.2.3 What Is Expected

A previous chapter discussed recommendations for ambient illu-
mination. The ACR-AAPM-SIIM Electronic Practice Technical 
Standard recommends 20–40 lux in the workspace environment, 
with uniform illumination (ACR-AAPM-SIIM 2017). Windows 
and non-regulated natural light sources should be shielded from 
the display. This can be challenging to achieve in clinical areas or 
for portable imaging. System design, user education, and placement 
of displays for image viewing may be modified to better enable 
images to be seen with less degradation from ambient illumination.

65.7.2.4 Frequency

This is recommended as part of an annual in-person evaluation for 
fixed workstations or when a workstation is moved or a room is 
renovated. For portable equipment or mobile devices this must be 
part of user training for continual efforts to support practice needs.

FIGURE 65.2 The AAPM TG-AD test pattern can be used to evaluate the 
impact of ambient illumination on subtle contrast features in the darker parts 
of an image. The test pattern, as shown, has been enhanced to show detail 
(AAPM TG18 2005).
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65.7.3 Settings Check

65.7.3.1 What Is Done

Displays should be checked for the expected on-screen display 
(OSD) settings that can usually be accessed through display but-
tons (e.g., calibration mode, display connector settings, OSD 
lockout). In general, OSD settings should be locked-out when-
ever possible, as display calibration may be corrupted if users 
have access to brightness and contrast settings through the OSD 
tools. It should also be confirmed that the graphics controller set-
tings are appropriately compatible with the display.

65.7.3.2 How It Is Checked

• The OSD lockout must be checked in person.

• Graphics controller settings may be checked within the 
operating system or video card software display set-
tings. The Extended Display Identification Data (EDID) 
can be read by an EDID utility to see that the display 
properties match the graphics controller settings.

• Power management schemes may be checked with 
operating system or display control settings. However, a 
more reliable assessment would be to look at the back-
light hours used for a given period of time compared to 
anticipated usage. Backlight hours are often viewable 
with vendor display management tools.

• Calibration and automated quality check controls (if 
available) may be found on display software settings, 
either as a local client or on server based controls.

65.7.3.3 What Is Expected

• The display matrix set out in the graphics controller 
matches the native resolution of the display.

• Any automated calibration or QC checks are scheduled 
and performed as expected.

• The desired power management schemes are being 
utilized as desired. Displays for medical imaging can 

be quite costly and it is cost effective to turn them off 
when they are not in use.

65.7.3.4 Frequency

• Assessments requiring in-person evaluation may be 
made during an annual visit.

• Assessments that may be made remotely can be run 
more frequently or at a frequency that is useful to 
catching problems.

65.7.4 Qualitative Visual Assessment

65.7.4.1 What Is Done

Some display tests require visual inspection of the display 
itself or are, perhaps, most effectively accomplished through 
a visual inspection. Visual assessment includes inspection for 
artifacts related to panel defect or display settings, luminance 
non-uniformity within a display, color non-uniformity within 
a display or color differences between displays.

If grayscale calibration is not checked quantitatively, it can be 
checked qualitatively with a test pattern to check the visibility of 
distinct DDL or for perceptual linearity of the calibration. As a tool 
for validating consistency of presentation between workstations, it 
is not ideal. Visual assessment of the grayscale is redundant to the 
quantitative measurement, and both should not be required.

65.7.4.2 How It Is Checked 

• AAPM Test Patterns TG18-UN80 and TG18-UN10, 
shown in Figure 65.3, are useful for artifact assessment, 
including non-uniformities, dead pixels, surface dirt or 
visible color differences (AAPM Test Patterns 2006).

• Features in the following test patterns can be viewed 
to inspect for reduced resolution or artifacts from inap-
propriate display matrix settings: IEC 62563-1 TG18-
OIQ, SMPTE or AAPM TG18-QC (IEC62563-1 2016, 
SMPTE, AAPM Test Patterns 2006). The visualization 

FIGURE 65.3 The AAPM TG18 UN-10 and UN-80 test patterns are helpful for evaluating display artifacts including defects, dirt and luminance or color 
non-uniformities (AAPM TG18 2005).
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of the test pattern should match specified expectations. 
Description of qualitative visual assessment for gray-
scale calibration using TG18-QC is described in the 
AAPM TG18 Task Group Report (AAPM TG18 2005).

• Assessment of the DICOM grayscale calibration con-
formance can be assessed through the visibility of 
features in the AAPM TG18-QC, PQC pattern, as 
described in the AAPM TG 18 report (AAPM TG18 
2005). If features are not visible, appropriateness of 
ambient light should be evaluated prior to recalibration.

Images of the test patterns not previously mentioned are shown 
in Figure 65.4.

65.7.4.3 What Is Expected

The display is free from visible non-uniformity or artifact or 
color differences between adjacent displays. All low contrast 
squares are visible.

If artifacts or non-uniformities are found that relate to the dis-
play panel itself and they are found to interfere with its clinical 
use (this is a judgment call with the radiologist or qualified medi-
cal physicist), then the course of action is to replace a display. If 
color differences are seen between color displays, the displays 
can be recalibrated to the target white point. For bar pattern 

artifact or reduced resolution, graphics controller settings can 
also be checked to make sure they are appropriate.

65.7.4.4 Frequency

The ACR-AAPM-SIIM Technical Standard recommends visual 
quality checks monthly (ACR-AAPM-SIIM 2017). However, 
we have found an annual visual inspection, alongside a regular 
cleaning program and quarterly quantitative checks, to be suf-
ficient for maintaining quality.

65.7.5 Quantitative Testing

65.7.5.1 What Is Done

Since grayscale calibration independently sets the luminance 
values for each DDL at least once for a given monitor type and 
firmware or calibration software version, it should be established 
that each of the DDLs are set as expected. Having established 
that the system can be properly calibrated, it is sufficient to spot-
check the calibration for QC purposes to test for drift.

As part of QC, it is recommended to regularly check a subset 
of the DDLs to see that the displayed luminance is as expected. 
The sampling points should include the maximum and minimum 
luminance. Because display luminance is known to change over 

(a) (b)

(c) (d)

FIGURE 65.4 (a) IEC 62563-1 TG 19-OIC test pattern is a revised version of the TG18-QC pattern without the CRT related features (IEC62563-1 2016). 
(b) SMPTE test pattern (SMPTE 1991). (c) AAPM TG18-QC test pattern (AAPM Test Patterns 2006). (d) AAPM TG18-PQC test pattern (AAPM Test 
Patterns 2006).
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time, rather than wait for failure, it is recommended to use a pro-
active strategy to recalibrate the displays on a regular basis.

For multi-display workstations, many photometers pro-
vided by medical image displays also act as colorimeters. 
Conformance with expected white point value or quantitative 
color difference with the white points of adjacent displays can 
be checked. It can also be checked that maximum luminance 
values of adjacent displays match sufficiently so that a visual 
difference is not seen.

65.7.5.2 How It Is Checked

Whether assessed with a handheld contact photometer or an 
integrated photometer, luminance values are measured in a par-
ticular spot on the display, ideally centrally for handheld pho-
tometers. Grayscale conformance over the rest of the display is 
evaluated by visual assessment of uniformity with the area that 
was quantitatively tested. Contact photometers do not include 
ambient light in their measurements, so an ambient contribu-
tion for an assumed illuminance and known diffuse reflection 
coefficient must be added to each luminance measurement that is 
made (often this is done automatically by display QC software if 
“ambient light correction” is selected).

For handheld photometer measurements, test patterns with 
different luminance patches for measurement are available from 
AAPM TG 18 (AAPM TG 18 LN-1,18) or in the SMPTE (Society 
of Motion Picture & Television Engineers) test pattern.

65.7.5.3 What Is Expected

The following suggestions for luminance and grayscale calibra-
tion are written to be consistent with the ACR-AAPM-SIIM 
Technical Standard (ACR-AAPM-SIIM 2017).

• For displays for diagnostic use, the minimum lumi-
nance (Lmin) should be at least 4-times the ambient 
luminance (Lamb) and L′min = Lmin + Lamb and should be 
at least 1.0 cd/m2. For displays not used for diagnosis 
(where consistent presentation is not required), a Lmin 
of 0.8 cd/m2 is ok.

• The maximum luminance should be set so that the 
Luminance Ratio, LR = (Lmax + Lamb)/(Lmin + Lamb) 
should be at least 350 for diagnostic displays. For other 
monitors, a LR of at least 250 is sufficient. The Lmax of 
diagnostic monitors used for interpretation should be 
at least 350 cd/m2 and, for mammography, this should 
be at least 420 cd/m2. Brighter monitors should be cali-
brated to keep the same target LR. For displays to be 
consistent in presentation with diagnostic displays, they 
should have the same LR and Lmax. Lmax values from 
displays attached to the same workstation do not vary 
by more than 10%.

• Luminance values between Lmax and Lmin should con-
form to the values set by the DICOM GSDF. Contrast 
response conformance with the GSDF, as defined in the 
AAPM TG 18 Task Group Report, should be within 10% 
for primary diagnostic displays over all DDL. For other 
monitors, the contrast response should be within 20%.

• Color differences should not be visible between dis-
plays. A recommended white point for standardization 
corresponds to the CIE daylight standard D65 white 
point.

• Mammography displays may have other specific cali-
bration targets and tolerances required of them by the 
mammography equipment QC manual, followed as 
specified by the ACR (American College of Radiology) 
and MQSA (Mammography Quality Standards Act).

65.7.5.4 Issues and Remediation 

• If maximum luminance values can no longer be reached, 
the display or backlight will need to be replaced.

• If the grayscale calibration does not conform ade-
quately to the GSDF, the display should be recalibrated 
until it passes or another source of fault is found.

• If color differences are found, color displays should be 
recalibrated. For monochrome displays, if the color dif-
ference cannot be accommodated, one or more displays 
will need to be swapped.

65.7.5.5 Frequency

Testing or calibration frequency should be relevant to change and 
effort required. Minimally these tests should be done annually. 
For displays without luminance stabilization, quarterly measure-
ments may better address keeping the displays in conformance.

We have established a testing routine that occurs on a quarterly 
basis. Since we automatically conduct remote quantitative tests 
utilizing an integrated photometer, it includes less effort than 
an in-person qualitative assessment. Thus, we conduct quantita-
tive tests more frequently and our in-person visits are limited to 
annual qualitative evaluation. If the effort balance was different 
(as it might be if you must utilize a handheld photometer), one 
might do more frequent in-person qualitative evaluations and less 
frequent quantitative evaluations. In either case, quarterly assess-
ments should be adequate to keep displays in good conformance.

The exception to this is mammography displays, which have 
specifically stated calibration and testing frequencies required 
by the ACR and MQSA through vendor provided QC manuals.

65.8 QC Program Management

65.8.1 Organizing Your QC Program

When considering management of a QC program, it is important 
to evaluate what resources are readily available, how the program 
and data will be documented and reviewed and the way in which 
the program will be actively managed on a day to day basis.

The first step of a management program is to determine the 
manner in which compliance will be tracked. While tracking 
compliance on a display by display basis may be possible, the 
decision to track QC based on the workstation and its associ-
ated displays may be more manageable for a large fleet. In either 
approach, is it important to document the decision and the way 
results will be tracked and managed.
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Display QC management software can make program man-
agement easier, especially for a large fleet. Utilizing integrated 
photometers with management software provided by the display 
manufacturer can provide great advantages for automated data 
acquisition, recording and analysis. This type of management 
software can run remotely off a server or the “cloud” and may 
rely on a locally installed program to run the automated QC 
activities. Some caution should be exercised with such software 
programs, to ensure that the entire fleet is accounted for and that 
data are not lost if a workstation or display is disconnected or has 
issues in communication. For this reason, we use both vendor 
cloud-based management for execution of the QC tests and cali-
bration and a separate record to ensure that all workstations and 
displays are fully managed.

When neither automated programs nor on-board sensors are 
available, it is necessary to develop a separate method to record 
data and schedule testing. In some instances, the medical facility 
may have a computerized maintenance or inventory management 
system in which the workstations can be entered, tracked and 
scheduled for preventative maintenance. This may also lend the 
opportunity to record and store QC data within the management 
system.

65.8.2 Setting up Test and Tools

For displays utilizing QC management software for testing or 
calibration, test sets must be designed and scheduled that meet 
the needs of the QC program. In some instances pre-developed 
test sets may be available through the vendor of the display or 
workstation product. In this scenario, it may also be possible to 
adjust the control limits and criteria measured in each test to 
meet program needs.

For automated testing, scheduling off-hours or having a pres-
ence sensor can ensure that no one is currently using the work-
station during testing. The QC management software can also 
be used to locally trigger and display the test patterns needed 
for qualitative tests, or to access them on demand, as well as to 
record the results locally or to the server or cloud-based database.

In instances where pre-developed tests are not available you 
may need to utilize the QC software or another source of test 
patterns in order to execute either quantitative or qualitative tests. 
Some vendors, for example, provide SMPTE patterns (SMPTE 
1991): that can be used to measure luminance if pan/zoom func-
tionality is possible.

Validation and calibration of measurement devices should also 
occur at specified frequencies. External sensors can be calibrated 
by a vendor or replaced with new sensors. Manual comparison 
of multiple devices against a known calibrated device can also 
assist with keeping measurement devices reliable. For systems 
with integrated sensors, a correlation between an external cali-
brated device and the integrated sensor should be conducted. The 
vendor may have a specified frequency and control limit for this 
activity.

65.8.3 Program Oversight and Reporting

QC management software generally retains a database of test 
results and failures and can provide a report for documentation 
of QC activity which may be needed for accreditation purposes. 

A program review should occur at a specified frequency. This 
review should confirm that all workstations have been tested 
within the program frequency, the resolution of any failing 
displays, trends which identify a potential issue with the fleet 
and, potentially, information relating to the expected lifetime of 
the fleet, as it may be beneficial for budgeting purposes. These 
reviews, along with the QC records, should be archived and 
available for review and for inspection purposes. Minimally, this 
review should occur annually.

When setting up new test sets or learning about the stability 
of new systems, it may be worthwhile to test a smaller subset 
of displays at a higher frequency than the rest of the fleet, if the 
fleet is large. In this way, if failures are discovered, such as an 
on-board sensor failure, issues with automated tests being run or 
control limits that may be too restrictive for the capability of the 
display, they can be evaluated and corrections can be developed 
and reapplied to a smaller volume of workstations before making 
the change to the rest of the fleet.

Automated QC management software may offer the ability 
to receive alerts when a display is not meeting control limits. 
These systems may also offer alerts of new display installations, 
displays which have gone offline, display lifetime notifications 
and more. With a large fleet of displays it may be advantageous 
to assign a specific team to receive and manage these alerts, in 
addition to ongoing management.

65.9 Summary

Along with motivation to provide QC for displays used for medi-
cal imaging, it is hoped that the reader may feel confident to set 
up, execute and manage a QC program that meets their clinical 
practice needs through greater understanding of both why and 
how tests may be done.
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66
Radiation Protection Issues in X-ray Radiology, 
Fluoroscopy, and Computed Tomography

Francis R. Verdun and Nick Ryckx

66.1  Introduction: The Challenge of 
Radiation Protection in Radiology

Diagnostic X-ray imaging contributes to about 25% to 50% of the 
total (man-made plus natural) annual effective dose of the general 
population in Western Countries, and computed tomography (CT) 
is the largest single source of this medical exposure (UNSCEAR 
2010; EC 2014) (see Section III, Chapter 38). In 2006, the average 
dose per inhabitant due to diagnostic radiology (excluding nuclear 
medicine procedures) in the US was 2.2 mSv, with 1.5 mSv of 
that total from CT examinations (NCRP 2010). In 2012–2013, the 
average dose per inhabitant in Germany, France, and Switzerland 
was equal to, respectively, 1.80 mSv (1.15 mSv due to CT), 
1.47 mSv (1.14 mSv due to CT), and 1.42 mSv (1.00 due to CT) 
(BfS 2014; IRSN 2014a; Le Coultre et al. 2016), and, at the world 
level, the per caput effective dose increased by almost a factor of 
two (0.35 mSv to 0.62 mSv) from 1988 to 2008 (Shannoun 2015). 
Patients certainly benefit from these examinations, but in the last 
20 years their impact on the collective dose has almost doubled 
and significant efforts remain to be made in order to control this 
trend and ensure that the benefit–risk ratio clearly lies on the ben-
efit side. The collateral effect of X-ray imaging is patient expo-
sure, which is associated with risks described in more detail in 
paragraph 666.1.1. In the low dose range of diagnostic radiology, 
the main risk is the stochastic one; especially cancer induction. 

In that respect there are numerous papers published recently that 
include large epidemiological studies reinforcing the need for a 
strict application of the justification and optimization principles 
(Brenner 2002, 2007; Raelson et al. 2009; Pearce et al. 2012). If 
the absolute excess risks from single exposures remains low com-
pared with background risks, at the moment, one cannot exclude 
an increase of cancer induction, due in particular to CT exam-
inations in the pediatric population (Journy et  al. 2017). Thus, 
the justification of an examination involving ionizing radiation 
should follow national or international guidelines. Concerning 
optimization of the radiological procedure, it is of primary 
importance to ensure that the level of image quality allows the 
clinical question to be answered while avoiding an unnecessary 
exposure of the patient. Fortunately, the level of patient exposure 
in radiology remains in general low. Nevertheless, overexposure 
incidents have been reported concerning, for example, CT brain 
perfusion examinations (Imanishi et al. 2005; FDA 2010). This 
confirms the importance of the use of quality assurance programs 
in radiology. Another area of concern when dealing with high 
levels of patient exposure is interventional radiology, where acci-
dental overexposures have been reported (Coeytaux et al. 2015).

66.1.1  Radiation Protection in Radiology

Radiation protection ensures that ionizing radiations are used 
in a safe way. The International Commission on Radiological 
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Protection, ICRP, regularly publishes recommendations that are 
a key basis for international organizations and national authori-
ties responsible for radiological protection (ICRP 2007a).

In its Publication 26, ICRP quantifies radiation risks and 
then proposes a system of dose limitation following its three 
principles of: justification, optimization of protection, and indi-
vidual dose limitation (ICRP 1977). This recommendation was 
updated in 1991 (Publication 90) (ICRP 1977), classifying the 
radiation effects that result in tissue reactions as deterministic 
effects, and introducing the term stochastic effects for radia-
tion-induced cancer and heritable disease. Sixteen years later 
another updated version was published (Publication 103), which 
took into account new scientific data available (ICRP 2007a). 
National radiation protection legislations are generally based 
on ICRP Publication 103 and the Basic Safety Standards (BSS) 
published by the International Atomic Energy Agency, IAEA 
(IAEA 2014).

In spite of the fact that the effects of radiation on humans are 
quite complex, one generally distinguishes two main effects: 
the tissue reactions (or deterministic effects) and the stochastic 
effects. Tissue reactions are due in large part to the killing or 
malfunction of cells following high doses. They are character-
ized by a threshold dose that varies from organ to organ and an 
increase in the severity of the reaction as the dose is increased. 
Their occurrence is not expected in standard radiological proce-
dures. Nevertheless, they can occur during complex fluoroscopy 
procedures.

Stochastic effects (cancer or heritable effects) are due to muta-
tions of somatic cells or reproductive (germ) cells. As opposed 
to tissue reactions, stochastic effects are considered as having no 
dose threshold (LNT: linear no-threshold model). The assump-
tion is that the long-term, biological damage is directly propor-
tional to the dose. For this effect, the probability of occurrence 
increases with the dose.

ICRP mentions that some radiation-associated health con-
sequences, particularly some non-cancer effects (such as the 
development of cardiac pathologies), are not yet sufficiently well 
understood to assign them to either of the stochastic or tissue 
reaction categories.

Radiation protection in medicine is underpinned by the prin-
ciples of justification and optimization. ICRP identifies jus-
tification as one of the cornerstones of radiation protection in 
medicine. Justification for medical applications acknowledges 
that exposures are used to help manage the patient. The justifica-
tion process ensures that the benefits to the patient substantially 
outweigh any short- or long-term risks that the patient may incur. 
Justification is defined at three levels (ICRP 2007b; Malone et al. 
2009, 2012):

• Level 1: The justification of the use of radiation in 
medicine is accepted as doing more good than harm. 
Its overall justification is taken for granted.

• Level 2: A specified procedure with a specified objec-
tive is defined and justified (e.g., chest CT for patients 
showing relevant symptoms). Level 2 should enable 
judging whether a radiological procedure will benefit 
those exposed.

• Level 3: Justification of a procedure for an individual 
patient. At this level, the application of the procedure to 

an individual patient must be justified (i.e., the particu-
lar application should be judged to do more good than 
harm to the individual patient).

The principle of optimization states that exposures should 
be kept at levels deemed sufficient for a correct diagnosis. The 
introduction of this principle relates to the adoption of the LNT 
model. This means that it is not enough to remain under the radi-
ation dose limits. This principle is also known as the ALARA 
principle, which states that exposure to patients should be “As 
Low As Reasonably Achievable” for each procedure, given clini-
cal need and patient factors.

With regard to medical exposure of patients, it is not appropri-
ate to apply dose limits or dose constraints, because such limits 
would often do more harm than good. Some complex procedures 
might require a relatively high level of exposure and still be ben-
eficial for the patient in comparison to alternative diagnostic or 
therapeutic options. An emphasis on the justification of the medi-
cal procedure and on its optimization should be applied. In order 
to limit the spread of the exposures applied for a given radiologi-
cal procedure, the concept of Dose Reference Level (DRL) was 
introduced by the ICRP in its Publication 73 (ICRP 1996). ICRP 
Publication 105 confirms the fact that the use of DRL derived at 
the appropriate national, regional, or local level, is likely to be 
the most effective approach in an optimization process. The use 
of equipment features that facilitate patient dose management are 
also part of that Publication (ICRP 2007b).

Radiology has facilitated healthcare improvements, but 
recently the extent of its use has become a matter of concern 
for many reasons, including population dose, individual dose, 
 budgetary and financial issues, and finally the appropriateness of 
the examinations or justification (Malone et al. 2012). To improve 
this situation, the concept of a clinical audit has been introduced 
(EC 2009; IAEA 2010).

The general justification of radiological examinations is out-
side the scope of the present chapter. We focus instead on the 
optimization aspects of radiology.

66.1.2  Compromise between Image 
Quality and Patient Exposure

A radiological image should be considered as a test to help patient 
management. The radiological image should convey the maxi-
mum amount of useful information, while minimizing patient 
exposure. If the quantification of patient dose is relatively easy, 
it is not the case for the image quality level that provides a suc-
cessful and reliable diagnosis. Moreover, as shown is Figure 66.1, 
the efficacy of medical imaging can either be defined for single 
individuals, or up to a societal level, when obeying the following 
statement: “the demonstration of efficacy at each lower level in 
this hierarchy is logically necessary, but not sufficient, to assure 
efficacy at higher levels” (Fryback and Thornbury 1991, p. 88). 
The first level focuses on the technical quality of the images; the 
second level addresses diagnostic accuracy using, for example, 
parameters such as the sensitivity and specificity of the tech-
nique used. Level 3 assesses whether the pieces of information 
obtained changed the referring physician’s diagnostic thinking; 
Level 3 is a prerequisite for Level 4 “efficacy,” which concerns 
the effect on the patient management plan. Level 5 assesses the 
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effect of the information on patient outcomes, and, finally, Level 
6 analyzes the societal costs and benefits of a diagnostic imaging 
technology. However, the efficacy of a radiological technique is 
in general assessed within the two first levels. Screening mam-
mography might be an exception, where higher levels of efficacy 
are usually investigated. This type of examination is, however, 
focused on an asymptomatic population, as opposed to patients 
(see Section II, Chapters 19 and 25).

Within the optimization framework, one should separate two 
steps: the first is not only to ensure that the radiological unit is 
safe, but to ensure, also, that the primary photons transmitted 
by the patient (and, thus, carrying information) are optimally 
recorded by the image detector. The second step is to ensure that, 
for a given patient (considering his/her morphology and the diag-
nostic question), the protocol used complies with the ALARA 
principle. The first step is generally performed by the manufac-
turers, where image quality is evaluated as a function of the dose 
received by the image detector. To perform the measurements, 
one uses signal detection theory to obtain objective quantities. 
The way the spatial frequencies are transferred by the system can 
be characterized by the Modulation Transfer Function (MTF), 
the noise properties of the images produced can be characterized 
by the Noise Power Spectrum (NPS), the signal-to-noise ratio by 
the Noise Equivalent Quanta (NEQ), and the Detective Quantum 
Efficiency (DQE) can be used as a figure of merit (FOM) for the 
image detector (ICRU 1996). It is of note that DQE measure-
ments alone are not sufficient to judge the performance of an 
image detector, since they only assess the way X-ray photons are 
converted into information, without considering the spatial cor-
relation that might be introduced by the detector (due to the ratio 
of the MTF squared and NPS in the DQE formula). Thus, DQE 
results should be analyzed together with MTF assessments to get 
a full picture of the properties of an image detector. This kind 
of assessment corresponds to Level 1a, according to the various 
classes proposed in Table 66.1.

When dealing with flat panel detectors in radiography, stan-
dardized DQE or MTF measurements are made without an 

anti-scatter grid, but with beam qualities that are representative 
of X-ray spectra impinging the image detector in realistic clini-
cal conditions. Thus, these measurements could be considered 
as not only reaching Level Ia, but also reaching Level Ib. When 
dealing with other situations, such as the use of scanning acquisi-
tions with slits as scatter rejecting devices, or when willing to use 
the system without any rejecting scatter device, the standardized 
DQE or MTF measurements are no longer representative of the 
behavior of the system in a clinical situation. To reach Level Ib in 
such situations, the concept of effective DQE (eDQE) or general-
ized DQE (gDQE) have been introduced in which more realistic 
beam qualities are used together with the use of the scatter rejec-
tion device (Kyprianou et al. 2005; Samei et al. 2011; Salvagnini 
et al. 2013; Damet et al. 2014). This concept is certainly inter-
esting, for example, to compare slit-scanning systems with flat 
panel systems, but there is no standardized method yet, and the 
problem of signal normalization needs to be clearly defined (for 
example, concerning the normalization with primary photons or 
primary and scatter photons impinging the image detector). This 
optimization step is fundamental and yet not entirely sufficient to 
ensure safe use of a system.

As a second step, one should balance the diagnostic informa-
tion obtained with patient exposure; image quality then becomes 
task-oriented, and this task is generally performed by the end 
users (radiologists, radiographers, and medical physicists). Thus, 
to be most meaningful, image quality assessments should be 
related to actual clinical performance, which is difficult, expen-
sive, and time-consuming. Furthermore, the results of such 
assessments can be strongly dependent on the patient sample and 
on the diagnostic tasks involved.

A practical, task-oriented image quality optimization scheme 
must necessarily involve limited criteria and use standardized 
methods of image quality assessment (level II in Table 66.1). 
Simple imaging tasks are, thus, required for the benchmark-
ing of image quality in radiology. The use of patient simulating 
phantoms can greatly simplify matters, but at the expense of case 
variability realism. Obviously, phantom details should mimic, 
to some degree, important disease-related structures in actual 
patients.

Both test object and anthropomorphic phantom images can be 
assessed using the receiver operating characteristic (ROC) para-
digm or one of its derivatives (Localization ROC, Free-response 

Level 6
Societal efficacy

Level 5
Patient outcome

Level 4
Therapeutic efficacy

Level 3
Diagnostic thinking

Level 2
Diagnostic accuracy

Level 1
Technical efficacy (image noise, CNR, spatial resolution, etc.)

FIGURE 66.1 Hierarchical model for assessing the efficacy in diagnos-
tic imaging. (Based on Fryback, D.G. and J.R. Thornbury. 1991. Medical 
Decision Making 11:88–94.)

TABLE 66.1

Summary of Medical Image Quality Assessment Approaches

• Level Ia: General image detector performances assessment (DQE and 
MTF assessment)

• Level Ib: General unit performances assessment (DQE or eDQE and MTF 
assessment)

• Level IIa: Task-based assessment: use of simple phantom and simple 
targets to be detected (use of ROC methods or mathematical model 
observers)

• Level IIb: Task-based assessment: use of anthropomorphic phantom with 
realistic targets to be detected (use of ROC methods or mathematical 
model observers)

• Level III: Clinically relevant assessment: use of actual images of patients 
with an assessment of the appearance of the normal anatomy (VGA 
methods) or with the assessment of lesion detectability (use ROC 
methods)
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ROC) (ICRU 2008). These methods give an accurate estimate of 
clinical image quality, but, although carefully controlled mea-
surements, they are still subjective, since human observers are 
involved. These methods are time-consuming and require large 
samples and several observers to obtain precise results. In spite 
of these limitations these methods can be used either by radi-
ologists (when dealing with clinical images) or naïve observers 
when dealing with phantom images. As an alternative to ROC 
studies, one can use mathematical model observers that will try 
to predict human outcomes when dealing with simple tasks such 
as detecting a target in a homogeneous background (Myers and 
Barrett 1987; Beutel et al. 2000; Barrett and Myers 2004; He and 
Park 2013; Barrett et al. 2015).

The evaluation of the acceptability of clinical images cannot 
rely only on the assessment of phantom images. In radiology, 
human perception has to be taken into account and the relevant 
diagnostic content has to be balanced with patient exposure and 
not only with the dose received by the detector.

In 2000, Månsson proposed a four-grade scale to assess 
observer performances when reading radiological images, con-
sidering that an observer viewing and interpreting images should 
be able to (Månsson 2000; Seeram et al. 2014):

• Notice differences between varying states of disease

• Correctly describe diagnostically important structures 
and features

• Accurately categorize abnormalities

• Reliably distinguish relevant anatomical structures

It is interesting to note that these types of performance assess-
ments fall into two categories: those based on lesion detection, 
where ROC type of studies can be performed, and those based on 
the visualization of anatomical structures, where visual grading 
analysis (VGA) can performed (Sund et al. 2004; Tingberg and 
Sjöström 2005; Seeram et al. 2014). This last approach makes it 
possible to reach Level III, according to Table 66.1.

Image quality assessed by these various approaches is depen-
dent on detector dose. However, the link between detector dose 
and patient dose is not straightforward. Usually, manufacturers 
will optimize their system with respect to detector dose. The 
end user of the unit should, nevertheless, optimize the use of 
the unit on patients with respect to patient exposure. Because of 
this, medical physicists should be involved not only to ensure the 
compliance of a radiological system with legal requirements, but 
also to ensure that patient optimization is achieved.

66.2 Radiation Protection in Radiography

66.2.1 Technical Requirements

Radiography can be thought of as photography performed with 
X-rays. The exposed anatomy is projected on a plane; images 
were recorded in the past on film, which is now being replaced 
by digital media. The complete radiological chain is made of the 
following components:

• A high voltage generator

• An X-ray tube

• A support for the patient

• An anti-scatter grid

• An automatic exposure control (AEC) device

• An image detector

• An image display device

To ensure the safety of a radiography unit, standards have been 
published concerning the characterization of the various compo-
nents of the radiography unit, and regulatory authorities have set 
limits following national requirements such as the ones set by 
the Food and Drug Administration (FDA 1997) or international 
standard (IEC 2009a, 2010a), or recommendations such as those 
proposed by the European Commission (EC 2012). This section 
will make a brief review of the main standards or recommenda-
tions available.

The high voltage generator of an X-ray unit also provides the 
circuitry and electronic control for the filament X-ray tube cur-
rent, the rotation of the anode, as well as the exposure time. One 
of the most important parameters in radiography is the mean 
X-ray beam energy that is responsible for the contrast of the 
radiant image (modulation of the primary X-ray beam) obtained 
from the differential attenuation of the tissues. The variation 
in current and high voltage across an X-ray tube, which occurs 
over the voltage waveform cycle, produces changes in the photon 
flux and spectrum shape (Birch et  al. 1976; Seibert 1997). To 
control image contrast and patient exposure, it is necessary to 
verify whether the performance of the generator complies with 
its expected characteristics. Modern kV-meters make it possible 
to assess the high voltage average and peak values, and also often 
enable the display of the whole waveform to estimate the ripple 
factor.

Concerning the X-ray tubes, there are several standards 
enabling their full characterization. Image quality not only 
depends on contrast, but also on spatial resolution, something 
which mainly depends on the size of the focal spot. This parame-
ter can be evaluated using an IEC (International Electrotechnical 
Commission) standard (IEC 1993). A minimum beam filtration, 
generally expressed in equivalent millimeters of Aluminum, is 
required to avoid overexposing the patient’s skin (FDA 1997). 
The usual requirement concerning that parameter is at least an 
X-ray beam filtration of 2.5 mm eq. Al. To verify if the X-ray 
tube complies with this requirement, one generally measures the 
Half-Value Layer (HVL) of the beam and from that measurement 
estimates the total filtering of the beam (DIN 1990; IPEM 1996). 
The adequacy between the field of view shown by the collimator 
light field and the actual X-ray field is also defined (EC 1997). 
Finally, tube leakage should comply with the limit generally 
adopted of 0.88 mGy/h at 1 m (FDA 1997; IEC 2008a).

The table that supports the patient has to be stable and made of 
a low attenuation material free of structures that would introduce 
a structured noise in the radiograph. As mentioned by Aichinger 
et al. (2012), it is quite surprising that, in spite of the importance 
of that parameter, minimum transmission factors are very dif-
ficult to find, and one can wonder if they actually exist .

Anti-scatter grids improve image contrast by absorbing scat-
tered radiation produced by the patient, but increase patient dose 
when willing to keep detector dose constant. Their performances 
are standardized, but their actual scatter rejection properties 
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remain difficult (IEC 2003a). Moreover, the characteristics one 
might get from these standardized methods are, in general, far 
from what one actually gets when dealing with patients. In such 
situations it seems that the use of a standardized effective DQE 
could be very useful for benchmarking radiography units.

When dealing with an image detector with limited latitude 
of exposure, such as the screen-film system, reproducibility of 
the response of the automatic exposure control (AEC) is a very 
important aspect. Moreover, its adjustment has to take into 
account the energy dependence of the screen-film system and 
the non-reciprocity properties of film. With digital detectors, in 
spite of their large latitude of exposure, reproducibility of the 
AEC system still matters to ensure a constant signal-to-noise 
ratio. Usually one checks if the reproducibility of the response 
is within a given tolerance. The image detector is obviously a 
very important part of the whole imaging chain, and its charac-
terization has always been extensively described. When dealing 
with screen-film systems the exposure required to get an image 
is defined by the sensitivity or “speed” (ISO 2001). When dealing 
with digital detectors, the user can select the level of sensitivity 
he or she wants to achieve. To indicate the exposure level of the 
detector, several manufacturers have introduced exposure indi-
cators or exposure indices (IEC 2008b). Unfortunately, there is 
not yet a unified exposure index, even for flat panel type image 

detectors. Nevertheless, the image quality performances of digi-
tal detectors can be objectively assessed using the normalized 
DQE parameter (IEC 2003b). Finally, the device used to read 
the radiological image should comply with DICOM 3.14 stan-
dard (DICOM 2011). Quality assurance programs should then 
be applied to ensure constancy of the performances over time 
(AAPM 2002). Several test objects, such as the ones presented in 
Figures 66.2 and 66.3, are available to evaluate the overall qual-
ity of the radiographs produced by the unit.

66.2.2 Optimal Way to Use the Unit

Compliance with the requirements mentioned in the previous 
section ensures the safety of radiography units. However, major 
efforts have to be made to ensure that the units are then used in a 
safe way. DQE measurements, image quality assessment–Level 
Ia, according to Table 66.1, are performed in beam qualities rep-
resentative of standard radiology, and are excellent figures of 
merit to judge the performances of an image detector. However, 
they only deal with one element of the imaging chain. The DQE 
does not include the scatter rejecting device or the patient sup-
port. In order to get closer to a more clinically relevant geom-
etry, the concept of eDQE or gDQE was introduced (Kyprianou 
et al. 2005; Samei et al. 2009, 2011; Bertolini et al. 2012; Clavel 

FIGURE 66.2 Example of test object available for quality control of digital X-ray units. (NORMI 13 X-ray Test Object from PTW German.)
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et al. 2016). This quantity, image quality assessment—Level Ib, 
according to Table 66.1, is unfortunately still not standardized. 
Finally, if this parameter makes it possible to create a benchmark 
of radiography units, it deals with a dose measurement performed 
at the entrance of the image detector, or detector + anti-scatter 
grid for eDQE/gDQE, and not patient dose.

At this stage, it is important to note that DQE or eDQE/gDQE 
should be performed on minimally processed images; this leads 
to image characteristics that might be quite different from the 
actual clinical ones.

In addition, and as mentioned at the beginning of this chapter, 
a better way to define image quality would be to first define a 
task. In radiology, there are essentially two main tasks: the detec-
tion of very small structures having a high contrast level with the 
background of the image, and the detection of relatively large 
structures (5–8 mm) of very low contrast. The spatial resolution 
characteristics of the image will be very important when dealing 
with small structures, whereas image noise (and, thus, entrance 

air kerma to the detector) will condition the detection of low 
 contrast structures.

Bar patterns can be used to assess the characteristics of 
 spatial resolution, but one has to be aware of the data sampling 
of the digital system. In this sense, bar patterns should be placed 
at 45° with respect to the pixels matrix. Pixel size, detector air 
kerma, and DQE are key parameters when dealing with image 
noise. In low dose mode, one should check if the manufacturer 
has not introduced some pixel binning, something which drasti-
cally reduces image noise, but with an associated significant loss 
of spatial resolution.

Concerning the evaluation of the low contrast detection, it 
can be performed with test objects such as the Contrast Detail 
and Conventional Radiography (CDRAD) phantom that can be 
scored subjectively by human observers or using a computer 
program that computes a single image quality figure of merit 
(IQFth) (Artinis 2000; Pascoal et al. 2005). One can add slabs of 
Poly(methyl methacrylate) (PMMA) to simulate the thickness of 
a given anatomical region and optimize the image quality out-
come with respect to not only the air kerma at the entrance of the 
detector, but also the air kerma at the entrance of the beam, thus 
including patient exposure in the process. This type of image 
quality corresponds to Level IIa according to Table 66.1. Keep in 
mind that, for a given level of entrance air kerma to the detector, 
beam energy variations (i.e., kV) will have no major impact on 
results, since this test object does not include high Z materials.

Some authors have proposed other types of phantoms, such 
as the one presented in Figure 66.4, reaching the image qual-
ity assessment of Level IIb according to Table 66.1 (Mah et al. 
2001). Approaches implying the use of mathematical model 
observers have also been proposed (Ullman 2008).

In 1996, the European Commission published a set of guide-
lines concerning the most frequently performed radiography 
using the image quality assessment of Level III according to 
Table 66.1 (EC 1996a,b). In these guidelines, not only were tech-
nical factors proposed, but image quality criteria based on the 
appearance of normal anatomy were also defined. Image qual-
ity optimization could then be performed using techniques such 
as the Visual Grading Analysis (VGA) to assess clinical images 

FIGURE 66.3 Image of the CDRAD phantom used to assess image qual-
ity in radiography.

FIGURE 66.4 Example of an anthropomorphic phantom that can be used for either quality control or image quality optimization in digital radiography 
(Radiology Support Devices [RSD] PIXY anthropomorphic phantom).



1315Radiation Protection Issues in X-ray Radiology, Fluoroscopy, and Computed Tomography

(Tingberg and Sjöström 2005). This initiative made for a drastic 
reduction of the variability in image quality and patient expo-
sure. Unfortunately, the proposed technical parameters are for 
screen-film systems, and no update of such a document is yet 
foreseen. The International Commission on Radiation Units and 
Measurements, ICRU, has, however, published a report specifi-
cally on chest radiography, since it is the most frequently taken 
radiograph in the world (ICRU 2003).

Radiography optimization focusing on image quality is the 
most appropriate way to go, but it is also the most difficult one. To 
limit the spread of the practice, the concept of DRL was first men-
tioned by the ICRP in 1990, and subsequently recommended in 
greater detail in 1996 (ICRP 1991, 1996). These levels are not the 
suggested or ideal dose for a particular procedure, or an absolute 
upper limit for dose. Rather, they represent the dose level at which 
an investigation of the appropriateness of the dose should be initi-
ated. DRL for radiography of adults can be found in various pub-
lications (EC 1999; Freitas and Yoshimura 2009). Concerning the 
pediatric population, particular efforts have to be made in terms 
of optimization, as this population has a higher risk than adults of 
developing cancer (BEIR 2006). As was done for adults, in 1996 
the European Commission published recommendations concern-
ing clinical image quality requirements, with representative values 
of entrance surface dose for various children age categories (EC 
1996b). In early 2011, the European Commission launched a new 
project, a follow-up called “Study on European Population Doses 
From Medical Exposure” (EC 2008), or Dose Datamed 2 (DDM2) 
to update the available dose values from medical exposure proce-
dures, in X-ray diagnostics, interventional radiology, and nuclear 
medicine (NM), in the European Union Member States. One of 

the results of this survey showed that, for pediatric radiology, 
national DRLs could vary by a factor 7 (EC 2014). Because of 
this the European Commission recognized that some efforts were 
needed to consolidate the available data, and launched, in 2013, 
the PiDRL project, also supported by the European Society of 
Radiology (ESR) in its Eurosafe initiative (ESR 2014). In the 
United States, a similar initiative was launched by “The Alliance 
for Radiation in pediatric imaging—Image Gently” (IG 2015). A 
similar approach was taken for adults under the name of “Image 
Wisely” (IW 2015). As a final remark that applies to the whole 
field of X-ray imaging, DRLs are certainly a way to reduce the 
spread of the practice, but they should be given for specific indica-
tions instead of anatomical parts. There is a risk that the present 
general trend of lowering patient exposure might result in pro-
ducing suboptimal image quality, thus impairing patient care. 
Clinical image quality in radiology always needs to be at the front.

66.3 Radiation Protection in Fluoroscopy

Fluoroscopy, also called radioscopy, is a real-time X-ray imag-
ing modality (see Section II, Chapter 21). Based on a similar 
imaging chain to radiography, it facilitates the visualization of 
various dynamic phenomena in the human body. This makes it 
possible not only to diagnose specific diseases, but also to treat 
them immediately or shortly thereafter, as is depicted in Figure 
66.5. As such, it is used in a large variety of medical specialties, 
such as GI tract imaging (e.g., barium meals, barium enemas), 
orthopedic surgery (e.g., fracture reduction), vascular interven-
tions (e.g., coronary blood vessel repair, transjugular intrahepatic 

Live fluoroscopy images
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FIGURE 66.5 Example of a fluoroscopically guided intervention. The right side of the picture shows the typical layout of a cardiac catheterization labora-
tory, with first and second operator working next to the supine patient. A catheter is inserted in the groin of the patient, while the fluoroscopy unit is used 
to display live images of catheters and various medical devices used in the patient’s heart. Multiple protective devices (such as the leaded shield) are used 
to protect the staff from scattered radiation. An active dosimeter is used here for educational purposes, to show the main operator the immediate values of 
his/her radiation protection behavior.
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portosystemic shunt (TIPS) placement, neuroangiography), or 
percutaneous ablation procedures (e.g., arrhythmia healing, renal 
sympathetic denervation for the treatment of resistant hyperten-
sion). As a consequence, exposure times for patients may reach 
between a few seconds to a few hours of beam-on time, depend-
ing on numerous factors such as patient health condition, vascular 
abnormalities, unexpected hemorrhage, or operator experience. 
This leads to potentially high patient doses, especially skin doses.

The use of fluoroscopy in medicine is ever increasing, due to 
many upsides of the technology. For example, the patient hospi-
talization time for a percutaneous coronary intervention (PCI) is 
on the order of a few hours compared to several days for open-
heart surgery. Furthermore, the minimally invasive nature of 
percutaneous interventions drastically reduces septic risks for 
the patients, thus reducing potential costs. Finally, the outcome of 
these less invasive procedures often shows higher success rates. 
For example, the fraction of ST (segment of the electrocardio-
gram, ECG) Elevation Myocardial Infarction (STEMI) patients 
undergoing systemic drug-induced thrombolysis went from 51% 
(male) and 39% (female) in 1997 to less than 1% for both genders 
in 2007. On the contrary, the fraction of PCI treatments rose from 
under 10% for both genders to 80% (male) and 70% (female) in 
the same period of time (Radovanovic et al. 2012).

These elements imply that the use of fluoroscopically-guided 
interventions is intrinsically more irradiating for patients. Miller 
et  al. (2009) showed this in their proposal for reference levels 
(RL) for interventional radiology. As can be seen in Table 66.2, 
some interventions involve doses that are de facto high, such 
as brain tumor embolization, with a 75th percentile of the air 
kerma-area product (PKA) distribution of 403.21 Gy cm2 and 
cumulative air kerma (Ka,r) at 4.169 Gy.

For many of these interventions, a medical staff member is 
needed in the close vicinity of the patient during image acquisi-
tion. The immediate consequence of this is a potentially high 
occupational exposure, which is, in turn, highly dependent on the 
position of the staff in the operating room (ICRP 2013).

66.3.1 Technical Requirements

A crucial element in the imaging chain is the AEC system, also 
known as “Automatic Dose Rate and Image Quality Control” 
(ADRIQ) or “Automatic Brightness Control” (ABC). Indeed, 
the selected power curves for a given acquisition protocol will 
automatically determine the X-ray tube voltage and current, as 
well as the beam filtering, on the basis of the detector dose rate. 
As a consequence, this system should be carefully calibrated 

TABLE 66.2

RL Proposal for Interventional Radiology Procedures

Procedure
No. of Cases 

of Procedures

Reference Dose (Gy) KAP (Gy cm2)

75th Percentile 
Value 95% CI

75th Percentile 
Value 95% CI

Transjugular intrahepatic portosystemic shunt creation 134 2.162 1.689–2.502 352.16 294.64–428.12

Biliary drainage 123 0.965 0.767–1.195 80.36 62.34–97.11

Nephrostomy

 For obstruction 76 0.272 0.226–0.342 25.15 17.67–31.68

 For stone access 62 0.406 0.283–0.549 27.53 20.56–38.44

Pulmonary angiography 104 0.293 0.255–0.341 61.76 50.28–75.90

Inferior vena cava filter placement 274 0.146 0.128–0.169 39.83 36.42–48.49

Renal or Visceral Angioplasty

 Without stent 53 1.082 0.880–1.487 144.33 124.96–189.92

 With stent 103 1.552 1.396–1.693 183.75 154.67–214.67

Iliac Angioplasty

 Without stent 24 1.015 0.805–1.187 180.75 123.93–221.06

 With stent 93 1.316 1.008–1.629 222.83 177.15–261.98

Bronchial artery embolization 27 1.312 1.041–1.699 159.72 123.60–232.03

Hepatic chemoembolization 125 1.448 1.348–1.548 296.50 267.52–323.63

Uterine fibroid embolization 90 2.486 2.050–3.134 295.87 247.04–359.43

Other tumor embolization 88 1.699 1.390–2.143 310.12 270.79–362.83

Gastrointestinal hemorrhage localization and treatment 94 2.056 1.797–2.599 319.15 269.16–360.82

Embolization in the Head

 For AVM 134 5.34 4.615–5.937 479.16 435.02–530.79

 For aneurysm 148 4.441 3.960–5.239 339.47 312.49–387.46

 For tumor 51 4.169 3.479–5.070 403.21 319.55–498.96

Vertebroplasty 98 1.848 1.479–2.243 107.68 85.33–129.72

Pelvic artery embolization for trauma or tumor 35 1.874 1.749–2.167 353.90 257.39–464.12

Embolization in the spine for AVM or tumor 21 5.072 3.453–7.456 476.28 314.98–887.63

Source: Adapted from Miller, D.L. et al. 2009. Radiology 253, 753–64.
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by the manufacturer and assessed by the medical physicist. The 
American Association of Physicists in Medicine (AAPM) issued 
a report on the matter in 2012 (AAPM 2012).

Due to the high exposures related with fluoroscopic guid-
ance systems, a reliable dose management program, along with 
precise dose indicators, should be available on all fluoroscopy 
units (ICRU 2005). The four main dose indicators that should be 
implemented are:

• Fluoroscopy time (T)

• Number of radiographic frames per intervention (N)

• Cumulative air kerma-area product (PKA)

• Cumulative incident air kerma (Ka,r)

The fluoroscopy time (T) is defined as the time during which 
the pedal is being pressed by the operator. Since the X-ray beam 
is usually operated in pulsed mode, this value is far from being 
indicative of the actual patient exposure time. Let us take a sim-
ple numerical example: the typical pulse width is of the order of 
10 ms. At 15 fps, the actual beam-on time will only be 15% of 
the fluoroscopy time. Furthermore, some manufacturers measure 
only fluoroscopy time, thus not incrementing the chronometer 
when proceeding with diagnostic quality imaging, such as digital 
subtraction angiography (DSA). As a consequence, T is indica-
tive of the complexity of the intervention, but is not an ideal dose 
indicator to estimate patient dose.

The number of frames per intervention (N) is, like the fluoros-
copy time, an indicator of the complexity of the intervention—or 
even an excessive frame acquisition rate, sometimes not suited 
for a given diagnostic purpose—but does not provide an accu-
rate estimation of patient dose (Jones and Pasciak 2011). Indeed, 
although much information about the acquisition parameters 
(tube voltage and current, pulse width, focus-to-detector distance, 
table height, etc.) is stored in the respective Digital Imaging and 
Communications in Medicine (DICOM) headers, many images 
are usually not recorded, especially the low-quality fluoroscopy 
frames used solely for positioning or navigation purposes. Only 
diagnostic quality images are usually recorded. A solution for this 
problem could come from a new DICOM object, the Radiation 
Dose Structured Report (RDSR), recording many operational 
parameters for all exposure events.

The cumulative air kerma-area product (PKA) is an interesting 
dose indicator of patient exposure. It is defined as the integral of 
the air kerma cumulated at a given location by the area exposed 
by the primary beam at that same location. Incidentally, the PKA 
does not depend on where it is measured. Indeed, for a point-like 
source (as can be hypothesized of the focal spot), the air kerma 
rate decreases with the inverse square of the distance to the focal 
spot, whereas the exposed area of a cone-shaped beam increases 
with the square of the distance to the focal spot. As such, the 
integral (or product) of both is an invariant with respect to the 
location in the primary beam. It can, thus, be easily converted 
to patient effective dose using conversion factors determined 
by extensive Monte Carlo simulations (Struelens et  al. 2009). 
For a given medical purpose, the X-ray beam will usually be 
focused on a given anatomical region (head, chest, pelvis, etc.) 
using beam angles as defined by different medical requirements. 
The organs in the primary beam, along with those exposed by 
internally scattered X-rays, are, thus, more or less the same, so 

average conversion factors can be established for a quick esti-
mation of patient effective dose. For example, suppose a pelvic 
artery embolization performed on a male patient yields a cumu-
lative PKA of 250 Gy cm2. Admitting that the beam was oriented 
in the postero-anterior (PA) direction, if the HVL of the beam is 
measured to be 5.5 mmAl (DIN 1990; IPEM 1995), the corre-
sponding conversion factor (Struelens et al. 2009) is 0.109 mSv/
(Gy cm2). Thus, the estimated effective dose will be 27 mSv. If 
one does not have the time to estimate the HVL, a conservative 
estimate would be to take the highest HVL, thus overestimating 
the effective dose.

Finally, the cumulative incident air kerma, Ka,r, unlike the 
PKA, has to be defined at a given relevant location. The IEC (IEC 
2010b) defines the interventional reference point (IRP) as virtu-
ally lying at 15 cm from the device’s isocenter towards the X-ray 
tube along the central beam axis. The IRP should be representa-
tive of the entrance point of the X-ray beam in the patient. As 
such, the Ka,r will be used as an estimator and/or predictor of 
possible patient skin injuries. For this purpose, one should use a 
substantial radiation dose level (SRDL), defined in Balter et al. 
(2011) as “a facility-selected value used to trigger patient follow-
up for possible deterministic injury. (p. 1613)” Usually, the SRDL 
for cumulative air kerma is set at Ka,r = 5 Gy, yielding a peak 
skin dose (PSD, maximum skin dose of a patient after a proce-
dure) of roughly 3 Gy.

The FDA reference point differs from the IEC reference point, 
in that it is defined at 30 cm from the entrance of the imaging 
device, thus moving along the main primary beam axis. As 
such, the Ka,r recorded at either reference point, even with a fixed 
geometry during the intervention, may over- or underestimate 
the actual PSD, depending on patient body habitus (Balter 2006). 
As a consequence, the PKA indicator of the fluoroscopy device 
should be within a tolerance margin of ±35% according to the 
FDA, and even ±50% according to the IEC (Balter 2006).

66.3.2 Operational Requirements

The most fundamental starting point in patient and staff dose 
optimization is a good education and knowledge of unit behavior 
when it is clinically used. The acquisition protocol has to cor-
respond to the desired clinical purpose and anatomical region. 
Indeed, the AEC system rests on a set of so-called power curves, 
as shown in Figure 66.6 (adapted from AAPM 2012). In order to 
adapt the air kerma rate to the detector (or Entrance Exposure 
Rate to the Detector [EERD]), the AEC will increase both the 
tube voltage and current until it reaches a detector entrance dose 
determined by the sensitivity pre-setting. High detector sensitiv-
ity will induce a low dose rate, whereas higher quality images 
will lower the sensitivity and increase the detector dose rate.

The respective power curves have been calibrated to yield an 
acceptable image quality for a given anatomical region and a dif-
ferent quality level. As such, the use of a protocol for a given 
anatomical region instead of another may lead to inherent image 
(and patient) under- or overexposure, potentially impinging on 
the diagnostic task.

When the right protocol has been chosen, the operator has to 
know which parameters play a major role on the image qual-
ity and also the patient dose, such as frame rate, fluoroscopy 
or fluorography, beam incidence, and patient position in the 
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primary beam. There are no straightforward rules as to how the 
dose rate adapts to the different input parameters (patient body 
habitus, beam angle, field size, magnification setting, detector 
sensitivity, etc.) (Vaño et al. 2009). In order to get a better under-
standing of the influence of those parameters, a good—although 
time-consuming—way to sort out their respective influences is 
to measure the device’s dose rate using controlled conditions, 
such as a dosimetry system (semi-conducting or ionization 
chamber) and a phantom (anthropomorphic or PMMA slabs) 
that simulates the patient. The dose rate that will be measured 
at the entrance point of the beam in the slabs, containing a given 
fraction (30% to 40%) of backscattered radiation, is known as 
the Skin Entrance Exposure Rate (SEER). The measurements 
can be performed by a device user, a radiation protection expert, 
or a medical physics expert. An example of the results can be 
seen in Figure 66.7.

This kind of database can serve as a basis to optimize one’s 
clinical practice, by making it possible to alter a directly acces-
sible operational parameter that may have an influence on patient 
exposure on a given unit, but may not have any influence for 
another manufacturer.

66.3.3 Optimal Way to Use the Unit

Due to its use for interventional procedures, radiation protection 
for fluoroscopy is of concern for two different populations. First, 
the patient is primarily affected by the detrimental effects of ion-
izing radiation, and, because these interventions can last between 
a few minutes to several hours, the span of risks is quite large. 
Where most diagnostic procedures deal with the minimization 
of stochastic risks, because of its high skin doses, fluoroscopy 
is also largely concerned with tissue—and especially subcuta-
neous—lesions. The second at-risk population includes device 
operators and, on a larger scale, the staff present in the oper-
ational theater around the patient. Indeed, the main source of 
exposure in interventional procedures is the radiation scattered 

by the patient, mainly because of Compton scattering in the 
patient’s soft tissue.

66.3.3.1 Patient

As mentioned previously, the patient is exposed to stochastic 
effects (to be minimized) and tissue effects (to be prevented, or 
at least taken care of when they occur) (Balter et al. 2010). In this 
sense, the aim is to keep these risks to a minimum by, respec-
tively, keeping the PKA and the Ka,r at a minimal level.

It is important to note that fluoroscopically-guided procedures 
can present risks for skin injuries (tissue effects, proportional 
to Ka,r), as well as an enhanced risk of long-term cancer devel-
opment (stochastic risks, proportional to PKA). To facilitate the 
approach on radiation protection for the patient for fluoroscopic 
examinations, one can separate both paradigms. Stochastic risks 
should be minimized for procedures intrinsically yielding low 
doses: Digestive series, arthroscopy, orthopedic procedures, and 
so on, as well as pediatric examinations. Indeed, for the latter, 
the body habitus of infants and children is thin enough that dose 
rates to the skin remain low. Furthermore, special protocols are 
usually dedicated to pediatric procedures. The accent will, thus, 
be placed on minimizing the long-term complications due to high 
effective doses. It is to be noted that many mobile fluoroscopy 
units are often used outside a hospital’s imaging department, and 
might be used by insufficiently trained staff (ICRP 2010).

Interventional procedures, such as coronary angiography or 
cerebral aneurism treatment, especially for adults, still present 
stochastic risks proportional to the PKA, but the main risk to be 
addressed is skin injuries. For these procedures, which yield intrin-
sically high effective doses, great care should be taken to reduce 
the PSD at an acceptable level by accepting lower image quality—
thus lower dose rates—or changing the beam angle regularly so as 
to “spread out” the entrance Ka,r across a larger area (ICRP 2013).

The first step in optimizing patient dose is to choose the right 
protocol, adapted to the region to explore and to the patient 
size. Ideally, the default parameters should be set to minimal 
quality requirements, which can be manually set to a higher 
level, instead of immediately starting with the best image qual-
ity, perceptually harder to tune down. As mentioned by Sund 
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et al. (2004), “the visibility of normal anatomy is strongly cor-
related to the detectability of pathological structures. (p. 49)” 
A common pitfall is reducing the dose to such an extent that 
the diagnostic task becomes difficult, implying perverse side 
effects such as increased volume of injected contrast medium, 
whose renal toxicity is proven and immediate. To prevent this, 
image quality should be assessed with respect to a given detec-
tion task. This can either be performed by assessing diverse 
phantom images by several human observers, or the implemen-
tation of a model observer (Favazza et  al. 2015), in order to 
ensure minimal dose requirements for a given task. The key 
to optimizing patient dose—aiming to avoid excess patient 
dose and ensure maximal diagnostic ability—is, thus, to prop-
erly distinguish normal anatomy. To do this, then, the main 
elements playing a role in patient dose optimization are the 
following.

• Focus-to-skin distance: Ideally, the patient should 
be kept as close as clinically possible to the imaging 
device and as far as possible from the X-ray tube. The 
beam being divergent, patient skin dose will increase 
with decreasing distance to the tube. Incidentally, this 
also has an effect on image quality, since the penum-
bra from the non-punctual focal spot is lessened with 
increased focus-to-patient distance (by reducing the 
geometric magnification effect of a conical beam).

• Tube angle: For a given anatomical region, the entrance 
skin dose rate will increase exponentially with tis-
sue thickness. This is mainly due to the AEC system, 
which ensures a constant dose rate at the detector for a 
given sensitivity. Thus, the beam angles that minimize 
cross-patient thickness will lower the skin exposure. A 
quick method to estimate the increase in skin dose rate 
is to keep in mind that the HVL of soft tissue at 70 kV 
and for a 3 mm Al filter is 3 cm. For example, let us 
suppose a patient is 15 cm thick in the postero-anterior 
(PA) direction and 30 cm in the lateral direction. This 
represents an increase of 15 cm or 5 HVL of soft tis-
sue. The increase in dose rate will be approximately 
25 = 32. This also means that a substantial gain on skin 
dose can be achieved by removing any unnecessary 
body parts from the primary field (e.g., by asking the 
patient to put his/her arms up during a chest interven-
tion using lateral or oblique projections).

• Primary beam collimation: On a fluoroscopy unit, 
there is at least one primary collimator, usually made 
of lead. Depending on the device, the collimator can be 
circular (iris), parallel using two blades, or rectangular 
using four blades. This device makes it possible to close 
the primary beam on a given part of the anatomy. This 
has an effect on patient dose (by reducing the exposed 
area) and image quality (by reducing the scatter frac-
tion). For example, a 20’ × 20’ flat panel detector is 
too large for a cervical spine examination. The use 
of two collimation blades can blind out the anatomy 
that does not have to be irradiated. Furthermore, the 
dynamic difference in the image is lessened, since 
the highly absorbing vertebrae show a large contrast 
with respect to the surrounding tissue or even free air. 

The human eye being only sensitive to around 20 levels 
of gray, too high a contrast is not needed, and could be 
potentially harmful, for the correct diagnosis or treat-
ment. A further set of collimators, usually present on 
the larger devices, is the so-called “soft filter.” This is 
made of aluminum plates that can be moved in differ-
ent parts of the anatomy, in order to reduce highly dif-
ferent contrasted tissues. For example, typical cardiac 
exploration protocols automatically slide part of such a 
collimator in the lung region, so as to reduce inherent 
contrast between air and soft/bone tissue, for the same 
reasons as mentioned previously.

• Electronic magnification: The use of electronic magni-
fication usually increases patient dose. In order to zoom 
in on a specific part of the anatomy, the device closes 
part of the primary collimation system. On a luminance 
amplifier, this implies a smaller irradiated surface, and 
fewer electrons produced in the photocathode. The ter-
minal charge-coupled device (CCD) being the input for 
the AEC system, the latter will increase patient dose, 
roughly by the ratio of both exposed surfaces. For flat 
panel detectors, this also implies a smaller irradiated 
surface, but the mechanisms behind the increase in 
dose are more subtle. Indeed, the physical pixels are 
usually more numerous than the displayed ones, thus 
implying pixel binning. In order to keep the same 
image matrix on the display screen, less physical pix-
els are binned together to form a single image pixel. 
Thus, to keep the noise level constant, the dose has to 
be increased.

After the intervention, the patient dose—in terms of PKA and 
Ka,r—should be assessed and used for patient follow-up. Indeed, 
tissue effects arise with typical latency periods of several hours 
to several days, depending on the actual dose. This means that, 
when exceeding a given SRDL (Balter et  al. 2011), the patient 
should be advised to regularly check the area where the beam 
entered his/her body, and where the effects are most likely to 
happen. If anything unusual occurs (skin reddening, hair loss, 
etc.), the patient should contact the physician who performed the 
examination. After a more precise dose estimate—on the basis 
of the dose indicators—the patient should be taken care of, ide-
ally by a radiation oncologist, who is more likely to be familiar 
with radiation skin injuries.

66.3.3.2 Staff

The primary source of operator and medical staff exposure is the 
patient. Indeed, part of the primary beam undergoes Compton 
scattering, mainly in the soft tissue. This creates stray photons 
of typically lower medium energy with respect to the primary 
beam, which will irradiate the surroundings (McCaffrey et  al. 
2012). The intensity of scattered radiation fields can reach sev-
eral tens of mGy/h, thus necessitating protective clothing (lead 
aprons and thyroid collars), since most of the sensitive organs 
are in the trunk area. This habit is now firmly implanted in inter-
ventional radiology; however, it calls for extra care to be taken in 
order to ensure the physical integrity of leaded clothing. Indeed, 
these items are usually made of metallic dispersions in polymer 



1320 Handbook of X-ray Imaging

materials (McCaffrey et  al. 2012). These materials, when reg-
ularly folded, can develop cracks in their matrix, leading to 
unaware staff exposure. A good and practical storage solution for 
lead aprons is of prime importance.

Furthermore, in recent years, there has been an increasing 
concern about operator brain and eye lens exposure. An alarming 
increase in cataract cases among interventional cardiology (IC) 
operators has been reported (Vaño et al. 2013). In addition, some 
case studies of glioblastoma, with an apparent excess in the left 
(most exposed) hemisphere, have largely contributed to a rising 
unease (Roguin et al. 2013). While there is, so far, no epidemio-
logical evidence that links brain tumors to occupational expo-
sure, the ICRP recently issued, on the basis of the re-analysis of 
the cohort of the Hiroshima and Nagasaki bombing survivors, 
evidence for a new threshold for radiation-induced cataract; it 
is now thought to be around 0.5 mGy (without dose rate effect) 
rather than 5 Gy (prolonged exposure). As a consequence, the 
ICRP recommended lowering the annual eye lens dose limit 
from 150 mSv to 20 mSv per year (ICRP 2011).

As for the patient, staff dose can be estimated from the PKA 
delivered to the patient and the protective equipment used by the 

staff. Since the operator is at variable distances from the patient, 
the conversion factors are usually difficult to estimate, and are 
given for a certain distance. The typical order of magnitude of 
scattered X-ray is around 0.1% to 0.15% of the patient dose at 1 m 
for a 20 cm × 20 cm square field (Bushberg et al. 2002).

The ratio between the scattered dose (usually measured in 
terms of H*(10)) and the PKA is defined as the scatter factor 
(Schueler et  al. 2006; Carnicer et  al. 2015). The advantage of 
using this term is to take into account intraoperative parameters 
such as patient body habitus, interventional complexity, fluoros-
copy time, and acquisition modes. Extensive phantom and in vivo 
studies have been performed in order to estimate these scatter 
factors, as well as the main operational parameters influencing 
these values, as can be seen in Table 66.3.

The main parameters of influence on staff scattered 
radiation are:

• Beam angle: The scattered radiation field has a highly 
anisotropic geometry. As the number of scattered pho-
tons is proportional to the number of incident photons 
in a given volume, the consequence is a prevalence of 

TABLE 66.3

Scatter Factors Yielded from a Recent Literature Analysis

Position Projection
Scatter Factor
[µSv/(Gy cm2)] Reference Comments

Waist (patient plane) PA 0° 11.0 Schueler et al. (2006) Baseline: FOV 28 cm, no Cu, patient abdomen thickness 
29 cm, radiation field on liver, no equalization filter

PA 0° 11.0 Schueler et al. (2006) FOV 20 cm

PA 0° 11.0 Schueler et al. (2006) FOV 14 cm

PA 0° 15.0 Schueler et al. (2006) +0.2 mm Cu

PA 0° 21.0 Schueler et al. (2006) +0.5 mm Cu

PA 0° 15.0 Schueler et al. (2006) Patient abdomen thickness 24 cm

PA 0° 8.2 Schueler et al. (2006) Patient abdomen thickness 34 cm

PA 0° 8.0 Schueler et al. (2006) Radiation field on spleen

PA 0° 9.1 Schueler et al. (2006) Equalization filter covering 30% of the FOV

RAO 90° 3.5 Anastasian (2011) No shield

NS 1.0 Martin (2009) Radial access

NS 1.5 Martin (2009) Femoral access

Collar PA 0° 2.3 Schueler et al. (2006) Baseline: FOV 28 cm, no Cu, patient abdomen thickness 
29 cm, radiation field on liver, no equalization filter

PA 0° 2.3 Schueler et al. (2006) FOV 20 cm

PA 0° 2.3 Schueler et al. (2006) FOV 14 cm

PA 0° 3.5 Schueler et al. (2006) +0.2 mm Cu

PA 0° 5.7 Schueler et al. (2006) +0.5 mm Cu

PA 0° 4.1 Schueler et al. (2006) Patient abdomen thickness 24 cm

PA 0° 1.1 Schueler et al. (2006) Patient abdomen thickness 34 cm

PA 0° 0.7 Schueler et al. (2006) Radiation field on spleen

PA 0° 2.0 Schueler et al. (2006) Equalization filter covering 30% of the FOV

PA 0° 2.3 Kuon (2004) 100 cm from the isocenter (on the right side of the 
patient, 60 cm adjacent to and 80 cm caudal to the tube)

PA 80° 6.6 Kuon (2004) 100 cm from the isocenter (on the right side of the 
patient, 60 cm adjacent to and 80 cm caudal to the tube)

Eye PA 0° 7.0 Vaño et al. (2009) 77 cm from phantom

Legs PA, RAO 13 Whitby and Martin (2005) —

PA, postero-anterior; RAO, right anterior oblique; NS, not stated.
Source: Carnicer, A. et al. 2015. Staff exposure in interventional cardiology. Swiss Federal Office of Public Health (In press).
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backscattering around the patient. Beam angles that 
expose the operator to a larger scatter factor are antero-
posterior (AP, X-ray tube above the table) and lateral 
(with operator at the same side as the tube).

• Collimation: Beam collimation does not have an imme-
diate impact on the scatter factor per se (Schueler et al. 
2006), but, since both values are proportional, decreas-
ing the field of view (FOV) by using the primary col-
limation systems reduces the scattered dose, as well as 
improves image quality, because there are fewer scat-
tered photons impinging on the imaging device.

• Beam filtering: In order to spare patient skin dose, low-
quality modes usually integrate an extra copper filtra-
tion to harden the primary beam. This harder beam 
increases the mean energy of the scattered radiation, 
thus increasing the scatter factor (Schueler et al. 2006).

• Distance to the patient: As much as the hypothesis of a 
punctual focal spot holds, this is no longer truly a good 
approximation for the scatter produced by a patient. 
Nevertheless, increasing one’s distance to the patient 
reduces the fluence of scattered photons. Taking a few 
steps back during a highly irradiating procedure (e.g., 
DSA) or beam angle helps reduce staff dose. The use of 
an automatic power injector for contrast administration 
might be useful, as the operator does not have to stand 
as close to the patient compared to manual (syringe) 
contrast medium injection. The access site for percuta-
neous catheterization interventions also plays a major 
role in staff exposure, as they determine the proxim-
ity of the operator to the primary field. Generally, for 
trunk examinations, the scatter factors are higher for 
radial approaches than for femoral approaches. Jugular 
approaches (e.g., TIPS or myocardial biopsy) yield even 
higher factors due to field proximity and the usual lack 
of space to properly use leaded shielding.

• Shielding: In addition to personal protective equipment 
(lead apron and thyroid collars), several other means of 
protection are available, including (but not limited to):

• Leaded glasses: Typically, the lead equivalence of 
protective glasses is 0.5 to 0.75 mmPb. A more cov-
ering but less protective alternative (0.1 mmPb) are 
protective face shields, whose geometry allows for a 
simultaneous protection of the operator’s encephalon.

• Leaded gloves: These surgical gloves are made in 
the same way as other current lead garments, such 
as a metal dispersion (bismuth, antimony, or bar-
ium as a surrogate to lead) in a polymer matrix. 
Their efficiency is usually less than 0.5 mmPb 
(McCaffrey et  al. 2012). The downside of these 
gloves is a false sense of security that could lead 
some physicians to leave their hands in the primary 
beam. This can potentially lead to high operator 
extremity doses—as these protective devices are 
solely made to attenuate scattered (i.e., less ener-
getic) radiation. Furthermore, their attenuation 
power may lead to an increased radiation burden 
on the patient as the AEC system responds to a 
denser object in the X-ray field.

• Protective patient drapes: A recent innovation is a 
sterile draping of several sizes, depending on the 
purpose, made of an antimony-bismuth dispersion 
in a polymer matrix. This protection is to be placed 
upon the patient, outside the primary beam—to 
avoid the effects mentioned for the leaded gloves—
in areas where scatter radiation leaves the patient. 
The purpose is to form a “shadow” for the operator 
standing next to the patient. The efficiency is not 
quite known, and may highly depend on the other 
protective devices used alongside the protective 
drapes. Its sterile cover makes it single-use and a 
rather costly solution.

• Structural shielding: Several shielding devices can 
be permanently mounted in an angiography room. 
Most common solutions include table-mounted 
leaded curtains (some with movable parts), ceiling-
suspended leaded acrylic glass, and floor-mounted 
movable leaded acrylic panels. The aim of these 
protections is to be constantly adapted to the irra-
diation geometry and the patient’s body. This pro-
tective shielding can be improved by hanging small 
leaded curtains on the parts where a gap may be 
present between the patient and the panel.

Figure 66.8 summarizes the previously mentioned means of 
protection in their typical clinical position.

The efficiency factors of these means of protection are defined 
as the ratios of the doses with and without the protection. For 
dose calculation and optimization purposes, the ideal situation 
would be to dispose of a single efficiency factor for each means 
of protection, which could be multiplied together to estimate the 
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FIGURE 66.8 Summary of the protective devices usually present in a 
catheterization laboratory: floor-mounted lead acrylic screen (1), table-sus-
pended lead curtain (2), movable flap on the table curtain (3), leaded stand of 
the floor-mounted screen (4), ceiling-suspended lead acrylic screen (5), and 
patient sterile radiation-absorbing drape (6).
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global efficiency of a given set of protections. Unfortunately, 
the efficiency of these different means of protection is highly 
dependent on their position with respect to the patient and the 
operator. Furthermore, phantom measurements or Monte Carlo 
simulations for these means of protection usually yield higher 
efficiency factors than in vivo measurements performed dur-
ing surgery (Martin 2010). For example, the efficiency factors 
mentioned for the thyroid collar can reach 5–6 for Monte Carlo 
simulations, 4–6 for in vivo simulations, but only 2–3 for staff 
measurements. Furthermore, the efficiency factor for leaded 
glasses is stated at around 30 using practical simulations (beam 
facing the glass plane), but this efficiency could drop to a mere 
1.25 for lateral angles and when the operator is looking away 
from the field (e.g., to a ceiling-suspended diagnostic screen) due 
to grazing incidence (Koukorava et al. 2014).

The inherent uncertainties linked to retrospective and/or 
prospective staff dose estimations imply that currently the only 
effective solution still relies on dosimetry, using double dosim-
etry for effective dose and surface dose estimation, and extrem-
ity dosimetry for finger dose measurement. Furthermore, a 
new dosimetry value has been proposed by several authors 
(Martin 2016; IRSN 2014b), namely Hp(3), for example, an 
absorbed dose at 3 mm depth, intermediate between Hp(0.07) 
and Hp(10), using a dedicated dosimeter placed on the physi-
cian’s head.

66.4  Radiation Protection in Computed 
Tomography

66.4.1 Technical Requirements

Computed tomography has changed the practice of medicine. 
From its range of clinical applications and outcomes it has 
enhanced the understanding of diseases and improved patient 
care (Rubin 2014). However, CT remains a high dose procedure, 
and its optimization remains a priority.

As for radiography or fluoroscopy equipment, the first step of 
radiation protection is to ensure that the CT unit complies with 
standardized safety requirements such as the ones published by 
the IEC (2004, 2009b). As for all radiological devices, constancy 
tests should be applied in the framework of a quality assurance 
program. An IEC standard also defines the main content of such 
a process (IEC 2006). The full characterization of a CT unit is 
also extensively described in a special ICRU issue dedicated to 
CT imaging (ICRU 2012). This contribution will not describe in 
detail the methods that can be used to characterize a CT unit, 
but will concentrate on the main items concerning the assess-
ment of image quality. In the framework of quality control there 
are several test objects, such as the Catphan® phantom shown in 
Figure 66.9, that are available to evaluate the overall quality of 
the images produced by the unit.

To assess the stability of the Hounsfield numbers and check 
for the reconstructed slice thickness and absence of geometric 
distortion, one can use Figure 66.9a. The other slices make it 
possible to, respectively, assess the spatial resolution (Figure 
66.9b), the low contrast resolution (Figure 66.9c), and the image 
homogeneity (Figure 66.9d). To facilitate the assessment of 
these parameters, computer programs have been developed by 

several groups (Pahna et al. 2016). These various methodologies 
assess image quality partially at Level Ia according to Table 
66.1, since the efficiency of the CT unit, assessed by a quantity 
such as a DQE type, remains quite difficult to implement. A few 
years ago, several groups proposed quality factors to character-
ize CT units. However, these quantities were based on signal 
theory that required signal linearity, and were not task-based 
oriented which limited their use for practical CT optimization. 
They were employed mainly for unit benchmarking (Brooks 
and Di Chiro 1976; Riederer et al. 1978; ImPACT 1998; Nagel 
2012).

Over recent years, manufacturers have developed strate-
gies and devices to reduce patient exposure as much as pos-
sible while providing a level of image quality compatible with 
the diagnostic requirements. Among the major technological 
advances worth mentioning is the introduction of the automated 
tube current modulation (ATCM) (Kaza et al. 2014). This is of 
major importance, since, unlike plain analog film radiography, 
where excessively high radiation exposures result in reduced 
image quality or even a non-readable image, digital radiography 
or CT image quality does not deteriorate at high exposures. On 
the contrary, images become even more comfortable to read due 
to the reduction of the noise level. Some tube current modula-
tions (i.e., organ-based tube current modulation, OBTCM) can 
even take into account the fact that, during the acquisition, the 
X-ray will expose particularly radiosensitive organs such as the 
eye lenses, the thyroid, or the breast. However, if the idea seems 
rather enticing, the optimal positioning of the sensitive organs 
remains a major issue in order to fully benefit from the technique 
(Taylor et  al. 2015). Recently, X-ray tube high voltage modu-
lation (kV modulation) has been proposed as one strategy for 
further reducing the radiation dose when dealing with imaging 
of high Z materials, taking advantage of the benefit of the pho-
toelectric effect (Wintermark et al. 2000; Suh et al. 2013). Much 
progress has also been made concerning not only the efficiency 
of the detector, but on the penumbra of the beam. Some advances 
in terms of the X-ray beam collimation have also been proposed, 
such as dynamic asymmetrical beam collimation to reduce 
unused patient exposure at both ends of the planned acquisition 
volume during helical scanning (so called: adaptive collimation) 
(Deak et al. 2009).

The way information is extracted from the data has also been 
drastically improved by the introduction of iterative reconstruc-
tion. Users are able to produce readable images at very low dose 
levels (Den Harder et al. 2015; Naoum et al. 2015; Padole et al. 
2015). However, image content remains, up to a certain level, 
dose dependent, and one should remember that drastic dose 
reduction impairs, in particular, the detection of low contrast 
structures (Schindera et al. 2013; Ott et al. 2017). Finally, if a CT 
unit, when it complies with international standards, is a relatively 
safe piece of equipment, the way it is used on patients might 
lead to undesired effects (Imanishi et al. 2005; Rehani 2015a,b). 
To  limit overexposure as much as possible, some manufactur-
ers have proposed software that checks whether the settings of 
the protocol could lead to acute tissue reactions or present major 
errors (NEMA 2010; Howard et al. 2014; Miller et al. 2014). On 
top of this, manufacturers offer training sessions to ensure that 
all the technological solutions available on the unit are optimally 
used (EURATOM 2013; IAEA 2014).
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66.4.2 Optimal Way to Use the Unit

Similar to radiography or fluoroscopy, the next step of the opti-
mization process should be done with the clinical applications 
in mind. The assessment of the unit for generic protocols is gen-
erally performed by medical physicists who should be involved 
in setting quality assurance programs (EURATOM 2013; IAEA 
2014). Level Ia, as defined in Table 66.1, can be made with stan-
dard test objects where image quality criteria will often be far 
from clinically relevant tasks (Verdun et al. 2015). When will-
ing to optimize actual clinical protocols, as for radiography, we 
should use task-based methodologies. Level IIa can be reached 
by using mathematical model observers and standard quality 
assurance phantoms, as shown by several groups (Hernandez-
Giron et al. 2011, 2014; Kofler et al. 2015; Samei and Richard 
2015). To reach Level IIb, one can use anthropomorphic phan-
toms and either human or mathematical model observers (Yu 
et al. 2013; Tseng et al. 2014; Zhang et al. 2014; Ott et al. 2017; 
Racine et  al. 2016). If these approaches introduce a task, thus 
narrowing the gap between Levels Ia,b—which consider metrics 
whose  outcomes are difficult to use in a clinical  environment—
and Level III, they still lack in anatomical realism. The phantoms 
used are generally homogeneous, and can be optimized with a 
task that remains far from clinical situations, overestimating, for 

example, the potential dose reduction when using iterative recon-
struction (De Crop et al. 2015). The development of 3D printing 
technology will certainly be very useful in the future to produce 
images where the background is more tissue-like structured 
(Solomon and Samei 2014). Level III methods of assessing the 
adequacy of image quality with the diagnostic task have been 
used extensively, with the introduction of iterative reconstruction 
trying to lower patient exposure as much as possible while keep-
ing the diagnostic required information (Miéville et  al. 2013; 
Smedby et al. 2013; Zarb et al. 2015). As mentioned previously, 
in spite of their difficulty to implant, they remain necessary when 
drastic changes of dose and data processing are introduced.

Having briefly described patient dose and image quality while 
considering image quality at the first stage, other initiatives have 
used patient dose instead. Dose quantities are a lot easier to 
assess than image quality, which should be related to diagnostic 
tasks. The introduction of DRLs has certainly helped to reduce 
the spread of patient exposure, but these values are still poorly 
related to a specific diagnostic task. They are often considered to 
be limits, which is not the case, and concepts aiming at reducing 
patient dose as much as possible, such as the introduction of “tar-
get dose” values or “achievable dose,” might be counterproduc-
tive in the future. Image quality should remain a main priority 
of the optimization process (Rehani 2015a,b). At the same time, 

(a) (b)

(c) (d)

FIGURE 66.9 Example of CT images of the Catphan® 600 CT image quality phantom that can be used to assess image quality from a medical physics point 
of view. (a) CT number, geometric distortion, and supra-millimeter slice thickness assessment; (b) spatial resolution assessment; (c) low contrast resolution 
assessment; and (d) image homogeneity assessment.
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tailoring image quality to diagnostic requirements increases the 
number of CT protocols. If this process is important in the context 
of radiation protection, it introduces a serious concern because of 
the lack of standardization. One of the first efforts to standardize 
CT acquisitions was applied quite successfully in the pediatric 
population by color-coding the protocols, but there is still a way 
to go (Frush et al. 2002; Singh and Kalra 2014). Nevertheless, 
many initiatives are focused on protocol standardization meant 
to enable an optimal use of the software solutions and making 
it possible to compare between centers in terms of patient expo-
sure (Kofler et  al. 2014; Escalon et  al. 2015; MacGregor et  al. 
2015). This is certainly a quality criterion, but image information 
should not be forgotten. Finally, as for radiography, several web-
sites are available to help the radiographers and radiologists to 
optimize their clinical protocols. The ones already mentioned for 
radiography (Image gently and Image wisely) have a specific sec-
tion for CT protocols (IG 2015; IW 2015). At the European level, 
the European Society for Radiology has published a white paper 
of the radioprotection aspects in CT (ESR 2011) and provides 
also a website to help the CT users in the optimization process of 
their protocols (ESR 2016).

CT units can be used for 4D perfusion studies where local 
dose levels can be quite high. To avoid overexposures, such as 
those mentioned at the beginning of this chapter (Imanishi et al. 
2005; FDA 2010; Coeytaux et al. 2015), the users should moni-
tor the cumulated CTDIvol indicated on the unit before the image 
acquisition.

CT units are also used for guiding therapeutic procedures 
(interventional radiology), whose level of complexity might also 
require relatively long exposition times. As for perfusion studies, 
the monitoring of the cumulated CTDIvol is of primary impor-
tance to inform the patient if exposure is over the threshold of the 
deterministic risks (Leng et al. 2011).

Finally, optimization in radiology should not only consider the 
radiation risks, but other risks such as the one associated with the 
use of contrast media (Noda et al. 2015). Drastic dose reductions 
or beam filtering might reduce the contrast-to-noise ratio so that 
the amount of contrast media needs to be significantly increased. 
Radiology is a matter of compromise.

REFERENCES
AAPM. 2002. AAPM Report 74—Quality control in diagnostic 

radiology—Report of Task Group#12—Diagnostic X-ray 
Imaging Committee. American Association of Physicists in 
Medicine. College Park, MD.

AAPM. 2012. AAPM Report 125—Functionality and operation of 
fluoroscopic automatic brightness control/automatic dose rate 
control logic in modern cardiovascular and interventional angi-
ography systems. Radiography/Fluoroscopy Subcommittee, 
Imaging Physics Committee, Science Council. American 
Association of Physicists in Medicine. Berlin Heidelberg: 
Springer-Verlag.

Aichinger, H., J. Dierker, S. Joite-Barfuss, and M. Säbel. 2012. 
Radiation exposure and image quality in X-ray diagnostic 
radiology—Physical principles and clinical applications, 
2nd edn. Berlin Heidelberg:Springer Verlag.

Artinis. 2000. CDRAD phantom. Accessed August 6, 2015. http://
www.artinis.com/product/cdrad_20.

Anastasian, Z.H., D. Strozyk, P.M. Meyers, S. Wang, and M.F. 
Berman. 2011. Radiation exposure of the anesthesiologist in 
the neurointerventional suite. Anesthesiology 114(3):512–20.

Balter, S. 2006. Methods for measuring fluoroscopic skin dose. 
Pediatric Radiology 36(Suppl 2):136–40.

Balter, S., J.W. Hopewell, D.L. Miller, L.K. Wagner, and M.J. 
Zelefsky. 2010. Fluoroscopically guided interventional proce-
dures: A review of radiation effects on patients’ skin and hair. 
Radiology 254:326–41.

Balter, S., M. Rosenstein, D.L. Miller, B. Schueler, and D. 
Spelic. 2011. Patient radiation dose audits for fluoroscopi-
cally guided interventional procedures. Medical Physics 
38:1611–1618.

Barrett, H.H. and K.J. Myers. 2004. Foundations of Image Science. 
Wiley-Interscience, Hoboken, New Jersey.

Barrett, H.H., K.J. Myers, C. Hoeschen, M.A. Kupinski, and M.P. 
Little. 2015. Task-based measures of image quality and their 
relation to radiation dose and patient risk. Physics in Medicine 
and Biology 60:R1–R75.

BEIR. 2006. Health risks from exposure to low lvels of ionizing 
radiation. Publication BEIR VII Phase 2 (2006). The National 
Academies Press. Washington, D.C.

Bertolini, M., A. Nitrosi, S. Rivetti, N. Lanconelli, P. Pattacini, V. 
Ginocchi, and M.A. Iori. 2012. Comparison of digital radi-
ography systems in terms of effective detective quantum effi-
ciency. Medical Physics 39:2617–27.

Beutel, J., H.L. Kundel, and R.L. Van Metter. 2000. Handbook of 
medical imaging: physics and psychophysics. Bellingham, 
WA: SPIE Press.

BfS. 2014. Bundesamt für Strahlenschutz. Umweltradioaktivität und 
Strahlenbelastung (Environmental radioactivity and radiation 
exposure, annual report 2012), Jahresbericht 2012. Salzgitter: 
BfS.

Birch, R., M. Marshall, and L.H.J. Peaple. 1976. A technique for 
measuring the variation of photon spectrum from X-ray gen-
erators over the mains voltage cycle. Physics in Medicine and 
Biology 21:745.

Brenner, D.J., and E.J. Hall. 2007. Computed tomography—an 
increasing source of radiation exposure. New England Journal 
of Medicine 357:2277–84.

Brenner, D. J. 2002. Estimating cancer risks from pediatric CT: 
Going from the qualitative to the quantitative. Pediatric 
Radiology 32:228–31.

Brooks, R.A. and G.D. Di Chiro. 1976. Statistical limitations 
in X-ray reconstructive tomography. Medical Physics 
3:237–40.

Bushberg, J.T., J.A. Seibert, E.M. Leidholdt, and J.M. Boone. 2002. 
The essential physics of medical imaging, 2nd edn. Lippincott 
Williams & Wilkins. Philadelphia PA.

Carnicer, A., S. Baechler, N. Ryckx, L. Canetti, and F.R. Verdun. 
2015. Staff exposure in interventional cardiology. Swiss 
Federal Office of Public Health Internal report for the 
FOPH.

Clavel, A.H., P. Monnin, J.M. Létang, F.R. Verdun, and A. Darbon. 
2016. Characterizing the EOS slot scanning system with the 
effective Detective Quantum Efficiency. Radiation Protection 
Dosimetry 169(1–4):319–24.

Coeytaux, K., E. Bey, D. Christensen, E.S. Glassman, B. Murdock, 
and C. Doucet. 2015. Reported radiation overexposure acci-
dents worldwide, 1980–2013: A systematic review. PLoS ONE 
10:e0118709.

http://www.artinis.com/product/cdrad_20
http://www.artinis.com/product/cdrad_20


1325Radiation Protection Issues in X-ray Radiology, Fluoroscopy, and Computed Tomography

Damet, J., P. Fournier, P. Monnin, M. Sans-Merce, D. Ceroni, T. 
Zand, F.R. Verdun, and S. Baechler. 2014. Occupational 
and patient exposure as well as image quality for full spine 
examinations with the EOS imaging system. Medical Physics 
41:063901.

Deak, P.D., O. Langner, M. Lell, and W.A. Kalender. 2009. Effects 
of adaptive section collimation on patient radiation dose in 
multisection spiral CT. Radiology 252:140–7.

De Crop, A. et al. 2015. Correlation of clinical and physical-techni-
cal image quality in chest CT: A human cadaver study applied 
on iterative reconstruction. BMC Medical Imaging 15:32.

Den Harder, A.M., M.J. Willemink, Q.M. de Ruiter, A.M. Schilham, 
G.P. Krestin, T. Leiner, P.A. de Jong, and R.P. Budde. 2015. 
Achievable dose reduction using iterative reconstruction for 
chest computed tomography: A systematic review. European 
Journal of Radiology 84(11):2307–13.

DICOM. 2011. Digital Imaging and Communications in Medicine 
(DICOM) Part 14: Grayscale Standard Display Function. 
Rosslyn: National Electrical Manufacturers Association, 
Germany.

DIN. 1990. Deutsches Institut für Normung—Clinical dosimetry— 
Part 3: Diagnostic Radiology. Publication 6809-3, Berlin: DIN.

EC. 1996a. Guidelines on quality criteria for diagnostic radiographic 
images. Publication EUR 16260 EN. Office for Official 
Publications of the European Communities, Luxembourg.

EC. 1996b. European guidelines on quality criteria for diagnos-
tic radiographic images in paediatrics. Publication EUR 
16261 EN. Office for Official Publications of the European 
Communities, Luxembourg.

EC. 1997. Radiation Protection 91: Criteria of acceptability of 
radiological (including radiotherapy) and nuclear medicine 
installations. Luxembourg, Luxembourg: Office for Official 
Publications of the European Communities.

EC. 1999. Guidance on diagnostic reference levels (DRL) for medi-
cal exposure. Publication no. 109, Luxembourg: EC.

EC. 2008. European guidance on estimating population doses from 
medical X-ray procedures. Radiation protection. Publication 
no. 154. Brussels, Belgium: EC. Accessed August 6, 2015. 
http://ddmed.eu/_media/background_of_ddm1:rp154.pdf.

EC. 2009. European Commission guidelines on clinical audit for 
medical radiological practices (diagnostic radiology, nuclear 
medicine and radiotherapy). Radiation Protection. Publication 
no. 159. Brussels, Belgium: EC. Accessed August 6, 2015. 
http://ec.europa.eu/energy/nuclear/radiation_protection/doc/
publication/159.pdf.

EC. 2012. Radiation protection n° 162: Criteria for acceptability 
of medical radiological equipment used in diagnostic radiol-
ogy, nuclear medicine and radiotherapy. Accessed August 12, 
2015. http://ec.europa.eu/energy/sites/ener/files/documents/
rp162web.pdf.

EC. 2014. European Commission medical radiation exposure of 
the European population. Radiation Protection RP 180. 
Luxembourg, Luxembourg: EC.

Escalon, J.G., M.B. Chatfield, D. Sengupta, and M.L. Loftus. 2015. 
Dose length products for the 10 most commonly ordered CT 
examinations in adults: analysis of three years of the ACR 
dose index registry. Journal of the American College of 
Radiology 12:815–23.

ESR. 2011. White paper on radiation protection by the European 
Society of Radiology. European Society of Radiology (ESR). 
Insights Imaging 2:357–62.

ESR. 2014. ESR Eurosafe initiative. European Society of Radiology. 
Accessed August 12, 2015. http://www.eurosafeimaging.org/
pidrl.

ESR. 2016. Eurosafe. Accessed November 17, 2016. http://www.
eurosafeimaging.org/.

EURATOM. 2013. Council Directive—EURATOM 2313/59. 
Accessed August 6, 2015. http://eur-lex.europa.eu/LexUriServ/
LexUriServ.do?uri=OJ:L:2014:013:0001:0073:EN:PDF.

Favazza, C.P., K.A. Fetterly, N.J. Hangiandreou, S. Leng, and B. 
Schueler. 2015. Implementation of a channelized Hotelling 
observer model to assess image quality of X-ray angiogra-
phy systems. Journal of Medical Imaging 2. https://www.
ncbi.nlm.nih.gov/pmc/articles/PMC4478895/pdf/JMI-002-
015503.pdf

FDA. 1997. Food and Drug Administration—Performance standard 
for diagnostic X-ray systems and their major components 21. 
CFR (4-1-97) 1020.30-1020.33. Rockville, MD: FDA.

FDA. 2010. Safety investigation of CT brain perfusion scans. 
U.S. Food and Drug Administration., Rockville, MD. http://
www.fda.gov/MedicalDevices/Safety/AlertsandNotices/
ucm185898.htm

Freitas, M.B. and E.M. Yoshimura. 2009. Diagnostic reference 
levels for the most frequent radiological examinations car-
ried out in Brazil. Revista Panamerica de Salud Publica/Pan 
American Journal of Public Health 25:95–104.

Frush, D.P., B. Soden, K.S. Frush, and C. Lowry. 2002. Improved 
pediatric multidetector body CT using a size-based color-
coded format. American Journal of Roentgenology 178:721–6.

Fryback, D.G. and J.R. Thornbury. 1991. The efficacy of diagnostic 
imaging. Medical Decision Making 11:88–94.

He, X. and S. Park. 2013. Model Observers in Medical Imaging 
Research. Theranostics 3:774–86.

Hernandez-Giron, I., A. Calzado, J. Geleijns, R.M. Joemai, and 
W.J.H. Veldkamp. 2014. Comparison between human and 
model observer performance in low-contrast detection tasks 
in CT images: Application to images reconstructed with fil-
tered back projection and iterative algorithms. British Journal 
of Radiology 87. https://www.ncbi.nlm.nih.gov/pmc/articles/
PMC4075583/pdf/bjr.20140014.pdf

Hernandez-Giron, I., J. Geleijns, A. Calzado, and W.J.H. Veldkamp. 
2011. Automated assessment of low contrast sensitivity 
for CT systems using a model observer. Medical Physics 
38:S25–S35.

Howard, M.E., C.H. McCollough, S. Leng, L. Yu, and M.R. 
Bruesewitz. 2014. Use of CT dose notification and alert values 
in routine clinical practice. Journal of the American College 
of Radiology 11:450–5.

IAEA. 2010. International Atomic Energy Agency. Clinical audits 
of diagnostic radiology practices: A tool for quality improve-
ment. Vienna, Austria: IAEA.

IAEA. 2014. Radiation protection and safety of radiation sources: 
International basic safety standard. IAEA Safety Standard. 
Vienna, Austria: IAEA.

ICRP. 1977. Recommendations of the International Commission 
on Radiological Protection. Publication 26, Ann. ICRP 1 (3). 
Amsterdam: ICRP.

ICRP. 1991. 1990 Recommendations of the International 
Commission on Radiological Protection. ICRP Publication 
60. Amsterdam: ICRP.

ICRP. 1996. Radiological protection and safety in medicine. ICRP 
Publication 73. Ann. ICRP 26 (2). Amsterdam: ICRP.

http://ddmed.eu/_media/background_of_ddm1:rp154.pdf
http://ec.europa.eu/energy/nuclear/radiation_protection/doc/publication/159.pdf
http://ec.europa.eu/energy/nuclear/radiation_protection/doc/publication/159.pdf
http://ec.europa.eu/energy/sites/ener/files/documents/rp162web.pdf
http://ec.europa.eu/energy/sites/ener/files/documents/rp162web.pdf
http://www.eurosafeimaging.org/pidrl
http://www.eurosafeimaging.org/pidrl
http://www.eurosafeimaging.org/
http://www.eurosafeimaging.org/
http://eur-lex.europa.eu/LexUriServ/LexUriServ.do?uri=OJ:L:2014:013:0001:0073:EN:PDF
http://eur-lex.europa.eu/LexUriServ/LexUriServ.do?uri=OJ:L:2014:013:0001:0073:EN:PDF
https://www.ncbi.nlm.nih.gov/pmc/articles/PMC4478895/pdf/JMI-002-015503.pdf
https://www.ncbi.nlm.nih.gov/pmc/articles/PMC4478895/pdf/JMI-002-015503.pdf
https://www.ncbi.nlm.nih.gov/pmc/articles/PMC4478895/pdf/JMI-002-015503.pdf
http://www.fda.gov/MedicalDevices/Safety/AlertsandNotices/ucm185898.htm
http://www.fda.gov/MedicalDevices/Safety/AlertsandNotices/ucm185898.htm
http://www.fda.gov/MedicalDevices/Safety/AlertsandNotices/ucm185898.htm
https://www.ncbi.nlm.nih.gov/pmc/articles/PMC4075583/pdf/bjr.20140014.pdf
https://www.ncbi.nlm.nih.gov/pmc/articles/PMC4075583/pdf/bjr.20140014.pdf


1326 Handbook of X-ray Imaging

ICRP. 2007a. The 2007 Recommendations of the International 
Commission on Radiological Protection. ICRP Publication 
103. Ann. ICRP 37 (2–4). Amsterdam: ICRP.

ICRP. 2007b. Radiological protection in medicine. ICRP Publication 
105. Ann. ICRP 37 (6). Amsterdam: ICRP.

ICRP. 2010. Radiological protection in fluoroscopically guided pro-
cedures outside the imaging department, ICRP Publication 
117, Ann. ICRP 40(6). Amsterdam: ICRP.

ICRP. 2011. Statement on Tissue Reactions. ICRP ref 4825-3093-
1464. Amsterdam: ICRP.

ICRP. 2013. Radiological protection in cardiology. ICRP Publication 
120, Ann. ICRP 42(1). Amsterdam: ICRP.

ICRU. 1996. Medical imaging—The assessment of image quality. 
Report 54. Bethesda, MD: ICRU.

ICRU. 2003. Image quality in chest radiography. Report 70. Journal 
of the ICRU 3.

ICRU. 2005. Patient dosimetry for X rays used in medical imaging. 
Report 74. Journal of the ICRU 5.

ICRU. 2008. Receiver operating characteristics analysis in medical 
imaging. Report 79. Journal of the ICRU 8.

ICRU. 2012. Radiation dose and image quality assessment in 
computed tomography. Report 87. Journal of the ICRU 12, 
Oxford.

IEC. 1993. X-ray tube assemblies for medical diagnosis—
Characteristics of focal spots. Publication 60336. Geneva, 
Switzerland: IEC.

IEC. 2003a. Diagnostic X-ray imaging equipment—Characteristics 
of general purpose and mammographic anti-scatter grids. 
Publication 60627 Ed. 3. Geneva, Switzerland: IEC.

IEC. 2003b. Medical electrical equipment—Characteristics of digi-
tal X-ray imaging devices - Part 1. Determination of the detec-
tive quantum efficiency. Publication IEC 62220-1. Geneva, 
Switzerland: IEC.

IEC. 2004. Medical electrical equipment—Evaluation and rou-
tine testing in medical imaging departments—Part 3–5: 
Acceptance tests—Imaging performance of computed tomog-
raphy X-ray equipment. Publication IEC 62223-3-5. Geneva, 
Switzerland: IEC.

IEC. 2006. Medical electrical equipment—Evaluation and routine 
testing in medical imaging departments—Part 26: Constancy 
tests – Imaging performance of computed tomography X-ray 
equipment. Publication IEC 62223-2-6. Geneva, Switzerland: 
IEC.

IEC. 2008a. Medical electrical equipment—Part 1–3: General 
requirements for basic safety and essential performance col-
lateral standard: Radiation protection in diagnostic X-ray 
equipment. Publication IEC 60601-1-3. Geneva, Switzerland: 
IEC.

IEC. 2008b. Medical electrical equipment—Exposure index of 
digital X-ray imaging system—Part 1. Definition and require-
ments for general radiography. Publication IEC 62494-1. 
Geneva, Switzerland: IEC.

IEC. 2009a. Medical electrical equipment—Part 2–54: Particular 
requirements for the basic safety and essential performance of 
X-ray equipment for radiography and radioscopy. Publication 
IEC 60601-2-54:2009+AMD1:2015 CSV. Geneva, 
Switzerland: IEC.

IEC. 2009b. Medical electrical equipment—Part 2–44: Particular 
requirements for the basic safety and essential performance of 
X-ray equipment for computed tomography. Publication IEC 
60601-2-44:+AMD1:2012 CSV. Geneva, Switzerland: IEC.

IEC. 2010a. Medical electrical equipment—Part 2–28: Particular 
requirements for the basic safety and essential performance of 
X-ray tube assemblies for medical diagnosis. Publication IEC 
60601-2-28. Geneva, Switzerland: IEC.

IEC. 2010b. Medical electrical equipment—Part 2–43: Particular 
requirements for the basic safety and essential performance 
of X-ray equipment for interventional procedures. Publication 
IEC 60601-2-43. Geneva, Switzerland: IEC.

IG. 2015. Image Gently. Accessed August 12, 2015. http://www.
imagegently.org/.

Imanishi, et  al. 2005. Radiation-induced temporary hair loss as a 
radiation damage only occurring in patients who had the com-
bination of MDCT and DSA. European Radiology 15:41–6.

ImPACT. 1998. Report type testing of CT scanners—Methods 
and methodology. Accessed August 25, 2015. http://www.
impactscan.org/reports/MDA9825.htm.

IPEM. 1995. Measurement of the performance characteristics of 
diagnostic X-ray systems used in medicine, report 32, part I: 
X-ray tubes and generators. York, UK: Institute of Physicists 
and Engineers in Medicine.

IRSN. 2014a. Institut de Radioprotection et de Sûreté Nucléaire. 
Exposition de la population française aux rayonnements ioni-
sants liée aux actes de diagnostic médical en 2012. Rapport 
PRP-HOM No. 2014-6. Paris, France: IRSN.

IRSN. 2014b. Institut de Radioprotection et de Sûreté Nucléaire. 
Cristallin: Les yeux sous haute radioprotection. http://www.
irsn.fr/FR/IRSN/Publications/Magazine-Reperes/archives/
Documents/IRSN_Reperes_22_072014.pdf. (Accessed on 
July 26, 2017).

ISO. 2001. Photography-sensitometry of screen-film systems for 
medical radiography. Part 1. Determination of a sensitometric 
curve shape, speed and average gradient. Publication 9236-1. 
Geneva: ISO.

IW. 2015. Image wisely. Accessed August 12, 2015. http://www.
imagewisely.org/.

Jones, A.K. and A.S. Pasciak. 2011. Calculating the peak skin dose 
resulting from fluoroscopically guided interventions. Part 
I: Methods. Journal of Applied Clinical Medical Physics 
12:231–44.

Journy, N.M., Lee, C., Harbron, R.W., McHugh, K., Pearce, M.S., 
and Berrington de González, A. 2017. Projected cancer risks 
potentially related to past, current, and future practices in 
paediatric CT in the United Kingdom, 1990–2020. British 
Journal of Cancer 116:109–16. doi: 10.1038/bjc.2016.351.

Kaza, R.K., J.F. Platt, M.M. Goodsitt, M.M. Al-Hawary, K.E. 
Maturen, A.P. Wasnik, and A. Pandya. 2014. Emerging tech-
niques for dose optimization in abdominal CT. RadioGraphics 
34:4–17.

Kofler, J.M., D.D. Cody, and R.L. Morin. 2014. CT protocol review 
and optimization. Journal of the American College of 
Radiology 11:267–70.

Kofler, J.M., L. Yu, S. Leng, Y. Zhang, Z. Li, R.E. Carter, and C.H. 
McCollough. 2015. Assessment of low-contrast resolution for the 
American College of Radiology computed tomographic accredi-
tation program: What is the impact of iterative reconstruction? 
Journal of Computer Assisted Tomography 39:619–23.

Koukorava, C., J. Farah, L. Struelens, I. Clairand, L, Donadille, F. 
Vanhavere, and P. Dimitriou. 2014. Efficiency of radiation 
protection equipment in interventional radiology: A system-
atic Monte Carlo study of eye lens and whole body doses. 
Journal of Radiological Protection 34:509–28.

http://www.imagegently.org/
http://www.imagegently.org/
http://www.impactscan.org/reports/MDA9825.htm
http://www.impactscan.org/reports/MDA9825.htm
http://www.irsn.fr/FR/IRSN/Publications/Magazine-Reperes/archives/Documents/IRSN_Reperes_22_072014.pdf
http://www.irsn.fr/FR/IRSN/Publications/Magazine-Reperes/archives/Documents/IRSN_Reperes_22_072014.pdf
http://www.irsn.fr/FR/IRSN/Publications/Magazine-Reperes/archives/Documents/IRSN_Reperes_22_072014.pdf
http://www.imagewisely.org/
http://www.imagewisely.org/


1327Radiation Protection Issues in X-ray Radiology, Fluoroscopy, and Computed Tomography

Kuon, E., J.B. Dahm, K. Empen, D.M. Robinson, G. Reuter, and M. 
Wucherer. 2004. Identification of less-irradiating tube angula-
tions in invasive cardiology. Journal of the American College 
of Cardiology 44(7):1420–8.

Kyprianou, I.S., A. Ganguly, S. Rudin, D.R. Bednarek, B.D. Gallas, 
and K.J. Myers. 2005. Efficiency of the human observer com-
pared to an ideal observer based on a generalized NEQ which 
incorporates scatter and geometric unsharpness: Evaluation 
with a 2AFC experiment. Proceedings of SPIE—The 
International Society for Optical Engineering 5749:251–62.

Le Coultre, R., J. Bize, M. Champendal, D. Wittwer, N. Ryckx, 
A. Aroua, P. Trueb, and F.R. Verdun. 2016. Exposure of 
the Swiss population by radiodiagnostics: 2013 review. 
Radiation Protection Dosimetry 169(1–4):221–4.

Leng, S., J.A. Christner, S.K. Carlson, M. Jacobsen, T.J. Vrieze, T.D. 
Atwell, and C.H. McCollough. 2011. Radiation dose levels 
for interventional CT procedures. AJR American Journal of 
Roentgenology 197:W97–103.

MacGregor, K., I. Li, T. Dowdell, and B.G. Gray. 2015. Identifying 
institutional diagnostic reference levels for CT with radiation 
dose index monitoring software. Radiology 276:507–17.

Mah, E., E. Samei, and D.J. Peck. 2001. Evaluation of a quality con-
trol phantom for digital chest radiography. Journal of Applied 
Clinical Medical Physics 2:90–101.

Malone, J. et al. 2012. Justification of diagnostic medical exposures: 
Some practical issues. Report of an International Atomic Energy 
Agency Consultation. British Journal of Radiology 85:523–38.

Malone, J., U. O’Connor, and K. Faulkner, editors. 2009. Ethical and 
justification issues in medical radiation protection. Radiation 
Protection Dosimetry 135:523–38.

Månsson, L.G. 2000. Methods for the evaluation of image quality: 
A review. Radiation Protection Dosimetry 90:89–99.

Martin, C.J. 2009. A review of radiology staff dose and dose 
monitoring requirements. Radiation Protection Dosimetry 
136(3):140–157.

Martin, C.J. 2010. Personal dosimetry for interventional operators: 
When and how should monitoring be done? British Journal of 
Radiology 84:639–48.

Martin, C.J. 2016. Eye lens dosimetry for fluoroscopically guided 
clinical procedures: Practical approaches to protection 
and dose monitoring. Radiation Protection Dosimetry 
169(1–4):286–91.9.

McCaffrey, J.P., F. Tessier, and H. Shen. 2012. Radiation shield-
ing materials and radiation scatter effects for interventional 
 radiology (IR) physicians. Medical Physics 39:4537–46.

Miéville, F.A., L. Berteloot, A. Grandjean, P. Ayestaran, F. Gudinchet, 
S. Schmidt, F. Brunelle, F.O. Bochud, and F.R. Verdun. 2013. 
Model-based iterative reconstruction in pediatric chest CT: 
Assessment of image quality in a prospective study of children 
with cystic fibrosis. Pediatric Radiology 43:558–67.

Miller, D.L., M. Bhargavan-Chatfield, M.R. Armstrong, and P.F. 
Butler. 2014. Clinical implementation of the National Electrical 
Manufacturers Association CT Dose Check standard at ACR 
Dose Index Registry sites. Journal of the American College of 
Radiology 11:989–94.

Miller, D.L., D. Kwon, and G.H. Bonavia. 2009. Reference levels for 
patient radiation doses in interventional radiology: Proposed 
initial values for U.S. practice. Radiology 253:753–64.

Myers, K.J. and H.H. Barrett. 1987. Addition of a channel mecha-
nism to the ideal-observer model. Journal of the Optical 
Society of America. A 4:2447–57.

Nagel, H.-D. 2012. CT dose efficiency parameters. European 
Medical ALARA Network. WG 1: Optimisation of patient 
exposure in CT procedures, synthesis document. http://www.
eurosafeimaging.org/wp/wp-content/uploads/2015/10/WG1_
Final_Report-3.pdf (Accessed July 26, 2017).

Naoum, C., P. Blanke, and J. Leipsic. 2015. Iterative reconstruc-
tion in cardiac CT. Journal of Cardiovascular Computed 
Tomography 9:255–63.

NCRP. 2010. NCRP Report No. 160: Ionizing radiation exposure 
of the population of the United States. Bethesda, MD: NCRP.

NEMA. 2010. CT Dose Check. NEMA Standards Publication. XR 
25-2010. NEMA, osslyn VA.

Noda, Y., M. Kanematsu, S. Goshima, H. Kondo, H. Watanabe, H. 
Kawada, N. Kawai, Y. Tanahashi, T.R. Miyoshi, and K.T. Bae. 
2015. Reducing iodine load in hepatic CT for patients with 
chronic liver disease with a combination of low-tube-voltage 
and adaptive statistical iterative reconstruction. European 
Journal of Radiology 84:11–18.

Ott, J.G., A. Ba, D. Racine, A. Viry, F.O. Bochud, and F.R. Verdun. 
2017. Assessment of low contrast detection in CT using model 
observers: Developing a clinically-relevant tool for character-
ising adaptive statistical and model-based iterative reconstruc-
tion. Zeitschrift für Medizinische Physik 27(2):86–97. 

Padole, A., R.D. Ali Khawaja, M.K. Kalra, and S. Singh. 2015. 
CT radiation dose and iterative reconstruction techniques. 
American Journal of Roentgenology 204:W384–W392.

Pahna, G., S. Skornitzkea, H.-P. Schlemmerb, H.-U. Kauczora, and 
W. Stillera. 2016. Toward standardized quantitative image 
quality (IQ) assessment in computed tomography (CT): A 
comprehensive framework for automated and compara-
tive IQ analysis based on ICRU Report 87. Physica Medica 
32(1):104–15.

Pascoal, A., C.P. Lawinski, I. Honey, and P. Blake. 2005. 
Evaluation of a software package for automated quality 
assessment of contrast detail images: Comparison with sub-
jective visual assessment. Physics in Medicine and Biology 
50:5743.

Pearce, M.S. et al. 2012. Radiation exposure from CT scans in child-
hood and subsequent risk of leukaemia and brain tumours: A 
retrospective cohort study. Lancet 380:499–505.

Racine, D., A.H. Ba, J.G. Ott, F.O. Bochud, and F.R. Verdun. 2016. 
Objective assessment of low contrast detectability in com-
puted tomography with Channelized Hotelling Observer. 
Physica Medica 32:76–83.

Radovanovic, D. et  al. 2012. Temporal trends in treatment of 
ST-elevation myocardial infarction among men and women 
in Switzerland between 1997 and 2011. European Heart 
Journal: Acute Cardiovascular Care 1:183–91.

Raelson, C.A., K.M. Kanal, M.S. Vavilala, F.P. Rivara, L.J. Kim, 
B.K. Stewart, and W.A. Cohen. 2009. Radiation dose and 
excess risk of cancer in children undergoing neuroangiogra-
phy. AJR American Journal of Roentgenology 193:1621–8.

Rehani, M.M. 2015a. Looking into future: challenges in radiation 
protection in medicine. Radiation Protection Dosimetry 
165:3–6.

Rehani, M.M. 2015b. Limitations of diagnostic reference level 
(DRL) and introduction of acceptable quality dose (AQD). 
British Journal of Radiology 88:20140344.

Riederer, S.J., N.J. Pelc, and D.A. Chesler. 1978. The noise power 
spectrum in computed X-ray tomography. Physics in Medicine 
and Biology 23:446–54.

http://www.eurosafeimaging.org/wp/wp-content/uploads/2015/10/WG1_Final_Report-3.pdf
http://www.eurosafeimaging.org/wp/wp-content/uploads/2015/10/WG1_Final_Report-3.pdf
http://www.eurosafeimaging.org/wp/wp-content/uploads/2015/10/WG1_Final_Report-3.pdf


1328 Handbook of X-ray Imaging

Roguin, A., J. Goldstein, and O. Bar. 2013. Brain tumours among 
interventional cardiologists: A cause for alarm? Report of 
four new cases from two cities and a review of the literature. 
EuroIntervention 7:1081–6.

Rubin. G.D. 2014. Computed tomography: Revolutionizing the prac-
tice of medicine for 40 years. Radiology 273(Suppl):S45–74.

Salvagnini, E., H. Bosmans, L. Struelens, and N.W. Marshall. 2013. 
Effective detective quantum efficiency for two mammography 
systems: Measurement and comparison against established 
metrics. Medical Physics 40:101916.

Samei, E., N.T. Ranger, J.T. Dobbins, and C.E. Ravin. 2011. Effective 
dose efficiency: An application-specific metric of quality and 
dose for digital radiography. Physics in Medicine and Biology 
56:5099–118.

Samei, E., N.T. Ranger, A. MacKenzie, I.D. Honey, J.T. Dobbins 3rd, 
and C.E. Ravin. 2009. Effective DQE (eDQE) and speed of 
digital radiographic systems: An experimental methodology. 
Medical Physics 36:3806–17.

Samei, E. and S. Richard. 2015. Assessment of the dose reduction 
potential of a model-based iterative reconstruction algorithm 
using a task-based performance metrology. Medical Physics 
42(1):314–23.

Schindera, S.T., D. Odedra, S.A. Raza, T.K. Kim, H.J. Jang, Z. 
Szucs-Farkas, and P. Rogalla. 2013. Iterative reconstruction 
algorithm for CT: Can radiation dose be decreased while low-
contrast detectability is preserved? Radiology 269:511–8.

Schueler, B.A., T.J. Vrieze, H. Bjarnason, and A.W. Stanson. 2006. 
An investigation of operator exposure in interventional radiol-
ogy. Radiographics 26:1533–41.

Seeram, E., R. Davidson, S. Bushong, and H. Swan. 2014. Image 
quality assessment tools for dose optimization in digital radi-
ography: An overview. Radiologic Technology 85:555–62.

Seibert, J.A. 1997. The AAPM/RSNA physics tutorial for residents. 
X-ray generators. RadioGraphics 17:1533–57.

Shannoun, F. 2015. UNSCEAR’s global medical exposure surveys –a 
practical demonstration of the new online data collection plat-
form. Buenos Aires, Argentina: IRPA. Accessed August 6, 
2015. http://www.irpabuenosaires2015.org/Archivos/archivos/
Disertaciones%20Especiales/Taller%20UNSCEAR/TU%20
1-SHANNOUN%20.pdf

Singh, S. and M.K. Kalra. 2014. Standardized CT protocols and 
nomenclature: Better, but not yet there. Pediatric Radiology 
44(Suppl 3):440–3.

Smedby, O., M. Fredrikson, J. De Geer, L. Borgen, and M. 
Sandborg. 2013. Quantifying the potential for dose reduction 
with visual grading regression. British Journal of Radiology 
86:31197714.

Solomon, J. and E. Samei. 2014. Quantum noise properties of CT 
images with anatomical textured backgrounds across recon-
struction algorithms: FBP and SAFIRE. Medical Physics 
41:091908.

Struelens, L., K. Bacher, and M. Zankl. 2009. Dose-area-
product to effective dose in interventional cardiology and 
radiology. IFMBE Proceedings 25, 181–184. 10.1007/ 
978-3-642-03902-7_51. 

Suh, Y.J., Y.J. Kim, S.R. Hong, Y.J. Hong, H.J. Lee, J. Hur, and B.W. 
Choi. 2013. Combined use of automatic tube potential selec-
tion with tube current modulation and iterative reconstruction 
technique in coronary CT angiography. Radiology 269:722–9.

Sund, P., M. Båth, S. Kheddache, and L.G. Månsson. 2004. 
Comparison of visual grading analysis and determination 
of detective quantum efficiency for evaluating system per-
formance in digital chest radiography. European Radiology 
14:48–58.

Taylor, S., D.E. Litmanovich, M. Shahrzad, A.A. Bankier, P.A. 
Gevenois, and D. Tack. 2015. Organ-based tube current mod-
ulation: Are women’s breasts positioned in the reduced-dose 
zone? Radiology 274:260–6.

Tingberg, A. and D. Sjöström. 2005. Optimisation of image plate 
radiography with respect to tube voltage. Radiation Protection 
Dosimetry 114:286–93.

Tseng, H.-W., J. Fan, M.A. Kupinski, P. Sainath, and J. Hsieh. 2014. 
Assessing image quality and dose reduction of a new X-ray 
computed tomography iterative reconstruction algorithm 
using model observers. Medical Physics 41:071910.

Ullman, G. 2008. Quantifying image quality in diagnostic radi-
ology using simulation of the imaging system and model 
observers. Linköping University Medical Dissertations No. 
1050. Accessed August 6, 2015. http://www.diva-portal.org/
smash/get/diva2:18076/FULLTEXT01.pdf.

UNSCEAR. 2010. United Nations Scientific Committee on the 
Effects of Atomic Radiation. UNSCEAR 2008 Report Vol. 
I: Sources of Ionizing Radiation. New York, NY: United 
Nations.

Vaño, E., N.J. Kleiman, A. Duran, M. Romano-Miller, and M.M. 
Rehani. 2013. Radiation-associated lens opacities in cath-
eterization personnel: Results of a survey and direct assess-
ments. Journal of Vascular and Interventional Radiology 
24:197–204.

Vaño, E. et al. 2009. Importance of dose settings in the x-ray sys-
tems used for interventional radiology: a national survey. 
CardioVascular and Interventional Radiology 32(1):121–6.

Verdun, F.R. et al. 2015. Image quality in CT: From physical mea-
surements to model observer. Journal is Physica Medica 
31:823–43. 

Whitby, M. and C.J. Martin. 2005. A study of the distribu-
tion of dose across the hands of interventional radiolo-
gists and  cardiologists. The British Journal of Radiology 
78(2005):219–229.

Wintermark, M., P. Maeder, F.R. Verdun, J.P. Thiran, J.F. Valley, P. 
Schnyder, and R. Meuli. 2000. Using 80 kVp versus 120 kVp 
in perfusion CT measurement of regional cerebral blood flow. 
AJNR American Journal of Neuroradiology 21:1881–4.

Yu, L., S. Leng, L. Chen, J.M. Kofler, R.E. Carter, and C.H. 
McCollough. 2013. Prediction of human observer perfor-
mance in a 2-alternative forced choice low-contrast detection 
task using channelized Hotelling observer: Impact of radia-
tion dose and reconstruction algorithms. Medical Physics 
40:041908.

Zarb, F., M.F. McEntee, and L. Rainford. 2015. Visual grading 
characteristics and ordinal regression analysis during opti-
misation of CT head examinations. Insights in Imaging 
6:393–401.

Zhang, Y., S. Leng, L. Yu, R.E. Carter, and C.H. McCollough. 
2014. Correlation between human and model observer perfor-
mance for discrimination task in CT. Physics in Medicine and 
Biology 59:3389–404.

http://www.irpabuenosaires2015.org/Archivos/archivos/Disertaciones%20Especiales/Taller%20UNSCEAR/TU%201-SHANNOUN%20.pdf
http://www.irpabuenosaires2015.org/Archivos/archivos/Disertaciones%20Especiales/Taller%20UNSCEAR/TU%201-SHANNOUN%20.pdf
http://www.irpabuenosaires2015.org/Archivos/archivos/Disertaciones%20Especiales/Taller%20UNSCEAR/TU%201-SHANNOUN%20.pdf
http://www.diva-portal.org/smash/get/diva2:18076/FULLTEXT01.pdf
http://www.diva-portal.org/smash/get/diva2:18076/FULLTEXT01.pdf


1329

67
Educational Aspects in Radiography, Physics, and Technology

Stelios Christofides

67.1 Introduction

Diagnostic and interventional radiology professionals (radiolo-
gists, radiographers, medical physicists, engineers, etc.) need to 
be up to date with the required knowledge, skills, and compe-
tences (KSC) to ensure the safety and health of patients under-
going a diagnostic or an interventional radiology procedure. To 
practice their profession, in most countries they need to meet 
these as a legal requirement.

It is therefore important for these professionals to engage in 
a continuing professional development (CPD) program in order 
to maintain their license to practice their profession. Students 
pursuing these professions need to be aware of education and 
training material sources to enhance their KSCs. Additionally, 
teachers and lecturers need to have access to education and train-
ing material on the latest technology, techniques, diagnostic, and 
interventional radiology procedures.

This chapter deals with resources on educational aspects 
related to teaching and learning radiological physics and technol-
ogy, including classical and electronic learning platforms.

67.2 Legal Obligations

The use of ionizing radiation sources is regulated at the national 
level, and professionals using such sources need to be licensed 
to do so. The national regulations are based on the International 
Basic Safety Standards (IAEA 2014) and, for the European 
Union Member States, are also based on the European Basic 
Safety Standards (EC 2013).

Both of these recommendations imply that professionals using 
ionizing radiation sources must be engaged in CPD programs in 

order to maintain their license to practice. These requirements 
are transposed in all the relevant national legislation.

In most cases, the national legislation includes specific 
requirements in relation to the education, training, and CPD for 
the healthcare professionals. It is therefore recommended that all 
healthcare professionals study their relevant national legislation 
in order to identify their legal obligations and make sure that they 
conform to them.

67.3 Continuing Professional Development (CPD)

Throughout one’s working life, it is essential to acquire new 
knowledge, skills, and competence to cope with the rate of 
change of healthcare technology, techniques, and procedures. 
When this is done in a planned manner, it is termed continuing 
professional development, or CPD.

As one’s professional career progresses and the responsibili-
ties increase, it is necessary to adapt the KSCs to cope with the 
new demands, and hence the need for CPD will increase rather 
than decrease. Therefore, all professionals, after completing 
their basic education and training, should be involved in CPD.

CPD can be viewed as vital for the individual professional, 
their employer, and the profession; it enables maintenance of 
competence and provides protection from competitor threads 
and challenges as well as any possible legal action against 
them. Essentially, the professional benefits in terms of motiva-
tion and job satisfaction, and increases their possibilities for 
promotion. The profession increases its reputation and pres-
tige, while the employer appreciates staff with high self-confi-
dence and an encouraging approach in the introduction of new 
services. The patient, and therefore the public, benefits from 
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high-quality medical procedures and the introduction of new 
ones to routine practice that are scientifically and technically 
supported.

CPD covers all the activities that increase KCSs and the per-
sonal talents that are necessary to deliver services. Such activi-
ties include:

• Participation and/or contribution to scientific meetings, 
conferences, and so on, as well as seminars, training 
courses, and workshops.

• Research, publication, and self-study (e.g., reading 
publications such as scientific journals, standards, text 
books, and legislation and contributing to them).

• Improvement of services and providing education and 
training to related professionals (e.g., creating or adapt-
ing protocols and procedures, introducing new ser-
vices, presenting lectures, etc.).

Each individual professional should plan in advance, for each 
calendar year, their professional development plan for the com-
ing year, using as a guide the personal CPD cycle presented in 
graphical form in Figure 67.1 (EFOMP 2015).

The personal CPD cycle consists of eight steps:

 1. Reflect on your role, subject specialism, and priorities: 
Conduct a critical self-evaluation in order to identify 
weaknesses, gaps in competence in your present role, 
and gaps in KSCs required for priorities to be met in 
the coming year. Future career ambitions should also 
be reflected upon.

 2. Analyze your professional goals and needs using your 
reflections, reviews, and appraisals: Using your reflec-
tions, yearly reviews, and appraisals, analyze your 
present situation with respect to your professional 
goals, needs, and ambitions and identify gaps in KSC 
that need to be bridged.

 3. Using this analysis, create a professional development 
plan for the coming year: Create a realistic profes-
sional development plan for the coming year, taking 
into account the required resources to realize it. 

 4. Carry out your planned activities, log outcomes, and 
reflect on progress: Identify and attend courses, semi-
nars, conferences that can provide the required knowl-
edge, and if necessary, plan and realize self-learning. 
Plan and visit other departments to acquire the needed 
skills and competence. It is very important to log the 
outcomes and reflect on progress after each event is 
completed.

 5. Create a professional development record from the evi-
dence in your log: List the events you have attended and 
your self-learning activities indicating, where appropri-
ate, the CPD point you were awarded and the KSCs 
achieved.

 6. Reflect on the impact of what you have achieved in 
your professional development record: Conclude your 
professional development record with a reflection on 
the impact of what you have achieved.

 7. Submit personal development record to national CPD 
scheme for evaluation and recording: The final profes-
sional development record should be submitted to the 

8
Obtain feedback from

national
CPD scheme

Personal
CPD
cycle

1
Reflect on your role,

subject specialism and
priorities 2
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FIGURE 67.1 The eight steps of the personal continuing professional development (CPD) cycle. (Adapted from EFOMP 2015. The European Federation 
of Organisations for Medical Physics Policy Statement No. 10.1: Recommended Guidelines on National Schemes for Continuing Professional Development 
of Medical Physicists.)
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national CPD scheme for evaluation and recording in 
the individual professional’s CPD record.

 8. Obtain feedback from national CPD scheme: The feed-
back received from the national CPD scheme should be 
considered as an input to step one for the next year’s cycle.

The integrity and prestige of a profession is raised by formal 
standardized CPD schemes. Also, the individual professional 
benefits from CPD by increasing their competence and competi-
tiveness and by stimulating their job satisfaction and increasing 
their career expectations.

67.4 Education and Training Resources

67.4.1 Introduction

There is a vast amount of education and training resources avail-
able, aside from university studies, that a professional can iden-
tify and use to meet his/her CPD needs. Today’s trend is to use 
self-learning resources in one’s own time and pace, although it 
should be emphasized that face-to-face events still have their 
value in offering personal interaction with peers and the oppor-
tunity to develop networks of collaboration in areas of common 
interest.

The main categories of these are discussed in some detail in 
this sub-section.

67.4.2 Conferences

Conferences offer the opportunity to compare views or take 
advice about a topic of interest.

They are usually very large events over several days and cover 
a lot of topics under one or more professional activities that are 
centered on a specific theme. In order to cover all the topics, large 
conferences run a number of parallel tracks such that a partici-
pant cannot possibly follow all of them. It is therefore important 
to plan well in advance which sessions of which tracks of interest 
would be possible to attend so that the maximum benefit will be 
gained.

Large conferences usually include a technical exhibition that 
can offer the conference participants the chance to find out about 
new and upcoming technologies. Participants also have the 
chance to interact with the personnel of the technology manufac-
turers and solve queries they may have with their own equipment.

It is advisable that all professionals attend such a conference 
at least once per year so that they can keep abreast of new and 
upcoming technologies.

67.4.3 Educational Events

Educational events include short courses, seminars, and work-
shops that are usually concentrated on a specific topic. The edu-
cational events that are followed by an examination are of extra 
value. This can serve mainly as an evaluation of the knowledge 
gained from the event, although in some cases, depending on 
the structure of the event, testing of skills and competences are 
included. It is pointed out that an examination can be more than a 
written examination. It could well include the practical testing of 

skills and competences as well as an oral examination to test the 
ability of the examinee to communicate verbally. It could also be 
a combination of all three methods of examination, which is of 
more value as it offers a complete evaluation of the KSCs gained 
by the examinee.

Educational events for professionals are usually organized by 
the relevant professional societies and are advertised on their 
websites.

67.4.4 Electronic Learning (e-Learning)

It should be recognized that many of today’s students are differ-
ent from students of the past. They are information technology 
confident, digitally smart, and accustomed to accessing informa-
tion from the Internet when and where they need it. They prefer 
an interactive learning environment to the classical lecture the-
atre learning. The same applies to today’s healthcare profession-
als seeking learning material to fill the gaps of their KSCs.

The majority of the international, regional, and even national 
professional organizations have already developed, are devel-
oping, or planning to develop e-learning platforms for their 
members.

The reader is advised to search the websites for the relevant 
international, regional, and national professional organizations 
to identify their efforts in providing e-learning platforms for 
their members. Here, two examples will be used as references:

 1. The Radiology Integrated Training Initiative (R-ITI)

 2. The European Training and Education for Medical 
Physics Experts in Radiology (EUTEMPE-RX)

67.4.4.1  The Radiology Integrated Training 
Initiative (R-ITI)

The Royal College of Radiologists of the United Kingdom, with 
support from the National Health Service (NHS) of the United 
Kingdom, have developed the Radiology Integrated Training 
Initiative (R-ITI). This educational initiative covers most aspects 
of radiology, including physics and general science, through the 
availability of a very large archive of validated patient studies, 
along with around 1000 e-learning sessions that are self-learn-
ing, divided in eight main modules. A module is dedicated to 
physics concepts with 90 sessions. Another module is dedicated 
to basic science with 10 sessions. Both of these modules include 
their clinical relevance. Each session requires 20–40 minutes 
and follows a standard format of (a) delivery of information, 
(b) demonstration of concepts, (c) a self-assessment test, and (d) 
links to additional educational resources.

To aid navigation, the Curriculum Guide provides, with color 
coding of the main module groups, an overview of the entire 
database. It can be downloaded from: http://www.e-lfh.org.uk/
programmes/radiology/r-iti-downloads/.

There is also a Tutorial Template, which is available for 
download, that helps trainers to integrate planned presenta-
tions, seminars, and workshops with appropriate sessions from 
the e-Learning database. Once the template is completed, it 
can be distributed to all the involved trainers, well in advance 
of the training event, to assist them to prepare themselves 
accordingly.

http://www.e-lfh.org.uk/programmes/radiology/r-iti-downloads/
http://www.e-lfh.org.uk/programmes/radiology/r-iti-downloads/
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67.4.4.2  The European Training and Education 
for Medical Physics Experts in 
Radiology (EUTEMPE-RX)

The EUTEMPE-RX project was a three-year, European 
Commission funded project that started in August 2013 (http://
www.eutempe-rx.eu/). Its objective was to develop a course 
consisting of a number of modules (short courses) to cover the 
KSCs for Medical Physics Experts, as detailed in the European 
Commission’s Radiation Protection Report 174 (RP 174) (EC 
2014a) in the area of Diagnostic and Interventional Radiology.

Twelve course modules have been developed, each covering 
a series of KSCs as listed in RP 174. They have been designed 
using a blended learning scheme that combines online with face-
to-face learning. Each module ends with an assessment of the 
achieved KSCs. A quality control system ensures the quality of 
each course module content, design, and organization.

Important preparatory parts and new theoretical material are 
provided to the participants during the e-learning phase of each 
course module. The educational part of the course modules, which 
is quality monitored through the e-learning platform, offers a 
group experience to the participants through their active contri-
bution in the learning process. This allows for a shorter face-to-
face phase that concentrates more on the practical acquisition of 
skills and competence through interactions between the faculty 
and the participants. The participants of each course module are 
expected to devote some 40 hours of active learning during the 
e-learning phase spanning over several weeks and another four 
to six days during the face-to-face phase of each course module.

The EUTEMPE-RX is currently operational under the 
umbrella of EUTEMPE-Net. For more information visit  www.
eutempe-net.eu.

67.4.5 Self-Directed Learning

Self-Directed Learning (SDL), as defined by Malcolm Knowles, is:

In its broadest meaning, self-directed learning describes 
a process in which individuals take the initiative, with 
or without the help of others, in diagnosing their learn-
ing needs, formulating learning goals, identifying 
human and material resources for learning, choosing 
and implementing appropriate learning strategies, and 
evaluating learning outcomes. (Knowles, 1975, p. 18)

The important aspect of this definition of SDL is that the learner 
takes firstly the initiative to follow a learning experience and 
secondly the responsibility for its completion. Once the learner 
takes the initiative, he/she takes full responsibility for defining 
the learning experience and following it through to its comple-
tion. Input from others is not excluded, as the learner has the final 
decision. Also, self-direction does not mean the learner learns 
alone or in isolation. This may be the case for any given learning 
task, but the main factor is that the learner is running the learning 
experience, starting from acknowledging the need to learn.

Resources for SDL include all the resources mentioned in the 
previous sub-sections as well as many others, such as:

 1. Training after the installation of new equipment

 2. Equipment manuals

 3. Manufacturers websites

 4. Quality control tools and accessory manufacturer’s 
websites

 5. National, regional and international organization’s 
websites

 6. Books and journals

 1. Training after the installation of new equipment: It 
is a usual practice that, after the installation of new 
equipment and before this is put to clinical use, short 
training of all the professionals involved is undertaken 
by the equipment providers. This is usually one to 
two days long and offers the basic training required 
for the professionals involved to start using the newly 
acquired equipment.

  It is assumed that this training, together with the 
previous experience of the professionals involved, is 
enough to optimally run the equipment. This is not 
always achievable, as there is not always enough time 
for the trainees to digest all the information and solve 
all their queries. This leads to under and non-optimal 
usage of the equipment. It is advisable that the train-
ing on new equipment takes place over several periods 
after the installation of the equipment. The periods, 
duration, type, and level of these training activities, to 
be effective and provided at a reasonable cost, must be 
specified in the tender documentation and agreed with 
the equipment provided before the signing of the final 
purchase agreement. An example of a request for such 
training activities could be in the following form:

  The contractor will provide training at the installa-
tion site to the Engineers, Radiographers and Medical 
Physicists for all stages of maintenance (preventive and 
corrective), operation, and fault diagnosis. The training 
will be done within the normal working hours of public 
service.

  All costs, other than the costs of travelling, living, 
and salary of trainees, will be borne by the Contractor, 
for example, instructor costs, educational materials, 
samples, and equipment, manuals, etc. The numbers of 
trainees will be:

 a. Engineers: two persons per modality. The duration 
of the training will not be less than seven hours. 

 b. Radiographers: four persons per modality. The dura-
tion of the training will not be less than 21 hours.

 c. Medical Physicists: two persons per modality. 
The duration of the training will not be less than 
14 hours.

  In the middle and at the end of the training the con-
tractor will submit a report to the employer for the qual-
ity and level of trainees as well as for their response 
to the education and training, and a certificate will be 
issued to each trainee individually.

  Enhanced training for a total duration of five (5) work-
ing days will be carried out after six (6) months from the 
functioning of the systems. This training will be sched-
uled in consultation and cooperation with the employer.

http://www.eutempe-rx.eu/
http://www.eutempe-rx.eu/
www.eutempe-net.eu
www.eutempe-net.eu
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  In the above example, the aim of the enhanced 
training, six months after installation, is to give all 
the involved professionals the opportunity to solve all 
the queries that have accumulated during their initial 
experience in using the equipment and also to acquire 
additional training to advance the utilization of the 
capabilities of the equipment.

 2. Equipment manuals: All newly purchased equipment 
is accompanied by at least one set of user’s, operation, 
and technical manuals. These can be in hard copy form 
or in electronic form. If requested in the tendering 
documents, these can also be provided in the language 
of the professionals using the equipment. They offer 
information for all the professionals involved on the 
optimal use of the equipment as well as advice on the 
correct preventive maintenance and routine testing of 
the equipment.

  Experience says that these manuals are hardly used. 
Usually, one refers to them when a problem arises. This 
is a bad practice. It is advisable that all profession-
als involved study these manuals during the first few 
months that the equipment is put to clinical use and use 
them continuously thereafter as reference documents in 
their efforts to optimize the use of the equipment, tak-
ing advantage of all the equipment’s capabilities.

 3. Manufacturer websites: Manufacturer websites offer a 
vast amount of additional information on all their prod-
ucts, as well as education and training activities. These 
may include white papers on a particular technology, 
webinars on the practical use of specific products, 
manual updates, hazard notices as well as announce-
ments for technical seminars and courses. Some manu-
facturers may provide a section for frequently asked 
questions and the possibility of answering individual 
queries. Some of them may also provide discussion 
forums through their websites. It is therefore advis-
able that all professionals make a habit of visiting their 
equipment manufacturer’s websites regularly in order 
to identify events and material that may be of interest 
to them in advancing their KSCs on the usage of their 
specific technologies.

 4. Quality control tools and accessory manufacturer 
websites: In a similar manner to the equipment manu-
facturers, the manufacturers of the quality control tools 
and accessories used with the equipment provide simi-
lar educational and training material on their websites.

  It is therefore advisable that all professionals make 
a habit of visiting their quality control tools and acces-
sory manufacturer websites regularly in order to iden-
tify events and material that may be of interest to them 
in advancing their KSCs on the usage of their specific 
technologies.

 5. National, regional, and international organization 
websites: Organizations relevant to professional activi-
ties are divided into governmental and non-governmen-
tal and exist at the national, regional, and international 
level. Governmental organizations are responsible for 

the legalities of a subject, while non-governmental 
organizations usually deal with specific professions. 
All of these organizations produce, and have available 
on their websites, material that can be used by profes-
sionals for their education and training.

  On the national level, for example, the American 
Association of Physicists in Medicine (AAPM), a 
non-governmental organization, has a vast repository 
of information and didactic material, created through 
many years of dedicated voluntary efforts by its mem-
bers. Most of this material is collected in the AAPM 
Virtual Library (Pipman and Bloch 2015) which is 
accessible through its website at http://www.aapm.org/.

  An example of a regional non-governmental orga-
nization is the European Federation of Organisations 
for Medical Physics (EFOMP), which provides courses, 
policy statements, and guidelines for medical physicists 
(http://www.efomp.org/). Internationally, for medical 
physicists, there is the International Organisation of 
Medical Physics (IOMP) that provides guidance for 
medical physicists at the international level (http://
www.iomp.org).

  Similarly there are national, regional, and interna-
tional non-governmental organizations for all the other 
professions.

  With respect to the governmental organizations, 
relevant to diagnostic radiography physics and technol-
ogy and, more precisely, for radiation protection, are 
the websites of all the national competent authorities 
at the national level, for example the Health Protection 
Agency (HPA) of the United Kingdom, which is an inte-
gral part of Public Health England (https://www.gov.
uk/government/organisations/public-health-england).

  On the regional level, an example is the European 
Commission websites that provide studies and reports 
on a vast number of issues. A more specific and rel-
evant example is the Radiation Protection website 
that provides a large number of freely downloadable 
reports (http://ec.europa.eu/energy/en/topics/nuclear-
energy/radiation-protection). An example of such a 
report would be the Radiation Protection Report No. 
175 “Guidelines on Radiation Protection Education 
and Training of Medical Professionals in the European 
Union” (EC 2014b).

  The most relevant international governmental orga-
nization for radiography physics and technology would 
be the International Atomic Energy Agency (IAEA). 
Two of its divisions, the Human Health (http://nucleus.
iaea.org/HHW/Home/index.html) and the Radiation 
Protection (https://rpop.iaea.org/RPOP/RPoP/Content/
index.htm) divisions, produce a vast number of reports, 
books, guidelines, and standards that are freely down-
loadable. They also organize conferences, workshops, 
seminars, and other educational and training events. Of 
special interest is the IAEA Cyber Learning Platform 
for Nuclear Education and Training (CLP4NET) at 
http://clp4net-nkm.iaea.org/index.html. This is an 
online platform that allows the easy identification of 

http://www.aapm.org/
http://www.efomp.org/
http://www.iomp.org
http://www.iomp.org
https://www.gov.uk/government/organisations/public-health-england
https://www.gov.uk/government/organisations/public-health-england
http://ec.europa.eu/energy/en/topics/nuclear-energy/radiation-protection
http://ec.europa.eu/energy/en/topics/nuclear-energy/radiation-protection
http://nucleus.iaea.org/HHW/Home/index.html
http://nucleus.iaea.org/HHW/Home/index.html
https://rpop.iaea.org/RPOP/RPoP/Content/index.htm
https://rpop.iaea.org/RPOP/RPoP/Content/index.htm
http://clp4net-nkm.iaea.org/index.html
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educational resources; it includes a learning environ-
ment that supports courses led by instructors and can 
distribute e-learning resources to a broader audience.

  Under the governmental organizations, it is impor-
tant to mention the national, regional, and international 
standardization bodies that produce standards that are 
essential to the provision of professional services.

  As specified by the British Standards Institute 
(BSI), a standard is a “document, established by con-
sensus and approved by a recognized body that pro-
vides, for common and repeated use, rules, guidelines 
or characteristics for activities or their results, aimed 
at the achievement of the optimum degree of order in 
a given context. Standards should be based on the con-
solidated results of science, technology and experience, 
and aimed at the promotion of optimum community 
benefits” (BSI 2011).

  According to BSI (BSI 2011), there are six main 
types of standards:

Specification: It gives a coherent set of absolute 
requirements, each objectively verifiable. The result is 
a non-negotiable set of criteria for products, services 
or systems. It is particularly suited to giving the per-
formance criteria demanded of a product, or the fun-
damental elements of a service or management system.

Code of practice: It contains recommendations and 
guidance, where the recommendations relevant to a 
given user have to be met in order to support a claim 
of compliance. Users may also justify substitution of 
any of the recommendations in a code of practice with 
practices of equivalent or better outcome. Depending 
on the context and field of application, a code of prac-
tice usually reflects current good practice as employed 
by competent and conscientious professionals.

Guide: which primarily contains information and 
guidance. It may also include recommendations where 
appropriate but these are generally of a nature that 
would not support reliable claims of compliance.

Method: A document specifying detailed instruc-
tions for carrying out one or more procedures for mea-
surement, testing, sampling, evaluating or specifying 
performance. Note that a method only gives the pro-
cedure. It does not specify performance requirements 
or the outcome.

Vocabulary: A compendium of terms and defini-
tions, which helps to harmonise the use of language 
within a given sector, field or discipline.

Classification: An ordering of items or grading sys-
tem for use across a given sector, field or discipline.

Each nation has its own national standardization body that 
adopts regional or international standards or creates its own 
national standards. Professionals should be aware of the national 
standards that cover their own profession. Usually, national stan-
dards are provided in the national language and are therefore 
more easily implemented.

Perhaps the most important regional standardization bodies 
are those of the European Union, for which more information 

on the functioning and type of standards produced can be found 
from their respective websites. The most relevant of these for 
diagnostic radiography professionals are:

• CEN—Comité Européen de Normalisation (https://
www.cen.eu/Pages/default.aspx)

• CENELEC—Comité Européen de Normalisation 
Électrotechnique (http://www.cenelec.eu/)

   Respectively, the most relevant international stan-
dardization organizations are:

• IEC—International Electrotechnical Commission 
(http://www.iec.ch/)

• ISO—International Organization for Standardiza-
tion (http://www.iso.org/iso/home.html)

 6. Books and journals: A book contains the experience, 
knowledge, understanding, and skills that can be used 
to perform a task or solve a problem. A relevant book, 
or a set of books, on a profession can serve as reference 
material and as a refreshing tool to a professional at 
times that one needs to remember standard knowledge 
or refresh one’s mind of a standard procedure. Books 
contain the past and, on some occasions, the current 
knowledge about a profession. As such, it must always 
be remembered that some aspects of a book may no 
longer be valid or be outdated (writing, editing, print-
ing, and publishing delays) with the rapid advance of 
today’s science and technology.

  Scientific peer reviewed journals contain original 
articles that have been written by scientists/profession-
als and evaluated for technical and scientific quality 
and correctness by other experts in the same field and, 
as such, offer a professional the latest scientific news 
in a particular field. Reading such journals keeps the 
professional up to date with his/her profession.

  Since the late nineties, books and journals have also 
been made available in electronic (soft) form or exclu-
sively electronically, called e-books and e-journals, 
respectively. These are easier to review and update and 
cheaper to produce and maintain. They are also easier 
to store as they do not require a physical library to store 
them. They can be carried and accompany profession-
als everywhere and anywhere as long as they have with 
them their personal computer, smart phone, or tablet. 
In some cases, e-books and e-journals are accessible 
free of charge.
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68
Tables of X-rays Mass Attenuation Coefficients of K and L—Energy, of 
K, L, and M Fluorescence Yield of Kα/Kβ, Lα/Lβ, and Lα/Lγ Ratios

Roberto Cesareo

(For definitions of terms, see Section I, Chapter 1, and also Section IV, Chapter 54)

TABLE 68.1

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Hydrogen: Z = 1

5 0.08 0.31 0.29 0.42

6 0.06 0.33 0.016 0.4

8 0.037 0.35 0.006 0.39

10 0.025 0.36 0.0027 0.38

15 0.012 0.36 0.00025 0.37

20 0.007 0.36 0.00025 0.37

30 0.003 0.35 – 0.36

40 0.002 0.34 – 0.34

50 0.001 0.33 – 0.33

60 0.0008 0.325 – 0.325

80 0.0004 0.31 – 0.31

100 0.0003 0.29 – 0.29

150 0.0001 0.265 – 0.265

cm2/g = 1.67 barns/atom; A = 1.008; density ρ = 0.00009 g/cm3.

Helium: Z = 2

5 0.16 0.11 0.3 0.57

6 0.13 0.13 0.16 0.4

8 0.08 0.15 0.06 0.3

10 0.06 0.16 0.03 0.25

15 0.03 0.17 0.007 0.2

20 0.018 0.18 0.003 0.2

30 0.008 0.175 0.0007 0.185

40 0.005 0.17 0.0003 0.175

50 0.003 0.165 0.0001 0.17

60 0.002 0.16 – 0.16

80 0.001 0.155 – 0.155

100 0.0008 0.15 – 0.15

150 0.00035 0.13 – 0.13

cm2/g = 6.7 barns/atom; A = 4; density ρ = 0.00018 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Beryllium: Z = 4

5 0.19 0.1 4.1 4.4

6 0.165 0.1 2.3 2.6

8 0.125 0.12 0.9 1.1

10 0.1 0.13 0.4 0.65

15 0.06 0.14 0.11 0.3

20 0.035 0.15 0.04 0.22

30 0.02 0.15 0.01 0.18

40 0.01 0.15 0.004 0.16

50 0.007 0.145 0.002 0.15

60 0.005 0.14 0.001 0.145

80 0.003 0.135 0.0004 0.14

100 0.002 0.13 0.0002 0.13

150 0.0005 0.12 – 0.12

cm2/g = 15 barns/atom; A = 9; density ρ = 1.85 g/cm3.

Boron: Z = 5

5 0.25 0.1 9.3 9.6

6 0.21 0.11 5.2 5.5

8 0.16 0.12 2.1 2.4

10 0.12 0.13 1 1.2

15 0.07 0.14 0.26 0.45

20 0.05 0.15 0.1 0.3

30 0.025 0.155 0.03 0.2

40 0.015 0.155 0.01 0.18

50 0.01 0.15 0.005 0.165

60 0.007 0.15 0.0025 0.16

80 0.004 0.14 0.001 0.145

100 0.003 0.135 0.0005 0.14

150 0.001 0.12 0.0001 0.12

cm2/g = 18 barns/atom; A = 10.8; density ρ = 2.83 g/cm3.

Carbon: Z = 6

5 0.36 0.1 18.5 19

6 0.3 0.1 10.5 11

8 0.2 0.12 4.3 4.6

10 0.16 0.14 2.1 2.4

15 0.1 0.15 0.55 0.75

20 0.06 0.16 0.22 0.45

30 0.035 0.165 0.06 0.25

40 0.02 0.165 0.02 0.2

50 0.014 0.16 0.01 0.18

60 0.01 0.16 0.006 0.175

80 0.006 0.15 0.002 0.16

100 0.004 0.15 0.001 0.155

150 0.002 0.135 0.0003 0.135

cm2/g = 20 barns/atom; A = 12; density ρ = 2.25 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Nitrogen: Z = 7

5 0.5 0.1 31 31.5

6 0.4 0.11 17.5 18

8 0.27 0.12 7.2 7.6

10 0.2 0.13 3.5 3.9

15 0.12 0.15 1 1.3

20 0.08 0.16 0.38 0.6

30 0.04 0.16 0.1 0.3

40 0.03 0.165 0.04 0.23

50 0.017 0.16 0.02 0.2

60 0.012 0.16 0.01 0.18

80 0.007 0.15 0.004 0.16

100 0.005 0.145 0.002 0.15

150 0.002 0.135 0.0005 0.14

cm2/g = 23.3 barns/atom; A = 14; density ρ = 0.00125 g/cm3.

Oxygen: Z = 8

5 0.6 0.09 47 48

6 0.5 0.1 27 28

8 0.35 0.12 11.2 12

10 0.25 0.13 5.6 6

15 0.15 0.15 1.5 1.8

20 0.1 0.155 0.61 0.87

30 0.05 0.16 0.165 0.38

40 0.03 0.16 0.06 0.25

50 0.02 0.16 0.03 0.21

60 0.016 0.16 0.015 0.19

80 0.009 0.15 0.006 0.165

100 0.006 0.145 0.003 0.155

150 0.003 0.135 0.0008 0.14

cm2/g = 26.6 barns/atom; A = 16; density ρ = 0.00143 g/cm3.

Fluorine: Z = 9

5 0.74 0.07 64 65

6 0.6 0.09 37 37.5

8 0.4 0.1 15.5 16

10 0.3 0.1 7.8 8

15 0.17 0.14 2.2 2.5

20 0.11 0.14 0.88 1.1

30 0.06 0.15 0.24 0.45

40 0.04 0.15 0.09 0.3

50 0.025 0.15 0.045 0.22

60 0.018 0.15 0.025 0.19

80 0.01 0.145 0.01 0.165

100 0.007 0.14 0.005 0.15

150 0.003 0.125 0.001 0.13

cm2/g = 31.7 barns/atom; A = 19; density ρ = 0.0017 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Sodium: Z = 11

5 1 0.07 118 119

6 0.8 0.08 69 70

8 0.6 0.1 29.5 30

10 0.45 0.1 15 15.5

15 0.25 0.13 4.3 4.7

20 0.16 0.14 1.8 2.1

30 0.09 0.15 0.49 0.7

40 0.05 0.15 0.19 0.4

50 0.04 0.15 0.09 0.28

60 0.03 0.15 0.05 0.23

80 0.015 0.145 0.02 0.175

100 0.01 0.14 0.01 0.16

150 0.005 0.125 0.003 0.13

cm2/g = 38.3 barns/atom; A = 23; density ρ = 0. 97 g/cm3.

Magnesium: Z = 12

5 1.1 0.07 157 158

6 0.9 0.08 93 94

8 0.7 0.1 40 41

10 0.5 0.1 20.5 21

15 0.3 0.13 5.9 6.5

20 0.19 0.14 2.4 2.75

30 0.1 0.15 0.7 0.95

40 0.06 0.15 0.27 0.5

50 0.04 0.15 0.13 0.32

60 0.03 0.15 0.07 0.25

80 0.018 0.15 0.03 0.2

100 0.012 0.14 0.014 0.17

150 0.005 0.13 0.004 0.14

cm2/g = 40.5 barns/atom; A = 24.3; density ρ = 1.74 g/cm3.

Aluminum: Z = 13

5 1.1 0.07 192 193

6 1 0.08 114 115

8 0.7 0.09 49.5 50

10 0.55 0.11 25.6 26

15 0.3 0.13 7.5 8

20 0.2 0.14 3.1 3.5

30 0.11 0.145 0.87 1.1

40 0.07 0.15 0.35 0.55

50 0.05 0.15 0.17 0.37

60 0.035 0.15 0.1 0.28

80 0.02 0.145 0.04 0.2

100 0.013 0.14 0.018 0.17

150 0.006 0.13 0.005 0.14

cm2/g = 44.8 barns/atom; A = 27; density ρ = 2.7 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Silicon: Z = 14

5 1.21 0.07 244 245
6 1.05 0.08 146 147
8 0.8 0.09 64 65
10 0.62 0.11 33 34
15 0.36 0.13 9.85 10.4
20 0.23 0.14 4.1 4.5
30 0.125 0.15 1.15 1.45
40 0.08 0.15 0.47 0.7
50 0.055 0.155 0.23 0.44
60 0.04 0.155 0.13 0.32
80 0.023 0.148 0.05 0.22
100 0.015 0.145 0.025 0.185
150 0.007 0.13 0.007 0.145

cm2/g = 46.6 barns/atom; A = 28.1; density ρ = 2.42 g/cm3.

Phosphorus: Z = 15

5 1.25 0.07 285 286
6 1.1 0.08 171 172
8 0.8 0.09 76 77
10 0.65 0.1 40 41
15 0.4 0.1 12 12.5
20 0.25 0.14 5 5.4
30 0.135 0.145 1.4 1.7
40 0.085 0.15 0.58 0.8
50 0.06 0.15 0.28 0.5
60 0.04 0.15 0.16 0.35
80 0.25 0.145 0.06 0.23
100 0.017 0.14 0.03 0.19
150 0.008 0.13 0.008 0.14

cm2/g = 51.7 barns/atom; A = 31; density ρ = 1.8–2.7 g/cm3.

Sulfur: Z = 16

2 2.43 0.03 383 385
2.45 2.2 0.037 220 222
2.5 2.17 0.038 2020 2022
3 1.95 0.045 1340 1342
5 1.35 0.07 347 348
6 1.2 0.08 210 211
8 0.9 0.095 93.5 94.5
10 0.72 0.105 49.3 50
15 0.45 0.125 14.9 15.5
20 0.3 0.14 6.3 6.7
30 0.15 0.148 1.8 2.1
40 0.095 0.15 0.74 1
50 0.065 0.15 0.37 0.6
60 0.05 0.15 0.205 0.4
80 0.03 0.147 0.083 0.26
100 0.02 0.143 0.04 0.2
150 0.009 0.13 0.011 0.15

cm2/g = 53.3 barns/atom; A = 53.2; density ρ = 2 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Chlorine: Z = 17

2 2.5 0.03 444 447
2.8 2.1 0.03 179 181
2.85 2.1 0.04 1610 1612
5 1.4 0.07 389 390
6 1.2 0.08 237 238
8 0.9 0.09 106 107
10 0.75 0.1 56.5 57.5
15 0.45 0.12 17.3 18
20 0.3 0.13 7.3 7.7
30 0.16 0.14 2.1 2.4
40 0.1 0.145 0.87 1.1
50 0.07 0.145 0.44 0.65
60 0.05 0.145 0.24 0.44
80 0.03 0.14 0.1 0.27
100 0.02 0.14 0.05 0.2
150 0.01 0.125 0.013 0.15

cm2/g = 59.6 barns/atom; A = 35.5; density ρ = 0.0032 g/cm3.

Argon: Z = 18

5 1.4 0.06 421 423
6 1.2 0.07 258 259
8 0.9 0.08 117 118
10 0.7 0.09 62 63
15 0.45 0.11 19.3 20
20 0.3 0.12 8.2 8.6
30 0.16 0.13 2.4 2.7
40 0.1 0.135 1 1.25
50 0.07 0.135 0.5 0.7
60 0.05 0.135 0.28 0.46
80 0.03 0.13 0.11 0.27
100 0.02 0.13 0.055 0.2
150 0.01 0.12 0.015 0.14

cm2/g = 66.7 barns/atom; A = 40; density ρ = 0.0018 g/cm3.

Potassium: Z = 19

5 1.6 0.07 517 519
6 1.4 0.075 319 520
8 1 0.09 148 149
10 0.8 0.1 78 79
15 0.5 0.1 24 24.5
20 0.35 0.13 10.5 11
30 0.2 0.14 3.1 3.5
40 0.12 0.145 1.3 1.55
50 0.08 0.15 0.64 0.85
60 0.06 0.145 0.36 0.56
80 0.04 0.14 0.15 0.32
100 0.025 0.14 0.07 0.23
150 0.01 0.13 0.02 0.16

cm2/g = 65.2 barns/atom; A = 39.1; density ρ = 0.87 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Calcium: Z = 20

4 2 0.05 120 122

4.03 2 0.06 119 121

4.04 1.9 0.06 1023 1025

5 1.7 0.07 601 603

6 1.5 0.08 371 373

8 1.1 0.09 173 174

10 0.9 0.1 92.5 93.5

15 0.6 0.1 29 30

20 0.4 0.13 12.5 13

30 0.2 0.14 3.7 4

40 0.13 0.15 1.55 1.8

50 0.09 0.15 0.78 1

60 0.07 0.15 0.44 0.65

80 0.04 0.145 0.18 0.36

100 0.03 0.14 0.09 0.26

150 0.012 0.13 0.025 0.17

cm2/g = 66.5 barns/atom; A = 40.1 density ρ = 1.55 g/cm3.

Titanium: Z = 22

5 1.8 0.06 682 684

6 1.5 0.07 431 433

8 1.2 0.08 201 202

10 0.9 0.09 110 111

15 0.6 0.1 35 36

20 0.4 0.12 15.3 16

30 0.22 0.13 4.6 5

40 0.14 0.135 1.95 2.2

50 0.1 0.14 1 1.25

60 0.07 0.14 0.56 0.75

80 0.04 0.13 0.23 0.4

100 0.03 0.13 0.11 0.27

150 0.013 0.12 0.03 0.16

cm2/g = 79.8 barns/atom; A = 47.9; density ρ = 4.5 g/cm3.

Chromium: Z = 24

5 2.1 0.05 106 108

5.98 1.8 0.06 64 66

6 1.8 0.06 514 516

8 1.35 0.08 250 252

10 1 0.09 138 139

15 0.7 0.1 45 46

20 0.45 0.12 20 20.5

30 0.25 0.13 6 6.4

40 0.16 0.135 2.6 2.9

50 0.1 0.14 1.3 1.55

60 0.08 0.135 0.75 0.95

80 0.05 0.13 0.3 0.5

100 0.03 0.13 0.155 0.32

150 0.015 0.12 0.045 0.18

cm2/g = 86.6 barns/atom; A = 52; density ρ = 7.14 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Manganese: Z = 25

5 2.2 0.05 119 121
6 1.9 0.06 71.5 73.5
6.5 1.75 0.06 57 59
6.6 1.7 0.06 440 442
8 1.4 0.07 272 274
10 1.1 0.085 150 151
15 0.7 0.1 50 51
20 0.5 0.1 22 22.5
30 0.25 0.13 6.7 7
40 0.165 0.13 2.9 3.2
50 0.1 0.13 1.5 1.7
60 0.08 0.13 0.84 1.05
80 0.05 0.13 0.35 0.55
100 0.035 0.13 0.175 0.34

150 0.016 0.085 0.05 0.15

cm2/g = 91.5 barns/atom; A = 54.9; density ρ = 7.3 g/cm3.

Iron: Z = 26

5 2.4 0.05 137 140

6 2.1 0.06 83 85
7.1 1.75 0.07 52 54
7.2 1.7 0.07 394 396
8 1.5 0.07 304 306
10 1.2 0.085 169 171
15 0.75 0.1 56 57
20 0.5 0.1 25 26
30 0.3 0.13 7.8 8.2
40 0.18 0.13 3.3 3.6
50 0.12 0.14 1.7 2
60 0.09 0.14 0.98 1.2
80 0.06 0.13 0.41 0.6
100 0.04 0.13 0.2 0.37

150 0.02 0.12 0.059 0.2

cm2/g = 92.8 barns/atom; A = 55.8; density ρ = 7.86 g/cm3.

Cobalt: Z = 27

5 2.5 0.05 152 154.5

6 2.2 0.06 91.5 93.7
7.71 1.8 0.065 57 59
7.72 1.8 0.065 354 356
8 1.6 0.07 323 325
10 1.3 0.08 183 184.5
15 0.8 0.1 61 62
20 0.55 0.1 27.5 28
30 0.3 0.13 8.5 9
40 0.2 0.13 3.7 4
50 0.1 0.13 1.9 2.1
60 0.1 0.13 1.1 1.3
80 0.06 0.13 0.45 0.65
100 0.04 0.13 0.23 0.4
150 0.02 0.12 0.066 0.21

cm2/g = 98.2 barns/atom; A = 58.9; density ρ = 8.7 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Nickel: Z = 28

5 2.8 0.05 176 179

6 2.4 0.06 107 110

8 1.8 0.07 47.5 49.5

8.3 1.7 0.075 43 45

8.4 1.7 0.075 321 323

10 1.4 0.085 207 209

15 0.85 0.1 70 71

20 0.6 0.1 31.5 32

30 0.35 0.13 10 10.5

40 0.2 0.14 4.3 4.6

50 0.14 0.14 2.2 2.5

60 0.1 0.14 1.25 1.5

80 0.065 0.14 0.5 0.7

100 0.04 0.13 0.27 0.45

150 0.02 0.12 0.08 0.22

cm2/g = 97.8 barns/atom; A = 58.7; density ρ = 8.8 g/cm3.

Copper: Z = 29

5 2.9 0.04 187 190

6 2.5 0.05 113 115
8 1.9 0.07 50.5 52.5
8.9 1.7 0.07 37.5 39
9 1.65 0.07 275 277
10 1.45 0.08 214 215.5
15 0.9 0.1 73 74
20 0.6 0.1 33 34
30 0.35 0.12 10.5 11
40 0.2 0.13 4.5 5
50 0.15 0.13 2.3 2.5
60 0.1 0.13 1.35 1.6
80 0.07 0.13 0.57 0.76
100 0.04 0.13 0.29 0.45

150 0.02 0.12 0.08 0.22

cm2/g = 105.5 barns/atom; A = 63.5; density ρ = 8.9 g/cm3.

Zinc: Z = 30

5 3 0.04 209 212

6 2.6 0.05 126 126
8 2 0.065 56.5 59
9.6 1.6 0.075 34 35.5
9.7 1.6 0.075 249 251
10 1.5 0.08 231 233
15 0.9 0.1 80 81
20 0.65 0.1 36.5 37
30 0.35 0.12 11.5 12
40 0.23 0.13 5 5.5
50 0.16 0.13 2.6 2.9
60 0.1 0.13 1.5 1.75
80 0.07 0.13 0.65 0.85
100 0.05 0.13 0.33 0.5
150 0.02 0.12 0.09 0.23

cm2/g = 108.6 barns/atom; A = 65.4; density ρ = 6.9 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Germanium: Z = 32

5 3.1 0.04 244 247
6 2.7 0.05 148 151
8 2.1 0.06 67 69
10 1.65 0.07 36 38
11 1.5 0.075 27 29
11.2 1.4 0.075 192 194
15 1 0.09 90.5 91.5
20 0.7 0.1 41.5 42.5
30 0.4 0.12 13.5 14
40 0.25 0.12 5.8 6.2
50 0.17 0.125 3 3.3
60 0.12 0.125 1.8 2
80 0.075 0.125 0.75 0.95
100 0.05 0.11 0.38 0.55
150 0.025 0.11 0.11 0.25

cm2/g = 121 barns/atom; A = 72.6; density ρ = 5.5 g/cm3.

Arsenic: Z = 33

5 3.2 0.04 268 271
6 2.8 0.05 163 166
8 2.2 0.06 73.5 76
10 1.7 0.07 39.5 41
11.5 1.45 0.08 26.5 28
12 1.4 0.08 173 174.5
15 1 0.09 97.5 98.5
20 0.7 0.1 45 46
30 0.4 0.11 14.5 15
40 0.25 0.12 6.5 7
50 0.175 0.125 3.4 3.7
60 0.13 0.125 1.95 2.2
80 0.08 0.125 0.8 1
100 0.05 0.12 0.4 0.6
150 0.025 0.11 0.125 0.25

cm2/g = 124.8 barns/atom; A = 74.9; density ρ = 5.7 g/cm3.

Selenium: Z = 34

5 3.2 0.04 286 289
6 2.8 0.047 174 177
8 2.2 0.06 79 81
10 1.75 0.07 42.3 44
12.6 1.3 0.08 22 23.5
12.7 1.3 0.08 156 157
15 1.05 0.09 102 103
20 0.7 0.1 47.5 48.5
30 0.4 0.11 15.5 16
40 0.25 0.12 6.8 7.2
50 0.18 0.12 3.6 3.9
60 0.13 0.122 2.1 2.35
80 0.08 0.12 0.89 1.1
100 0.055 0.12 0.45 0.63
150 0.025 0.11 0.14 0.27

cm2/g = 131.7 barns/atom; A = 79; density ρ = 4.8 g/cm3.
(Continued)



1347Tables of X-rays Mass Attenuation Coefficients

TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Bromine: Z = 35

5 3.4 0.04 318 321.5
6 3 0.05 194 197
8 2.3 0.06 88 90
10 1.85 0.07 47 49
13.4 1.3 0.08 20.7 22
13.5 1.3 0.09 145 446
15 1.1 0.09 111 112
20 0.8 0.1 52 53
30 0.4 0.11 17 17.5
40 0.3 0.12 7.5 7.9
50 0.19 0.12 4 4.3
60 0.14 0.12 2.3 2.6
80 0.09 0.12 1 1.2
100 0.06 0.22 0.5 0.8
150 0.03 0.11 0.15 0.29

cm2/g = 133 barns/atom; A = 79.9; density ρ = 3.1 g/cm3.

Rubidium: Z = 37

5 3.5 0.04 371 375
6 3 0.05 227 230
8 2.4 0.06 103 106
10 1.95 0.07 55.5 58
15 1.2 0.085 18 19
15.1 1.2 0.085 17.5 19
15.2 1.2 0.085 120 121
20 0.8 0.1 59 60
30 0.45 0.11 19.5 20
40 0.3 0.12 8.7 9.1
50 0.2 0.12 4.6 4.9
60 0.15 0.12 2.7 3
80 0.09 0.12 1.15 1.35
100 0.06 0.12 0.6 0.8
150 0.03 0.11 0.18 0.32

cm2/g = 142.5 barns/atom; A = 85.5; density ρ = 1.5 g/cm3.

Strontium: Z = 38

5 3.6 0.04 402 406
6 3.1 0.05 246 249
8 2.5 0.06 112 114.5
10 2 0.07 60.7 62.7
15 1.25 0.085 19.5 21
16.1 1.15 0.09 16 17
16.2 1.1 0.09 108 109
20 0.85 0.1 63 64
30 0.5 0.11 21 21.5
40 0.3 0.12 9.4 9.8
50 0.2 0.12 5 5.3
60 0.16 0.12 2.9 3.2
80 0.1 0.12 1.3 1.5
100 0.065 0.12 0.65 0.85
150 0.03 0.11 0.2 0.34

cm2/g = 146 barns/atom; A = 87.6; density ρ = 2.6 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Zirconium: Z = 40

5 3.8 0.04 472 476
6 3.3 0.05 290 293
8 2.6 0.06 133 136
10 2.1 0.07 72 74
15 1.35 0.085 23 24.5
17.9 1.1 0.09 14 15
18 1.1 0.09 93.5 94.5
20 0.9 0.095 71.5 72.5
30 0.5 0.11 24.2 25
40 0.35 0.12 10.9 11.5
50 0.25 0.12 5.8 6.2
60 0.17 0.12 3.5 3.8
80 0.11 0.12 1.5 1.7
100 0.07 0.12 0.8 1
150 0.035 0.11 0.235 0.38

cm2/g = 152 barns/atom; A = 91.2; density ρ = 6.4 g/cm3.

Molybdenum: Z = 42

2 6.1 0.015 953 959
2.5 5.7 0.02 547 553
2.9 5.4 0.025 2170 2175
4 4.6 0.03 966 971
5 4 0.04 541 545
6 3.5 0.045 334 338
8 2.8 0.06 154 157
10 2.3 0.065 83.5 86
15 1.45 0.085 27 28.5
19.9 1 0.1 12 13
20 1 0.1 78.5 79.5
30 0.6 0.11 27.5 28
40 0.35 0.12 12.5 13
50 0.25 0.12 6.7 7
60 0.19 0.12 4 4.3
80 0.11 0.12 1.7 1.9
100 0.08 0.12 0.9 1.1
150 0.04 0.11 0.27 0.42

cm2/g = 159.3 barns/atom; A = 95.9; density ρ = 9 g/cm3.

Rhodium: Z = 45

5 4.3 0.04 655 659
6 3.8 0.045 406 410
8 3 0.055 188 191
10 2.45 0.065 103 106
15 1.6 0.08 33.5 35
20 1.1 0.095 15 16
23.2 0.9 0.1 9.8 11
23.3 0.9 0.1 62.5 63.5
30 0.6 0.11 32.5 33
40 0.4 0.11 15 15.5
50 0.3 0.12 8 8.5
60 0.2 0.12 4.8 5.1
80 0.13 0.12 2.1 2.35
100 0.09 0.12 1.1 1.3
150 0.04 0.11 0.34 0.5

cm2/g = 171.5 barns/atom; A = 102.9; density ρ = 12.4 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Palladium: Z = 46

5 4.4 0.035 687 691
6 3.9 0.04 427 431
8 3 0.055 199 202
10 2.5 0.065 408 111
15 1.6 0.08 35.5 37
20 1.1 0.09 15.8 17
24.2 0.85 0.1 9.3 10.3
24.4 0.85 0.1 58 59
30 0.6 0.105 34 35
40 0.4 0.11 15.6 16
50 0.3 0.12 8.4 8.8
60 0.2 0.12 5 5.3
80 0.13 0.12 2.2 2.4
100 0.09 0.115 1.15 1.35
150 0.04 0.11 0.36 0.5

cm2/g = 177.3 barns/atom; A = 106.4; density ρ = 12.2 g/cm3

Silver: Z = 47

3.3 5.9 0.025 398 404
3.4 5.8 0.025 1220 1226
3.9 5.4 0.03 1380 1385
4 5.3 0.03 1300 1305
5 4.6 0.035 734 739
6 4 0.04 457 461
8 3.1 0.055 213 216
10 2.6 0.065 117 120
15 1.7 0.08 38 40
20 1.2 0.09 17 18
25.5 0.8 0.1 8.5 9.4
25.6 0.8 0.1 54 55
30 0.65 0.11 36 37
40 0.4 0.11 16.7 17.2
50 0.3 0.115 9 9.4
60 0.22 0.12 5.4 5.7
80 0.14 0.12 2.4 2.7
100 0.09 0.115 1.3 1.5
150 0.055 0.11 0.39 0.54

cm2/g = 178.7 barns/atom; A = 107.9; density ρ = 10.5 g/cm3.

Cadmium: Z = 48

5 4.6 0.035 764 769
6 4 0.04 475 479
8 3.15 0.05 222 225
10 2.6 0.06 122 125
15 1.7 0.08 40 42
20 1.2 0.09 18 19
26.7 0.8 0.1 7.9 8.8
26.8 0.8 0.1 49.5 50.5
30 0.65 0.1 37 38
40 0.4 0.11 17.2 17.7
50 0.3 0.115 9.4 9.8
60 0.23 0.115 5.6 6
80 0.14 0.115 2.5 2.7
100 0.09 0.11 1.3 1.5
150 0.05 0.11 0.4 0.56

cm2/g = 187.3 barns/atom; A = 112.4; density ρ = 8.65 g/cm3.
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1350 Handbook of X-ray Imaging

TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Tin: Z = 50

3.9 5.5 0.03 312 318
4.5 5 0.03 1090 1095
5 4.7 0.035 842 847
6 4 0.04 525 530
8 3.25 0.05 247 250
10 2.65 0.06 136 138
15 1.75 0.08 45 46.5
20 1.2 0.09 20 21
29 0.7 0.1 7 7.8
29.4 0.7 0.1 42 43
30 0.7 0.1 40.5 41
40 0.45 0.11 19 19.5
50 0.3 0.11 10.3 10.7
60 0.24 0.115 6.2 6.5
80 0.145 0.115 2.8 3
100 0.1 0.11 1.47 1.5
150 0.05 0.105 0.45 0.6

cm2/g = 197.1 barns/atom; A = 118.7; density ρ = 5.7–7.3 g/cm3.

Antimony: Z = 51

5 5.8 0.035 880 886
6 4.2 0.04 553 557
8 3.3 0.05 260 263
10 2.7 0.06 143 146
15 1.8 0.08 47.5 49
20 1.25 0.09 21.3 22.5
30 0.7 0.1 6.8 7.5
30.4 0.7 0.1 6.6 7.4
30.5 0.7 0.1 40 41
40 0.45 0.11 19.7 20.2
50 0.35 0.11 10.8 11.2
60 0.25 0.11 6.5 6.9
80 0.15 0.11 2.9 3.2
100 0.1 0.11 1.55 1.75
150 0.05 0.105 0.5 0.65

cm2/g = 202.8 barns/atom; A = 121.7; density ρ = 6.6 g/cm3.

Iodine: Z = 53

4.5 5.3 0.03 262 267
4.6 5.2 0.03 735 740
5 4.9 0.035 838 843
6 4.4 0.04 613 617
8 3.5 0.05 289 292
10 2.8 0.06 160 163
15 1.8 0.08 53.2 55
20 1.3 0.085 24 25.5
30 0.75 0.1 7.7 8.5
33 0.65 0.1 5.9 6.6
33.3 0.65 0.1 34.7 35.5
40 0.5 0.105 21.5 22
50 0.35 0.11 11.9 12.3
60 0.26 0.11 7.2 7.6
80 0.16 0.11 3.2 3.5
100 0.11 0.11 1.7 1.9
150 0.05 0.105 0.55 0.7

cm2/g = 210.7 barns/atom; A = 126.9; density ρ = 4.9 g/cm3.
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Barium: Z = 56

5 5 0.035 236 241

5.2 4.9 0.04 214 219

5.3 4.5 0.04 591 596

6 4.4 0.04 685 690

8 3.5 0.05 330 334

10 2.9 0.06 183 186

15 1.9 0.07 61.5 63.5

20 1.4 0.08 27 28

30 0.8 0.1 9 10

37.3 0.6 0.1 4.9 5.6

37.5 0.6 0.1 28.4 29

40 0.5 0.1 24 24.6

50 0.36 0.105 13.3 13.8

60 0.27 0.11 8.1 8.5

80 0.17 0.11 3.7 4

100 0.115 0.11 2 2.2

150 0.055 0.1 0.63 0.78

cm2/g = 227.7 barns/atom; A = 137.3; density ρ = 3.5 g/cm3.

Neodymium: Z = 60

5 5.7 0.035 300 306

6 5 0.04 188 193

6.2 4.9 0.04 172 177

6.25 4.9 0.04 476 481

6.7 4.6 0.043 400 405

6.75 4.6 0.045 535 540

7.1 4.4 0.045 472 477

7.2 4.4 0.045 527 531

8 4 0.05 405 409

10 3.3 0.057 227 230

15 2.5 0.07 91 93

20 1.5 0.083 35.2 36.8

30 0.9 0.095 11.5 12.5

40 0.58 0.1 5 5.7

43.5 0.5 0.105 4.05 4.7

43.6 0.5 0.105 23 23.5

50 0.4 0.107 16 16.5

60 0.3 0.11 9.9 10.3

80 0.19 0.11 4.5 4.8

100 0.13 0.11 2.45 2.7

150 0.065 0.1 0.79 0.95

cm2/g = 240.3 barns/atom; A = 144.2; density ρ = 7 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Gadolinium: Z = 64

5 6.1 0.03 359 365

6 5.4 0.037 225 230

7.2 4.7 0.04 140 145

8 4.3 0.045 402 406

8.5 4.1 0.05 400 404

10 3.5 0.05 266 269

15 2.3 0.07 91 93

20 1.6 0.08 42 44

30 0.95 0.09 13.8 14.8

40 0.63 0.1 6.2 7

50 0.45 0.1 3.3 3.9

50.5 0.45 0.105 17.8 18.4

60 0.33 0.105 11.3 11.7

80 0.21 0.105 5.3 5.6

100 0.14 0.1 2.85 3.1

150 0.07 0.095 0.93 1.1

cm2/g = 260.7 barns/atom; A = 157.2; density ρ = 7.95 g/cm3.

Ytterbium: Z = 70

5 7.1 0.03 465 472

6 6.3 0.035 292 298

8 5.1 0.04 139 144

8.94 4.6 0.045 404 109

8.95 4.6 0.045 277 282

9.97 4.1 0.05 209 213

9.98 4.1 0.05 294 298

10 4.1 0.05 290 294

10.4 4 0.05 260 264

10.5 3.9 0.05 292 296

15 2.7 0.065 117 120

20 1.9 0.075 54.3 56

30 1.1 0.09 18.1 19.3

40 0.7 0.1 8.2 9

50 0.5 0.1 4.4 5

60 0.4 0.1 2.7 3.2

61.2 0.37 0.1 2.5 3

61.4 0.37 0.1 13.1 13.5

80 0.25 0.105 6.5 6.9

100 0.17 0.1 3.6 3.9

150 0.08 0.1 1.2 1.4

cm2/g = 287.4 barns/atom; A = 173; density ρ = 7 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Tungsten: Z = 74

5 7.5 0.025 546 553

6 6.7 0.03 345 351

8 5.4 0.04 165 470

10 4.5 0.05 92.5 97

10.1 4.4 0.05 90 95

12.1 3.7 0.055 234 238

15 2.9 0.06 136 139

20 2 0.07 63.5 65.5

30 1.2 0.09 21.5 22.7

40 0.8 0.095 9.8 10.7

50 0.55 0.1 5.3 5.9

60 0.4 0.1 3.2 3.6

69.4 0.35 0.1 2.1 2.5

69.6 0.35 0.1 10.8 11.2

80 0.26 0.1 7.4 7.8

100 0.18 0.1 4.1 4.4

150 0.09 0.1 1.4 1.6

cm2/g = 305.3 barns/atom; A = 183.8; density ρ = 19.3 g/cm3.

Platinum: Z = 78

5 7.9 0.025 632 640

6 7.1 0.03 401 408

8 5.75 0.04 193 199

10 4.7 0.045 108 113

11.5 4.1 0.05 75.3 79.5

11.6 4.1 0.05 189 493

13.2 3.6 0.055 133 137

13.3 3.55 0.055 181 184

13.8 3.4 0.06 165 169

13.9 3.4 0.06 188 191

15 3.1 0.06 155 158

20 2.2 0.07 73.5 75.7

30 1.3 0.085 25 26.5

40 0.85 0.09 11.5 12.4

50 0.6 0.1 6.25 6.95

60 0.45 0.1 3.8 4.3

78 0.3 0.1 1.8 2.2

78.5 0.3 0.1 8.9 9.3

80 0.29 0.1 8.35 8.75

100 0.2 0.1 4.1 5

150 0.1 0.1 1.6 1.8

cm2/g = 325.2 barns/atom; A = 195.1; density ρ = 21.4 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Gold: Z = 79

5 8 0.025 658 666

6 7.2 0.03 418 425

8 5.85 0.04 201 207

10 4.8 0.045 113 118

11.9 4.1 0.05 72 76

14.9 3.3 0.06 178 181

15 3.2 0.06 161 164

20 2.2 0.07 76.5 79

30 1.3 0.08 26 27.5

40 0.9 0.09 12 13

50 0.6 0.1 6.5 7.2

60 0.5 0.1 4 4.5

80 0.3 0.1 1.8 2.1

81 0.3 0.1 8.4 8.7

100 0.2 0.1 4.9 5.1

150 0.1 0.1 1.65 1.85

cm2/g = 326.7 barns/atom; A = 197; density ρ = 19.3 g/cm3.

Mercury: Z = 80

5 8.1 0.025 679 687

6 7.2 0.03 431 438

8 5.9 0.04 208 214

10 4.9 0.045 117 122

12.2 4 0.05 70 74

12.3 4 0.05 173 177

14.2 3.4 0.06 118 121

14.3 3.4 0.06 160 163

14.8 3.3 0.06 148 151

14.9 3.2 0.06 168 171

15 3.2 0.06 165 168

20 2.3 0.07 79 81

30 1.35 0.08 27 28.4

40 0.9 0.09 12.4 13.4

50 0.63 0.095 6.8 7.5

60 0.47 0.1 4.1 4.7

80 0.3 0.1 1.9 2.3

83 0.3 0.1 1.7 2.1

83.2 0.3 0.1 8.1 8.5

100 0.2 0.1 4.8 5.1

150 0.1 0.1 1.7 1.9

cm2/g = 334.3 barns/atom; A = 200.6; density ρ = 13.6 g/cm3.
(Continued)
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Lead: Z = 82

5 8.2 0.025 722 730

6 7.4 0.03 460 467

8 6 0.04 223 229

10 5 0.045 426 131

13 3.9 0.055 63.5 67.5

15 3.3 0.06 108 111

16 3.1 0.06 148 151

20 2.34 0.07 84 86.5

30 1.4 0.08 29 30.5

40 0.9 0.09 13.4 14.4

50 0.65 0.095 7.3 8

60 0.5 0.095 4.5 5

80 0.3 0.1 2 2.4

88 0.26 0.1 1.55 1.9

88.5 0.26 0.1 7.2 7.6

100 0.21 0.1 5.25 5.55

150 0.105 0.095 1.8 2

cm2/g = 344 barns/atom; A = 207.2; density ρ = 11.3 g/cm3.

Uranium: Z = 92

5 8.8 0.025 880 889

6 8 0.03 620 628

8 6.6 0.037 304 311

10 5.5 0.045 174 180

15 3.7 0.06 61.5 65

17.1 3.2 0.06 43.8 47

17.2 3.2 0.06 103 106

20 2.7 0.065 68.3 71

20.9 2.55 0.07 60.8 63.5

21 2.5 0.07 85.2 87.8

21.7 2.4 0.07 78.3 81

21.8 2.4 0.07 89.3 92

30 1.6 0.08 39.5 41

40 1.1 0.085 18.7 19.8

50 0.75 0.09 10.5 11.2

60 0.6 0.09 6.4 7

80 0.35 0.095 2.9 3.35

100 0.25 0.095 1.6 1.95

115 0.2 0.095 1.1 1.4

116 0.2 0.095 4.6 4.85

150 0.13 0.09 2.4 2.6

cm2/g = 396.6 barns/atom; A = 238; density ρ = 18.7 g/cm3.
(Continued)
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Air (N = 0.755, O = 0.232, Ar = 0.013)

5 0.52 0.09 40 40.5

6 0.42 0.105 23 23.5

8 0.3 0.12 9.5 10

10 0.22 0.13 4.8 5.1

15 0.13 0.15 1.35 1.6

20 0.09 0.155 0.54 0.78

30 0.05 0.16 0.15 0.35

40 0.03 0.16 0.06 0.25

50 0.02 0.16 0.03 0.21

60 0.014 0.16 0.015 0.19

80 0.008 0.15 0.006 0.165

100 0.005 0.145 0.003 0.155

150 0.0025 0.13 0.0008 0.135

Density ρ = 0.0013 g/cm3.

Lucite (H = 0.08, C = 0.6, O = 0.32)

5 0.4 0.11 26 26.5

6 0.35 0.125 15 15.5

8 0.25 0.14 6.1 6.5

10 0.18 0.15 3 3.4

15 0.11 0.17 0.83 1.1

20 0.07 0.17 0.33 0.57

30 0.04 0.18 0.09 0.3

40 0.02 0.18 0.035 0.235

50 0.015 0.18 0.016 0.21

60 0.011 0.17 0.01 0.19

80 0.0065 0.165 0.0035 0.175

100 0.004 0.158 0.0015 0.164

150 0.002 0.143 0.0004 0.145

Density ρ = 1.19 g/cm3.
(Continued)

TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Water (H = 0.112, O = 0.888)

5 0.55 0.11 42 42.5

6 0.45 0.13 24 24.5

8 0.3 0.14 10 10.5

10 0.25 0.155 4.9 5.3

15 0.13 0.17 1.4 1.65

20 0.09 0.18 0.55 0.8

30 0.045 0.18 0.15 0.38

40 0.03 0.18 0.06 0.27

50 0.02 0.18 0.03 0.23

60 0.015 0.175 0.015 0.205

80 0.008 0.17 0.006 0.185

100 0.0055 0.165 0.003 0.17

150 0.0025 0.145 0.0007 0.15

cm2/g = 30 barns/atom; density ρ = 1 g/cm3.
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TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Concrete (O = 0.5, Na = 0.017, Mg = 0.0024, Al = 0.046, Si = 0.318, S = 0.0012, K = 0.019, Ca = 0.083, Fe = 0.012)

5 1 0.08 174 175

6 0.8 0.09 105 106

8 0.6 0.105 49.5 50.3

10 0.45 0.12 26 26.5

15 0.275 0.14 7.9 8.3

20 0.18 0.15 3.3 3.6

30 0.1 0.155 0.97 1.2

40 0.06 0.16 0.395 0.6

50 0.04 0.155 0.195 0.395

60 0.03 0.155 0.11 0.3

80 0.018 0.15 0.045 0.21

100 0.012 0.145 0.02 0.178

150 0.0055 0.13 0.006 0.14

Silica (O = 0.53, Si = 0.47)

5 0.9 0.08 139 140

6 0.75 0.09 82.5 83.5

8 0.55 0.11 35.8 36.4

10 0.43 0.12 18.5 19

15 0.25 0.14 5.4 5.8

20 0.16 0.15 2.2 2.5

30 0.09 0.155 0.63 0.87

40 0.055 0.16 0.25 0.46

50 0.035 0.16 0.12 0.32

60 0.025 0.155 0.07 0.25

80 0.016 0.15 0.03 0.195

100 0.01 0.145 0.013 0.17

150 0.005 0.13 0.004 0.14

Soil (O = 0.47, Na = 0.027, Mg = 0.02, Al = 0.082, Si = 0.28, K = 0.026, Ca = 0.036, Ti = 0.0063, Mn = 0.0009, Fe = 0.05)

5 1 0.08 159 160

6 0.85 0.09 95.5 96.5

8 0.65 0.105 56 57

10 0.5 0.12 30 30.5

15 0.28 0.135 9.2 9.6

20 0.19 0.145 3.9 4.25

30 0.1 0.15 1.15 1.4

40 0.065 0.155 0.48 0.7

50 0.045 0.155 0.24 0.44

60 0.03 0.155 0.135 0.32

80 0.019 0.15 0.055 0.22

100 0.0125 0.145 0.025 0.18

150 0.006 0.13 0.008 0.145

(Continued)
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Bone (H = 0.064, C = 0.28, N = 0.027, O = 0.41, Mg = 0.002, P = 0.07, S = 0.002, Ca = 0.147)

5 0.7 0.1 135 136

6 0.6 0.11 82 82.5

8 0.45 0.13 36.7 37.3

10 0.34 0.14 19.5 20

15 0.2 0.155 6 6.3

20 0.135 0.165 2.5 2.8

30 0.07 0.17 0.75 0.98

40 0.045 0.17 0.3 0.52

50 0.03 0.17 0.15 0.35

60 0.022 0.165 0.09 0.275

80 0.013 0.16 0.035 0.21

100 0.009 0.155 0.017 0.18

150 0.004 0.14 0.0047 0.15

Cellulose (H = 0.062, C = 0.445, O = 0.49)

5 0.47 0.11 31.6 32.2

6 0.38 0.12 18.1 18.6

8 0.265 0.135 7.4 7.8

10 0.2 0.145 3.67 4

15 0.12 0.16 1 1.28

20 0.078 0.17 0.4 0.65

30 0.041 0.175 0.11 0.32

40 0.025 0.175 0.04 0.24

50 0.017 0.173 0.02 0.21

60 0.012 0.17 0.011 0.195

80 0.007 0.162 0.004 0.175

100 0.0045 0.155 0.002 0.162

150 0.002 0.14 0.0005 0.142

Mass attenuation coefficients for selected elements, compounds and mixtures are shown for photoelectric effect, and for coherent and Compton scat-
tering. The total mass attenuation coefficient is also listed. Values are reported in cm2/g and conversion factors are given to convert cm2/g to barns/
atom. Linear attenuation coefficients (cm−1) may be derived by multiplying the mass attenuation coefficients by the physical density (g/cm3). (All 
values were deduced from the following reference: M.J. Berger and J.H. Hubbell: XCOM, photon cross sections on a personal computer, US Dept. 
of Commerce, NBSIR 87-3597, 1987.)
Legend: Z = atomic number; A = atomic weight in g; ρ = density in g/cm3.

TABLE 68.1 (Continued)

Mass Attenuation Coefficients in the X-ray Energy Interval (5–150 keV)

Photon Energy (keV) Coherent Scattering Compton Scattering Photoelectric Effect Total Attenuation

Muscle (H = 0.1, C = 0.123, N = 0.035, O = 0.73, Na = 0.0008, Mg = 0.0002, P = 0.002, S = 0.005, K = 0.003, Ca = 0.00007)

5 0.55 0.11 42 42.5

6 0.43 0.125 24 24.5

8 0.3 0.14 10 10.5

10 0.22 0.15 5 5.4

15 0.13 0.17 1.4 1.7

20 0.09 0.175 0.56 0.83

30 0.05 0.18 0.15 0.38

40 0.03 0.18 0.06 0.27

50 0.02 0.18 0.03 0.23

60 0.014 0.175 0.016 0.205

80 0.008 0.17 0.006 0.18

100 0.005 0.16 0.003 0.17

150 0.0025 0.145 0.0008 0.15
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FIGURE 68.1 Attenuation Coefficient (mass or linear) of water versus energy, due to following effects: coherent scattering (rhombs); Compton scattering 
(squares); photoelectric effect (triangles); sum of all effects (x).
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FIGURE 68.2 Attenuation Coefficient (mass or linear) of water versus energy, due to following effects: Compton scattering (lower curve); sum of coherent 
and Compton scattering, and of photoelectric effect (higher curve).
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TABLE 68.2

K and L X-rays and Critical Absorption Energies Kab, LI, LII, and LIII (Energies in keV)

Z Element

K-Series

Kab

L-Series Lab

Kα2 Kα1 Kβ Lα Lβ Lγ LIII LII LI

13 Al 1.49 1.55 1.56 a

14 Si 1.74 1.83 1.84

15 P 2.01 2.14 2.14

16 S 2.31 2.46 2.47

17 Cl 2.62 2.81 2.82

18 A 2.96 3.19 3.2

19 K 3.31 3.59 3.61

20 Ca 3.69 4.01 4.04

21 Sc 4.09 4.46 4.5

22 Ti 4.51 4.93 4.96

23 V 4.95 5.43 5.45

24 Cr 5.41 5.95 5.99

25 Mn 5.9 6.49 6.54

26 Fe 6.4 7.06 7.11

27 Co 6.92 7.65 7.71

28 Ni 7.47 8.30 8.33

29 Cu 8.04 8.93 8.98

30 Zn 8.63 9.61 9.66

31 Ga 9.24 10.32 10.37 1.10 1.12

32 Gè 9.87 11.06 11.10 1.19 1.22

33 As 10.53 11.73 11.86 1.28 1.32

34 Se 11.20 12.49 12.65 1.38 1.42

35 Br 11.90 13.35 13.47 1.48 1.53

36 Kr 12.62 14.21 14.32

37 Rb 13.36 15.10 15.20 1.69 1.75

38 Sr 14.13 15.95 16.11 1.80 1.87

39 Y 14.92 16.35 17.04 1.92 2.00

40 Zr 15.73 17.80 18.00 2.04 2.16 2.3

41 Nb 16.57 18.80 18.99 2.16 2.30 2.46

42 Mo 17.42 19.78 20.00 2.29 2.49 2.62

44 Ru 19.22 21.90 22.12 2.56 2.75 2.96

45 Rh 20.14 22.90 23.22 2.69 2.93 3.14

46 Pd 21.09 23.05 24.35 2.84 3.08 3.33

47 Ag 22.08 25.30 25.52 2.98 3.25 3.52

48 Cd 23.08 26.3 26.7 3.13 3.4 3.72

49 In 24.2 24.0 27.6 27.9 3.28 3.6 3.92

50 Sn 25.3 25.0 28.8 29.2 3.43 3.8 4.13 4.0 4.2 4.5

51 Sb 26.4 26.1 30.0 30.5 3.6 3.9 4.35 4.1 4.4 4.7

52 Te 27.5 27.2 31.4 31.8 3.8 4.2 4.57 4.3 4.6 4.9

53 I 28.6 28.3 32.6 33.2 3.9 4.4 4.80 4.5 4.9 5.2

54 Xe 29.8 29.5 34.1 34.6 4.1 4.55 5.04 4.8 5.1 5.5

55 Cs 31.0 30.6 35.4 36.0 4.3 4.8 5.28 5.0 5.4 5.7

56 Ba 32.2 31.8 36.8 37.4 4.5 5.0 5.53 5.2 5.6 6.0

57 La 33.4 33.0 38.3 38.9 4.6 5.2 5.79 5.5 5.9 6.3

58 Ce 34.7 34.3 39.8 40.5 4.8 5.4 6.05 5.7 6.2 6.6

59 Pr 36.0 35.5 41.2 42.0 5.0 5.7 6.32 6.0 6.4 6.8

60 Nd 37.4 36.8 42.8 43.6 5.2 5.9 6.60 6.2 6.7 7.1

61 Pm 38.6 38.2 44.4 45.2 5.4 6.1 6.89 6.5 7.0 7.5

62 Sm 40.1 39.5 46.0 46.8 5.6 6.4 7.18 6.7 7.3 7.8

63 Eu 41.5 40.9 47.6 48.5 5.8 6.6 7.48 7.0 7.6 8.1

64 Gd 43.0 42.3 49.3 50.2 6.04 6.9 7.79 7.3 7.9 8.4

65 Tb 44.5 43.7 51.0 52.0 6.25 7.2 8.1 7.5 8.3 8.7

(Continued)
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TABLE 68.2 (Continued)

K and L X-rays and Critical Absorption Energies Kab, LI, LII, and LIII (Energies in keV)

Z Element

K-Series

Kab

L-Series Lab

Kα2 Kα1 Kβ Lα Lβ Lγ LIII LII LI

66 Dy 46.0 45.2 52.8 53.8 6.5 7.4 8.42 7.8 8.6 9.1

67 Ho 47.5 46.7 54.6 55.6 6.7 7.7 8.75 8.1 8.9 9.4

68 Er 49.1 48.2 55.7 57.1 6.9 8.0 9.09 8.4 9.3 9.8

69 Tm 50.7 49.8 58.2 59.3 7.16 8.3 9.42 8.7 9.6 10.1

70 Yb 52.4 51.3 60.1 61.3 7.39 8.6 9.78 8.9 10.0 10.5

71 Lu 54.1 53.0 62.1 63.3 7.62 8.9 10.14 9.2 10.3 10.9

72 Hf 55.8 54.6 64.1 65.3 7.9 9.2 10.71 9.6 10.7 11.3

73 Ta 57.5 56.3 66.1 67.4 8.1 9.5 10.89 9.9 11.1 11.7

74 W 59.3 58.0 68.1 69.5 8.4 9.8 11.28 10.2 11.5 12.1

75 Re 61.1 59.7 70.2 71.7 8.61 10.1 11.68 10.5 12.0 12.5

76 Os 63.0 61.5 72.4 73.9 8.87 10.5 12.09 10.9 12.4 13.0

77 Ir’ 64.9 63.3 74.5 76.1 9.13 10.8 12.51 11.2 12.8 13.4

78 Pt 66.8 65.1 76.8 78.4 9.4 11.1 12.94 11.6 13.3 13.9

79 Au 68.8 67.0 79.1 80.7 9.7 11.5 13.38 11.9 13.7 14.4

80 Hg 70.8 68.9 81.3 83.1 9.9 11.9 13.83 12.3 14.2 14.8

81 TI 72.9 70.8 83.8 85.5 10.2 12.2 14.29 12.7 14.7 15.3

82 Pb 75.0 72.8 85.5 88.0 10.5 12.6 14.76 13.0 15.2 15.9

83 Bi 77.1 74.8 88.5 90.5 10.8 13.0 15.24 13.4 15.7 16.4

92 U 98.4 94.6 113.0 115.6 13.5 16.8 20.16 16.7 20.3 21.1

93 Np 101.0 97.0 115.2 118.6 13.8 17.3 20.77 17.6 21.6 22.4

94 Pu 103.7 99.5 118.9 121.7 14.2 17.7 21.40 18.1 22.3 23.1

95 Am 106.4 101.9 121.5 124.9 14.5 17.2 22.04 18.5 22.9 23.8

a Void areas mean that the energy values are below 1 keV.
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TABLE 68.3

K, L, and M Fluorescence Yields

Z Element
K-Yield
Fitted

K-Yield
Experiment

L-Yield
Fitted

L-Yield
Experiment M-Yield

10 Ne 0.015 – – – –

11 Na 0.021 – – – –

12 Mg 0.026 – – – –

13 Al 0.039 0.033 – – –

14 Si 0.043 – – – –

15 P 0.062 – – – –

16 S 0.071 – – – –

17 Cl 0.089 – – – –

18 A 0.118 – – – –

19 K 0.132 0.132 – – –

20 Ca 0.147 0.151 – – –

21 Sc 0.183 – – – –

22 Ti 0.218 0.208 – – –

23 V 0.253 0.249 – – –

24 Cr 0.319 – – – –

25 Mn 0.351 0.320 – – –

26 Fe 0.412 0.336 0.0064 – –

27 Co 0.441 – – – –

28 Ni 0.469 0.410 0.0088 0.0087 –

29 Cu 0.441 0.442 0.01 0.01 –

30 Zn 0.469 0.481 0.0113 – –

31 Ga 0.496 – 0.0128 – –

32 Ge 0.523 0.539 0.0141 0.014 –

33 As 0.549 0.581 0.0156 – –

34 Se 0.574 0.580 – – –

35 Br 0.598 0.586 – – –

36 Kr 0.621 – 0.021 – –

37 Rb 0.643 – 0.023 – –

38 Sr 0.665 0.690 0.0256 – –

39 Y 0.685 – 0.0282 0.0245 –

40 Zr 0.705 0.708 0.031 – –

41 Nb 0.724 0.733 0.034 – –

42 Mo 0.742 0.773 0.038 0.038 –

45 Rh 0.792 – 0.05 – –

46 Pd 0.807 – 0.055 0.05 –

47 Ag 0.822 0.828 0.06 – –

48 Cd 0.836 0.854 0.066 – –

49 In 0.848 0.844 0.072 – –

50 Sn 0.861 0.874 0.078 – –

51 Sb 0.872 0.872 0.085 – –

52 Te 0.883 – 0.093 – –

53 I 0.894 0.841 0.098 – –

54 Xe 0.903 – 0.089 – –

55 Cs 0.912 0.898 – – –

56 Ba 0.92 0.931 0.11 – –

57 La 0.928 – 0.116 0.117 –

59 Pr 0.941 – 0.13 0.131 –

60 Nd 0.917 – 0.138 0.141 –

61 Pm 0.918 – – –

62 Sm 0.913 – 0.155 0.152 –

63 Eu 0.962 0.939 0.165 0.161 –

66 Dy 0.975 0.972 0.194 0.192 –

69 Tm 0.983 0.979 0.226 –

(Continued )
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TABLE 68.3 (Continued )

K, L, and M Fluorescence Yields

Z Element
K-Yield
Fitted

K-Yield
Experiment

L-Yield
Fitted

L-Yield
Experiment M-Yield

70 Yb 0.954 – 0.236 0.235 –

71 Lu 0.951 0.981 0.247 0.242 –

72 Hf – – 0.258 – 0.016

73 Ta 0.983 – 0.269 0.267 0.019

78 Pt – – 0.326 – 0.027

79 Au – – 0.337 0.338 0.028

80 Hg 0.98 – 0.348 0.349 0.03

81 Tl – – 0.36 0.356 0.033

82 Pb – – 0.371 0.376 0.034

83 Bi – – 0.383 0.328 0.036

92 U – – 0.495 0.5 0.054
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FIGURE 68.3 Fluorescence yield versus atomic number Z. Below Z = 10 the fluorescence yield is lower than 0.01.
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TABLE 68.4

Kα/Kβ, Lα/Lβ, and Lα/Lγ—Intensity Ratios versus Atomic Number Z

Atomic Number Z Kα/Kβ Lα/Lβ Lα/Lγ

20 7.5
22 7.4
24 7.4
26 7.4
28 7.3
30 7 1.19
32 6.7 1.34
34 6.2 1.34
36 5.8 1.35 42.8
38 5.4 1.36 33.7
40 5.2 1.35 25.3
42 5.05 1.3 18.9
44 4.9 1.26 14.6
46 4.8 1.23 12.1
48 4.6 1.19 10.8
50 4.5 1.17 9.4
52 4.35 1.14 8.2
54 4.2 1.11 7.5
56 4.1 1.10 7
58 4.05 1.09 6.8
60 4 1.09 6.7
62 3.95 1.08 6.6
64 3.9 1.07 6.5
66 3.85 1.07 6.4
68 3.8 1.06 6.35
70 3.8 1.055 6.25
72 3.75 1.04 6
74 3.7 1.03 5.8
76 3.65 1.015 5.5
78 3.6 1.005 5.3
80 3.6 0.99 5.1
82 3.55 0.98 4.9

92 3.35 0.915 4.1
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FIGURE 68.4 Ratio of Kα/Kβ intensity versus atomic number Z. Circles represent an average between theoretical and experimental values; the latter are 
not available for any Z.
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FIGURE 68.5 Ratio of Lα/Lβ versus atomic number Z. Circles represent an average between theoretical and experimental values; the latter are not avail-
able for any Z.
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FIGURE 68.6 Ratio of Lα/Lγ versus atomic number Z. Circles represent an average between theoretical and experimental values; the latter are available 
only for few atomic numbers Z.
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Index

A

AAPM TG18, 1284, 1290; see also Medical 
display

ABC, see Automatic brightness control
Absorbed energy distribution (AED), 493
Absorption contrast (AC), 1054
Absorption contrast tomosynthesis imaging 

(ACTI), 1050; see also Phase-contrast 
tomosynthesis imaging

Absorption index, 21
AC, see Absorption contrast; Attenuation 

correction
Accredited dosimetry calibration laboratory 

(ADCL), 777
Acquisition protocol, 874
ACR, see American College of Radiology
ACR DIR, see American College of Radiology 

Dose Index Registry
ACTI, see Absorption contrast tomosynthesis 

imaging
Active matrix flat panel imager (AMFPI), 900
Adaptive collimation, 1322
Adaptive therapy, 744
ADC, see Analog-to-digital converter
ADCL, see Accredited dosimetry calibration 

laboratory
ADR, see Automated defect recognition
ADRC, see Automatic dose rate control
ADRIQ, see Automatic dose rate control
ADU, see Analog-to-digital units
Advanced Photon Source (APS), 177
Advanced sources, 169; see also X-ray free 

electron laser
Compton backscattering sources, 170
energy-recovery machines, 169–170
ultrabright storage rings, 169

AEC, see Automatic exposure control
AED, see Absorbed energy distribution
AERC, see Automatic exposure rate control
A/F, see Anode/filter
AFC, see Alternative forced choice
AFROC, see Alternative free-response operating 

characteristic
AGATHA image quality phantom, 1145; see also 

Phantom
AGC, see Automatic gain correction
AGD, see Average glandular dose
AHC, see Anode heat content
AI, see Artificial intelligence
Air

calibration, 644
-gap method, 964
gaps, 526

ALARA principle, 1310
Algebraic reconstruction technique (ART), 650, 

700, 703, 753, 891, 1073; see also 
Iterative reconstruction

algorithms, 703–704
conjugate gradient least squares, 703
discretization, 700–701

iterative reconstruction technique, 702–703
Joseph’s method, 701
Kaiser-Bessel functions, 700
simultaneous, 703

Aliasing, 478
All-optical X-ray;  see also Inverse Compton 

scattering X-ray sources
application of, 321–322
betatron radiation emission, 319
broadband X-ray generation, 318–319
dephasing length, 317
electron injection mechanisms, 317
generation set up, 320
ionization injection, 318
laser–gas interaction, 317
laser-plasma acceleration, 316–317
micro-CT scanner prototype, 322
particle-in-cell simulation and acceleration 

of multiple bunches, 319
ponderomotive injection, 318
setup of bremsstrahlung source, 318
shock-front injection, 321
sources, 316
Thomson scattering in laboratory, 319–321
wave breaking, 317

Alternative forced choice (AFC), 472
Alternative free-response operating 

characteristic (AFROC), 470
AM, see Ante-mortem
AMC, see Automatic motion control
AMDI, see Indexed Atlas of Digital 

Mammograms
American Association of Physicists in 

Medicine (AAPM), 585, 727, 776, 
1264, 1284

American College of Radiology (ACR), 588, 
776, 1121

American College of Radiology Dose Index 
Registry (ACR DIR), 800

American Roentgen Ray Society (ARRS), 341
AMFPI, see Active matrix flat panel imager
Amorphous

selenium detectors, 533
silicon cesium iodide detectors, 531–532
silicon flat panels with fluorescence 

screens, 611
silicon layer, 533

Ampere Maxwell equation, 31
Analog radiographic systems, 219
Analog-to-digital converter (ADC), 249
Analog-to-digital units (ADU), 733
Analytical reconstruction methods, 669, 

697, 700; see also Computed 
tomography; Iterative 
reconstruction; 3D reconstruction; 
2D reconstruction

approximated algorithms, 670
central section theorem, 672–673
filtered back projection, 699–700
Fourier slice theorem, 698–699

ill-posed problem, 670
line integral of object function, 671
line integrals and 2D radon transform, 

670–672
objects and images, 669–670
radon transform, 698
simple point-like object function and 

sinogram, 671
theorems, 670
X-ray transform and 3D radon transform, 

673–674
Analyzer-based imaging (ABI), 24, 1001, 1028–

1029; see also Non-interferometric 
techniques; Phase-contrast 
mammography; X-ray phase-contrast 
imaging theory

analyser-based phase retrieval, 982
comparison of PBI, ABI, and GI methods, 

1032–1033
development and present status of, 

1036–1038
monomorphous material reconstruction, 

982–983
multiple image radiography, 984–985
Pendellösung effect, 984
phase and amplitude reconstruction, 

983–984
phase-contrast imaging, 980–982, 1000
phase retrieval, 1004–1005
pioneers, 1001
requirements, 1005
rocking curve, 980, 1001–1002
simple model of AB image formation, 

1002–1003
standard ABI setup in plane of diffraction, 

1029
systems configurations in Bragg geometry, 

1001
USAXS image, 1004

Anderson Cancer Center, 910
Angiographic procedures, 394
Angiography, 344
ANN, see Artificial neural network
Annihilation radiation, 961
Anode/filter (A/F), 462
Anode heat content (AHC), 77
Ante-mortem (AM), 620; see also Forensic 

radiology
Antero-posterior (AP), 557
Anthropomorphic phantoms, 1125, 1139, 1314; 

see also Phantom
CIRS phantoms, 1127–1128
Korean reference man phantom, 1128
Kyoto-Kagaku phantoms, 1125–1127
phantom laboratory, 1128
radiology support devices, 1125
RANDO® hand phantom, 1128
silicone-based neurovascular replica, 1129
3D printing of patient-specific replicas, 

1129
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Anthropomorphic phantoms (Continued)
3D torso phantom, 1128
University of Florida Phantoms, 1128–1129

Anthropomorphic voxel breast models, 1174; 
see also Computational phantoms

Anti-aliasing filter, 223
Anti-scatter device efficiency (DQEASD), 500
AOR, see Axis of rotation
AP, see Antero-posterior
APBA, see Attenuation-partition based 

algorithm
Aperture matching, 828
Apparent absorption image, 1004
Application-specific integrated circuit (ASIC), 

240, 936; see also Photon-counting 
detectors

charge sharing, 246
dead time, 244–246
design principles, 244
pile-up, 244–246

Approximated algorithms, 670
APS, see Advanced Photon Source
Arbeitsgemeinschaft der Wissenschaftlichen 

Medizinischen Fachgesellschaften 
(AWMF), 879

Archaeometry, 1095–1096; see also X-ray 
scattering

Archimedes Palimpsest, 1095
Areas under the ROC curves (AUCs), 1240
ARRS, see American Roentgen Ray Society
ART, see Algebraic reconstruction technique; 

Artifact reduction technique
Arteriovenous malformations (AVMs), 853
Artifact, 725–727, 876

beam hardening artifacts, 959
cone beam related artifacts, 877–878
cupping artifacts, 959
patient related artifacts, 877
scanner related artifacts, 877
X-ray beam related, 876–877

Artifact reduction technique (ART), 877
Artifacts in CT images, 644; see also Computed 

tomography
air calibration, 644
by beam hardening of polychromatic X-ray, 

644–645
by inter-channel variation in detector 

gain, 644
by inter-channel variation in detector’s 

spectral response, 645
of water phantom, 645

Artifact spread function (ASF), 381, 1058
Artificial inserts, 1137
Artificial intelligence (AI), 1211
Artificial neural network (ANN), 1233; see also 

Computer analysis of mammograms
ASF, see Artifact spread function
ASIC, see Application-specific integrated circuit
ATCM, see Automated tube current modulation
Atomic electrons, 242
Atom models, 8; see also X-ray interactions in 

matter
angular momentum quantum number, 10
binding energies and fluorescence energies, 9
Bohr’s one-dimensional quantized, 8
dipole radiation, 8
emission lines, 9
Franck Condon energy diagram, 10

magnetic quantum number, 10
orbitals, 10, 11
Pauli’s exclusion principle, 11
Poynting vector, 8
principle quantum number, 10
Rutherford’s, 8
Schrödinger’s model, 10
singlet state, 11
spin pairing, 11
standing wave functions, 10
transitions within Bohr’s hydrogen, 9

Attenuation  see also X-ray scattering
coefficient, 695, 1359
and phase-contrast X-ray imaging, 275–278
of visible light, 4
of wave fields, 4
of X-rays in matter, 1088

Attenuation correction (AC), 720
Attenuation-partition based algorithm (APBA), 

979, 1052, 1055
AUCs, see Areas under the ROC curves
Auger electron, 17
Automated defect recognition (ADR), 615
Automated tube current modulation (ATCM), 

1322
Automatic brightness control (ABC), 401, 1316
Automatic dose rate control (ADRC), 401

and image quality control, 1316
Automatic exposure control (AEC), 362, 382, 

401–402, 462, 526–527; see also 
Clinical radiographic units

Automatic exposure rate control (AERC), 401
Automatic gain correction (AGC), 402
Automatic motion control (AMC), 559
Average glandular dose (AGD), 464, 576
AVMs, see Arteriovenous malformations
AWMF, see Arbeitsgemeinschaft der 

Wissenschaftlichen Medizinischen 
Fachgesellschaften

Axis of rotation (AOR), 670

B

BAA, see Bragg (reflection) type angle analyzer
Back projection-filtration (BPF), 678–681; 

see also 2D reconstruction
Backscattering setup, 311
Ballistic deficit, 244
BAM, see Bundesanstalt fur Materialforschung 

und-prufung
BancoWeb LAPIMO database, 1253–1254; 

see also Mammographic databases
Bandwidth (BW), 27
Barten’s contrast sensitivity model, 1286–1288; 

see also Medical display
Barten’s simplified model, 1288–1289; see also 

Medical display
Baryons, 19
Basic Safety Standards (BSS), 1310
BCDR, see Breast Cancer Digital Repository
Beam, 972

hardening, 27, 1008
hardening artifacts, 277, 959, 1201

Beam passing array (BPA), 740
Beam’s eye view (BEV), 900
Bearings, 80; see also X-ray tube

ball bearing systems, 80
of CT tube, 81

spiral groove bearings, 80
Beer–Lambert law, 696
BEIR, see Biological Effects of Ionization 

Radiation
BENT, see Breast Exposure: Nationwide Trends 

survey in the USA
Bergen gamma-ray tomography system, 889; 

see also Fast CT technology
BERR, see Berrington de González and Reeves
Berrington de González and Reeves (BERR), 

511; see also Radiation-induced 
breast cancer

Betatrons, 1198
Bethe–Bloch equation, 41
Bethe–Heitler (BH), 191
BEV, see Beam’s eye view
BF, see Bright-field
BH, see Bethe–Heitler
Biological Effects of Ionization Radiation 

(BEIR), 507
Bi-plane angiography system, 395
BIR, see British Institute of Radiology
BI-RADS classification, 356
Birth year effect, 509
Bitewing radiograph, 421–422; see also Intraoral 

radiography
Blood pool contrast agents, 758
Bohr

model, 10
one-dimensional quantized atom model, 8
radius, 12

Bone pathology, 417
Bonse–Hart X-ray interferometry, 985
Boolean operators, 1161; see also Computational 

phantoms
with geometrical primitives, 1162

Boundary representation (B-Rep), 1161, 1162; 
see also Computational phantoms

phantoms, 1167–1172
Bouwers commercialization of rotating anode 

tube, 148
BPA, see Beam passing array
BPF, see Back projection-filtration
Bragg (reflection) type angle analyzer (BAA), 

1065, 1066
Bragg peak, 41
Bragg’s law, 15
BrainLAB ExacTrac system, 906–907; see also 

X-ray based imaging systems
Breast, 356, 563–564; see also Breast X-ray 

imaging; Digital mammography; 
Phase-contrast mammography

calcifications, 564
cancer, 1025
50/50 breast, 1173
and mammography image, 1175
model and projection images, 1174
tomosynthesis, see Radiation-induced breast 

cancer
Breast Cancer Digital Repository (BCDR), 1254; 

see also Mammographic databases
Breast dosimetry, 575, 592; see also Mean 

glandular dose
breast properties and photon interactions, 

576–577
conversion factors, 576
dose measurement results, 590–591
geometry for digital breast tomosynthesis, 583
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glandular tissue distribution, 587
linear attenuation coefficients, 576
mammographic dosimeters, 589
measurement protocols, 588
model, 583
patient measurements, 589–590
phantom measurements, 589
physical phantoms for, 587–588
PMMA slab thicknesses, 587
protocols for, 588–589

Breast Exposure: Nationwide Trends survey in 
the USA (BENT), 576

Breast Imaging Reporting and Data System 
(BI-RADS), 356, 572, 1213, 1256

Breast phantom, 1142, 1143; see also 
Computational phantoms; Phantom

creation of, 1175
realistic anthropomorphic, 1173–1176
simple, 1172–1173
3D computerized, 1175

Breast X-ray imaging, 356, 563, 1011–1013; 
see also Digital mammography; 
Mammography; Non-interferometric 
techniques

anti-scatter grid and grid ratio, 571
breast calcifications, 564
breast characteristics, 563–564
breast density, 356, 572–573
Bucky factor, 571
contrast, 570
contrast and dose relationship for photon 

energies, 566
contrast and scatter factor, 571
density of breast tissues, 565
detective quantum efficiency, 570
feature detection, 358–359
fixed pattern noise, 569
grid ratio, 571
hypothetical ROC curves, 358
image formation in mammography, 567–568
interaction with X-rays, 357–358
linear attenuation coefficients, 357, 565, 566
primary and scatter penetration, 571
quantum detection efficiency, 567
quantum noise, 568
scatter-to-primary ratio, 570–571
signal-to-noise ratio, 569–570
single-screen single-emulsion detector 

system, 568
spatial resolution, 571–572
structural noise, 569
theoretical calculation of subject contrast, 

565–566
tissues composing breast, 356–357
2D and 3D, 1172
unfiltered X-ray spectrum, 568
X-ray attenuation properties of breast tissues, 

564–565
X-ray spectra for mammography, 566–567

Bremsstrahlung, 41–43, 694
radiation, 175

B-Rep, see Boundary representation
Bright-field (BF), 817
British Institute of Radiology (BIR), 342
British Standards Institute (BSI), 1334
BSI, see British Standards Institute
BSS, see Basic Safety Standards
Bucky factor, 571

Bug detectors, 1276
Bundesanstalt fur Materialforschung und-

prufung (BAM), 918
Burger–Rose phantoms, 471
BW, see Bandwidth
Bystander effect, 508

C

CAD, see Computer aided diagnosis; Coronary 
artery disease

CADe, see Computer-aided detection
CADET, see Computer-Aided Detection 

Evaluation Trial
Cadmium zinc telluride (CZT), 890
Cambridge-type emitter, 128; see also Miniature 

X-ray tubes
Cancer, 897
Cancer detection rate (CDR), 465
Carbon, 120
Carbon fiber composites (CFC), 920
Carbon nanotubes (CNTs), 64, 106; see also 

CNT-based field emission X-ray 
technology

-based microbeam irradiator, 115
-based X-ray tubes with multiple sources, 110
cathode fabrication process, 106
field emission from, 106–107
SEM images of CNT cathode, 107

Cardiac CT, 857
Cardio electrophysiology laboratory, 560; 

see also Interventional fluoroscopy
Cardiology catheterization suites, 558–559; 

see also Interventional fluoroscopy
dose considerations of, 559
image enhancement, 560
noise reduction, 560
Philips Allura FD20 Cardiac Catheterization 

Laboratory, 559
real-time pixel shift with motion control, 559

Cardiopulmonary resuscitation (CPR), 629
Caron Nanofibres (CNFs), 121
Caron Nanotube cathode SEM images, 107
Cascaded imaging systems, 495–496
Cascaded-systems theory, 268; see also Image 

quality
elementary processes, 268
linear filter, 270–271
quantum gain, 268–269
quantum scatter, 269–270
quantum selection, 269

Cassette-based detectors, 527; see also X-ray 
detectors

carbon fiber cassettes, 528
Carestream DRX direct digital radiography 

cassette, 530
computed radiography, 528–529
radiography cassettes, 529–530

Cassette holder, 527; see also Clinical 
radiographic units

Catheter angiography, 348
Cathode rays, 139
Cathode-ray tube (CRT), 220, 1278
Cathodoluminescence (CL), 131, 133; see also 

Pyroelectric X-ray tubes
Catphan, 785; see also Phantom; Quality 

assurance
CT phantom, 1149

CBF, see Cerebral blood flow
CBP, see Convolution back projection
CBV, see Cerebral blood volume
CC, see Craniocaudal
CCD, see Cooled charge-coupled device
CCE, see Charge collection efficiency
CD, see Contrast-detail
CDF, see Contrast degradation factor
CDMAM, see Contrast-detail mammography
CDR, see Cancer detection rate
CDRAD, see Contrast Detail and Conventional 

Radiography
CDRH, see Center for Devices and Radiological 

Health
CEDM, see Contrast-enhanced dual-energy 

mammography
Cellular irradiator and multi-pixel micro-

radiotherapy system, 114; see also 
CNT-based field emission X-ray 
technology

Center de Physique des Particules de Marseille 
(CPPM), 254

Center for Devices and Radiological Health 
(CDRH), 1147

Center of X-ray Optics (CXRO), 22
Centers for Medicare and Medicaid Services 

(CMS), 1223
Central section theorem (CST), 672–673
Cephalometric radiography, 435; see also 

Extraoral projection radiography
aluminum wedge as soft tissue filter, 440
application of, 440
detectors, 435, 439–440
errors in, 440, 441
history of, 435
landmarks used for cephalometric analysis, 

439
landmarks used in posterior–anterior, 440
lateral cephalometric radiograph collimated 

to area of interest to reduce dose, 439
patient placed in cephalostat, 439
technique of lateral, 435

Cephalometry, 435
Cerebral angiogram, 345
Cerebral blood flow (CBF), 855
Cerebral blood volume (CBV), 855
Cerebrospinal fluid (CSF), 1177
CERN, see Conseil Européen pour la Recherche 

Nucléaire
CESM, see Contrast-enhanced spectral 

mammography
CFC, see Carbon fiber composites
CFR, see Code of Federal Regulations
CFT, see Cryogenic fluorescence tomography
CGLS, see Conjugate gradient least squares
CG method, see Conjugate gradient method
Characteristic emission, 695
Charge collection efficiency (CCE), 241
Charge coupled device (CCD), 11, 225, 

530–531, 918
Charged particles range, 43
Charge summing mode (CSM), 250
Chemical vapor deposition (CVD), 106
Cherenkov effect, 46–47
Cherenkov radiation, 5
Child–Langmuir law, 62
Chirped Pulse Amplification (CPA), 316
Cine-radiological study, 332
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CL, see Cathodoluminescence; Computed 
laminography

CLAHE, see Contrast-limited adaptive 
histogram equalization

Classical electron radius, 12
Classification task, 286
CLEF, see Cross Language Evaluation Forum
Clinical fluoroscopy units, 545; see also 

Interventional fluoroscopy; Mobile 
units; Multipurpose fluoroscopic 
systems; Remote-controlled 
fluoroscopic systems

Clinical mammography units, 457; see also 
Mammography

acquisition geometry, 458–459
automatic exposure control, 462–463
digital detectors, 460–461
image post-processing, 463–464
scatter rejection methods, 461–462
standard mammography exam, 459
X-ray source, 458
X-ray spectra comparison, 459

Clinical radiographic units, 518; see also Fixed 
X-ray units; Mobile fluoroscopy; 
Mobile units; X-ray detectors

automatic exposure control, 526–527
cassette holder, 527
digital mobile X-ray equipment, 539–540
portable units, 535–536

Clinico-radiological correlation, 339–340
CLP4NET, see Cyber Learning Platform for 

Nuclear Education and Training
CMOS, see Complementary Metal-Oxide 

Semiconductor
CMS, see Centers for Medicare and Medicaid 

Services; Coordinate measuring 
systems

CNFs, see Caron Nanofibres
CNR, see Contrast-to-noise ratio
CNT-based field emission X-ray technology, 

105; see also Carbon nanotubes; Field 
emission

-based field emission X-ray tubes, 107
based microfocus X-ray tube, 110
beam patterns by compact MRT, 116
cathode stability over time, 115
cellular irradiator and multi-pixel micro-

radiotherapy system, 114
current status and challenges, 108–109
focal spot variations, 112, 113
γ-H2AX stained mouse brain tissue 

slices, 116
image-guided microbeam radiation therapy 

system, 114–116
in imaging, 110
micro-computed tomography, 110–111
multi-beam X-ray source, 109
in preclinical radiotherapy, 114
reconstructed images from s-DBT and 

DBT, 114
stationary digital tomosynthesis, 111–114
X-ray tube with CNT field emission 

cathode, 109
CNT-based microbeam irradiator, 115
Code of Federal Regulations (CFR), 659
Coherence, 164; see also Synchrotron sources

analysis of, 164
angular blurring for fringes, 165

lateral coherence area, 165
length, 164, 165
longitudinal coherence, 164
optical path difference, 164
Rayleigh scattering, 14–15

Coherent/Compton ratio, 1090
Coherent scattering, 1086–1087; see also X-ray 

scattering
Coherent tomography, 1090

experimental setup for, 1101
reconstruction of test sample, 1103

Cold-cathode technology, 107
Collimator, 397

shadow, 965
Commercial-off-the-shelf (COTS), 1278
Compact Light Source (CLS), 315, 1043
Complementary Metal-Oxide Semiconductor 

(CMOS), 247
imagers, 11

Complex refractive index, 974; see also X-ray 
phase-contrast imaging theory

Compressed sensing, 836
Compton

backscattering sources, 170
camera/telescope, 13
edge, 242
effect, 242, 999
imaging, 1090, 1101–1102
interaction, 961

Compton, Arthur H., 999
Compton scattering, 1084–1086; see also X-ray 

scattering
angle, 13
on free electrons, 38–39
incoherent scattering function, 1085
normalized incoherent scattering, 1086
photon distribution, 1085, 1086
photon energy vs. scattering angle, 1085

Computational phantoms, 1159, 1160, 1178–1179
anthropomorphic voxel breast models, 1174
Boolean operators, 1161, 1162
brain and head imaging, 1176–1177
breast model and projection images, 1174
breast phantoms, 1172–1176
B-Rep models, 1161, 1162, 1167–1172
classification of, 1160–1161
components, 1161
computational model of breast, 1175
coronary arteries, 1178
50/50 breast, 1173
4D cardiac-torso XCAT phantom, 1170
full body, 1164
geometry, 1161–1163
human tissue densities, 1164
hybrid computational phantoms, 1168, 1169
ICRP adult reference male and female, 1166
mammogram with attenuation coefficients, 

1176
material characteristics, 1163
PSRK-Man polygonal surface phantom, 1173
quadrics, 1161
segmented phantom, 1167
skull classes from previous phantom, 1178
stylized phantoms, 1164–1165
surface rendering of 3D phantoms, 1171
thoracic imaging, 1177–1178
3D Shepp–Logan phantom, 1176
tomographic phantoms, 1165

transforming one type to another, 1164
2D and 3D breast imaging, 1172
VCH-F adult phantom, 1171
voxel phantoms, 1162, 1163, 1165–1167
whole-body phantoms, 1169
XCAT phantom, 1172
Zubal head phantom, 1176

Computed laminography (CL), 935
Computed radiography (CR), 219, 220–

221, 235; see also Computed 
radiography reader; Image quality 
evaluation; Industrial radiography; 
Photostimulable phosphor

anthropomorphic chest phantom radiographs, 
226, 227

applied to cultural heritage, 1190–1191
for artworks, 1189–1190
detectors in, 366, 367
dual-side reading technology, 223–224
image acquirement, 220
image processing, 225–226
and industrial application, 606
input/output relationships for, 227
insulated pipe inspection, 609, 610
line-scanning technology, 224–225
needle-structured photostimulable phosphor 

technology, 223
pipe wall thickness measurement, 609
post-processing parameters, 226
SNR to gray values for, 607–608
spatial frequency enhancement, 225
technology development, 223–224
weld inspection by, 608

Computed radiography reader, 222; see also 
Computed radiography

construction mechanism of Fuji CR system, 
222

laser beam for stimulation, 222
laser-scanning optical system and transition 

system, 222
light collecting system, 223
signal processing system for digitization, 223

Computed tomography (CT), 54, 150, 288, 637, 
659–663, 1283; see also Analytical 
reconstruction methods; Artifacts in 
CT images; Dual energy CT; Iterative 
reconstruction; Multi-slice CT; X-ray 
based imaging systems

ACR phantom, 1150
bowtie installation in, 642
commercial CT tube, 152
fan beam and cone beam geometries, 642
FBP image of anthropomorphic head 

phantom, 658
forward and back-projection X-ray CT, 694
gantry-type CT scanner for feeder cables, 

1201
graded-collimation, 1200
highest power density CT tube 2007, 

152–153
history, 152
iodine-calcium phantom, 658
Japanese wooden statue slice, 1196
layout and geometrical parameters, 276
magic triangle of, 806
material atomic number and mass density, 

656–657
material decomposition, 657–658
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with medium and high energy X-rays, 1197
micro-CT systems, 1192–1194
nano-CT, 945
neutron computed tomography, 1204
noise/dose reduction, 658–659
number, see Hounsfield unit
with object rotating on mobile platform, 

1198–1200
on-rails system, 909, 910
open-source software programs, 1190
phantoms for, 1149–1150, 1150–1151
phase-contrast, 278
phase-contrast X-ray CT with synchrotron 

radiation, 1202–1204
physics in CT imaging, 638–639
projection profile geometry, 806
radiation protection in, 1322–1324
sagittal reconstruction, 625
simulator, 898–899
skull slice, 1195
with source-detector rotation, 1200–1201
with synchrotron radiation, 1201
3D reconstruction of body, 621
3D reconstruction of lumber spine, 620
3D rendering of skull, 1194
3D scan of Celtic excavation block, 1199
3D scan of Roman bronze statue of Cupid, 

1198
virtual body fragmentation, 806
with X-ray tubes up to 200 kV, 1191–1192

Computed tomography acquisition process, 693; 
see also Iterative reconstruction

acquisition process
attenuation coefficient, 695
X-ray detection, 695–696
X-ray generation, 694–695
X-ray matter interaction, 695

Computed tomography angiography (CTA), 801, 
853, 855

Computed tomography colonography (CTC), 
1214

CAD false positives, 1219
CAD for, 1214–1215
CAD in diagnostic and screening, 

1224–1225
digital cleansing and colon surface 

extraction, 1215–1217
polyp candidate segmentation and filtering, 

1217
polyp in descending colon, 1218
principal steps in detection of colonic polyps, 

1216
sources of false positives and false negatives, 

1217
Computed tomography dose index (CTDI), 211, 

659, 776
paradigm, 791
for shift-invariant helical technique, 792–793
and stationary phantom, 795
tube current modulation, 796–797
volume, 203

Computed tomography perfusion (CTP), 855
Computed tomography scanner, 348

EMI-scanner CT1010, 349
prototype scanner, 350

Computed tomography systems
CCD-based detector, 1195
components of, 1191

custom-built, 1196
for large works of art, 1195–1197
with medium and high energy X-rays, 1197
for medium-sized objects, 1194–1195
prototype, 1199
with rotating object on mobile platform, 

1198–1200
with source-detector rotation, 1200–1201
transportable, 1194, 1196, 1197
with 200kV X-ray tube, 1191–1192

Computer-aided detection (CAD), 383, 1211, 
1231, 1259; see also Lung nodule 
detection

as alternative to double reading, 1224
applications, 1212
architectural distortion, 1214
CADx system, 370, 1211, 1212
for CT colonography, 1214–1217
in diagnostic and screening settings, 

1224–1225
for digital breast tomosynthesis, 1214, 1215
for digital mammography, 1212–1213, 

1222–1224
efficacy and clinical value, 1221
factors affecting CAD performance, 1220
interface, 1216
mark-labeling criteria, 1221
operating principles and algorithms, 1212
performance metrics, 1221
reading paradigms, 1221–1222
reference standard, 1220–1221
research and future developments, 1225–1226
validating efficacy of, 1218–1220

Computer-Aided Detection Evaluation Trial 
(CADET), 1224

Computer-aided diagnosis (CAD), 226, 370, 
1211, 1212

Computer analysis of mammograms, 1231, 1244
artificial neural network for psychophysical 

similarity determination, 1235
breast cancer patients grouping, 1242
conventional and voxelized printing 

phantoms, 1240
convolutional neural network, 1240–1241, 

1243
density measurement and risk assessment, 

1236–1237
digital/simulated/mathematical phantoms, 

1237–1239
genomic features and radiomic phenotypes, 

1243
image retrieval, 1233–1234, 1236
intelligent workstation, 1234
interactive CAD, 1233, 1237
lesion segmentation and classification, 

1231–1233
mammograms in density classes, 1238
mammoreplicator, 1240
MDS-based similarity measure training, 

1236
model-based techniques, 1232
radiomics and radiogenomics, 1243–1244
simulated projection images, 1239
3D phantom, 1240
user interface of CAD workstation, 1235, 

1236
user interface of mapped-database system, 

1234

Compute Unified Device Architecture 
(CUDA), 753

Cone beam computed tomography (CBCT), 
204, 404, 414, 643, 713; see also 
Feldkamp–Davis–Kress 
reconstruction; Scatter correction

anti-scatter grid for hardware reduction of 
scattered radiation, 964

applications, 717
artifact, 725–727
back projection, 717
basics about, 714
for breast imaging, 718–720
calibration, 728–732
cardiac CT with cone beam design, 722
C-arm CBCT systems, 719
components of, 714
for dental imaging, 720–721
detector calibration, 732–733
development of, 714
dosimetry, 727–728
extremity, 721–722
fixed gain method, 733
flat-field correction, 733
flat-fielding, 716
flat-panel detectors, 714
future directions, 744–745
geometry and data acquisition, 714–715
HU accuracy calibration, 743–744
image contrast resolution, 723–725
images, 732
imaging, 715–716, 722
for interventional radiology and surgical 

guidance, 718
magnification factor, 715
micro-CT system with specimen images, 717
noise reduction, 742–743
NPS, 726
in nuclear medicine, 720
On-Board Imager™ device, 718
PDE-based denoising approach, 743
radiation therapy guidance, 717–718
reconstruction coordinates, 734
reconstruction diagram, 735
spatial resolution, 723
technical keys, 728
X-ray quantum limited, 725

Conjugate gradient least squares (CGLS), 
703, 892

Conjugate gradient method (CG method), 703
Conseil Européen pour la Recherche Nucléaire 

(CERN), 752
Constructive solid geometry (CSG), 1161
Contained mass fatality, 620
Content-based image retrieval methods, 1233; 

see also Computer analysis of 
mammograms

Continuing professional development (CPD), 
1329–1331

Continuous-slowing-down approximation 
(CSDA), 43

Contrast, 477, 570; see also Digital 
mammography

agents, 24
enhancement, 370–371, 1146
Michelson, 477
Weber, 477

Contrast degradation factor (CDF), 461



1372 Index

Contrast-detail (CD), 234, 364, 470
curves, 472, 473

Contrast Detail and Conventional Radiography 
(CDRAD), 1314; see also Phantom

phantom, 1139
Contrast-detail mammography (CDMAM), 234; 

see also Phantom
contrast detail phantom, 1144
NPWE model, 503

Contrast-enhanced breast tomosynthesis, 385; 
see also Digital breast tomosynthesis

Contrast-enhanced dual-energy mammography 
(CEDM), 457

Contrast-enhanced micro-CT, 756; see also 
Micro-computed tomography

with active targeting, 760–761
cancer imaging, 759–760
cardiac imaging, 757–758
gastrointestinal imaging, 759
kidney imaging, 759
liver imaging, 758–759
vascular imaging, 757

Contrast-enhanced spectral mammography 
(CESM), 457

Contrast-limited adaptive histogram equalization 
(CLAHE), 369, 1213

Contrast-to-noise ratio (CNR), 284, 285–286
pixel, 501

Contrast Transfer Function (CTF), 288
Convolutional neural network (CNN), 837, 

1241; see also Computer analysis of 
mammograms

Convolutional sparse autoencoder (CSAE), 1240
Convolution back projection (CBP), 675
Convolution integral, 264–265; see also Linear 

systems theory
Cooled charge-coupled device (CCD), 320
Coolidge’s thermionic electron production, 

146–147
Coolidge tube, 340; see also X-ray tubes history

with tungsten coil electron emitter, 147
Coolidge, William, 340
Coordinate measuring machine (CMM), 

922, 956
Coordinate measuring systems (CMS), 949
Core-hole states, 830
Cormack, Allan, 349–350
Coronary arteries, 1178
Coronary artery disease (CAD), 856
COTS, see Commercial-off-the-shelf
CPA, see Chirped Pulse Amplification
CPD, see Continuing professional development
CPPM, see Center de Physique des Particules de 

Marseille
CPR, see Cardiopulmonary resuscitation
CR, see Computed radiography
Craniocaudal (CC), 360
Critical energy, 43
Crookes tubes, 144–145; see also X-ray tubes 

history
Cross Language Evaluation Forum (CLEF), 1255
CRT, see Cathode-ray tube
Cryogenic fluorescence tomography (CFT), 841
Cryptoscope, 337–339
Crystal analyzer-based XPCI, 1065; see also 

X-ray dark field imaging
breast tumors, 1076–1077
computed tomography, 1076

experimental setup, 1075
eye specimen, 1077
future directions, 1079–1080
limited angle tomography, 1077–1078
optics, 1065
rocking curves, 1069
sample preparation, 1075
X-ray dynamical diffraction in crystal, 

1065–1069
Crystal interferometer experimental setup, 985
Crystal interferometry, 1028; see also Phase-

contrast mammography
CSAE, see Convolutional sparse autoencoder
CSDA, see Continuous-slowing-down 

approximation
CSF, see Cerebrospinal fluid
CSG, see Constructive solid geometry
CSM, see Charge summing mode
CST, see Central section theorem
CTA, see Computed tomography angiography
CTC, see Computed tomography colonography
CTDI, see Computed tomography dose index
CTF, see Contrast Transfer Function
CTP, see Computed tomography perfusion
CUDA, see Compute Unified Device 

Architecture
Cupping artifact, 725, 959
CVD, see Chemical vapor deposition
CXRO, see Center of X-ray Optics
Cyberknife system, 908–909; see also X-ray 

based imaging systems
Cyber Learning Platform for Nuclear Education 

and Training (CLP4NET), 1333
CZT, see Cadmium zinc telluride

D

DACs, see digital-to-analog converters
DAK, see Detector air kerma
Dark field imaging (DFI), 978, 1003, 1028; see 

also Phase-contrast mammography
with Laue-type analyzer, 1031

DART, see Discrete algebraic reconstruction 
technique

Darwin width, 15
DAS, see Data acquisition system
Data acquisition system (DAS), 640
DataBase Management System (DBMS), 

1255–1257; see also Mammographic 
databases

Data sufficiency condition (DSC), 661
Davies, Bethe, Maximon, and Olsen (DBMO), 

190
DBMO, see Davies, Bethe, Maximon, and Olsen
DBMS, see DataBase Management System
DBT, see Digital breast tomosynthesis
DCIS, see Ductal carcinoma in situ
DCM, see Double crystal monochromator
DCNN, see Deep convolutional neural network
DDA, see Digital detector arrays
DDL, see Digital driving level
DDREF, see Dose and dose rate effectiveness 

factor
DDS, see Direct digital screening
DDSM, see Digital Database for Screening 

Mammography
DE, see Detection efficiency; Dual energy
Dead time, 240

Decision tree (DT), 1233
Deep convolutional neural network (DCNN), 

1240
Deep learning, 385
DEI, see Diffraction Enhanced Imaging; Dual 

energy index
Dental panoramic radiography (DPR), 867

maxillofacial cone beam CT, 873
of maxillofacial skeleton and jaws, 868
of relatively young fully dentate person, 415

Dental radiography, 413; see also Extraoral 
projection radiography; Intraoral 
radiography; Panoramic radiography

anatomical targets in, 415
background of, 414–415
dentomaxillofacial complex, 415
dentomaxillofacial region, 413
dose issues and radiation protection, 

449–450
extraoral radiography, 425
facial bones, 416–417
future perspective in, 450–452
image fusion, 451
lateral cephalometric radiograph, 415
mandible, 416
matching, 451
maxilla, 416
surface reconstruction of mandible, 451
techniques, 417
teeth scheme, 416

Dentistry, 413
Department of Health and Social Security 

(DHSS), 350
DESY, see Deutsches Elektronen-Synchrotron
Detection efficiency (DE), 241
Detective quantum efficiency (DQE), 30, 227, 

232–233, 241, 270, 495; see also 
Image quality

cascaded models of, 271
conversion of incident quanta into cluster of 

secondary quanta, 271
DQE curves, 273
experimental measurements, 273
ideal sensor array, 271–273
light generation in phosphor, 271
propagation of signal and noise, 272
Wiener NPS, 272

Detector air kerma (DAK), 472
Detector-based sub-µ CT, 943–945; see also 

Industrial CT scanners
Detector calibration, 611
Detectors, 366; see also Digital mammography

computed radiography, 366, 367
digital radiography, 366–367
global measures of efficiency, 495
photon counting, 367–368

Deutsche Forshungsgemeinschaft (DGF), 1205
Deutsches Elektronen-Synchrotron (DESY), 177
DFR, see Direct Fourier Reconstruction
DGF, see Deutsche Forshungsgemeinschaft
DHSS, see Department of Health and Social 

Security
Diagnostic detectors, 483

noise, 490
Diagnostic imaging, 867
Diagnostic mammography, 1026; see also 

Phase-contrast mammography
Diagnostic radiography, 262
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Diagnostic reference levels (DRLs), 588
DICOM, see Digital Imaging and 

Communications in Medicine
Differential cross-section, 12
Differential phase-contrast (DPC), 1027; see 

also Non-interferometric techniques
image, 1000, 1004

Diffraction-enhanced imaging (DEI), 980, 1004, 
see Analyzer-based imaging

optics, 1066
Diffraction imaging, 1102–1104; see also X-ray 

scattering
coherent, 1090

Diffractive lenses, 822
Diffusion-weighted MR image (DWI), 855
Digital acquisition imaging, 403
Digital angiography (XA), 1283
Digital Brain Phantom II, 1177; see also 

Computational phantoms
Digital breast tomosynthesis (DBT), 112, 377, 

464, 466; see also CNT-based 
field emission X-ray technology; 
Mammography

acquisition diagram, 383
acquisition geometry, 378–379
angular range and projections, 381
breast tomosynthesis systems, 378
CAD for, 1214, 1215, 1222–1224
clinical DBT systems, 465–466
compressed breast model, 465
compression force, 380
contrast-enhanced breast tomosynthesis, 385
deep learning, 385
detector, 379
exposure level and distribution, 381–382
image acquisition geometry, 1051
image artifacts, 383–384
image presentation, 384–385
limited angular sampling vs. frequency space 

area, 378
measured and calculated modulation transfer 

functions, 379
phantoms for, 1145–1146
projection acquisition strategies, 380
radiation dose in, 467
reconstruction, 382, 466–467
scatter radiation, 379–380
slot scan-based mammography, 379
system geometries, 379
techniques, 385–386
tomosynthesis imaging, 378
tube and detector movement, 380–381
vertical resolution, 381, 382

Digital cleansing, 1217
Digital Database for Screening Mammography 

(DDSM), 1250, 1255; see also 
Mammographic databases

database, 1250–1252
Digital detector arrays (DDA), 609; see also 

Industrial radiography
application of, 611–612
automated evaluation of images, 614–616
defect detection, 615
design for inspection of tube-to-tube sheet 

welds, 613
detector calibration, 611
detector types and working principles, 

609–610

digital industrial radiology system, 615
digital X-ray endoscope, 613
direct converting photodiode systems, 610, 

611
flat-panel detector, 610
line detectors, 610
mechanized X-ray inspection of welds, 

613–614
reconstructed crack in austenitic weldment, 

614
silicon flat panels, 611
SNR effect on visibility of fine flaw 

indications, 611
SNR limitations, 612
testing of heat exchangers, 612–613
test sample BAM 5 with different IQIs, 615
TomoWELD manipulator, 614

Digital detectors, 1189
linearity and stationarity of, 477

Digital driving level (DDL), 1285
Digital Imaging and Communications in 

Medicine (DICOM), 368, 410, 1275
Digital industrial radiology (DIR), 605; see also 

Industrial radiography
application areas of, 605
image processing, 606
laser scanner, 605
NDT film digitization, 605–606
radiographic image of test weld BAM5, 606
standards on, 604, 605

Digitally reconstructed radiographs (DRRs), 
785, 898

Digitally subtracted angiography (DSA), 551
Digital mammography (DM), 355, 377, 1049; 

see also Breast X-ray imaging; 
Detectors; Mammogram display; 
Mammography; Mammography 
image quality assessment

advanced techniques, 370
CAD for, 1212–1213, 1222–12224
CD diagram, 365
contrast enhancement, 370–371
dual energy, 371–372
image preprocessing and 

enhancement, 1213
mammograms, 356
mammographic density measurement, 373
mammographic spectra, 361
microcalcification detection, 1213
phantoms for contrast enhanced, 1146
radiation dose in, 464
raw vs. processed images in, 463
soft tissue lesion detection, 1213
X-ray beams, 359–361

Digital Mammography Imaging Screening Trial 
(DMIST), 457, 513

Digital mobile X-ray equipment, 539–540; 
see also Clinical radiographic units

Digital radiography (DR), 219, 1283; see also 
Computed radiography

advantages, 220
for artworks, 1189–1190
detectors, 366–367
noise sources of, 230
Pro-Digi Phantom, 1138

Digital subtraction angiography (DSA), 393, 
403, 853

Digital-to-analog converters (DACs), 244

Digital tomosynthesis system (DTS), 128, 
906, 907

Digital Visual Interface (DVI), 1284
Dimensional metrology, 949, 957; see also 

Manufacturing metrology
areas influencing CT measurements, 956
cube configurations with intersecting 

surfaces, 954
determination of geometric elements and 

dimensions, 955
dimensional CT, 951
dimensional measurements and 

visualization, 953–954
image artifacts, 954–955, 956
industrial cone beam micro CT scanner, 951
Lambert–Beer law of attenuation, 952
Marching cubes algorithm, 953
measured sphere distance error, 957
monitoring of metrological performance of 

CT systems, 957–958
multi-sphere specimen, 957
nominal–actual comparison of testing part, 

954
Otsu’s method, 953
on quantities and measurement uncertainty, 

955–957
segmentation, 952–953
subvoxeling, 953
surface determination, 953
voxel dataset, 951
workflow of dimensional CT metrology, 951
X-ray projection image of workpiece, 952
X-ray projections and 3D reconstruction, 

951–952
Dipole radiation, 8
DIR, see Digital industrial radiology
Direct converting photodiode systems, 610, 611
Direct digital radiography (DDR), 529, 530; 

see also X-ray detectors
charge-coupled devices, 530–531
flat-panel detectors, 531–534
indirect digital detector, 531
phosphor layers, 532–533
selenium detectors, 533
silicon cesium iodide detectors, 531–532
silicon layer, 533
transistors, 533

Direct digital screening (DDS), 542–544
Direct Fourier Reconstruction (DFR), 673, 

674–675; see also 2D reconstruction
Disaster victim identification (DVI), 630–631; 

see also Forensic radiology
Discrete algebraic reconstruction technique 

(DART), 704
Dispersion, 992

relation, 5
Display, 1284; see also Medical display

electronic, 1298
medium, 1280

Display optimization and human factors, 1275, 
1280

device for visual accommodation 
measurement, 1279

display optimization and reader error, 1278
environment considerations, 1278–1279
human visual system, 1275–1276
impact on radiologists, 1279
ocular accommodation, 1276
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Display optimization and human factors 
(Continued)

omission errors, 1278
pop out effect, 1276
reader error, 1277–1278
useful visual field, 1276, 1277
visual search, 1276–1277

Display QC, 1298, 1307; see also Medical 
display; Medical image display; 
Quality control program 
management; Quality control tests for 
medical image displays

AAPM TG-AD test pattern, 1303
ACR-AAPM-SIIM Technical Standard, 

1300
ambient lighting, 1300–1301
display classes and types, 1299–1300
display color, 1301
display luminance, 1300, 1301
display matrix and interpolation, 1300
display noise, 1301
display performance characteristics, 1300
display spatial resolution, 1301
geometrical accuracy and spatial resolution, 

1300
grayscale calibration, 1301
luminance measurement, 1302
philosophy, 1299
photometers, 1302
primary references, 1299
purpose, 1298
scope, 1299
testing tools and considerations, 1302
test patterns, 1302–1303

Dithering, 1006
DLP, see Dose length product
DMIST, see Digital Mammography Imaging 

Screening Trial
Dose and dose rate effectiveness factor 

(DDREF), 508; see also Radiation-
induced breast cancer

Dose distributions, 797–799; see also Radiation 
dose in X-ray CT

Dose equations, 792
analytical dose equations, 793–794

Dose length product (DLP), 203, 211, 777, 
793, 854

Dose Reference Level (DRL), 1310
Dosimeters, 203; see also Reference 

radiochromic film dosimetry system
Dosimetric consideration in fluoroscopy, 406; 

see also Fluoroscopy
dose variations as function of thicknesses, 

407
entrance surface air kerma projection angle, 

408
measured values of ESAK, 407
position of interventional reference point, 410
radiation safety for operators, 410–411
radiation safety for patients, 406–410
Toshiba real time skin dose mapping, 411

Dotter, Charles, 348
Double crystal monochromator (DCM), 1075
DPC, see Differential phase-contrast
DPR, see Dental panoramic radiography
DQEASD, see Anti-scatter device efficiency
DR, see Digital radiography
Dragonfly-CT, 939

Dresden ultra fast electron beam X-ray 
tomography scanner, 889; see also 
Fast CT technology

DRLs, see Diagnostic reference levels
DRRs, see Digitally reconstructed radiographs
DS, see Dual source
DSA, see Digital subtraction angiography
DSC, see Data sufficiency condition
DSR, see Dual-side reading; Dynamic Spatial 

Reconstructor
DT, see Decision tree
DTS, see Digital tomosynthesis system
Dual energy (DE), 762
Dual energy CT (DECT) 788, 805; see also 

Computed tomography
clinical applications, 813
consecutive acquisition, 810–811
CT image production, 805–806
CT number and CT beam energy spectrum, 

806–807
CT numbers and tube voltage used, 807
data acquisition and manipulation, 808
DEI values for several tissue types, 810
dual-layer detector, 812–813
dual-source, 811–812
from dual-to multi-energy CT imaging, 814
evolution of CT technology, 805
fast kV-switching DECT acquisition, 812
future perspectives of, 814
image-based production, 808–809
image series, 809–810
low-energy vs. high-energy CT numbers, 810
patient exposure optimization, 814
principle of decomposition to basis materials, 

807–808
rapid tube voltage switching, 812
raw data-based production, 809
sequential DECT acquisition, 811
technical implementation, 810
tissue composition identification, 810
twin beam filtering, 813

Dual energy digital mammography, 371–372; 
see also Digital mammography

Dual energy index (DEI), 810
Dual energy X-ray absorptiometry (DXA), 373
Dual-layer detector, 812–813
Dual-side reading (DSR), 223–224
Dual source (DS), 788
Ductal carcinoma in situ (DCIS), 1076, 1223
Duke phantom, 1137; see also Phantom
DVI, see Digital Visual Interface; Disaster 

victim identification
DWI, see Diffusion-weighted MR image
DX, see Digital radiography
DXA, see Dual energy X-ray absorptiometry
D X-ray computed tomography, 853; see also 

Flat-panel detector; 4D imaging 
for intervention guidance,; Multi-
detector computed tomography

Dynamic imaging, 853
Dynamic Spatial Reconstructor (DSR), 868, 888

E

EAR, see Excess Absolute Risk
Early Lung Cancer Action Program in 2003 

(ELCAP 2016), 1264; see also Lung 
nodule detection

Easel painting, 1186; see also X-raying of 
artworks

EB, see Extreme bounds
EBH, see Elwert corrected
ECG, see Electrocardiogram
Echo planner imaging (EPI), 637
Edge device, 229
Edge enhancement-to-noise ratio (EE/N), 1057
Edge illumination (EI), 988, 1000, 1005–1007; 

see also Non-interferometric 
techniques; Phase-contrast 
mammography

coherence requirements, 1010
curve, 1007–1008
development and status of, 1043–1044
dithering, 1006
imaging, 1030
in-plane geometry, 1011
laboratory setup, 1007
out-of-plane geometry, 1011
phase retrieval and sensitivity, 1008–1010
sensitivity as function of source dimensions, 

1009
signal modeling, 1007
synchrotron setup, 1006
technique, 25

Edge spread function (ESF), 229, 230, 480; 
see also Sharpness

construction of oversampled, 481
data conditioning of, 481
ROI dimensions for oversampled, 480

Edge test
diagnostic detectors, 483
example MTF results, 483–485
mammography detectors, 483
practicalities, 483
2D MTF, 483

EDID, see Extended Display Identification 
Data

eDQE, see Effective DQE
EDX, see Energy dispersive X-ray
EDXRF, see Energy dispersive X-ray 

fluorescence
EE/N, see Edge enhancement-to-noise ratio
EERD, see Entrance Exposure Rate to the 

Detector
Effective atomic number, 1110–1112
Effective DQE (eDQE), 500–501, 1311
EFOMP, see European Federation of 

Organizations of Medical 
Physics

EGFR, see Epidermal growth factor receptor
e-h, see Electron-hole
EIDs, see Energy integrating detectors
Einstein’s mass energy equation, 18
Elastic scattering, see Coherent scattering
ELCAP 2016, see Early Lung Cancer Action 

Program in 2003
e-Learning, see Electronic learning
Electrical and Musical Industries (EMI), 853
Electrical Pavilion, 332
Electrocardiogram (ECG), 110, 706, 857
Electromagnetic radiation, 830
Electro-mechanical high voltage rectifier, 146
Electron

density, 1112
injection mechanisms, 317
jelly, 277
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Electron beam computed tomography (EBCT), 
107, 150, 151, 889; see also X-ray 
tubes history

mid 1980s, 150
Electron-hole (e-h), 240
Electronic learning (e-Learning), 1331–1332
Electronic magnification, 405
Electronic medical record (EMR), 1299; see also 

Medical image display
Electronic portal imaging device (EPID), 899; 

see also X-ray based imaging systems
-acquired intra-treatment portal images, 901
-based MV imaging systems, 899
DRR comparison, 901
LINAC machine with MV X-ray, 900
pelvic phantom acquired with MV or kV 

beams, 902
Electron–positron pair producing, 18
Electron probe microanalysis (EPMA), 132; 

see also Pyroelectric X-ray tubes
Electron volts (eV), 9
Electrophoretic deposition (EPD), 106
ELI, see Extreme Light Infrastructure
Elliptical capillaries, 823
Elwert corrected (EBH), 191
EM, see Expectation maximization
EMCT system, see Environmental Micro-CT
EMI, see Electrical and Musical Industries
Emission current, 105
EMR, see Electronic medical record
EMTF, see Expectation MTF
Endotracheal tube (ET), 630
Energy

absorption cross-section, 13
loss by ionization, 40–41
of photon, 18
-recovery machines, 169–170
spectra, 42

Energy dispersive X-ray (EDX), 132
Energy dispersive X-ray fluorescence (EDXRF), 

1095, 1096
Energy integrating detectors (EIDs), 239; 

see also Photon-counting detectors
Enhanced permeability and retention (EPR), 760
Entrance Exposure Rate to the Detector (EERD), 

1317
Entrance skin exposure (ESE), 547
Entrance Surface Air Kerma (ESAK), 407
Environmental Micro-CT (EMCT system), 1194
Environmental scattered radiation, 962
EPD, see Electrophoretic deposition
EPI, see Echo planner imaging
EPID, see Electronic portal imaging device
Epidermal growth factor receptor (EGFR), 760
EPMA, see Electron probe microanalysis
EPR, see Enhanced permeability and retention
EPS, see Equivalent penetrameter sensitivity
Equivalent penetrameter sensitivity (EPS), 603
Erect X-ray stand, 520–521, 522
ERR, see Excess Relative Risk
ESA, see European Space Agency
ESAK, see Entrance Surface Air Kerma
ESE, see Entrance skin exposure
ESR, see European Society of Radiology
ESRF, see European Synchrotron Radiation 

Facility
ET, see Endotracheal tube
EU, see European Union

EuPRAXIA, see European Plasma Research 
Accelerator with eXcellence In 
Applications

EUREF, see European Reference Organisation 
for Quality Assured Breast Screening 
and Diagnostic Services

European Commission’s Radiation Protection 
Report 174 (RP 174), 1332

European Federation of Organizations of 
Medical Physics (EFOMP), 592, 1333

European Plasma Research Accelerator 
with eXcellence In Applications 
(EuPRAXIA), 316

European Reference Organisation for Quality 
Assured Breast Screening and 
Diagnostic Services (EUREF), 585, 
1121

European Society of Radiology (ESR), 1315
European Space Agency (ESA), 923
European Synchrotron Radiation Facility 

(ESRF), 169, 933, 1038, 1202
European Training and Education for Medical 

Physics Experts in Radiology 
(EUTEMPE-RX), 1332

European Union (EU), 1226
European XFEL, see European X-ray Free-

Electron Laser Facility
European X-ray Free-Electron Laser Facility 

(European XFEL), 179
EUTEMPE-RX, see European Training and 

Education for Medical Physics 
Experts in Radiology

eV, see Electron volts
EXAFS, see Extended X-ray absorption fine 

structure
Excess Absolute Risk (EAR), 509; see also 

Radiation-induced breast cancer
Excess Relative Risk (ERR), 509; see also 

Radiation-induced breast cancer
Exia-160, 761
Expectation maximization (EM), 704
Expectation MTF (EMTF), 481
Explicit reconstruction methods, 893
Extended cardiac-torso phantoms (XCAT 

phantoms), 1172; see also 
Computational phantoms

Extended Display Identification Data (EDID), 
1304

Extended X-ray absorption fine structure 
(EXAFS), 16

eXtension Relational DataBase Management 
System (XRDBMS), 1255

Extraoral projection radiography, 435, 436–438; 
see also Dental radiography; 
Cephalometric radiography

devices and hardware, 441
hand-wrist radiographs, 448–449
lateral oblique mandible view, 444–445
posterior–anterior view, 441–442
Reverse Towne projection, 443–444, 445
Schuller projection, 446
sialography in dental radiography, 447–448
skull projections, 441
special TMJ projections, 445–447
submentovertex projection, 442
Towne projection, 443, 444
transpharyngeal projection, 447
Waters projection, 442–443

Extreme bounds (EB), 511
Extreme Light Infrastructure (ELI), 316
EZ-CR/DIN phantom, 1138; see also Phantom

F

Facility Oncology Registry Data Standards 
(FORDS), 1256

Faculty of Medicine—Centro Hospitalar 
São João, at University of Porto 
(FMUP-HSJ), 1254

False positive fraction (FPF), 1221
False-positives per scan (FP/scan), 1265
Fan-beam;  see also X-ray based imaging 

systems
kV CT on-rail systems, 909–910
MV CT of tomotherapy, 910–911, 912, 913

Fano-factor, 18
FAR, see Folic acid receptor
Faraday–Maxwell equation, 30
FASH, see Female Adult meSH
Fast CT technology, 887; see also High-speed 

X-ray CT
Bergen gamma-ray tomography system, 889
conventional CT systems, 887–888
Dresden ultra fast electron beam X-ray 

tomography scanner, 889
high-speed synchrotron imaging, 888
laboratory CT systems, 888
non-standard medical CT systems, 888
Rapiscan RTT110 fast baggage scanner, 

891
swept electron beam CT systems, 889–890
switched-source CT systems, 890
systems with multiple simultaneously 

operating source, 888–889
Fast Fourier transform (FFT), 481
Fast prospective gating (FPG), 754
Fast Readout Low Noise (FReLoN), 1203
FAX (Female Adult voXel), 1165
FBP, see Filtered back projection
FCM, see Fluorescent carboxyl microspheres; 

Fuzzy c-means
FD, see Forward diffraction
FDA, see U.S. Food and Drug Administration
FDD, see Focus detector distances
FDG, see 18F-fluorodeoxyglucose
FDK, see Feldkamp–Davis–Kress
FE, see Field emission
Feature-based alignment, 834
Fecal occult blood test (FOBT), 1225
FEDs, see Field emission displays
FEL, see Free-electron laser
Feldkamp–Davis–Kress (FDK), 649, 904; 

see also 3D reconstruction
algorithm, 1053
method, 688–690

Feldkamp–Davis–Kress reconstruction, 716, 
733; see also Cone beam computed 
tomography

implementation, 735
implemented in GPU, 737
keys in GPU programming, 736–737
optimization with GPU, 736–738
reconstruction filters, 735–736
theory, 734–735

Feldkamp killer, 689
FEM, see Finite element modeling
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Female Adult meSH (FASH), 1164; see also 
Computational phantoms

segmented tissues in, 1170
updated versions of, 1168
whole-body phantoms, 1169

FE-MXTs, see Field emission miniature X-ray 
tubes

Fenwick, Hurry, 339
Fermi-level, 62
FFDM, see Full-field digital mammography
18F-fluorodeoxyglucose (FDG), 761
FFT, see Fast Fourier transform
FGI, see Fluoroscopically guided intervention
Field-electron emission, 119; see also Miniature 

X-ray tubes
CNFs formed on Pd wire, 121
from metallic surface, 120
Mo wire with electro-polished tip, 120
Pd crystallite located atop Pd-induced CNF, 

121
Field emission (FE), 105–106, 119; see also 

CNT-based field emission X-ray 
technology

behavior of CNT cathodes, 108
from carbon nanotubes, 106–107
current, 105
field enhancement factor, 105

Field emission displays (FEDs), 105
Field emission miniature X-ray tubes 

(FE-MXTs), 119; see also Miniature 
X-ray tubes

CNF growth on Pd-deposited Mo tip, 124
CNFs grown on conical top end of Pd wire, 

121
construction, 121
emitter assembly for growing CNFs on Mo 

tip, 124
energy spectrum of X-rays, 122
5 mm diameter MXT, 122–126
mouse leg imaged by operating 10 mm tube, 

123
SMXT, 123, 125
10 mm diameter X-ray tube, 121–122
XR image of LSI recorded with 10 mm tube, 

123
Field enhancement factor, 105
Field of view (FOV), 383, 392, 641
Figure of merit (FOM), 286, 363, 570, 1032
Filament current, 61
Film

characteristic curve, 362
digitization systems, 605–606
radiography, 1187–1189

Filtered back projection (FBP), 288, 295–296, 
378, 466, 639, 675; see also 2D 
reconstruction

algorithm, 678
aliasing artifacts in reconstruction, 680
considerations in reconstruction, 678
fan beam, 682–684, 685
for grating and DEI-based PCTI systems, 

1052–1053
Hamming-type apodization window, 680
effect of interpolation in pixel-driven back 

projection, 679
Ramachandran–Lakshminarayan filter, 676
reconstruction method, 699–700
smearing back, 677

Finite element modeling (FEM), 941
First optical enclosure (FOE), 175
Fixed gain method, 733
Fixed pattern noise, 569
Fixed X-ray units, 518; see also Clinical 

radiographic units
air gaps, 526
alternative X-ray tables, 519
crossed grid, 525
erect X-ray stand, 520–521, 522
focus, parallel, or crossed grids, 524–525
general fixed X-ray units, 518
grid, 522–524
mobile X-ray table, 520
moving grids, 525–526
Potter–Bucky grid, 526
radiography and fluoroscopy room, 521
sub-frame, 521–522
tilting table, 519–520
U-arm tables, 521, 523
X-ray table, 518–519

Flat-field correction, 696
Flat-panel (FP), 859
Flat-panel detector (FPD), 235, 392, 460, 610, 

714, 918; see also Four-dimensional 
CT

-based CT gantries, 860–862
-based system, 859
dynamic imaging using C-arm systems, 

859–860
4D dynamic images of traumatic lower limb 

injury, 862
phases from dynamic CTA of internal 

carotid stent, 861
Flat-panel sensors (FPS), 871
Flat-panel Volumetric CT (fpVCT), 860
Floating Zone (FZ), 1078
Fluorescence, 11

yield vs. atomic number, 1363
Fluorescence molecular tomography (FMT), 761
Fluorescent carboxyl microspheres (FCM), 1017
Fluorescent proteins (FPs), 841
Fluoroscopically guided intervention (FGI), 406, 

1315
Fluoroscopic imaging, 395; see also Fluoroscopy

detector, 397–401
elements of, 396
exposure control, 401–402
filtration, 396–397
grid, 401
image display, 401
patient support, 401
X-ray generator, 395–396

Fluoroscopic imaging quality, 404; see also 
Fluoroscopy

contrast resolution, 404–405
noise, 405
post-processing, 404
recursive filtering, 405
spatial resolution, 405–406
temporal resolution, 405

Fluoroscopy, 333, 337–339, 391, 402–403; 
see also Dosimetric consideration in 
fluoroscopy; Fluoroscopic imaging; 
Fluoroscopic imaging quality; 
Fluoroscopy operating modes

application specific design, 392
bi-plane angiography system, 395

common angiographic procedures, 394
dose management in, 406
fixed C-arms, 393–395
fluoroscopic equipment, 395
fluoroscopic equipment with X-ray tube, 

392–393
mobile C-arms, 393
phantoms for, 1146–1148
radiation protection in, 1315–1322

Fluoroscopy operating modes, 402
continuous fluoroscopy, 402
digital acquisition imaging, 403
digital subtraction angiography, 403
roadmapping, 403–404
rotational angiography, 404

FMT, see Fluorescence molecular tomography
FMUP-HSJ, see Faculty of Medicine—Centro 

Hospitalar São João, at University of 
Porto

F–N, see Fowler–Nordheim
FOBT, see Fecal occult blood test
Focal spot, 360–361
Focus detector distances (FDD), 937
Focusing trench, 721
FOE, see First optical enclosure
Folic acid receptor (FAR), 760
FOM, see Figure of merit
Forced detection technique, 967
FORDS, see Facility Oncology Registry Data 

Standards
Forensic radiology (FR), 619, 631; see also 

Computed tomography scan; Post-
mortem CT scanning

cause of death investigation, 620
dental radiography and odontology, 624
fluoroscopy, 623
Hangman’s fracture, 622
historical review, 621–622
imaging in mass fatalities, 630–631
modalities, 622–623
orthopantomogram radiograph, 624
plain film imaging, 623
rigor mortis, 623
scan only PM investigation, 621
virtual exhumation, 622

Forward diffraction (FD), 1065
Forward reflection miniature X-ray tube 

(FR-MXT), 127–128; see also 
Miniature X-ray tubes

4D cardiac-torso XCAT phantom, 1170; see also 
Computational phantoms

4DCT, see Four-dimensional CT
4D imaging for intervention guidance, 862–864; 

see also Four-dimensional CT
data acquisition and reconstruction schemes, 

864
real-time, 863
requirements for, 863

Four-dimensional CT (4DCT), 788
Fourier slice theorem, 834; see also Central 

section theorem
Fourier transform (FT), 478, 672, 993
FOV, see Field of view
Fowler–Nordheim (F–N), 119
FP, see Flat-panel
FPD, see Flat-panel detector
FPF, see False positive fraction
FPG, see Fast prospective gating
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FPM, see Fundamental Parameters Method
FPS, see Flat-panel sensors
FPs, see Fluorescent proteins
fps, see Frames per second
FP/scan, see False-positives per scan
fpVCT, see Flat-panel Volumetric CT
FR, see Forensic radiology
Frames per second (fps), 853
Free-electron laser (FEL), 155, 166, 821; see also 

X-ray free electron laser
coordinated emission by electron bunch, 

167
electron planes inside electron bunch, 167
intensity increase, 167

Free propagation phase contrast, 25
Free-response ROC (FROC), 1221
FReLoN, see Fast Readout Low Noise
Frequency split metal artifact reduction 

(FSMAR), 704
Fresnel zone plate (FZP), 172, 822–823

point-to-point imaging with, 825
Fringe scanning, 985
FR-MXT, see Forward reflection miniature 

X-ray tube
FROC, see Free-response ROC
FSMAR, see Frequency split metal artifact 

reduction
FT, see Fourier transform
Full-field digital mammography (FFDM), 112, 

460, 718, 1143, 1212
Full width at half maximum (FWHM), 18, 112, 

943
Fundamental Parameters Method (FPM), 1089
Fuzzy c-means (FCM), 1232; see also Computer 

analysis of mammograms
FWHM, see Full width at half maximum
FZ, see Floating Zone
FZP, see Fresnel zone plate

G

Gadolinium oxysulfide (GOS), 812, 1193
Gantry-CT, 940–941; see also Industrial CT 

scanners
Gastrin releasing peptide (GRP), 760
Gastrointestinal (GI), 392, 545
GCI, see Getty Conservation Institute
GDEI, see Generalized DEI
gDQE, see Generalized DQE
GDR, see Giant electric dipole moment
GE, see General Electric
General Electric (GE), 67
Generalized DEI (GDEI), 1004
Generalized DQE (gDQE), 500–501, 1311
Generalized Gaussian Markov Random Field 

(GGMRF), 652
Generalized MTF (gMTF), 500
General Medical Merate (GMM), 546
Generators, 93
Genito-urinary (GU), 545
Geometrical blur, 723
Geometrical optics approximation (GOA), 982
Geometrical Product Specification (GPS), 950
Getty Conservation Institute (GCI), 1198
GF, see Glandular Fraction
GFP, see Green fluorescent protein
GGMRF, see Generalized Gaussian Markov 

Random Field

GGOs, see Ground glass opacities
Ghent University in Belgium (UGCT), 1193
GI, see Gastrointestinal
Giant electric dipole moment (GDR), 19
Giant nuclear resonance (GNR), 19
Glandular Fraction (GF), 356
Glass blowers workshop, 143; see also X-ray 

tubes history
GM, see Gray matter
GMM, see General Medical Merate
gMTF, see Generalized MTF
GNR, see Giant nuclear resonance
GOA, see Geometrical optics approximation
Goetze’s line focus, 147–148; see also X-ray 

tubes history
GPS, see Geometrical Product Specification
GR, see Grid ratio
Graphic processing units (GPUs), 382, 675, 716
Grating-based multi-contrast X-ray breast 

tomosynthesis imaging system, 
1061

Grating interferometry (GI), 992, 1027, 
1029–1030; see also Phase-contrast 
mammography

comparison of PBI, ABI, and GI methods, 
1032–1033

CT and tomosynthesis, 1041–1042
development and status of, 1039
GI PCM application, 1043
mammoDPC technique, 1039
mammograms of invasive ductal carcinoma, 

1040
schematic setup, 1030
sources, 1042–1043
tissue characterization, 1039–1041

Gray matter (GM), 1177
Grayscale standard display function (GSDF), 

1275, 1289–1290; see also Medical 
display

calculating observed contrast, 1292
calibrating 8-bit display with, 1291
calibrating monochrome medical display 

with, 1290–1291
comparing sRGB and CIELAB with, 

1293–1294
conformance of medical display, 1291–1292, 

1293
observed contrast and JND index, 1292

Gray values (GV), 608
Green fluorescent protein (GFP), 841
Green’s function, 32
Grid, 522

crossed grid, 525
focus, 524, 525
moving grids, 525–526
parallel, 524–525
Potter–Bucky grid, 526

Grid ratio (GR), 524, 571
Grossman tomosynthesis image acquisition 

geometry, 1051
Ground glass opacities (GGOs), 1260
GRP, see Gastrin releasing peptide
GU, see Genito-urinary
Guide to the Expression of Uncertainty in 

Measurement (GUM), 956
GUM, see Guide to the Expression of 

Uncertainty in Measurement
GV, see Gray values

H

H&D plot, see Hurter and Driffield plot
H&E, see Hematoxylin and eosin
Hadrons, 19
Half-value layer (HVL), 7, 362, 186
Hand-wrist radiographs, 448–449; see also 

Extraoral projection radiography
Hanging protocol, 360
Hangman’s fracture, 622
HCS, see High Contrast Sensitivity Technique
HDL, see High-density lipoprotein
HDM, see High density materials
HE, see High energy
Health Protection Agency (HPA), 1333
Heat Units (HU), 79, 145
Heel effect, 147, 359
Helmholtz equation, 31, 972
Hematoxylin and eosin (H&E), 1075
Her Majesty’s Coroner (HM Coroner), 628
Hertzian dipole, 33
High Contrast Sensitivity (HCS) Technique, 611
High-density lipoprotein (HDL), 760
High density materials (HDM), 876
High energy (HE), 385, 808
Highest power density CT tube 2007, 152–153; 

see also X-ray tubes history
High resolution XPCI, 1018; see also X-ray 

phase-contrast imaging
High-speed X-ray CT, 887, 894; see also Fast 

CT technology; Reconstruction 
algorithms for fast dynamic CT

Hilbert filter, 994
HIS, see Hospital information systems
Histogram-based intensity windowing (HIW), 

1213
HIW, see Histogram-based intensity windowing
HM Coroner, see Her Majesty’s Coroner
Holland, Thurstan, 335
Holotomography, 925
Homogeneous TIE (TIE-Hom), 277
Hospital information systems (HIS), 235, 350, 

410, 529
Hospital Physicists’ Association (HPA), 192
Hounsfield, Godfrey, 348–350
Hounsfield Unit (HU), 716, 787; see also Quality 

assurance
HPA, see Health Protection Agency; Hospital 

Physicists’ Association
HSL, see Hue-saturation level
HSV, see Hue-saturation value
HU, see Heat Units; Hounsfield Unit
Hue-saturation level (HSL), 1295
Hue-saturation value (HSV), 1295
Human eye brain system, 3, 1275
Hurter and Driffield plot (H&D plot), 597, 598
HVL, see Half-value layer
Hybrid computational phantoms, 1168, 1169; 

see also Computational phantoms
Hybrid pixel detectors, 240, 241, 247; see also 

Photon-counting detectors
Medipix 1, 247
Medipix 2, 247–248
Medipix 3, 250, 251
medipiX-based imaging systems, 251–252
Pilatus, 252–253
pixel cell in, 245
sensing nodes, 250



1378 Index

Hybrid pixel detectors (Continued)
Timepix, 248–250
XPAD, 254

Hydrogen atom, 43–44

I

IAEA, see International Atomic Energy Agency
IAKR, see Incident Air Kerma Rate
IC, see Integrated circuits
ICA, see Internal carotid artery
ICDM, see International Committee for Display 

Metrology
ICRP, see International Commission on 

Radiological Protection
ICRU, see International Commission on 

Radiation Units and Measurements
ICS sources, see Inverse Compton scattering 

X-ray sources
ICTP, see International Center for Theoretical 

Physics
iCT scanners, see Industrial CT scanners
ID, see Identification
Identification (ID), 1252
IDL, see Interactive Data Language
IEC, see International Electrotechnical 

Commission
IGBTs, see Insulated-gate bi-polar transistors
IGRT, see Image-guided radiation therapy
IIR, see Iterative image reconstruction
Image  see also Imaging detector; Noise

artifacts, 954–955, 956
blurring mechanisms, 269
fusion, 451
intensifier system, 397, 398
interpretation, 334–336
noise, 262, 485, 876
processing filters, 606
reconstruction, 669
segmentation, 836–837

Image-guided radiation therapy (IGRT), 204, 
718, 897; see also CNT-based field 
emission X-ray technology; X-ray 
based imaging systems

microbeam, 114–116
Image quality, 261, 263; see also Cascaded-

systems theory; Detective quantum 
efficiency; Linear systems theory

in attenuation-based and phase-contrast-
based imaging, 275, 305

classification task, 286
global measures of, 495
in-line phase-contrast imaging and CT, 288
in statistical decision theory, 286–288
X-ray dose and role in, 283–284
X-ray mammogram, 262

Image quality evaluation, 227; see also 
Computed radiography

characteristic curve, 227–228
detectability, 234
detective quantum efficiency, 232–233
digital characteristic curve vs. logarithm of 

relative detector dose, 227
digital MTF, 228
edge device, 229
ESFs, 229, 230
factors affecting noise, 230–231
factors affecting spatial resolution, 228

general radiography, 234
line spread functions, 229
mammography, 234–235
modulation transfer function, 228–230
noise equivalent quanta, 232–233
noise properties, 230
physical imaging properties, 227
presampled MTF, 228, 230
spatial resolution, 228
Wiener spectrum, 231–232

Image quality indicators (IQI), 600, 603
selection of, 604

Imaging detector, 397–401; see also 
Fluoroscopic imaging

components of image intensifier, 398
flat panel detector based systems, 400–401
FPD-based system, 400
image intensifier system, 397
indirect flat-panel detector, 400
optical system, 399–400
pincushion effect, 398

Imaging parameters, 1038
Imaging plates (IP), 461, 606; see also 

Photostimulable phosphor
advantages, 607

Imaging system
imaging quality and information capacity of, 

280–283
spatial resolution and signal-to-noise ratio of, 

278–280
Impulse–response function (IRF), 263–264, 477; 

see also Linear systems theory
IMRT, see Intensity modulated radiotherapy
INbreast database, 1254; see also 

Mammographic databases
Incident Air Kerma Rate (IAKR), 398
Incoherent Compton scattering, 12; see also 

X-ray interactions in matter
Compton camera/telescope, 13
Compton scattering angle, 13
energy absorption cross-section, 13
Klein–Nishina differential cross-section, 12
PDF for Compton scattering vs. photon 

scattering angle, 12
Incoherent scattering function, 1085
Incoherent Thomson scattering, 11–12
Indexed Atlas of Digital Mammograms (AMDI), 

1255; see also Mammographic 
databases

database, 1255, 1256
INDIAM (INterpretation and Diagnosis of 

Mammograms), 1255
Indirect digital detector, 531
Industrial cone beam micro computed 

tomography scanner, 951
Industrial CT (iCT), 917

comparison of Feldkamp with shrinking 
source-detector-distance, 930

compression of metallic foam, 927
cone beam CT with ever smaller focal spot 

sizes, 924
CT as reference for other NDT methods, 920
CT using scattered radiation, 925
CT with microscopes, 924
destructive test of fixing of helicopter 

blade, 920
digital 3D image, 926–927
exact shape and size determination, 921–923

fast and ultra-fast CT, 929
fast measurements, 918
Head of Kythera CT slice, 918, 919
injection needle diameter depending on 

measurement type, 923
inner surface of injection needle, 923
internal process inspection, 926
investigation goals, 919
learning from medical CT, 929
linear accelerator 2D-CT slice, 919
material internal structure determination, 

920–921
with medical devices, 928–929
NDT for defect detection, 919–920
over-sized CT devices, 923–924
phase-contrast CT, 924–925
subsequent image processing, 927
the effect of defect, 920
3D-CT image improvement, 928
3D micro-computed tomography, 920
2D detector artifacts, 927–928
wavy CFC structure, 920

Industrial CT scanners (iCT scanners), 933, 937; 
see also Lens-based nano-CT

components, 934–936
detector-based sub-µ CT, 943–945
Gantry-CT, 940–941
macro-CT, 939–940
micro-CT, 941–942
SEM-based nano-CT, 945
source-based sub-µ CT, 942–943, 944
XXL-CT, 936–939

Industrial radiography, 595; see also Computed 
radiography; Digital detector arrays; 
Digital industrial radiology

contrast, 600
graininess, 598
granularity curves, 598
H&D plot, 597
image formation by penetrating 

radiation, 600
image quality, 599, 603
industrial X-ray films, 596–599
Klasens film unsharpness, 598
NDT film system parameters, 599
noise and granularity, 600–601
optimal magnification, 601
standards on DIR, 604, 605
unsharpness, 601
visibility of flaws, 601–603

Industrial X-ray films, 596
INFN (Istituto Nazionale di Fisica Nucleare), 

1252
Inhomogeneous equations, 973–974; see also 

X-ray phase-contrast imaging theory
In-line phase-contrast imaging, 288

layout and geometrical parameters, 276
Institute of Physics and Engineering in Medicine 

(IPEM), 1138, 1149
Insulated-gate bi-polar transistors (IGBTs), 94
Integrated circuits (IC), 714
Intelligent workstation, 1234; see also Computer 

analysis of mammograms
Intensity-based algorithms, 1262
Intensity modulated radiotherapy (IMRT), 897
Intensity ratios vs. atomic number, 1364–1365
Interaction point (IP), 314
Interactive Data Language (IDL), 178
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Interferometers, 23
Internal carotid artery (ICA), 862
International Atomic Energy Agency (IAEA), 

575, 776
International Center for Theoretical Physics 

(ICTP), 1193
International Commission on Radiation Units 

and Measurements (ICRU), 1113
International Commission on Radiological 

Protection (ICRP), 1113
International Committee for Display Metrology 

(ICDM), 1285
International Electrotechnical Commission 

(IEC), 146, 227, 364
International Organisation of Medical Physics 

(IOMP), 1333
International Symposium of Biomedical Imaging 

(ISBI), 1264
Interventional fluoroscopy, 555; see also Clinical 

fluoroscopy units
cardio electrophysiology laboratory, 560
cardiology catheterization suites, 558–560
peripheral angiography suites, 555–558
robotic arm angiography suites, 558

Interventional procedures, 1318
Interventional radiology, 348

RL proposal for, 1316
Interventional reference point (IRP), 410, 1317
Intraoral radiography, 417; see also Dental 

radiography; Maxillofacial cone 
beam CT

aiming devices, 420, 421
bitewing radiograph, 421–422
challenges, 417–418
cone cut, 420
dental X-ray tube, 418
devices, 418–421
digital full mouth series, 423
errors in, 424
exposure geometry of, 423
film sizes for, 419
occlusal radiographs, 423–424
paralleling technique, 421
periapical radiographs, 422–423
perpendicular technique, 420
placement of intraoral sensor, 418
solid state detectors, 421
solid-state receptors with cable-connection 

to PC-interface, 419
storage phosphor plates, 419, 420
targets, 417
techniques, 421
typical errors in, 424

Intraperitoneal (IP), 759
Intravenous urograms (IVU), 522
Intrinsic imaging quality, 281
Inverse Compton scattering X-ray sources 

(ICS sources), 309, 322–323; see also 
All-optical X-ray

backscattering setup, 311
conceptual scheme of, 310
conventional, 314–316
electron bunch parameters, 313
laser pulse parameters, 314
linear Thomson scattering, 311–313
maximum energy and divergence of X-ray 

beam, 312
nonlinear Thomson scattering, 313

peak spectral brightness and X-ray photon 
energy range, 310

physics of, 310
single electron collision, 311
spatial phase space of bunch 

macro-particles, 314
STAR layout, 315
ThomX machine layout, 316

IOMP, see International Organisation of Medical 
Physics

Ionization injection, 318; see also All-optical 
X-ray

IP, see Interaction point; Intraperitoneal
IPEM, see Institute of Physics and Engineering 

in Medicine
IQI, see Image quality indicators
IR, see Iterative reconstruction
IRF, see Impulse–response function
IRMA Project (Image Retrieval in Medical 

Applications Project), 1255; see also 
Mammographic databases

IRP, see Interventional reference point
ISBI, see International Symposium of 

Biomedical Imaging
Isotopes, 918
Isowatt point, 62
Iterative algorithms, 753
Iterative image reconstruction (IIR), 650
Iterative reconstruction (IR), 1269; see also 

Algebraic reconstruction technique; 
Analytical reconstruction methods; 
Computed tomography; Computed 
tomography acquisition process; 
Statistical reconstruction methods

dynamic computed tomography, 706
law of Beer–Lambert, 696
methods, 693
projection geometries, 696–697

IVU, see Intravenous urograms

J

Jackknife free-response receiver operating 
characteristic (JAFROC), 1267

JAFROC, see Jackknife free-response receiver 
operating characteristic

JND, see Just-noticeable difference
Joseph’s method, 701
Just-noticeable difference (JND), 1286, 1290

K

Kaczmarz algorithm, 891
Kaiser-Bessel functions, 700
K and L X-rays and critical absorption energies, 

1360–1361
KAP, see Kerma-Area Product
Karush–Kuhn–Tucker (KKT), 705
Katholieke Universiteit Leuven (KUL), 1174
KB, see Kirkpatrick–Baez
Kerma-Area Product (KAP), 409
keV, see Kiloelectronvolt
Kiloelectronvolt (keV), 959
Kilovoltage (kV), 897; see also X-ray based 

imaging systems
and megavoltage imaging, 897, 911

Kirkpatrick–Baez (KB), 822
KKT, see Karush–Kuhn–Tucker

Klein–Nishina differential cross-section, 12, 38, 39
Klein–Nishina formula, 961, 966
k-nearest neighbor (kNN), 1233
kNN, see k-nearest neighbor
Knowledge, skills, and competences (KSC), 1329
Kondensor-Zonenplatte (KZP), 825
Korean reference man phantom, 1128; see also 

Anthropomorphic phantoms
Kramers–Kronig relationships, 22
Kramers–Thomson–Whiddington model 

(KTW model), 187–188
KSC, see Knowledge, skills, and competences
KTW model, see Kramers–Thomson–

Whiddington model
KUL, see Katholieke Universiteit Leuven
kV, see Kilovoltage
kV C-arm imaging systems, 911, 913, 914; 

see also X-ray based imaging systems
kV X-ray based planar imaging, 897
Kyoto-Kagaku phantoms, 1125–1127; see also 

Anthropomorphic phantoms
KZP, see Kondensor-Zonenplatte

L

LAA, see Laue type angle analyzer
LAC, see Linear absorption coefficient
Lambert–Beer law, 4

of attenuation, 952
Large Hadron Collider (LHC), 929
Large-scale-integrated circuit (LSI circuit,), 122
Laser-plasma acceleration (LPA), 316–317
Laser produced plasma (LPP), 822
Laser scanner, 605
Laser wake-field acceleration (LWFA), 310, 316
Lateral oblique mandible view, 444–445; see 

also Extraoral projection radiography
Laue type angle analyzer (LAA), 1065, 1066
Lawrence Livermore National Laboratories 

(LLNL), 1254, 1255; see also 
Mammographic databases

LCD, see Liquid crystal display; Low contrast 
detectability

LCIS, see Lobular carcinoma in situ
LDA, see Line detector array; Linear 

discriminant analysis
LDCT, see Lung cancer with low-dose CT
LE, see Low energy
Lens-based nano-CT, 945; see also Industrial 

CT scanners
applications, 947–948
current status, 948
optical elements, 946–947
outlook, 948
source, 946
spatial resolution of Xradia Ultra, 947

Lesion, 1233; see also Computer analysis of 
mammograms

segmentation, 1231
LFD, see Low-frequency drop
LHC, see Large Hadron Collider
LI, see Linear interpolation
LIDC, see Lung Image Database Consortium
LIDC/IDRI, see Lung Image Database 

Consortium and Image Database 
Resource Initiative

Life Span Study (LSS), 508
Light beam, 972
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LINAC CT, 919
LINACs, see Linear accelerators
Linear absorption coefficient (LAC), 820
Linear accelerators (LINACs), 20, 168, 169, 899
Linear and shift-invariant systems (LSI systems), 

264, 786; see also Linear systems 
theory

line-spread function, 266
point-spread function, 266
in two dimensions, 266

Linear detectors, 240; see also Photon-counting 
detectors

Linear discriminant analysis (LDA), 1264
Linear interpolation (LI), 296
Linear no-threshold model (LNT), 508
Linear systems theory, 263, 495; see also Image 

quality; Linear and shift-invariant 
systems

cascading processes, 265–266
convolution integral, 264–265
digital systems, 267
digital X-ray image of star pattern, 268
image Wiener noise power spectrum, 266
impulse–response function, 263–264
modulation transfer function, 265
noise aliasing, 268
Parseval’s theorem, 266
sampling and aliasing, 267–268
system characteristic function, 265
Wiener–Khinchin theorem and NPS, 266–267

Line detector array (LDA), 937
Line-spread function (LSF), 266, 1145
Liouville theorem, 163
Liquid bearings, see Spiral groove bearings
Liquid crystal display (LCD), 220, 1284; 

see also Medical display
LLNL, see Lawrence Livermore National 

Laboratories
LNT, see Linear no-threshold model
Lobular carcinoma in situ (LCIS), 1076
Localization ROC (LROC), 1221
Lommel functions, 826
Lookup table (LUT), 368
Lorentz gauge, 31
Low contrast detectability (LCD), 642
Low energy (LE), 385, 808
Low-frequency drop (LFD), 480
Low Voltage Differential Signaling (LVDS), 248
LPA, see Laser-plasma acceleration
LPP, see Laser produced plasma
LROC, see Localization ROC
LSF, see Line-spread function
LSI circuit, see Large-scale-integrated circuit
LSI systems, see Linear and shift-invariant 

systems
LSS, see Life Span Study
Lumbar aortography, 345, 347
LUNA (Lung Nodule Analysis), 1267
Lung cancer with low-dose CT (LDCT), 1259
Lung Image Database Consortium (LIDC), 1260
Lung Image Database Consortium and Image 

Database Resource Initiative (LIDC/
IDRI), 1220

Lung imaging, 1013–1014; see also Non-
interferometric techniques

Lung Nodule Analysis, see LUNA
Lung nodule detection, 1259, 1269–1270; 

see also Computer-aided detection

CAD in clinical practice, 1267–1268
CAD performance, 1264–1266
CAD system for, 1260, 1261, 1264
false-positive reduction, 1263–1264
image preprocessing, 1262
intensity-based algorithms, 1262
lung nodule analysis, 1267
nodule candidate identification, 1262–1263
nodule tracking, 1269
nodule types, 1260–1261
open issues in CAD research, 1268–1269
resources for algorithm training and 

validation, 1264
winning strategy in, 1266–1267

LUT, see Lookup table
LVDS, see Low Voltage Differential Signaling
LWFA, see Laser wake-field acceleration

M

Macro-CT, 939–940; see also Industrial CT 
scanners

Dragonfly-CT, 939
Robo-CT inspection system, 939

M-AFC, see Multiple alternative-forced choice
MAGIC-5 database, 1252–1253; see also 

Mammographic databases
Magnetic resonance imaging (MRI), 4, 

452, 857
Male Adult meSH (MASH), 1164; see also 

Computational phantoms
newly segmented tissues in, 1170
updated versions of, 1168
whole-body phantoms, 1169

MaleAdult voXel, see MAX
mammoDPC technique, 1039
Mammogram display, 368; see also Digital 

mammography
CADe systems, 370
effect of CLAHE on mammogram, 369
computer-aided detection, 369–370
lookup tables, 368
mammogram with attenuation coefficients, 

1176
peripheral enhancement, 370
spatial enhancement, 368–369
unsharp masking, 369

Mammographic databases, 1249, 1257
AMDI database, 1255, 1256
BancoWeb LAPIMO database, 1253–1254
BCDR database, 1254
DBMS, 1255–1257
DDSM database, 1250–1252
INbreast database, 1254
IRMA Project, 1255
LLNL/UCSF database, 1254–1255
MAGIC-5 database, 1252–1253
MammoGrid Project, 1253
MIAS database, 1250

Mammographic Image Analysis Society 
(MIAS), 1250, 1255; see also 
Mammographic databases

Mammography (MG), 457, 563, 1012, 1025, 
1283; see also Breast X-ray imaging; 
Clinical mammography units; Digital 
mammography; Phase-contrast 
mammography; Radiation-induced 
breast cancer

CD curves using CDMAM as function of 
DAK, 472

density measurement, 373
object evaluation of image quality, 472
phantoms for, 1141–1142, 1142–1145, 1146
radiation qualities used, 474
to reduce scatter effects in, 461

Mammography detectors, 483
DQE, eDQE, and gDQE, 500
noise, 490
pre-sampling MTF l, 484

Mammography image quality assessment, 361; 
see also Digital mammography

curve of radiographic film, 362
exposures, 362–363
figures of merit, 363–365
phantoms for, 365–366
radiation dose, 362

Mammography Quality Standards Acts 
(MQSA), 1142

MammoGrid Project, 1253; see also 
Mammographic databases

Mammoreplicator, 1240; see also Computer 
analysis of mammograms

Manufacturing metrology, 949; see also 
Dimensional metrology

conformity testing, 950
historical summary, 949
measurement characteristics, 950
six sigma management system, 949

MAP, see Maximum a posteriori
Marching cubes (MC) algorithm, 953
Markov random fields (MRFs), 836
Martyrs’ Memorial in Hamburg, 342–343
MASH, see Male Adult meSH
MASMIP (Molybdenum Anode Spectral Model 

using Interpolating Polynomials), 194
Mass absorption coefficient, 7, 21
Massachusetts General Hospital (MGH), 1075
Mass attenuation coefficient, 21

in X-ray energy interval, 1337–1358
MAX (MaleAdult voXel), 1165
Maxillofacial cone beam CT, 867, 882–883; 

see also Dental panoramic 
radiography; Intraoral radiography

acquisition protocol, 874
artifacts, 876–878
CBCT imaging systems, 872
changing dental bite, 881
clinical applications, 880, 881–882
commercial units, 869–870
considerations, 873–874
contrast resolution, 875–876
development of, 868
device configurations, 873
device limitations, 875
device modifications, 871
devices, 870–871
dose reduction strategies, 879–881
DPR images, 868
early innovators, 870
exposure, 874
field of view, 874
frame rate, 874
geometric configurations, 871–873
image sensor, 871
improvements, 870
noise, 876
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published effective doses, 878
radiation dose considerations, 878–879
reconstruction time, 874
reformatted panoramic image, 881, 882
rotation angle, 874
spatial resolution, 875
volumetric rendering images, 881, 883
X-ray tube and exposure, 871

Maximum a posteriori (MAP), 706
reconstruction, 706–709

Maximum intensity projection (MIP), 640
Maximum Likelihood Expectation 

Maximization (MLEM), 382
Maximum permissible error (MPE), 957
Maxwell equations, 30–31
MBP, see P-selectin targeted microbubbles
MC, see Marching cubes algorithm; Micro-

calcification; Monochromator-
collimator; Monte Carlo

MCA, see Middle cerebral artery
MCM, see Monte Carlo method
MCP, see Multi-Channel-Plate detectors
MDCT, see Multi-detector computed 

tomography
MDS, see Multidimensional scaling
Mean free path, 5
Mean glandular dose (MGD), 362, 464, 472, 

1034; see also Breast dosimetry
conversion factors for DBT, 583–585
conversion factors for mammography, 577, 

585–587
conversion factors using Dance model, 

577–581
conversion using Wu and related models, 

581–583
measurement uncertainty in, 590
of patient to phantom, 592
for standard breast, 590
values, 591
variation for given compressed breast 

thickness, 591
Mean transit time (MTT), 855
Medical display, 1283–1284; see also 

Display QC
AAPM TG18, 1290
Barten’s contrast sensitivity model, 

1286–1288
Barten’s simplified model, 1288–1289
calibrating monochrome display with GSDF, 

1290–1291
characteristics, 1284–1285
classifications, 1283
comparing GSDF with sRGB and CIELAB, 

1293–1294
contrast sensitivity and spatial frequency, 

1288
essential optical characteristics for, 1285
evaluating GSDF conformance of, 

1291–1292
grayscale standard display function, 

1289–1290
internal noise and spatial frequency, 1288
luminance response in mobile displays, 

1294
parameters used in Barten’s model, 1287
perceptual linearity, 1285–1286, 1294–1295
pupil size and luminance modeled, 1287
system, 1284

Medical image display, 1298; see also Display 
QC

consistency, 1299
maximized visibility, 1298
minimized false information, 1299

Medical image quality assessment approaches, 
1311

Medical radiologic technologist (MRT), 518
Medical X-ray tubes, 126; see also Miniature 

X-ray tubes
Mediolateral oblique (MLO), 360, 383
Medipix, 1091
Megaelectronvolt (MeV), 960
Mega Heat Unit (MHU), 77
Megavoltage (MV), 897

X-ray based planar imaging, 897
Metal artifact, 725
Metal–oxide–semiconductor field-effect 

transistors (MOSFETs), 94, 203
-based converter generator, 97

MeV, see Megaelectronvolt
MFD, see Minimum focal distance
MGD, see Mean glandular dose
MGH, see Massachusetts General Hospital
MHU, see Mega Heat Unit
MIAS, see Mammographic Image Analysis 

Society
Michelson contrast, 477

formula, 1290
Microbeam radiation therapy (MRT), 109, 114
Micro-calcification (MC), 112
Micro-computed tomography (Micro-CT), 

109, 110–111, 749, 765–766, 917, 
941–942; see also All-optical X-ray; 
CNT-based field emission X-ray 
technology; Contrast-enhanced 
micro-CT; Industrial CT scanners; 
Non-contrast-enhanced micro-CT

for artworks, 1192–1194
cardio-respiratory gating, 753–754
contrast agents, 756
design geometries, 750
geometric calibration, 752
image reconstruction, 752–753
in vivo cardiac micro-CT images, 753
multi-modality imaging, 761
operating at “Abdus Salam” International 

Center, 1193
phase-contrast micro-CT imaging, 764–765
radiation dose, 765
reconstruction algorithms, 752
scanner prototype, 322
spectral micro-CT, 762–764
system components, 751
system geometry, 750–751
theranostics, 761–762
voxel size and image quality, 754
X-ray detectors, 751–752

Micro-CT, see Micro-computed tomography
Micro-radiotherapy (micro-RT), 114
micro-RT, see Micro-radiotherapy
Microwave amplifier by stimulated emission of 

radiation (maser), 167
Middle cerebral artery (MCA), 855
Miniature X-ray tubes (MXTs), 119, 128; 

see also Field emission miniature 
X-ray tubes

application to space science, 126

Cambridge-type emitter, 128
field-electron emission, 119–121
forward reflection, 127–128
importance of emitters, 128
open-type, 125
triode-type miniature tubes, 126
X-ray catheter, 126
X-ray producing circuit in triode tube, 126

Minimum focal distance (MFD), 942
Minimum ionizing particles (MIPs), 41
MIP, see Maximum intensity projection
MIPs, see Minimum ionizing particles
MIR, see Multiple Image Radiology
MIRD (Medical Internal Radiation Dose), 1164
MIROI, see Multiple image region of interest
MISCAN-Fadia model, 511; see also Radiation-

induced breast cancer
Mixture-model intensity windowing (MMIW), 

1213
MLAB, see Multidisciplinary Laboratory
MLEM, see Maximum Likelihood Expectation 

Maximization
MLO, see Mediolateral oblique
MMIW, see Mixture-model intensity windowing
Mobile C-arm fluoroscopic system, 551, 552; see 

also Mobile units
data from Philips Veradius C-Arm, 554
dose considerations of, 552
exposure rates of, 554
FPD-equipped, 553
image quality of, 552
3D, 553

Mobile chassis design of GE AMX4, 537
Mobile fluoroscopy, 540; see also Clinical 

radiographic units
detectors, 540
direct digital screening, 542–544
image intensification, 540–542
mobile C-arms, 541, 551–554

Mobile O-arm fluoroscopic system, 554; see also 
Mobile units

dose considerations of, 554–555
Mobile units, 536; see also Clinical radiographic 

units
cable storage, 539
fluoroscopy devices, 540, 551, 542
light beam diaphragm and collimator, 539
maintenance and safety, 539
mobile chassis design of GE AMX4, 537
mobile X-ray table, 520
movement locks and limiters, 538
RadPro mobile X-ray machine, 539
range of movements, 537–538
Siemens Mobilett XP digital, 537
weight, 538–539
wheels and drive, 538

Modulation transfer function (MTF), 66, 111, 
227, 228–230, 265, 470

MTF results, 483–485
NPWE model, 503
pre-sampling and curves, 482
2D MTF, 483

Moniz, Egas, 344
cerebral angiogram, 345
head positioned for cerebral angiography, 

345
Monochromator, 15
Monochromator-collimator (MC), 1065
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Monte Carlo (MC), 283; see also X-ray 
scattering

simulation, 250, 1089–1090
Monte Carlo method (MCM), 957
Morton, William, 333–334
MOSFETs, see Metal–oxide–semiconductor 

field-effect transistors
MPE, see Maximum permissible error
MPR view, see Multi-planner reformatted view
MQSA, see Mammography Quality Standards 

Acts
MR, see Magnetic resonance
MRFs, see Markov random fields
MRI, see Magnetic resonance imaging
MRT, see Medical radiologic technologist; 

Microbeam radiation therapy
MSCT, see Multi-slice CT
MSK, see Musculoskeletal
MTT, see Mean transit time
µCT, see Micro-computed tomography
Müller, C. H. F., 142; see also X-ray tubes 

history
Multi-Channel-Plate (MCP) detectors, 935
Multi-detector computed tomography (MDCT), 

639, 793, 853; see also Four-
dimensional CT

cardiac imaging, 856–857
cardiac synchronization, 857–858
catheter angiography for intra-arterial 

thrombectomy, 856
data acquisition for half-sector 

reconstruction, 858
ECG triggering for data acquisition and 

reconstruction, 858
FP-C-Arm and, 860
imaging using conventional gantry, 853
multi-sector reconstruction, 858
non-contrast head CT, 855, 856
parametrization of time-density curves, 854
perfusion imaging, 853–856
perfusion maps after intra-arterial 

thrombectomy, 857
projection data acquisition and 

reconstruction, 857
retrospective ECG-gating, 858, 859
shuttle mode, 859
time-density curve for ROI, 854
two slabs on scout CT, 854
wide area MDCT systems and shuttle modes, 

858–859
Multidimensional scaling (MDS), 1234
Multidisciplinary Laboratory (MLAB), 1193
Multi-planner reformatted view (MPR view), 646
Multiple alternative-forced choice (M-AFC), 471
Multiple Image Radiology (MIR), 1005
Multiple image region of interest (MIROI), 801
Multipurpose fluoroscopic systems, 548; see also 

Clinical fluoroscopy units
data for high contrast fluoroscopic X-ray 

beam, 551
dose considerations of, 550–551
image quality of, 551
magnification and spatial resolution, 551
Siemens Artis Zee fluoroscopic system, 550, 

551
Toshiba UltimaX-I, 549

Multi-slice CT (MSCT), 203, 638; see also 
Computed tomography

applications of, 659, 660
artifacts by polychromatics, 639
beam forming devices, 641
cone-parallel geometry, 649
CTP515 LCD module of Catphan-600 

phantom, 643
data acquisition, 641–642, 649, 655
data redundancy, 650
Defrise phantom, 661
dual peak voltage scan, 656
dual-source-dual-detector MSCT, 654–655
generations of CT architecture, 639–640
helical body phantom by FDK algorithm, 651
helical/spiral SSCT scan, 647
image reconstruction solutions in, 645–650
imaging chain of CT, 640–641
imaging performance in, 642–644
intermediate images, 652
iterative image reconstruction solutions, 

650–653
lateral focal spot wobbling, 655
MTF of reconstruction kernels, 643
native cone beam geometry, 649
radiation dose in, 659
recent advancements, 653
scan of, 640
to suppress craniocaudal aliasing artifacts, 

653–654
system architecture and configuration of, 

639
technological advancements, 663
3D-effect display of, 640
3D surface rendering of heart, 656
transverse images, 649, 651
windmill artifact, 653
z-sharp technique, 654

Mura, 1299
Musculoskeletal (MSK), 1279

phase-contrast imaging, 1013; see also Non-
interferometric techniques

MV, see Megavoltage
MXTs, see Miniature X-ray tubes
Myopia, 1276

N

NA, see Numerical aperture
Nagoya Medical Center (NMC), 1075
NAI, see Non-accidental injuries
Nano-CT, SEM-based, 945; see also Industrial 

CT scanners
National Cancer Institute (NCI), 1264, 1226
National Coordinating Centre for the Physics of 

Mammography (NCCPM), 589
National Council on Radiological Protection 

(NCRP), 659, 776
National Electrical Manufacturers Association 

(NEMA), 1148
National Health Service (NHS), 1331, 1138
National Institute of Standards and Technology 

(NIST), 17, 43, 128, 777, 1109
National Lung Screening Trial (NLST), 1259; 

see also Lung nodule detection
National Synchrotron Light Source (NSLS), 

1036
Nationwide Evaluation of X-ray Trends (NEXT), 

1147
Natural head position (NHP), 439

NCCPM, see National Coordinating Centre for 
the Physics of Mammography

NCI, see National Cancer Institute
NCRP, see National Council on Radiological 

Protection
NDE, see Non-destructive evaluation
NDT, see Non-destructive testing
NDT Films, see Industrial X-ray films
Nearest-neighbor (NN), 295
Needle-structured photostimulable phosphor 

technology, 223
NEMA, see National Electrical Manufacturers 

Association
NEMA-SCA&I phantom, 1148; see also 

Phantom
NEQ, see Noise equivalent quanta
Neuroimaging, 1014–1015, 1016; see also Non-

interferometric techniques
Neutron computed tomography, 1204
Neutron radiography (NR), 1204; see also 

X-raying of artworks
Newtonian liquids, 20
NEXT, see Nationwide Evaluation of X-ray 

Trends
NHP, see Natural head position
NIST, see National Institute of Standards and 

Technology
NLST, see National Lung Screening Trial
NM, see Nuclear medicine
NMAR, see Normalized metal artifact reduction
NMC, see Nagoya Medical Center
NMR, see Nuclear magnetic resonance
NN, see Nearest-neighbor
NNPS, see Normalized noise power spectrum
Noise, 285, 485

auto-covariance and NPS, 485–486
FBP effect on, 295–296
first-order statistics, 485
in-line phase-contrast imaging and CT, 288
interpretation of 2D NPS, 490
key characteristics, 293, 304
normalization and units, 490
pixel values in noisy images, 486
power spectrum and properties, 288–289
practicalities, 490
sources, 485
TIE-Hom phase retrieval effect on, 289–295, 

296–305
Noise decomposition, 490–491

without noise model, 492–493
with polynomial model, 491–492

Noise equivalent quanta (NEQ), 227, 232–233, 
263, 471, 495

linking contrast-detail curves to, 502
Noise measurement method, 486; see also Noise 

power spectrum
data conditioning for noise assessment, 

487–488
ergodicity and stationarity, 487
homogeneous images, 486
NPS of CR system showing spikes, 489
region of interest for noise calculation, 

486–487
2D second-order polynomial for noise 

subtraction, 487
uncertainties of NPS estimate, 488

Noise power spectrum (NPS), 266, 288–289, 470
comparison of, 488
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normalized, 231, 473
NPWE model, 503
2D and 1D radial, 489
2D reduced to 1D, 488

Noise transfer in cascaded imaging systems, 493
capture of incident X-rays, 493
capture of secondary quanta, 494
sampling, 494–495
spreading of secondary quanta, 494
X-rays into secondary quanta, 493–494

Non-accidental injuries (NAI), 623
Non-contrast-enhanced micro-CT, 754; see also 

Micro-computed tomography
bone imaging, 754–755
brain imaging, 755–756
lung imaging, 755

Non-destructive evaluation (NDE), 714
Non-destructive testing (NDT), 596, 917; 

see also Industrial radiography
CT as reference for, 920
for defect detection, 919–920
film digitization, 605–606
film emulsions, 597
film properties, 605
film system parameters, 599
with line detectors, 610

Non-interferometric techniques, 999, 1017–1018; 
see also Analyzer-based imaging; 
Edge illumination

biomedical imaging applications, 1011
breast imaging, 1011–1013
computed tomography, 1010–1011
considerations, 1000–1001
differential phasecontrast image, 1000
lung imaging, 1013–1014
musculoskeletal imaging, 1013
neuroimaging, 1014–1015, 1016
vasculature and tissue imaging, 1015, 1017

Non-pre-whitening matched filter model 
(NPW model), 502

Non-pre-whitening matched filter with eye filter 
model (NPWE model), 502

Non-resonant processes, 21
non-UHV, see Non-ultrahigh vacuum
Non-ultrahigh vacuum (non-UHV), 120
Non-uniform rational B-spline (NURBS), 1159
Normalized metal artifact reduction (NMAR), 704
Normalized noise power spectrum (NNPS), 

231, 473
NPWE model, see Non-pre-whitening matched 

filter with eye filter model
NPW model, see Non-pre-whitening matched 

filter model
NR, see Neutron radiography
NRF, see Nuclear Resonance Fluorescence
NSLS, see National Synchrotron Light Source
Nuclear magnetic resonance (NMR), 1204
Nuclear medicine (NM), 1283, 1315
Nuclear Resonance Fluorescence (NRF), 319
Numerical aperture (NA), 817
NURBS, see Non-uniform rational B-spline
Nyquist frequency, 478

O

OA, see Osteoarthritis
Oak Ridge National Laboratory (ORNL), 1164, 

1171

OAP, see Off-axis parabola
OBI, see On-board imaging
Object detectability models, 503
Object Positioning Unit (OPU), 1199
Object shadow, 425
OBTCM, see Organ-based tube current 

modulation
Occlusal radiographs, 423; see also Intraoral 

radiography
exposure geometry of, 423
maxillary occlusal radiograph, 424

Ocular accommodation, 1276
OD, see Optical densities
OEMs, see Original equipment manufacturers
Off-axis parabola (OAP), 321
OLED, see Organic light-emitting devices
Omission errors, 1278
On-board imaging (OBI), 204, 899, 903; see also 

X-ray based imaging systems
device, 718
planning CT and on-board CBCT images, 

905
simulated DRRs and acquired kV, 904
Varian VitalBeam treatment machine with 

kV, 903
whole brain plan, 906

On-screen display (OSD), 1304
Oobleck, 20
OPD, see Optical pulse distribution
Operational transconductance amplifier (OTA), 

254
OPG, see Orthopantomogram
Optical

coherence, 990
detectors, 263
sensors, 11
Swank noise, 493

Optical densities (OD), 1142–1143
Optical pulse distribution (OPD), 493
Optical transfer function (OTF), 265, 479, 828
OPU, see Object Positioning Unit
Organ-based tube current modulation (OBTCM), 

1322
Organ doses, 803; see also Radiation dose in 

X-ray CT
Organic light-emitting devices (OLED), 1294
Original equipment manufacturers (OEMs), 95
ORNL, see Oak Ridge National Laboratory
Orrin, H. C., 344–346; see also X-ray atlas of 

arteries
Orthopantomogram (OPG), 624
Oscillator strength, 37
OSD, see On-screen display
OsiriX open-source DICOM viewer, 1267
Osteoarthritis (OA), 1013
OTA, see Operational transconductance 

amplifier
OTF, see Optical transfer function
Otsu’s method, 953

P

PACS, see Picture archiving and communication 
systems

Pair production, 961
Panoramic radiography, 425, 720; see also 

Dental radiography
anatomic features displayed on, 431

calcified atheroma, 431
clinical perspective, 430–432
detectors used for, 429
devices, 428–429
errors in, 433–435
geometry of rotational, 428
history of, 425–427
image characteristics of, 429–430
implant-site/implant, 433
object shadow, 425
pantomography, 426
patient positioning in, 430
shape of sharp image layer by, 426
special programs acquired with panoramic 

machines, 432
special pseudo-functional TMJ program, 432
Status-X-technique, 426–427
technique, 427–428
tomosynthetic methods with, 432–433
with two ball bearings, 431
vertical fan beam, 425
of young dentate patient, 425

Pantomography, 426
Paraxial field, 972–973; see also X-ray phase-

contrast imaging theory
and transport of intensity equation, 976

Parseval’s theorem, 266
Partial coherence, 990
Partial-Diffusion Equation (PDE), 743
Particle histories, 194
Pauli’s exclusion principle, 11
Paul Scherrer Institute (PSI), 177, 252, 929, 1204
PC, see Personal computer
PCDs, see Photon-counting detectors
PCI, see Percutaneous coronary intervention; 

Phase-contrast imaging
PCM, see Phase-contrast mammography
PCT, see Phase-contrast CT
PCTI, see Phase-contrast tomosynthesis imaging
PCXD, see Photon-counting X-ray detectors
PDE, see Partial-Diffusion Equation
PDF, see Probability density function
PDUs, see Power distribution units
PE, see Polyethylene; Pulmonary 

thromboembolism
PE-CVD, see Plasma-enhanced chemical vapor 

deposition
PEEK, see Polyetheretherketon
PEEP, see Positive end-expiratory pressure
PEG, see Polyethylene glycol
Pencil chamber measurement concept, 791
Pendellösung effect, 984
Penumbra effect, 1190
Perceptual linearity, 1285–1286; see also 

Medical display
in displays, 1294–1295

Percutaneous coronary intervention (PCI), 1316
Percutaneous transluminal angioplasty (PTA), 

348
Periapical radiographs, 422–423; see also 

Intraoral radiography
Peri-fissural nodules (PFNs), 1268
Peripheral angiography suites, 555, 557; see also 

Interventional fluoroscopy
Artis Zee single plane, 556
dose considerations of, 557
exposure rate variation in neuro-angiography 

protocol, 558
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Peripheral angiography suites (Continued)
image quality of, 557–558
Toshiba Infinix CF-i/BP biplane, 556

Personal computer (PC), 1252
Personnel safety interlock system (PSS), 177
PET, see Positron–electron tomography
PFNs, see Peri-fissural nodules
PG, see Prospective gating
Phantom, 1121, 1135–1136; see also 

Anthropomorphic phantoms; Tissue 
substitute materials

AGATHA image quality, 1145
artificial inserts, 1137
breast, 1142
Catphan CT phantom, 1149
CD, 1139
CDMAM contrast detail phantom, 1144
CDRAD contrast detail phantom, 1139
TO CDRH Phantom, 1147
by CIRS, 1127–1128 , 1137
commercialized, 1136
for contrast enhanced digital mammography, 

1146
for CT, 1149–1150, 1150–1151
CT ACR Phantom, 1150
for digital breast tomosynthesis, 1145–1146
for dose assessment, 1140–1141, 1146, 1148, 

1150–1151
Duke phantom, 1137
EZ-CR/DIN phantom, 1138
for fluoroscopy and interventional radiology, 

1146–1148
future perspectives, 1151–1152
head/neck phantom, 1139–1140
for image quality, 1135, 1136–1140, 1142–

1145, 1146–1148, 1149–1150
laboratory, 1128
lung/chest multipurpose, 1140
for mammography, 1141–1142, 1142–1145, 

1146
in motion formula, 800
NEMA-SCA&I phantom, 1148
non-commercial phantom, 1144
PIXMAM 3D, 1145
PMMA cylindrical phantoms, 1150
Pro-CT Dose AAPM TG-200/Pro-CT Dose 

ICRU 87, 1151
Pro-Digi Phantom, 1138
for projection radiography, 1136–1140, 

1140–1141
for quality control audits, 1121–1125
Radiography/Fluoroscopy QA Phantom, 1148
RaySafe P Fluoro phantom, 1138, 1147
REX X-ray test phantom, 1137
SPoRT™ Model 715, 1141
Tissue Equivalent CT Dose Phantoms, 1151
Tomophan, 1145
TOR CDR phantom, 1139

Phase-contrast CT (PCT), 278, 288, 1041–1042
Phase-contrast imaging (PCI), 278, 990, 1090–

1091; see also X-ray phase-contrast 
imaging theory

analyzer-based imaging, 992
CT with synchrotron radiation, 1202–1204
free-space propagation, 992
grating-based and other techniques, 992–993
Hilbert filter, 994
partial coherence, 990

Penumbral blurring, 991
polychromaticity and source size effect on, 

990
propagation-based phase-contrast imaging, 

992
refraction projection, 994
spatial coherence and finite source size, 

990–991
temporal coherence and polychromaticity, 

991–992
Phase-contrast mammography (PCM), 1025, 

1044; see also Mammography
from absorption contrast to phase-contrast, 

1026–1027
analyzer-based imaging, 1028–1029
comparison of PBI, ABI, and GI, 1032–1033
crystal interferometry, 1028
dark field imaging, 1031
development and status of, 1033–1044
diagnostic mammography, 1026
edge illumination imaging, 1030
foundations and practical methods, 1027
grating interferometry, 1029–1030
methods of, 1028
without phase retrieval, 1030–1031
projection, computed tomography, 

tomosynthesis, 1031–1032
propagation-based imaging, 1028
screening mammography, 1025–1026
transport of intensity and phase differential, 

1027–1028
X-ray phase and amplitude, 1027

Phase-contrast tomography, 993–994
Phase-contrast tomosynthesis imaging (PCTI), 

1049, 1050–1051
acquisition systems in literature, 1052
contrast-to-noise ratio, 1055–1057
DBT image acquisition geometry, 1051
filtered back projection, 1052–1053
future prospects, 1060–1062
grating-based, 1051, 1061
image acquisition system, 1051–1052
image artifacts, 1058–1060
image quality, 1054–1058
image reconstruction, 1052–1053, 1054
images from grating-based system, 1053
mean signal value, 1054–1055
noise, 1055
NPS of ACTI and, 1056
out-of-plane signal leakage, 1058–1059
phantom used to measure and compare ASF, 

1058
phase-contrast and absorption contrast 

tomosynthesis images, 1054
shift-and-add, 1052
spatial resolution, 1057–1058
stripe artifacts, 1059–1060
truncation artifacts, 1060

Phase retrieval, 976, 978; see also X-ray phase-
contrast imaging theory

differential phase-contrast, 977–978
propagation-based phase-contrast, 977

Phase stepping curve, 987
Phase wrapping, 985
Phosphor layers, 532–533
Photoelectric effect, 15, 44 t, 830, 960, 961, 

1084; see also X-ray interactions in 
matter; X-ray scattering

absorption edges, 16
Auger electron, 17
cross-section and mass absorption 

coefficient, 16
cross-section of, 15
Dirac function, 45
effective atomic numbers for tissues and 

contrast agents, 16
energy states, 45
Fano-factor, 18
relative number of photoelectrons vs. 

emission direction, 17
stopping power and range vs. kinetic energy 

of electrons, 17
of unpolarized photons scales, 46
wave function, 44
yield for emission of fluorescence photon and 

Auger electrons, 17
Photomultiplier tube (PMT), 223, 605
Photon-counting detectors (PCDs), 239, 254, 

367–368.; see also Application-
specific integrated circuit; Detectors; 
Hybrid pixel detectors

advantage of, 240
charge trapping, 243–244
Compton effect, 242
detector specification comparison, 247
fluorescence, 242–243
from high energy physics to medical 

imaging, 240
linear detectors, 240
photon-counting detection principles, 240–241
polarization, 244
semiconductor materials for, 241
semiconductor properties, 241
small pixel effect, 244
technological limitations, 244

Photon-counting X-ray detectors (PCXD), 752
Photon energy, 18; see also X-ray interactions 

in matter
atomic scattering factors vs., 22
mass absorption coefficient and energy mass 

absorption coefficient vs., 20
mass attenuation for brain tissue vs., 20

Photons, 3
Photo–nuclear interactions, 19–20, 47–48
Photostimulable phosphor (PSP), 219, 221, 461, 

1189; see also Computed radiography
fading, 222
materials of photostimulable phosphor, 221
powder-based and needle-based, 224
powder-based photostimulable phosphor 

material, 221
spectra for emission and stimulation, 221
spectra of stimulation and emission lights, 

221–222
Photostimulated luminescence (PSL), 220, 221, 

607, 1189
Physical constants, 49
Physical image quality evaluation, 470, 503

CD curves, 471
detector and system characterization, 

496–501
evaluation of image quality, 471–473
image quality and detector efficiency, 

495–496
noise, 485–495
paradigms for finding thresholds, 471
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physical parameters and object detectability, 
501–503

transfer function analysis and sharpness, 
477–485

Physical image quality parameters, 502
Picture archiving and communication systems 

(PACS), 235, 368, 410, 528, 622, 
1255, 1268, 1278

digital reading room, 350
PID, see Position indicating device
Pierce parameter, 168
Pincushion effect, 398
PI-RADS, see Prostate imaging reporting and 

data system
Pitch modulation (PM), 799
Pixel value (PV), 475
Pixirad, 1091
PIXMAM 3D, 1145; see also Phantom
Plasma-enhanced chemical vapor deposition 

(PE-CVD), 120
PM, see Pitch modulation; Post-mortem
PMCTA, see Post-mortem CT angiography
PMCT scanning, see Post-mortem CT scanning
PMMA, see Polymethyl methacrylate
PMMRI, see Post-mortem MRI
PMT, see Photomultiplier tube
Point-spread function (PSF), 266, 825

spatial resolution associated with 
different, 279

Poisson excess, 271
Poisson statistics, 6
Polarization, 244
Polyetheretherketon (PEEK), 941
Polyethylene (PE), 588
Polyethylene glycol (PEG), 756
Polymethyl methacrylate (PMMA), 109, 

203, 458
cylindrical phantoms, 1150

Polystyrene (PS), 1057
Ponderomotive injection, 318; see also All-

optical X-ray
Pop out effect, 1276
Portable Gray Map (PGM), 1250, 1252
Portable units, 535–536; see also Clinical 

radiographic units
Position indicating device (PID), 418
Positive end-expiratory pressure (PEEP), 1014
Positron–electron tomography (PET), 19, 674, 

750, 1283
PostgreSQL-IE, see PostgreSQL with Image-

Handling Extension
PostgreSQL with Image-Handling Extension 

(PostgreSQL-IE), 1255
Post-mortem (PM), 619; see also Forensic 

radiology
Post-mortem CT angiography (PMCTA), 627

curved multiplanar reconstruction, 629
Leicester approach, 629
targeted, 629–630
targeted coronary, 628

Post-mortem CT scanning (PMCT scanning), 
624; see also Forensic radiology

challenges and solutions, 627
example protocol, 626
post-mortem CT angiography, 627
procedure, 626–627
reconstructions, 627
scanning procedure, 625–626

targeted PMCTA, 629–630
ventilation, 630
victim of fatal road traffic collision, 625
whole-body angiography, 628–629

Post-mortem MRI (PMMRI), 622
Potter–Bucky diaphragm, 340–342
Potter–Bucky grid, 526
Power distribution units (PDUs), 94
Poynting vector, 33
pps, see Pulses per second
Pre-whitening matched filter (PWMF), 287
Pre-whitening model (PW model), 502
Probability density function (PDF), 13, 39
Pro-CT Dose AAPM TG-200/Pro-CT Dose 

ICRU 87, 1151; see also Phantom
Pro-Digi Phantom, 1138; see also Phantom
Projection approximation, 975
Projection geometry, 696–697
Projection radiography, phantoms for, 1136–

1140, 1140–1141
Propagation-based imaging (PBI), 289, 978–980, 

992, 1000, 1028; see also Phase-
contrast mammography

ABI, and GI methods, 1032–1033
development and status of, 1034–1036
simulated images of micro-calcification in, 

1028
Propagation-based phase-contrast 

(PB phase-contrast), 978–979
Prospective gating (PG), 753, 857
Prostate imaging reporting and data system 

(PI-RADS), 1226
PS, see Polystyrene
P-selectin targeted microbubbles (MBP), 1017
Pseudo-color, 1301
PSF, see Point-spread function
PSI, see Paul Scherrer Institute
PSL, see Photostimulated luminescence
PSPs, see Photostimulable phosphors
PSS, see Personnel safety interlock system
PTA, see Percutaneous transluminal angioplasty
Pulmonary thromboembolism (PE), 627
Pulses per second (pps), 548
PV, see Pixel value
PWMF, see Pre-whitening matched filter
PW model, see Pre-whitening model
Pyroelectric crystals, 131
Pyroelectric X-ray tubes, 131

CL phenomenon, 134
CL spectra, 135
EDX spectrum, 132, 133, 136, 137
electrical charging effect on SEM–EDX 

spectrum, 136–137
electroconductive needle set on pyroelectric 

crystal of LiTaO3, 133
electron beam, 136
electron source, 132
fluorescent screen during generation of 

electron beam, 133
mechanical stress X-ray emission, 135–136
pyroelectric CL spectrometer, 133–135
pyroelectric electron probe microanalyzer, 

132–133

Q

QA, see Quality assurance
QAD, see Quantum accounting diagrams

QC, see Quality control
QIBA, see Quantitative Imaging Biomarkers 

Alliance
QIN, see Quantitative Imaging Network
Quadrics, 1161
Quality assurance (QA), 212, 775, 880, 1125; 

see also X-ray based imaging systems
Catphan, 785
CIRS phantom, 787
CTDI phantom, 778
CTDI testing, 776–780
CT number accuracy, 787
data transfer tests, 784–785
deviation for reading, 781
dual energy CT QA, 788–789
electron density, 787–788
4D CT, 788
goal of, 775–776
HVL of CT scanner, 780
image quality tests, 785, 786
image resolution, 785–786
isocenter determination, 784
kVp measuring procedure, 780
laser, 783
mechanical tests, 781–782
metrics affecting dosimetry, 780–781
phantom, 783, 784
RaySafe XI CT detector, 777
to record CTDI, 778–779
safety tests, 776
sensitivity profile width, 784
set of UNFORS equipment, 778
shielding survey, 781
table and gantry, 782–783
uniformity, noise, and spatial integrity, 

786–787
Quality control (QC), 470, 1135, 1298
Quality control program management, 1306; 

see also Display QC
organizing QC program, 1306–1307

Quality control tests for medical image displays, 
1303; see also Display QC

display cleanliness, 1303
qualitative visual assessment, 1304–1305
quantitative testing, 1305–1306
settings check, 1304
viewing environment assessment, 1303–1304

Quantitative Imaging Biomarkers Alliance 
(QIBA), 1226

Quantitative Imaging Network (QIN), 1226
Quantum

-based imaging systems, 268
detection efficiency, 567
gain, 268
noise, 568
sink, 485

Quantum accounting diagrams (QAD), 496
Quarks, 19

R

RA, see Rheumatoid arthritis
Radiant intensity, 4
Radiation and scattered fields, 30; see also X-ray 

interactions in matter
from accelerated charges, 32–34
Ampere Maxwell equation, 31
Bohr’s atom model, 36
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Radiation and scattered fields (Continued)
complex atomic scattering factor, 37
Compton scattering on free electrons, 38–39
emission pattern, 33, 34
Faraday–Maxwell equation, 30
Green’s function, 32
Helmholtz equation, 31
Klein–Nishina differential cross-section, 

38, 39
Lorentz gauge condition, 31
Maxwell equations, 30–31
oscillator strength, 37
Poynting vector, 33
Rutherford’s atom model, 34–35
scattering of radiation on free electrons, 

35–36
scattering on bound electrons, 36–38
wave equation, 31

Radiation biology, 507–509
Radiation dose

in DBT, 467
in digital mammography, 464

Radiation dose in X-ray CT, 791, 803
accumulated dose and energy deposition 

fractions, 794
analytical dose equations, 793–794
CTDI paradigm, 792–793
dose distributions, 797–799
dose equations, 792–793
estimation of organ doses, 803
scanner-reported dose to actual dose, 801
for shift-invariant techniques, 796–797
size-specific dose estimates, 801–803
stationary table techniques, 795
total energy absorbed in phantom, 797
wide cone beam CT, 795

Radiation Dose Structured Report (RDSR), 1317
Radiation-induced breast cancer, 507, 514; see 

also Mammography
dose/risk models for radiation-induced breast 

cancer, 509
EAR model parameters, 509
lifetime cancer incidence, 512
YAFF model, 511

Radiation interaction with matter, 1084; see also 
X-ray scattering

coherent scattering, 1086–1087
coherent to Compton cross sections, 

1087–1088
Compton scattering, 1084–1086
photoelectric effect, 1084
X-ray attenuation in matter, 1088
X-ray fluorescence, 1085

Radiation length, 42
Radiation protection in CT, 1322

optimal way to use the unit, 1323–1324
technical requirements, 1322

Radiation protection in fluoroscopy, 1315–1316
operational requirements, 1317–1318
optimal way to use, 1318–1322
protective devices, 1321
technical requirements, 1316–1317

Radiation protection in radiology, 1309, 1312
challenge of, 1309
in CT, 1322–1324
in fluoroscopy, 1315–1322
image quality and patient exposure, 

1310–1312

optimal way to use, 1313–1315
in radiography, 1312–1315
in radiology, 1309, 1310–1312
technical requirements, 1312–1313

Radiation protection issues, 1309; see also 
Radiation-induced breast cancer

ALARA principle, 1310
anthropomorphic phantom, 1314
average radiation risk model, 509–510
benefit and risk of mammography, 512–513
benefits and risks of two screening regimen 

for YAFF and MIGL models, 512
BERR, 511
CDRAD phantom, 1314
challenges, 1309
health consequences, 1310
MISCAN-Fadia model, 511
mortality due to radiation-induced 

cancer, 512
optimization, 1310
radiation biology, 507–509
radiation doses, 507
radiation risk in mammography screening, 

510–512
radiation risk in tomosynthesis, 513
recent radiation dose trends, 513
risk due to radiation exposure, 509
RL proposal for interventional radiology, 

1316
selected incidence and mortality risks, 510
test object for QC, 1313

Radiation Swank noise, 493
Radiation therapies, 20
Radiochromic film, 214; see also Reference 

radiochromic film dosimetry system; 
XR-QA2 GaFChromic film model

axial CT slice of thorax, 209, 210
clinical applications, 208–211
dose profiles through Rando phantom, 

211, 212
dosimetry, 203, 214
energy dependent response, 208
modified CTDI phantom, 213
pitch on dose modulation, 209, 210
placement of film pieces on surface of Rando 

phantom, 209
positional dependence of dose profile 

modulation within CTDI 
phantom, 215

quality assurance measurements, 212–214
surface dose measurement of patient, 

209, 210
tabulated and measured CTDI values, 214

Radiofrequency (RF), 313
Radiography

of child’s hand, 335
and cultural heritage, 1185–1187
film, 1187–1189
and fluoroscopy room, 521
of hand, 334
of Holland, Thurstan hand, 335
imaging, 356
of normal pelvis, 341
object evaluation by image quality, 472–473
radiation protection in, 1312–1315
radiation victims, 342
of stillborn fetus, 335

Radiography, educational aspects in, 1329

conferences, 1331
continuing professional development, 

1329–1331
educational events, 1331
education and training resources, 1331
electronic learning, 1331–1332
European Training and Education for 

Medical Physics Experts in 
Radiology, 1332

legal obligations, 1329
Radiology Integrated Training Initiative, 1331
self-directed learning, 1332–1334

Radiography/Fluoroscopy QA Phantom, 1148; 
see also Phantom

Radiography/fluoroscopy tables (R/F tables), 392
Radiological Society of North America (RSNA), 

109, 1226
Radiological Society of North America Medical 

Imaging Resource Center (RSNA 
MIRC), 1249

classical, 343–344
history of new discipline, 329
origins of interventional, 348
radiation protection in, 1309–1312
today, 329–330

Radiologic technologist (RT), 518
Radiology history, 331, 351–352

angiography, 344
anomalies and variations, 336–337
catheter angiography, 348
cine-radiological study, 332
classical radiology, 343–344
Coolidge tube, 340
cryptoscope, 337–339
discovery of rays, 331–332
Dotter, Charles and origins of interventional 

radiology, 348
early image interpretation, 334–336
early uroradiology and clinico-radiological 

correlation, 339–340
Fenwick, Hurry, 339
first X-ray department, 332–333
fluoroscopy, 333, 337–339
Hounsfield, Godfrey and CT scanner, 

348–350
illustration by Eugene Corson, 336
line drawings, 337
lumbar aortography, 345
Martyrs’ Memorial in Hamburg, 342–343
Moniz, Egas, 344
Morton, William, 333–334
Orrin, H. C., 344–346
PACS, 350–351
Potter–Bucky diaphragm, 340–342
radiological radiation victims, 342
retroperitoneal air studies, 344
Röntgen, Wilhelm Conrad, 331
teleradiology, 351
X-ray apparatus, 333
X-ray atlas of arteries of body, 344

Radiology information systems (RIS), 235, 410
Radiology Integrated Training Initiative (R-ITI), 

1331
Radiology support devices, 1125; see also 

Anthropomorphic phantoms
Radiolysis of water, 830
Radiopacities, 1186; see also X-raying of 

artworks
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Radiotherapy, 897; see also X-ray based imaging 
systems

CT simulators used in, 898
Radon, Johann, 349
Radon transform, 349
RadPro mobile X-ray machine, 539
Ramachandran–Lakshminarayan filter (Ram–

Lak filter), 676
Ram–Lak filter, see Ramachandran–

Lakshminarayan filter
RANDO hand phantom, 1128; see also 

Anthropomorphic phantoms
Random emitter, 992
Raphael’s stanza di Eliodoro, 1099
Rapiscan RTT110 fast baggage scanner, 891; see 

also Fast CT technology
RASMIP (Rhodium Anode Spectral Model 

using Interpolating Polynomials), 194
RAX (Robotic Advanced X-ray), 547
Rayleigh scattering, see Coherent scattering

cross-section, 15, 36
RaySafe P Fluoro phantom, 1138, 1147; see also 

Phantom
RaySafe XI CT detector, 777
Ray sum, 5
RBC, see Red blood cell
R/D, see Recruitment/derecruitment
RDSR, see Radiation Dose Structured Report
Real-time imaging–fluoroscopy, 545
Real-Time Tomography (RTT), 890; see also 

Fast CT technology
Recall rate (RR), 465
Receiver operating characteristic (ROC), 227, 

287, 358, 470, 1221, 1233
Reconstructed resolution, 875
Reconstruction algorithms, 752
Reconstruction algorithms for fast dynamic CT, 

891; see also High-speed X-ray CT
analytical algorithms, 891
fast three-dimensional scanning, 893
firing order and sampling, 893–894
Kaczmarz algorithm, 891
ray densities for different RTT firing 

orders, 894
using spatio-temporal regularization, 891–893

Recruitment/derecruitment (R/D), 1014
Recursive filtering, 405
Red blood cell (RBC), 837
Reference levels (RL), 1316

interventional radiology procedures, 1316
Reference radiochromic film dosimetry 

system, 204; see also Dosimetric 
consideration in fluoroscopy

calculating dose to water, 207–208
calibration curve, 206–207
measurement of film response, 205–206
reference irradiations, 205
XR-QA2 GaFChromic film model, 204–205

Refraction angle, 5, 21, 24, 973, 974; see also 
X-ray phase-contrast imaging theory

decrement, 21
Region of interest (ROI), 205, 285, 363, 475, 637
Regularization, 835
Remote-controlled fluoroscopic systems, 

546–547; see also Clinical 
fluoroscopy units

automatic exposure rate control 548
dose considerations of, 547–548

image quality of, 548
in vertical position, 547

Replica of Lilienfeld tube, 146
Resonant processes, 21
Retroperitoneal air studies, 344
Retrospective ECG-gating, 858, 859
Retrospective gating (RG), 753
Reversed projections method, 1011
Reverse Towne projection, 443–444, 445; see 

also Extraoral projection radiography
REX X-ray test phantom, 1137; see also 

Phantom
RF, see Radiofrequency
R/F tables, see Radiography/fluoroscopy tables
RG, see Retrospective gating
Rheinisch-WestfÃlische Technische Hochschule 

(RWTH), 1255
Rheumatoid arthritis (RA), 1013
Rhodium Anode Spectral Model using 

Interpolating Polynomials, see 
RASMIP

Richardson–Dushman equation, 62
Rigor mortis, 623; see also Forensic radiology
RIS, see Radiology information systems
R-ITI, see Radiology Integrated Training 

Initiative
RL, see Reference levels
RMS, see Root mean square
Roadmapping, 403–404
Robo-CT inspection system, 939
Robotic Advanced X-ray, see RAX
Robotic arm angiography suites, 558; see also 

Interventional fluoroscopy
ROC, see Receiver operating characteristic
Rocking curve (RC), 980, 1001–1002, 1029
ROI, see Region of interest
Röntgen rays, 328
Röntgen, Wilhelm Conrad, 140, 327, 331–332; 

see also X-ray tubes history
acquaintanceship with physics, 327
child in Lennep, 327
differing science cultures, 329
discovery of Röntgen rays, 328
history of new discipline radiology, 329
in Kundt’s laboratory, 328
loneliness and death, 328–329
love of his life, 327–328
radiology today, 329–330
reclusive experimenter, 328
stardom for reluctant scientist, 328

Röntgen’s X-ray discovery, 140–141
Root mean square (RMS), 231
Rose model, 501–502
Rotating anode tubes, 70; see also X-ray tube

channels of heat dissipation in, 76
cost breakdown of exemplary metal–

ceramic, 90
cut-away model of first, 149
cyclic temporal temperature 

increments, 73
dose drop by aging rotating anodes, 75
first all-metal–ceramics rotating anode 

tube, 71
focal spot temperature, 72–74
focal track erosion, 74
graphite-backed anodes, 150
heat radiation vs. heat conduction in high-

performance CT tube, 76

leaflet with cut-away view of first, 149
rotating anode of 90 mm diameter in 

operation, 73
segmented all-metal anode, 75
segmented high-performance compound 

target, 73
selection of targets for, 72
thermal balance, 71
thermal depth profile, 74
thermomechanics of bulk anode, 74–75

Rotating frame tubes, 151–152; see also X-ray 
tubes history

RP 174, see European Commission’s Radiation 
Protection Report 174

RR, see Recall rate
RSNA, see Radiological Society of North 

America
RSNA MIRC, see Radiological Society of North 

America Medical Imaging Resource 
Center

RT, see Radiologic technologist
RTT, see Real-Time Tomography
Rutherford’s atom model, 8

failure in, 34–35
RWTH, see Rheinisch-WestfÃlische Technische 

Hochschule
Rydberg constant, 8

S

SA, see Sclerosing adenosis
SAA method, see Shift-and-add method
SALP, see Small Angle Long Pulse
Same Instruction Multiple Data model (SIMD 

model), 736
Sandwich detector, see Dual-layer detector
SART, see Simultaneous algebraic 

reconstruction technique
SAS, see Small angle scattering
SASE, see Self-amplified spontaneous emission
Saturation length, 168
SAXS, see Small-angle X-ray scattering
SBRT, see Stereotactic body radiotherapy
Scanner-reported CTDI value issues, 799; see 

also Radiation dose in X-ray CT
change in basis of CTDIvol, 800
comparing IEC method to rigorous 

equations, 799
IEC dose standard for N rotations, 800
IEC methodology for side-stepping, 798
phantom in motion formula, 800
pitch modulation, 799
trouble with scanner-reported values of 

CTDIvol for, 799
tube current modulation, 799
values of CTDIvol for stationary table 

techniques, 800–801
Scanning Electron Microscopy–Energy 

Dispersive X-ray (SEM–EDX), 136
Scatter correction, 738, 962; see also Cone beam 

computed tomography
air-gap method, 964
aluminum cylinder head measurement, 964
anti-scatter grid, 964, 965
BPA for scatter correction, 741
CBCT image noise and HU number 

accuracy, 741–742
for CBCT images, 742
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Scatter correction (Continued)
Klein–Nishina formula, 966
logarithm subtraction, 739
physical measurement based approaches, 

740–741
results, 741
scatter correction diagram, 739
scatter estimation methods, 965–966
scatter reduction by system design, 963–694
scatter simulation, 966–967
software-based approaches, 738–740
SPR distribution, 739
SPR results and corrected projections, 741

Scatter detective quantum efficiency 
(SDQE), 500

Scattered photons, 959
Scattered radiation imaging, 1090; see also 

X-ray scattering
algorithms, 1092–1093
Compton/transmission tomography, 1092
experimental setup, 1091
X-ray detectors, 1091–1092
X-ray sources, 1091

Scattered radiations, 1098; see also X-ray 
scattering

annihilation radiation, 961
artifacts from, 959, 960
binary alloy analysis, 1100
bone density measurements, 1100–1101
Compton images of Brazilian soil, 1100
Compton imaging, 1099, 1101–1102
Compton interaction, 961
diffraction imaging, 1102–1104
distributions of, 963
environmental, 962
Klein–Nishina distribution of Compton 

scattering angle, 961
materials with similar density and different 

Z, 1099–1100
pair production, 961
photoelectric effect, 960
photoelectric interaction, 961
photon cross-sections for steel at various 

energies, 960
photon’s wavelength shift, 961
R/C ratio applications, 1099
scattered photon distributions, 961, 962
sources of, 962, 959
void detection in wall, 1098
X-ray scatter, 959–962

Scatter Reduction Device (SRD), 1199
Scatter to primary ratio (SPR), 738
Schrödinger equation, 44
Schrödinger’s model, 10
Schuller projection, 446; see also Extraoral 

projection radiography
Scientific CMOS (sCMOS), 945
Sclerosing adenosis (SA), 1076
sCMOS, see Scientific CMOS
Screen and film (SF), 219
Screen-film mammography (SFM), 1212
Screen/film technology (S/F technology), 470
Screening mammography, 1025–1026; see also 

Phase-contrast mammography
Screen processing, 366; see also Detectors
s-DBT, see Stationary digital breast 

tomosynthesis
SDL, see Self-directed learning

SdNR, see Signal difference-to noise ratio
SDQE, see Scatter detective quantum efficiency
SE, see Standard error
Searchlight, 820
SECT, see Single-energy CT
SEER, see Skin Entrance Exposure Rate
Segmented phantom, 1167; see also 

Computational phantoms
Self-amplified spontaneous emission (SASE), 

168, 821
Self-directed learning (SDL), 1332–1334
Self-focusing mechanism (S-F mechanism), 128
SEM–EDX, see Scanning Electron Microscopy–

Energy Dispersive X-ray
SEMF, see Semi-empirical mass formula
Semi-empirical mass formula (SEMF), 19
Semi-empirical spectrum (SE spectrum), 192
Sensing nodes, 250
SE spectrum, see Semi-empirical spectrum
SF, see Screen and film
SFM, see Screen-film mammography
S-F mechanism, see Self-focusing mechanism
S/F technology, see Screen/film technology
SGB, see Spiral groove bearings
Sharp edge, 480; see also Sharpness

construction of oversampled ESF, 481
data conditioning of ESF, 481
location and angle of edge, 480
LSF and MTF calculation, 481
ROI dimensions for oversampled ESF, 480

Sharpness, 479–480; see also Edge spread 
function; Sharp edge

measurement method, 480
pixel aperture, fill factor, and signal aliasing, 

481, 483
Shift-and-add method (SAA method), 1052
Shift invariance, 264, 803; see also Linear 

systems theory
Shock-front injection, 321; see also All-optical 

X-ray
Short-scan acquisitions, 684
Shuttle mode, 859
Sialography in dental radiography, 447–448; see 

also Extraoral projection radiography
SID, see Source-to-image distance
Siemens Mobilett XP digital, 537
Siemens rotating frame tube Straton®, 152
Signal difference-to noise ratio (SdNR), 363, 

385, 461
Signal-known-exactly/background-known 

exactly (SKE/BKE), 287
Signal sampling and aliasing, 477–479
Signal to noise ratio (SNR), 6, 224, 278–280, 

285–286
detectability index, 502
photon densities, 502
pixel, 501
Rose model, 501–502
vs. spatial resolution, 281
trade-off between spatial resolution and, 280

Silicone-based neurovascular replica, 1129; see 
also Anthropomorphic phantoms

SIMD model, see Same Instruction Multiple 
Data model

Simultaneous algebraic reconstruction technique 
(SART), 385, 700, 703, 753

Simultaneous iterative reconstruction technique 
(SIRT), 652, 700, 702–703

Sin2(θ) factor, 12
Single

-grid method of imaging, 988–990
photon counters, 30
shot images, 403

Single-energy CT (SECT), 806
Single energy X-ray absorptiometry 

(SXA), 373
Single photon emission computed tomography 

(SPECT), 13, 385, 674
Single pixel mode (SPM), 250
Single-side reading (SSR), 223, 224
Single-slice CT (SSCT), 638; see also Computed 

tomography
image reconstruction solutions in, 645–646
scan of, 640

Singlet state, 11
Singular value decomposition (SVD), 651
SIRT, see Simultaneous iterative reconstruction 

technique
SISPRIM (Sistema de Pesquisa para 

Recuperação de Imagens 
Mamográficas), 1255

Size-specific dose estimate (SSDE), 779, 
801–803; see also Radiation dose in 
X-ray CT

anomalous values of, 802, 803
TCM and SSDE, 803

SKE/BKE, see Signal-known-exactly/
background-known exactly

Skin dose, 21
Skin Entrance Exposure Rate (SEER), 1318
Skull projections, 441; see also Extraoral 

projection radiography
Slice sensitivity profile (SSP), 646
SLS, see Swiss Light Source
Small Angle Long Pulse (SALP), 311
Small angle scattering (SAS), 1061
Small-angle X-ray scattering (SAXS), 978, 982
Small animal X-ray computed tomography, 749; 

see also Micro-computed tomography
Small pixel effect, 244
Smearing back, 677
SMF, see Standard Mammogram Form
SMXT, see Super-miniature X-ray tube
SNR, see Signal to noise ratio
Software phantoms, 1159, 1178–1179; see also 

Computational phantoms
Soft X-ray microscope, 818, 824–825; see also 

Soft X-ray tomography
central stop, 826
condenser, 825
Lommel functions, 826
objective lens, 825–826
in operation and development, 824
optical layout of transmission, 819
photon detector, 827
sample stage and local environment, 

826–827
Soft X-ray tomography (SXT), 817; see also Soft 

X-ray microscope; X-ray microscopes 
in transmission mode

algorithms used for, 837
applications, 837–838
of breast cancer cell images, 839
cell volume quantification, 838
compressed sensing, 836
correlated imaging, 840–842
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cryo-fluorescence of X chromosome, 841
feature-based alignment, 834
final words, 842
fixation, 831–832
Fourier slice theorem, 834
future directions, 838–840
hyphal cells, 840
image alignment, 833–834
image formation, 828–829
image reconstruction and analysis, 833
image segmentation, 836–837
optical limitations, 829–830
partial coherence, 828
physical considerations, 827–828
radiation damage, 830–831
radiolysis of water, 830
reconstruction, 833, 834–836, 838
regularization, 835
spatial resolution, 832
stages of red blood cell sickling, 839
surface colormap of heterochromatin, 840

SOR, see Successive over-relaxation
Source-based sub-µ CT, 942–943; see also 

Industrial CT scanners
Source-object distance (SOD), 601, 935
Source-to-detector distances (SDD), 359, 

935, 601
Source-to-image distance (SID), 397, 402, 524
Spatial frequency enhancement, 225
Spatial-mapping method, 989
Spatial resolution, 278

associated with different PSFs, 279
SNR vs., 281
trade-off between SNR and, 280

SPC, see Statistical process control
Special relativity theory, 5
Special TMJ projections, 445–447; see also 

Extraoral projection radiography
Speckle-tracking phase-contrast, 989
Spectral models, 192; see also X-ray spectra 

calculation
early observations and first, 186
empirical models, 194
FLUKA and EGSnrc fluence spectra for two 

X-ray tubes, 195
general-purpose Monte Carlo Codes 

Systems, 195
Monte Carlo methods, 194–195
semi-empirical and empirical X-ray tube 

models, 192
semi-empirical models for bremsstrahlung, 

192–193
simple models for characteristic X-ray 

production, 193–194
Spectral models comparison, 195

characteristics of seven X-ray tube 
spectra, 196

experimentally determined output 
measurements, 199

fixed target tubes, 197–198
general considerations, 195–196
mammography tubes, 198
rotating target tubes, 196–197
statistics for four spectrum models, 197, 199
tube output predictions, 198

Spectroscopic detectors, 30
SPIE (Society of Photo-Optical Instrumentation 

Engineers), 1264

Spin pairing, 11
SPION, see Superparamagnetic iron oxide 

nanoparticles
Spiral groove bearings (SGB), 80

liquid metal hydrodynamic, 82
members of hydrodynamic liquid 

metal, 81
tube, 150

SPM, see Single pixel mode
SPR, see Scatter to primary ratio
SRD, see Scatter Reduction Device
SRDL, see Substantial radiation dose level
SRDM, see Surrounding Region Dependence 

Method
SRS, see Stereotactic radiosurgery
SSCT, see Single-slice CT
SSP, see Slice sensitivity profile
SSR, see Single-side reading
Standard energy sensitivity detectors, 1091
Standard error (SE), 471
Standard Mammogram Form (SMF), 1253
STAR (Southern Europe Thomson source for 

Applied Research), 314
Stationary digital breast tomosynthesis (s-DBT), 

112–114; see also CNT-based field 
emission X-ray technology

Stationary digital tomosynthesis systems, 
111–112; see also CNT-based field 
emission X-ray technology

Statistical decision theory, 286–288
Statistical optics, 990
Statistical process control (SPC), 950
Statistical reconstruction methods, 704; see also 

Iterative reconstruction
expectation maximization, 704–706
maximum a posteriori reconstruction, 

706–709
Poisson distributed noise, 704

Status-X-technique, 426–427
Stereotactic body radiotherapy (SBRT), 907
Stereotactic radiosurgery (SRS), 907
Stochastic effects, 1310
Storage phosphors, 420
Stylized phantoms, 1164–1165; see also 

Computational phantoms
Sub-frame, 521–522
Submentovertex projection, 442; see also 

Extraoral projection radiography
Substantial radiation dose level (SRDL), 1317
Successive over-relaxation (SOR), 1074
Sufficient longitudinal coherence, 164
Super-miniature X-ray tube (SMXT), 123; see 

also Miniature X-ray tubes
energy spectrum of X-rays by, 125
sealed-off, 126

Superparamagnetic iron oxide nanoparticles 
(SPION), 838

Support vector machine (SVM), 1233
Surrounding Region Dependence Method 

(SRDM), 1213
SVD, see Singular value decomposition
SVM, see Support vector machine
Swiss Light Source (SLS), 166, 177, 252
Switched source systems, 893
SXA, see Single energy X-ray absorptiometry
SXT, see Soft X-ray tomography
Synchrotron, 155, 820

facility, 156

Synchrotron radiation (SR), 34, 1028, 1201; 
see also Advanced sources; X-ray 
free electron laser; X-ray imaging 
beamlines

X-ray sources, 155
SYnchrotron Radiation for Mammography-CT 

(SYRMA-CT), 1036
SYnchrotron Radiation for MEdical Physics 

(SYRMEP), 305, 1034–1036
Synchrotron sources, 156, 175, 177

angular collimation, 158–159
bending magnets, 160–161
coherence, 164–165
emitted flux, 162–163
large transverse oscillations, 160
Liouville theorem, 163
polarization, linear and elliptical, 166
practical performances, 166
source size, 162
spectral brightness, 163–164
spectral emission of undulator, 160
spectra of two different bending-magnet 

sources, 161
time structure, 166
torchlight emission, 161
undulator emission, 157–158, 159–160
undulator parameter, 159
wigglers, 161–162

SYRMA-CT, see SYnchrotron Radiation for 
Mammography-CT

SYRMEP, see SYnchrotron Radiation for 
MEdical Physics

T

TACs, see Tissue attenuation curves
TADDI, see Tomographic angle-dispersive 

diffraction imaging
Tagged Image File Format (TIFF), 1252
Talbot/grating interferometry, 985; see also 

X-ray phase-contrast imaging theory
phase stepping curve, 987
Talbot carpet, 986
Talbot effect, 985–986
Talbot interferometry phase retrieval, 

987–988
Talbot interferometry setup, 986–987

Talbot–Laue interferometry, 25
Task Group 18 (TG18), 1284
TASMICS (Tungsten Anode Spectral 

Model using Interpolating Cubic 
Splines), 194

TASMIP (Tungsten Anode Spectral Model using 
Interpolating Polynomials), 194

TBMD, see Trabecular bone mineral density
TBV, see Tissue blood volume
TCM, see Tube current modulation
TDI, see Time Delay Integration
TE, see Thermally emitted
TEDDI, see Tomographic energy dispersive 

diffraction imaging
Teeth scheme, 416; see also Dental radiography
Teichmann mixture, 329
Teleradiology, 351
Temporo-mandibular joint (TMJ), 416; see also 

Dental radiography
Temporomandibular joint (TMJ), 432
TFT, see Thin film transistor



1390 Index

TG18, see Task Group 18
The effect of defect process, 920
Thermally emitted (TE), 119
Thermal performance metric, 77; see also X-ray 

tube
anode heat storage abandoned, 77–78
current and power chart, 79
heating and cooling curves, 78–79
single load rating chart, 79–80

Thermal radiation, 990
Thermionic emission, 62, 105, 146, 694
Thermoluminescent (TL), 1128
Thermo luminescent dosimeters (TLDs), 203, 

410, 779, 1125; see also Dosimetric 
consideration in fluoroscopy; 
Reference radiochromic film 
dosimetry system

Thick target bremsstrahlung, 188; see also X-ray 
spectra calculation

bremsstrahlung angular distribution, 
191–192

bremsstrahlung cross-section differential, 
190, 191

electron interactions in target, 188–189
electron penetration in X-ray targets, 

189–190
2BN formula, 191
2BS distribution, 191

Thin film transistor (TFT), 400, 532, 533, 609
Thompson, Silvanus, 331
Thomson scattering (TS), 319; see also All-

optical X-ray; Inverse Compton 
scattering X-ray sources

cross-section, 12
by electron bunch, 312–313
in laboratory, 319–321
nonlinear, 313
process parameters, 311
by single electron, 311–312

Thomson scattering Simulation Tools 
(TSST), 313

ThomX machine layout, 316; see also Inverse 
Compton scattering X-ray sources

3D printing of patient-specific replicas, 
1129; see also Anthropomorphic 
phantoms

3D reconstruction, 685
of fan-beam data from helical scans, 

686–687
Feldkamp–Devis–Kress method, 688–690
Feldkamp killer, 689
inversion of radon transform in more than 

two dimensions, 687–688
Tuy–Smith sufficiency condition, 687

3D rendering of skull, 1194, 1195
3D Shepp–Logan phantom, 1176; see also 

Computational phantoms
3D torso phantom, 1128; see also 

Anthropomorphic phantoms
Through Silicon Via (TSV), 252
TIE, see Transport of Intensity equation
TIE-Hom, see Homogeneous TIE
TIE-Hom phase retrieval

effect on noise in CT images, 295
effect on noise in CT volume, 296–305
effect on noise in projection radiographs, 

289–295
gain factor values, 293

standard deviation of noise in projection 
images, 292

TIFF, see Tagged Image File Format
Tile scanning technique, 1190; see also X-raying 

of artworks
Tilting table, 519–520
Time Delay Integration (TDI), 1190
Time-over-Threshold (ToT), 244
TIPS, see Transjugular intrahepatic 

portosystemic shunt
Tissue attenuation curves (TACs), 1177
Tissue blood volume (TBV), 855
Tissue Equivalent CT Dose Phantoms, 1151; see 

also Phantom
Tissue imaging, 1015–1017; see also Non-

interferometric techniques
Tissue substitute materials, 1107, 1129–1130; see 

also Phantom
computational tools and online resources, 

1112–1113
design considerations, 1108–1110
design methods, 1113–1114
effective atomic number, 1110–1112, 

1114–1116, 1117, 1118, 1119, 1124
electron density, 1112
elemental composition, 1115, 1122–1124
linear attenuation coefficient, 1119, 1124
mass attenuation coefficient, 1109, 1110, 1116
mass density and electron density, 1114, 1116
refractive index decrement, 1116–1118, 

1119–1120, 1121, 1126–1127
selection of, 1120–1121
tissue properties, 1114
tissue substitutes, 1118–1119
X-ray spectra for mammography, 1109

TL, see Thermoluminescent
TLA, see Trans lumbar aortography
TMJ, see Temporo-mandibular joint
TN, see Triple-negative
TO CDRH Phantom, 1147; see also Phantom
TOLP, see Transcranial oblique lateral 

projection
Tomographic angle-dispersive diffraction 

imaging (TADDI), 1102
Tomographic energy dispersive diffraction 

imaging (TEDDI), 1102
Tomographic phantoms, 1165; see also 

Computational phantoms
Tomographic reconstruction, see 

Image—reconstruction
Tomographic slice of skull, 1195
Tomophan, 1145; see also Phantom
TomoWELD manipulator, 614
TOR CDR phantom, 1139; see also Phantom
ToT, see Time-over-Threshold
Total variation (TV), 652, 753, 1073
Towne projection, 443, 444; see also Extraoral 

projection radiography
TPF, see True positive fraction
TPS, see Treatment planning system
Trabecular bone mineral density (TBMD), 1100
Transcranial oblique lateral projection 

(TOLP), 446
Transistor-transistor logic (TTL), 181
Transjugular intrahepatic portosystemic shunt 

(TIPS), 1316
Trans lumbar aortography (TLA), 347
Transmission X-ray microscope (TXM), 935

setup for full-field, 946
Transpharyngeal projection, 447; see also 

Extraoral projection radiography
Transportable CT system, 1194, 1196, 1197
Transportable X-ray scanning device, 1189
Transport of Intensity equation (TIE), 275, 976; 

see also Homogeneous TIE
based phase retrieval, 278

Treatment planning system (TPS), 784
Triode tube, 126; see also Miniature X-ray tubes
Triple-negative (TN), 1243
True color images, 1301
True positive fraction (TPF), 1221
TS, see Thomson scattering
TSST, see Thomson scattering Simulation Tools
TSV, see Through Silicon Via
TTL, see Transistor-transistor logic
Tube current modulation (TCM), 793, 796–797, 

799
TCM and SSDE, 803

Tube housing assembly for CT, 152; see also 
X-ray tubes history

Tuned aperture computed tomography (TACT), 
415, 867–868

Tungsten thermionic emitter alternatives, 63; see 
also X-ray tube

advanced electron optics, 68–69
all-metal–ceramic rotating anode tube, 71
backscattered electrons, 69–70
cathode of PerformixTM HD CT tube, 68
CNT and graphene emitters, 64
electron beam focusing and metric for focal 

spot size, 64–66
electrostatic deflection, 68
finned beryllium window of metal center 

section tube, 71
focal spot blooming, 65
focal spot camera, 65
focal spot dimensions, 67
focal spot size prediction, 64
loading factors for focal spot 

measurement, 66
magnetic focusing, 68
off-focal radiation, 66–67
oil-cooled scattered electron trap of GE 

VCT tube, 72
permissible dimensions for focal spot 

values, 66
point spread function, 65
single emitter cathode of tube for CT, 67
single polar iMRC tube, 69
special cathode features, 67–68
spectral detection IQon® scanner 

families, 69
tangential and radial deflection of focal spot 

in CT tube, 69
work function reduction, 63–64

Tuy–Smith sufficiency condition, 687
TV, see Total variation
2BN formula, 191
2BS distribution, 191
2CS (Coulomb-corrected, Screened), 191
Two-dimension (2D), 204
2D reconstruction

back projection-filtration, 678–681
in circular fan-beam geometry, 681
data redundancy and short-scan 

reconstruction, 684–685
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direct Fourier reconstruction, 674–675
fan beam FBP, 682–684, 685
filtered back projection, 675–678
in parallel-beam geometry, 674
rebinning, 682, 686

Two pulse generators, 145; see also X-ray tubes 
history

TXM, see Transmission X-ray microscope

U

U-arm tables, 521, 523
UCSF, see University of California at San 

Francisco
UF, see University of Florida
UGCT, see Ghent University in Belgium
UK, see United Kingdom
Ultrabright storage rings, 169
Ultra-small-angle X-ray scattering (USAXS), 

978, 982
image, 1004

Ultrasonography (US), 1026, 1076, 1283
Ultrasound (US), 920
UMMC, see University of Mississippi Medical 

Center
UMPA, see Unified modulated pattern analysis
UNC-CH, see University of North Carolina at 

Chapel Hill
Uncertainty principle, 6, 10
UNFORS equipment, 778; see also Quality 

assurance
Unified modulated pattern analysis 

(UMPA), 990
United Kingdom (UK), 621
University of California at San Francisco 

(UCSF), 1254
University of Florida (UF), 1167

phantoms, 1128–1129
University of Mississippi Medical Center 

(UMMC), 1256
University of North Carolina at Chapel Hill 

(UNC-CH), 107
URLs of useful databases, 49
Uroradiology, 339–340
US, see Ultrasound
USAXS, see Ultra-small-angle X-ray scattering
U.S. Food and Drug Administration (FDA), 791, 

869, 1142
U.S. Preventive Services Task Force (USPSTF), 

1259
USPSTF, see U.S. Preventive Services Task 

Force

V

VBD, see Volumetric breast density
VCH-F, see Visible Chinese Human adult 

Female
Venetian glass goblet, 142
VGA, see Visual grading analysis
Virtual exhumation, 622
Visible Chinese Human adult Female (VCH-F), 

1170, 1171; see also Computational 
phantoms

Visual grading analysis (VGA), 1312
Visual search, 1276
VMAT, see Volumetric modulated arc therapy
VOI, see Volume of interest

Volume of interest (VOI), 1055
Volumetric breast density (VBD), 357
Volumetric modulated arc therapy (VMAT), 897
Voxel effect, 1167
Voxelization, see Voxel effect
Voxel phantoms, 1165–1167; see also 

Computational phantoms
creation of, 1162, 1163
from MRI images, 1167
voxel effect, 1167

W

Waters projection, 442–443; see also Extraoral 
projection radiography

Wave breaking, 317; see also All-optical X-ray
Wave equation, 31, 972; see also X-ray phase-

contrast imaging theory
Wave function, spectral decomposition of, 972
WBA, see Whole-body angiography
Weber contrast, 477
White matter (WM), 1177
Whole-body angiography (WBA), 627, 628–629; 

see also Post-mortem CT scanning
Whole-body phantoms, 1169; see also 

Computational phantoms
Wide-sense cyclostationary (WSCS), 268
Wide-sense stationary (WSS), 266, 487
Wiener–Khinchin theorem, 266–267
Wiener spectrum (WS), 227, 231
WM, see White matter
WS, see Wiener spectrum
WSCS, see Wide-sense cyclostationary
WSS, see Wide-sense stationary

X

XA, see Digital angiography
XC, see X-ray catheter
XCAT phantoms, see Extended cardiac-torso 

phantoms
XDFI, see X-ray dark field imaging
X-FEL, see X-ray free electron laser
XPCI, see X-ray phase-contrast imaging
XR, see X-ray radiography
X-ray, 332, 507, 972; see also X-raying of 

artworks
apparatus, 333
department, 332–333
detection devices, 239
film radiography, 1187–1189
mammogram, 262
pulsing, 102
radiation, 283
radiography, 1189–1190
radiopacities, 1186
Schlieren method, see Analyzer-based 

imaging
sources of medium and high energy, 

1197–1198
stereoradiography, 1191
table, 518–519
tomosynthesis, 1049–1050
transportable X-ray scanning device, 1189

X-ray atlas of arteries, 344
injected vessels of fetus, 345
injection detailing coronary vessels, 345
stereo radiographic pairs, 346

X-ray based imaging systems, 261; see also 
Breast X-ray imaging

BrainLAB ExacTrac system, 906–907
CT simulator, 898–899
Cyberknife system, 908–909
EPID-based MV imaging systems, 899–902
fan-beam kV CT on-rail systems, 909–910
fan-beam MV CT of tomotherapy, 910–911, 

912, 913
kV C-arm imaging systems, 911, 913, 914
on-board imaging, 899
XVI and OBI kV imaging systems, 902–906

X-ray beam, 59, 359, 695; see also Digital 
mammography

composition of X-ray spectra, 361
focal spot, 360–361
geometry, 359–360
hanging protocol, 360
heel effect, 359

X-ray catheter (XC), 126
X-ray dark field imaging (XDFI), 1065, 1066, 

1069; see also Crystal analyzer-based 
XPCI

analytical methods, 1070–1071
artery of femur, 1080
breast tumor, 1078
clinical deployment of, 1078–1079
finger joint, 1078
iterative method for artifact reduction, 

1071–1073
ray equation and fundamental equations for 

XDFI-CT, 1069–1070
sparsity-aware reconstruction technique, 

1073–1075
tomograph and sinogram, 1072
X-ray topography of Cz-FZ silicon single 

crystal, 1079
X-ray detector response function, 473

diagnostic detectors, 475
geometry and collimation, 473–474
images for quantitative measurements, 473
mammography detectors, 474–475
measuring and fitting response function, 

475–477
radiation quality and exposure range, 474

X-ray detectors, 527; see also Clinical 
radiographic units; Photon-counting 
detectors

capital costs of DR vs. CR, 534
cassette-based detectors, 527–530
characterization, 496
direct digital radiography, 530–534
DQE, 497, 500–501
flat panel cost comparison with CT, 534
MTF curves, 498
NNPS curves, 497
ongoing costs with DR vs. CR, 534
to system characterization, 500
uses of physical image quality 

measurements, 498–500
X-ray diffraction (XRD), 126
X-ray dose, 283, 284
X-ray fluorescence (XRF), 126, 1085, 1088, 1194
X-ray free electron laser (X-FEL), 316; see also 

Advanced sources; Synchrotron 
sources

elements of FEL theory, 168
FEL operation, 168–169
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X-ray free electron laser (Continued)
and imaging, 169
Pierce parameter, 168
sources, 166, 177
wigglers and FELs, 168

X-ray generation, 25–30
beam hardening, 27
effective energy and HVL for Al, bone, and 

muscle, 28
electron-induced bremsstrahlung, 26
emission current density, 25
single photon counters, 30
spectroscopic detectors, 30
X-ray tube energy spectra, 27

X-ray generators, 93, 395–396
current rating, 100
dose control, 103–104
dual energy imaging, 98
dual tube high-voltage switch, 99
electron emitter heating and emission 

control, 101–102
energy quantization, 99
four-stage high-voltage cascade, 100
functionality high-voltage, 94
functionality of, 93–94
grid and electrostatic deflection supply, 

102–103
high-performance power block for CT, 100
high-voltage cable plug with four leads, 103
high-voltage train, 94–97
internals of bi-polar high-voltage tank, 96
magnetic focusing, 103
magnetic slip rings, 97–98
matching generator and tube, 101
measurement circuits for tube voltage, 98
monoblocks, 104
MOSFET-based converter generator, 97
multiple tubes, 99
power rating, 100
power train of converter generator, 95
rotor control, 103
sensing tube voltage and current, 98–99
silicon-based IGBT converter generator, 97
transition times and pulse lengths, 102
tube current for bi-polar high-voltage 

generator, 98
tube temperature supervision, 103
user interface of high-voltage generator, 94
voltage ripple, 99–100
X-ray pulsing, 102

X-ray imaging
attenuation and phase-contrast, 275–278
in humanities, 173
modalities, 240

X-ray imaging beamlines, 170; see also X-ray 
free electron laser

elements of, 170
Fresnel zone plate, 172
photoelectron energy, 172

X-raying of artworks, 1185, 1205
Celtic excavation block, 1199
cultural heritage, 1185–1187, 1190–1191, 

1200
easel painting, 1186
Japanese wooden statue, 1196
for large artworks, 1195–1197
Madonna of the Goldfinch, 1188
for medium-sized objects, 1194–1195

non-invasive investigations, 1204
painting, 1187, 1188
panel painting Madonna with Child, 1187
Roman bronze statue of Cupid, 1198
scan geometries for objects larger than 

detector, 1201
still life, 1187
tile scanning technique, 1190
tomographic slice of paper pipe, 1203

X-ray interactions in matter, 3
absorption based imaging, 23
atomic cross-sections, 8
atomic scattering factors, 21–23
atom models, 8–11
attenuation of visible light, 4
attenuation of wave fields, 4
coherent Rayleigh scattering, 14–15
complex refractive index, 21–23
energy mass attenuation coefficient, 21
incoherent Compton scattering, 12–14
incoherent Thomson scattering, 11–12
macroscopic description of, 5–7
microscopic description of, 7–8
pair production, 18–19
phase-contrast imaging, 23–25
photo effect, 15–18
photo–nuclear interactions, 19–20
skin dose, 21
total absorption cross-section, 20–21
transmission and absorption in tissue, 4
X-ray generation, 25–30

X-ray microscopes in transmission mode, 818–
819; see also Soft X-ray tomography

capillary optics, 823–824
Fresnel zone plates, 822–823
illumination, 820
single bounce elliptic lens, 823
synchrotron sources, 820–821
tabletop sources, 821–822
X-ray interaction cross-sections, 819
X-ray interactions with matter, 819–820
X-ray optics, 822

X-ray oriented program (XOP), 27, 176
X-ray phase-contrast imaging (XPCI), 

999–1000, 1017–1018; see also Non-
interferometric techniques

analyzer-based, 980–985
phase-contrast tomography, 993–994
polychromaticity and source size effect on, 

990–993
propagation-based, 978–980
single-grid method of imaging, 989
speckle-scanning, 989
speckle-tracking, 989

X-ray phase-contrast imaging theory, 971; see 
also Analyzer-based imaging

Bonse–Hart X-ray interferometry, 985
complex refractive index, 974
edge illumination, 988
inhomogeneous equations, 973–974
paraxial fields, 972–973
phase retrieval, 976–978
projection approximation, 975
spectral decomposition of wave function and 

Helmholtz equation, 972
Talbot/grating interferometry, 985–988
visualizing X-ray phase-contrast, 975–976
visualizing X-ray scattering, 978

wave equations, 972
X-ray radiography (XR), 122

drawbacks, 697
and tomography imaging, 1159

X-ray scattering, 978, 1083; see also Radiation 
interaction with matter; Scattered 
radiation imaging; Scattered 
radiations; X-ray phase-contrast 
imaging theory; XRF-imaging

X-ray shutters, 175, 182
applications of, 179–180
commercial, 180–182
conventional, 175
design, 176–179
dog-bone shaped photon shutter, 178
mechanical layout, 180
photon shutter system, 179
synchrotron light sources and X-ray 

FELs, 177
temperature and stress results of two photon 

shutters, 178
types of X-ray sources, 176
white-beam fast shutter, 181
XFEL. EU pulse structure, 179
X-ray resources on web, 177
X-ray shielding, 59
X-ray tube target materials, 176

X-rays mass attenuation coefficients of K and 
L, 1337

K and L X-rays and critical absorption 
energies, 1360–1361

K, L and M fluorescence yields, 1362–1363
mass attenuation coefficients in X-ray energy 

interval, 1337–1358
X-ray source assembly, 58; see also X-ray tube

beam for general radiography, 59
beam limitation, 59–60
beam quality, 60
protection against implosion and explosion, 

58–59
X-ray shielding, 59

X-ray spectra calculation, 185, 199; see also 
Spectral models; Thick target 
bremsstrahlung

characteristic X-rays, 188
experimental insights, 186–187
experimental thin target bremsstrahlung 

spectra in aluminum, 187
Kramers–Thomson–Whiddington model, 

187–188
observations and first spectral model, 186
simplicity vs. sophistication, 186
spectral modeling, 185
X-ray tube reflection geometry, 186

X-ray tube, 53, 396; see also Rotating anode 
tubes; Thermal performance 
metric; Tungsten thermionic emitter 
alternatives; X-ray source assembly

anode end-grounded Varian tube, 57
assemblies, 87
assembly room, 84
bake-out stations, 85
balancing drills, 83
ball bearing systems, 80
cathode, 60–61
cleanliness, 83
clinical application impact on price, 90
components, 60
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cooling, 60, 61, 75–76
cost of additional functionality, 90
degassing of cathode heads, 84, 85
dismantling for anode recycling, 89
emission chart, 63
final testing, 86
glass X-ray tube, 55, 85, 86
gyroscopic momenta, 83
heat sources, 60
high-voltage conditioning, 83–85
installation and service, 87
leakage radiation testing, 86
production, 83, 86–87
punctured cathode ceramics, 88
reconditioning, 87
reflection geometry, 186
remnants of tube arcing, 88
replacement and recycling, 88, 89
rotating anode, 54–57, 80
rotating frame tubes, 57–58
rotor dynamics, 82
scattered electron collection efficiency, 76
spiral groove bearings, 80
stationary anode tubes, 58
temperatures in radiography, 76–77
thermal light emission from anode, 54
thermionic emission, 62, 105, 146, 694
tube housing and heat exchanger, 60
tube life time, 88–89
value engineering and tube costs, 89–90
vibration and noise, 82–83
warm-up, 87
warranty multiplier, 89
wear and tear X-ray tubes, 88
work function of tungsten, 61–63
working principle and types of medical, 54
X-ray intensity distribution, 56
X-ray port of metal center section tube, 56

X-ray tubes history, 139
casualties, 143–144
cathode rays, 139
commercial anode, 152
Coolidge’s thermionic electron production, 

146–147

Crookes tubes, 144–145
CT requirements, 152
early days of X-rays, 140, 141
electron beam CT, 150
evolution of tube technology, 153
glass blowers workshop, 143
Goetze’s line focus 1918, 147–148
graphite-backed anodes, 150
heat units, 145–146
heel effect, 147
highest power density CT tube 2007, 

152–153
high voltage rectifier, 146
Hittorf’s inductor, 140
industrialization of X-ray, 141
Lilienfeld tube, 146
luminescence between electrodes, 144
major steps of progress, 144
Müller, C. H. F., 142
radiologist’s office as in 1905, 144
Röntgen’s X-ray discovery, 140–141
rotating anode tube, 148–149
rotating frame tubes, 151–152
tube for EBCT system, 151
tube housing assembly, 152
tubes in 1980s, 150
tube types, 145
two pulse generators, 145
Varian’s patent on anode end grounded tube, 

151
X-ray shoe fitter fluoroscope, 144, 145

X-ray volume imaging (XVI), 902; see also 
X-ray based imaging systems

Elekta Synergy treatment machine, 902
full-fan and half-fan modes, 903

XRD, see X-ray diffraction
XRDBMS, see eXtension Relational DataBase 

Management System
XRF, see X-ray fluorescence
XRFI, see XRF-imaging
XRF-imaging (XRFI), 1088, 1089, 1093; see 

also X-ray scattering
advantage of, 1089
applications, 1093–1095

archaeometry, 1095–1096
Archimedes Palimpsest, 1095
EDXRF, 1095, 1096
experimental setup, 1089
materials science, 1096
medicine and biology, 1096–1098
Monte Carlo simulation of X-ray spectra, 

1089–1090
XRF map of dinosaur bone, 1097

XR-QA2 GaFChromic film model, 204; see also 
Radiochromic film

calibration procedure for, 205
chemical compositions of various layers 

in, 205
effective point of measurement with, 209
energy dependent response of, 208
film strip of, 213
for quality assurance tests on CT 

scanner, 213
results of uncertainty analysis for, 207

XVI, see X-ray volume imaging
XXL-CT, 936–939; see also Industrial CT 

scanners
applications of, 938–939
high-energy facility, 938
mechanical setup of, 938
radiation source, 937

Y

YAFF model, 511; see also Radiation-induced 
breast cancer

Yellow fluorescent protein (YFP), 842
YFP, see Yellow fluorescent protein
yosegi-zukuri, 1196

Z

Z-sharp technique, 654
Zubal head phantom, 1176; see also 

Computational phantoms
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