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FOREWORD

One of the important activities of the IAEA 1is the education of
professionals responsible for the application of radiation. This is no less true
in radiation medicine than in other fields, where the physics professional not
only needs to understand the physical principles involved, but must also have
a sound knowledge of their application to medical practice. Consequently, the
IAEA has a long history of supporting education in these areas through the use
of guidance documents and, importantly, more directly through cooperation
programmes, including the support of Member States in developing their own
university infrastructure for postgraduate education programmes in medical
physics, the development of clinical training guides and, more recently, web
based educational resources.

In 2005, the IAEA published Radiation Oncology Physics: A Handbook
for Teachers and Students, as a result of a process of determining a harmonized
syllabus for university education of medical physicists in radiation oncology.
Following the success of this publication, it was apparent that a similar need
existed in the other two specialities of medical physics, namely diagnostic
radiology and nuclear medicine. This need has been recognized as a result of
the growing importance of medical imaging in all areas of radiation medicine,
including radiation oncology, and also because of the growing awareness of
the increasing use of complex diagnostic equipment and techniques, such as
computed tomography, mammography and interventional radiology. In parallel
with this, the past decade has seen the digitization of image based medical
technology, with its inherent need for quality processes.

This handbook is intended to provide the basis for the education of medical
physicists initiating their university studies in the field of diagnostic radiology.
This has been achieved with the contributions of 41 authors and reviewers
from 12 different countries. The 24 chapters include a broad coverage of topics
relevant to diagnostic radiology physics, including radiation physics, dosimetry
and instrumentation, image quality and image perception, imaging modality
specific topics, recent advances in digital techniques, and radiation biology
and protection. The handbook is not designed to replace the large number of
textbooks available on many aspects of diagnostic radiology physics, which will
still be necessary to deepen knowledge in the specific topics reviewed here.
It is expected that this handbook will successfully fill a gap in the teaching
material for medical radiation physics in imaging, providing, in a single
volume, the largest possible coverage available today. Its wide dissemination
by the IAEA will contribute to the harmonization of education in diagnostic
radiology physics and will be the source reference for much of the IAEA clinical



training programmes in the field. It will be of value to those preparing for their
certification as medical physicists, radiologists and diagnostic radiographers.

Endorsement of this handbook has been granted by following international
professional bodies: the American Association of Physicists in Medicine
(AAPM), the Asia—Oceania Federation of Organizations for Medical Physics
(AFOMP) and the European Federation of Organisations for Medical Physics
(EFOMP).

The following international experts are gratefully acknowledged for
making major contributions to the development of an earlier version of the
syllabus: R. Nowotny (Austria) and M. Sandborg (Sweden). The following
individuals made major contributions to this handbook as technical editors:
S. Christofides (Cyprus), D.R. Dance (United Kingdom), A.D.A. Maidment
(United States of America) and K.-H. Ng (Malaysia). The IAEA scientific
officers responsible for the project were (in chronological order) F. Pernicka,
I.D. McLean and H. Delis.

EDITORIAL NOTE

Although great care has been taken to maintain the accuracy of information contained
in this publication, neither the IAEA nor its Member States assume any responsibility for
consequences which may arise from its use.

The use of particular designations of countries or territories does not imply any
judgement by the publisher, the IAEA, as to the legal status of such countries or territories, of
their authorities and institutions or of the delimitation of their boundaries.

The mention of names of specific companies or products (whether or not indicated
as registered) does not imply any intention to infringe proprietary rights, nor should it be
construed as an endorsement or recommendation on the part of the IAEA.

The IAEA has no responsibility for the persistence or accuracy of URLs for external or
third party Internet web sites referred to in this book and does not guarantee that any content
on such web sites is, or will remain, accurate or appropriate.



PREFACE

The application of physical principles to reveal internal structures of the
body sparked the imagination of the medical profession in the late 19th century
and rapidly became the foundation of the practice of diagnostic radiology.
The efforts of physical scientists have continued to fuel innovation in medical
imaging through a progression of technologies, including the specialization of
X ray imaging devices for examination of the breast, blood vessels, moving
vessels, teeth and bone density. The use of high frequency sound waves has
allowed the instantaneous imaging of soft tissues without the dangers associated
with ionizing radiation. The use of mathematical image reconstruction has
allowed the visualization of sections of the body, free from the confusion
caused by overlying tissue as seen in the computed tomography scanner and the
magnetic resonance imager, while the developments in computers have allowed
the electronic capture, processing and transfer of medical images.

As was quickly discovered with the application of X rays for medical
imaging, the use of radiation on living tissue is not without risk of biological
injury. The measurement of radiation, its interaction with matter and its
biological effects have led to the studies of radiation dosimetry, radiation biology
and epidemiology. These studies are becoming more important in modern
radiological imaging as the number, length and complexity of X ray procedures
received by the population continues to increase rapidly.

It is in this complex environment that the medical physicist, along with
radiologists and radiographers, plays a significant role in the multidisciplinary
team needed for medical diagnosis. Medical physicists need to be able to advise
on the principles and practice of imaging equipment and assist in purchase
processes and quality assurance. They are required to measure the radiation dose
received by staff and, most importantly, by the patients undergoing diagnostic
examinations. They should be able to advise on the optimal image quality needed
for the diagnostic process and to be able to contribute to scientific research. They
are also well equipped to assume responsibility for the safe use of radiation at a
medical facility.

This book is dedicated to students and teachers involved in programmes
that train professionals for work in diagnostic radiology. It teaches the essential
physics of diagnostic radiology and its application in modern medicine. As
such, it is useful to graduate students in medical physics programmes, residents
in diagnostic radiology and advanced students in radiographic technology
programmes. The level of understanding of the material covered will, of course,
be different for the various student groups; however, the basic language and
knowledge for all student groups is the same. The text is also a key reference for



medical physics residents undergoing a clinical training programme, as well as
those candidates preparing for professional certification examinations.

The text is written to support a set of courses whose content provides the
necessary diagnostic and interventional radiological physics knowledge for all
of modern diagnostic radiology. While the text is mainly aimed at diagnostic
radiology professionals, certain parts may also be of interest to professionals
in other branches of medicine that use ionizing radiation for the treatment of
disease (radiation therapy and nuclear medicine). The contents are also useful
for physicists who are involved in studies of radiation hazards and radiation
protection (health physics).

This book represents a collaborative effort by professionals from many
different countries, who share a common goal of disseminating their diagnostic
radiology physics knowledge and experience to a broad international audience of
teachers and students.

S. CHRISTOFIDES
D.R. DANCE

A.D.A. MAIDMENT
L.D. McLEAN

K.-H. NG
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Chapter 1

FUNDAMENTALS OF ATOMIC AND NUCLEAR PHYSICS

K.-H. NG
University of Malaya,
Kuala Lumpur, Malaysia

D.R. DANCE
Royal Surrey County Hospital,
Guildford, United Kingdom

1.1. INTRODUCTION

Knowledge of the structure of the atom, elementary nuclear physics, the
nature of electromagnetic radiation and the production of X rays is fundamental
to the understanding of the physics of medical imaging and radiation protection.
This, the first chapter of the handbook, summarizes those aspects of these areas
which, being part of the foundation of modern physics, underpin the remainder of
the book.

1.2. CLASSIFICATION OF RADIATION

Radiation may be classified as electromagnetic or particulate, with
electromagnetic radiation including visible light, infrared and ultraviolet,
X rays and gamma rays (Fig. 1.1), and particulate radiation including electrons,
positrons, protons and neutrons.

1.2.1. Electromagnetic radiation

Electromagnetic waves can, like all waves, be characterized by their
amplitude, wavelength (1), frequency (v) and speed. The amplitude is the
intensity of the wave. The wavelength is the distance between identical points on
adjacent cycles. The frequency is the number of complete wave oscillations per
unit time. The speed of the wave is equal to the product of the frequency and the
wavelength, and its magnitude depends upon the nature of the material through
which the wave travels and the frequency of the radiation. In a vacuum, however,
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FIG. 1.1. The electromagnetic spectrum. MRI: magnetic resonance imaging.

the speed for all electromagnetic waves is a constant, usually denoted by ¢, and
in which case:

c=Av (1.1)

For X rays, wavelength is usually expressed in nanometres (nm)
(I nm= 10" m) and frequency is expressed in Hertz (Hz) (1 Hz= 1 cycle/s=1s™).

When interactions with matter are considered, electromagnetic radiation is
generally treated as series of individual particles, known as photons. The energy
of each photon is given by:

E=hy (1.2)

where the constant / is known as Planck’s constant. In diagnostic radiology, the
photon energy is usually expressed in units of keV, where 1 electronvolt (eV) is
the energy received by an electron when it is accelerated across of a potential
difference of 1 V.

1.2.2. Particulate radiation
In diagnostic radiology, the only particulate radiation that needs to be

considered is the electron. This has a rest mass of 9.109 x 103! kg and a rest
energy of 511 keV.
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1.2.3. lIonizing and non-ionizing radiations

Radiation is classified as ionizing or non-ionizing, depending on its ability
to ionize matter:

* Non-ionizing radiation cannot ionize matter.
* Jonizing radiation can ionize matter, either directly or indirectly:

— Directly ionizing radiation: Fast charged particles that deposit their
energy in matter directly, through many small Coulomb (electrostatic)
interactions with orbital electrons along the particle track.

— Indirectly ionizing radiation: X or gamma ray photons or neutrons that
first transfer their energy to fast charged particles released in one or a
few interactions in the matter through which they pass. The resulting
fast charged particles then deposit their energy directly in the matter.

The minimum energy required to ionize an atom, i.e. to remove an electron,
is known as the ionization potential. For elements, its magnitude ranges from a
few electronvolts for alkali metals to 24.5 eV for helium. For water, it is 12.6 eV.
Electromagnetic radiation of frequency higher than the near-ultraviolet region
of the electromagnetic spectrum is ionizing, whereas electromagnetic radiation
with energy below the far-ultraviolet region (e.g. visible light, infrared and
radiofrequency) is non-ionizing.

1.3. ATOMIC AND NUCLEAR STRUCTURE
1.3.1. Basic definitions

The atom is composed of a central nucleus surrounded by a cloud of
negatively charged electrons. Most of the mass of the atom is concentrated in the
atomic nucleus, which consists of Z protons and (4 minus Z) neutrons, where Z is
known as the atomic number and 4 the atomic mass number of the nucleus. The
proton and neutron have nearly identical rest masses; the proton has a positive
charge identical in magnitude to the negative electron charge, and the neutron
has no charge. In a non-ionized atom, the number of electrons and number of
protons are equal. The radius of an atom is about 0.1 nm, whereas the radius of
the nucleus is much smaller, about 10~ nm.

Protons and neutrons are commonly referred to as nucleons; they have
identical strong attractive interactions, and are bound in the nucleus with the
strong force. In contrast to electrostatic and gravitational forces that are inversely
proportional to the square of the distance between two particles, the strong force
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between two nucleons is a very short range force, active only at distances of
the order of a few femtometres. At these short distances, the strong force is the
predominant force, exceeding other forces by several orders of magnitude.

Some basic definitions and descriptions are as follows:

® Atomic number Z: number of protons and number of electrons in an atom.
® Atomic mass number 4: number of protons Z plus number of neutrons N in
an atom (4 =Z + N).

There is no basic relation between 4 and Z, but the empirical relationship

;. A
T 198400155427 (1.3)

furnishes a good approximation for stable nuclei.

® A nucleus X with atomic mass number 4 and atomic number Z is denoted
4 X; for example, an isotope of cobalt with 60 nucleons is abbreviated ) Co,
the 2°Ra nucleus as *2$Ra.

® An element may be composed of atoms that all have the same number of
protons, but have different numbers of neutrons, i.e. have different atomic
mass numbers 4. Atoms of identical atomic number Z but differing atomic
mass numbers 4 are called isotopes of a given element.

*® Unified atomic mass unit x: A unit used for specifying the masses of atoms.
It is equal to 1/12 of the mass of the '>C atom or 931.5 MeV/c?.

* Atomic weight 4: A dimensionless physical quantity, the ratio of the
average mass of the atoms of an element to the unified atomic mass unit.
The average is a weighted mean over all the isotopes of the particular
element, taking account of their relative abundance.

* Atomic mass M: Expressed in unified atomic mass units. The atomic mass
M is for a particular isotope and is smaller than the sum of the individual
masses of constituent particles because of the intrinsic energy associated
with binding the particles (nucleons) within the nucleus.

* Atomic g-atom (gram-atom): Number of grams that correspond to N,
atoms of an element, where N, is Avogadro’s constant (6.022 x 10%
atoms/g-atom). The above definition of atomic weight means that 4_g of
each element contains exactly N, atoms. It follows that:

— Number of atoms, N, , per unit mass of an element:

N —-Na (1.4)
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— Number of electrons, ZN, , per unit mass of an element:

ZN,. :AiNA (1.5)

T

— Number of electrons, ZN , per unit volume of an element:

ZN, =pZN,, = pZ% (1.6)

T
where p is the density of the element.

* Note that Z/4_ = 0.5 for all elements, with the exception of hydrogen,
for which Z/4_= 1. Actually, (Z/4,) slowly decreases from 0.5 for low Z
elements to 0.4 for high Z elements.

* If we assume that the mass of a molecule is equal to the sum of the masses
of the atoms that make up the molecule, then for any molecular compound
there are N, molecules per g-mole of the compound, where the g-mole
(gram-mole or mole) in grams is defined as the sum of the atomic weights
of the atoms making up the molecule.

1.3.2. Atomic structure

The modern quantum mechanical model of the atom is built on the work
of many physicists. The idea of a dense central nucleus surrounded by orbiting
electrons was first proposed by Rutherford in 1911. His model, however, being
based on classical physics, had a number of unsatisfactory features. For example,
it could not explain the observed emission spectra of the elements. Bohr
elaborated Rutherford’s atomic model in 1913, based on classical, non-relativistic
mechanics, by adding the concept of angular momentum quantization. His model
is based on four postulates:

(i) Electrons revolve about the Rutherford nucleus in well defined,
allowed orbits (shells), the central attractive Coulomb force of
attraction between the electrons and the positively charged nucleus
being balanced by the centripetal force arising from the orbital motion.

(i) While in orbit, the electron does not lose any energy in spite of being
constantly accelerated (this postulate is in contravention of classical
physics, which predicts that an accelerated charged particle will lose
energy in the form of radiation).
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(iii)) The angular momentum of the electron in an allowed orbit is quantized
and only takes values of n#, where n is an integer and # = h/(2r),
where / is Planck’s constant.

(iv) An atom or ion emits radiation when an electron makes a transition
from an initial orbit with quantum number », to a final orbit with
quantum number 7, for n. > n..

While the work of Bohr was a major breakthrough, successfully explaining
aspects of the behaviour of the hydrogen atom, the singly ionized helium atom
and the doubly ionized lithium atom, etc., the story did not stop there. Through the
work of Heisenberg, Schrodinger, Dirac, Pauli and others, the theory of quantum
mechanics was developed. In this theory, the electrons occupy individual energy
states defined by four quantum numbers, as follows:

® The principal quantum number, n, which can take integer values and
specifies the main energy shell;

® The azimuthal quantum number, /, which can take integer values between
0 and n—1, and which specifies the total rotational angular momentum for
the electron;

® The magnetic quantum number, m, which can take integer values between
—/ and +/ and which specifies a component of the angular momentum;

® The spin quantum number, s, which takes values —2 or +'2 and specifies a
component of the spin angular momentum of the electron.

According to the Pauli exclusion principle, no two electrons can occupy
the same state and it follows that the number of electron states that can share the
same principal quantum number, 7, is equal to 27>,

The energy levels associated with these four quantum numbers can be
understood using energy level diagrams such as those shown in Fig. 1.2 for
hydrogen and tungsten. In these diagrams, each value of the principal quantum
number above n = 1 gives rise to a band (or shell) of states of similar energies
(shown as a single energy for simplicity). The energy levels associated with
the various electron orbits (not drawn to scale) increase with Z and decrease
with quantum number » and the average distance from the nucleus. The outer
electronic shell (valence shell) determines the chemical properties of the element.
The energy bands associated with n = 1, 2, 3, etc., are known as the K, L, M,
etc., bands. The structure of each band arises from small differences in energy
associated with both the / and s quantum numbers.
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FIG. 1.2. Energy levels for hydrogen and tungsten. Possible transitions between the various
energy levels are shown with arrows.

1.4. X RAYS
1.4.1. The production of characteristic X rays and Auger electrons

When charged particles pass through matter, they interact with the atomic
electrons and lose energy through the processes of excitation and ionization.
Ionization can also be produced as photons pass through matter by interactions
such as the photoelectric effect (see Section 2.2.1) and incoherent scattering (see
Section 2.2.6). Excitation occurs when there is a transfer of some of the incident
particle’s energy to electrons in the absorbing material, displacing them to shells
further from the nucleus (i.e. to higher energy levels) and leaving a vacancy in
the original shell. If the transferred energy exceeds the binding energy of the
electron, ionization occurs, resulting in the electron being ejected from the atom.
An ion pair, consisting of the ejected electron and the ionized, positively charged
atom, is then formed.

While the smallest binding energies (ionization potentials, see
Section 1.2.3) for electrons in carbon, nitrogen and oxygen are 11.3, 14.5 and
13.6 eV, respectively, the average energy required to produce an ion pair in dry air
(mostly nitrogen and oxygen) is 33.97 eV. The energy difference (approximately
24 eV) is the result of the excitation process.

Whenever a vacancy is created in an inner electronic shell, whether by
excitation or ionization, it is filled by an electron from a more distant (outer)
shell. This results in a vacancy in this second outer shell, which is then filled by
an electron (if available) from an even more distant outer shell, and the whole
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process repeats, producing a cascade of transitions. The energy released in each
transition is carried away by the emission of electromagnetic radiation or by an
electron ejected from another outer shell, known as an Auger electron. Depending
on the atomic number of the material, and the electronic shells involved, the
electromagnetic radiation may be in the visible, ultraviolet or X ray portions of the
spectrum. The energy of this radiation is characteristic of the particular atom, since
it is equal to the difference in the electron binding energies of the initial and final
states for the particular transition, which depends on atomic number. X rays thus
emitted are known as characteristic or fluorescent X rays. A naming convention
is used in accord with the shell in which the vacancy occurred. X rays emitted in
association with an electron transition to the K shell are known as K characteristic
X rays, and X rays resulting from an electron transition to the L shell are known as
L characteristic X rays, and so forth. Subscripts are used to denote the shell from
which the vacancy is filled. The subscript o is used to denote radiation emitted
for a transition between neighbouring shells and subscript B to denote radiation
emitted for a transition between non-neighbouring shells. Hence, a K X ray is
emitted for a transition between L and K shells and a K, X ray for a transition
between M or N and K shells (Fig. 1.3). Further subscripts are used as necessary
to indicate which subshells are involved in the transition. The lines K |, K ,, KBl
and K, are visible in the X ray spectrum shown in Fig. 5.2 from a tungsten target
X ray tube. For X ray spectra from a molybdenum target, however, the energies
of the subshells are closer together and the splitting of the K and K, lines is often
not resolved (see the molybdenum spectrum shown in Fig. 9.7).

As noted above, the energy carried away is the difference in binding
energies between the initial and final states. For example, for tungsten, the
energies of the K and K, X rays are given by:

E(K,)=E,; — E, =102 - (-69.5) = 59.3 keV (1.7)
E(K,,)=E, — E,=—11.5—(~69.5) = 58.0 keV (1.8)
E(Ky) = Eyyy — B =-2.3-(-69.5) = 672 keV (1.9)
E(K ) = By — Ey =04 - (~69.5) = 69.1 keV (1.10)

When an Auger electron carries away the energy difference between the
initial and final states, a further vacancy is created in an outer shell. For example,
if the initial transition is from an M to a K shell, and the Auger electron is also
emitted from the M shell, there will be two resultant vacancies in the M shell. The
kinetic energy of the Auger electron is thus determined by the difference between
the binding energy of the shell with the initial vacancy and the sum of the binding
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energies associated with the two vacancies that are created. For example, for the
transition just described for a tungsten target, the energy of the Auger electron is
given by:

E(Auger) = E, — E, — Ey, = — [(—69.5) — (-2.3) — (-2.3)] = 64.9 keV (1.11)

For a molybdenum target, the equivalent energy balance for the emission of
an Auger electron is shown in Fig. 1.3.
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-2.6 keV Characteristic 2. 6keV eIetf[reor"
X ray i
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FIG. 1.3. Transition of an electron in the M shell of molybdenum to fill a vacancy in the K
shell followed by the emission of (a) a K ’ characteristic X ray and (b) an Auger electron.

When considering energy deposition in matter following the creation and
subsequent filling of a vacancy, it is important to know whether a fluorescent
X ray or an Auger electron is emitted. The probability of emission of a fluorescent
X ray is known as the fluorescent yield, w. Since either a fluorescent X ray or an
Auger electron must be emitted, the probability of emitting an Auger electron is
1 — w. Auger electron emission is more important for materials of low atomic
number and for transitions amongst outer shells. The K fluorescence yield is
close to zero for materials of low atomic number, but increases with increasing
atomic number and, for example, is 0.007, 0.17, 0.60 and 0.93 for oxygen,
calcium, selenium and gadolinium, respectively.

1.4.2. Radiation from an accelerated charge, bremsstrahlung
Most of the interactions that fast electrons have as they pass through matter

are with the atomic electrons. They can, however, also have inelastic interactions
with atomic nuclei. In such interactions, the electron path will be deflected and
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energy transferred to a photon, which is emitted. Because the photon is emitted in
association with a slowing down of the electron, it is known as bremsstrahlung,
which means ‘brake radiation’ in German (see Sections 2.4 and 5.2). The
energy of the emitted photon can take any value from zero up to the energy of
the initial electron, so that the passage of a beam of electrons though matter is
accompanied by the emission of a spectrum of photons covering this energy
range. Bremsstrahlung photons are the major component of the X ray spectrum
emitted by X ray tubes (see Chapter 5).

The probability of bremsstrahlung emission is proportional to the value
of 7% and is thus higher for higher atomic number materials such as tungsten
(Z = 74). However, even for this material, the efficiency of bremsstrahlung
production is less than 1% for 100 keV electrons. The angle of emission of the
bremsstrahlung photons depends upon the electron energy. For electron energies
much greater than the rest mass of the electron, the angular distribution is peaked
in the forward direction, but as the electron energy decreases, the position of the
peak moves so that it is at an angle to the forward direction. When the electron
energy is low, the radiation is mainly emitted between 60° and 90° to the forward
direction.
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INTERACTIONS OF RADIATION WITH MATTER
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2.1. INTRODUCTION

This chapter deals with the physics of events that occur when photons and
electrons interact with matter. These are the radiations that are important for
diagnostic radiology, and only those interactions that result in their attenuation,
absorption and scattering are dealt with. Other interactions, such as those with
nuclei, are not considered here because they only occur for radiation that is
higher in energy than that used for diagnostic radiology.

X rays of energy of a few tens of kiloelectronvolts or so have a wavelength
of a few nanometres. Since this is also in the general range of atomic dimensions,
one would expect interactions to take place between electromagnetic radiation
and atoms — and this is indeed the case. Electron dimensions (the ‘classical
radius of the electron’ is 2.8 pm) correspond to the higher end of the diagnostic
X ray energy range and one would expect this to be the general region where
interactions take place between electromagnetic radiation and the electrons that
are constituents of atoms. This is also the case.

The energy range used for diagnostic radiology is generally on the boundary
between classical and quantum physics and, following the ‘complementarity
principle’, the numerical details of the interactions will be treated by classical
reasoning where appropriate and by quantum mechanical considerations where
this gives superior results.

The behaviour of photons and electrons as they traverse matter is very
different. Photons in general have zero, one or a few interactions and are
exponentially attenuated. Direct computation of the combined effects of several
interactions is difficult, and Monte Carlo techniques are usually used to study
photon transport through bulk media. Photon interactions are expressed in terms
of cross-sections for individual interactions and attenuation coefficients for
passage through bulk media. Electrons experience large numbers of interactions

11
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and in general gradually lose energy until they are stopped. This is expressed in
terms of electron range and material stopping powers.

2.2. INTERACTIONS OF PHOTONS WITH MATTER

The interactions of radiations such as photons and electrons are stochastic
and obey the laws of chance. For photon radiation, the concept of cross-section,
with its relation to probability, follows directly. This can be explained rather
simply by considering a single photon to be incident on a slab of material of area
A that contains one target of cross-sectional area . The probability of the photon
interacting with the target will be the ratio of the two areas: o/4.

Next, let us say that there are @ photons and that they are randomly directed
at area A, and further, that area 4 contains n targets, each with area o. It is easy
to see that the expected number of interactions A® between photons and targets
will be:

AD=dn(a/A) 2.1)

Another way of stating this is that the probability of a projectile making
a hit is n(a/A4), which is just the fraction of the area that is blocked off by the
targets.

Now suppose that we change the geometrical description a little and we let
the targets be atoms. Their cross-section would be an atomic cross-section. This
would not be an actual area of the atom but would be an effective area — effective
for an interaction between the photon and the atom that is being considered.
Cross-sections are frequently represented by the symbol ¢ and conventionally
expressed in a unit of area called the barn'.

There are four fundamental X ray interactions that we need to consider;
each can be associated with a specific cross-section. It is useful to use different
symbols to represent them: 7 is used to signify the cross-section for a photon
to interact with an atom by the photoelectric effect, o, is used to represent the
cross-section for interaction by coherent scattering, o, . for incoherent scattering
and x for pair and triplet production. The first three of these interactions are
important in the diagnostic energy range up to 150 keV, whereas pair and triplet
production are only important at much higher energies and are only treated here
for completeness.

' 1 barn = 1072 m2. This unit is commonly used in nuclear and radiation physics. It is
not SI but is, somewhat reluctantly, accepted by that body.

12
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2.2.1. Photoelectric effect

In the photoelectric effect, the incident photon interacts with an atom,
which is left in an excited state. The excess energy is released by the ejection of
one of the electrons bound to the nucleus. This electron, called a photoelectron,
leaves the atom with kinetic energy:

T=h—E| 2.2)
where

E_ is the binding energy of the electron shell from which the electron came;
h is Planck’s constant;

and v is the photon frequency.

The energy transferred to the recoiling atom is very small and can be
neglected. The photoelectric effect can only take place if the photon energy,
hv, exceeds the binding energy of the electron in that shell. The most probable
electron shell to lose an electron is the one that satisfies this constraint and also
has the highest binding energy.

Although this seems like a rather simple process, calculation of the
probability of the interaction is very complicated and quantum mechanics
is required. This is because it involves the wave function of the whole atomic
electron cloud and these functions are available only for relatively simple atoms.

In the diagnostic energy range up to 150 keV, the photoelectric effect
cross-section per atom, 7, is given approximately by:

Zn
()™

t(hw,Z) =k (2.3)

where
k is a constant;
Z is the atomic number;

n is an exponent in the range 3.6-5.3, being largest for low atomic numbers;

and m is an exponent in the range 2.5-3.5, again being largest for low atomic
numbers.

13
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A typical dependence of 7 in the diagnostic photon energy range is thus:

A (2.4)
T wy?

This expression indicates a very strong dependence on atomic number as
well as a strong inverse dependence on photon energy.

Figure 2.1 shows atomic cross-section data for the photoelectric process for
photons irradiating tungsten, molybdenum and copper. They are plotted against
photon energy on a log—log scale and cover the energy range from 1 keV to
300 keV. The sharp discontinuities correspond to the positions of the absorption
edges for the different materials, which increase in energy with increasing atomic
number and shell binding energy. For example, for tungsten, the discontinuity
seen at 69.5 keV represents the effect of the K shell. At an energy just less than
this, the cross-section is 6.4 x 10? barn/atom, while just above this energy,
the coefficient is 3.3 x 103 barn/atom. This represents a sudden increase in
cross-section of about a factor of five when the photon energy increases above
that of the K shell (K edge). Thus, the major contribution to the cross-section
above the K edge comes from interactions with the two K shell electrons. The
discontinuities in the tungsten cross-section at energies just greater than 10 keV
represent the effect of the L shell, which is more complicated because it comprises
three subshells. The effect of the M shell shows up at about 2.5 keV with an even
more complex structure. For copper and molybdenum, the K absorption edges
are at 8.98 and 20.00 keV, respectively.
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FIG. 2.1. Atomic photoelectric cross-sections for copper (Cu), molybdenum (Mo) and
tungsten (W).
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The incident photon disappears in the photoelectric interaction. After the
interaction, a vacancy is left in the atomic shell structure and this is filled by an
electron from a higher shell, with the resulting energy difference being carried
off either by a characteristic X ray (also known as a fluorescent X ray) or by
another electron from a higher shell, known as an Auger electron. After the initial
vacancy is filled, the new vacancy or vacancies will themselves be filled and this
process will continue with a cascade of events that may finally leave the atom in
a highly ionized state.

2.2.2. Thomson scattering

J.J. Thomson gave the first treatment of the scattering of photons by
electrons in the very early years of the 20th century. It was an early attempt
to investigate the way the waves described by Maxwell’s equations would
be expected to interact with the newly discovered electron. His derivation
is of historical interest, in that it is based on classical physics and results in a
description of photon scattering that is only meaningful at the low energy limit of
this interaction.

Scattered photon dQ

Incident photon

dv

FIG. 2.2. Scattering angles and solid angle. A photon incident on a small volume element dV
is scattered though angle 0 into the solid angle element d<Q.

We give Thomson’s results here as a first step towards the treatment of
the coherent and incoherent cross-sections for scattering from atoms. First we
need to introduce the concept of the differential cross-section. Whereas the
total cross-section is related to the probability that the photon will interact, the
differential cross-section, do/dQ, is related to the probability that the photon
will interact and be scattered into solid angle dQ (Fig. 2.2). This probability is
proportional to:
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do
—dQ 2.5
10 (2.5)

and the total cross-section is obtained by integrating over all solid angles:

do
= | —dQ 2.6
7 f a0 (2.6)

In diagnostic radiology, the shape of the differential cross-section has an
important influence on the amount of scattered radiation recorded by the image
receptor.

For scattering of a photon by a single free electron, Thomson showed that
the differential cross-section, at scattering angle 6, is given by the rather simple
expression:

doy, _’02 2

In this expression, 7, is the ‘classical radius of the electron’ and is given by:

2
= _281794%10 5m (2.8)
mo C
where

k is a proportionality constant from Coulomb’s law;
e 1s the charge on the electron;
m, is the rest mass of the electron;

and c is the speed of light.

It can be seen that Eq. (2.7) predicts that the same amount of energy will be
scattered forward as backward, and also that the energy scattered at right angles
will be half this amount. Except at low energies, this result does not agree with
observation or with the predictions made by quantum mechanics.

Equation (2.7) describes the probability of scattering radiation through a
unit solid angle centred on scattering angle 6. An alternative way of expressing
the differential scattering cross-section involves describing the probability of
scattering into a solid angle described by an annular ring of angular width dé§
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centred on angle 6. For unpolarized incident photons, there is no dependence of
the scattering probability on the azimuthal scattering angle, and we can then use
the relationship between the two solid angles:

dQ=2msind do (2.9)
The total cross-section for Thomson scattering is thus obtained by using
Eq. (2.9) to convert dQ to df and by integrating the differential scattering

cross-section (Eq. (2.7)) over all scattering angles from 0 to z. The integration is
very simple and it gives:

2
81

2 m
o= j; 27(14-cos?6)sin0d6 = ~20—66.52x 10~ m” (2.10)

which is constant, predicting that the classical scattering probability is
independent of electromagnetic radiation energy. This, of course, is not correct,
but it will be seen in Section 2.2.4 that the integrand in Eq. (2.10) is the first term
of the much more accurate result obtained by using quantum mechanics (for the
Compton effect). In other words, the result obtained by classical physics is the
result given by quantum mechanics when the photon energy approaches zero.

2.2.3. Coherent (Rayleigh) scattering

In deriving the expression for Thomson scattering, it was assumed that the
electron was free, alone and at rest. In reality, the photon is scattered collectively
by the atomic electrons, which are not free, and their proximity to one another is
not very different from the wavelength of the radiation. In coherent scattering,
essentially no energy is lost by the photon as it transfers momentum to the atom?
and is scattered through angle 6. The scattering by the different electrons is in
phase and the resultant angular distribution is determined by an interference
pattern that is characteristic of the atom. The differential cross-section is then
given by:

do ., dogy, .o
—coh —__LF Z 2.11
dQ dQ (x, ) ( )

2 Strictly speaking, the condition of no change in photon energy applies to the inertial
frame in which the total momentum of atom plus photon is zero.

17



CHAPTER 2

where do g, /dQ is the Thomson differential scattering coefficient from Eq. (2.7)
and the quantity £ is known as the coherent form factor. It may be calculated
using quantum mechanical models and is a function of the atomic number of the
atom, Z, and the parameter x, which is given by:

x:% (2.12)

where 4 is the wavelength of the incident photon. The parameter x is proportional
to the transfer of momentum between the initial and scattered photon directions.

For scattering in the forward direction, all the atomic electrons act together,
and F is equal to the atomic number and the differential cross-section depends
upon Z2. As the scattering angle increases, F decreases because it becomes
increasingly difficult for all the electrons to scatter in phase without any energy
transfer. However, for a given value of the scattering angle, the normalized
coherent form factor, F/Z, increases with increasing atomic number. Figure 2.3
shows the normalized form factor for three different elements.
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FIG. 2.3. Variation of the normalized form factor F/Z for coherent scattering with the
momentum transfer parameter x. Values are shown for carbon (C), iron (Fe) and platinum (Pt)
(data from Ref. [2.1]).
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Scattered photon hv’

Incident photon hv 4

Recoil electron

FIG. 2.4. Geometry for Compton scattering.

2.2.4. Compton scattering by free electrons

Compton scattering, like Thomson scattering, is the interaction between
electromagnetic radiation and a free electron, but in this case there is an energy
transfer to the electron. We consider this case before treating incoherent scattering
by an atom. The energy range is such that relativity and quantum mechanics
must be used to derive expressions for the cross-section. Both the photon and
the electron must be considered as particles. The geometrical arrangement is
shown in Fig. 2.4, where the photon is coming in from the left with energy Av
and momentum Av/c. It is a billiard-ball-like collision with the electron and is
scattered through angle 0, with energy #v' and momentum /v'/c. The electron
recoils at angle ¢ with kinetic energy 7, and momentum p .

Using conservation of energy and momentum, we can derive several useful
relations, such as the ratio of the scattered photon energy, 4!, to the incident
photon energy, hv:

hv' 1

A S 2.13
hv  1+a(l-cos8) ( )

where ais the dimensionless ratio /1v/mc’. The relationship between the scattered
photon angle and the scattered electron angle is:

(2.14)

cotp=(1+a)tan
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and the scattered electron has kinetic energy given by:

T — Iy — a(1—cost)hv

=— 7 2.15
N 1+a(1—cosf) ( )

These are the Compton relations. They describe the kinematics of
the interaction but say nothing about the probability of interaction, or the
cross-section. In the diagnostic energy range, the parameter « is small and, as
a consequence, the energy transfer to the recoil electron is also small, being
zero in the forward direction and taking its largest value when the photon is
backscattered. This is demonstrated in Fig. 2.5, which shows the relationship
between the incident and scattered photon energies. For 20 keV, 50 keV and
100 keV incident photons, the maximum energy transfers to the recoil electron
are 1.5 keV, 8.2 keV and 28.1 keV, respectively.

The cross-section for the scattering of a photon, with energy Av through
a given angle 6, was first derived in 1928 by Klein and Nishina using the Dirac
theory of the electron.? Klein and Nishina obtained the following expression for
the differential cross-section for scattering of photons by a single free electron:

do r2 2
d_;?q:%(l{»cos 6>fKN (216)
where
2 2
1 a?*(1—cosf)
= 1+ 2.17
T llJra(lcosG)j [ [14 (1 cosf)|[1+cos?6)] 17

This cross-section reduces to the Thomson cross-section when o — 0 (that
is, hv'/hv —1).

Figure 2.6 shows the differential scattering cross-section plotted as a
function of the photon scattering angle plotted in two ways. The lower curve is a
graph of the differential coefficient per steradian and the upper curve is a graph
of the differential coefficient per unit scattering angle. The differential scattering
cross-section do/df is zero in the forward direction because sin 6 is zero (see

Eq. (2.9)).

3 The calculation of the interaction probabilities for the Compton effect by Klein and
Nishina was one of the first successful tests of quantum mechanics.
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FIG. 2.5. Secondary photon energy hv' versus primary photon energy hv for Compton
interactions and various scattering angles.

The total Compton cross-section (probability of interaction per electron)
for a photon of energy /v, is obtained by integrating Eq. (2.16) using Eq. (2.9)
and the angular range 0 to « for 6. The result is:

2(1 In(1+2 In(1+2
JKN(hV)=27rr02 [1+20z] ( +a)_ n(1+2a) n n(1+ oc)_ 1+3a2 (2.18)
« 1+2a @ 2c (1+2a)
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FIG. 2.6. Compton differential cross-sections for scattering of 70 keV photons.
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2.2.5. Scattering and energy transfer coefficients

In the incoherent free electron scattering process, the initial photon energy
is divided between the scattered photon and the recoiling electron. A differential
energy transfer coefficient can be obtained by using the equation:

a(1—cosb)

do,, _ﬁ
B 1+a(1-cosb)

0 (1+cos?0) fex (2.19)

This can be integrated over all angles to give o,, the energy transfer
coefficient. The scattering coefficient is then, by definition, the difference
between the total cross-section for Compton scattering and the energy transfer
coefficient:

O=0kN—0y (2.20)
2.2.6. Incoherent scattering

For the Compton effect, as with Thomson scattering, it is assumed that the
electron is free and at rest. For incoherent scattering by bound atomic electrons,
the contributions from individual electrons are added and the differential
cross-section takes the form:

2
do'incoh — rl

) (1+cos?0) fnS(x.2) (2.21)

The function S is known as the incoherent scattering function and, as
with the coherent form factor, is a universal function of the momentum transfer
quantity x and the atomic number. The value for S is zero in the forward direction
and increases with increasing momentum transfer, reaching the value of Z, the
number of electrons per atom. This increase becomes slower as the atomic
number increases. This is illustrated in Fig. 2.7, which shows the normalized
incoherent scatter function (S/Z) for three elements.

22



INTERACTIONS OF RADIATION WITH MATTER

ﬁmm
)
R I
3= 075F
£8
= 050
85
S
£ 8 025
=]
08 L
ZU‘)
0.00 .
0.01 10

x (A1)

FIG. 2.7. Variation of the normalized incoherent scattering function S/Z with the momentum
transfer parameter x. Data are given for carbon (C), iron (Fe) and platinum (Pt) (data from

Ref. [2.2]).

The total cross-section for incoherent scattering is obtained by numerical
integration of Eq. (2.21). In many situations, it is very nearly equal to the single
electron cross-section multiplied by the number of electrons in the atom:

T incoh %ZJKN (222)
2.2.7. Pair and triplet production

When a high energy photon passes near to an atomic nucleus, the photon
may interact with the nuclear coulomb field by a process called pair production.
The photon is converted into an electron—positron pair, each with its own kinetic
energy. The energy balance is:

hzjoJr—i—T_—i-Zmoc2 (2.23)

on condition that the photon energy exceeds an energy threshold for the
interaction of 2mc? (1022 keV). Pair production cannot take place for photons
with energies less than this. As pair production occurs in the field of the nucleus,
the cross-section for this interaction varies approximately as Z2, where Z is the
nuclear charge.

The process can also take place in the field of an electron. It is then called
triplet production because the target electron is itself ejected with considerable
energy. Two electrons and one positron are thus set in motion. The energy
threshold for triplet production is 4m c?. Thresholds for pair and triplet production
are much higher than the photon energies relevant to diagnostic radiology.
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2.3. PHOTON ATTENUATION COEFFICIENTS

The discussion above has been concerned with the interaction of photons
with individual atoms, but it is also necessary to consider the macroscopic
behaviour of photons traversing matter. For this purpose, linear and mass
attenuation coefficients are used, which are simply related to the total
cross-section. As mentioned in the introduction, photons may undergo more than
one interaction as they pass through bulk material. For example, an initial scatter
interaction might be followed by a second scattering process, which in turn might
be followed by a third scatter, photoelectric absorption or no further interactions,
with the photon leaving the bulk material. Linear and mass attenuation
coefficients give information about the passage of primary photons through the
material. The radiation field at depth in the medium will also include scattered
photons, which also contribute to the dose within the medium. The exit beam
from the bulk material will also comprise both primary and scattered photons. As
noted earlier, such effects are best estimated using Monte Carlo techniques.

2.3.1. Linear attenuation coefficient

Consider a thin uniform slab of material of thickness dx, which is irradiated
with a beam of photons incident normally on the slab. Individual photons may
pass through the slab without interacting, or they may be absorbed or they may
be scattered. From the discussion in Section 2.2, it follows that the probability
that an individual photon will interact in this thin section is given by:

N, o dx (2.24)

where N, is the number of interaction centres (atoms) per unit volume and o is the
total interaction cross-section per atom.

The quantity N,o is known as the linear attenuation coefficient and is
usually denoted by u. For scattering by atoms, N, may be calculated from the
Avogadro constant, N,, the atomic weight, 4, and the density, p, so that:

1
MV

T

(2.25)

This expression is in ST units, so that the dimensions of u are m™.
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2.3.2. Exponential attenuation

Now consider a thick slab of material and let ®(x) represent the fluence* of
photons that have not interacted in the slab after passage through thickness x. The
expected change, d®, in this fluence after passage through a further thickness dx
is given by:

do=—dpu dx (2.26)

where the negative sign is used to signify that ® is decreasing. Equation (2.26) is
a restatement of Eq. (2.24). Integration of Eq. (2.26) gives:

=P e (2.27)

where @, is the initial value of the fluence. This is the equation describing the
exponential attenuation of a photon beam. It is known as Beer’s law. It should be
noted that it describes the number of photons that have not interacted, also known
as primary photons. At diagnostic energies, other photons may be present at
depth, resulting from photon scattering interactions or the emission of fluorescent
photons following a photoelectric interaction.

2.3.3. Mass attenuation coefficient

The linear attenuation coefficient u is dependent on density, which in turn
is dependent on the physical state of the material. As a consequence, u is not
a suitable quantity for data compilations, and the related quantity («/p), which
is independent of density, is used instead. This quantity is known as the mass
attenuation coefficient and its dimensions are square metres per kilogram (m?/kg).

It should be noted that in most data compilations the mass attenuation
coefficients are given in units of square centimetres per gram (cm?/g) because
historically they have been expressed in this way and this provides numbers that
are convenient to manipulate.

2.3.4. Mass energy transfer coefficients and mass energy absorption
coefficients

For dosimetric purposes, it is necessary to know the energy transferred
to secondary electrons as a result of the initial interaction. The linear () and

4 See Section 3.2.1 for the definition of fluence.
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mass energy transfer coefficients (u,/p) allow calculation of this energy. Both
quantities are defined using:

<T> (2.28)
hy

/’Ltr = /”[’
where <7> is the expectation value of the energy converted to secondary
electrons.

For photons of energy /v traversing a distance dx in a material, the energy
d(hv),, transferred by interactions to kinetic energy of electrons is then given by:
d(hy)trzéhy,utr dx (2.29)

We can use this expression to calculate the kerma in the given material by
simply dividing by the mass per unit area traversed (dm = p dx), to obtain:

d(hl/)

dm

K= = hy

ﬁﬂ] (2.30)
p

Some of the energy transferred to the secondary charged particles is lost to
radiative processes in the material, mainly bremsstrahlung. To take account of
this, we use the mass energy absorption coefficient (., /p), given by:

oo

where g is the energy fraction lost to radiative processes. For the energies used in
diagnostic radiology, g may be taken as zero.

2.3.5. Contribution of individual interactions to the total mass attenuation
coefficient

We now consider the four distinctly different mechanisms by which photons
may interact with matter. They all compete, in that in any beam of photons
they may all occur, each according to its individual probability. The total mass
attenuation coefficient is therefore the sum of all the individual mass attenuation
coefficients and, using Eq. (2.25), we obtain:
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The size of each attenuation coefficient will depend on the photon energy
and the atomic number of the material. Figure 2.8 shows the mass attenuation
coefficients for water for photon energies from 1 keV to 300 keV.

— coherent

————— incoherent
rrrrrrr photoelectric
— total

mass attenuation coefficient

. N N NPT S
1 10 100
Photon energy (keV)

FIG. 2.8. Mass attenuation coefficients of water for each of the interactions discussed. The
highest energy shown is below the thresholds for pair and triplet production (data from

Ref. [2.3]).

The photoelectric interaction makes the dominant contribution to the
total interaction cross-section at the lowest energies. The steep decrease at the
lower photon energies is characteristic of the photoelectric effect and ends when
incoherent (Compton) scattering becomes dominant, and remains so for the rest
of the diagnostic energy range. The crossover position for these two interactions
depends on the atomic number, but for water is about 30 keV.

Figure 2.9 shows a comparison of interaction coefficients for various
materials of importance in diagnostic radiology. In the energy range up to
100 keV and for the high atomic number materials, the discontinuities arising
from the differences in photoelectric absorption at K, L and M edges are evident.
The differences in absorption that this creates are important for the design of
filters used to shape X ray spectra (particularly in mammography and for imaging
using iodinated contrast agents). The position of the K edge(s) for materials used
in image receptors can have an important influence on absorption efficiency.
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FIG. 2.9. Total mass interaction coefficients for materials relevant to diagnostic radiology
(adipose tissue, iodine, gadolinium oxysulphide (gadox) and lead (tissue composition data
from Ref. [2.4]; interaction coefficients from Ref. [2.3]).

2.3.6. Coefficients for compounds and mixtures

Mass attenuation coefficients and mass energy transfer coefficients for
compounds and intimate mixtures can be obtained by a weighted summation of
the coefficients of the constituents:

&]_Z[ﬁ] w, 2.33)

p) ~p

where w, are the normalized weight fractions® of the elements i (or mixture
components ) present in the absorber. The mass energy absorption coefficient
for an element accounts for the radiative losses of the secondary electrons. Since
a secondary electron originating from an atom A will also suffer radiative losses
from the other constituents, a simple weighted addition can only approximate the
mass energy absorption coefficient for a mixture, as long as radiative losses are
small, which is then given by:

W, (2.34)

i
i

o

p —\ p

5 In the case of compounds, the normalized weight fractions are derived from
consideration of the chemical composition of the compound and the individual elemental
atomic weights (4,) (see Section 1.3 and also Ref. [2.5]).
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2.4. INTERACTIONS OF ELECTRONS WITH MATTER

There are two main mechanisms of energy loss by electrons: ionizational
or collisional losses and radiative losses or bremsstrahlung. The principal process
for energy loss when electrons pass through matter involves collisions with other
electrons. As they have the same mass, the energy losses may be quite large
and the changes in direction can also be quite large. Since electrons cannot be
distinguished, it is assumed that the electron that leaves the collision with the
most energy is the original incident electron. This means that the maximum
energy exchange would be half the original energy. In addition, because of the
small mass of the electron, it may also interact with the electric field of nuclei
and be decelerated so rapidly that some of its energy may be radiated away.
This is referred to as bremsstrahlung and is the main process responsible for the
production of X rays when an electron beam strikes a target.

Energy lost by charged particles in passing through matter is generally
described using a quantity called stopping power, S. This is defined as S = d7/dx,
where dT is the loss in kinetic energy of the particle as it travels a distance dx.
It is more common to express the distance in terms of mass per unit area of the
material, giving the mass stopping power S/p:

S 1dT (2.35)

p pdx

where p is the mass density of the material.

2.4.1. Ionizational (collisional) interactions and ionizational stopping
power

This process involves collisions between electrons travelling through matter
and the electrons that are part of the material. The result is that the electrons
may be dislodged from their atoms, leaving them ‘ionized’. It is for this reason
that ‘ionizing radiation’ gets its name. It is rather difficult to measure the rate
of energy lost by these interactions but it is relatively easy to calculate it. As
electrons are so small, relativistic effects are important even at quite low kinetic
energies. Quantum mechanics must also be used and the problem was first solved
by Bethe in the early part of the 20th century. The following expression is the
Bethe—Bloch formula, extended by Sternheimer, and gives the ionizational mass
stopping power:

‘ T*(T+2 T2/8-(2T In2
SﬂzzﬂrozN Holpn ( il MO)‘ ( +M0)MO +1-32-6,MeV-cm?-g™' (2.36)
p

6/62 2#012 v (T+u0)2
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Some of this notation has been used before: 7, is the ‘classical radius of the
electron’, N,=N,(Z/A,), with N, being the Avogadro constant, Z the atomic
number and 4_the atomic weight of the material. The quantity u, = mc? is the
rest mass of the electron multiplied by the speed of light squared, 7 is the kinetic
energy and f is the ratio of the speed of the electron to that of light. The density
correction term, &, was added later by Sternheimer. Its effect is to reduce energy
losses, but only at high energies. At 100 MeV, it can be as great as 20%. [ is a
semi-empirical quantity called the ‘mean excitation energy’, which is a property
of the material and increases as the atomic number of the material increases.
Values of / for a large number of materials are given by the National Institute of
Standards and Technology.

In the low energy region, below 100 keV or so, the term in front of the
square brackets is the most important. The factor of 1/ makes the stopping
power nearly inversely proportional to the kinetic energy. For energies above
100 keV, B is essentially 1 and the term in front becomes nearly constant. The
terms inside the square bracket increase slowly with energy and the stopping
power passes through a minimum in the region of 1 MeV.

Dependence on atomic number is not strong. The factor in front of the square
brackets contains the number of electrons per unit mass and since this is given by
N,(Z/A4)), and recalling that Z/4_is 0.5 or slightly less for all materials except
hydrogen, the mass stopping power decreases only slightly as atomic number
increases. The mean excitation energy, /, increases as atomic number increases,
which also serves to make S smaller for high atomic number materials.

2.4.2. Radiative interactions and radiative stopping power

When an electron passes close to a nucleus, it will experience a substantial
Coulomb force and will be decelerated. The decelerated charge will radiate energy
in the form of electromagnetic radiation. The quantum mechanical solution is
complicated and approximations must be made, and the most appropriate form
for the result depends on the energy range.

The approximate radiative mass stopping power for diagnostic energies is:

MZJO&ZZ<T+HO)E, MeV-cm?-g~! (2.37)
P A,

where o, = (1/137)(ez/u0)2= 0.580 barns/nucleus. The function B = B(hv/T) is a
slowly varying function of 7 and Z with an average for non-relativistic energies,
T << my?, of B=16/3. Other approximations are valid for relativistic electron
energies.
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Although this expression looks much simpler than Eq. (2.36), the actual
physical problem being solved is much more complicated. The energy loss due to
this process is quite strongly dependent on the atomic number, as can be seen by
the Z? term.

2.4.3. Total stopping power

The total stopping power is the sum of the ionizational and radiative
stopping powers, as given by Eqs (2.36, 2.37). That is:

Stot:Sion+Srad (238)

Figure 2.10 shows the ionizational, radiative and total stopping powers for
water and for tungsten.
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FIG. 2.10. Ionizational, radiative and total stopping powers for water and for tungsten for
electron energies from 10 keV to 10 MeV.

From Fig. 2.10 (water), it can be seen that the radiative stopping power
for low atomic number materials such as water (or tissue) is almost negligible
and the total stopping power can be considered as being due to the ionizational
stopping power. Figure 2.10 (tungsten) shows that this is no longer the case
for high atomic number materials, such as tungsten. For example, at 100 keV,
the radiative stopping power is only slightly more than an order of magnitude
less than the ionizational stopping power, and at 10 MeV they are approaching
equality.

The properties of the bremsstrahlung spectrum produced at an X ray target
are discussed in detail in Chapter 5.
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2.4.4. Stopping power in compounds and mixtures

The mass stopping power can be approximated for compounds or intimate
mixtures by a weighted addition of the mass stopping power of the elemental
constituents, assuming independent contribution to stopping power:

D)

i

S

P

P

) ] v, (2.39)

where w, are the normalized weight fractions of the elements, i, present in the
material. The influence of chemical binding is neglected here.

2.4.5. Linear energy transfer

The mass collision stopping power characterizes the energy loss of the
electron resulting from all collisions. The secondary electrons resulting from hard
collisions (0 rays) carry part of the energy some distance away from the track
and may escape the volume of interest. If phenomena on a microscopic scale
are considered (e.g. in radiobiology), the use of the collision stopping power can
result in an overestimation of dose. In such situations, the restricted stopping
power may be used, which relates to the energy lost in the absorber by secondary
particles not exceeding an energy limit, A, thus limiting the volume of interest
to the range of electrons with energy A. A reasonable value for A is 10 keV. The
restricted stopping power may be expressed as either the mass restricted stopping
power (8/p)g., OF, for a description of the energy passed to the medium per unit
track length, it is common to use the linear energy transfer, L,, given in units of
keV/pum:
zﬂ[ld_T (2.40)
2710(p dx

A
where the density is given in g/cm? and the mass restricted stopping power in

MeV-cm?-g!.

2.5. DATA SOURCES

Data for photon attenuation coefficients and stopping powers can be
found in many textbooks but are conveniently obtained either from web based
data sources provided in Refs [2.3, 2.5], or the tabulations in Ref. [2.6]. The
composition of body tissues and phantom materials are given in Refs [2.4, 2.7].
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Chapter 3

FUNDAMENTALS OF DOSIMETRY

E.M. YOSHIMURA
Universidade de Sao Paulo,
Sao Paulo, Brazil

3.1. INTRODUCTION

Determination of the energy imparted to matter by radiation is the subject of
dosimetry. The energy deposited as radiation interacts with atoms of the material, as
seen in the previous chapter. The imparted energy is responsible for the effects that
radiation causes in matter, for instance, a rise in temperature, or chemical or physical
changes in the material properties. Several of the changes produced in matter by
radiation are proportional to the absorbed dose, giving rise to the possibility of
using the material as the sensitive part of a dosimeter. Also, the biological effects
of radiation depend on the absorbed dose. A set of quantities related to the radiation
field is also defined within the scope of dosimetry. It will be shown in this chapter
that, under special conditions, there are simple relations between dosimetric and
field description quantities. Thus, the framework of dosimetry is the set of physical
and operational quantities that are studied in this chapter.

3.2. QUANTITIES AND UNITS USED FOR DESCRIBING THE
INTERACTION OF IONIZING RADIATION WITH MATTER

Historically, measurement of the ionization produced by radiation was the
first choice used to quantify the passage of radiation through matter. Indeed,
the quantity exposure, or, more precisely, exposure dose, as defined by the
International Commission on Radiation Units and Measurements (ICRU) in 1957,
is related to the ability of a photon beam to ionize the air. In recent years, the
use of this quantity has been replaced by kerma, a more general quantity that is
recommended for dosimeter calibration purposes. Nevertheless, absorbed dose is
the quantity that better indicates the effects of radiation on materials or on human
beings, and, accordingly, all the protection related quantities are based on it. The
use of dosimetric quantities is important in many aspects of the application of
radiation. In diagnostic radiology, radiation protection of staff and patients is the
most important application of the dosimetric quantities. This section introduces
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and discusses the main dosimetric quantities, relating them, whenever possible,
to the quantities that describe the radiation field.

3.2.1. Radiation fields: Fluence and energy fluence

A radiation field at a point P can be quantified by the physical non-stochastic
quantity fluence, which is usually expressed in units of m= or cm™, and is given
by the relation:

oIV 3.1
da

where dN is the differential of the expectation value of the number of particles
(photons or massive particles) striking an infinitesimal sphere with a great circle
area, da, surrounding point P, as shown in Fig. 3.1. It is worthwhile noting that
the particles included in @ may have any direction, but correspond to one type
of radiation, so that photons and electrons are counted separately, contributing to
the photon fluence and the electron fluence, respectively.

SPHERE S

GREAT CIRCLE
AREA a OR da

VOLUME V OR dV
MASS m OR dm

CROSSING
RAYS

FIG. 3.1. Characterizing the radiation field at a point, P, in terms of the radiation traversing
the spherical surface, S.

The concept of energy fluence follows easily, by summing the radiant
energy of each particle that strikes the infinitesimal sphere:

v 9§ (3.2)
da

36



FUNDAMENTALS OF DOSIMETRY

In Eq. (3.2), dR is the differential of the radiant energy R — kinetic energy
of massive particles, energy of photons — that impinges on the infinitesimal
sphere. The SI unit of energy fluence is joules per square metre (J/m?).

If the radiation field is composed of particles each with the same energy
E, the energy fluence is related to the fluence (or particle fluence) through the
simple expression: ¥ =E®,

3.2.2. Energy transferred, net energy transferred, energy imparted
3.2.2.1. Energy transferred, net energy transferred

When an uncharged particle — for instance an X ray photon — interacts
with matter, part of its energy is transferred in various interaction events. In a
volume, V, of material, the energy transferred (g,) is given by the sum of all the
initial kinetic energies of charged ionizing particles liberated by the uncharged
particles in the volume V. For the case where photons in the diagnostic energy
range are the uncharged interacting particles, &_corresponds to the sum of the
kinetic energies of electrons at the moment they are set free in an incoherent
scattering or photoelectric interaction in the volume V. For photon energies above
the pair production threshold of 1.022 MeV (see Section 2.2.7), kinetic energy
may also be transferred to positrons.

As the liberated charged particles interact with matter, part of their initial
kinetic energy can be irradiated as photons. There are two main processes
responsible for the emission of photons:

(i) The emission of bremsstrahlung radiation by electrons and positrons
interacting with nuclei.

(i) The in-flight annihilation of positrons; the remaining kinetic energy of
the positron (7, ) at the moment of the annihilation plus the rest mass
energies of the annihilated particles (1.02 MeV) being converted to
photon energy.

When the energies of the bremsstrahlung photons (Av, . ) and the

annihilation photons (T, ) are subtracted from g , another quantity is defined —
the net energy transferred — £/1":

E?ret =4 Zhybrem - ZTann (33)

For both quantities (energy transferred and net energy transferred), the
volume V' is the volume where the initial uncharged particles interact. It does not
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matter if the range of the charged particles is restricted to 7 or not, their initial
kinetic energies are all included in ¢, and all the bremsstrahlung emissions and
excess of energy of the annihilation photons are excluded from ¢. For photons
in the diagnostic energy range, incident on low Z materials, e[' =¢,, as there
is no pair production, and bremsstrahlung emission by the released electrons is
unlikely.

3.2.2.2. Energy imparted

A very important concept regarding the deposition of energy from ionizing
radiation to matter is the energy imparted. This quantity is defined for any
radiation (charged or uncharged) and is related to the part of the radiant energy
that can produce effects within an irradiated volume. If V'is the irradiated volume,
R, is the radiant energy that enters the volume and R, is the energy that leaves
the volume, the energy imparted is defined as:
e=R,—R,, +E

n

E 3.4)

m—R~ ~R-m

The quantities £, and E,  in Eq. (3.4) are the changes in energy when
the rest mass of a particle is converted to radiant energy (m—R) or the energy of a
photon is converted to the mass of particles (R—m) inside the volume V. For the
energies encountered in diagnostic radiology, both of these terms are negligible
and Eq. (3.4) can be rewritten as:

e=R. —R

m out

3.5)
3.2.3. Kerma and collision kerma

The physical, non-stochastic quantity kerma (K) is related to the energy
transferred from uncharged particles to matter. Kerma is the acronym for kinetic
energy released per unit mass. It is defined as:

K:% (3.6)
m

where the quantity dg is the expectation value of the energy transferred from
indirectly ionizing radiation to charged particles in the elemental volume dV of
mass dm. The SI unit of kerma is joules per kilogram (J/kg), which is given the
special name gray (Gy).

Some important remarks about kerma are:
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(i) Kerma may be defined in any material, so it is important that the
material is declared when a value of kerma is presented.

(i) Kerma is defined for indirectly ionizing radiation — uncharged
particles such as photons and neutrons — and is related to the first step
of transfer of energy from these particles to matter, in which uncharged
particles transmit kinetic energy to secondary charged particles.

(i) The kinetic energy transferred to the secondary particles is not
necessarily spent in the volume (dV) where they were liberated. The
kerma definition is constrained to the energy the secondary particles
receive at the moment of liberation.

3.2.3.1. Components of kerma

The energy transferred from indirectly ionizing radiation to charged
particles may be spent in two ways: (i) collisions resulting in ionizations and (ii)
conversion to photons. Accordingly, the kerma can be divided into two parts:

K= Kcol +Krad (37)

The collision kerma (K ) is related to that part of the kinetic energy of the
secondary charged particles that is spent in collisions, resulting in ionization and
excitation of atoms in matter. In terms of the quantities defined before, collision
kerma is obtained from the expectation value of the net energy transferred

(Eq. (3.3)):

dept (3.8)
dm

K

col —

The radiative kerma (K ) is related to that portion of the initial kinetic
energy of the secondary charged particles that is converted into photon energy.
It is simpler to define radiative kerma as the difference: K, = K — K_|. The
division of kerma in those two components is more didactic than conceptual. It
helps the understanding of the relationship between kerma and absorbed dose,

which will be treated in the next section.
3.2.4. Kerma for photons
3.2.4.1. Kerma and fluence

Some important relationships for kerma may be obtained for the simple case
of a monoenergetic photon beam irradiating matter. The first of these has already
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been derived in Section 2.3.4. At a point, P, in space where there is a fluence, ®,
of photons of energy /v, kerma may be calculated as the product of the energy
fluence and the mass energy transfer coefficient (u,,/p) of the material:

K=o hv (%): (“7) v (3.9)

Similarly, the collision kerma for photons is related to the fluence through
the use of the mass energy absorption coefficient (uen / p) :

Ko =@ h (L) v (La (3.10)

Also in Section 2.3.4, a relationship was derived between the energy
absorption and energy transfer coefficients (Eq. 2.31). Using this equation, the
relationship between collision and total kerma is as follows:

K y=K(1-g) (3.11)

where g is the average fraction of the energy transferred to the charged particles
that is lost to photons when the charged particles are slowed down in the same
medium as that in which they were released.

If the photon beam has a spectrum of energies, Eqs (3.9, 3.10) may be
generalized through a summation or integration over the range of energies of the
discrete or continuous spectrum, respectively.

For photons in the diagnostic energy range (<150 keV) interacting in low
Z material, the differences between the energy absorption and energy transfer
coefficients are negligible, as the fraction of the electron energy converted to
bremsstrahlung X rays is very small. For these conditions, the radiative kerma is
negligible and the collision kerma is numerically equal to the kerma.

3.2.4.2. Kerma and exposure
In the special situation of X ray or gamma ray photons interacting with
air, another quantity, exposure, is also defined and is related to collision kerma

through a simple expression. According to the ICRU, exposure (X) is defined as
the ratio:

x=9¢ (3.12)
dm

40



FUNDAMENTALS OF DOSIMETRY

The quantity dQ in Eq. (3.12) is the absolute value of the total charge of
the ions of one sign produced in air when all the electrons and positrons liberated
by photons in air of mass dm are stopped in air. The unit of exposure in SI is
coulomb per kilogram (C/kg), even though an old non-SI unit (roentgen — R) is
still in use. The conversion from R to SI units is 1 R = 2.580 x 10* C/kg.

From the above definition, the energy spent to produce the charge dQ
included in the numerator of Eq. (3.12) corresponds to the expectation value of
the net energy transferred to charged particles in air (de{™). The relationship
between these two quantities can be expressed in terms of the measurable
quantity Wair, the mean energy spent in dry air to form an ion pair. W, is given

by the ratio:

Zkinetic energies of electrons spent in ionization and excitation (3.13)

Zion pairs produced by the secondary electrons in air

air

It is important to emphasize that the portion of kinetic energy that is
converted into photon energy and the ionizations produced by the bremsstrahlung
photons are not included in the numerator or the denominator of Eq. (3.13).

The value of W,. accepted nowadays was determined by Boutillon and

Perroche-Roux in 1987 through the analysis of a set of published experimental
values for this quantity:

W,;, = 33.97 eV/ion pair =33.97 J/C (3.14)

The relationship between air collision kerma and exposure X may now be
obtained:

(Kegr), =Way X=33.97X (SD)
ot (3.15)
(Kcol)air =0.876 x 102X (X in R, K in Gy)

3.2.5. Absorbed dose

Absorbed dose (D), a physical non-stochastic quantity, is defined simply as
the ratio:

p_de (3.16)
dm
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where de is the expectation value of the energy imparted by any ionizing radiation
to the matter of mass, dm. Absorbed dose is expressed in the same units as kerma,
i.e. joules per kilogram (J/kg) or gray (Gy).

Owing to the penetrating character of ionizing radiation, when a large
volume is irradiated, energy can be imparted to the matter in a specific volume
by radiation that comes from other regions, sometimes very far from the volume
of interest. As the absorbed dose includes all the contributions that impart energy
in the volume of interest, it is hardly possible to correlate absorbed dose and the
fluence of the incident radiation. In fact, knowledge of the radiation fluence in
the volume of interest, including scattered radiation, is a necessary condition for
calculation of the absorbed dose. The special situation that makes this correlation
possible will be dealt with in Section 3.3.

3.2.6. Kerma and absorbed dose

Kerma and absorbed dose are expressed with the same units, and both are
related to the quantification of the interaction of radiation with the matter. Apart
from the main fact that kerma is used to quantify a radiation field and absorbed
dose is used to quantify the effects of radiation, there are some important points
in their definitions that should be emphasized. One of the differences is the role of
the volume of interest in these quantities; for kerma, it is the place where energy
is transferred from uncharged to charged particles; for absorbed dose, the volume
of interest is where the kinetic energy of charged particles is spent. For instance,
for kerma, only the energy transfer due to interactions of uncharged particles
within the volume is included; for absorbed dose, all the energy deposited in
the volume is included. Thus, charged particles entering the volume of interest
contribute to absorbed dose, but not to kerma. Also, charged particles liberated
by a photon in the volume of interest may leave it, carrying away part of their
kinetic energy. This energy is included in kerma, but it does not contribute to the
absorbed dose.

The largest differences between absorbed dose and kerma appear at
interfaces between different materials, as there are differences in ionization
density and in scattering properties of the materials. The changes in kerma at
the boundaries are stepwise (scaled by the values of the mass energy transfer
coefficient), but the changes in absorbed dose are gradual, extending to a region
with dimensions comparable to the secondary particle ranges. Figure 3.2 shows
graphs of the ratio of the mass energy transfer coefficients of some biological
tissues, showing that, for photons with energies in the diagnostic radiology
range, the changes in kerma may be very pronounced at the boundary of different
tissues, even with the assumption that the photon fluence is constant at the
interface. Kerma at the boundaries changes according to these factors.
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FIG. 3.2. Ratio of mass energy transfer coefficients for some tissue pairs: (a) adipose to soft
tissue, (b) cortical bone to skeletal muscle.

Nonetheless, as Table 3.1 shows, the ranges of electrons set in motion
by photons used in diagnostic radiology are small in biological tissues (water
has been chosen in this table to simulate all the soft tissues), being less than
1 mm for most of the energies. This indicates that the changes in absorbed dose
at the interface between two tissues in the body are limited to small regions.
For comparison, Table 3.1 also shows the range of electrons of kinetic energy
1.0 MeV that are released by photons used for external radiotherapy. In this
case, the changes in absorbed dose extend to a much greater distance — a few
centimetres. This is further discussed in Section 3.3.

TABLE 3.1. RANGE OF ELECTRONS IN WATER AND IN BONE

Electron energy (keV) Range in water® Range in compact bone*
10 2.52 pm 1.49 um
20 8.57 um 5.05 um
50 43.2 um 25.3 pm
80 97.7 um 57.1 um
100 0.143 mm 0.084 mm
150 0.282 mm 0.164 mm
1000 0.437 cm 0.255 cm

2 Values of continuous slowing down approximation range obtained with the ESTAR program
[3.1].
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3.2.7. Diagnostic dosimeters

The experimental determination of kerma or absorbed dose and related
dosimetric quantities in diagnostic radiology is described in Chapter 22 for patient
dosimetry and Chapter 24 for radiation protection purposes. The measurements
necessary include: determination of X ray tube output; patient dosimetry through
the determination of incident or entrance air kerma, air kerma-—area product
(KAP) or internal organ doses; and control of doses to staff through area and
individual monitoring.

According to the procedure, various dosimeters can be used. Dosimeters are
devices used to determine absorbed dose or kerma, or their time rates, based on
the evaluation of a detector physical property, which is dose dependent. Besides
the detector, which is the sensitive part of the instrument, a dosimeter includes
other components that convert the detector signal to the final result of the
measurement — the absorbed dose or kerma value. The desired characteristics
and the details of functioning of diagnostic dosimeters are treated in Chapter 21.

3.3. CHARGED PARTICLE EQUILIBRIUM IN DOSIMETRY

When a beam of uncharged ionizing particles irradiates a homogeneous
material, the ionizing radiation field is transformed to a mixture of the incident
beam (attenuated by the material), scattered radiation produced by the interaction
of the incident beam in the material, bremsstrahlung radiation and charged
particles. Accurate description of the components of the radiation field in a
volume where absorbed dose or kerma is to be determined cannot be achieved
with analytical methods. Both quantities can be determined using numerical
methods (e.g. Monte Carlo simulation), or by experimental means, provided that
certain assumptions are fulfilled. The charged particle equilibrium (CPE) in the
volume makes experimental determination possible. This section deals with this
concept for external photon irradiation.

3.3.1. CPE

An idealized irradiation geometry is shown in Fig. 3.3(a). The radiation
field, composed of photons with energy /v, and normally incident on the block of
material under consideration, comes from the left, from vacuum.

As the interactions of photons occur inside the material, electrons are
liberated. Assume, for simplicity, that all these charged particles have the same
direction in the material, the same energy and a straight track. These tracks are
shown in the upper portion of Fig. 3.3(b), where a small volume, dV inside the
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FIG. 3.3. (a) Geometry of a material irradiated from the left with a monoenergetic beam of
photons; (b) tracks of the charged particles liberated in the material. The bottom section of the
figure shows the path lengths of the charged particles.

material is also shown. Consider what happens as the position of the volume
dV moves in a direction parallel to the incoming beam. The number of electron
tracks that cross dV is small near the surface of the material, but increases as the
volume moves to a greater depth, because more electrons are liberated by photon
interactions. This is depicted in the diagram at the bottom of Fig. 3.3(b), where
each cell represents the volume dJ at a different depth inside the material. As
the electron paths have finite lengths in the material (given by their ranges), the
number of tracks reaches a maximum at a particular position of d7, and eventually
begins to decrease, as the beam is attenuated for greater depths. The total path
length of charged particles in each volume can be considered as representing the
number of ionizations that occur in the volume. In this idealized situation, the
expectation value of the ionization produced in volume dV will vary with depth,
as shown in Fig. 3.4(a) for the simplified case where the photon fluence does not
vary with depth.

The state of constant ionization shown in Fig. 3.4(a) is termed CPE because
in this situation the charged particles that are liberated in the volume dJ and leave
the volume are balanced, in number and energy, by particles that were liberated
elsewhere, and that enter volume dV.

Figure 3.4(b) shows the more realistic situation where the attenuation of the
photon beam cannot be neglected and the photon fluence decreases with depth. As
a consequence, the expectation value of the total ionization in volume d} increases
initially but then decreases slowly with increasing depth in the medium. This state,
at depths beyond the maximum of ionization, is called transient charged particle
equilibrium. The depth at which the CPE is attained, or the maximum ionization is
reached, is of the order of the charged particle range in the material.
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Both graphs in Fig. 3.4 assume that the ionization at the surface of the
material is zero. In fact, in a more realistic situation, even at the surface, the
contribution of scattered radiation has to be taken into account, giving rise to
non-zero ionization at the surface. Also, if the photon energies are restricted to
the radiology energy range, the maximum ionization is found to be very near
to the surface of the irradiated material. There are two main reasons for this: (i)
the secondary electrons have a small range in biological tissues (examples are
given in Table 3.1) and in solid materials are almost isotropically emitted and (ii)
the incoherent scattering of low energy photons produces few photons that are
scattered close to the forward direction (see Eqs (2.7, 2.21) and Fig. 2.6).

Totalionizationin volume dV
Totalionizationin volumedV

(a) Depth along the beam direction (b) Depth along the beam direction

FIG. 3.4. Total ionization inside a volume dV as a function of the depth of the volume in the
material, with the following assumptions: (a) the photon fluence is constant; (b) the photon
beam is attenuated as it traverses the material.

3.3.2. Relationships between absorbed dose, collision kerma and exposure
under CPE

For the photon beam shown in Fig. 3.3(a), the kerma and collision kerma
at the entrance of the material are readily obtained by using Eqs (3.8, 3.9). As the
material is homogeneous, the collision kerma values within the material vary in
proportion to the incident fluence. When the number of interactions is so small
that the fluence may be considered constant inside the medium, the variation of
K, with depth will be in accordance with Fig. 3.5(a). Usually, however, it is
considered that the fluence decreases exponentially with depth in the material,
with similar behaviour for K_, as shown in Fig. 3.5(b).
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FIG. 3.5. Collision kerma and absorbed dose as a function of depth in a medium, irradiated
by a high energy photon beam (see Ref. [3.2]).

As far as absorbed dose is concerned, the calculations are not so simple.
First of all, because the absorbed dose, D, depends on the deposition of energy
by charged particles, it is smaller at the surface of the material than inside it. As
the photon interactions occur, electrons are liberated, contributing to the growth
of the energy imparted, according to the growth of the ionization in the material,
as shown in Fig. 3.4. Thus, there is a buildup region for the dose, at small depths
in the medium, as shown in Fig. 3.5. The buildup region has dimensions (z_, )
similar to the range of the charged particles in the medium. For high energy
photons, this region can extend to 1 or 2 cm, and this effect is responsible for
the known effect of skin sparing in external radiotherapy. For diagnostic photon
beams, the energies are lower, and the electron ranges are too small to produce
this effect: the maximum dose is reached within the skin.

When the absorbed dose reaches the maximum value, assuming that all the
radiative photons produced in the medium escape from the volume, there is a
coincidence of its value and the collision kerma, as true CPE is achieved. Beyond
the buildup region, assuming that the changes in photon fluence are small, as in
Fig. 3.5(a), and the volume of interest has small dimensions compared with the
electron range, giving rise to true CPE, the relation between absorbed dose and
collision kerma remains:

D — K = v (L) (3.17)

For conditions such as those shown in Fig. 3.5(b), in transient charged
particle equilibrium, where the attenuation of the photon beam is not negligible,
there is no numerical coincidence between the values of the collision kerma
and absorbed dose. Beyond the maximum, the absorbed dose is larger than the
collision kerma, as the energy imparted is a result of charges liberated by photon
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fluences slightly greater than the fluence in the volume of interest. Because there
is practically a constant ratio between these quantities, it is usual to write:
D=pK (3.18)

Usually, the approximation B = 1 can be used for diagnostic radiology and
low Z materials.

3.3.3. Conditions that enable CPE or cause its failure

The simplification of the overall situation shown above should not be
interpreted as the only condition that can give rise to a true equilibrium of charged
particles in the medium. The necessary and sufficient conditions that guarantee
the CPE are:

(a) The medium is homogeneous in both atomic composition and mass density.
(b) The photon field is homogeneous in the volume considered.

The first condition avoids changes in the charged particle distribution
in the material owing to changes in scattering and absorption properties. The
homogeneity in density is not as important as the constancy in composition,
according to the Fano theorem (see Section 3.4.2). The second condition requires
that the dimensions of the volume of interest are not very large, compared with
the mean free path (1/u) of the photons.

Some examples of practical situations where there is a failure in the
conditions, meaning that the CPE cannot be accomplished, are:

(a) Large beam divergence, as with irradiations close to the radiation source;
(b) Proximity of boundaries of the material and any other medium.

3.4. CAVITY THEORY

Determination of absorbed dose in an extended medium generally requires
the use of a detector inside the medium. As the sensitive volume of the dosimeter
is, in general, not made of the same material as the medium, its presence is a
discontinuity. It is called a ‘cavity’ because the early basis of dosimetry was
developed for gaseous detectors. Nowadays, the concept has been extended to
liquid and solid detectors, but the traditional use of the letters g and w is retained
to symbolize the cavity and the medium, respectively, as they come from the
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gas and the wall that constitute an ionization chamber. The main interests of the
cavity theory are to study the modifications of charge and radiation distribution
produced in the medium by the cavity, and to establish relations between the
dose in the sensitive volume of the dosimeter and the dose in the medium. A
brief description of the foundations and the main results of the cavity theory for
external irradiation with photons and applications to diagnostic radiology are
given next.

3.4.1. Bragg—Gray cavity theory

A cavity can be of small, large or intermediate size compared with the
range of the charged particles in the cavity. The Bragg—Gray theory deals with
small cavities. W.H. Bragg began the development of the theory, in 1910, but it
was L.H. Gray, during his PhD work, co-supervised by Bragg, who formalized
the theory. The two main assumptions of this theory are:

(1) The cavity dimensions are so small compared with the range of
charged particles within it that the fluence of charged particles inside
the cavity is not perturbed by the presence of the cavity.

(i) There are no interactions of uncharged particles in the cavity, so
that the absorbed dose deposited in the cavity is due to the charged
particles that cross the cavity.

The first assumption is equivalent to the requirement that the fluence of
charged particles in the cavity is equal to that in the medium, w, that surrounds
it, and the second assumption means that no charged particle starts or finishes its
range in the cavity.

Under these conditions, the ratio of absorbed dose in the medium, w,
surrounding the cavity, D, to that in the cavity, g D), is given by the ratio of the
integrals of the collision stopping powers of electrons in both media, weighted by
the same electron fluence — the fluence energy distribution of the electrons in
the medium (d®/dT) :

dT

Tmax
| [@] <L) ar
D T \AT ), pdx |,

w _ 2 Toin w3

w
Tmax g
P () (4] ar
T, \dT ), | pdx g

min

(3.19)
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The numerator and denominator in Eq. (3.19) are the generalizations
of Eq. (3.20), which relates absorbed dose, D, to collision stopping power,
(dT/pdx)C’T, for irradiation with a fluence, @, of monoenergetic electrons:

dT
D=|—| & 3.20
[pdx]c,T ( )

For the medium and the cavity materials, Eq. (3.19) assumes that there is
a distribution of energies of electrons inside the cavity, which is equal to that
outside. The symbol fg has the double bar to indicate that this ratio of average
stopping powers considers both the average over the photon generated electron
spectrum and the changes in this spectrum that are due to the continuous loss of
kinetic energy in the materials.

3.4.2. The Fano theorem

The conditions required by the Bragg—Gray theory are better accomplished
if the composition of the cavity is similar to that of the medium, i.e. if both cavity
and medium have similar atomic numbers. This was observed in experiments
with cavities filled with different gas compositions, and in 1954, U. Fano proved
the following theorem:

“in a medium of given composition exposed to a uniform field of primary
radiation the field of secondary radiation is also uniform and independent
of the density of the medium, as well as of the density variations from point
to point.”

The Fano theorem is important because it relaxes the requirements on the
size of the cavity, which are very hard to meet, for instance, when the photon
beam is of low energy. It should be noted, however, that the theorem is valid only
for infinite media and in conditions where the stopping power is independent of
density.

3.4.3. Other cavity sizes
Consider now the material surrounding the cavity, w, which is large enough
to guarantee CPE in almost its entire volume, excluding a very small portion near

the boundaries, but which does not disturb the photon fluence in the medium
where it is immersed. The region of the medium m that surrounds w is also under
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CPE conditions. Under these conditions, the dose to material w and the dose to
the medium m are related by the expression:

Hen
&:( P )m (3.21)
Do (),

Equation (3.21) is a simple ratio of mass energy absorption coefficients,
and three conditions are implicit:

(1) There is CPE in both media.
(i) The photon beam is monoenergetic.
(iii) The photon fluence is the same for both media.

If the elemental compositions of w and m are not similar, the backscattering
of photons at the boundary can change the photon fluence significantly, regardless
of the dimensions of w.

For a spectrum of photons irradiating both materials, Eq. (3.21) may be
integrated over the photon energy spectrum, giving:

N j;humax[;i]i]m[ﬂzn] hvd(hv) [&]m (3.22)

In this equation, (ﬁen/ p) is an average ratio of mass absorption energy
coefficients, which takes into account the photon spectrum that irradiates equally
both material, w, considered a large cavity, and m.

Cavities with intermediate sizes are usually treated by Burlin cavity theory,
assuming that the cavity and the medium are in CPE and that the elemental
compositions of both are similar. The theory will not be developed here, but
Burlin’s expression is given in Eq. (3.23), where the parameter d assumes values
between 0 and 1, according to the cavity dimensions: d—1 for small cavities and
d—0 for large ones.

m
w

D _45e +(1_d)[h]g (3.23)
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3.5. PRACTICAL DOSIMETRY WITH ION CHAMBERS

Ionization chambers are frequently used in diagnostic radiology. They are
usually built with a wall that functions as a large cavity; besides containing the
gas, it has a thickness that is enough to guarantee CPE in the wall. If the elemental
composition of this wall w is similar to the composition of the medium m, where
the dose is to be measured, and there is also CPE in the medium, it is possible to
relate the dose in the medium to the dose in the wall using Eq. (3.21) or Eq. (3.22).
On the other hand, the gas inside the ion chamber is irradiated mainly by the
charged particles released in the wall that cross the gas volume according to the
Bragg—Gray conditions. In this way, the dose to the material where the chamber
is inserted can be obtained through Eq. (3.24), which combines Eqgs (3.19, 3.22).

Sw ﬂ "
D,=D,S; [ﬁ] (3.24)
P )w
If, instead of the dose to the gas, the charge produced in the gas (Q) and the
mass of the gas (mg) are known, Eq. (3.23) reduces to:

D, = mgvT/j » [“7] (3.25)
4

w

where Wg is the mean energy spent in the gas to form an ion pair, as already
described for air in Eq. (3.13).

A particularly useful (and common) situation occurs when the wall of the
chamber is made of a material with the same atomic composition as the cavity,
so that the dose to the cavity and the dose to the wall are considered equal. Under
these circumstances, Eqs (3.24, 3.25) are simplified, reducing to:

D, =D, [@] for chambers with gas equivalent wall (3.26)
Pg
D, = gWg [ﬁ] for chambers with gas equivalent wall (3.27)
m p
g

8
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To use Eqs (3.24-3.27) in practice is not trivial, as the spectra of photons
and electrons are not known in general, and the charge is not completely
collected. Nevertheless, this is done for standard chambers used for calibration
of the instruments used in diagnostic radiology, applying correction factors for
incomplete charge collection and mismatch of atomic compositions. A standard
chamber is compared with the instrument to be calibrated, irradiating both with
well characterized photon beams, with qualities comparable to the clinical beams.
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Chapter 4

MEASURES OF IMAGE QUALITY

A.D.A. MAIDMENT
University of Pennsylvania,
Philadelphia, United States of America

4.1. INTRODUCTION

A medical image is a pictorial representation of a measurement of an object
or function of the body. This information can be acquired in one to three spatial
dimensions. It can be static or dynamic, meaning that it can also be measured
as a function of time. Certain fundamental properties can be associated with all
of these data. Firstly, no image can exactly represent the object or function; at
best, one has a measurement with an associated error equal to the difference
between the true object and the measured image. Secondly, no two images will
be identical, even if acquired with the same imaging system of the same anatomic
region; this variability is generally referred to as noise.

There are many different ways to acquire medical image data; the various
mechanisms of acquisition are described in detail in the subsequent chapters.
However, regardless of the method of image formation, one must be able to judge
the fidelity of the image in an attempt to answer the question “How accurately
does the image portray the body or the bodily function?” This judgement falls
under the rubric of ‘image quality’. In this chapter, methods of quantifying image
quality are described.

Knowledge of image quality allows one to compare various imaging
system designs for a given modality and to compare the information contained
in images acquired by different imaging modalities. The impact of image quality
on an imaging task, such as detection of a lesion in a particular organ, can also be
determined. Various imaging tasks require differing levels of image quality; an
image may be of sufficient quality for one task, but inadequate for another task.

The metrics introduced here are much used in the following chapters in this
handbook, as the design, performance and quality control of different imaging
systems are discussed. First, however, one needs to learn the meaning of ‘image
quality’.
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4.2. IMAGE THEORY FUNDAMENTALS
4.2.1. Linear systems theory

In all imaging systems, the output, g, is a function of the input, f. The
function, H, is usually called the transfer function or system response function.
For a continuous two dimensional (2-D) imaging system, this relationship can be
written as:

glx, y) = H{flx, y)} 4.1

In Eq. (4.1) and most equations that follow, the functions have been
expressed with two dependent variables to represent a 2-D image; this convention
has been chosen to ensure consistency throughout the chapter. However, the
imaging problem can be treated in any number of dimensions. The simple concept
represented by Eq. (4.1), and shown in Fig. 4.1, implies that we can predict the
output of an imaging system if we know the input and the characteristics of the
system. That is, g is the image of the scene, f.

Scene: f(x, y) Image: g(x,y)

Imaging
System:
H{}

FIG. 4.1. The image, g(x, y), portrays a cross-section of the thorax, f(x, y), blurred by the
transfer function, H, of the imaging system.

Unfortunately, this general approach to image analysis is very difficult to
use; it is necessary to compute the transfer function at each location in the image
for each unique object or scene. This analysis is greatly simplified when two
fundamental assumptions can be made: linearity and shift invariance (abbreviated
jointly as LSI).
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4.2.1.1. Linearity

A linear system is one in which the output of the system can be expressed
as a weighted sum of the input constituents. Thus, if a system presented with
input £, results in output g,(x, y) = H{f,(x, y)} and input f, results in output
g,(x,y) = H{f,(x, y)}, then:

Hiaf\(x,y) + bfy(x, )} = H{af\(x, )} + H{bf,(x, y)} = ag(x, y) + bg,(x, y) (4.2)

In general, most imaging systems are either approximately linear or can
be linearized, or can be treated as being linear over a small range of signals. The
assumption of linearity lets us formulate the transfer function as an integral of the
form:

g(x,y) =[[fix', y)H(x, y, x', ') dx' dy' (4.3)

However, most modern imaging systems are digital. As a result, images
consist of measurements made at specific locations in a regular grid. With digital
systems, these measurements are represented as an array of discrete values. In
the discrete case, Eq. (4.3) can be reformulated as multiplication of a matrix H,
where the input scene and output image are given as vectors (for one dimensional
(1-D) images) or matrices (for higher dimension images):

g=Hf (4.4)

In this formulation, each element in g is called a “pixel’ or ‘pixel element’,
while each element in fis called a ‘del’ or ‘detector element’. A pixel represents
the smallest region that can uniquely encode a single value in the image.
By similar reasoning, the term ‘voxel’ or ‘volume element’ is used in three
dimensional (3-D) imaging. In both Eqs (4.3, 4.4), g is expressed as a weighted
sum, H, of the source signals, f. It is important to note that A or H is still quite
complicated. If g and f have m x n elements, then H has (mn)?* elements; that is,
there is a unique transfer function for each pixel in the image because the value
of each pixel arises from a different weighted sum of the dels.

4.2.1.2.  Shift invariance
A system is shift invariant if the system response function, H, does not

change as a function of position in the image. By further adding the stipulation of
shift invariance, it is possible to formulate the transfer function without reference
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to a specific point of origin. This allows us to write the integration in Eq. (4.3) as
a convolution:

g, y) =TT A, )h(x — ',y — ") dx' dy! (4.5)

where 2 is now a function of two variables, while H was a function of four
variables in the case of a 2-D imaging system.

In the discrete formulation of a shift invariant system, the matrix H in
Eq. (4.4) now has a unique property; it is Toeplitz. As a practical measure, we
often use a circulant approximation of the Toeplitz matrix. This approximation
is valid, provided the point spread function is small compared with the size of
the detector. The discrete Fourier transform (FT) of the circulant approximation
of H is a diagonal matrix. This property has particular appeal in analysing LSI
systems, as we have gone from a formulation in which H has as many as (mn)?
non-zero elements to one that has exactly mn distinct elements.

As a result, it is possible to construct a new matrix, &, from H such that
Eq. (4.4) can now be rewritten as:

g=h*f (4.6)

where * is the circulant convolution operator and, in the case of 2-D detectors, the
images f'and g, and the response function 4 are each matrices with m x n distinct
elements, which are cyclically extended in each direction. The assumptions of
linearity and shift invariance are key to making most imaging problems tractable,
as there is now a common transfer function, A, that applies to each pixel in the
image.

Recalling that for FT pairs, the convolution in one domain corresponds to
multiplication in the other domain, we can now rewrite Eq. (4.6) as:

§=if 4.7)

where the tilde (~) denotes the discrete FT. This implies that an object with a
given spatial frequency referenced at the plane of the detector will result in an
image with exactly the same spatial frequency, although the phase and amplitude
may change.

Now, with few exceptions, most systems are not truly shift invariant. For
example, consider a simple system in which a pixel in the image is equal to the
average of the matching del in the scene and the eight immediate neighbouring
dels. The transfer function will be identical for all the pixels in the interior of
the image. However, pixels on the four edges and four corners of the image will
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have different transfer functions because they do not have a full complement
of neighbouring pixels upon which to calculate this average. That said, most
systems can be treated as shift invariant (with regard to this boundary problem),
provided the blurring (or correlation) between pixels is small compared with the
size of the image. A second strategy to ensure shift invariance is to consider the
transfer function locally, rather than globally. This strategy allows one to ignore
differences in the detector physics across the full field of the detector, such as the
oblique incidence of X rays.

4.2.2. Stochastic properties

In all real imaging systems, it is necessary to consider both the degradation
of the image from blurring, given by the transfer characteristics, and the
degradation of the image from the presence of noise. Noise can arise from a
number of sources, including the generation of the signal carriers, the propagation
and transformation of these carriers through the imaging process, and the addition
of extraneous noise from various sources, such as the imaging electronics. Thus,
it is necessary to modify the image transfer equation (Eq. (4.4)) to include a term
for the noise, n. Noise is generated from a random process; as a result, the noise
recorded in each image will be unique. Any given image, g, will include a single
realization of the noise, n, so that:

g=Hf +i 4.8)

Actually, some noise (e.g. X ray quantum noise) will be generated in the
process of forming the scene, f, and hence will be acted upon by the transfer
function, H, while other noise (e.g. electronic readout noise) will not have been
acted upon by the transfer function. In Eq. (4.8) we ignore this distinction. Also,
all quanta do not necessarily experience the same transfer function; variability in
the transfer of individual quanta leads to the well known Swank and Lubberts’
effects.

The introduction of noise in images means that imaging systems have to
be evaluated statistically. The exact treatment of the images is dependent upon
both the nature of the noise present when the image is recorded and the imaging
system. System linearity (or linearizability) will help to make the treatment of
images in the presence of noise tractable. In general, however, we also need
to assume that the noise is stationary. A stochastic noise process is stationary
if the process does not change when shifted either in time or in space. That is,
the moments of a stationary process will not change based upon the time when
observations begin. An example is X ray quantum noise, where the probability
of generating an X ray does not depend upon when the previous or subsequent
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X ray quanta are created. Similarly, in a shift invariant imaging system, it does
not matter which point on the detector is used to calculate the moments of a
stationary process, as each point is nominally the same.

A wide sense stationary process is one in which only the mean and
covariance are stationary. Since a Poisson process is fully characterized by the
mean, and a Gaussian process is fully characterized by the mean and variance, it
is typical to require an imaging process to be wide sense stationary. It is, in fact,
common to treat the noise as being Gaussian and having zero mean. In practice,
this is sufficient for almost all imaging systems.

It should be noted that digital images consisting of discrete arrays of pixels
or voxels are not strictly stationary. Shifts of the origin that are not commensurate
with the pixel spacing will potentially result in different images being acquired.
However, a system is said to be cyclostationary if the statistical properties are
unchanged by shifts in the origin of specific amounts (i.e. multiples of the pixel or
voxel pitch). A system is ‘wide sense cyclostationary’ if the mean and covariance
are unchanged by specific shifts in the origin. In general, we can assume most
digital imaging systems are wide sense cyclostationary, at least locally.

To measure the signal in a pixel, exclusive of the noise, we may simply
average the value in that pixel over many images of the same scene to minimize
the influence of the noise on the measurement. In a similar fashion, we can
estimate the noise in a pixel by calculating the standard deviation of the value
of that pixel over many images of the same scene (see, for example, Fig. 4.10).
Calculations that involve a large number of images are clearly time consuming
to acquire and process in order to estimate the mean and standard deviation with
sufficient accuracy. However, this problem is tremendously simplified if one can
additionally assume ergodicity.

An ergodic process is one in which the statistical properties of the ensemble
can be obtained by analysing a single realization of the process. For example,
X ray quantum noise is frequently referred to as ‘white noise’, implying that
in different realizations all spatial frequencies are equally represented, or
equivalently, that the noise from individual quanta is uncorrelated. White noise is
ergodic. This means, for example, that we can calculate the average fluence of an
X ray beam by either averaging over a region or averaging over multiple images.
When an appropriate imaging system is used to image an ergodic process (such
as a uniform scene imaged with X rays), calculations performed from a number
of sample images can be replaced by calculations from one image. For example,
the noise in a particular pixel that was originally measured from image samples
can now be measured from a region of a single image.
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4.2.3. Sampling theory

With few exceptions (notably screen film radiography), modern imaging
systems are digital. A digital image is only defined as discrete points in space,
called sampling points. The process of sampling by a del generally involves the
integration of continuous signal values over a finite region of space around the
sampling point. The shape of these regions is defined by the sampling aperture;
the distance between the sampling points is called the sampling pitch.

In an idealized 2-D detector, the sampling aperture of each del is
represented by a square of dimension a'. Such dels are repeated with pitch a to
cover the entire detector (Fig. 4.2). It is not strictly necessary for the aperture
and pitch to have the same size, nor to be square. For example, active matrix X
ray detectors (see Section 7.4.3) can have regions that are not radiation sensitive,
such as the data and control lines and del readout electronics. The fill factor of
an active matrix detector is typically defined as the ratio (a'/a)?. The fill factor
is commonly less than unity. It is also possible for the del aperture to be larger
than a?. For example, in computed radiography, the scanning laser will typically
stimulate fluorescence from a circular region having a diameter greater than the
sampling pitch. As discussed later, this has benefit in reducing aliasing.

—
™ ™ ™ °
«—‘ >
a
o ° a'® °
° ° ° °
° ° ° °

FIG. 4.2. Rectangular array of dels in which a single del with a square aperture of dimensions
a' x a'is shown centred upon a series of sampling points with pitch a in orthogonal directions.

The process of sampling a continuous signal, £, by a single del is given by:

foxo ) =11/ e A —xa,y —ya) dx dy (4.9)
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where 4 is the aperture function and (x, yj) are integer indices of the del. In
practice, the aperture function is non-zero over a limited area, thus providing
finite limits to the integral in Eq. (4.9).

It is clear from Eq. (4.9) that if one were to shift the sampling points by
a non-integer amount (i.e. incommensurate with the pixel pitch), the recorded
image would vary. For this reason, digital systems are only cyclostationary. In
general, these changes are small, especially for objects that are large relative to
the sampling pitch. However, for small objects, these changes can be significant.

Sampling a continuous signal f{x, ) on a regular grid with grid spacing a, is
equivalent to multiplying f'by a comb function, comb . The comb function is an
infinite sum of Dirac delta functions centred at the sampling points. Multiplication
by the comb function in the image domain is equivalent to convolution by the FT
of the comb function in the Fourier domain. The FT of the comb function is also
a comb function, but with a grid spacing of 1/a. This convolution has the form:

(f*combl/a)(u,v): Z Z f[u—%,y—SJ (4.10)

j=—00 k=—00

This implies that the FT of f'is replicated at each point on a grid with a
spacing of 1/a, and an infinite sum of all the replicates is taken.

The frequency 1/a is called the sampling rate. The Nyquist—-Shannon
sampling theorem provides guidance in determining the value of ¢ needed
for a specific imaging task. Ideally, the Fourier spectrum of f should not have
components above the frequency 1/2a. This frequency is called the Nyquist
frequency (see Fig. 4.3(a)). When this condition is not met, the Fourier spectra
will contain components with spatial frequencies that exceed the Nyquist
frequency and, as a result of Eq. (4.10), the infinite sum of spectra will overlap,
as shown in Fig. 4.3(b). This overlap between the superimposed spectra will
result in aliasing. Aliasing degrades the sampled image because it incorrectly
portrays high frequency information present in the scene as lower frequency
information in the image (Fig. 4.3(b), black curve). To avoid aliasing, the
Nyquist frequency must be greater than or equal to the maximum frequency in
the image prior to sampling. In many system designs, however, it is impossible
to avoid aliasing.
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FIG. 4.3. The discrete space FT is uniquely defined on a region of the Fourier domain from
—1/2a to 1/2a (shaded grey). The input signal (a) is replicated in the Fourier domain, (b) only
three replicates are shown for clarity. Frequencies outside the shaded region are aliased and
summed, so that the discrete space FT is given by the black line in (b).

4.3. CONTRAST
4.3.1. Definition

Contrast is defined as the ratio of the signal difference to the average signal.
The rationale behind this is that a small difference is negligible if the average
signal is large, while the same small difference is readily visible if the average
signal is small. In general, in medical imaging, we will want to achieve a high
contrast to visualize disease features well.

There are two common definitions of contrast in medical imaging. The
Weber contrast, or the local contrast, is defined as:

fi— 1y
C=—"7+— 4.11
A (4.11)
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where f;and f, represent the signal of the feature and the background, respectively.
Note that here we are defining the contrast in terms of the scene £, as shown in
Section 4.3.2. It is equally acceptable to consider the contrast of the image, g, or
the contrast measured at other points in the image chain, such as the contrast of a
feature displayed on a computer monitor.

The Weber contrast is commonly used in cases where small features are
present on a large uniform background. The modulation or Michelson contrast is
commonly used for patterns where both bright and dark features take up similar
fractions of the image. The modulation contrast is defined as:

CM _ fmax _fmin

fmax + fmin (4 12)

where fand f . represent the highest and lowest signals.

The modulation contrast has particular interest in the Fourier analysis of
medical images. Consider a signal of the form:

fix,y) =4+ B sin(2rux) (4.13)

Substituting Eq. (4.13) into Eq. (4.12) gives:

_A+B-(A-B) B

M™ A+B+A-B A (4.14)

Thus, we see that the numerator expresses the amplitude or difference in
the signal B=(f,,. — fmin)/Z , while the denominator expresses the average

signal A= (fya + fun)/2 -

Care should be taken as to which definition of contrast is used. The correct
choice is situation dependent. In general, the local contrast is used when a
small object is presented on a uniform background, such as in simple observer
experiments (e.g. two alternative forced choice experiments, see Section 18.4.2).
The modulation contrast has relevance in the Fourier analysis of imaging systems.

4.3.2. Contrast types

In medical imaging, the subject contrast is defined as the contrast (whether
local or modulation) of the object in the scene being imaged. For example, in
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X ray imaging, the subject contrast depends upon the X ray spectrum and the
attenuation of the object and background. In radionuclide imaging, the subject
contrast depends upon radiopharmaceutical uptake by the lesion and the
background, the pharmacokinetics and the attenuation of the gamma rays by the
patient. Similarly, one can define the subject contrast for computed tomography
(CT), magnetic resonance imaging (MRI) and ultrasound.

The image contrast depends upon the subject contrast and the characteristics
of the imaging detector. For example, in radiographic imaging, the image
contrast is affected by the X ray spectrum incident upon the X ray converter
(e.g. the phosphor or semiconductor material of the X ray detector), the converter
composition and thickness, and the greyscale characteristics of the converter,
whether analogue (such as film) or digital.

The display contrast is the contrast of the image as displayed for final
viewing by an observer. The display contrast is dependent upon the image
contrast and the greyscale characteristics of the display device and any image
processing that occurs prior to or during display.

4.3.3. Greyscale characteristics

In the absence of blurring, the ratio of the image contrast to the subject
contrast is defined as the transfer function of the imaging system. As discussed in
Section 7.2.3, the greyscale characteristic of film is non-linear (the characteristic
or Hurter and Driffield (H&D) curve is shown in Section 7.3.4.3). Thus, to stay
within the framework of LSI systems analysis, it is necessary to linearize the
response of the film. This is typically done using a small signals model in which
the low contrast variations in the scene recorded in the X ray beam, Al/I,
produce linear changes in the film density, AD, such that:

AD :%@)M 4.15)
0

where y is called the film gamma, and typically has a value of between 2.5 and
4.5 (Fig. 4.4). The greyscale characteristic, [, can now be calculated as:

r_AD _vlge) (4.16)
NS
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FIG. 4.4. Two greyscale response functions are shown; one with low contrast and wide
latitude, the other with high contrast and narrow latitude.

In a similar fashion, the greyscale characteristic of a digital system with
a digital display can be defined. In general, digital displays have a non-linear
response with a gamma of between 1.7 and 2.3.

It should be noted that I' does not consider the spatial distribution of the
signals. In this sense, we can treat I' as the response of a detector which records
the incident X ray quanta, but does not record their location. Equivalently,
we can consider it as the direct current (DC) (static) response of the imaging
system. Given that the FT of a constant is equal to a delta function at zero spatial
frequency, we can also consider this response to be the zero spatial frequency
response of the imaging system.

4.4. UNSHARPNESS

In the preceding discussion of contrast, we considered large objects in the
absence of blurring. However, in general, we cannot ignore either assumption.
When viewed from the spatial domain, blurring reduces the contrast of small
objects. The effect of blurring is to spread the signal laterally, so that a focused
point is now a diffuse point. One fundamental property of blurring is that the
more the signal is spread out, the lower the intensity of the point image, and thus
the lower the contrast.

The effect of blurring on local contrast is illustrated in Fig. 4.5. An image
of a point is shown blurred by convolution with Gaussian kernels of diameters
16 pixels, 32 pixels and 64 pixels. As can be seen, the intensity of the signal
decreases as the amount of blurring increases, because the signal of the object is
being spread over an increasingly large area. This also means that the peak signal
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is only degraded if the size of the object is smaller than the width of the blurring
function; the contrast of larger objects will not be affected (Fig. 4.1).

16 pixels

32 pixels

64 pixels

FIG. 4.5. A point object is blurred with increasingly larger kernels. The larger the kernel, the
greater the blurring and the lower the contrast for small objects.

4.4.1. Quantifying unsharpness

Consider the operation of an impulse function on an imaging system. If
an imaging system is characterized by an LSI response function A(x — x', y — "),
then this response can be measured by providing a delta function as input to the
system. Setting f{x, y) = d(x, y) in Eq. (4.5) gives:

gx, ) =[G, y)hix ',y — ) dx' dy' = h(x, ) (4.17)
We refer to the system transfer function as the point spread function (PSF)
when specified in the spatial domain. In fact, the blurring of a point object, shown

in Fig. 4.5, is a pictorial display of the PSF. It is common to consider the PSF as
either being separable:

h(x,y) = h(x)h(y) (4.18)

or circular symmetric:
h(r) = h(x, y) (4.19)

where
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r=x?+y? (4.20)
depending upon the imaging system.

While it is possible to calculate the blurring of any object in the spatial
domain via convolution with the LSI system transfer function, %, the problem is
generally better approached in the Fourier domain (Eq. (4.7)). To this end, it is
informative to consider the effect of blurring on modulation contrast. Consider a
sinusoidal modulation given by:

fix,y) =4+ B sina(ux + vy)) (4.21)

The recorded signal will be degraded by the system transfer function
h(u,v), such that:

g(x, y) = Ah(0,0) + B| h(u, v)| sin(2m(ux + vy)) (4.22)

Here, any phase shift of the image relative to the scene is ignored for simplicity.
We see, therefore, that the modulation contrast of object fis:

B
C,= " (4.23)
and the modulation contrast of the image, g, is:
_ Blh(u,v)]

We can now define a new function, 7, called the modulation transfer
function (MTF), which is defined as the absolute value ratio of C, /C ; atagiven
spatial frequency (u, v):

()|
7(0,0)

T(u,v) (4.25)

The MTF quantifies the degradation of the contrast of a system as a function
of spatial frequency. By definition, the modulation at zero spatial frequency,
7(0, 0) = 1. In the majority of imaging systems, and in the absence of image
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processing, the MTF is bounded by 0 < "< 1. In addition, it should also be noted
that, based on the same derivation, the greyscale characteristic T = 4(0,0).

The measurement of the 2-D PSF for projection or cross-sectional
imaging systems, or 3-D PSF for volumetric imaging systems (and hence the
corresponding 2-D or 3-D MTF) requires that the imaging system be presented
with an impulse function. In practice, this can be accomplished by imaging a
pinhole in radiography, a wire in cross-section in axial CT, or a single scatterer in
ultrasound. The knowledge of the MTF in 2-D or 3-D is useful in calculations in
signal detection theory (see Section 4.6.3.1).

It is more common, however, to measure the MTF in a single dimension. In
the case of radiography, a practical method of measuring the 1-D MTF is to image
a slit formed by two metal bars spaced close together. Such a slit can be used to
measure the line spread function (LSF). Among other benefits, imaging a slit will
provide better resilience to quantum noise, and multiple slit camera images can be
superimposed (bootstrapped) to improve definition of the tails of the LSF.

The LSF is, in fact, an integral representation of the 2-D PSF. For example,
consider a slit aligned vertically in an image (which here we assume corresponds
to the y axis). Then the LSF, A(x), is given by:

h(x) = [h(x, y) dy (4.26)

The integral in Eq. (4.26) can be simplified if we assume that the PSF
is separable, as in video based imaging systems. For example, substituting
Eq. (4.18) into Eq. (4.26) gives:

[h(G)h(y) dy = h(x) (4.27)

This is based on the fact that the area under the PSF, 4(y), is unity. It should
be clear from this that the LSF and the 1-D MTF are FT pairs. If we assume a
rotationally symmetrical PSF (Egs (4.19, 4.20)), as might be found in a phosphor
based detector, the PSF is related to the LSF by the Abel transform:

h(x)=2 f Jﬂ (4.28)
xZ—r

and

== %) (4.29)
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FIG. 4.6. The 1-D forms of the system response function are shown, together with the
functional relationship. Included are the rotationally symmetrical PSF, the LSF and the ESF
shown for illustration as a function of x, and the MTF.

Note that while the forward Abel transform is tractable, the inverse
transform is not. However, the inverse transform can be calculated by first
applying the FT and then the Hankel transform (Fig. 4.6).

A further simplification is to image an edge, rather than a line. The edge
spread function (ESF) is simply an integral representation of the LSF, so that:

e(x)= fx h(x)dx (4.30)
and

d
h(x)= ae(x) (4.31)

Nowadays, the ESF is the preferred method of measuring the system
response function of radiographic systems. There are two clear benefits. Firstly, an
edge is easy to produce for almost any imaging system, although issues such as the
position of the edge need to be carefully considered. Secondly, the ESF is amenable
to measuring the presampled MTF of digital systems (see Section 4.4.2.2).

4.4.2. Measuring unsharpness
4.4.2.1. Limiting spatial resolution

The spatial resolution is a metric to quantify the ability of an imaging
system to display two unique objects closely separated in space. The limiting
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spatial resolution is typically defined as the maximum spatial frequency for
which modulation is preserved without aliasing.

The limiting resolution can be measured by imaging line patterns or
star patterns in radiography and arrays of cylinders imaged in cross-section in
cross-sectional imaging systems such as CT and ultrasound. All of these methods
use high contrast, sharp edged objects. As such, the limiting spatial resolution
is typically measured in line pairs per unit length. This suggests that the basis
functions in such patterns are rect' functions. By contrast, the MTF is specified in
terms of sinusoids and thus is specified in terms of spatial frequencies in cycles
per unit length.

There is no strict relationship between a particular MTF value and the
limiting spatial resolution of an imaging system. The Coltman transform can be
used to relate the square wave response measured with a bar or star pattern and
the sinusoidal response measured by the MTF. Ultimately, however, the ability
to detect an object (and hence resolve it from its neighbour) is related to the
signal to noise ratio (SNR) of the object (see Section 4.6). As a rule of thumb, the
limit of resolution for most imaging systems for high contrast objects (e.g. a bar
pattern) occurs at the spatial frequency where the MTF = 0.05 (5%).

4.4.2.2. MIF

In practice, it is difficult to measure the MTF of an analogue system (such
as film) without first digitizing the analogue image. As such, it is important that
the digitization process satisfies the Nyquist-Shannon sampling theorem to avoid
aliasing. This is possible in some instances, such as digitizing a film, where the
digitizer optics can be designed to eliminate aliasing. In this instance, however,
the MTF that is measured is not the MTF of the film but rather is given by:

r =TT

m a~d

(4.32)

where T is the measured MTF; T, is the MTF of the analogue system; and 7 is
the MTF of the digitizer. With Eq. (4.32), it is possible to recover T, provided
T, > 0 over the range of frequencies of interest.

In many systems, however, it is not possible to avoid aliasing. For example,
in a digital radiography detector that consists of an amorphous selenium (a-Se)
photoconductor coupled to a thin film transistor array, the selenium has very
high limiting spatial resolution — much higher than can be supported by the
pixel pitch of the detector (see Chapter 7 for details). The resolution pattern

' The rect function is covered in more detail in Sections 12.4.3, 13.2.2 and 17.2.1.
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shown in Fig. 4.7 is made with such a system. In such instances, there are some
important facts to understand. First, aliasing will occur with such a system,
as can be seen in Fig. 4.7(b). It is unavoidable. This means that predicting the
exact image recorded by a system requires knowledge of the location of the
objects in the scene relative to the detector matrix with subpixel precision, as
well as knowledge of the blurring of the system prior to sampling. The latter
can be determined by measuring what is known as the presampling MTF. The
presampling MTF is measured using a high sampling frequency, so that no
aliasing is present in the measurement. It is important to realize that, in spite of
its name, the presampling MTF does include the blurring effects of the sampling
aperture.

The presampling MTF measurement starts with imaging a well defined
edge placed at a small angle (1.5-3°) to the pixel matrix/array. From this digital
image, the exact angle of the edge is detected and the distance of individual pixels
to the edge is computed to construct a supersampled (SS) ESF. Differentiation of
the SS-ESF generates an LSF, whose FT produces the MTF. This is the preferred
method for measuring the MTF nowadays.

() (b)

FIG. 4.7. (a) A digital radiograph of a bar pattern is shown. Each group in the pattern
(e.g. 0.6 Ip/mm) contains three equally spaced elements. In (b), a magnified region of the
pattern is shown. Here, we can deduce that the limiting resolution is 3.4 Ip/mm. Higher
frequencies are aliased as shown by the reversal of the bands (highlighted in yellow) that arise
from the digital sampling process.
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4.4.3. Resolution of a cascaded imaging system

In the previous section, we dealt with the special situation in which
an analogue image, such as film, is digitized by a device such as a scanning
photometer. In this situation, the measured MTF is the product of the film MTF
and the MTF of the scanning system. This principle can be extended to more
generic imaging systems that are composed of a series of individual components
(Fig. 4.8). A classic example is to compare the blurring of the focal spot and
imaging geometry with that of the detector. Another classic example is of a video
fluoroscopic detector containing an X ray image intensifier. In this instance, the
MTF of the image is determined by the MTFs of the X ray image intensifier, the
video camera and the lenses coupling the intensified image to the camera. This is
true because the image passes sequentially through each of the components, and
each successive component ‘sees’ an increasingly blurred image. The one caveat
to this concept is that aliasing must be addressed very carefully once sampling
has occurred. The principle of cascaded systems analysis is frequently used, as it
allows determination of the impact of each component on spatial resolution, and
provides a useful tool for analysing how a system design can be improved.

0.0 TR e rare
0.0 1.0 2.0 3.0 4.0 5.0

Spatial frequency (cycles/mm)
FIG. 4.8. Example of how a system MTF is the product of its components. The overall or
system MTF is the product of the MTFs of the three components A, B and C.

4.5. NOISE
The Greek philosopher Heraclitus (c. 535 B.C.) is claimed to have said that

“you cannot step twice into the same river”. It can similarly be asserted that one
can never acquire the same image twice. There lies the fundamental nature of
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image noise. Noise arises as random variations in the recorded signal (e.g. the
number of X ray quanta detected) from pixel to pixel. Noise is not related to
anatomy; rather, it arises from the random generation of the image signal. Note,
however, that noise is related, for example, to the number of X ray quanta; thus,
highly attenuating structures (e.g. bones) will appear noisier than less attenuating
structures.

In a well designed X ray imaging system, X ray quantum noise will be the
limiting factor in the detection of objects. As illustrated in Fig. 4.9, the ability
to discern the disc is degraded as the magnitude of the noise is increased. The
optimal radiation dose is just sufficient to visualize the anatomy or disease of
interest, thus minimizing the potential for harm. In a seminal work, A. Rose
showed that the ability to detect an object is related to the ratio of the signal to
noise. We shall return to this important result in Section 4.6.3; however, first we
must learn the fundamentals of image noise.

FIG. 4.9. The ability to detect an object is dependent upon both the contrast of the object and
the noise in the image.

4.5.1. Poisson nature of photons

The process of generating X ray quanta is random. The intrinsic fluctuation
in the number of X ray quanta is called X ray quantum noise. X ray quantum
noise is Poisson distributed. In particular, the probability of observing n photons
given a, the mean number of photons, is:

a’e

—

P(n,a) = (4.33)

where o can be any positive number and » must be an integer.
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A fundamental principle of the Poisson distribution is that the variance,
0, is equal to the mean value, a. When dealing with large mean numbers, most
distributions become approximately Gaussian. This applies to the Poisson
distribution when a large number of X ray quanta (e.g. more than 50 per del) are
detected.

The mean variance equality for X ray quantum noise limited systems is
useful experimentally. For example, it is useful to test whether the images
recorded by a system are limited by the X ray quantum noise. Such systems
are said to be X ray quantum noise limited, and the X ray absorber is called
the ‘primary quantum sink’ (see also Section 7.2.2), to imply that the primary
determinant of the image noise is the number of X ray quanta recorded. In the
mean variance experiment, one measures the mean and standard deviation
parametrically as a function of dose. When plotted log—log, the slope of this
curve should be 2. When performed for digital X ray detectors, including CT
systems, this helps to determine the range of air kerma or detector dose over
which the system is X ray quantum noise limited.

4.5.2. Measures of variance and correlation/covariance

Image noise is said to be uncorrelated if the value in each pixel is
independent of the values in other (neighbouring) pixels. If this is true and
the system is stationary and ergodic, then it is trivial to achieve a complete
characterization of the system noise; one simply needs to calculate the variance
(or standard deviation) of the image on a per pixel basis.

Uncorrelated noise is called ‘white noise’ because all spatial frequencies
are represented in equal amounts. All X ray noise in images starts as white
noise, since the production of X ray quanta is uncorrelated both in time and in
space. Thus, the probability of creating an X ray at any point in time and in any
particular direction does not depend on the previous quanta that were generated,
nor any subsequent quanta.

Unfortunately, it is rare to find an imaging system in which the resultant
images are uncorrelated in space. This arises from the fact that each X ray will
create multiple secondary carriers that are necessarily correlated, and these
carriers diffuse from a single point of creation. Thus, the signal recorded from a
single X ray is often spread among several pixels. As a result, the pixel variance
is reduced and neighbouring pixel values are correlated.

Noise can also be correlated by spatial non-uniformity in the imaging
system, i.e. non-stationarity. In most real imaging systems, the condition of
stationarity is only partially met. One is often placed in a situation where it must
be decided if the stationarity condition is sufficiently met as to allow treating the
system as shift invariant. An example of this is shown in Fig. 4.10, in which an

75



CHAPTER 4

imaging system consisting of an array of charge coupled device (CCD) detectors
is shown. The image on the right is a variance image, obtained by estimating
the variance in each pixel using multiple images (i.e. multiple realizations from
the ensemble). The image shows that there are strong spatial variations in the
variance owing to differences in the coupling efficiency of the fibre optics and
the sensitivity differences of the CCDs.

FIG. 4.10. An early digital X ray detector prototype is shown, which consisted of a phosphor
screen coupled to an array of fibre optic tapers and CCD cameras. The image on the right is
a measurement of the per pixel variance on a small region indicated by yellow on the detector
face. The pattern seen is caused by the junctions of the fibre optics and optical vignetting and
other optical aberrations in the fibre optics, which result in strong spatial dependencies of both
the signal and noise properties of the detector.

Noise can be characterized by the autocorrelation at each point in the
image, calculated as the ensemble average:

R(x, y, x+ Ax, y+ Ay) = (&(x, y)g(x + Ax, y+ Ay)) (4.34)

Here, we use the notation g to denote that g is a random variable.
Correlations about the mean:

Ag(x, y) =806 )~ {§(x. ) (4.35)
are given by the autocovariance function:
K (x, y, x+Ax, y+ Ay) =(Ag(x, y)Ag(x + Ax, y+ Ay)) (4.36)

On the basis of the assumption of stationarity, (¢(x,y))=g is a constant,
independent of position. If the random process is wide sense stationary, then both
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the autocorrelation and the autocovariance are independent of position (x, y) and
only dependent upon displacement:

R(Ax, Ay)=R(x, y,x+ Ax, y+Ay) (4.37)
K(Ax, Ay)=K(x,y,x+Ax,y+Ay) (4.38)

If the random process is ergodic, then the ensemble average can be replaced
by a spatial average. Considering a digital image of a stationary ergodic process,
such as incident X ray quanta, the autocovariance forms a matrix:

+X 1Y

K(Ax, Ay)—iEZZAg(x YAG(x + Ax, y+ Ay) (4.39)

where the region over which the calculation is applied is 2X x 2Y pixels. The
value of the autocovariance at the origin is equal to the variance:

K(0,0)=(Ag(x, y)Ag(x, y)) =0} (4.40)

where the subscript 4 denotes that the calculation is performed over an aperture
of area A, typically the pixel aperture.

4.5.3. Noise power spectra

The correlation of noise can be determined either in the spatial domain
using autocorrelation (as we have seen in the previous section) or in the spatial
frequency domain using the noise power spectrum (NPS), also known as the
Wiener spectrum, after N. Wiener, who pioneered its use. There are a number of
requirements that must be met for the NPS of an imaging system to be tractable.
These include: linearity, shift invariance, ergodicity and wide sense stationarity.
In the case of digital devices, the latter requirement is replaced by wide sense
cyclostationarity. If the above criteria are met, then the NPS completely describes
the noise properties of an imaging system. In point of fact, it is impossible to
meet all of these criteria exactly; for example, all practical detectors have finite
size and thus are not strictly stationary. However, in spite of these limitations, it
is generally possible to calculate the local NPS.

By definition, the NPS is the ensemble average of the square of the FT of
the spatial density fluctuations:

+X p+Y
|f Ag(x y)e—27r|(ux+vy)dx dy

W)= < > (4.41)

myy 3y 2X2Y
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The NPS and the autocovariance function form an FT pair. This can be seen
by taking the FT of Eq. (4.36) and applying the convolution theorem.

The NPS of a discrete random process, such as when measured with a
digital X ray detector, is:

ax (ly
N, N,

W V>=<1imwx,zvﬁoo |, Mgl e it > (4.42)

N_and N, are the number of dels in x and y, and a_and a, are the pitch of
each del in x and y. Equation (4.42) requires that we perform the summation
over all space. In practice, this is impossible as we are dealing with detectors of
limited extent. By restricting the calculation to a finite region, it is possible to
determine the Fourier content of the fluctuations in that specific region. We call
this simple calculation a sample spectrum. It represents one possible instantiation
of the noise seen by the imaging system, and we denote this by W:

ax

NJC

X a - —27i(ux, ,v
W(u,v)= _Ny | E m’nAg(nyn)e 2mi(ux,,, vy, )|2 (4.43)
y

An estimate of the true NPS is created by averaging the sample spectra
from M realizations of the noise:

W) =5 W) (4.44)

Ideally, the average should be done by calculating sample spectra from
multiple images over the same region of the detector. However, by assuming
stationarity and ergodicity, we can take averages over multiple regions of the
detector, significantly reducing the number of images that we need to acquire.

Now, the estimate of the NPS, W, has an accuracy that is determined by the
number of samples used to make the estimate. Assuming Gaussian statistics, at
frequency (u, v), the error in the estimate W(x, y) will have a standard error given

by:

\/% W(w.v) (4.45)
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where ¢ =2 for u =0 or v=0, and ¢ = 1 otherwise. The values of ¢ arise from the
circulant nature of the FT.

Typically, 64 x 64 pixel regions are sufficiently large to calculate the NPS.
Approximately 1000 such regions are needed for good 2-D spectral estimates.

Remembering that the autocorrelation function and the NPS are FT pairs, it
follows from Parseval’s theorem that:

1 ..
K(,0)=——— W(u,
O.0= NN, 2V (4.46)

This provides a useful and rapid method of verifying a NPS calculation.
There are many uses of the NPS. It is most commonly used in characterizing
imaging device performance. In particular, the NPS is exceptionally valuable in
investigating sources of detector noise. For example, poor grounding often causes
line frequency noise (typically 50 or 60 Hz) or its harmonics to be present in
the image. NPS facilitates the identification of this noise; in such applications,
it is common to calculate normalized noise power spectra, since the absolute
noise power is less important than the relative noise power. As we shall see in
Section 4.6, absolute calculations of the NPS are an integral part of detective
quantum efficiency (DQE) and noise equivalent quanta (NEQ) measurements,
and the NPS is required to calculate the SNR in the application of signal detection
theory.

Unlike the MTF, there is no way to measure the ‘presampling NPS’. As a
result, high frequency quantum noise (frequencies higher than those supported
by the sampling grid) will be aliased to lower frequencies, in the same way that
high frequency signals are aliased to lower frequencies. Radiation detectors with
high spatial resolution, such as a-Se photoconductors, will naturally alias high
frequency noise. Radiation detectors based on phosphors naturally blur both the
signal and the noise prior to sampling, and thus can be designed so that both
signal and noise aliasing are not present. There is no consensus as to whether
noise aliasing is beneficial or detrimental. Ultimately, the role of noise aliasing is
determined by the imaging task, as we shall see in Section 4.6.3.1.

As with the MTF, it is sometimes preferable to display 1-D sections
through the 2-D (or 3-D) noise power spectrum or autocovariance. There are two
presentations that are used, the central section:

W (u) =W (u,0) (4.47)

and the integral form:
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W, (u) = ZVW(LL, V) (4.48)

Similarly, if the noise is rotationally symmetrical, it can be averaged in
annular regions and presented radially. The choice of presentation depends upon
the intended use. It is most common to present the central section. Regardless,
the various 1-D presentations are easily related by the central slice theorem, as
shown in Fig. 4.11.

Autocovariance ¢ Hankel > Noise Power Spectrum
Central Section Central Section
Fourier
Abel Abel
\ 4 \ 4
Autocovariance Noise Power Spectrum
Integral Integral

FIG. 4.11. Both 1-D integral and central sections of the NPS and autocovariance can be
presented. The various presentations are related by integral (or discrete) transformations. Here,
the relationships for rotationally symmetrical 1-D noise power spectra and autocovariance
functions are shown.

4.5.4. Noise power spectra of a cascaded imaging system

The propagation or cascade of noise is substantially more complicated
than the composition of the MTF. A proper analysis of noise must account for
the correlation of the various noise sources. These can be numerous, including
the primary X ray quantum noise, the noise arising from the transduction of the
primary quanta into secondary quanta (such as light photons in a phosphor or
carriers in a semiconductor), and various additive noise sources such as electronic
noise from the readout circuitry of digital detectors. While the general theory of
noise propagation is beyond the scope of this work, the two simple examples that
follow may be illustrative.

4.5.4.1.  Image subtraction
It is common to add or subtract or otherwise manipulate medical images.

A classic example is digital subtraction angiography (see Section 8.4.2), where
a projection image with contrast agent is subtracted from a precontrast mask
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image to produce an image that shows the difference in attenuation between
the two images that arises from the contrast agent (actually, the logarithms are
subtracted). In the absence of patient motion, the resultant image depicts the
contrast enhanced vascularity.

The effect of the subtraction is to increase the image noise. This arises
because, for a given pixel in the image, the pixel values in the mask and the
contrast enhanced images are uncorrelated. As a result, the subtraction
incorporates the noise of both images. Noise adds in quadrature; thus, the noise
in the subtracted image is /2 greater than the noise in the source images. To
ameliorate the noise increase in the subtraction image, it is typical to acquire the
mask image at much higher dose, thereby reducing the contribution of the mask
noise to the subtraction.

4.5.4.2.  Primary and secondary quantum noise

Consider the simple imaging system shown in Fig. 4.12. In this system,
X ray quanta are incident on a phosphor screen (stage 1). A fraction of those
quanta are absorbed by the screen to produce light (stage 2). A substantial number
of light quanta (perhaps 300-3000) are produced per X ray quantum (stage 3). A
small fraction of the light quanta is collected by the lens (stage 4), and a fraction
of the collected light quanta produces carriers (electrons and holes) in the optical
image receptor (e.g. a CCD camera) (stage 5).

The process of producing an electronic image from the source distribution
of X rays will necessarily introduce noise. In fact, each stage will alter the noise
of the resultant image. In this simple model, there are two primary sources of
noise: (i) the X ray (or primary) quantum noise and (ii) secondary quantum noise.
By secondary quantum noise, we refer to noise arising from the production of
light in the phosphor, the transmission of light through the optical system and the
transduction of light into signal carriers in the optical image receptor. Both the
light quanta and signal carriers are secondary quanta.

Each stage involves a random process. The generation of X ray quanta is
governed by a Poisson process. In general, we can treat the generation of light
quanta from individual X ray quanta as being Gaussian. Stages 3—5 involve the
selection of a fraction of the secondary quanta and are thus governed by binomial
processes. The cascade of these processes can be calculated mathematically.
However, a simple approach to estimating the dominant noise source in a medical
image is to determine the number of quanta at each stage of the imaging cascade;
the stage with the minimum number of quanta will typically be the dominant
noise source.
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FIG. 4.12. The concept of quantum accounting is illustrated. A simple X ray detector
is shown. At each stage of the imaging system, the number of quanta per incident X ray is
calculated, to determine the dominant noise source.

4.6. ANALYSIS OF SIGNAL AND NOISE
4.6.1. Quantum signal to noise ratio

There is a fundamental difference between the high contrast and low
contrast resolution of an imaging system. In general, the high contrast resolution
is limited by the intrinsic blurring of the imaging system. At some point, the
system is unable to resolve two objects that are separated by a short distance,
instead portraying them as a single object. However, at low contrast, objects
(even very large objects) may not be discernible because the signal of the object
is substantially lower than the noise in the region containing the object.

Generally, the SNR is defined as the inverse of the coefficient of variation:

SNR =(g)/ o, (4.49)
where (g) is the mean value and o, is the standard deviation of a variable.

This definition of the SNR requires that a single pixel (or region) be
measured repeatedly over various images (of the ensemble), provided that each
measurement is independent (i.e. there is no correlation with time). In an ergodic
system, the ensemble average can be replaced by an average over a region. This
definition is of value for photonic (or quantum) noise, because in a uniform X ray
field, X ray quanta are not spatially correlated. However, most imaging systems
do blur the image to some degree, and hence introduce correlation in the noise.
As a result, it is generally inappropriate to calculate pixel noise by analysing
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pixel values in a region for absolute noise calculations. It is also important to note
that many imaging systems have some lag or ghosting in which some residual
signal is present over time. Lag will similarly introduce correlation over time and
hence make absolute noise calculations more difficult.

The definition of SNR in Eq. (4.49) is only useful when the image data are
always positive, such as photon counts or luminance. In systems where positivity
is not guaranteed, such as an ultrasound system, the SNR is defined as the power
ratio, and is typically expressed in decibels (dB):

2
P, A, A,
SNRﬂleOgiﬁle@{Aw =201g"3 (4.50)

n n

where P is the average power and A4 is the root mean square amplitude of the
signal, s, or noise, 7.

4.6.2. Detective quantum efficiency

From the work of Rose, it is clear that the image quality of X ray imaging
systems is determined by the number of quanta used to produce an image. This
leads to the definition of the detective quantum efficiency, DQE, a measure of the
fraction of the quantum SNR of the incident quanta that is recorded in the image
by an imaging system. Thus, the DQE is a measure of the fidelity of an imaging
system. It is common to define the DQE as:

SNR?
D E:—Ollt 4.51
Q SNR? 1)

where the SNR? of the image is denoted by the subscript ous and the SNR? of the
incident X ray quanta is given by:

SNR? =¢ (4.52)
where ¢ is the average number of X ray quanta incident on the detector.

R. Shaw introduced the concept of the DQE to medical imaging and also
introduced the term noise equivalent quanta, NEQ. The NEQ is the effective

number of quanta needed to achieve a specific SNR in an ideal detector. As such,
Eq. (4.51), together with Eq. (4.52), can be rewritten as:
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pOE = NEQ 4.53)
¢

so that:

NEQ=SNR2,, (4.54)

In some sense, the NEQ denotes the net worth of the image data in terms of
X ray quanta, and the DQE defines the efficiency with which an imaging system
converts X ray quanta into image data.

The definition of DQE given in Eq. (4.51) or Eq. (4.53) is the zero spatial
frequency value of the DQE (see also Section 7.2.2). Zero spatial frequency
refers to a detector that counts X ray quanta but does not produce a pixelated
image (i.e. we only care about the efficiency of counting the X ray quanta). Thus,
¢ is a simple count of the X ray quanta incident on the detector. By this definition,
an imaging system that perfectly absorbs each X ray and that does not introduce
any other noise will perfectly preserve the SNR of the X ray quanta, and hence
NEQ = ¢ and DQE = 1.

If we consider an X ray detector that is perfect in every way except that
the quantum detection efficiency, #, is <1.0, we observe that while the incident
number of quanta is again ¢, only 7¢ quanta are absorbed. As a result, the
NEQ = 5¢ and DQE = #. Thus, in this special instance, the DQE is equal to
the quantum detection efficiency, 7, the efficiency with which X ray quanta are
absorbed in the detector.

The DQE can be more generally expressed in terms of spatial frequencies:

2
SNR , (u,v) (4.55)

DOE(.v)=\Rr> (u,v)

where we rely upon the property that X ray quantum noise is white, leading to the
SNR, being a constant (Eq. (4.52)):
SNR? (u,v)=® (4.56)

where @ is the photon fluence and has units of inverse area:

_ NEQ(»,v)

DQE(u,v) o

(4.57)
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The DQE(u, v) tells us how well the imaging system preserves the SNR,
at a specific spatial frequency, (u, v). In a similar fashion, NEQ(u, v) denotes the
effective number of quanta that the image is worth at that frequency.

The NEQ and DQE can be calculated from measurable quantities.
Specifically:

BT T2 (u,v)
POREM =5 ) (4.58)
and

T (u,v) 4.59
NEQ(u,v)= —W(u, " ( )

From Eqs (4.58, 4.59), it is clear that in an ideal system, the NPS is
proportional to the MTF squared, W(u, v) o< T?(u, v).

Standard measurement conditions for the NEQ and DQE have been
specified by the International Electrotechnical Commission. Most typically,
an RQA 5 spectrum is used for radiography and RQA-M for mammography.
Tabulations of fluence as a function of air kerma are used in conjunction with
measurements of kerma to calculate ©.

4.6.3. Signal to noise ratio

As defined above, the quantum SNR is related to the relative variation of
pixel values in a uniform region. However, it is often necessary to compare the
amplitude of a specific signal to the background noise. An alternative definition
of the SNR is the difference in the means of two regions to the noise in those
regions:

l<x,>—<x,>|

SNR = (4.60)

g

where X, and x, are the mean values in the region of an object (a) and
background (b) and o is the standard deviation of the background (Fig. 4.13).

The choice of the background region is important; the standard deviation
should be calculated using the region that yields a meaningful result. For example,
if image processing (such as thresholding) is used to force the background to a
uniform value, then SNR as defined by Eq. (4.60) will be indefinite. Note that the
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SNR, as defined in Eq. (4.60), goes by a number of names, including the signal
difference to noise ratio and the contrast to noise ratio.

FIG. 4.13. A uniform disk (a) is shown on a uniform background (b) in the presence of X ray
quantum noise. The SNR of the object is calculated as the difference in the mean signals
divided by the noise characterized by the standard deviation (o) of the background.

The value of the SNR was first explained by Rose, who was interested
in quantifying the quality of television images. Rose showed that an object is
distinguishable from the background if the SNR > 5. This can be related to a
simple ¢-test in which an error rate of less than 1 in 10° occurs when the difference
in the means is equal to five standard deviations. Nowadays, this is known in
imaging research as the Rose criterion. It should be noted that the requirement of
SNR > 5 is actually quite strict. Depending upon the image task, it is possible to
operate successfully at lower SNR values.

The assumption of the Rose model is that the limiting factor in the detection
of an object is the radiation dose (and hence number of X ray quanta) used to
produce the image. In an ideal imaging system, this is true. In fact, the design
of all imaging systems is driven by the goal of being X ray (primary) quantum
noise limited, as discussed in Section 4.5.4.2. However, Wagner has proposed a
taxonomy of noise limitations that is worth noting.

In the Wagner taxonomy, there are four potential limitations in terms of
the detection of objects, namely, (i) quantum noise limited, (i) artefact limited,
(ii1) anatomy limited and (iv) observer limited. X ray quantum noise limited
performance is the preferred mode of operation, because the ability to detect or
discriminate an object is determined solely by the radiation dose. Ideally, this
is how all detectors should operate. Artefact limitation is the case in which
the imaging system introduces artefacts that limit detection. Classic examples
include CT and MRI, where acquisition artefacts can predominate over the
signal of interest. Anatomy limited detection occurs when the normal anatomy
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(e.g. ribs in chest radiography or the breast parenchyma in mammography) mask
the detection of objects, thereby reducing observer performance. Finally, there
are situations in which the observer is the limiting factor in performance. For
example, a lesion may be readily visible, but the observer is distracted by an
obvious benign or normal finding. Thus, detection was possible but did not occur.
In this chapter, we deal exclusively with quantum noise limited performance,
which can be calculated using ‘ideal observer’ methods. In Chapter 18, the
modelling of real observers is discussed.

4.6.3.1.  Task specific

The MTEF, NPS, NEQ and DQE are frequency dependent characterizations
of the detector. However, these allow us to calculate the image of a scene. In
particular, we can now use the SNR to quantify the ability of the detector to be
used in signal known exactly and background known exactly tasks, assuming an
ideal observer working with Gaussian statistics. In this scenario, the observer is
challenged with the task of deciding between two hypotheses based upon a given
set of data. Under the first hypothesis, the expected input signal is present, f;, and
the image, g,, is described by an appropriate Gaussian probability distribution.
Under an alternative hypothesis, the expected input signal is absent, f,.

The SNR of this task is given by:

_ | A, v) [* T(u, v)?
SNR? = <r2 f f oy dv> (4.61)

where Af(u,v)= fi(u,v)— fy(u,v) is the difference between the signal absent
and present. For a digital detector, T is the presampled MTF, and thus we must
account for aliasing by summing over all aliases of the signal:

NAfutu vy )P Tw@w+u.,v+v,)?
sNR;= (12 [ [ Ll P ) @)

W(u,v)

where the indices j and k are used to index the aliases (in 2-D). In this way, we
can calculate the SNR of the ideal observer for the detection of any object in a
signal known exactly/background known exactly task. In Chapter 18, methods
are described that extend this model to include characteristics of real observers.
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4.6.4. SNRZ*/dose

The ultimate goal of radiation safety in medical imaging is to obtain a figure
of merit based on the maximum benefit to the patient for the smallest detriment.
We can now calculate the SNR for the detection of a known object (e.g. a tumour)
on a known background. This calculation is based upon parameters of a specific
detector, so that detectors can be compared or optimized. This calculation can act
as a useful surrogate of the benefit, since a disease once detected can be treated.
It is necessary, therefore, to relate this benefit to some metric of risk.

A useful metric is the ratio SNR2/E, where E is the effective dose (see
Section 22.3.4). This metric is formulated with the SNR?, based on the fact that in
quantum noise limited imaging, SNR o /@ ; thus, the ratio is invariant with dose.
Other descriptors of patient dose may also be useful; for example, optimization in
terms of skin dose. Using this formation, it is possible, for example, to determine
the optimal radiographic technique (tube voltage, filtration, etc.) for a specific
task.
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5.1. INTRODUCTION

The differential absorption of X rays in tissues and organs, owing to
their atomic composition, is the basis for the various imaging methods used in
diagnostic radiology. The principles in the production of X rays have remained
the same since their discovery. However, much refinement has gone into the
design of X ray tubes to achieve the performance required for today’s radiological
examinations. In this chapter, an outline of the principles of X ray production and
a characterization of the radiation output of X ray tubes will be given. The basic
processes producing X rays are dealt with in Section 1.4.

5.2.  FUNDAMENTALS OF X RAY PRODUCTION

The production of X rays involves the bombardment of a thick target with
energetic electrons. These electrons undergo a complex sequence of collisions
and scattering processes during the slowing down process, which results in the
production of bremsstrahlung and characteristic radiation. A simplification of this
process, based on classical theory, is described next.

5.2.1. Bremsstrahlung

Energetic electrons are mostly slowed down in matter by collisions
and excitation interactions. If an electron comes close to an atomic nucleus,
the attractive Coulomb forces cause a change of the electron’s trajectory. An
accelerated electron, or an electron changing its direction, emits electromagnetic
radiation, given the name bremsstrahlung (braking radiation), and this energy
of the emitted photon is subtracted from the kinetic energy of the electron. The
energy of the bremsstrahlung photon depends on the attractive Coulomb forces
and hence on the distance of the electron from the nucleus.
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Using classical theory to consider the electron bombardment of a thin
target yields a constant energy fluence from zero up to the initial electron kinetic
energy (Fig. 5.1(a)). A thick target can be thought of as a sandwich of many thin
target layers, each producing a rectangular distribution of energy fluence. As the
electron is slowed down in each layer, the maximum energy in the distribution
becomes less, until the electron comes to rest. The superposition of all these
rectangular distributions forms a triangular energy fluence distribution for a thick
target, the ‘ideal” spectrum (Fig. 5.1(b)). Indeed, this model is a simplification,
as quantum mechanical theory shows that the distribution for a thin layer is not
rectangular and a stepwise reduction of the electron energy from layer to layer
does not conform to the slowing down characteristics of electrons.

(@) (b)
¥ ¥
ideal spectrum
T T
¢ m} i
| 1
photon energy photon energy

FIG. 5.1. (a) Rectangular distribution of the X ray energy fluence ¥ for a thin target
bombarded with electrons of kinetic energy T. (b) For a stack of thin targets, each target layer
contributes a rectangular fluence distribution, assuming a uniform electron energy decrease
from layer to layer. The superposition forms a triangular ideal spectrum.

The triangular spectrum does not include any attenuation effects. Following
the concept of the model, an increase in electron energy increases the number
of thin layers each radiating X rays. The triangular area grows proportionally
to the square of the electron energy. Considering that the total energy fluence is
proportional to the triangular area, and as the X ray tube voltage U, defines the
kinetic energy of the electrons bombarding the anode, the radiation output of an
X ray tube is proportional to U, 2. This relationship only holds if spectral changes
due to attenuation and emission of characteristic radiation are ignored. However,
this is a reasonable rule of thumb.

5.2.2. Characteristic radiation

A fast electron colliding with an electron of an atomic shell could knock
out the electron, provided its kinetic energy exceeds the binding energy of the
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electron in that shell. The binding energy is highest in the most inner K shell
and decreasing for the outer shells (L, M, etc.). The scattered primary electron
carries away the difference of kinetic energy and binding energy. The vacancy
in the shell is then filled with an electron from an outer shell, accompanied by
the emission of an X ray photon with an energy equivalent to the difference in
binding energies of the shells involved. For each element, binding energies, and
the monoenergetic radiation resulting from such interactions, are unique and
characteristic for that element.

K radiation denotes characteristic radiation for electron transitions to the
K shell, and likewise, L radiation for transitions to the L shell. The origin of
the electron filling the vacancy is indicated by suffixes (o, B, v, etc.), where o
stands for a transition from the adjacent outer shell, B from the next outer shell,
etc. K, radiation results from L to K shell transitions; KB radiation from M to K
shell transitions, etc. Energies are further split owing to the energy levels in a
shell, indicated with a numerical suffix. Further, each vacancy in an outer shell
following from such a transition gives rise to the emission of corresponding
characteristic radiation causing a cascade of photons.

Table 5.1 gives the binding energies and the K radiation energies for the
common anode materials used in diagnostic radiology.

Instead of characteristic radiation, the energy available could be transferred
to an electron that is ejected from the shell (Auger electron). The probability of
Auger electron production decreases with atomic number.

TABLE 5.1. BINDING ENERGIES AND K RADIATION ENERGIES OF
COMMON ANODE MATERIALS

Binding energy (keV) Energies of characteristic X rays (keV)
Element®
L shell K shell K, Ky Ky, K,
Mo 2.87/2.63/2.52 20.00 17.48 17.37 19.61 19.97
Rh 3.41/3.15/3.00 23.22 20.22 20.07 22.72 23.17
W 12.10/11.54/10.21 69.53 59.32 57.98 67.24 69.07

2 Mo: molybdenum; Rh: rhodium; W: tungsten.

5.2.3. Xray spectrum

The electrons are slowed down and stopped in the target, within a range
of a few tens of micrometres, depending on the tube voltage. As a result, X rays
are not generated at the surface but within the target, resulting in an attenuation
of the X ray beam. This self-filtration appears most prominent at the low energy
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end of the spectrum (Fig. 5.2). Additionally, characteristic radiation shows
up if the kinetic electron energy exceeds the binding energies. L radiation is
totally absorbed by a typical filtration of 2.5 mm Al (aluminium equivalent, see
Section 5.6.2). The K edge in the photon attenuation of tungsten can be noticed as
a drop of the continuum at the binding energy of 69.5 keV. For tungsten targets,
the fraction of K radiation contributing to the total energy fluence is less than
10% for a 150 kV tube voltage.

As shown in Section 2.4.4, the radiative mass stopping power of electrons
is proportional to Z2, where Z is the atomic number of the absorber. Integration
of the radiative mass stopping power along the electron path gives the total X ray
energy fluence, P, as ¥ ~ ZIU?, where I denotes electron current and U the
tube voltage. If a high bremsstrahlung yield is required, metals with high Z are
preferable. Tungsten (Z = 74) is commonly chosen, as it also withstands high
temperatures (2757°C at 1.3 x 107 Pa vapour pressure). The efficiency for the
conversion of electrical power to bremsstrahlung radiation is proportional to UZ.
At 100 kV, the efficiency is as low as ~0.8%. This is the cause of most of the
technical problems in the design of X ray tubes, as practically all electrical power
applied in the acceleration of electrons is converted to heat.

08

energy fluence, rel. units

04

02

wl

0 20 40 80 80 100
photon energy, keV

FIG. 5.2. (a) Ideal bremsstrahlung spectrum for a tungsten anode (tube voltage 90 kV),
(b) an actual spectrum at the beam exit port, including characteristic X rays (anode angle 20°,
inherent filtration 1 mm Be) and (c) the spectrum filtered with an equivalent of 2.5 mm Al

The ideal spectrum appears triangular, with the energy fluence taken as the
quantity describing the spectral intensity. The photon fluence is a more practical
quantity for calculations using spectral data and is, therefore, used in the following
sections. More refined models for the generation of X ray spectra have been
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developed using Monte Carlo methods. For practical purposes, a semi-empirical
approach gives satisfactory results, which are useful in simulations [5.1].

5.3. X RAY TUBES
5.3.1. Components of the X ray tube

The production of both bremsstrahlung and characteristic radiation requires
energetic electrons hitting a target. Accordingly, the principal components of
an X ray tube are an electron source from a heated tungsten filament, with a
focusing cup serving as the tube cathode, an anode or target, and a tube envelope
to maintain an interior vacuum (Fig. 5.3). The filament is heated by a current
that controls the thermionic emission of electrons, which, in turn, determines the
electronic current flowing from the cathode to the anode (tube or anode current).
The accelerating potential difference applied between the cathode and anode
controls both X ray energy and yield. Thus, two main circuits operate within the
X ray tube — the filament circuit and the tube voltage circuit.

anode t
/_/N T be
filament — - voltage
current | | & \ + supply

supply ~

cathode cup

asserrbly filament

X-ray beam

FIG. 5.3. Principal components of an X ray tube.

Typical anode currents, depending on the examination mode, are <10 mA
in fluoroscopy and 100 mA to >1000 mA in single exposures. The typical range
of tube voltages is 40—150 kV for general diagnostic radiology and 25—40 kV in
mammography.

5.3.2. Cathode

The arrangement of the filament, the focusing cup, the anode surface and
the tube voltage generates an electric field accelerating the electrons towards
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the focal spot at the anode (Fig. 5.4). X ray tubes with two focal spots usually
employ two separate filament/cup assemblies (cathode blocks).

The degree of focusing depends on the potential difference or bias voltage
between the filament and focusing electrode. The focal spot will be largest if both
are at the same potential. With an increasing negative bias voltage at the focusing
cup, the focus size will decrease and finally the electron current will be pinched
off. This effect is sometimes used to control the focus size electronically, or for
a fast switching of the anode current (grid controlled tubes) when short radiation
pulses are required, as in pulsed fluoroscopy. Some bias can simply be achieved
by connecting the filament and cup with a high resistance grid leak resistor. Some
electrons emitted from the filament surface will hit and charge the cup. The cup
is discharged via the grid leak resistor, maintaining the cup at a negative potential
difference.

(b) @ I e N ©

electron
trajectories

electric
potential lines 0.

- focusing cup
.
filament

unbiased cup biased cup
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FIG. 5.4. (a) The effect of an unbiased focusing cup on the electric field and electron
trajectories. The typical bimodal distribution of the current density can also be seen in a
pinhole image of the focus (b). Biasing the focusing cup (c) leads to a compression of the
trajectories, giving a smaller focus. Numbers indicate potential difference near the cup in
kilovolts.

The spiral wound filament is typically made from tungsten wire of
0.2-0.3 mm diameter and operates at around 2700 K. To minimize the
evaporation of tungsten from the hot surface, the filament temperature is kept
at a lower level, except during exposure, when it is raised to operational levels.
Thermionic emission of electrons increases with temperature (Richardson’s
law) and produces a cloud of electrons (space charge) enclosing the filament.
This space charge shields the filament from the anode voltage. Increasing the
filament temperature increases the space charge, and at some point the electric
field cannot remove all electrons produced, but the anode current remains steady
(space charge limited current) (Fig. 5.5). An attempt to increase the anode current
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by increasing the filament current might eventually end in filament failure.
Generator control usually prevents this situation.

FIG. 5.5. Anode current I versus filament current It for various anode voltages U ,, showing

space charge limited anode currents for the lower tube voltages.

For high anode voltages, all electrons boiled off the filament are accelerated
to the anode, giving an anode current that is fairly independent of tube voltage
(saturation current) (Fig. 5.6).

FIG. 5.6. Tube current I, versus tube voltage U, depending on filament current 1. Note:
current saturation occurs for the lower filament currents. '

95



CHAPTER 5

5.3.3. Anode
5.3.3.1.  Choice of material

For common radiographic applications, a high bremsstrahlung yield is
mandatory, requiring materials with high atomic numbers (7). Additionally,
because of the low effectiveness of X ray production, it is also essential that the
thermal properties are such that the maximum useful temperature determined by
melting point, vapour pressure, heat conduction, specific heat and density is also
considered. Tungsten (Z = 74) is the optimum choice here.

For mammography, other anode materials such as molybdenum (Z = 42)
and rhodium (Z = 45) are frequently used. For such anodes, X ray spectra show
less contribution by bremsstrahlung but rather dominant characteristic X rays
of the anode materials. This allows a more satisfactory optimization of image
quality and patient dose. In digital mammography, these advantages are less
significant and some manufacturers prefer tungsten anodes.

5.3.3.2.  Line focus principle (anode angle)

For measurement purposes, the focal spot size is defined along the
central beam projection. For high anode currents, the area of the anode hit by
the electrons should be as large as possible, to keep the power density within
acceptable limits. To balance the need for substantial heat dissipation with that of
a small focal spot size, the line focus principle is used (Fig. 5.7(a)).

FIG. 5.7. (a) Line focus principle: the length of the filament appears shortened in the beam
direction; (b) graphic representation of the focal spot shape at different locations in the
radiation field (anode angle 20°).
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The anode is inclined to the tube axis, typically with the central ray of
the X ray field perpendicular to the tube axis. The electrons hit the anode in the
electronic focus, largely determined by the length of the cathode filament. The
electronic focus appears shortened in beam direction by sin 6 as the effective
focus (Fig. 5.7(a)). Anode angles in diagnostic tubes range from 6° to 22°,
depending on their task, with 10-16° used for general purpose tubes. The radial
dimension of the focus size is given by the filament coil diameter and the action
of the focusing cup. The size of the focal spot of an X ray tube is given for the
central beam in the X ray field running perpendicular to the electron beam or the
tube axis. The actual focal spot size depends on the position within the field of
view, increasing from the anode side of the tube to the cathode (Fig. 5.7(b)).

The reduction of anode angles to achieve smaller effective focus sizes is
limited by the size of the field of view required as the X ray beam is cut off by
the anode. A further limit is given by the heel effect (Fig. 5.8). Here, the X rays
produced at depth within the anode suffer some absorption losses according to
the distance passed in the anode material. For X rays emerging near the anode
side of the X ray field, the losses are higher, resulting in an inhomogeneous X ray
intensity across the beam. In projection radiography, this effect can be verified by
measuring the air kerma across the beam, although it is often barely noticeable
in radiographs. In mammography, the heel effect is used to create a decrease in
the incident air kerma from the chest wall to the nipple, matching the decrease in
organ thickness.

cathode
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FIG. 5.8. (a) Absorption of X rays at the cathode side of the X ray field is less (a,) than at
the anode side (a,). (b) The steep drop in intensity I , at the anode side reflects the increased
absorption (heel effect).
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In addition to X rays produced in the primary focus, some off focus radiation
results from electrons scattered from the anode, which are then accelerated back
and hit the anode outside of the focal area. Extrafocal radiation can contribute
up to ~10% of the primary X ray intensity. Since the effective focal spot size
for off focus radiation is substantially larger than for the primary focus, it has
little impact on image quality such as background fog and blurring. Sometimes,
parts of the body are imaged outside the collimated beam by off focus radiation
(e.g. the ears in frontal projections of the skull). Off focus radiation also increases
patient dose. The best position for a diaphragm to reduce off focus radiation is
close to the focus.

5.3.3.3.  Stationary and rotating anodes

For X ray examinations that require only a low anode current or infrequent
low power exposures (e.g. dental units, portable X ray units and portable
fluoroscopy systems), an X ray tube with a stationary anode is applicable
(Fig. 5.9). Here, a small tungsten block serving as the target is brazed to a copper
block to dissipate the heat efficiently to the surrounding cooling medium. As
the focal spot is stationary, the maximum loading is determined by the anode
temperature and temperature gradients.

S

a

g

cathode
filament X-ray beam

glass envelope

tungsten target

I— copper anode

FIG. 5.9. Dental X ray tube with a stationary anode.

Most X ray examinations need photon fluences that cannot be obtained
with stationary anodes, as bombarding the same spot with higher anode currents
leads to melting and destruction of the anode. In a tube with a rotating anode,
a tungsten disc rotates during an exposure, thus effectively increasing the area
bombarded by the electrons to the circumference of a focal track. The energy is
dissipated to a much larger volume as it is spread over the anode disc (Fig. 5.10).
The anode disc is fixed to a rotor and a spindle with a short stem. The spindle is
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supported by two ball bearings. In newer developments, floating bearings with
liquid metal have been introduced.

The rotating anode is attached to the rotor of an asynchronous induction
motor. The rotor is mounted within the tube housing on bearings (typically ball
bearings). The squirrel cage rotor is made up of bars of solid copper that span
the length of the rotor. At both ends of the rotor, the copper bars are connected
through rings. The driving magnetic fields are produced by stator windings
outside the tube envelope. The rotational speed of the anode is determined by
the frequency of the power supply and the number of active windings in the
stator. The speed can be varied between high (9000-10 000 rev./min) and low
(3000-3600 rev./min) values using all three or one phase only. In examinations
requiring rather low anode currents, as in fluoroscopic applications, the tube
is run at low speed. Rotor bearings are critical components of a rotating anode
tube and, along with the whole assembly, cycling over a large temperature range
results in high thermal stresses.

tungsten . Mo-alloy graphite

|
glass _rotor - stator winding

envelope

|/

~ball bearings
cathode cup (dual focus) anode

FIG. 5.10. Xray tube with a rotating compound anode and a glass envelope. Mo: molybdenum.

5.3.3.4. Thermal properties

The main limiting factor in the use of X ray tubes is the thermal loading
capacity of the anode. Figure 5.11 shows a typical diagram of maximum
permissible load versus time. Within the first 100 ms, the maximum load
is determined by mechanical stress in the anode material developing from
temperature gradients near the surface of the focal spot (A). As a consequence,
cracks can develop, leading to an increase in anode surface roughness. This effect
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can be reduced by the use of a more ductile alloy as the focal track (e.g. tungsten/
rhenium alloys) or by an increase in the size of the focal spot or the rotational
speed of the anode.
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FIG. 5.11. Maximum permissible tube load versus time for a single exposure, constant current,
100 kV tube voltage and a 50 kW tube. The nominal power is determined for an exposure time
of 0.1s.

The energy released in the focal spot raises the temperature to a maximum
permissible level (2757°C for tungsten) for exposures up to a few seconds, thus
limiting the maximum load ((B) in Fig. 5.11). In computed tomography (CT)
and fluoroscopic procedures, longer exposure times are needed (10 s to >200 s).
Here, the dissipation of heat across the entire anode disc becomes important. The
important physical properties are then the heat conduction and heat capacity of
the anode disc ((C) in Fig. 5.11). The heat capacity is the energy stored in the
anode disc with the anode at its maximum permissible temperature. It depends
on the specific heat and mass of the anode materials. Molybdenum is superior to
tungsten in this respect. Increasing the mass of the anode (diameter, thickness)
has its limitations, as balancing the rotating anode becomes difficult for the
wide range of temperatures occurring. Since graphite has a higher specific heat
than molybdenum or tungsten at higher temperatures, the heat capacity can be
increased by attaching graphite heat sinks to the back of the anode disc. Graphite
enhances the dissipation of heat by black body thermal radiation.

The maximum permissible load for long or continuous exposures is
determined by the effectiveness of heat removal from the anode ((D) in
Fig. 5.11). Most of the heat is removed by thermal radiation and absorbed in
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the tube envelope and the surrounding insulating oil. The maximum permissible
temperature and the heat capacity of the tube housing are then the limiting factors
of applicable power. Heat conduction in traditional tubes from the anode disc
via the stem, spindle, bearings and bearing support is not very efficient. In some
tube designs, the ball bearings have been replaced by special bush bearings
(spiral groove bearings), with a liquid gallium alloy for lubrication. The thermal
resistance of such bearings is much lower than that of ball bearings, which
enhances the heat flow and increases the continuous power rating of the tube.
In the latest generation of X ray tubes (rotational envelope tube), the removal
of heat from the anode is increased considerably by directly exposing the back
of the anode disc to the cooling oil, enabling long exposures with high anode
currents, as required in CT scans.

5.3.3.5.  Tube envelope

The tube envelope maintains the required vacuum in the X ray tube. A
failing vacuum, resulting from leakage or degassing of the materials, causes
increased ionization of the gas molecules, which slows down the electrons.
Further, a current of positive ions flowing back could impair or destroy the
cathode filament. The envelope is commonly made of glass but high performance
tubes increasingly have glass—metal or ceramic—metal envelopes.

The X ray beam exits the tube through a window in the envelope. To reduce
absorption, the thickness of the glass is reduced in this area. If low energy X rays
are used, as in mammography, the exit port is a beryllium window, which has less
absorption than glass because of its low atomic number.

5.3.3.6.  Tube housing

The X ray tube (often referred to as the insert) is installed in a tube housing
that provides the structural support required (Fig. 5.12). The space between the
housing and the envelope is filled with transformer oil, serving as electrical
insulation and for heat removal from the envelope surface, which is heated by
the infrared radiation from the anode. The change of oil volume with varying
temperature is taken care of by the expansion bellows. The oil carries the heat
away to the housing by convection, sometimes enhanced by forced cooling with
a ventilator or heat exchangers.

The housing also provides radiation shielding to prevent any radiation
except the primary beam from leaving the housing. The inside of the housing is
lined with lead sheets to minimize leakage radiation. The maximum acceptable
exposure due to leakage radiation is limited by regulation. Further, tube housings
provide mechanical protection against the impact of envelope failure.
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FIG. 5.12. Typical housing assembly for a general purpose X ray tube.

5.4. ENERGIZING AND CONTROLLING THE X RAY TUBE

The X ray generator provides all the electrical power sources and signals
required for the operation of the X ray tube, and controls the operational
conditions of X ray production and the operating sequence of exposure during an
examination. The essential components are a filament heating circuit to determine
anode current, a high voltage supply, a motor drive circuit for the stator windings
required for a rotating anode tube, an exposure control providing the image
receptor dose required, and an operational control (Fig. 5.13). The operational
control is often accomplished by a microprocessor system but electromechanical
devices are still in use. Modern generators provide control of the anode
temperature by monitoring the power applied to the tube and calculating the
cooling times required according to the tube rating charts

generator [ 5| motar drive \
circuit (stator)
control panel: |
kp | tube voltage L
mAs_ | generator &
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load ]
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-density | 2 current cantral
control = _—
fluoroscaopic | & focal spot
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&
|
! ;o
- grid
exposure | {(—| arid cantrol i
switch | X
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FIG. 5.13. Schematic diagram of a basic X ray generator. AEC: automatic exposure control;
kVp: peak voltage.
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5.4.1. Filament circuit

An isolated transformer supplies the filament heating current. The generator
is programmed to set the heating current according to the tube characteristics.
Heating currents range up to 10 A with voltages of <15 V AC (alternating current).
To minimize thermal stress and increase durability, the filament is permanently
preheated to a temperature at which thermionic emission is negligible.

The thermal inertia of the filament limits the speed of change in the tube
current (e.g. falling load). The thermal time constants range from 50 to 200 ms.
For a frequency of heating currents of 100 or 120 Hz, some tube current ripple is
a result of the temperature variations induced. For high frequency generators, the
thermal inertia of the filament suppresses fluctuations of thermionic emission.

5.4.2. Generating the tube voltage

Irrespective of the waveform, the tube voltage is defined as the peak voltage,
kVp, of the voltage train. The voltage ripple, R, is given as the relative difference
of the minimum voltage, kV_. , from the peak voltage, R = (kVp —kV__. )/kVp.
In X ray units, the tube voltage is supplied symmetrically to the tube, i.e. a net
potential difference of 150 kV is achieved by feeding —75 kV to the cathode and
+75 kV to the anode. This is accomplished electrically by grounding the centre
tap of the secondary coil of the high voltage transformer. The requirements for
electrical isolation are then less stringent. In mammography with tube voltages
<40 kV, and with some high performance tubes, one electrode is kept at ground
potential.

Except for grid controlled tubes, the length of an exposure is determined
by the provision of high voltage to the tube by switching in the primary circuit.
Electromechanical relays used to be employed in single-phase and three-phase
generators, but electronic switching components, such as thyristors, are now used.
In single-phase generators, timing is only possible in multiples of pulses, giving
inaccurate timing for short exposures. Three-phase generators use a prepulse of
low current to avoid magnetic saturation of the transformer core. When the high
voltage is turned off, the charge stored in the cable capacitance and the circuit is
discharged via the X ray tube. The end of the voltage waveform, therefore, shows
some tailing, an effect that impairs the production of short pulses.

5.4.2.1. Single-phase generators
Single-phase generators use a single-phase mains supply and a step up

transformer with a fixed winding ratio. The high voltage is set by a variation of
the primary voltage with a switched autotransformer. Half-wave rectification of
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the transformed voltage gives a 1-pulse waveform, where a pulse is a half wave
per period of mains frequency (50 or 60 Hz). Some low power X ray units use
the tube as a self-rectifying diode with current only flowing from the cathode to
the anode, but reverse current flow, as a result of a hot anode, is a limiting factor.
Nowadays, solid state diodes are used as rectifiers. A full wave rectification
yields two half waves per period (2-pulse waveform). Voltage ripple of 1- and
2-pulse waveforms is 100%.

5.4.2.2.  Three-phase generators

With a three-phase mains supply, three AC voltages, each with a phase
shift of 120°, are available. Full wave rectification then gives six half waves per
period (6-pulse waveform), with a nominal ripple of 13.4%. Owing to imbalances
in transformer windings and voltages, the ripple might, in practice, approach
25%. Adding another secondary winding to the transformer gives two secondary
voltages. Combining the full wave rectified secondary voltages using delta and
wye connections yields a total of six phases with a phase shift of 60° each. Full
wave rectification then gives a total of 12 pulses per period, with a nominal ripple
of 3.4% (in practice, less than 10% is achieved). Three-phase generators are more
efficient and allow for much higher tube output than single-phase generators.

5.4.2.3.  High frequency generators

This type of generator includes a stabilized power supply in the front end
of the device. First, the mains supply is rectified and filtered to produce a direct
current (DC) supply voltage needed for an inverter circuit. The inverter generates
pulses that are transformed, rectified and collected in a capacitor to give the high
voltage for the tube. The inverter pulse rate is used to control the tube voltage.
The actual voltage on the tube is sensed by the generator and compared with the
voltage set on the console. The difference is then used to change the pulse rate of
the inverter until the set voltage is achieved. Similarly, a separate inverter system
is used for the tube current.

The pulse shape of a single X ray exposure pulse resembles a fundamental
frequency of several tens of kilohertz, giving rise to the generator’s name.
Transformers for such frequencies are much smaller than for 50/60 Hz voltages,
reducing the weight substantially. In low power generators, the whole generator
could be included in the tube housing, avoiding any high voltage cabling.

The voltage ripple depends on many technical factors, but for low power
applications it is typically ~13%, dropping to ~4% at higher currents. The time
constants relevant for voltage and current control are typically <250 ps, enabling
better timing control of the exposure than with single and three phase generators.
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5.4.2.4.  Capacitor discharge generators

In places with inadequate mains supply, or in remote locations, capacitor
discharge generators are helpful. A capacitor is charged to a high voltage just
before an exposure. The capacitor is connected to the X ray tube with the start and
length of exposure controlled by a grid. High tube currents and short exposure
times can be obtained. However, discharging a capacitor implies a falling tube
voltage during exposure. Typically, voltage drops of ~1 kV/mAs are usual. As
kerma drops with voltage, the appropriate exposure of thick body parts can be
problematic.

5.4.2.5. Constant voltage generators

Constant voltage generators achieve a DC high voltage with minimal
ripple through the use of a closed loop linear voltage controller (e.g. high
voltage triodes) in series with the tube. High frame rates and voltage stability
are achieved. Constant potential generators use a complex technology with high
costs of investment and operation and, as a consequence, have lost popularity.

5.4.2.6. Comparison of generator technologies

Figure 5.14 shows a comparison of voltage waveforms together with their
associated kerma output. In radiology, it is desirable to keep exposure times
as low as achievable. One-pulse waveforms produce radiation in only half of
a cycle, and double the exposure time compared with 2-pulse voltages. As the
kerma output rises approximately with the square of the tube voltage, there is a
substantial amount of time in a half wave of 1- and 2-pulse waveforms, with little
or no contribution to kerma output, again effectively increasing the exposure
time.

The 1- and 2-pulse waveforms also yield softer X ray spectra, which implies
increased radiation dose to the patient. Both the exposure time and the patient
dose indicate that the optimum waveform would be a DC voltage with essentially
no ripple, but 12-pulse and high frequency generators are near optimum.

Generators transforming mains AC voltages suffer from external voltage
instabilities. Devices for compensating for these fluctuations are often integrated
into the generator design; high frequency generators that provide tube supplies
with higher stability and accuracy are currently the state of the art.
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5.4.3. Exposure timing

Exposure of a radiograph can be set manually by choosing tube current and
exposure time. Except in examinations with little variability in body dimensions
(e.g. extremities), an AEC is mandatory to achieve a consistent image quality
or film density. The AEC terminates an exposure when the image receptor has
received a preset level of radiation.

The AEC system consists of one to three radiation detectors (ionization
chambers or solid state detectors). The signal from these detectors is amplified
and integrated, corrected for response in photon energy and dose rate, and finally,
compared with the preset dose level. The exposure is terminated when the chosen
level is attained. In case the AEC does not terminate the exposure, a backup
timer sets a time limit. On installation of a radiographic unit, the dose levels
are set, taking into consideration all the components of the imaging chain, i.e.
film and screens, imaging plates, film development, preferred tube voltage and
filtration, acceptable image noise, etc. This process needs to be carried out for all
tube voltages, image receptor and examination types in question. Some products
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allow for fine manual adjustment to the preset dose level by a density control on
the console adapting the density in steps of 10-20%.

Radiographic devices commonly have ionization chambers as AEC
detectors positioned immediately in front of the radiographic cassette. The
detectors must show no visible radiographic contrast on the image. For low
energy X ray units (e.g. mammography, paediatric units), this is difficult to
achieve and detectors are therefore positioned behind the image receptor. Solid
state detectors are mostly employed in this case.

The position of the detectors is delineated on the table top or wall stand,
to assist the operator in patient positioning. As absorption in the patient’s body
can vary substantially across the beam, the operator can select a detector or a
combination of detectors for exposure control, to obtain optimal exposure in the
dominant part of the image. As an example, for a chest X ray in posterior—anterior
projection, the two lateral detectors positioned under the lung regions are chosen,
while in lateral projection, the central detector is selected.

5.4.4. Falling load

To avoid image blurring due to patient motion, short exposure times are
mandatory. To produce the shortest possible exposure, the generator starts with
the maximum permissible current and, in the course of the exposure, lowers the
tube current consistent with tube ratings (falling load). Thus, the tube is operating
at the maximum permissible power rating during the entire exposure. In some
products, an exposure with falling load can be run at a reduced power setting
(e.g. 80% of the maximum power) to lower the stresses. The operator sets the
tube voltage, focus size and, if not in AEC mode, the mAs value, but not mA or
time.

5.5. X RAY TUBE AND GENERATOR RATINGS
5.5.1. Xray tube

The nominal voltage gives the maximum permissible tube voltage.
For most tubes this will be 150 kV for radiography. For fluoroscopy, another
nominal voltage might be specified. The nominal focus is a dimensionless figure
characterizing the focal size (IEC336). For each nominal focus, a range of
tolerated dimensions is given for the width and length of the focus, e.g. a nominal
focus of 1.0 allows for a width of 1.0-1.4 mm and a length of 1.4-2.0 mm.

The power rating, P, for a given focus is the maximum permissible tube
current for a 0.1 s exposure at a tube voltage of 100 kV. A more practical quantity

107



CHAPTER 5

is the power rating obtained with a thermal preload of the anode (thermal anode
reference power) of typically 300 W (see also Fig. 5.11). P depends on the focal
spot size and ranges from ~100 kW for 1.5 mm down to ~1 kW for 0.1 mm focus
size.

Physical data for the anode include the target angle, anode material and
diameter of the disc. The anode drive frequencies determine the rotational
speed of the anode. High power loading of the anode requires high rotational
speeds. To save the bearings from wear and damage, the speed is reduced for low
power settings, as in fluoroscopy. The inherent filtration of the tube is given in
equivalents of millimetres Al (see Section 5.6.2).

The heat capacity, O, of the anode is the heat stored in the anode after arriving
at the maximum permissible temperature. Q is equivalent to electrical energy,
where O =wU, 1,1, with tube voltage U, and current /,, and the exposure time, 7.
U, given as a peak voltage is multiplied with a waveform factor, w, to obtain the
effective tube voltage (root mean square voltage). /¥ has values of 0.71 for 1- and
2-pulse generators, 0.96 for 6-pulse generators and 0.99 for 12-pulse generators.
Q is then given in joules (J). Since early generators were based on single-phase
supplies, w was simply set to 1.0 for 1- and 2-pulse generators and 1.35 for
6-pulse generators, giving the heat capacity in another unit, the heat unit (HU),
where 1 J = 1.4 HU. The heat capacity of general purpose tubes starts at ~200 kJ,
ranging up to >1000 kJ for high performance tubes.

The maximum anode heat dissipation indicates the maximum rate of heat
loss typically available at maximum anode temperature. These data depend
on temperature and tube type. Tube data also include cooling and heating
characteristics (Fig. 5.15).
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FIG. 5.15. Cooling of the anode (dashed curve) and heat buildup for several constant input
heat rates. The rated heat capacity of the anode is 1000 kJ.

108



X RAY PRODUCTION

5.5.2. Tube housing

The maximum heat capacity for a tube assembly is typically in the range of
1000-2000 kJ. Maximum continuous heat dissipation describes the steady state

of heat flowing in and cooling off. Figure 5.16 shows typical heating and cooling
characteristics.
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FIG. 5.16. Typical cooling characteristics of a passively cooled tube housing (dashed curve)
and heating curves for a constant power input of 100, 200 and 300 W.

The patterns of loading the tube in an examination vary from single
radiographic exposures to long high current CT scans, from simple fluoroscopic
examinations to long interventional procedures. The tube rating charts contain
basic data to estimate the required cooling times. These limits have to be
observed, particularly if the control panel gives no indication on actual tube
loading or required cooling times. Exposures made by physicists in their
measurements can be repeated much more frequently than within the course of a
patient examination, and several such high power exposures without observation
of the appropriate cooling times can damage the anode and bearings.

5.6. COLLIMATION AND FILTRATION

5.6.1. Collimator and light field

The limitation of the X ray field to the size required for an examination
is accomplished with collimators. The benefits of collimating the beam are
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twofold — reduction in patient dose and improvement of image contrast due to
a reduction in scattered radiation. A collimator assembly is typically attached
to the tube port, defining the field size with adjustable parallel opposed lead
diaphragms or blades (Fig. 5.17). To improve the effectiveness of collimation,
another set of blades might be installed at some distance from the first blades in
the collimator housing. Visualization of the X ray field is achieved by a mirror
reflecting the light from a bulb. The bulb position is adjusted so that the reflected
light appears to have the same origin as the focal spot of the tube. The light field
then ‘mimics’ the actual X ray field. The congruency of light and X ray field is
subject to quality control. One must be aware that some of the penumbra at the
edges of the radiation field is due to extra focal radiation.

ﬁ ™ tube focus

/ I \ \ o collimator assembly

v

|  filter

lead collimator blades

L——— mirror

— - — =@ lightbulb

light beam

— lead collimator blades

[ | \ —— fransparent window

coincident X ray
and light field

FIG. 5.17. Dypical X ray field collimator assembly.

Adjustment of the field size is done manually by the operator, but with a
positive beam limitation system, the size of the imaging detector is automatically
registered and the field size is adjusted accordingly.

For fluoroscopy, other collimator types are in use, with variable circular
and slit diaphragms. In some applications (dental and head examinations), beam
restrictors with a fixed field size are typically used.

5.6.2. Inherent filtration

X rays generated in the anode pass various attenuating materials before
leaving the tube housing. These materials include the anode, tube envelope
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exit port (glass or metal), insulating oil and the window of the tube housing.
This inherent filtration is measured in aluminium equivalents (unit: mm Al).
Aluminium does not perfectly mimic the atomic composition of the attenuating
materials present, thus, measurement of the Al equivalent is usually made at
80 kVp (or otherwise the kVp settings should be stated). Typically, the inherent
filtration ranges from 0.5 to 1 mm Al The mirror and the window in the
collimator housing also contribute to inherent filtration with an Al equivalent of
about 1 mm.

5.6.3. Added filtration

Since filtration effectively reduces the low energy component in the X ray
spectrum, a minimum total filtration of at least 2.5 mm Al is required to reduce
unnecessary patient dose. Additional filter material is positioned between the tube
window and collimation assembly as required. Typical filter materials include
aluminium and copper, and in some cases, rare earth filters such as erbium that
utilize K edge attenuation effects. Individual filters may be manually selected
on some units. In modern fluoroscopy units, filters are inserted automatically,
depending on the examination programme chosen.

The effect of added filtration on the X ray output is an increase in the mean
photon energy and half value layer (HVL) (see Section 5.7.1) of the beam. As
the X rays become more penetrating, less incident dose at the patient entrance
is required to obtain the same dose at the image receptor, giving a patient dose
reduction. Since image contrast is higher for low energy X rays, the addition
of filters reduces image contrast and optimum conditions must be established,
depending on the type of examination. Added filtration also increases tube
loading, as the tube output is reduced and must be compensated for by an increase
in mAs to obtain the image receptor dose required.

In mammography, special provisions concerning filtration are required to
obtain the optimum radiation qualities.

5.6.4. Compensation filters

In some examinations, the range of X ray intensities incident upon the
image receptor exceeds the capabilities of the detector. Compensation or
equalization filters can be used to reduce the high intensities resulting from
thinner body parts or regions of low attenuation. Such filters are usually inserted
in the collimator assembly or close to the tube port. Examples of compensation
filters include wedge filters for lateral projections of the cervical spine, or bowtie
filters in CT.
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5.7. FACTORS INFLUENCING X RAY SPECTRA AND OUTPUT
5.7.1. Quantities describing X ray output

Total photon fluence is not a satisfactory quantity to describe X ray output;
rather, it is the spectral distribution of the photon fluence as a function of photon
energy that is useful for research in X ray imaging. Spectral data are rarely
available for individual X ray units, although computer programs exist that give
useful simulations.

X ray tube output can be expressed in terms of the air kerma and measured
free in air (see Chapter 22). A measure of the penetration and the quality of the
X ray spectrum is the HVL. The HVL is the thickness of absorber needed to
attenuate the X ray beam incident air kerma by a factor of two. In diagnostic
radiology, aluminium is commonly chosen as the absorber, giving the HVL (unit:
mm Al).

5.7.2. Tube voltage and current

Figure 5.18 shows the effect of tube voltage on spectral distribution. Both
maximum and mean photon energy depend on the voltage (kV). The shape of the
low energy end of the spectrum is determined by the anode angle and the total
filtration. Note the appearance of characteristic radiation in the 100 kV beam and
the increase in photon yield with increasing tube voltage. Tube current has no
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FIG. 5.18. X ray spectra for various tube voltages and a tungsten target (constant voltage,
anode angle 12°).
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influence on the photon distribution; however, photon intensities are proportional
to mAs.

5.7.3. Tube voltage ripple
Figure 5.19 shows spectral variations for a tube voltage of 70 kV for various

voltage ripples. A DC voltage gives the hardest spectrum with maximum photon
yield. With an increase in ripple, the yield drops and the spectrum softens.
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FIG. 5.19. Variation of X ray spectra from a tungsten target with tube voltage ripple at
70 kVp tube voltage. DC: constant potential; 3.4%: 12-pulse or converter generator;
13.4%: 6-pulse generator, 100%: 2-pulse generator.

5.7.4. Anode angle

The anode angle determines the degree of X ray absorption in the anode
material. A decrease in anode angle causes an increase in the absorption length
within the target. Accordingly, the maximum photon energy remains unchanged,
but hardness increases and yield drops with decreasing anode angle (Fig. 5.20).

5.8. FILTRATION

As low energy photons do not contribute to the formation of an image,
filters are used to reduce the low energy component. Figure 5.21 illustrates
the effect of added filters on an X ray spectrum (90 kV, 3.4% ripple). Again,
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FIG. 5.20. X ray spectra obtained for various anode angles and a tube voltage of 90 kV (DC).

increasing filtration gives spectral hardening and reduction in tube output. X ray
contrast declines with spectrum hardness, which should be considered in the
selection of optimal exposure parameters.
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FIG. 5.21. Effect of additional filtration on the X ray spectrum.

Anode roughness increases with total tube workload and increases
self-filtration. Hence, tubes tend to show a slight increase in X ray hardness and a
decrease in kerma output over operational tube life.
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Chapter 6

PROJECTION RADIOGRAPHY

J.L. POLETTI
UNITEC Institute of Technology,
Auckland, New Zealand

6.1. INTRODUCTION

In its simplest form, X ray imaging is the collection of attenuation shadows
that are projected from an ideal X ray point source on to an image receptor. This
simple form is true for all X ray imaging modalities, including complex ones
that involve source and receptor movement, such as computed tomography (CT).
This simplified view, however, is made vastly more complex by the non-ideal
point source, by the consequences of projecting a 3-D object on to a 2-D detector
and by the presence of scattered radiation, generated within the patient, which
will degrade any image that is captured.

6.2. X RAY IMAGE FORMATION
6.2.1. Components of an imaging system

The principal components of a system for X ray projection radiography are
illustrated in Fig. 6.1. Of these components, the grid and the automatic exposure
control (AEC) are optional, depending on the imaging task. Further components
such as shaped filtration, compression devices or restraining devices may be
added for special cases. The X ray tube and collimation device are described in
Chapter 5 and the image receptor systems are described in Chapter 7.

When considering such systems, the concept of an ideal imaging task is
often useful, as illustrated in Fig. 6.1. These concepts are covered in detail in
Chapter 4 and are discussed only briefly here. When considering the ideal
imaging task — the detection of a detail against a uniform background — the
ideal X ray spectrum is monochromatic when the three constraints of patient
dose, image quality and X ray tube loading are considered. Any particular
projection may consist of more than one such task, each with a different ideal
monochromatic energy. The choice of X ray spectrum for each task is, therefore,
always a compromise, so that the actual bremsstrahlung and characteristic
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radiation spectrum provide the best approximation to the ideal monochromatic
spectrum for the particular projection.

~
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FIG. 6.1. Components of a projection radiography system, including an ideal imaging task,
for the detection of a detail against a background. FID: focus to image distance; OID: object
to image distance.

Considering an ideal imaging task, as illustrated in Fig. 6.1, contrast may be
defined simply as C = AB/B, where B is the image brightness (or shade of grey) in
a background region and AB is the difference in brightness for a small detail. For
small values of AB, linearity of brightness with X ray intensity (/) is assumed,
so the contrast is A//l. This is generally valid for a particular monochromatic
spectrum. For a real polychromatic spectrum, a monochromatic spectrum with
the average energy of the actual spectrum may be used as an approximation, or
the result can be integrated over all spectral energies. Since the X ray intensity
is related to thickness by the attenuation law, it follows that the primary contrast
for a detail of thickness x; and linear attenuation coefficient x, embedded in a
material of linear attenuation coefficient u, is given by:

Cp=1—e Ui (6.1
To find the average contrast for a particular detail, Eq. (6.1) should be

integrated over the detail. For thin spherical details (e.g. microcalcifications
in mammography, solitary pulmonary nodules in chest X rays), this is
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straightforward and results in a contrast that is 2/3 the contrast obtained for a ray
passing through the centre of the detail.

With regard to the relationship between the linear attenuation coefficient and
the mass attenuation coefficient (see Section 2.3.3), contrast will exist for details
that differ in mass attenuation coefficient, or in density, or both. The contrast will
depend on the thickness of the detail, but not the thickness of surrounding tissue.
Since the values of u reduce as photon energy increases, the contrast is seen to be
inversely related to the kV setting. Thus, kV may be considered to be the contrast
control, where contrast is strictly the detail contrast. For screen film imaging, the
difference in optical density (OD) due to the detail is proportional to the subject
contrast multiplied by the gamma of the screen film system (see Section 7.3.4).
For digital image receptors, the relationship is more complex, since the contrast
of the displayed image is independently adjustable.

If the energy absorbed in a small region of the image receptor due to primary
rays is E, and that due to secondary rays is £, then scatter may be quantified by
the scatter fraction:

SF = ES/(Ep +E) (6.2)

or by the scatter to primary ratio:

SPR=EJE, (6.3)
The relationship between the two is:

SF = ((SPR) + 1)! (6.4)

In the presence of scattered radiation, Eq. (6.1) becomes:

Cle_e*(Nd*#b)xd (65)

1+SPR

Clearly, minimization of scatter is important, leading to the use of antiscatter
techniques (see Sections 6.3.4 and 6.3.5). Accurate collimation to the region of
clinical interest also minimizes scatter, as well as reducing the dose to the patient.

6.2.2. Geometry of projection radiography

From Fig. 6.1, it is clear that the primary effect of projection radiography is
to record an image of a 3-D object (the patient) in 2-D, resulting in superposition
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of the anatomy along each ray. This leads to a number of effects that need to be
considered in the design of equipment, the production of the images and their
interpretation. In particular, for each projection there will be a region of clinical
interest, somewhere between the entrance and exit surface of the region to be
imaged. Considerable training and experience is required for the radiographer
to choose correctly the geometrical variables to image this region, based on
superficial visible or palpable landmarks. These variables include the FID, OID,
projection direction (lateral, craniocaudal, etc.) or angulation, centring point and
beam collimation area. In some cases, the correct projection of joint spaces also
needs to be considered.

6.2.3. Effects of projection geometry
6.2.3.1.  Superposition

As noted in Section 6.2.2, radiographs are a 2-D representation of a 3-D
object. This superposition leads to a significant loss of image contrast, which
provided one of the prime motivations for the development of CT scanners.
Superposition also leads to loss of all depth information, and ambiguity in the
relative sizes of objects at different depths. Furthermore, it directly overlays
objects in such a way that it can become difficult or impossible to distinguish one
from the other, or even to identify some of the objects.

X-1ay lube
" focal spot

A B D E i
O O O iy
Elongated Foreshortened
(2) (b)

FIG. 6.2. (a) Effect of depth of objects on their projected size; (b) effect of angulation on the
projected length of an angled object.
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6.2.3.2.  Geometrical distortion

Geometrical distortion can be considerable and confusing in projection
radiographs. The first effect is that all objects are magnified in the image. The
further from the image receptor the object is placed, the greater the OID and the
greater the magnification. The image size of objects, therefore, depends on their
actual size and on the OID and projection direction, leading to ambiguity. This
effect is illustrated in Fig. 6.2(a). The three spheres A, B and C are the same size,
but are projected at different sizes owing to their OIDs. Furthermore, projection
leads to shape distortion. In Fig. 6.2(b), a tilted object is shown projected at a
range of angles, illustrating the increasing degree of foreshortening as the angle
increases.

6.2.3.3.  Inverse square law

For an isotropic point source, the X ray beam intensity is inversely
proportional to the square of the distance from the source. An X ray tube with
its attached collimator is a good approximation to a point source for distances
greater than about 50 cm from the focal spot, and obeys the inverse square law
(ISL) almost exactly at distances greater than this. Only at low kV settings, such
as those typical of mammography, does air attenuation affect the inverse square
relationship. This is illustrated in Fig. 6.3, where the air kerma per unit mAs is
shown over the FID range of 50-250 cm. Figure 6.3 also presents the calculated
curve assuming the ISL.
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FIG. 6.3. Deviation from the ISL due to air attenuation for a tungsten target X ray beam with
0.5 mm Al added filtration at a voltage setting of 30 kV and no compression paddle.
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The ISL results in the need for an increase in the mAs as the FID is increased
in order to maintain the same air kerma at the image plane. The increase required
is given by:

2
mAs, dFID2

(6.6)

mAs, dFID]

Furthermore, the air kerma at the patient entrance surface is greater than
that at the image receptor (neglecting attenuation), by the ratio:

[dﬂ]z 6.7)

dFSD

In these expressions, dy, is the FID and d, is the focus to skin distance
(FSD). It is easy to show that as the FID is increased, the incident air kerma (K))
may be decreased, keeping the same kerma at the image plane; the formula for

this is:

Ki2:K11

2
d d
FID, 4FsD, (6.8)
dFIDl dFSDz

This relationship can be used to prevent excessive skin doses; generally,
an FID of 100 cm or greater is sufficient. It does not, however, result in a similar
reduction in the overall dose to the patient because an increase in the entrance
surface X ray beam size is required as the FID is increased in order to prevent
cut-off of the region of clinical interest. The effective dose is approximately
proportional to the dose—area product. The dose reduces at longer FID according
to Eq. (6.8), but the area increases. Therefore, there is little or no change in
effective dose [6.1].

6.2.3.4.  Geometrical unsharpness

Ideal image sharpness would be produced by a point source, the spatial
resolution in such a case being limited by the image receptor factors such as
phosphor layer thickness, lateral spread of light in scintillators, and the image
matrix. However, owing to the restriction on the permissible temperature of the
focal spot and the focal track of the anode, typical focal spot sizes of 0.6—-2.0 mm
are required. Most X ray tubes also have a fine focal spot for high resolution
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images of small body parts; typically, the fine focal spots are 0.3—1.0 mm, but
must be operated at lower mAs to protect the X ray tube from heating effects.

The spatial resolution depends on the focal spot size and the image receptor,
and both need to be considered. For the demagnified image, the width of the
penumbra, or more correctly the edge gradient, caused by a focal spot of size X,
is given by the geometric unsharpness (Ug) divided by the magnification, where
Ug is given by:

d
Uy=Xp O (6.9)
FID
where d ;) is the OID. Since the magnification, m, of the object at the image

receptor is given by:

m=—dmn__ (6.10)
dFID - dOID

then Eq. (6.9) is equivalent to:
U, =X, (m—1)/m (6.11)

If the FID were to be changed, then to maintain the same focal spot
resolution, the new focal spot size may be determined using Eq. (6.9) for the old
and new cases and equating. This gives:

dFID new
E 1d
new o dFID w

(6.12)

However, the change in FID will change the magnification, which will
affect the overall image sharpness because of the effect of the image receptor
blur. The overall unsharpness is given by Dance et al. [6.2] as:
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In this expression, U, is the intrinsic image receptor unsharpness (that for
m = 1) and it is assumed that the geometric and receptor unsharpness can be
added in quadrature. The overall unsharpness U is scaled to a magnification of 1.

Optimization of projection radiographs involves choosing an appropriate
focal spot size. This requires a compromise between the exposure time and
the resolution. For example, a very small focal spot will provide good spatial
resolution, but only permit a low tube current, therefore requiring a long exposure
time, leading to increased risk of motion blur. While it may be considered that
quantum noise limits the detectability of fine details, there is some evidence
that smaller focal spots than are currently employed may lead to improved
spatial resolution. This is because the system detective quantum efficiency
(see Chapter 4) is affected by the focal spot modulation transfer function (MTF).

The focal spot MTF may be measured using a pinhole to determine the point
spread function, or a slit to determine the line spread function, and calculating the
normalized modulus of the Fourier transform of the spread function. Figure 6.4
shows a pinhole image of a focal spot and a 2-D representation of the MTF.

FIG. 6.4. Typical distribution of the X ray intensity of a 2.0 mm focal spot (left) and the
corresponding 2-D MTF (right).

Note that the MTF of a focal spot is given by convention for a magnification
factor of 2.0. To correct the MTF for the true magnification, the frequency axis
must be scaled as follows (where the symbols have the obvious meanings):

1 m

fnew=fold[m°“ X ——Dew ] (6.14)

mgy m .. —1
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6.2.4. Magnification imaging

Magnification is a relatively uncommon technique. Probably the
most important example of its use is in magnification mammography (see
Section 9.3.5). However, there are instances when significant magnification
is unavoidably present in standard radiographic projections. These include the
lateral hip and lateral cervical spine projections. Magnification is achieved by
increasing the OID, which generally requires an increase in the FID as well. The
actual magnification achieved varies with depth in the patient. For example, if
the patient thickness is 20 c¢m, the FID 140 cm and the FSD 80 cm, then the
magnification varies between 1.4 at the exit side of the patient and 1.75 at the
entrance side. Magnification requires employment of a larger image receptor.
For large body regions this may not be possible. The use of magnification has
consequences for dose, spatial resolution and signal to noise ratio (SNR).

6.2.4.1. Dose

A number of effects occur when increasing the OID. There is a substantial
reduction in the scatter fraction at the image receptor because the scattered
rays are generally directed away from the receptor. To maintain the dose to the
image receptor, an increase in the mAs, and hence the patient dose, would be
required, mainly because of the loss of scatter but also because of the increase in
FID owing to the ISL. Owing to the reduction in scatter fraction, magnification
may usually be performed without the use of an antiscatter grid. This leads to a
reduction in mAs in proportion to the Bucky factor, which is the ratio mAs with
a scatter reduction method divided by mAs without a scatter reduction method
(see Sections 6.3.4 and 6.3.5). This factor is typically between about three and
SiX.

6.2.4.2.  Unsharpness

Any increase in the OID leads to a reduction in image sharpness due to the
geometric blur of the focal spot, as given by Egs (6.9, 6.11). Consequently, use
of magnification techniques requires a significant reduction in focal spot size,
compared with contact methods. Any improvement in the overall sharpness of
the complete system is generally because of the increase in size of the image
compared with the unsharpness of the image receptor, owing to effects such
as light spread for screen film systems and the pixel size for digital systems.
Magnification can, therefore, improve spatial resolution, compared with the
result of a simple zoom of a digital image, which enlarges the pixels as well as
the image.
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6.2.5. Contrast agents

The subject contrast for many X ray examinations is low, owing to the
similarity in the atomic number and density of soft tissues and blood. The
contrast of organs and of the circulatory system may be substantially increased
with the use of higher atomic number contrast agents. These generally employ
barium compounds for study of the gastrointestinal tract, and iodine compounds
for soft tissues and the circulatory system. These two elements have considerable
photoelectric attenuation because their K edges are in the diagnostic X ray energy
range — iodine at 33 keV and barium at 37 keV. The maximum contrast that
can be achieved will occur for photon energies just above the K edge of these
elements (see Section 2.2.1). This, in turn, requires the choice of a kV setting that
produces exit spectra with the majority of photon energies within the appropriate
region of the spectrum. Optimum kV settings are between 60 and 70 kV for
iodine contrast and up to 80 kV for barium. Examinations of the gastrointestinal
tract sometimes employ air as well as barium.

It should be noted that there is a small but unavoidable incidence of adverse
reactions to contrast media, which are generally minor but occasionally serious
or even fatal.

Recently, targeted contrast agents have been developed based on gold
nanoparticles that have superior contrast enhancement to traditional iodine based
agents, with minimal toxicity and negligible negative reactions.

6.2.6. Dual energy imaging

An alternative and sometimes an additional method of improving image
contrast is with the use of two quasi-simultaneous images of the body using
different X ray spectra and processing them into separate images, one reflecting
the photoelectric process and one the Compton effect. By combining these images
using specific weightings, differences between bone tissue and soft tissue or
between air and soft tissue can be displayed (details can be found in Section 10.4
on dual energy X ray absorptiometry). In order to make these separations, X ray
images acquired at different tube voltages and/or filtrations are required.

6.2.7. Technique selection
With screen film systems, technique selection is relatively straightforward.
The choice of kV setting is based largely on the required contrast, and the mAs is

then chosen to produce a suitable OD for the region of clinical interest, generally
about 1.0 net OD. With digital systems, the direct link between technique setting
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and image appearance has been lost, making correct technique selection much
more difficult.

6.2.7.1.  Effect of tube voltage on contrast, noise and dose

To determine whether a detail will be detectable in the image, noise must
be considered. The primary source of noise is generally the random arrival of
photons at the image receptor, which may be considered as a Poisson process.
From Rose’s expression [6.3], the number of detected photons required per unit
area, to image a detail of size d and contrast C with an SNR of £, is:

N=I/Cd (6.15)

The value of & required to be certain that an observed detail is real and not
due to chance fluctuations in the number of photons is often taken to be five.
Thus, as C is increased, the number of photons required at the image receptor is
reduced, so that a reduction in kV will produce an image of satisfactory quality at
a lower image receptor dose, provided that the contrast range does not exceed the
dynamic range of the image receptor. However, this reduction in kV will require
an increase in the mAs, leading to an increase in patient dose. The dose to the
image receptor depends approximately on kV, and is linear with mAs. The patient
dose (K,) is proportional to mAs and approximately to kV2. The overall effect on
patient dose, therefore, is approximately proportional to kV-3.

For example, consider a setting of 60 kV at 40 mAs. Using the 15% rule
(see Section 6.2.7.3), this could be changed to 69 kV at 20 mAs. The patient dose
will then be reduced to (69/60)3 = 66%. However, the increase in kV will result
in a reduction in the contrast to noise ratio (CNR), which may be acceptable,
in which case a worthwhile reduction in dose will have been achieved. If the
image receptor dose is considered to be a variable, then there is a wide range of
kV and mAs combinations that will produce a diagnostically acceptable image,
but at a wide range of patient dose levels. In order to manage digital imaging
systems, suitable levels of image receptor dose have been determined by all
manufacturers of such systems, expressed in a variety of proprietary exposure
indices to represent the dose to the image receptor. Generally, there will be a
selection of indices suitable for imaging the extremities, trunk and chest. For
CT, these correspond approximately to screen film system speeds' of 100, 200
and 400, respectively. Direct and indirect digital systems are somewhat faster,

! Speed is defined as the inverse of the exposure required to produce a film OD of
1.0 above base + fog. A speed in the range of 100—1000 is typical for most radiographic
procedures.
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allowing higher nominal speeds. For all digital systems, the choice of suitable
kV and mAs combinations requires that for each projection, the kV and mAs
produce the correct value of the exposure index and that the maximum value of
the kV is chosen that will allow diagnostically acceptable CNR. This is readily
demonstrated in practice. If a suitable phantom is radiographed at a low kV and
with suitable mAs, and a range of further images is obtained at increased kV
settings at the same mAs, the images will appear very similar. This is because
the reduction in contrast with increasing kV is matched by the increased number
of photons detected, resulting in a similar CNR for each image. Each increase
in kV will cause an increase in patient dose by kV2, so such a procedure is
clearly clinically unacceptable. If, instead, each kV increase is accompanied by a
reduction in mAs to maintain the image receptor dose and exposure index, then
the image quality will become steadily worse as kV is increased, until a point is
reached at which the image quality is no longer acceptable. A corollary to this is
that images exposed with a kV below the optimum level and an mAs above the
optimum level look better, leading to the phenomenon of ‘exposure creep’.

6.2.7.2.  Matching technique to study

Given the procedure established in the previous section (6.2.7.1), the
choice of suitable kV setting for any body region involves two steps. The first
is to choose a suitable image receptor dose and speed to produce acceptable
levels of image noise. For example, a wrist X ray may require a nominal speed
of 100, whereas a posterior—anterior chest may permit a speed of 400. Regions
of low subject contrast such as the abdomen then require a relatively low kV
setting, whereas regions of high contrast such as the chest require a high kV
setting. Guideline kV settings are widely available, such as those given in the
quality criteria documents of the European Union. The kV setting should then be
increased gradually, with appropriate mAs reduction to maintain the CNR or film
OD, until the loss of image quality is just tolerable.

For screen film imaging, this also requires matching the dynamic range of
the image receptor system to the range of the input signal. This is illustrated in
Figs 6.5 and 6.6 for the two extreme cases of chest radiography, which has high
subject contrast with a wide latitude image receptor system, and mammography,
which features low subject contrast with a narrow latitude image receptor system.
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FIG. 6.5. Matching of the kV setting and mAs to the dynamic range of the image receptor for a
study of a high contrast region of the body (a chest X ray).

FIG. 6.6. Matching of the kV setting and mAs to the dynamic range of the image receptor for a
study of a low contrast region of the body (a mammogram,).

6.2.7.3.  Relationship between kV and mAs

Given that the image receptor dose is proportional to mAs and to kV, some
simple exposure rules may be derived. Firstly, it is observed that an increase in
kV of 15% results in an increase in image receptor dose by a factor of two —
hence the so-called ‘15% rule’, that an increase in kV of 15% is equivalent to a
doubling of the mAs and a reduction by 15% is equivalent to halving the mAs.
Furthermore, an increase in kV of 5% results in an increase in image receptor
dose of 30%, leading to the ‘5% rule’ that a 5% increase in kV is equivalent to
a 30% increase in mAs and a reduction of 5% in kV is equivalent to a reduction
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in mAs by 30%. Finally, since a 15% increase in kV is about 10 kV between 60
and 80 kV, another commonly used rule is that a 10 kV increase is equivalent to
doubling the mAs, and a 10 kV reduction is equivalent to halving the mAs. None
of these rules are exact, but their use is satisfactory because of the tolerance for
small exposure errors owing to the latitude of screen film systems, and because
of the very wide dynamic range of digital systems.

6.2.7.4. AEC

Even with the most skilled of practitioners, manual setting of technique
factors results in inconsistent exposures, so that ODs vary in screen film imaging
and image noise levels vary with digital systems. In addition, a number of rejects
and repeats are unavoidable, because of exposure errors. AEC systems are
intended to increase exposure consistency and reduce reject and repeat rates. The
principle is to measure the X ray flux at the image receptor and to terminate the
exposure when sufficient energy has been absorbed (see Section 5.4.3).

However, the advantages of AEC systems may be achieved only if the
systems are correctly calibrated and properly used. Calibration is required for a
number of reasons, including energy dependence and beam hardening. Energy
dependence is due to the varying sensitivity of the AEC detectors and the
image receptor system at different kV settings. Correction factors are included
in the control system to allow for kV setting. The beam hardening caused by
the patient is more difficult. The system is not able to measure the amount of
beam hardening and hence cannot correct for beam hardening errors. Therefore,
AEC systems include controls for manual correction by the radiographer. These
generally include compensation settings such as -3, -2, —1, 0, +1, +2 and +3;
each setting increasing the mAs delivered by a constant factor such as \2. There
is also a patient size button, with settings for a thin patient, an average patient and
a large patient.

6.3. SCATTERED RADIATION IN PROJECTION RADIOGRAPHY

It is often stated that photon scattering is of no benefit for projection
radiography, leading only to fogging of the image. However, this is incorrect,
as the appropriate contrast for every projection is chosen by setting a suitable
kV to provide the correct proportion of photoelectric and scatter interactions.
At low kV settings, the contrast is high, owing to the predominance of the
photoelectric effect, while at high kV it is low, owing to the predominance of
scattering interactions (see Chapter 2). These effects are illustrated in Fig. 6.7,
which shows the contribution of photoelectric and scattering interactions for the
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primary contrast of a I mm sphere of calcium embedded in water, over a range of
energies from 20 keV to 100 keV, calculated using Eq. (6.1).
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FIG. 6.7. Calculated primary contrast for a 1 mm sphere of calcium embedded in water, from
20 keV'to 100 keV.

6.3.1. Origins of scattered radiation

Both the incoherent and coherent interactions lead to scattered radiation
impinging on the image receptor. The former is by far the more significant. For
example, for a 10 cm patient thickness and a 20 cm x 20 cm X ray field, only
19% of the scatter fraction is due to coherent scatter at 50 kV and 9% at 120 kV.

6.3.2. Magnitude of scatter

The magnitude of the scatter depends on many variables. The dependences
on radiographic procedure, X ray beam size, patient thickness and position in
three dimensions are described in the following sections. The magnitude is also
widely claimed to depend on the kV setting, but as shown in Section 6.3.2.5, this
is only the case for very inefficient image receptors.

6.3.2.1.  Dependence upon radiographic procedure
The radiographic procedure itself has a strong influence on the proportion
of scatter, depending on whether the subject is a region consisting largely of

bone, or soft tissue, or some intermediate combination. This is because the scatter
interactions are predominant for soft tissue, but the photoelectric interaction
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is predominant for bone over much of the diagnostic energy range (except
mammography).

6.3.2.2.  Dependence on field size

As the field size increases from a narrow beam with almost no scatter to
very large, the scatter fraction increases until a saturation level is reached, beyond
which little or no further increase in scatter fraction occurs. Figure 6.8(a) shows
this effect for phantom thicknesses of 5, 10, 20 and 30 cm.
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FIG. 6.8. (a) Dependence of scatter fraction on beam area for four phantom thicknesses at
80 kV. (b) Dependence of scatter fraction on phantom thickness for four X ray field sizes at
80 kV. Both parts of the figure show the scatter fraction at the centre of image.

6.3.2.3.  Dependence on thickness

Figure 6.8(b) shows the effect of tissue thickness on scatter fraction for
tissue thicknesses ranging from 5 cm to 30 cm and four X ray beam field sizes.
The scatter fraction increases rapidly with patient thickness, but tends to saturate
for very large patients. These data also demonstrate the necessity for scatter
reduction methods, especially for large patients.

6.3.2.4.  Dependence on position (in 3-D)

While the scatter fraction (at the image receptor) has been considered so
far, it is also important to quantify the scattered radiation in all directions from
the patient, as this affects the dose to personnel. Knowledge of scatter levels
is required in order to determine appropriate radiation shielding levels. It is
also useful to consider the proportion of backscatter at the patient’s entrance
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surface, as this may contribute significantly to the skin dose and complicates
measurements of patient dose when free in air measurements are used. Scatter
may be categorized as forward scatter, affecting mainly the image receptor, and
side scatter and back scatter, affecting the dose to personnel.

If a small volume of soft tissue is considered, and we make the simplifying
assumption that the scatter angular distribution is given by the Klein—Nishina
formula (Eq. (2.16)), the proportions of forward scatter and back scatter can be
seen to be similar for photons in the diagnostic energy range, with the proportion
of forward scatter increasing as the photon energy is increased. At 90°, the
differential cross-section do/dQ) is approximately half that at 0° and at 180°.
However, for the large volumes of tissue typical in projection radiography, there
is considerable attenuation, so that back scatter can be significant. For larger
body regions, the proportion of photons that undergo more than one scatter is
significant, leading to a more isotropic scatter distribution than predicted by the
Klein—Nishina formula.

It is found experimentally that, to a close approximation, the magnitude of
scattered radiation follows the ISL at distances greater than about 500 cm from
the patient, and that the magnitude is directly proportional to the X ray field size.
A rule of thumb for scatter levels is that the scatter dose at 1 m from the patient is
1/1000 of the dose in the primary beam at the patient entrance surface.

With respect to position in the image, the proportion of scattered radiation
is found to be greatest in the centre, reduced at the edges and reduced further still
at the corners of the field. This is illustrated in Table 6.1, which shows the scatter
fraction (SF) and scatter to primary ratio (SPR) at intervals of 2.5 cm along the
axis and diagonal of a 30 cm x 30 cm X ray field.

6.3.2.5. Dependence on energy

In soft tissue, as the energy is increased, the photoelectric cross-section
reduces approximately as 1/E, whereas the scattering cross-section reduces as
1/E. Hence, the probability of scattering events increases relative to photoelectric
events as the energy increases, but the overall probability of scattering events
decreases. Conversely, the energy of the scattered photons increases as the energy
increases, so that they are less likely to be attenuated in the body and are more
likely to escape. The overall effect is that side scatter, back scatter and forward
scatter all increase as energy is increased. However, the primary beam attenuation
also decreases as energy is increased. Consequently, the scatter fraction reaching
the detector is found to show little dependence on energy. In the case of efficient
image receptors, almost all of the primary beam and scatter are absorbed, so the
scatter fraction for the receptor is similar to that reaching the receptor. However,
inefficient image receptors are more sensitive to scattered photons than to
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TABLE 6.1. DEPENDENCE OF SF AND SPR ON POSITION IN X RAY FIELD
(30 cm % 30 cm PMMA phantom, 20 cm thick, at 80 kV, 3 mm Al equivalent,
total filtration, 100 cm FID and 5 cm OID, 30 cm x 30 cm X ray field at image
receptor)

Distance from On axis Diagonal

centre (cm) SF SPR SF SPR
0 0.856 5.93 0.856 5.93
25 0.854 5.84 0.854 5.87
5.0 0.845 5.47 0.848 5.56
7.5 0.831 4.92 0.834 5.04
10.0 0.806 4.17 0.824 4.68
12.5 0.781 3.57 0.794 3.85
15.0 — — 0.750 3.00
17.5 — — 0.697 2.30
20.0 — — 0.671 2.04

primary photons. This is because the primary beam is incident approximately
perpendicular to the receptor, so the path length is similar to the phosphor
thickness. However, the scattered photons are incident obliquely, resulting in
greater path length on average and a greater probability of absorption. They may
also be of lower energy, which will generally also increase the probability of
absorption. This effect becomes more significant as energy is increased, so the
detected scatter fraction also increases with energy. Figure 6.9 shows scatter
fractions for a Kodak Lanex Regular and a calcium tungstate (CaWO,) par speed
screen over a range of kV settings from 50 kV to 120 kV. The scatter fraction for
the Kodak Lanex Regular, an efficient rare earth screen, is independent of kV
setting, whereas the scatter fraction increases with energy for the (obsolete) par
speed CaWO, screen.

6.3.3. Effect of scatter
Scattered radiation, as shown in the previous sections, comprises the
majority of the radiation detected by image receptor systems for examination of

large body regions. This section considers the effect of scatter on contrast and
noise, and methods of scatter reduction.
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FIG. 6.9. Dependence of scatter fraction on kV setting for two systems for 20 cm phantom
thickness and 30 cm % 30 cm field size for the Kodak Lanex Regular, an efficient rare earth
system, and par speed calcium tungstate, an inefficient system.

6.3.3.1. Contrast reduction

The effect of scatter on contrast is quantified by the contrast degradation
factor (CDF), which, from Eq. (6.5), is given by:

1
CDF=———
1+SPR (6.16)
6.3.3.2. Noise

The quantum noise in the image arises from both primary and scattered
photons and both of these image contributions, therefore, affect the SNR. For
example, Ullman et al. [6.4] have calculated the SPR and SNR per pixel (SNRP)
for digital chest imaging with a grid, and show that the SPR varies from about 2 in
the region of the mediastinum, to about 0.6 in the lung fields, leading to a value of
SNRp behind the mediastinum of about 20, and about 60 in the lung fields.

6.3.4. Methods of scatter reduction — antiscatter grids

The scatter component of the image may be considered to consist of the
primary image convolved with a ‘scatter spread function’, which gives a highly
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blurred version of the image. The resulting image may be considered to be
the sum of these two images. Efforts are being made to employ this idea for
computerized scatter removal, rather than using grids or other methods. This
approach is complicated because the scatter spread function is not shift invariant
(see Section 6.3.2.4).

In the absence of computerized methods, the use of antiscatter grids is
routine for the vast majority of radiographic projections, apart from those of the
extremities. Grids vary greatly in terms of the degree of scatter rejection, and in
the increase in dose to the patient that their use requires. All are designed to allow
a large proportion of the primary photons to reach the image receptor, while
removing a good proportion of the scattered photons from the radiation field.

6.3.4.1. Grid construction

Apart from the special cellular grids used in some mammography systems,
a grid generally consists of an array of thin lead strips aligned to allow passage
of the primary beam, as shown in Fig. 6.10. The lead strips are separated by an
interspace material and have protective covers on the top and bottom (not shown
in the diagram). The number of lead strip lines per centimetre is known as the
strip frequency, and the ratio of the height of the lead strips to the width of the
interspace material is known as the grid ratio, , which is given by:

h
=— 6.17
=2 (6.17)

where the distances / and d are shown in Fig. 6.10.

From consideration of this figure, it will be seen that all scattered photons
whose angle of incidence is less than tan™' » will hit a lead strip, so that scatter
rejection will increase with increasing grid ratio. On the other hand, the
transmission of primary photons through the grid will decrease because of the
increased thickness of the interspace. If the lead strips are too thin, they can be
penetrated by the scattered X ray photons, and if they are too thick, they will stop
too many primary photons. Thus, the design of the grid is a compromise between
the requirements of good scatter rejection and high primary photon transmission.

Usually, the lead strips are tilted to match the divergence of the primary
beam, at a chosen distance from the focus called the focal length of the grid,
and the grid is then referred to as a focused grid. Such grids must be used at
the correct focal distance within a permissible tolerance. If a grid is used at the
wrong distance, the tilt of the lead strips will not match the angle of divergence
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of the primary beam. The primary beam will then be attenuated progressively
more towards the edge of the image. This is termed grid cut-off. Some types of
grid have parallel strips and are known as parallel grids. These always have some
degree of grid cut-off and should not be used at short distances. The degree of
cut-off will be affected by the field size used and the grid ratio.

Interspace material

Grid strips
Primary ray X X
unattenuated f
\- h
— «+d
Scattered ray
intercepted

Grid ratio = h/id

Patient \

— Grid slats angled to
: match beam divergence

Image receptor

FIG. 6.10. Construction and principle of operation of a focused antiscatter grid (not to scale).

The grid interspace material is plastic, carbon fibre or other low atomic
number material. Older grids used aluminium. The material of the grid covers
should also be of low atomic number. Since the interactions of the X rays with
the lead strips will mainly be photoelectric, for photons of energy above the K
edge of 88 keV, the emission of K fluorescent X rays must be considered in grid
design. Table 6.2 gives the geometrical construction details for a range of typical
grids.

TABLE 6.2. TYPICAL CONSTRUCTION DATA FOR THREE
ANTISCATTER GRIDS

Grid ratio Strip frequency (cm™) h (mm) d (mm) ¢ (mm)
10:1 33 2.5 0.25 0.050
10:1 40 2.0 0.20 0.050
12:1 57 1.56 0.13 0.045
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The appearance of the image of the grid lines in radiographic images is
generally unacceptable for diagnosis. Furthermore, for digital systems, the image
of the grid lines may interfere with the pixel matrix, generating Moiré patterns in
the image. Consequently, a mechanism is usually provided to oscillate the grid in
a direction perpendicular to the grid lines, to blur them out during the exposure.

6.3.4.2.  Measures of grid performance

Grid performance is specified in terms of parameters that relate to the
associated dose increase that is necessary and the improvement in contrast that is
achieved. A good grid will eliminate 80-90% of the scatter, while transmitting at
least 75% of the useful beam. The following quantities are used:

® The primary transmission, 7, is a narrow beam measurement of the ratio of
X ray intensity with and without the grid present.

® The secondary transmission, 7, is a broad beam measurement of the
scattered radiation intensity with and without the grid.

* The total transmission, 7|, is a measurement of the total intensity of X rays
with and without the grid.

® The grid factor or Bucky factor is the dose increase factor associated with
the use of the grid:

exposure (mAs)required with grid 1
exposure (mAs)required without grid 7,

Bucky factor = (6.18)

® The selectivity is a measure of the effectiveness of the grid, given by:

T
Z:?S (6.19)

® The contrast improvement factor, CIF, is given by:

. . T
CIF — contrastwith grid 1

= 6.20
contrast without grid 7, (6:20)

It should be noted that, as well as removing scatter, the grid will harden the
X ray beam and calculations of the CIF should, in principle, allow for this effect.
Usually, however, the correction is no more than a few per cent and, to a good
approximation, the CIF can be calculated as:
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1-SF (6.21)
where, SF, and SF,, are the scatter fractions with and without the grid.

Table 6.3 gives the Bucky factor and CIF for a range of grids for the
commonly used LucAl patient equivalent phantoms.

6.3.4.3. Grid selection

From the data in Table 6.3, it is clear that for each radiographic projection
there is an optimum grid ratio that will provide adequate scatter reduction, with
an acceptable increase in dose to the patient. For example, chest and abdomen
projections on adults would require ratios of 10:1 or 12:1. Practically, however,
the grid is permanently fitted to the cassette holding device in radiographic tables
and wall mounted devices, and these generally have a ratio of at least 10:1.
Consequently, grid use is generally far from optimized.

6.3.4.4. Grid artefacts and alignment

There are several possible misalignments that will lead to artefacts in
projection images. Additionally, a damaged grid will generate artefacts and must
be replaced. Figure 6.11 illustrates the possible misalignments of the grid. In
practice, it is possible for a number of these to be present at once. Note that the
moving grid is laterally decentred during operation, although the degree of offset
is small on average.

6.3.5. Other methods of scatter reduction
While the use of a grid is effective at reducing scattered radiation,
image quality may be further improved by careful collimation and by patient

compression. Alternatives to antiscatter grids include the use of air gaps and slit
scanning systems.
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TABLE 6.3. BUCKY FACTOR AND CIF AT THE CENTRE OF THE IMAGE
RECEPTOR FOR A SELECTION OF RADIOGRAPHIC GRIDS, USING A
25.4 cm x 25.4 cm X RAY FIELD WITH THE LucAl CHEST AND ABDOMEN
PATIENT EQUIVALENT PHANTOMS, 120 kV FOR THE CHEST DATA AND
70 kV FOR THE ABDOMEN DATA

Grid ratio SF SPR Bucky factor® CIF

LucAl chest phantom

No grid 0.390 0.640 — 1.0
6:1 0.188 0.231 1.53 1.33
8:1 0.150 0.176 1.62 1.39
10:1 0.123 0.141 1.69 1.44
12:1 0.103 0.115 1.75 1.47
16:1 0.076 0.082 1.85 1.51

LucAl abdomen phantom, soft tissue region

No grid 0.712 2.472 — 1.0
6:1 0.371 0.588 2.79 2.18
8:1 0.302 0.433 3.20 242
10:1 0.256 0.345 3.53 2.58
12:1 0.221 0.283 3.81 2.71
16:1 0.174 0.211 4.27 2.87

LucAl abdomen phantom, spine region

No grid 0.837 5.155 — 1.0
6:1 0.472 0.894 — 3.25
8:1 0.388 0.636 — 3.76
10:1 0.327 0.486 — 4.14
12:1 0.276 0.382 — 4.45
16:1 0.203 0.254 — 491

2 The low Bucky factor is due to the scatter level in chest radiography being low, as the lungs
act as a large air gap, and the thickness of other tissues is relatively low. The Bucky factor
for the abdomen is constant for each grid.
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FIG. 6.11. Grid misalignments leading to cut-off.

6.3.5.1. Collimation

Section 6.3.2.2 describes the effect of X ray field size on scatter fraction.
Since smaller field sizes reduce the scatter fraction, it is good practice to collimate
the X ray beam to as small an area as possible for each projection, thereby
improving image quality and reducing patient dose. This requires radiographers
with a good knowledge of anatomy and good judgement of the wide variety of
patients to ensure that the region of clinical interest is included in each image,
without needlessly irradiating tissues that are not of interest. Care is required not
to collimate too tightly, which would increase the possibility of the region of
clinical interest being cut off, resulting in a repeated exposure and increased dose.

6.3.5.2.  Compression
The data in Section 6.3.2.3 clearly demonstrate the increase in scatter
fraction with patient thickness. Therefore, if the patient thickness can be reduced

during exposure, by applying a compression band for example, then the amount
of scatter will be reduced. This has further benefits, because a shorter exposure
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time can be used, reducing movement blur and patient dose. Alternatively, the
kV setting may be reduced, improving the contrast or SNR in the image. For
these reasons, among others, compression is routinely used in mammography
(see Section 9.3.2).

6.3.5.3.  Air gap

As described in Section 6.2.4, the use of an increased OID, or air gap, results
in magnification and a reduction in scatter fraction. This is because the divergent
scattered rays will be increasingly less likely to strike the image receptor as the
OID is increased, and are therefore much less likely than the primary rays to
strike the image receptor.

The effect of the OID on the scatter fraction is illustrated in Fig. 6.12.

+ Xp=5Gom
09 - Xp=08cm

Scatter fraction

o 10 20 30 a0 50 &0 o BO 80 100
Air gap (cm)

FIG. 6.12. Effect of air gaps (OID) on scatter fraction for a range of FIDs. Xp is the
source—patient exit distance. PMMA phantom of 20 cm thickness, X ray field size of
20 cm x 20 em, 90 kV.

6.3.5.4. Scanning slit

As explained in Section 6.3.2.2, the scatter fraction depends on the X ray
field size. Slot scanning systems take advantage of this to minimize the scatter
fraction by using a very small area X ray field with a slit aperture, which must
be scanned across the patient to produce the image. Such systems generally
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feature a pre-patient collimator to define the fan shaped beam, and a post-patient
collimator to intercept any scattered radiation produced.

For digital systems, the area detector may be replaced by silicon or similar
strip detectors, in which case the post-patient collimation is not required. These
systems may feature a single fan beam scanned across the region of interest,
or a number of fan beams. The latter allows for faster scanning and shorter
exposure times. The basic principle is illustrated in Fig. 6.13. These systems
are capable of good scatter rejection without the necessity for a grid, but require
smooth and precise movement of the collimator systems and stable X ray
generator performance. There is increased probability of artefacts compared with
conventional methods, and the longer exposure time required increases the risk
of movement blur in the images and reduces the life of the X ray tube.

X-ray tube
focal spot

Pre-patient collimator

Movement of
collimators during
exposure

/

«—Image receptor

Fan-beams

s

Post-patient collimator

T

FIG. 6.13. Principle of operation of a multislit scanning system for scatter reduction. The
image receptor and post-patient collimator may be replaced by strip detectors in digital
systems.
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7.1. INTRODUCTION

X ray images are formed as shadows of the interior of the body. Since it is
not yet practical to focus X rays, an X ray receptor has to be larger than the body
part to be imaged. Thus, the first challenge in making an X ray receptor is the
need to image a large area. A second challenge is to make a system that has an
image quality as good as that allowed by the physics, i.e. permits the detection
of objects whose size and contrast are limited only by the quantum statistics
(see Section 4.6). This means absorbing most of the X ray quanta and using these
in an efficient, i.e. a quantum noise limited, manner, while providing adequate
spatial resolution simultaneously.

The capture of an X ray image may conceptually be divided into three
stages. The first is the interaction of the X ray with a suitable detection medium
to generate a measurable response. The second is the temporary storage of
this response with a recording device. The third is the measurement of this
stored response. As an example, the stages for a screen film system are: (i) the
interaction of an X ray in a phosphor material followed by generation of visible
light photons, (ii) the subsequent creation of a latent image in the photographic
film by these photons, and, finally, (iii) the development of a fixed photographic
image. A fourth stage required for reusable systems (i.e. those not requiring
consumables such as film) is (iv) the erasure of all previous images within the
detection system in order to prepare for a fresh image.

The four steps for a digital direct conversion flat panel imaging system
are: (i) the absorption of an X ray followed by the release of multiple secondary
electrons in a photoconductor, (ii) drifting of the electrons and holes to individual
electrodes where they are stored, until (iii) the readout phase, when the charges
are transferred to amplifiers where they are digitized line by line. This approach
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is interesting, as the readout simultaneously, and without further effort, performs
the essential step (iv) erasure. Breaking up the stages in this manner is helpful
to the understanding of the physics of image acquisition, which itself is key to
the optimization of the receptor design and the understanding of fundamental
limitations on image quality. It is also key to developing an understanding of the
complementary strengths of the various approaches used in the past and currently
and which are likely to be used in the future.

7.2.  GENERAL PROPERTIES OF RECEPTORS

Before describing in more detail the properties of the different types of
image receptor used for projection radiography, it is necessary to consider
the various physical properties and quantities that are used to specify their
performance. Some of these have already been discussed in Chapter 4.

7.2.1. Receptor sensitivity

The initial image acquisition operation is identical in all X ray receptors.
In order to produce a signal, the X ray quanta must interact with the receptor
material. The probability of interaction or quantum detection efficiency, 4, for
an X ray of energy E is given by:

Ay =1—exp(-U(E,2)T) (7.1)
where

u 1s the linear attenuation coefficient of the receptor material;
Z is the material’s atomic number;

and 7 is its thickness.

As virtually all X ray sources for radiography emit X rays over a spectrum
of energies (see Chapter 5), the quantum detection efficiency must be specified
either as a function of energy or as an effective value over the spectrum of X rays
incident on the receptor. Figure 7.1 shows 4, plotted as a function of energy for
various T'values of selected receptor materials. 4, will, in general, be highest at
low values of E, decreasing with increasing E. At diagnostic X ray energies, the
main interaction process is the photoelectric effect because of the relatively high
Z of most receptor materials. If the material has a K atomic absorption edge, £,
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FIG. 7.1. Quantum detection efficiency, A o and Swank factor, A, for representative
examples of an X ray photoconductor a-Se, a screen phosphor, Gd,0,S, and the scintillator,
Csl. The curves are for the primary interaction using the photoelectric coefficient only; other
components adding to the Swank factor are discussed in the text. The thicknesses are for an
assumed 100% packing fraction of the material, which is realistic for a-Se and should be
increased by ~2 for a powder screen such as Gd,0,S, and by ~1.1-1.2 for an evaporated
structured Csl layer.

in the energy region of interest, then 4, increases dramatically at £, causing a
local minimum in AQ for E<E,.

The photoelectric interaction of an X ray quantum with the receptor
generates a high speed photoelectron. During the subsequent loss of kinetic
energy of the electron in the receptor, excitation and ionization occur, producing
the secondary signal (optical quanta or electronic charge). The sensitivity of
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any imaging system therefore depends both on AQ and the primary conversion
efficiency (the efficiency of converting the energy of the interacting X ray to
a more easily measurable form such as optical quanta or electrical charge).
Conversion efficiency can be re-expressed as the conversion factor, i.e. in terms
of the number of secondary particles (light photons in a phosphor or electron hole
pairs (EHPs) in a photoconductor) released per X ray. For a surprising number
of materials and systems, this is ~1000 quanta or EHPs per 50 keV X ray. The
conversion factor is closely related to the intrinsic band structure of the solid
from which the receptor is made, as shown in Fig. 7.2. In all receptor materials,
the valence band is almost fully populated with electrons and the conduction
band is practically empty. The forbidden energy gap, E,, governs the energy
scale necessary to release a mobile EHP, i.e. to promote an electron from the
valence band to the conduction band. Although E, is the minimum permitted
by the principle of conservation of energy, this can be accomplished only for
photons of energy E,. For charged particles releasing energy (e.g. through the
slowing down of high energy electrons created by an initial X ray interaction),
the requirements of conserving both energy and crystal momentum, as well as
the presence of competing energy loss processes, necessitate ~3E_ to release
an EHP. Thus, in Fig. 7.2(a) for a photoconductor (generally a material with
E,~2eV — the minimum energy at which the thermally excited dark current is
negligible), the maximum number of EHPs is 50 000/(2 eV % 3) ~ 8000 EHP. This
is possible for good photoconductors, but for the only practical photoconductor
used in commercial systems at this time (a-Se), there are other losses (primarily
to geminate recombination, i.e. the created EHPs recombine before separation by
the applied electric field), which limit it to ~1000-3000 EHPs, depending on the
applied electric field.

conduction band conduction band
, 1 . 1 1
] ! % | ! T
conduction band Er~1eV & J Wt
zelearon Forbidden Stimulating
* gap ~7ey Metastable "6 ignt
electron
trapping
g Forbidden v v state
9 gap ~2eV x-ray \ A \ 7 A
excitation y,, Eg Ny, ‘
direct . x-ray
v | ﬂuorescenceEF 2eV excitation Photostirnulated Ep2ev X-ra)
“ hole blueﬂunrescence‘ excitation
v v
valence band A 4 Forbidd
Activator Activator orbidden
site site gap ~7eV
v
valence band valence band
(a) Photoconductor (b) Activated phosphor (c) Photostimulable activated phosphor

FIG. 7.2. Band structure of photoconductors, activated phosphors and photostimulable
phosphors.
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In phosphors (scintillators are another name for phosphors, usually used
when in a crystalline or dense mass), the band gap is usually much higher
(~8 eV), so the intrinsic conversion factor is typically lower — only ~2000
EHPs are released (50 000/8 eV x 3), which, however, in an activated phosphor
results in emission of only slightly fewer (1800) light photons. Additional
optical losses due to light absorption in the phosphor layer (sometimes with an
intentionally included dye) and/or non-reflective backing, dead space between
the photoreceptors (fill factor) and non-ideal quantum detection efficiency of the
photoreceptors, further reduce the light per X ray. This typically results in ~1000
EHPs collected in the photoreceptor for our prototypical 50 keV X ray.

7.2.2. Receptor X ray noise

All images generated by quanta are statistical in nature, i.e. although the
image pattern can be predicted from the attenuation properties of the patient, it
will fluctuate randomly about the mean predicted value. The fluctuation of the
X ray intensity follows Poisson statistics, so that the variance, 6%, about the mean
number of X ray quanta, N, falling on a receptor element of a given area, is equal
to N,. Interaction with the receptor can be represented as a binomial process,
with probability of success, A, and the distribution of interacting quanta is still
Poisson, with variance:

2= N, (72)

If the detection stage is followed by a process that provides a mean gain, g,
then the distribution will not be Poisson even if g is Poisson distributed. It is also
possible that other independent sources of noise will contribute at different stages
of the imaging system. Their effect on the variance will be additive. A complete
linear analysis of signal and noise propagation in a receptor system must also
take into account the dependence on spatial frequency of both the signal and the
noise.

It is important that the number of secondary quanta or electrons at each stage
of image production is considerably greater than N, to avoid having the receptor
noise dominated by a secondary quantum sink. Consideration of the propagation
of noise is greatly facilitated by consideration of a quantum accounting diagram,
examples of which are shown in Fig. 7.3. The concept is that the noise from
each stage of the imaging system is related to the number of secondary quanta or
electrons at each stage; so ideally there should, for all stages, be many more (if
possible exceeding 1000) such secondary quanta or particles representing each
primary quantum (i.e. X ray). The point at which this number is lowest is the
secondary quantum sink. It will be seen that the examples given, all of which are
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FIG. 7.3. Quantum accounting diagrams for screen film, CR (computed radiography) with a
[flying spot scanner and flat panel digital radiography. The vertical axis represents the average
number of quanta or individual particles (electrons or film grains) representing the initial
absorbed X ray (assumed to be of 50 keV) at each stage in the imaging system. The critical
point for each modality is where the minimum number of quanta or EHPs represents a single
X ray. For flat panel systems this is ~1000, while for screen film it is 20 and only 5 for CR. This
is the weakest link.

used commercially, have at least five secondaries per primary, but it is very easy
to find systems in which this is not the case, such as non-intensified fluoroscopy
or some optically (lens) coupled radiographic X ray systems.

The noise in X ray images is related to the number of X rays per pixel
in the image and hence to the X ray exposure to the receptor. However, the
relative noise can be increased by lack of absorption of the X rays, as well as
by fluctuations in the response of the receptor to those X rays that are absorbed.
There are also unavoidable fluctuations in the signal produced in the detection
medium, even when X rays of identical energy interact and produce a response.
These are caused by the statistical nature of the competing mechanisms that
occur as the X ray deposits energy in the medium. Together, they give rise to a
category of noise known as gain fluctuation or Swank noise. The gain fluctuation
noise can be determined experimentally using the pulse height spectrum (PHS).
From this, the Swank factor, 4, is obtained as a combination of the zeroth, first
and second moments (M, ) of the PHS, using the formula:

M,?
MM, (7.3)
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The ideal PHS, obtained when all absorbed X rays give rise to equal
amounts of signal, results in a delta function and a Swank factor of unity.
However, in practice, there are a number of effects that may broaden this
spectrum, resulting in a Swank factor of less than unity. Figure 7.1 shows A
values for various receptor materials and thicknesses chosen to encompass
a range that is technologically possible and therefore may be encountered in
practice. These are calculated values and are for the photoelectric effect only,
which effectively means that only K escape is accounted for. K escape is the
emission of a K fluorescent X ray following a photoelectric interaction, which
then escapes from the receptor without depositing further energy. As the energy
of the K fluorescent X ray is below the K edge, it has a smaller interaction
probability than the original incident X ray photon (see Section 2.2.1). The range
of values of A varies from 0.7 to 1.0. Further losses due to optical effects will be
seen in screens, and other losses in photoconductors due to trapping of charge.
Swank demonstrated that, for many situations, the combination of factors can
be performed simply by multiplying the component factors. For example, the K
escape Swank factor can be multiplied by the optical Swank factor to obtain the
overall Swank factor. Theoretically, for an exponential PHS, which can occur
for screens with very high optical absorption, the optical value can be as poor as
0.5, resulting in a range of 0.5-1.0 for the optical effects. Overall, therefore, the
possible range of receptor Swank factors for screens is 0.35—1.0.

The noise due to both quantum absorption and gain fluctuations can be
combined to create the zero spatial frequency detective quantum efficiency
(DQE)(0), which is given by:

DQE(0) = 4 (7.4)

Owing to its importance, it is worth reiterating that the DQE(0) is the
effective quantum detection efficiency obtained when the noise in the measured
image is compared with what it would be if it were an ideal (perfect) absorber
and there was no gain fluctuation noise.

7.2.3. Greyscale response and dynamic range

The greyscale response used for an imaging system has to do with the
physics of X ray detection, the imaging task to be performed and, the most
difficult part, the response of the human eye—brain system to optical images. In
practice, many of the decisions made by system designers are empirical rather
than entirely from theoretical analysis. However, some rules of thumb can be
helpful.
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Regarding human vision, there is a spatial frequency range in which the
human eye is most acute. This is an intermediate frequency range, neither too
low nor too high. Regarding intensity, it is, as for all human senses, essentially
logarithmic in its response, i.e. it is fairly good at seeing fractional differences,
provided these are directly juxtaposed. Otherwise, the human eye is quite poor at
quantitative evaluations of intensity. In order to separate the subjective eye—brain
response from the more quantitative issues, it is usual to leave out (in the case of
inherently non-linear systems such as film), or to correct for, the optical display
part of the system that has a non-linear response (e.g. cathode ray tube viewing
monitors or liquid crystal flat panel displays). Only then can most systems be, for
practical purposes, modelled as being linear.

The greyscale response is usually expressed as the characteristic curve, a
plot of the response of the system to a stimulus; for example, in fluoroscopy this
would be the optical intensity at the video monitor plotted as a function of the
irradiation of the sensor at the corresponding point in the image.

The range of intensities that can be represented by an imaging system is
called the dynamic range and depends on the pixel size that is used, in a manner
that depends on the modulation transfer function (MTF). However, for any pixel
size, the dynamic range for an X ray imaging task can be broken down into two
components. The first describes the ratio between the X ray attenuation of the
most radiolucent and the most radiopaque paths through the patient appearing
on the same image. The second is the required precision of the X ray signal
measured in the part of the image representing the most radiopaque anatomy. If,
for example, there is a factor of 10 in attenuation across the image field and it is
desired to have 10% precision in measuring the signal in the most attenuating
region, then the dynamic range requirement for the receptor would be 100.

The dynamic range that can be achieved by a practical linear imaging
system can be defined in terms of the response at the output referred back to the
input in terms of the X ray exposure:

Dynamic range = KX (7.5)
X

noise

where X is the X ray exposure providing the maximum signal that the receptor
can respond to before saturation (i.e. that point where the receptor output ceases
to respond sensibly to further input), and X,  is the root mean square receptor
noise in the dark (i.e. no X ray exposure).

X rays are attenuated exponentially; thus, an extra tenth-value layer
thickness of tissue will attenuate the beam by 10, while a lack of the same
tenth-value thickness will increase the X ray exposure by 10. Thus, when a mean
exposure value, X for the system is established by irradiating a uniform

mean’
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phantom, we are interested in multiplicative factors above and below this mean
value; i.e. X 1s a geometric rather than arithmetic mean. For a dynamic range
of 100, the correct range is that given by the geometric mean of 10X __ and
0.1X ..., not that given by the arithmetic mean which would be ~2X__ ~and
0.02X

mean”

7.2.4. Receptor blur

Spatial resolution in radiography is determined both by the receptor
characteristics and by factors unrelated to the receptor. The latter includes
unsharpness (blurring) arising from geometrical factors such as: (i) penumbra
(partial X ray shadow) due to the effective size of the X ray source and the
magnification between the anatomical structure of interest and the plane of the
image receptor (see Section 6.2.3.4) and (ii) motion blurring due to relative
motion of the patient with respect to the receptor and X ray focal spot. In the
overall design of an imaging system, it is important that these other physical
sources of unsharpness be considered when the aperture size and sampling
interval are chosen. If, for example, the MTF is limited by unsharpness due to
the focal spot, it would be of little value to attempt to improve the system by
designing the receptor with much smaller receptor elements.

The major issues relating to receptor blur are summarized in Fig. 7.4.
They include the fundamental issues arising within any material, which are (i)
geometrical blurring due to oblique incidence of X rays, which is especially
marked far from the central ray (i.e. the X ray that strikes the receptor normally),
(ii) the range of the primary electron — the primary electron usually gives up its
energy in small amounts, ~100-200 eV at a time, but this is sufficient to scatter
the electron at any angle, thus the path of the primary is usually a random walk
and it does not go so far from its initial point of interaction, with a separation of
~1 um for 10 keV electrons and ~50—100 pm for 100 keV electrons, depending on
the medium in which it is absorbed, and (iii) the reabsorption of K fluorescence
X rays some distance from the primary photoelectric interaction, something that
is likely because of the general rule that a material is relatively transparent to its
own K fluorescence, owing to the minimum in attenuation below the K edge. In
addition, there are material dependent effects specific to direct conversion and
indirect conversion receptors, shown in Figs 7.4(d)—(f) and (g)—(1), respectively.
Also to be considered in digital systems are the effects of the del aperture and
sampling interval.
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FIG. 7.4. Mechanisms of resolution loss in layer receptors. Images: (a)—(c) general to all
receptors, (d)—(f) for direct conversion layers (photoconductors); (g)—(l) indirect conversion
types — powder phosphor screens and structured phosphors (usually called scintillators).
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7.2.5. Fixed pattern noise

It is important that the radiographic imaging system provides uniformity,
i.e. the sensitivity is constant over the entire area of the image. If this is not the
case, patterns that might disrupt the interpretation of the image will result. This
is fixed pattern noise. In an analogue imaging system, great pains must be taken
in the design and manufacture of receptors to ensure that they provide a uniform
response. In digital systems, post-processing can be often be used to alleviate
manufacturing limitations in uniformity.

In a linear imaging system, the fixed pattern noise, which can be expressed
as a pixel to pixel variation in gain and offset (often because of a dark current
in the related sensor), can, in principle, be corrected and the effect completely
eliminated. The procedure is to correct patient images using dark field
(unirradiated) and bright field (uniformly irradiated) images.

7.3. FILM AND SCREEN FILM SYSTEMS

In using a screen film receptor to take an X ray image, a radiographer must
load a film into a cassette, carry the cassette to the examination room, insert the
cassette into the X ray table, position the patient, make the X ray exposure, carry the
cassette back to the processor to develop the film, wait for the film to be developed
and, finally, check the processed film for any obvious problems, to ensure that the
film is suitable for making a medical diagnosis before returning to the X ray room.

7.3.1. Systems
7.3.1.1.  The screen film combination and cassette

The screen film combination consists of phosphor screen(s) and film designed
to work together enclosed within a cassette. The cassette can be opened (in a dark
environment) to allow the film to be inserted. When the cassette is closed, the film
is kept in close contact with the screen, or, more commonly, a pair of screens,
facing towards the film, as shown in Fig. 7.5.

Incident X rays first pass through the front of the cassette before reaching
the screens. When they interact in the screen, some of the energy deposited is
converted to light, which can travel from the interior of the screen to the screen
surface, where it enters the optically sensitive part of the film called the emulsion
and transfers its information into a latent image in the film. The film is then
removed from the cassette and developed, so that the latent image is converted to a
permanent image in the form of silver deposited in the emulsion layer of the film.
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FIG. 7.5. Screen film receptor: (a) opened cassette showing placement of film and position
of screens, and (b) cross-sectional view through a dual screen system used in general purpose
radiography with the film sandwiched between two screens.

In Fig. 7.5(a), a film is shown in the open cassette. In most cases, as shown
in Fig. 7.5(b), two screens face the film, which has two emulsions — one on
either side of the film base with an antihalation layer placed between the two
emulsions. During X ray exposure, the antihalation layer is opaque and prevents
light crossing over from one emulsion to the other, thus reducing ‘cross-talk’
and hence blurring. The opaque antihalation layer is removed during the film
development, rendering the film transparent for subsequent viewing. For the
highest resolution (e.g. mammography), a single screen in the back of the cassette
may be used in contact with a single emulsion film (see Section 9.4.1).

Film emulsions can be used as direct receptors for X ray images. The
earliest X ray images were taken with film alone. In fact, film was used in this
way for mammography up to the 1960s. The sole remaining clinical application
for film without screens is in dental radiography using intraoral films. However,
the X ray absorption efficiency of such films is relatively poor (~1-5%). Thus,
currently, all diagnostic X ray film images are obtained using screen(s) in
conjunction with the film.

7.3.2. The screen
7.3.2.1.  Screen structure

The screen structure is shown in Fig. 7.5(b). Phosphor grains are combined
with a polymer binder and deposited on a substrate or backing. The ratio of
binder volume to phosphor volume in the mixture controls the fractional volume
of the phosphor layer finally occupied by air pockets or voids. Typically, the
binder is nitrocellulose, polyester, acrylic or polyurethane and the plastic
support or backing material is also a polymer, e.g. polyethylene terephthalate,
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200—400 pm thick. The use of a black or white backing permits adjustment of
the reflectivity and absorptivity at the phosphor interface. In most screens, the
typical phosphor grain size is 3—8 um. Usually, a very thin transparent protective
layer is subsequently applied to complete the screen structure.

7.3.2.2.  Phosphor

Screen film systems employ a phosphor in the initial stage to absorb X rays
and produce light. As shown in Fig. 7.2(b), phosphors work by exciting electrons
from the valence band to the conduction band, so creating EHPs, which are free
to move within the phosphor. Some of these will recombine without giving off
any radiant energy. However, in an activated phosphor, most (>90%) EHPs will
recombine at an activation centre (created by atomic impurities called activators)
and, in the process, emit light. The specific colour of the light emitted is related to
the optical transitions in the activator. By changing the activator, the light colour
can be changed. Since light photons each carry only a small amount of energy
(~2-3 eV), many light photons can be created from the absorption of a single
X ray, resulting in significant quantum amplification.

This quantum amplification is the conversion gain of the phosphor. The
original screens used until the 1970s were calcium tungstate (CaWO,), which is
naturally activated and hence not particularly efficient and emits light in the deep
blue and UV radiation. More recently, rare earth phosphors with explicit centres
for the emission of light at the activator site have resulted in the most commonly
used material, gadolinium oxysulphide (Gd,0,S:Tb with Tb in dilute amounts
(0.1-1% as an activator)). For Gd,0,S, an X ray photon energy of 50 keV is
equivalent to that of ~20 000 green light quanta (£ = 2.4 eV), although, as a
result of losses, typically only 1800 are produced in practice. The green emission
from the rare earth phosphors has also required a change from conventional film
in two regards. Firstly, ordinary film is sensitive only in the blue and requires
additional sensitization to be green sensitive; it is then called orthochromatic.
Secondly, green light is far more penetrating than blue light and so requires an
antihalation layer to prevent crossover of images between emulsions.

7.3.2.3.  Thickness

The choice of the thickness of a radiographic screen has to balance
(i) the increase in AQ with thickness, which favours a thick screen, and (ii) the
efficient escape of light and, usually more importantly, blurring due to spreading
of light, which favours a thin screen. In order to create a sharp X ray image,
a transparent phosphor screen would be ineffective, since light could move
large distances within the phosphor and cause excessive blurring, as shown in
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Fig. 7.4(g). Instead, X ray screens are made to be highly scattering (turbid). This
is accomplished by using high refractive index phosphor grains embedded in a
low refractive index binder. Once a light photon exits a grain, it tends to reflect
off the neighbouring grain surfaces rather than passing through them. Thus, the
lateral spread of the light is confined by diffusion (multiple scattering), which
helps to maintain the spatial resolution of the phosphor layer. Items (h) and (i)
of Fig. 7.4 illustrate schematically the effect of phosphor thickness on the spatial
resolution of a turbid phosphor screen.

Owing to the presence of the binder material, the amount of phosphor
present in a screen is usually quoted in terms of the screen loading or areal
density, which is the mass of phosphor per unit area of the screen. Typical values
for Gd,0,S phosphor screens or screen pairs range from 20 to 200 mg/cm?,
depending on the application.

7.3.2.4. Optical design

The possible optical designs for the screen structure are shown in
Figs 7.4(g)—(k), which illustrate how the resolution is related to the design.
Screen film combinations are not very efficient at absorbing X rays because there
is such a severe trade-off between resolution and quantum detection efficiency.
Only if it is acceptable to have a relatively blurred image is it possible to use a
screen thick enough to be efficient in absorbing X rays. High resolution screen
film combinations absorb no more than ~10-20% of the X rays, whereas general
purpose screens may absorb ~30-40%. Since the X rays also pass through the
film, some darkening will be developed as a result of direct interactions of X rays
with the film emulsion. Usually, this is so small that it can be ignored.

The optical design of a phosphor screen critically affects its imaging
performance. Factors such as phosphor grain size, size distribution, bulk
absorption and surface reflectivity, as well as intentionally entrained tiny bubbles
to increase scattering, can have significant effects on image quality. The thickness
of the protective overcoat layer can also affect the spatial resolution of the screen.
Optical effects are used to change the imaging properties of the screen. For
example, as shown in Fig. 7.4(j), an absorptive backing helps reduce blurring by
preferentially absorbing the photons with a long path length, but at the cost of
reduced overall conversion efficiency. With a reflective backing, most of the light
escapes the front of the screen and is available to be recorded. Light absorbing
dye can be added to the screen to enhance the resolution, as shown in Fig. 7.4(k).
This is similar but not identical in effect to an absorptive backing.
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7.3.3. Photographic film and the photographic process

Photographic film is a unique material that is sensitive to a very few quanta
of light. While at normal ambient temperature, it can record a latent optical image
from an exposure of a fraction of a second, maintain this latent image for months,
and eventually be developed without significant loss of information. It is also
used as a display and archiving medium.

7.3.3.1.  Film structure

The photographic process uses a thin layer (called the emulsion) of
silver halide crystals (called grains) suspended in gelatine and supported on a
transparent film base, as shown in Fig. 7.5(b). The grains are primarily silver
bromide (~95%) with the balance being silver iodide and sometimes trace
amounts of silver chloride. The grains are of variable size (micrometre) and shape
(cubic or tabular, i.e. flat), depending on the application. The film base thickness
is standardized to about 180 um, to allow smooth transport through automatic
film processors; the emulsion is typically 3—5 um thick and can be on one (single
sided) or both (double sided) sides of the base. During the manufacturing process,
the grains are sensitized by introducing sensitivity specks on to the grains by
reaction with sulphur compounds.

7.3.3.2.  The photographic process

The key feature which gives unexposed film its long shelf life is that more
than one light photon must impinge on an individual silver halide crystal grain
in order to create a stable latent image. A single light photon creates an electron
that is trapped for a short time (about a second) in a unique point on the grain
called the sensitivity speck. If no other photons are absorbed by this grain, then
the electron will escape from the grain. However, if a few more electrons (the
exact number depends on various factors) are released in the same grain within
this time, the electrons stabilize each other at the sensitivity speck and a latent
image (i.e. a quasi-permanent precursor to an optical image) is established. The
multielectron process is key to understanding not only the long shelf life and the
non-linear response of film to light, but other behaviours, described later, such as
reciprocity failure.

7.3.3.3.  Development of the latent image

After exposure of the film to light, the latent image is formed at the
sensitivity specks on the individual film grains. Film processing converts the
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latent image to a viewable permanent image. Film processing can be split into
three phases — development, fixing and wash. These processes are facilitated by
suspension of the grains in a thin layer of water-permeable gelatine supported on
a flexible substrate. Chemicals are transported to the crystals without disturbing
their positions when the film is dipped into chemical solutions. The development
process turns a sensitized transparent crystal of silver halide grain into a speck
of metallic silver that absorbs light and is, therefore, opaque. Since these grains
are very small (<1 pm), light absorption dominates over reflection, because of
multiple scattering, and they appear black in the same way as any finely powdered
metal. The gain of the system in terms of the number of silver halide molecules
converted into metallic silver per absorbed light photon is an extremely large
number (>10%), which is the basis of its uniquely high sensitivity.

7.3.3.4.  Fixing of the image

After the latent image has been developed, the unexposed, and therefore
undeveloped, transparent silver halide crystals remain within the gelatine layer.
Thus, the emulsion is still sensitive to light and, if further exposed, would
sensitize the grains, which could self-develop and change the image. During the
fixing stage, these undeveloped silver halide crystals are dissolved and removed
chemically, thereby fixing the image.

7.3.3.5.  Wash — making it archival

Next after fixing is the water wash, where the processing chemicals and
any remaining dissolved silver halide are removed, leaving only the insoluble
silver grains embedded in pure gelatine. Drying removes the excess water solvent
from the gelatine and results in a completely permanent archival material known
as photographic film.

7.3.3.6.  Automated processor design

While the development process can be performed manually with trays filled
with chemical solutions for a few images per day, or deep tanks for more images,
these are very labour intensive processes that are difficult to control. Automated
processors are therefore used, which are much faster in operation (typically 90 s
from introducing the exposed film to receiving the dried image) and are suitable
for maintaining consistent image quality by keeping not only the speed point but
also the complete characteristic curve consistent (see Section 7.3.4.3).

The basic concept is to use deep processing tanks kept at a constant
temperature, and rollers immersed in the tanks to transport the film and ensure
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that it is subjected to consistent processing conditions. A key additional process
is the drying step, which means that the film can be viewed as soon as it emerges
from the processor. In practice, the simplest arrangement is for the processor to
be built into the wall of the dark room with film removed from the cassette by a
darkroom technician and a final image deposited in a tray outside the darkroom.
The cassette is brought into the darkroom by an interlocked pass through or
light lock, which permits darkroom technicians to keep their eyes dark adapted
and reduces the risk of accidental exposure. In more advanced departments, the
darkroom can be completely eliminated and the film removed from the cassette
and reloaded by an automated system. Artefacts related to the automatic film
processors include picking up of unwanted debris, resulting in dust specks on
the developed film, and periodic variations in the intensity of the film (roller
marks), which arise primarily from the variation in speed in the tanks arising
from the difficulty of manufacturing and maintaining the rollers to be exactly
round and smooth. In some dry environments, electrostatic discharges can cause
characteristic artefacts.

7.3.4. Greyscale characteristics of film images
7.3.4.1.  Optical density

A film radiograph is an image of the incident pattern of X radiation in which
the distribution of the number of developed grains is related to the distribution
of the number of X rays incident on the receptor. When viewed on a viewbox
(source of back illumination), the developed grains reduce the light transmission
through the film so that the viewed image is a negative. The transmission of light
through a film, or more precisely its inverse, the attenuation, is expressed as the
optical density (OD), which is defined by:

oD— gL (7.6)
IT

where 7. is the intensity of light transmitted through the film resulting from the
intensity of light, 7, incident on it and Ig is the common logarithm (base 10). Thus,
for I/I. = 10, the corresponding OD = 1. The transmissions of two absorbers
placed in sequence in an optical path are multiplicative, so that the logarithms are
additive. Thus, two films each of OD = 1 would have a total OD = 2.

Although the reason for a negative image is purely historical and
determined by the nature of the photographic process, the display of images on
digital systems where there is freedom to change is usually very similar to that
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found with film. This is no accident, as the look of radiographic film has been
tailored over the years to be optimum for its purpose of displaying the image
most efficiently to the human observer.

7.3.4.2.  Densitometry, sensitometry

In a radiology department dependent on screen film, the instability of film
processing systems is the single most problematic aspect. Maintaining a match in
characteristics between films processed from one day to the next, from morning
to afternoon, and from one film processor to another is an essential task called
film quality control (see also Chapter 19). This requires daily monitoring of the
processor with the exposure of a film from a standard batch using a standardized
step wedge with a sensitometer, and measurement of the developed film with
a densitometer. Essential to this approach is the consistent testing at the same
time each day, measurement of the temperature of the solutions and keeping them
chemically fresh. It is also essential to establish predetermined quantitative action
points and to take associated actions to correct any deficiencies.

7.3.4.3.  Hurter and Driffield curve

The curve that relates the OD of the film to the logarithm of the exposure is
known as the characteristic curve or the H&D curve, after Hurter and Driffield,
who first introduced its use. Figure 7.6 shows the H&D curve for a screen film
receptor. The form of the curve can be explained as follows. For photographic
films there is some film density, known as base plus fog, even in the absence
of any exposure. The base component is the transmission of the film substrate
or base. The fog is the absorption in the emulsions due, primarily, to unwanted
self-development of grains unexposed to light. Together, base plus fog in fresh
films are ~0.3 OD or less. A small amount of light will have difficulty in creating
any kind of developable image, because of the metastability of single electron
excitations. Thus, small amounts of light cause little darkening of the film. When
enough light is incident, the film starts to develop (the toe), then it responds
more rapidly and the approximately straight line part of the curve emerges. The
gradient or gamma of the curve (i.e. its slope) actually varies continuously with
OD. Once there is sufficient light to develop most of the grains, then saturation
begins, giving rise to the shoulder of the curve, i.e. a flattening at high exposure.
The characteristic curve can be modified in many ways. The film designer can
adjust the slope and/or sensitivity of the curve, allowing adaptation to different
applications by changing the grains, size distribution and grain loading of the
film and the development process. The latitude of a film is the range of exposures
for which a sensible response of OD occurs. In practice, it is measured between
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the end of the toe and the beginning of the shoulder. It is desirable that the
gamma be as large as possible, to show low contrast objects while simultaneously
maximizing the latitude. Satisfying these conflicting requirements is the art of
producing a satisfactory film design. Typical values of gamma for radiography
are in the range of 2-3.

When X rays are used to irradiate film directly, an X ray interacting with
a silver grain in the emulsion can deposit sufficient energy to create a primary
electron, which will, in turn, deposit its energy in the immediate neighbourhood.
This will potentially create enough electrons within each of the 10-100 grains
near to the primary interaction to sensitize each to the point that it will be
developable. Thus, the optical H&D response is bypassed and the initial response
to X ray absorption is linear in exposure. In addition, there is little risk of image
fading or reciprocity failure, which accounts for its usefulness as an imaging
radiation dosimeter.

7.3.5. Reciprocity

An image receptor that produces the same response for a given exposure,
independent of the exposure time, is said to exhibit reciprocity. Film has
remarkably good reciprocity in the range of exposures normally used in
photographic cameras, i.e. from ~0.001 to 0.1 s. This also covers most exposure
times encountered in medical radiography. However, for the very long exposure
times of 2-5 s used in conventional film tomography and mammography,
reciprocity failure can be important. The reason for reciprocity failure lies
in the photographic process — the photographic grain is designed not to be
sensitized unless sufficient light falls on it in a short time. Although this saves it
from fogging in the dark, the by-product is reciprocity failure at long exposure
times. Specifically, this means that a long exposure will need a longer time than
extrapolation by reciprocity from shorter exposure would indicate. This can be of
the order of a 30—40% increase in time for exposures of 25 s.

7.3.6. Screen film imaging characteristics

There is a dependence of speed (i.e. relationship between darkening of
film to radiation) and beam quality for screen film systems, which is usually
compensated for by the phototimer having ‘knowledge’ of the generator
settings. Thus, it is not usually evident on a well calibrated system. For example,
for a Gd,0,S screen with a K edge of ~50 keV and absorption of ~40% at its
‘sweet spot’ of 80 kV and usual filtration, the speed is maximized. Speed drops
somewhat with increased kV, but more significantly at lower kV. Similar results
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FIG. 7.6. Characteristic curves, MTF, noise power spectrum (NPS) and DQE for screen film,
computed radiography (CR), direct conversion flat panel systems and indirect conversion flat
panel systems.
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are found for most screen film combinations, with the sweet spot depending on
the K edge of the primary X ray absorber(s) in the screen.

Key factors in the design of a screen film cassette are, firstly, excellent
contact between the screen and the film to prevent blurring or loss of light and,
secondly, the front surface of the cassette must be easily penetrated by X rays
and not cause scatter. Often there is a lead layer at the back of the cassette to
control X ray backscatter from external objects whose highly blurred image
could otherwise be superimposed. Film requires 3—10 photons per grain
before a developable grain can be created, corresponding to an effective DQE
(see Section 4.6.2) for light of a few per cent. Fortunately, the gain of the screen
in terms of the light photons released per complete absorption of an X ray photon
is of the order of 800 (for mammography ~20 keV) and 2000 (for diagnostic
energies ~50 keV). Thus, the effective quantum gain of X rays to developable
grains in the film is 800-2000 x 1-2% or 8—16 grains per X ray for mammography
and 2040 grains per X ray for general radiography. This is the information on
which the quantum accounting diagram for screen film was established (Fig. 7.3).

Each X ray interacting with the screen creates many light photons, but
because of the small size of the film grains (<1 um) compared with the screen
blurring (~100-500 pm), usually only one, or at most a few, light photons from
the same X ray will interact with each individual grain. Thus, there will be
essentially no correlation between individual X ray events and individual grains,
resulting in the same shape of the response curve for the screen film system when
irradiated by X rays as for the film when irradiated by light (i.e. the optical H&D
curve as measured with a sensitometer colour matched to the emission of the
phosphor). This is a key point in validating film sensitometry for radiography.

The variation of the probability of X ray interaction with depth in the
phosphor screen is exponential, so that the number of interacting quanta and the
amount of light created will be proportionally greater near the X ray entrance
surface. The highest resolution screen film systems are therefore generally
configured from a single screen placed such that the X rays pass through the
film before impinging on the phosphor. This back screen configuration improves
the spatial resolution of the final image compared with the alternative front
screen configuration. (It can be noted that owing to the thickness (~0.7 mm) of
the standard glass substrate currently used for active matrix fabrication, and its
consequent significant absorption of X rays, flat panel systems are all configured
in the front screen orientation.) However, for all but the highest resolution
requirements, dual screens are used, as they can make a better trade-off between
high quantum detection efficiency and high resolution. Screen nomenclature
always stresses the positive. A high resolution and low 4, screen is referred to as
a high resolution screen; a low resolution screen has a high Aq
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7.3.6.1. MTF, NPS and DQE of screen film systems

The MTF of screen film primarily depends on the need of the application.
It can be excellent, especially as measured by the single criterion of limiting
resolution (usually defined at the frequency, f, for which the MTF(f) drops to
4%). The variation of MTF with screen thickness/loading is very significant.

Figure 7.6 shows the variation of MTF with spatial frequency f for two
double screen systems for different applications (Lanex Fine for high resolution
— bone — and Lanex Regular for general radiography) and hence different
screen thicknesses and optical design. Digital systems have only recently been
able to approach their capabilities. It was controversial for many years as to
whether or not high frequency information available only in screen films was
necessary in mammography. The answer to this question is obtained by looking
at the NPS for screen film, also shown in Fig. 7.6, which demonstrates that the
noise at high spatial frequency reaches an asymptote where the noise is white and
quantum noise is negligible, owing to the negligible MTF of the screens at these
frequencies. This is seen to be a factor about 20 times lower than the noise power
extrapolated to zero spatial frequency.

This result could have been predicted from the quantum accounting
diagram (Fig. 7.3), which shows that the secondary quantum sink is 20 silver
grains per absorbed X ray. The serious consequence for the DQE of screen film,
also shown in Fig. 7.6, is that the DQE shows an extremely rapid drop off with
f, which results in merging of the standard and high resolution screens above
f=2.5mm™, to an essentially negligible value, despite the high resolution screen
showing a noticeable MTF, even at / = 10 mm™".

7.4. DIGITAL RECEPTORS
7.4.1. Digital imaging systems

In a digital imaging system, at some stage, the incident X ray image must
be sampled in both the spatial and intensity dimensions. In the spatial dimension,
samples are obtained as averages of the intensity over receptor elements or dels.
These are usually square and spaced at equal intervals throughout the plane of
the receptor. The pixel is the corresponding elemental region of the image. In the
intensity dimension, the signal is digitized into one of a finite number of levels,
which are expressed in binary notation as bits. To avoid degradation of image
quality, it is essential that the del size and the bit depth, n (when 7 is given by 2"),
are appropriate for the requirements of the imaging task. The matrix size or the

167



CHAPTER 7

coverage of the array is different, depending on the application and the size of the
body part to be imaged and the magnification.

The fractional area of the del that is active has an upper limit of unity
but can often be smaller than that, because of a reduced fill factor. The linear
dimension of the active portion of each del defines an aperture. The aperture
determines the spatial frequency response of the receptor. If the aperture is square
with dimension d, then the MTF of the receptor will be proportional to |sinc(7fd)|
times the intrinsic MTF of the equivalent analogue receptor, where f'is the spatial
frequency along the x or y direction, and the MTF will have its first zero at the
frequency f'= 1/d, expressed in the plane of the receptor.

For example, a receptor with d = 200 um will have an MTF with its first
zero at f=5 cycles/mm. Also of considerable importance is the sampling interval,
p, of the receptor, i.e. the pitch in the receptor plane between corresponding
points on adjacent dels. The sampling theorem states that only frequencies, f, in
the object less than <1/2p (the Nyquist frequency, £,) can be faithfully imaged.
Thus, if the pattern contains higher frequencies, then a phenomenon known as
aliasing occurs, wherein the frequency spectrum of the image beyond the f
is mirrored or folded about the £ in ‘accordion-like’ fashion and added to the
spectrum of lower frequencies, increasing the apparent spectral content of the
image below f, (see Section 4.2.3).

It is important to realize that both signal and noise can show aliasing effects.
In a receptor composed of discrete elements, the smallest possible sampling interval
in a single image acquisition is p = d. Even in this most favourable case, £, = 1/2d,
while the aperture response only falls to zero at 2f, . If the del dimension is less than
the sampling interval, then the zero is at >2f,, further increasing the aliasing.

In Fig. 7.7, the phenomenon of aliasing is demonstrated with an image
of a radiographic bar pattern. Aliasing can be avoided by band limiting the
image before sampling, i.e. attenuating the higher frequencies such that there
is no appreciable image content beyond f;. This may be accomplished by other
blurring effects intrinsic to the receptor. These mechanisms can have different
effects on the noise and signal and may not necessarily reduce noise and signal
aliasing in the same manner.

7.4.2. Computed radiography

In computed radiography (CR) (Fig. 7.8), the imaging plate (a screen
made using a photostimulable phosphor) is positioned in a lightproof cassette
exposed to a patient X ray image and then produces a digital image in a system
that extracts the exposed plate from the cassette while protecting it from ambient
light, reads it out, erases the image and returns it to the user in the cassette ready
to be reused. CR belongs to a class of systems that could be called reusable plate
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technologies, and directly replaces screen film. There are currently no competing
technologies for the reusable plate, despite the fact that the image quality of CR
is poorer than for digital radiography (DR) (see Section 7.4.3) and that it requires
a longer exposure to produce acceptable images.

FIG. 7.7. Aliasing effect on the image of a bar pattern. Top: original. Centre: the pixel pitch
is sufficiently small and all bar patterns are resolved correctly despite some blurring. Bottom:
the pixel pitch is too large to resolve the finest bar pattern and aliasing occurs.

FIG. 7.8. CR system based on the use of reusable photostimulable phosphor plates housed in
cassettes. (a) Readout of the plate in a laser scanner with photostimulated light collected in a
light guide and detected by a photomultiplier tube. (b) The primary source of light blurring in
CR; the light that comes out of the phosphor grains as shown in Fig. 7.4 is irrelevant and does
not contribute to resolution loss, but rather the spreading by scattering of the incident exciting
light gives rise to the blurring.
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7.4.2.1.  Method of latent image formation

The photostimulable phosphor screen in the imaging plate is very similar
to a conventional X ray screen, except it uses a phosphor that contains traps
for excited electrons as shown in the band structure diagram in Fig. 7.2. Most
photostimulable phosphors are in the barium fluorohalide family, typically
BaFBr:Eu. X ray absorption mechanisms are identical to those of conventional
phosphors. The photostimulable phosphors differ in that the useful optical signal
is not derived from the light emitted in prompt response to the incident radiation
as in conventional screen film systems, but rather from subsequent stimulated
light emission when EHPs are released from traps. The initial X ray interaction
with the phosphor crystal causes EHPs to be generated. Some of these electrons
produce blue/green light in the phosphor in the normal manner but this is not used
for imaging. Instead, the phosphor is intentionally designed to contain metastable
EHP traps that store a latent image as a spatial distribution of trapped electrons
and holes. By stimulating the phosphor by irradiation with red light, these EHPs
are released from the traps and are free to move in the valence band (holes)
and conduction band (electrons). These mobile EHPs subsequently trigger the
emission of shorter wavelength (blue) light. CR screens are exposed in a cassette
with only one screen. This reduces the absorption efficiency compared with a
dual screen combination and this is an intrinsic disadvantage of CR compared
with screen film imaging.

7.4.2.2.  Image readout

The readout system shown in Fig. 7.8(a) for photostimulable phosphor
plates uses a red laser beam flying spot scanning system to stimulate the screen
on a point by point basis, exciting photostimulated light (usually blue) from the
screen in proportion to the previous X ray irradiation of that point. In practice,
depending on the laser intensity, readout of a photostimulable phosphor plate
yields only a fraction of the stored signal. The blue light is collected by a light
guide that is a critically important component in the avoidance of a secondary
quantum sink, i.e. the light is funnelled to a photomultiplier tube that detects
and amplifies the signal. Note that in contrast to the situation with screen film,
the scattering of the blue light does not degrade the image resolution, unlike
the scattering of the red light on its way to the photocentres does, as shown
in Fig. 7.8(b). Finally, the image plate is then flooded with light to erase any
residual image and is then ready for reuse. The advantage of photostimulable
phosphor systems is that they are digital systems with a very high dynamic range.

Examination of the quantum accounting diagram in Fig. 7.3 for scanned
readout of the flying spot laser readout of CR shows that the incident absorbed
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X ray, although originally represented by multiple quanta, is at a critical stage in
the chain represented by only about five electrons in the photomultiplier. This is
not adequate in keeping the additional noise from the system negligible when the
relatively poor MTF is also factored in. This can be seen in the NPS for CR in
Fig. 7.6.

7.4.2.3.  Image properties

The underlying physical phenomenon of the photoluminescence process is
expected to be linear and this is demonstrated over the exposure range relevant
for medical imaging in Fig. 7.6. The variation of the signal with exposure is
essentially linear over the four orders of magnitude relevant for diagnostic
radiography. In practice, the photomultiplier signal in most CR readers is
processed logarithmically before being output as shown in Fig. 7.6. It appears
at first sight that the characteristic curve of CR is radically different from all
other imaging systems. This is because images using both screen film and CR are
designed for radiography and it is conventional to use negative images (sometimes
called white bone). The conventional mode of displaying the H&D curve hides
this. Depending on the application and the plate type used, the relationship is
different but consistent between settings. Various latitude and speed points can be
set to mimic the behaviour of screen film systems.

The MTF is shown in Fig. 7.6 for high resolution and normal resolution
imaging plates. It can be seen that they are comparable to those for corresponding
screen film systems also seen in Fig. 7.6. This is not surprising as they are
based on similar concepts to those for screens, and manufacturers can make any
resolution simply by changing the thickness. The real test of equivalence will
only come when we compare DQE.

The overall image quality for CR can be evaluated from the DQE shown
in Fig. 7.6 for a normal resolution plate. It is, however, interesting to see how
closely the screen film systems match the results for CR. This is related to the
high level of secondary quantum noise evident in the NPS of CR, worse in fact
than for screen film, but not unexpected when the quantum accounting diagrams
for the two modalities are compared, as in Fig. 7.3, where it can be seen that both
have secondary quantum sinks in the range 5-20 quanta per X ray.

All screens are made in similar ways and it is impossible to make them
completely uniform in properties, despite best efforts. As well as quantum noise,
therefore, the image from an entirely uniform exposure will contain noise due
to the non-uniformity and granularity of the underlying structure. How does this
manifest itself in images? Suppose there was a 1% variation in effective thickness
of the plate, then all images would reflect that change, giving an effective signal
to noise ratio (SNR) of 1%. On the other hand, the SNR due to quantum mottle
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decreases as the square root of exposure. Thus, we reach the apparently surprising
conclusion that structural noise will be most important when the exposure is
high. This is shown experimentally for a CR system in Fig. 7.6, where the DQE
decreases as the exposure increases. The same effect will be present in screen
film systems, although here variations in screen uniformity and film granularity
will both be involved. For screen film systems, it is impossible to correct for
structure noise, though it could perhaps be accomplished for CR if efforts were
made to ensure that the imaging plate was always positioned exactly within the
reader. However, this is not done and is probably unnecessary, as the loss of DQE
due to structural noise occurs at relatively high exposure levels, generally outside
the clinically important regions of the image.

7.4.3. Digital radiography

The key digital technology permitting an advance in medical X ray
applications is the flat panel active matrix array, originally developed for laptop
computer displays. The unique technology underlying active matrix flat panel
displays is large area integrated circuits called active matrix arrays because they
include an active switching device — the thin film transistor.

Active matrix arrays are an example of an important class of readout
methods that are called self-scanned. A self-scanned readout structure may be
defined as one in which the image created in a certain plane is read out in the
same plane. The advantage of such structures is that they are thin in the third
dimension. Active matrix arrays use hydrogenated amorphous silicon as the
semiconductor deposited on a thin (~0.7 mm) glass substrate, which facilitates
large area manufacture. The current scale on which the substrate is made exceeds
several metres along one side, thus permitting several sensors to be made on a
single substrate, and facilitating mass production of monolithic devices. Although
long promised, it is not yet feasible to make all the readout components on the
glass substrate; gate drivers, readout amplifiers and analogue to digital converters,
for example, are still made separately and bonded to the substrate. A complete
imaging system on glass remains elusive. Another large class of self-scanned
receptors — charge coupled devices (CCDs) and complementary metal oxide
semiconductor sensors (CMOS) — although used extensively in optical systems
incorporating demagnification, such as those for X ray image intensifiers (XRII),
needs to be made from single crystal silicon. Recent advances in CMOS are
making possible the economic manufacture of large area (wafer scale) devices,
which are replacing some XRII/camera systems in fluoroscopic applications.

Active matrix technology allows the deposition of semiconductors, across
large area substrates in a well controlled fashion, such that the physical and
electrical properties of the resulting structures can be modified and adapted
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for many different applications. Coupling traditional X ray detection materials,
such as phosphors or photoconductors, with a large area active matrix readout
structure forms the basis of flat panel X ray imagers.

In Fig. 7.9, the layout of a group of pixels on an active matrix array is
shown. All the switches along a particular row are connected together with a
single control line (gate line). This allows the external circuitry to change the
state of all the switching elements along the row with a single controlling voltage.
Each row of pixels requires a separate switching control line. The signal outputs
of the pixels down a particular column are connected to a single data line with
its own readout amplifier. This configuration allows the imager to be read out
one horizontal line at a time. Unlike the charge transfer readout method used in
many modern CCDs, active matrix arrays do not transfer signal from pixel to
neighbouring pixel but from the pixel element directly to the readout amplifier
via the data line; this is similar to complementary metal oxide semiconductor
imaging devices.

A distinction is made between flat panel X ray imaging devices that
incorporate a photoconductor to produce electrical charges on detection of
an X ray (direct conversion) and those that use a phosphor to produce visible
wavelength photons on detection of an X ray (indirect conversion).

In the direct conversion approach shown in Fig. 7.9(a), a photoconductor
is directly evaporated on to an active matrix array. The charge released in the
bulk of the photoconductor is collected by a large applied field, which brings
the electrons and holes to their respective electrodes. Those reaching the upper

X rays

phosphor
———screen

storage
capacitor

(a) Direct conversion (b) Indirect conversion

FIG. 7.9. Large area active matrix array concept which is applicable for both (a) direct
conversion (using a photoconductor layer) and (b) indirect conversion systems (using a
phosphor layer), depending on whether a pixel electrode or photodiode is used on the active
matrix array. In both cases, thin film transistors are made using semiconductor hydrogenated
amorphous silicon (a-Si:H).
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continuously biased electrode are neutralized by the power supply providing the
bias, effectively replenishing the loss of field that would otherwise be caused.
The charge reaching the readout pixel electrode is stored temporarily on the
capacitance of the pixel until readout. The magnitude of the signal charge from
the different pixels contains the imaging information inherent in the intensity
variations of the incident X ray beam.

In the indirect conversion approach shown in Fig. 7.9(b), a phosphor layer
(e.g. a structured scintillator such as Csl:Tl) is placed in intimate contact with an
active matrix array. The intensity of the light emitted from a particular location
of the phosphor is a measure of the intensity of the X ray beam incident on
the surface of the receptor at that point. Each pixel on the active matrix has a
photosensitive element that generates an electrical charge whose magnitude is
proportional to the light intensity emitted from the phosphor in the region close
to the pixel. This charge is stored in the pixel until the active matrix array is read
out.

There are, in principle, two advantages of direct compared with indirect
conversion: (i) the lower number of conversion stages makes it possible to have a
significantly higher conversion efficiency of X ray energy to EHPs on the active
matrix (~8000 direct versus 1000-2000 indirect), and (ii) much higher resolution
due to the elimination of blurring during the charge (direct) or photon (indirect)
collection phase. Proposed photoconductors for this purpose include Hgl,, CdTe
and PbO. However, there is only one currently practical photoconductor, a-Se;
its conversion efficiency is, in fact, comparable to phosphors, and technical
issues limit its thickness, so it is used mostly in mammography where its low Z
is ideally matched to the absorption requirements and high resolution is attained
(see Section 9.4.2). Thus, at the current time, the dominant approaches to digital
general radiography (i.e. using diagnostic energy X rays in the range 40—150 ke V)
use the indirect conversion approach owing to the higher specific absorption
of available phosphors compared with a-Se. In mammography, however, a-Se
is superior, owing to the need for a low energy X ray spectrum, increasing the
quantum detection efficiency beyond what is possible with a phosphor and
because it simultaneously increases resolution.

One of the main issues with the design of powdered phosphor screens is
the balance between spatial resolution and X ray detection efficiency. As the
phosphor is made thicker to absorb more X rays, the emitted light can spread
further from the point of production before exiting the screen. This conflict is
significantly eased by the use of a structured phosphor such as Csl. When
evaporated under the correct conditions, a layer of CsI will condense in the form
of needle-like, closely packed crystallites (see also Section 8.2.1). In this form,
the resolution is better than for a powder phosphor screen. However, resolution
may be further enhanced by fracturing into thin pillar-like structures by exposure
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to thermal shock. This has the disadvantage of reducing the effective density of
the structured layer to about 80-90% that of a single Csl crystal. This pillar or
columnar structure is illustrated in Fig. 7.4(1). The hope was that these columns
would act as fibre optic light guides, owing to the difference in refractive index,
n, between Csl (n = 1.78) and the inert gas or air (n ~ 1) that fills the gaps between
the pillars.

Taking this model literally, light photons produced by the absorption of an
incident X ray will be guided towards either end of the pillar if they are emitted
within the range of angles that satisfy conditions for total internal reflection.
Theoretical calculations predict that ~83% of the isotropically emitted light will
undergo internal reflection within a perfectly uniform pillar. The other ~17%
will scatter between pillars and cause a reduction in the spatial resolution. Actual
layers of Csl have a somewhat reduced light collimating capability, owing to the
unavoidable non-uniformity of the surface of the pillars, unavoidable contacts
between adjacent pillars at various points within the layer, and defects in the
cracking.

In addition, in practice, the layers form with an initial layer which is not
columnar, and the columns develop beyond a certain thickness (~50 pm).
However, they maintain significantly higher resolutions for a given thickness
of phosphor than powder screens. As a rule of thumb, they seem to have twice
the resolution of a powder phosphor screen of the same physical thickness and
optical design (e.g. presence or absence of reflective backing). This corresponds
to 3—4 times the mass loading for the structured phosphor layer when packing
density and atomic number are accounted for.

To increase the light collection capabilities of the layer, a reflective
backing can also be added to the X ray entrance surface of the Csl, to redirect
the light photons emitted in this direction back towards the exit surface. This
significantly increases the light output of the layer but at the cost of a reduced
spatial resolution.

7.4.3.1. MTE NPS and DQE of DR systems

The MTFs of the direct and indirect systems show a distinct qualitative
difference. The overall MTF of each system is the product of the MTF of the
X ray detection medium and the del aperture function, which, for a uniform
response, is the sinc function. The intrinsic spatial resolution of a photoconductor
is extremely high, which means that the system MTF for a direct conversion
receptor will be, to all intents and purposes, the sinc function, as all other
components are close to unity.

In a system that utilizes a phosphor as the X ray detection medium, the
spatial response of the phosphor is much poorer than the sinc function. The MTF
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of the combination will then be practically equivalent to the phosphor MTF.
In other words, for the a-Se system, it is the aperture function that defines the
presampling MTF, whereas for the phosphor based system (even columnar Csl),
the phosphor blurring dominates and defines the overall MTF. Furthermore, for
the parameters usually chosen in practical medical systems, the MTF at the f
is ~60% for the direct system and closer to 10% for the indirect system. This
implies that, in general, noise aliasing will be severe for the direct and almost
negligible for the indirect detection approaches.

The degree of aliasing permitted by the system designer can be established
from an evaluation of the presampled MTF and a calculation of the area above
f compared with the area below. See Fig. 7.6 for examples of MTFs for well
matched systems using 200 pm pixels and a 200 um sampling pitch for both
direct and indirect conversion systems at the same incident energy.

The NPSs of direct and indirect receptors are shown in Fig. 7.6 and
demonstrate striking differences. The NPS of the direct receptor, owing to its
minimal spatial filtration prior to sampling, combined with aliasing of the
frequencies above the £, is almost white (i.e. is independent of spatial frequency).
In contrast, the indirect receptor shows a marked drop in NPS with increasing
frequency, owing to the greater presampling blurring inherent in the phosphor
layer demonstrated by comparing the MTFs. The NPS for higher frequencies
shows a linear exposure dependence but it does not go to zero at zero exposure
— this is the electronic noise that, at the pixel level, is of the order of several
thousand electrons root mean square. This noise is to be compared with the signal
per X ray, which is of the order of 1000.

Finally, by combining MTF and NPS, the DQE(f) can be obtained
(see Fig. 7.6). In the particular direct conversion receptor illustrated, the DQE(0)
is somewhat smaller, owing to the relatively poor X ray absorption efficiency of
the photoconductor, whereas DQE drops very little with spatial frequency, owing
to the very high MTF (which is close to the ideal sinc function). In contrast,
the DQE(0) of the indirect conversion system is higher, owing to better X ray
absorption efficiency, but the DQE drops more rapidly with increasing spatial
frequency, owing to the poorer MTF (which is mitigated to some degree by the
reduction of NPS with frequency, owing to the drop in MTF).

7.4.4. Other systems
7.4.4.1.  Optically coupled systems
Indirect conversion flat panel systems use optical coupling of an imaging

screen to an active matrix array. Earlier systems used smaller receptor arrays
in conjunction with a fibre optic or a lens to couple the image to other optical
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devices, such as a CCD or a video camera (Figs 7.10(a) and (b)). However, there
is then a considerable loss of light, depending on the collection angle of the optical
system compared with the broad angle over which light is emitted from screens.

These methods, therefore, have significant problems in maintaining good
noise properties. This is because the efficiency of collecting the light from the
screen by the imaging device is generally rather poor. For example, even in the
best optically coupled lens system with a pair of relay lenses of the same focal
length placed back to back, the coupling efficiency cannot practically exceed
20% and this is only possible with very high aperture lenses (f/0.75).

This is the case for 1:1 imaging. With demagnification M (the ratio of
the side of the screen to the corresponding image sensor dimension) greater
than unity, the coupling efficiency drops by M?. Thus, for commonly seen
demagnifications of 20, the coupling efficiency is 0.05%. Under these conditions,
only ~1 light photon on average represents the interaction of each X ray. This is
a serious secondary quantum sink. This may manifest itself in two general ways,
the first being the inability to represent fully the position of the X ray, resulting
in a decrease in DQE(0) and a much more rapid decrease in DQE with £, and the
second being due to the very small gain resulting in amplifier noise becoming
dominant at much higher exposure levels than it would otherwise.

In the presence of these kinds of secondary quantum sinks, the transfer of
light from the screen to the receptor becomes the limiting stage in the imaging
chain and significantly degrades the overall performance of the system. The use of
a fibre optic taper can alleviate, but not eliminate, the loss due to demagnification,
for the reason that the acceptance angle for light decreases in the same way as
for lenses. Thus, a major technical advantage for the flat panel receptor (in an
indirect detection configuration) is that it can be placed in direct contact with the
emission surface of the screen, as shown in Fig. 7.10(c). Its collection efficiency
for the emitted light is consequently much higher (~50% and approaching 100%
for special configurations) than with the demagnifying approaches.

It is interesting to compare the situation for an X ray image intensifier
(Fig. 7.10(d)). Here, by converting light photons from the phosphor to electrons
in the photocathode in direct contact with the phosphor, the ability to bend the
path of electrons, which is impossible for light, is critical in maintaining much
higher collection efficiency and so avoid a secondary quantum sink. This is a
critical reason why X ray image intensifiers were important for so long, despite
their other problems (see Chapter 9).

7.4.4.2.  Photon counting

Photon counting receptors, and their close relatives photon energy
discriminating receptors, interact with incident photons one by one and
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FIG. 7.10. Optical coupling through (a) lenses, (b) demagnifying fibre optic taper, (c) direct
contact and (d) electron optical demagnification in an X ray image intensifier.

‘report back’ to the system that a photon has been detected (a count), or a photon
within a specific energy range has been detected (energy discriminated count).
The potential advantage in image quality of these systems is significant. There
are two reasons; the first is that they can entirely eliminate the effect of amplifier
noise. This is because the signal from a single X ray emerges in a very short time
and can thus be made to be >5 times the noise. This advantage makes it possible
to work at very low exposure rates where other systems would be dominated by
amplifier noise. The second reason is that by knowing the size of the signal, the
energy of the incident X ray may be estimated, and thus correction for Swank
noise performed, and in the context of the complete system, better weighting of
the importance of high energy (highly penetrating, low contrast) versus lower
energy (less penetrating, higher contrast) X rays can be accomplished. This
can perhaps increase the SNR by factors of the order of two. Unfortunately,
these improvements pale in comparison to the increase in complexity of the
circuitry necessary at each pixel, which may generally be of the order of 1000
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to 100 000 fold. This practical factor has, to this point, limited the application to
mammography, but improvements in microelectronic circuitry are reaching the
point where more general application may be feasible in the near future.

7.4.4.3.  Scanning geometries

Answering the question of what X ray geometry should be used is the
first fundamental decision facing the designer of an X ray imaging system.
Conventionally, producing an X ray image involves exposing the entire area
of interest simultaneously and detecting it with an area sensor as in screen film
radiography. Other approaches are possible, but the simplest is to obtain a pencil
beam of radiation (accomplished by collimating the broad area flux from the
X ray tube by means of a lead blocker with a small hole in it) and scanning it
over the patient, one point at a time. A single sensor aligned with the pencil beam
creates an image of the patient.

Other variations between pencil and area beams can be seen in Fig. 7.11.
Slit irradiation is obtained with a fan beam of radiation and an aligned single
line receptor that is scanned perpendicularly to the line across the patient. Both
pencil beam and slit beam scanning are extremely inefficient in the utilization of
X rays. Most of the X rays are removed by the collimator and a full scan imposes
an enormous heat load on the tube. It is possible to improve the efficiency of such
systems by employing a multiline or slot receptor, where the X ray beam extends
across the full image field in one dimension and is several lines wide in the other
(see also Section 6.3.5.4). There are two types of slot receptor. Firstly, a slot is
moved discontinuously across the width, a single exposure made and the multiple
lines read out. This process is repeated until the entire area is covered. Secondly,
in time domain integration, the slot beam receptor moves continuously and the
image is read out one line at a time.

Why use these complicated scanning methods to produce images when it
appears that irradiating a static area receptor is much simpler? Several concepts
must be balanced. The first is relative simplicity of construction. In an X ray
scanning system designed to image patients, there must be no significant wasted
radiation, which means that very accurate precollimation of the X ray beam must
be used. This is made more difficult by the requirements of scanning the system.
In the early development of digital radiographic systems, it was only technically
feasible to create linear receptor arrays and no practical area arrays existed; thus,
the mechanical complexities were acceptable since there were no alternatives.

However, history has shown that when area receptors are feasible they are
to be preferred. Each method has image quality advantages and disadvantages but
the most important consideration is scattered radiation. A reduced area receptor
can be much more efficient than area receptors in eliminating scatter. However,
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FIG. 7.11. Geometry of radiation possible in radiography in addition to pencil beam (not
shown). (a) Slit beam; (b) slot beam; (c) area beam, (d) practical scanning DR system.

the shortest exposure and the least loading of the tube are huge strengths of the
area receptor, which make it the preferred option unless control of scatter is
paramount. Existing systems that use scanning systems are: (i) highly specialized
devices where scatter control to ensure quantitative imaging is essential, for
example, dual energy imaging for bone densitometry where the complete and
exact elimination of scatter overwhelms other concerns (see Section 10.4), and
(i1) devices that permit photon counting approaches where the technical demands
of the additional counters and discriminators needed at a per pixel basis are
currently prohibitive for an area receptor but are feasible, for example, by using
several silicon receptors in an edge-on configuration.
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7.4.5. Artefacts of digital images

The raw image information acquired from the current generation of
flat panel receptor systems is unsuitable for immediate image display. It must
be processed to remove a number of artefacts to obtain a diagnostic quality
radiograph.

7.4.5.1. Moiré

A particularly visually disturbing effect, which is to be avoided at all costs,
is Moiré fringing arising from spatial interference between the periodic structure
of flat panel receptors and a stationary grid. Moving the grid perpendicularly
to the grid lines during the exposure, using a Potter—Bucky grid arrangement,
should eliminate this problem.

7.4.5.2.  Ghosting and lag

Corrections for image carry over or lag (these are effects seen in dark field
exposure after prior exposure) or ghosting (these are effects producing change in
gain related to prior images and so are seen in flood field images) may sometimes
be necessary. These phenomena may be particularly problematic after large
exposures to the imager, or when the imager is used in mixed mode (i.e. receptor
designed to be capable of both fluoroscopic and radiographic imaging) and the
system is moved to fluoroscopy after a large radiographic exposure.

7.4.6. Comparisons of digital and analogue systems
Advantages of digital over analogue systems for radiography include:
Advantages related to image quality and dose:
® Generally a lower dose is needed;
® Higher resolution in some situations;
¢ Greater dynamic range.
Advantages related to convenience in use:
¢ Elimination of handling and carrying of cassettes;

® Immediate evaluation of images for image quality and positioning;
® Transmission of digital images;
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® Digital archiving, searching picture archiving and communications
systems;

® Elimination of unique image (film);

® Image processing to present the image information more optimally to the
reader;

® Elimination of distortion and shading (cf. X ray image intensifiers);

® Enabling advanced applications (e.g. digital tomosynthesis, cone beam
CT, dual energy imaging and computer aided detection).

The image quality of radiographic detectors has experienced a quantum
jump in the last decades as flat panel imagers have become feasible. However,
there is still no completely satisfactory system and the cost is very high compared
with the systems they have replaced. There is still much to be done to provide
quantum limited performance for all radiographic imaging receptors at reasonable
cost.
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FLUOROSCOPIC IMAGING SYSTEMS

A.K.JONES
University of Texas MD Anderson Cancer Center,
Houston, United States of America

8.1. INTRODUCTION

Fluoroscopy refers to the use of an X ray beam and a suitable image
receptor for viewing images of processes or instruments in the body in real time.
Fluoroscopic imaging trades the high signal to noise ratio (SNR) of radiography
for high temporal resolution, as factors that maintain patient dose at an acceptable
level must be used.

8.2. FLUOROSCOPIC EQUIPMENT

Fluoroscopic imaging systems use much of the same technology 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
fluoroscopic equipment is the image receptor. Early fluoroscopic systems used an
intensifying screen, similar to that used in radiographic screen film imaging, that
was viewed directly by the radiologist. However, direct view systems produced
dim images that required the radiologist’s eyes to be dark adapted, and frequently
resulted in high doses to both patient and radiologist. The development of
the X ray image intensifier (XRII) was essential to the success of modern
fluoroscopic imaging.

8.2.1. The fluoroscopic imaging chain

Fluoroscopic imaging systems commonly include an antiscatter grid as the
first element in the imaging chain. The focused antiscatter grid serves the same
purpose in fluoroscopic imaging as it does in radiographic imaging, namely,
removing contrast degrading scattered radiation from the X ray beam (see
Chapter 6).
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FIG. 8.1. Basic structure of an XRII.

The XRII converts the low intensity X ray photon fluence exiting the
patient into a high fluence of visible photons by using multiple conversion layers
and a series of electrodes inside a vacuum container (Fig. 8.1). X rays that have
passed through the patient, antiscatter grid and the metal support structure of
the XRII are incident on an input phosphor. Caesium iodide (CsI:T1) is the most
commonly used input phosphor material used to convert X rays to light. The
needle-like structure of crystalline Csl (Fig. 8.2) minimizes the lateral spread of
light within the input phosphor (see Section 7.4.3). These light photons strike a
very thin bi- or multi-alkali photocathode!, where electrons are released through
the photoelectric effect, repulsed from the photocathode, and accelerated towards
the positively charged anode at the output phosphor. The electrons are converted
back to light at the output phosphor by a thin powder phosphor, typically
ZnCdS:Ag (P-20). The electron beam is accelerated to energies of between 25
and 30 keV, and is focused on to the anode by a series of electrodes located at
the sides of the XRII (Fig. 8.1). Typical incident air kerma rates (IAKRs) for
fluoroscopic imaging using a 30 cm field of view (FOV) range from 15 to
40 uGy/min (8.8-22 nGy/frame) and may vary, based on the selected frame rate.

! The photocathode (about 20 nm thick) is very sensitive to surface contamination that
occurs at a slow rate with the loss of vacuum. This decrease is typically between 5% and 10%
in the first year and will progressively reduce to a few per cent per year. This loss is independent
of the photocathode current and will occur whether the image intensifier is used or not.
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FIG. 8.2. Top portion of a ~750 um thick film of Csl:Tl, demonstrating well separated
columnar growth (courtesy V. Nagarkar and co-workers at RMD, Inc.).

Intensification of the X ray image occurs through two mechanisms. The
first is electronic or flux gain, which is a result of the kinetic energy gained
by electrons as they are accelerated between the photocathode and the output
phosphor (anode). Electronic gain has a typical value of 50.

The second source of intensification is minification gain. Minification
gain is a result of the reduction of a large X ray image at the input phosphor
(e.g. 40 cm) on to the smaller diameter output phosphor, typically 2.5 cm. For
example, the minification gain of an XRII using a 40 cm FOV and a 2.5 cm output
phosphor would be 40%/2.5% or 256. Minification gain decreases as electronic
magnification increases.

Brightness gain is the product of the electronic gain and minification
gain and is a measure of the overall system gain. Brightness gain ranges from
2500 to 7000, depending on the FOV (see Section 7.4.4.1).

The conversion factor is another measure of the gain of an XRII and is
most commonly used for the specification of XRII performance. The conversion
factor is the ratio of the luminance in units of candela per square metre (cd/m?),
measured at the output phosphor to the X ray TAKR, in units of uGy/s, measured
at the input phosphor using standardized beam conditions. The conversion factor
ranges from 9 to 27 cd'm2-uGy!'s! in a new XRIL. The conversion factor
decreases over time and may ultimately fall to a level that requires replacement
of the XRII.

The optical image from the output of the XRII is routed to other components
for display on a viewing monitor or for recording of the images. In its simplest
form, the optical system consists of three elements: (i) a collimating lens to shape
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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 (Fig. 8.1). The aperture can
either be fixed or variable, the latter usually being under automatic control. As in
photography, the aperture is adjusted in f'stops. A decrease of one f stop allows
double the amount of light through, while an increase of one f'stop allows half the
amount of light through.

A video camera is commonly used to capture the output image from an
image intensifier. The optical image is captured by the camera and converted
to an analogue electrical signal that conforms to a recognized video format?.
Initially, video cameras utilized a scanning electron beam that interrogated
a photoconducting target and were collectively known as vidicon cameras’.
The resistivity of the photoconducting target changes, based on the amount of
light striking the target, creating a latent image of the output phosphor on the
vidicon camera target. As the electron beam is scanned rapidly across the target,
its intensity is modulated by the charge image present on the target. The small
current passing through the target is integrated across a large resistance and
converted to a voltage that is amplified. The intensity modulation of the electron
beam thus converts a 2-D optical image into an analogue voltage waveform.
Vidicon cameras for this application are increasingly being replaced by charge
coupled device (CCD) cameras.

Video cameras are selected on the basis of several fundamental
characteristics, including lag and SNR. Cameras with low SNR contribute to
increased noise levels in fluoroscopic images, although temporal integration can
reduce this effect. Lag describes the speed of response of the video camera to a
changing signal, and cameras with high lag will retain some residual signal from
the current frame for several subsequent frames and will also require several
frames to build up to full signal. High lag can result in blurred images of moving
objects, but noise will be reduced through temporal integration. For this reason,
moderate lag can be advantageous when not imaging rapidly moving objects.
Maximum SNR is achieved when a video camera is operated near its maximum
signal level, and it is important that the aperture is set accordingly.

2 There are three main video formats used in TV (video) systems around the world.
National Television System Committee (NTSC) format is used in North America, much
of South America and some Asian countries; the phase alternate line (PAL) system is used
extensively in Europe, Africa and Asia; and the French system SECAM (sequential colour with
memory) is used in French and Russian speaking countries.

3 The vidicon camera uses a specific target material, Sb,S,. A considerable number of
other target materials have been used, giving a variety of names to such cameras, including
plumbicon (PbO), chalnicon (CdSe), etc. However, all share the same principle of operation
and are considered as a part of the ‘vidicon family’.
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The analogue video waveform from the video camera can be displayed
directly on a video monitor. Digital image processing, however, requires that the
analogue waveform be digitized with the use of an analogue to digital converter.
The degree to which the digital image represents the analogue image depends on the
bit depth (see Chapter 16) and sampling rate. In order to perform advanced image
processing such as recursive filtering, images must be stored in a video buffer.

The CCD camera is a solid state device composed of many discrete
photoconducting cells. Optical light from the output phosphor is converted
to electrons in the amorphous silicon photoconducting layer of the CCD
(see Section 7.4.3). The electrons are stored in potential wells created by applying
a voltage between rows and columns of cells. 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 brigade’ fashion,
creating an analogue signal that is amplified and output as a video signal, or
digitized directly.

The CCD holds several advantages over the vidicon camera, including the
absence of lag* and a wider dynamic range. It can also reduce or eliminate image
blooming, an image distortion caused when the input signal exceeds the dynamic
range of the video camera. In a CCD, this is accomplished by incorporating
drains in each cell that direct excess charge to ground, preventing blooming. This
modification is at the expense of the fill factor, and reduces the overall quantum
detection efficiency (QDE) of the camera.

Recent fluoroscopic systems incorporate flat panel image receptors, which
possess several advantages over XRIIs. These advantages include their larger
size, less bulky profile, absence of image distortions, and a higher QDE at
moderate to high IAKRs to the receptor (Fig. 8.3), owing to the absence of a
metal support structure. Flat panel image receptors now allow new applications,
including rotational angiography and cone beam CT (CBCT). However, flat panel
image receptors suffer from additive noise sources, including read noise (see
Section 8.3.2), and therefore perform poorly compared with XRIIs at low IAKR
(Fig. 8.3). Typical IAKR values for fluoroscopic imaging with a full FOV flat
panel receptor (30 cm x 40 cm) range from 27 to 50 uGy/min (30-55 nGy/pulse)
and may vary with the selected frame rate.

After all image processing has been performed, the image must be converted
from digital to analogue form, for image display on a viewing monitor. Early
television standards® determined that at least 525 video scan lines of the image
were necessary to display moving images adequately. Alternating current power

4 Note that the absence of lag also results in images with higher noise levels. For this
reason, recursive filtering (see Section 8.6.3) is often applied to add some lag artificially.
5 NTSC system in this case.
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supply frequencies of 60 Hz required that all scan lines be displayed during an
integral number of cycles (1/60 s, 1/30 s, etc.). Since all scan lines could not
be displayed in one cycle at a 60 Hz frame rate, because of video bandwidth
restrictions and unacceptable image flicker at slower scan rates, it was necessary
to scan two frames or video fields, each containing one half (262'%) of the scan
lines, in an interlaced fashion. This combined the advantages of both the 60 Hz
and 30 Hz frame rates and interlaced scanning became the television standard.
Interlaced scanning provides a refresh rate of 60 Hz, while only requiring the
bandwidth of a 30 Hz progressive scanning video.
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FIG. 8.3. DQE(0) as a function of input dose for prototypical flat panel and XRII image
receptors.

The resolution of a scanning video system is limited in the vertical direction
by the number of effective lines used to make the image. The effective number
of lines is the number of scan lines in the image multiplied by the Kell factor.
The Kell factor is an empirically determined factor that describes the vertical
image degradation and is device specific, ranging from 0.7 for scanned pixel
video pickups (e.g. vidicon camera) and display devices (e.g. cathode ray tube)
to as high as 0.9-0.95 for fixed pixel devices such as CCD cameras and liquid
crystal display monitors. The causes of vertical image degradation include the
finite size of the scanning electron beam, low pass filtering of interlaced scan
lines in scanned pixel devices, and the fact that both scanned and fixed pixels
may not align exactly with a scanned signal. In the horizontal direction, the
resolution of a video system is limited by the bandwidth of the video system.
In most systems, the bandwidth is adjusted to give equal resolution in both the
vertical and horizontal directions.
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8.2.2. Automatic exposure control®

Radiographic systems use automatic exposure control (AEC) devices that
automatically adjust radiographic technique factors (most often the mAs) to
deliver a constant signal intensity at the image receptor in response to differences
in patient thickness, X ray tube energy, focus to detector distance and other
technical factors. Similarly, in fluoroscopic systems, the AEC controls the IAKR
to the XRII, to prevent fluctuation in image brightness and SNR that would make
diagnosis or navigation of instruments difficult.

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
selection of fluoroscopic technique factors follows predetermined curves that
are stored in the generator and which usually allows for some choices, including
a standard curve, low dose curve and high contrast curve (Fig. 8.4). The
complexity of fluoroscopic AEC increases with advanced applications where the
AEC assumes control over additional equipment parameters such as pulse length,
added filtration and variable aperture setting.
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FIG. 8.4. Some typical control curves for different fluoroscopic imaging tasks.

¢ AEC systems may also be known by other names including automatic dose control,
automatic dose rate control and automatic brightness control. Automatic brightness control
originally described the automatic control of video voltage levels from video cameras, but is
now sometimes applied to the general exposure control of fluoroscopic systems.
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8.2.3. Electronic magnification

Electronic magnification refers to the use of a focusing electrode to
deminify the fluoroscopic image by selecting a smaller portion of the input
phosphor to project on to the output phosphor. Electronic magnification improves
the image MTF but also decreases minification gain and decreases the sampling
pitch of the input phosphor, increasing noise.

In practice, the increased noise in a magnified fluoroscopic image is
compensated for by adjusting the technique factors to maintain a constant
perceived noise level in the displayed image. In an XRII, the TAKR usually
increases as the ratio of the areas of the FOV as the image is magnified. This
not only compensates for the decreased photon fluence per image pixel, but also
exactly compensates for the decrease in minification gain, and therefore image
brightness, in an XRII system. Flat panel based systems also increase the IAKR
as the image is magnified in response to changes in the image matrix size.

8.3. IMAGING PERFORMANCE AND EQUIPMENT CONFIGURATION

The factors that must be taken into account when considering image quality
(see Chapter 5) in fluoroscopic imaging include contrast, noise, sharpness,
temporal resolution and artefacts or image distortions. 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.

8.3.1. Contrast

Subject contrast is inherently poor in fluoroscopic imaging, especially at
the high kV values used to maintain patient dose at an acceptable level. Contrast
is greatly improved through the use of radiopaque markers on catheters 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. lodine and barium are two contrast agents
commonly used in fluoroscopic imaging, with K edges of 33 keV and 37 keV,
respectively. Gadolinium or carbon dioxide may be used when iodine contrast is
contraindicated owing to allergies or impaired renal function.

8.3.1.1. Spectral shaping

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
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polyenergetic 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 shown in
Fig. 8.5.

The advent of high heat capacity X ray tubes and high power generators
has made available another solution, spectral shaping. In its most basic form,
spectral shaping involves the use of metal filters to remove, preferentially, low
energy X rays from a polyenergetic X ray beam. A commonly used technique is
the insertion of small amounts of copper filtration to shape the X ray spectrum.
Copper attenuates low energy X rays (below the iodine K edge) that have little
chance of penetrating the patient and hence generating contrast (Fig. 8.5). 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 reduced by the addition of
Cu filtration, and the tube current must be increased to high levels (50400 mA)
to maintain acceptably short pulse widths (see Section 8.6.2). As patient thickness
increases, the additional Cu filtration is gradually reduced to maintain short pulse
widths and acceptable tube loading. This is achieved through the programming of
the AEC (see Fig. 8.5 and Section 8.2.2).
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FIG. 8.5. Impact of spectral shaping on iodine contrast.
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8.3.2. Noise

The noise level in fluoroscopic images is necessarily high, as a low IAKR
is typically used to maintain the patient dose at an acceptable level. XRII based
fluoroscopic systems are also characterized by low additive electronic noise levels
(see Section 7.2.2). Therefore, the system is still quantum limited at low ITAKR
values. However, flat panel based fluoroscopic systems suffer from high levels
of electronic noise (read noise, specifically), and their imaging performance is
limited by this noise at low IAKR values. As a consequence, systems utilizing flat
panels require a higher IAKR than XRII based systems for fluoroscopic imaging.
Conversely, flat panels perform better than XRIIs at high IAKR, such as those
used during digital acquisition imaging (see Section 8.4.1). The appearance of
image noise in fluoroscopy is also influenced by human perception; for example,
an observer will perceive less noise at high frame rates than at lower frame rates.

8.3.3. Sharpness

The sharpness of a fluoroscopic image is influenced by several factors,
including the display matrix, FOV, video camera matrix, focal spot size,
geometric magnification, image noise and motion. The impacts of both focal spot
size and geometric magnification on image sharpness are discussed in Chapter 6.
XRII fluoroscopic systems differ from a screen film image receptor in that the
limiting resolution varies with operating mode, as described in Section 8.2.3.

Image noise interacts with sharpness, as it can obscure and blur small
details in the image that would normally be visible at a higher IAKR. The large
number of signal conversions that occur in an XRII also degrade the sharpness
of the fluoroscopic image. The sharpness of a fluoroscopic image acquired with
a flat panel receptor is affected by the size of the image matrix compared with
the display matrix and the pixel size of the receptor, which may vary if pixels are
binned at certain FOVs.

8.3.4. Artefacts

Artefacts in fluoroscopic imaging usually stem from image distortions
caused by the image chain components. XRIIs suffer from several common
image distortions, including veiling glare, vignetting, blooming, pincushion
distortion and S distortion, while flat panel image receptors are generally free
from image distortions.

Veiling glare is a contrast reducing ‘haze’, not unlike the effect of X ray
scatter, that results from the scattering of information carriers within the XRII,
including electrons within the electron optical system and, most importantly,
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light photons within the glass output window. To address the latter, a thick XRII
output window is used that may incorporate dopants to absorb scattered light,
and whose sides are coated with a light absorbing material. In some cases, the
optical coupling system between the XRII output phosphor and the video camera
is replaced by a direct fibre optic linkage, which also reduces veiling glare.

Vignetting is an optical distortion that produces a fall off in light intensity
or darkening near the edges of an image. This may be caused by a number of
factors, including deterioration of the video camera, and is also inherent to
multielement lenses. Vignetting can be reduced in some cases by restricting the
aperture size.

Blooming is caused by the input of signals to the video camera that exceed
its dynamic range. Such large signals cause lateral charge spreading within
the camera target, resulting in a diffuse image that is larger than the original.
Blooming can be minimized through the use of tight X ray beam collimation and,
as noted in Section 8.2.1, has largely been eliminated in CCD cameras.

Pincushion distortion causes enlargement of the fluoroscopic image near
the edges (Fig. 8.6(a)) and results from the curvature of the input phosphor, which
is required for proper electronic focusing and structural support. Pincushion
distortion is more severe for a large FOV.

S distortion causes straight objects to appear curved (Fig. 8.6(b)) and results
from the acceleration of electrons in the electron optical system of the XRII in the
presence of an external magnetic field. Common sources of such magnetic fields
include the Earth (5 x 107 T), fringe fields from nearby magnetic resonance
imaging units (0.1-0.5 mT), and steel support structures and reinforcement.
S distortion can be minimized by proper site planning and by encasing the XRII
in a high susceptibility metal.

(a) (b)
FIG. 8.6. Examples of distortion. (a) Pincushion distortion; (b) S distortion.
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8.4. ADJUNCT IMAGING MODES
8.4.1. Digital acquisition imaging

Digital acquisition imaging refers to a mode of operation in which high
quality images are recorded and stored for analysis. IAKRs, and therefore patient
dose rates, are at least one order of magnitude higher in digital acquisition mode
than in the fluoroscopic mode. In order to avoid saturation of the video camera
for systems using an XRII, the signal from the image intensifier may be reduced
through the use of the variable aperture, as discussed in Section 8.2.1. Digital
acquisition images can be acquired at frame rates ranging from 1 to 30 frames/s,
or as individual images, which are often referred to as ‘spot’ or ‘single shot’
images.

8.4.2. Digital subtraction angiography

Digital subtraction angiography (DSA) is a technique in which sequential
“fill’ images that include a contrast agent are subtracted from a ‘mask’ image that
includes only the anatomical background. This subtraction reduces anatomical
noise and increases the contrast of the blood vessels (Fig. 8.7) 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 signal in the contrast filled vessels
depends only on the amount of contrast in the vessel, and not on the background.

FIG. 8.7. IMAGE of arteries generated using DSA.

194



FLUOROSCOPIC IMAGING SYSTEMS

As quantum noise sums in quadrature when images are combined, the noise
level in the subtracted image is higher by a factor of 1.4 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 are 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 source of artefacts in DSA is patient motion between the capture
of the mask and fill images (Fig. 8.8). These motion artefacts can obscure
contrast filled vessels. These types of artefact can be reduced retrospectively in
some cases through the use of processing techniques such as manual or automatic
pixel shifting of the mask image, or remasking through the selection of a different
mask frame for subtraction.

FIG. 8.8. Motion artefact in DSA.

Roadmapping is an adjunct 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 complex fashion by using the peak opacification in each image pixel
obtained from a series of post-injection images. This is essentially a maximum
intensity projection image of the contrast filled vessel and ensures a relatively
uniform signal throughout the vessel, as it is less affected by contrast washout.
A further improvement on this method is to subtract a fluoroscopic mask image
from the fill images. While this is similar to DSA, it uses a lower dose. The
roadmap image can either be displayed alongside the live image on another
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monitor, or overlaid on the live fluoroscopic image. The roadmap image is often
greyscale inverted prior to overlaying on the live image.

Peripheral runoff imaging follows a bolus of contrast as it travels from
the injection site into the peripheral vasculature, most often in the legs. Many
angiographic systems operate in a stepping mode for runoff procedures,
sequentially stepping along the patient’s body, acquiring images at each step.
The images overlap by some amount, often 1/3, to ensure seamless anatomical
coverage. This type of study requires the use of compensating filters to equalize
image receptor exposure around the patient’s legs. Compensating filters can either
be external to the system, such as wedges or forms placed around the patient’s
legs, or internal in the form of wedge shaped metal filters, either attached to the
outside of the collimator or contained inside it.

Rotational angiography is an adjunct imaging mode used most often in
vascular, interventional and neurointerventional radiology. A series of basis
images are acquired as a C-arm (see below) rotates around the patient. A contrast
injection can be performed during the scan. The basis images can be viewed
as a cine loop and are often used to reconstruct CBCT images (Fig. 8.9). The
images can be reconstructed in axial, coronal and sagittal planes, or in arbitrary
curved planes. Maximum intensity projection images are often generated to
improve visualization of iodine contrast in small vessels. Some manufacturers
offer the capability to perform 3-D rendering using the CT images and to perform
subtracted rotational angiography.

FIG. 8.9. Axial image reconstructed from rotational angiography basis images.
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8.5. APPLICATION SPECIFIC DESIGN

Fluoroscopic imaging systems can be configured in several ways. The most
common is the configuration in which the X ray tube is located under the patient
table and the XRII and auxiliary imaging equipment are placed on a movable
‘tower’ above the patient table (Fig. 8.10). Lead curtains hang from the XRII
tower and shield the operator from stray radiation scattered from the patient. This
configuration is commonly used for genitourinary and gastrointestinal imaging.

FIG. 8.10. Conventional fluoroscopy system.

8.5.1. Remote fluoroscopy systems

Remote fluoroscopy systems are commonly used for gastrointestinal
procedures, including barium swallow and barium enema examinations, and
utilize a configuration with the X ray tube located above the table and the XRII
assembly below the table (Fig. 8.11(a)). The system can be rotated to achieve
other necessary projections or to distribute contrast agents within a patient. It
can also be configured vertically for seated examinations, such as the barium
swallow (Fig. 8.11(b)). The focus to image distance is usually continuously
variable between two extremes, and a remote controlled compression cone
may be available for the radiologist to manipulate air and barium contrast
within the patient’s abdomen. There are distinct advantages in the use of remote
fluoroscopy rooms, namely related to radiation safety, as exposure of the
operator and technical staff to stray radiation is greatly reduced. By increasing
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the focus to image distance to its maximum, the patient entrance surface air
kerma rate (see Chapters 20 and 21) can also be decreased by 15-20%. However,
remote fluoroscopy rooms are more expensive than conventional rooms and are
often unsuitable for young patients who require close supervision. The dose to
individuals remaining in the room with a difficult patient can be much greater
than the dose in a conventional fluoroscopy room, owing to the position of the
X ray tube and absence of integrated radiation shielding.

(@) (b)

FIG. 8.11. Remote fluoroscopes configured for (a) supine examination (e.g. barium enema)
and (b) seated examination (e.g. barium swallow).

8.5.2. Vascular and interventional radiology

Vascular and interventional radiology procedures are usually performed
in angiographic suites equipped with C-arm fluoroscopes. A C-arm fluoroscope
comprises a mechanically coupled X ray tube and image receptor. The X ray tube
and image receptor rotate in unison about a point called the isocentre that remains
at the centre of the FOV when the C-arm is rotated. The table is often cantilevered
to allow continuous, unobstructed rotation of the C-arm around the patient during
procedures. Vascular and interventional suites are equipped with more powerful
generators with high heat capacity and water or oil cooled X ray tubes. Also,
variable spectral shaping filters are often included to maximize iodine contrast
while maintaining the patient dose at an acceptable level. Typical XRII sizes for
vascular and interventional laboratories range from 28 to 40 cm.
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8.5.3. Cardiology

Interventional cardiology suites also use C-arm fluoroscopes for ease of
positioning at a variety of angles around the patient. Cardiology suites can be
either single plane or biplane systems. Biplane systems use two C-arms that
can be independently positioned around the patient for simultaneous digital
acquisitions during a single contrast injection. This is important because
iodinated 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
paediatric catheterization laboratories, owing to the low body mass of paediatric
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.

Image receptors used for cardiac imaging are smaller than those used
for vascular and interventional radiology, owing to the small size of the heart.
A typical XRII size for a cardiac laboratory is 23 cm. Some newer flat panel
based cardiac catheterization laboratories incorporate large image receptors
(30 cm x 40 cm) for the primary or A plane, which make possible adjunct imaging
modes such as runoff imaging or rotational angiography. The lateral or B plane is
sized for normal cardiac imaging.

8.5.4. Neuroradiology

Neuroradiology equipment is very similar to cardiology equipment, as the
required FOVs are similar.

8.5.5. Mobile fluoroscopes

Mobile fluoroscopes are fluoroscopes mounted on wheels that can be
moved between locations. They are useful when the expense of a permanent
installation cannot be justified, or when imaging capability is needed briefly in
several adjacent rooms, for example, in the operating room (see also Chapter 10).
Mobile fluoroscopes often use shorter focus to image distances, and smaller
FOVs than other types of fluoroscope.

8.6. AUXILIARY TOPICS
Advanced fluoroscopic applications and equipment are changing with

the rapid deployment of digital image acquisition devices. The use of film
is decreasing, and in many cases, specialized films are no longer available. In
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other cases, precision mechanical equipment needed for radiographic screen film
cassette changers and high speed large format film changer systems have become
obsolete.

8.6.1. Spot film device

A spot film device is used to acquire radiographs during a fluoroscopically
guided procedure. While fluoroscopy is activated, a radiographic cassette is
retracted into and held in a lead shielded enclosure. When a spot film is desired,
a button is pressed and the radiographic cassette is extended in front of the XRII,
behind an antiscatter grid. After the cassette is exposed, it is ejected and manually
exchanged for an unexposed cassette, which is retracted into the lead shielded
enclosure until needed. Most spot film devices offer several framing options,
including a single full size image, two or four images per film, etc. Spot film
devices are still common in conventional and remote fluoroscopic systems.

8.6.2. Operating modes

8.6.2.1. Continuous fluoroscopy

Continuous fluoroscopy is the most basic form of fluoroscopic imaging.
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. This can lead to blurring of
moving objects.

8.6.2.2.  Pulsed fluoroscopy

Most modern fluoroscopic equipment is capable of operating in pulsed
fluoroscopy mode. When configured properly, pulsed mode offers several
advantages over continuous mode, including:

® Lower radiation dose when fluoroscopic pulse rates of less than 30 pulses
are used.

® Improved image quality due to reduction in motion blur because of the
reduced integration time. Pulsed mode operation ‘freezes’ the motion
of objects in the image, resulting in sharper images and improved image
quality.

® Reduced tube loading at low pulse rates.

200



FLUOROSCOPIC IMAGING SYSTEMS

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.

Grid controlled or grid switched X ray tubes

Pulsed fluoroscopy can be accomplished either by operating the generator
in pulsed mode, or by using a grid controlled or grid switched X ray tube. The
long high voltage cables used in many fluoroscopic rooms are characterized by
significant capacitance. As a result, power continues to be applied to the X ray
tube after the generator switches off between pulses. This results in unnecessary
patient dose and possibly additional motion blurring. A grid controlled X ray
tube uses a negatively biased grid near the filament to stop the flow of electrons
from the cathode to the anode, preventing unwanted X ray production between
radiation pulses.

Pulsed fluoroscopy and the human visual system

Since the temporal response of the human visual system has a typical
integration time of approximately 0.1 s (up to 0.2 s for low light levels), 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.

8.6.3. Recursive filtering

Fluoroscopic images are inherently noisy, but increasing the IAKR to reduce
noise comes at a penalty of increased patient dose. Noise reduction can also be
accomplished through image processing, including the averaging of images.
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 filtering process can
be described mathematically as:

N
frarnedisplaycd = Z fiwi (81)

i=N—n
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where w, is a prospectively determined weighting coefficient and f; is the ith
frame in the video buffer.

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 quantum (X ray) noise and additive noise from the video
camera or image receptor are averaged. There are still, however, potential
penalties for this reduction in noise. 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 unacceptable artificial
lag. Artificial lag may also be noticed if instruments 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 monitor
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 or zeroed
until the image stabilizes, at which time the filter, which also reduces fluoroscopic
contrast, is reset to its normal level. The strength of the filter, which also reduces
fluoroscopic contrast, is related to both the weighting coefficients applied (w,)
and the number of fluoroscopic frames combined (N — n).

8.7. DOSIMETRIC CONSIDERATIONS IN FLUOROSCOPY

The dosimetric quantities used to describe the patient dose from fluoroscopic
imaging are outlined in Section 22.4.5. It is important to note that fluoroscopy,
particularly when it involves interventional procedures, can give rise to both
stochastic and deterministic (tissue) effects, primarily radiation induced skin
injury that occurs once a certain dose has been exceeded (see Chapter 20). The
discussion that follows focuses solely on deterministic effects from fluoroscopic
procedures, and any reference to patient dose is assumed to refer to skin dose.

8.7.1. SKkin dose indicators

Dosimetric indicators for skin dose can be direct (‘real time’) or can be
determined after the irradiation event. Examples of direct indicators include the
kerma area product (KAP) and the reference air kerma, K, , while non-direct
methods include the use of thermoluminescent dosimeters (TLDs), optically
stimulated luminescence or semiconductor detectors and radiographic or
radiochromic film (see Chapter 21).
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8.7.1.1.  Fluoroscopic timers

Fluoroscopy time is commonly used as a surrogate for patient dose in
fluoroscopy, as it is a widely available function on fluoroscopic equipment. It is,
however, far from ideal, as it ignores many large contributions to patient dose,
including digital acquisition imaging. Digital acquisition imaging is frequently,
but not always, the largest contributor to patient dose during fluoroscopic
procedures.

8.7.1.2. KAP

The KAP can be measured directly using a KAP meter, or it can be
calculated from known operating parameters, and is discussed in some detail in
Chapters 20 and 21. While KAP is an ideal quantity for assessing stochastic risk,
it has limited application as an indicator of skin dose. However, when carefully
combined with direct skin dose measures, it has been used to determine trigger
levels for specific procedures to alert operators to the possible danger of skin
damage.

8.7.1.3.  Reference point air kerma

Reference point air kerma (K, ) or cumulative dose (CD) refers to the
cumulative air kerma at the interventional reference point (IRP) at any time
during a fluoroscopically guided procedure. The IRP is a point 15 cm back
towards the focal spot from the isocentre (Fig. 8.12). The location of the IRP
does not vary with changes in C-arm angle or focus to image distance. The K
is the quantity most closely correlated to skin dose in fluoroscopically guided
procedures, as all contributions to skin dose (i.e. both fluoroscopic and digital
acquisition imaging) are included in the K .

8.7.1.4. Peak skin dose

The peak skin dose (PSD) refers to the highest dose to any single area of a
patient’s skin. In practice, it is difficult to determine PSD with a high degree of
accuracy. It must be considered that the CD is measured at a single point in space
that may not correlate with the patient’s skin surface (Fig. 8.12). Even in the case
where the IRP is located exactly on the skin surface, backscatter will increase the
PSD beyond the indicated CD by 30—40%.
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15cm

IRP

Isocentre Isocentre

FIG. 8.12. A schematic of the IRP.

PSD can be measured with some degree of accuracy using various
dosimeters. While TLD arrays and conventional film have been used, the use of
radiochromic film provides the most promising approach.

Finally, it should be noted that the CD or KAP may overestimate PSD
when multiple C-arm angles are used. Consider a procedure using two distinct,
non-overlapping X ray beam entrance sites on a patient’s skin. If the irradiation
time were divided equally between the two sites, the PSD would be expected to
be one half of the total skin dose.

One other caveat to consider when comparing the CD or KAP with the PSD
is the use of a highly attenuating couch. Calibrating CD or KAP to measured skin
doses will result in the most accurate estimates (see Section 21.3.1.3)

8.7.2. Radiation safety considerations for patient protection

Chapter 24 outlines general radiation protection concerns, including
occupational dose monitoring and shielding requirements. Fluoroscopically
guided procedures can result in high patient and operator doses, and radiation
safety is a critical component of a fluoroscopic imaging programme. In general,
the use of good practice by the operator will result in the minimum patient dose
required to complete a fluoroscopically guided procedure safely. Good practice
refers to the use of commonly known techniques to deliver the best image quality
at the lowest radiation dose. These actions include, but are not limited to:
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® Moving the patient as far from the X ray source as practical;

°® Placing the image receptor as close to the patient as possible (i.e. no air
gap);

® Using the lowest electronic magnification (largest FOV) required to
perform the procedure;

¢ Collimating the X ray beam tightly to the anatomy of interest.

In addition to good practice, all dose reduction tools available on the
fluoroscopic equipment should be used. Spacers provided by the manufacturer
are used to maintain a minimum distance between the focal spot and the patient.
Operators often find them inconvenient and as a consequence spacers are
frequently removed and left off the equipment. The reduction in source to skin
distance allowed when the spacer is removed can increase the maximum possible
patient entrance surface air kerma rate by 100%. Antiscatter grids should be
removed when imaging small patients or thin body parts.

Most modern fluoroscopic systems provide additional tools that can
be used to reduce the patient and operator doses. Last image hold is a feature
that maintains the last fluoroscopic image on the viewing monitor pending
fluoroscopy or acquisition being resumed. It allows the physician to contemplate
a static image without the use of additional radiation. Many systems allow the
operator to archive the last image hold image to permanent storage in lieu of
acquiring a digital acquisition image. Some systems extend this further by
providing the capability to archive the entire previous sequence of fluoroscopic
images instead of acquiring a digital acquisition series.

8.7.3. Radiation safety considerations for operator protection

Occupational radiation protection considerations are often variations on
the three cardinal rules of radiation protection: time, distance and shielding.
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, including cancer, and deterministic
effects, namely cataracts (see Chapter 20 for more details).

Non-essential personnel should exit the room while the X ray tube is
energized, and those persons remaining in the room should wear protective
garments made of lead or an acceptable lead free material. 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;
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therefore, standing closer to the image receptor is generally consistent with lower
occupational dose levels.
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9.1. INTRODUCTION

Breast cancer is a major killer of women. The International Agency for
Research on Cancer estimates that over 1.38 million women were diagnosed with
breast cancer internationally in 2008, with over 458 000 deaths. The causes are
not currently known; however, it has been demonstrated that mortality can be
significantly reduced if disease is detected at an early stage.

9.2. RADIOLOGICAL REQUIREMENTS FOR MAMMOGRAPHY

Mammography is a radiographic procedure optimized for examination
of the breast. For many women, mammography is a highly effective means of
detecting early stage breast cancer. It is used both for investigating symptomatic
patients (diagnostic mammography) and for the screening of asymptomatic
women in selected age groups. A typical mammographic screening examination
consists of one or two views of each breast. Common views include the cranial—
caudal and mediolateral oblique, an example of which is shown in Fig. 9.1 (see
also the Appendix to this book). While it is used primarily for the detection
and diagnosis of breast cancer, mammography also has value in presurgical
localization of suspicious regions and in the guidance of biopsies.

Breast cancer is detected on the basis of four types of sign on the
mammogram:

(i) The characteristic morphology of a tumour mass, which can include
irregular margins and spiculations;
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(i1) Certain presentations of mineral deposits, visualized as specks called

microcalcifications;

(iii) Architectural distortion of normal tissue patterns caused by the
disease;

(iv) Asymmetry between corresponding regions of the left and right
breasts.

FIG. 9.1. A mediolateral oblique mammogram. In this projection, the pectoralis muscle
is visualized down to the level of the nipple. In this mammogram, characteristic benign
calcifications are seen.

Figure 9.2 shows X ray attenuation coefficients measured versus energy
on samples of three types of material found in the breast: adipose tissue, normal
fibroglandular breast tissue and infiltrating ductal carcinoma (one type of breast
tumour). Both the attenuation coefficients themselves, and their difference,
decrease with increasing energy, resulting not only in a reduction in the radiation
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dose required to produce an image, but also a decrease in image contrast. As
shown in Fig. 9.3, the inherent X ray subject contrast falls as X ray energy
increases. Note that the subject contrast of even small calcifications in the breast
is similar to that for a tumour mass because of the greater difference in attenuation
coefficient between calcium and breast tissue.

1.0r Infiltrating ductal carcinoma
— — Fibroglandular tissue
========= Adipose tissue
£
[&]
0.1 1
10 100

Energy (keV)

FIG. 9.2. Dependence of the linear X ray attenuation coefficient, u, on X ray energy.
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FIG. 9.3. Dependence of image contrast on X ray energy.
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The essential requirements for image quality in mammography represent
a special case of the general principles of radiography outlined in Chapter 6,
adapted to the specific imaging tasks involved in detection of the radiological
signs of breast cancer. The physics requirements are summarized here.

The imaging system must have sufficient spatial resolution at high spatial
frequencies to delineate the edges of fine structures in the breast. Structural
detail, possibly as fine as 50 um, must be adequately resolved. Variation in X ray
attenuation among tissue structures in the breast gives rise to variation in the
transmitted X ray signal, and this is the fundamental source of image contrast.

As shown in Figs 9.2 and 9.3, breast tissues intrinsically lack subject
contrast, requiring the use of low energy X ray spectra, which emphasize the
compositional differences of the breast tissues. Variation in the physical size
and internal composition of the breast and age dependent changes in the breast
require a broad dynamic range. The use of a radiographic grid and firm breast
compression provides some compensation for scatter. The detectability of
structures providing subtle contrast is further impaired by random fluctuations
in the image, referred to as mottle or noise. However, the breast is sensitive to
ionizing radiation, which, at least for high doses, has a small associated risk of
inducing breast cancer. It is, therefore, desirable to use the lowest absorbed dose
compatible with high diagnostic image quality. In the following sections, the
specialized components of the mammographic imaging system will be described,
and their design related to the above mentioned imaging performance factors.

9.3. X RAY EQUIPMENT

The mammography unit consists of an X ray tube and an image receptor
mounted on opposite sides of a mechanical assembly. Because the breast must
be imaged from different aspects, the assembly can be rotated about a horizontal
axis, as shown in Fig. 9.4. To accommodate patients of different height, the
assembly elevation can be adjusted.

Unlike most general radiography equipment, which is designed such that
the image field is centred below the X ray source, in mammography, the system’s
geometry is arranged as in Fig. 9.5(a). Here, a vertical line from the focal spot of
the X ray source grazes the chest wall of the patient and intersects orthogonally
with the edge of the image receptor closest to the patient. If the X ray beam were
centred over the breast as in Fig. 9.5(b), some of the tissue near the chest wall
would not be imaged.

Radiation leaving the X ray tube passes through a metallic spectral shaping
filter, a beam defining aperture and a plastic plate, which compresses the breast
on to the breast support platform. Those X rays transmitted through the breast
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and breast support are incident on a specially designed antiscatter grid, and then
are incident on the image receptor, where they interact and deposit most of their
energy locally. In screen film and cassette based digital mammography systems,
a fraction of the X rays passes through the receptor without interaction and
these X rays impinge upon the sensor of the automatic exposure control (AEC)
mechanism of the mammography unit. In other digital mammography systems,
the AEC mechanism is typically integral with the digital image receptor. In all
systems, any remaining primary X rays are attenuated by a primary beam stop.

X-ray tube

Compression
plate

Breast support
Grid

Image receptor

FIG. 9.4. Schematic of a mammography imaging system.

9.3.1. Tubes, filters and spectra

In modern mammography systems, the power supply is typically of the
high frequency type (see Section 5.4.2.3) and provides a nearly constant potential
waveform during the exposure. The X ray tube employs a rotating anode design
in which electrons from the cathode strike the anode target material at a small
angle from normal incidence (Fig. 9.6).
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(target)

Collimator

Compression device

Table
Grid
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FIG. 9.5. System geometry for image acquisition showing (a) correct alignment and (b) missed
tissue associated with incorrect alignment.

On modern equipment, the typical nominal focal spot size for contact
mammography is 0.3 mm, while the smaller focal spot used primarily for
magnification is 0.1 mm. The nominal focal spot size is defined relative to
the effective spot size at a reference axis. As shown in Fig. 9.6, this reference
axis, which may vary from manufacturer to manufacturer, is normally specified
at some midpoint in the image. The effective size of the focal spot will
monotonically increase from the anode side to the cathode side of the imaging
field, as illustrated in Fig. 5.7. In mammography, the X ray tube is arranged such
that the cathode side of the tube is adjacent to the patient’s chest wall, because the
highest intensity of X rays is available at the cathode side and the attenuation of
X rays by the patient is generally greater near the chest wall. Frequently in breast
imaging, there may be different target angles according to the focal spot size. In
addition, the angulation of the X ray tube itself may be changed according to the
choice of focal spot size and target material.

Most mammography tubes use beryllium exit windows between the
evacuated tube and the atmosphere, and no oil is present in the radiation path
exiting the tube. Oil, glass or other metals used in general purpose tubes would
provide excessive attenuation of the useful energies for mammography.
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.j Target angle

Reference axis

v Image plane

FIG. 9.6. The geometry of an X ray tube (FID: focus to image distance). The perpendicular
line abuts the chest wall. The reference axis on a particular system will be specified by the
manufacturer.

As in general radiography, one attempts to define a spectrum that provides
energies that give an appropriate compromise between radiation dose and image
quality. In mammography, the spectral shape is controlled by adjustment of
the tube voltage, choice of the target material and the type and thickness of the
metallic filter placed between the X ray tube and the breast. The strategies for
optimization of the X ray spectrum for screen film mammography and digital
mammography are quite different. In screen film mammography, the contrast
of the displayed image is constrained by the fixed gradient of the film, while in
digital mammography, the quality of the displayed image is constrained by the
image signal to noise ratio (SNR).

Using monoenergetic models of mammographic imaging, it has been
suggested that the optimum energy for film imaging lies between 18 and 23 keV,
depending on breast thickness and composition. It has been found that for a breast
of typical thickness and composition, the characteristic X rays from molybdenum
(see Fig. 1.3) and rhodium (see Table 9.1) provide good imaging performance
for screen film mammography. For this reason, molybdenum and/or rhodium
target X ray tubes are available on most mammography machines. Because the
contrast of digital images can be controlled during image display, higher energies
may be more optimal for digital mammography. For this reason, some digital
mammography machines provide tubes equipped with tungsten targets.
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TABLE 9.1. CHARACTERISTIC X RAY ENERGY (keV) FOR
MOLYBDENUM (Mo) AND RHODIUM (Rh) ANODE X RAY TUBES

Anode K, K, KBl
Mo 17.48 17.37 19.61
Rh 20.22 20.07 22.72

As in conventional radiology, metallic filters are used in mammography
to provide selective removal of low X ray energies from the beam before it is
incident upon the patient. In mammography, a molybdenum anode X ray tube
is commonly employed with a molybdenum filter that is 30-35 um thick. This
filter acts as an energy window providing greater attenuation of X rays both at
low energies and above the K absorption edge at 20 keV, while allowing the
molybdenum characteristic X rays from the target and X rays of similar energy
produced by bremsstrahlung to pass through the filter with relatively high
efficiency. As illustrated by Fig. 9.7(a), the resultant spectra are enriched with
X rays in the range 17-20 keV.

Although molybdenum spectra are relatively well suited for imaging a
breast of average attenuation, slightly higher energies are desirable for imaging
thick, dense breasts. Because the molybdenum target spectrum is so heavily
influenced by the characteristic X rays, an increase in the tube voltage alone
does not substantially change the shape of the spectrum (see Fig. 9.7(a)). The
average energy of the beam can be increased, however, by employing filters of
higher atomic number than molybdenum. For example, rhodium (atomic number
45) has a K absorption edge at 23 keV, providing strong attenuation both for
X rays above this energy and for those at substantially lower energies. Used
with a molybdenum target X ray tube and slightly increased kV, it provides a
spectrum with increased penetration (reduced dose) compared with the Mo/Mo
combination. A Mo/Rh X ray spectrum is illustrated in Fig. 9.7(b).

Further improvement in imaging performance can be obtained by tuning
the effective spectral energy using other target materials in combination
with appropriate K edge filters. One example is the use of an X ray tube that
incorporates a rhodium target. A 25-35 pm thick rhodium filter is used with this
target material. Figure 9.7(c) illustrates the spectrum produced with a Rh target
and a Rh filter. Similarly, particularly for digital mammography, K edge filtration
of tungsten spectra can be used to advantage in that the lack of pronounced K
characteristic peaks provides flexibility in spectral shaping with filters, as
illustrated in Fig. 9.7(d). Typically, filters composed of aluminium, rhodium or
silver are used to shape the tungsten spectrum.

For screen film mammography, the fixed characteristic curve of the film
imposes limitations on the suitable energy range; contrast and noise are limited
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FIG. 9.7.  Examples of mammographic X ray spectra.

by the acceptable radiation dose to the breast. For digital mammography, the
limitations imposed by the film are removed and the gradient of the image display
is freely adjustable at the viewing workstation. This provides an opportunity to
use higher energy beams to improve the SNR per unit dose and to provide the
potential for dose reductions. For example, whereas a typical exposure technique
for an average breast with screen film mammography might be Mo target, Mo
filter and 26 kV, with a digital mammography system, either a Mo/Rh or Rh/Rh
combination might be used at 28 or 29 kV, or a tungsten target with Ag or Rh
filtration operated at similar tube voltage.

9.3.2. Compression

There are several reasons for applying firm (but not painful) compression
to the breast during the mammographic examination. Compression causes the
various breast tissues to be spread out, minimizing superposition from different
planes and thereby improving the conspicuity of structures. This effect may be
accentuated by the fact that different tissues (fatty, fibroglandular and cancerous)
have different elasticities, resulting in the various tissues being spread out by
different amounts and potentially making a cancer easier to see.
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As in other areas of radiography, scattered radiation will degrade contrast
in the mammogram. The use of compression decreases the ratio of scattered to
directly transmitted radiation reaching the image receptor. In Fig. 9.8, the effect
of breast thickness on scatter is quantified. Compression also decreases the
distance from any plane within the breast to the image receptor, and in this way
reduces geometric unsharpness. The compressed breast provides lower overall
attenuation to the incident X ray beam, allowing the radiation dose to be reduced.
The compressed breast also provides more uniform attenuation over the image.
This reduces the exposure range that must be recorded by the imaging system, and
in screen film mammography allows a film of higher gradient to be employed.
Finally, compression provides a clamping action, which reduces anatomical
motion during the exposure, thereby reducing this source of image unsharpness.

It is important that the breast be compressed as uniformly as possible and
that the edge of the compression plate at the chest wall be straight and aligned
with both the focal spot and image receptor to maximize the amount of breast
tissue that is included in the image (see Fig. 9.5). The mechanical properties of
the breast are non-linear; after a certain reduction in thickness, application of
additional pressure provides little benefit in terms of improved image quality
and only contributes to patient discomfort. Specialized mechanisms have been
introduced by several manufacturers to try to achieve better compression, while
minimizing the risk of overcompression.
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FIG. 9.8. The effect of breast thickness and diameter of the X ray field on the SPR when no
antiscatter grid is used.
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9.3.3. Grids

In the absence of an antiscatter device, 37-50% of the total radiation
incident on the image receptor would have experienced a scattering interaction
within the breast. Thus, as seen in Fig. 9.8, the scatter to primary ratio (SPR)
will range from 0.3 to 1.2, depending upon the breast size. In addition to contrast
reduction, the recording of scattered radiation reduces the useful dynamic range
of the image receptor and adds stochastic noise to the image. The actual SPR
recorded in the image is determined in part by the detector material; the lower
energy and oblique incidence of scattered X rays result in higher attenuation than
for primary X rays (see Chapter 6).

It is typical to use focused linear grids in mammography, with grid ratios
from 3.5:1 to 5:1. On modern mammography equipment, the grid is an integral
part of the system, and during the X ray exposure is moved to blur the image of
the grid septa to avoid distracting artefacts in the mammogram. It is important
that this motion be uniform and of sufficient amplitude to avoid non-uniformities
in the image, particularly for short exposures that occur when the breast is
relatively radiolucent. At least one manufacturer provides a crossed grid that
consists of septa that run in orthogonal directions. Improved scatter rejection is
accomplished at doses comparable to those required with a linear grid, because
the interspace material of the crossed grid is air rather than a solid. To avoid
artefacts, the crossed grid must be moved in a very precise manner to ensure a
uniform blurring.

When a grid is used, the SPR is typically reduced by a factor of about 5,
leading in most cases to a substantial improvement in image contrast (Fig. 9.9(a)).
As discussed in Chapter 6, to maintain image quality when the grid is used, it is
necessary to compensate for losses of X ray fluence at the image receptor that
are caused by absorption of primary radiation by the grid septa and interspace
material, as well as removal of scatter by the grid. This is reflected in the Bucky
factor, which can be as large as 2 to 3 in mammography (Fig. 9.9(b)).

The improvement in image contrast in screen film mammography and
SNR in digital mammography is generally considered to justify this increase
in dose to the breast. Some differences do exist between digital and screen
film mammography. In mammography, the benefit of a grid is clear for thick
breasts; however, in the digital mammography of small or thin breasts, the signal
difference to noise ratio (SDNR) improvement from scatter reduction may not
justify the dose increase from the use of a grid. Also, for digital mammography,
it is not necessary to compensate for removal of scattered radiation. This allows
a reduction of the Bucky factor in digital imaging and a corresponding dose
reduction.
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FIG. 9.9. The effect of the use of a grid for screen film mammography on (a) contrast
improvement factor and (b) the Bucky factor. Curves are shown as a function of tube voltage
for a Mo/Mo target filter combination with 4 cm and 8 cm thick breast equivalent phantoms.

9.34. AEC

It is difficult to estimate the attenuation of the breast by visual inspection;
therefore, modern mammography units are equipped with AEC (see Sections 5.4.3,
6.2.7 and 19.5.2). For screen film mammography, it is very important for both
image brightness and contrast to achieve a target optical density (OD) in the
image, while with digital mammography, it is more useful to achieve a target SNR
or, preferably, a target SDNR in the image.

For screen film mammography and for cassette based digital systems, the
AEC radiation sensor(s) is/are located behind the image receptor to avoid casting
a shadow on the image. The sensors measure the X ray fluence transmitted
through both the breast and the image receptor and provide a signal to discontinue
the exposure when a preset amount of radiation has been received by the image
receptor. The location of the sensor is adjustable so that it can be placed behind the
appropriate region of the breast to obtain proper exposure. The AEC performance
must be independent of variations in breast attenuation, tube voltage or filter
settings, and field size. With modern equipment, AEC is generally microprocessor
based, so that relatively sophisticated corrections can be made during the exposure
for the above effects and for reciprocity law failure of the film (see Section 7.3.5).

Penetration through the breast depends on both breast thickness and
composition. For a breast that is thick or dense, it is possible that for a relatively
low tube voltage, a very long exposure time would be required to achieve
adequate film darkening or digital signal. This would result in a high dose to
the breast and possibly blur due to anatomical motion, while a more penetrating
beam allows a lower dose to be used but with a loss of image contrast. Thus,
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many mammography AEC systems also incorporate automatic control of the
tube voltage or target/filter/tube voltage combination. These systems sense the
compressed breast thickness and the transmitted exposure rate and employ an
algorithm to choose automatically the X ray target and/or beam filter as well
as the tube voltage. Typically, a short (usually <100 ms) X ray pre-exposure is
made first. The recorded X ray signal and the breast thickness measured from
the compression plate position are used to infer the composition of the breast and
determine the optimal exposure conditions.

To provide greater flexibility, multiple user selectable algorithms can be
incorporated into the system to weight the exposure factor selection towards
either lower dose or higher image quality, according to the requirements of
the examination. All systems build in appropriate constraints to ensure that the
operation of the equipment is in compliance with applicable regulatory radiation
dose limits and within the functional limitations of the X ray tube, generator and
image receptor. These requirements may cause the image quality to be less than
optimal under certain circumstances.

For digital mammography, it is typical for the pre-exposure concept described
above to be used, but in this case, rather than a single sensor measurement, an
entire low dose image is created in the digital detector. This image can be analysed
to determine the overall SDNR or the minimum value over a set of small (~1 cm?)
regions of interest in the image. Then, the target material, the filter and the tube
voltage can be selected automatically to attempt to ensure a desired SDNR when
the main exposure is performed.

As digital detectors can be operated at a range of input dose levels, it is
possible to optimize imaging according to a priority of SDNR, lowest dose or a
combination. Different manufacturers have approached this challenge in different
ways and development in this area is ongoing. For example, the location of the
edges of the breast can be determined automatically so that the algorithm is
only sensitive to the region of the image within the breast. The algorithm can
be ‘trained’ to identify automatically the critical areas that will dominate the
selection of exposure parameters. Special modes of operation can be developed
for tasks such as imaging breasts containing implants. Again, these systems must
be constrained by radiation regulations.

9.3.5. Magnification mammography
Magnification mammography is often used intentionally to improve the
diagnostic quality of the image. This is accomplished by elevating the breast above

the image receptor, in effect reducing the focus to object distance and increasing
the distance from the object to the image receptor. Magnification mammography
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achieves three key benefits: (i) increased SNR, (ii) improved spatial resolution
and (ii1) dose efficient scatter rejection. These benefits are illustrated in Fig. 9.10.

FIG. 9.10. A suspicious region is visible in the lower aspect of the mammogram (left).
A magnified image of this region obtained with focal compression shows an obvious mass

(right).

Magnification causes structures to appear larger when projected on
to the image receptor, thereby increasing the effective modulation transfer
function (MTF) of the receptor with respect to structures within the breast
(see Sections 6.2.3 and 6.2.4). In screen film mammography, the limiting
resolution of the image receptor is already quite high and is rarely a limiting factor.
The increase in focal spot unsharpness that occurs as a result of magnification,
even with a small focal spot, typically offsets any improvement in the MTF of
the image receptor. The main benefit of magnification is to increase the size of
the projected anatomical structures compared with the granularity of the image,
thereby improving the SNR in the image. This improvement can be valuable,
particularly for the visualization of fine calcifications and spiculations.

In digital mammography, where the film grain noise has been eliminated,
but where the limiting spatial resolution of the detector is lower than that provided
by the screen film image receptor, the benefits of magnification may be different
in nature. In this case, the increase in projected size of anatomical features does
improve the effective resolution of the detector, which in some cases is a limiting
factor.

The spatial resolution of magnification mammography is always limited
by focal spot size. As such, the use of a small spot for magnification imaging
(typically a nominal size of 0.1 mm) is critical. Loss of spatial resolution can be
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controlled in part by using the minimum necessary magnification. It is typical to
use magnifications of between 1.5 and 1.8. For the small focal spot, the X ray
tube current must be reduced, necessitating increased exposure times. As a
result, there is an increased likelihood of resolution loss resulting from motion of
anatomical structures. It is common to apply focal compression to the breast in
magnification imaging (Fig. 9.10, right), reducing the breast thickness and hence
exposure time.

By moving the breast closer to the X ray source in magnification
mammography, the dose to breast tissue increases compared with that in contact
mammography. The increased air gap between the breast and the image receptor
provides some scatter rejection; thus, antiscatter grids are not employed for
magnification. This partially offsets the increase in dose and the increase in
exposure time that occurs from use of the small focal spot.

9.4. IMAGE RECEPTORS
9.4.1. Screen film mammography

In screen film mammography, a high resolution fluorescent intensifying
screen is used to absorb the X rays and convert the pattern of X rays transmitted
by the breast into an optical image (see Section 7.3). These screens are used in
conjunction with single emulsion radiographic film, enclosed within a lightproof
cassette. The film is typically available in two sizes: 18 cm X 24 cm and
24 cm % 30 cm. It is customary to use the smallest possible size that ensures
complete radiographic coverage of the breast; this results in superior breast
positioning and compression. In women with large breasts, multiple films may be
required to image the breast fully.

The screen and film are arranged as shown in Fig. 9.11, such that the
X rays must pass through the cover of the cassette and the film to impinge upon
the screen. Absorption is exponential, so that a larger fraction of the X rays is
absorbed and converted to light near the entrance surface of the screen. The
lateral spread of the light increases with the distance that light quanta travel
through the phosphor. By minimizing the distance that the light must travel
before being collected, this geometry reduces blurring due to lateral spreading,
thus providing the maximal spatial resolution. To discriminate further against
light quanta travelling along long oblique paths, the phosphor material of the
screen may be treated with a dye, which absorbs much of this light, giving rise to
a sharper image.
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FIG. 9.11. Configuration for a mammographic screen film image receptor. A single emulsion
radiographic film is held in close contact with a fluorescent screen in a lightproof cassette.

A typical phosphor used for screen film mammography is gadolinium
oxysulphide (Gd,0,S:Tb). Although the K absorption edge of gadolinium occurs
at too high an energy to be useful in mammography, the phosphor material is
dense (7.44 g/cm?), so that the quantum detection efficiency (QDE) (the fraction
of incident X rays that interacts with the screen (see Sections 7.2.1 and 7.3.2))
is reasonably high (approximately 60% for a typical screen thickness and X ray
spectrum), and K fluorescence (a potential source of noise) is avoided. Also, the
conversion efficiency (fraction of the absorbed X ray energy converted to light)
exceeds 10%, which is high for a phosphor. The amount of light emitted from
the fluorescent screen is linearly dependent upon the total amount of energy
deposited by X rays within the screen.

The photographic film emulsion for mammography is matched to be
sensitive to the spectrum of light emitted from the particular phosphor screen,
and to the range of X ray fluence exiting the breast. As such, it is important to
examine the overall characteristics of the screen and film combination rather than
those of the individual components.

In mammography, compression of the breast reduces the overall range of
X ray fluence exiting the breast, as compared with a breast that is not uniformly
compressed. This allows films with high gradient to be used in an effort to
enhance the contrast between subtly varying soft tissue structures (Fig. 9.12(a)).
In addition, mammography film has a high maximum OD (D__ )(4.0-4.8 OD) to
maximize the exposure latitude over which the high gradient exists (Fig. 9.12(b)).
This is particularly important near the periphery of the breast where its thickness
decreases rapidly. Nevertheless, some regions of the mammogram will generally
be underexposed or overexposed, i.e. rendered with suboptimal contrast.
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FIG. 9.12. Characteristic curve of a film emulsion used for mammography.

Mammography film is processed in an automatic processor similar to
that used for general radiographic films. It is important that the development
temperature, time and rate of replenishment of the developer chemistry be
compatible with the type of film emulsion used and be designed to maintain
good contrast of the film. Daily quality assurance is required in mammography to
ensure ongoing optimal performance.

There are several technical factors associated with screen film
mammography that limit the ability to display the finest or most subtle details
and produce images with the most efficient use of radiation to the patient. In
screen film mammography, the film must act as an image acquisition detector as
well as a storage and display device. The sigmoidal shape of the characteristic
curve results in limited latitude — the range of X ray exposures over which
the film display gradient is significant. If a tumour is located in a region of the
breast that is either more lucent or more opaque, then the contrast displayed to
the radiologist may be inadequate because of the limited gradient of the film.
This is of particular concern in patients whose breasts contain large amounts of
fibroglandular tissue, the so called ‘dense breast’.

Another limitation of screen film mammography is the effect of fixed
pattern noise due to the granularity of the phosphor screen and the film emulsion
used to record the image. This impairs the detectability of microcalcifications and
other fine structures within the breast. Finally, screen film mammography suffers
from compromises in spatial resolution versus quantum detection efficiency,
which are inherent in the screen film image receptor.
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9.4.2. Digital mammography

Digital mammography, introduced commercially in 2000, is able to
overcome many of the technical limitations of screen film mammography.
In digital mammography, image acquisition, processing, display and storage
are performed independently, allowing optimization of each. Acquisition is
performed with low noise X ray detectors having a wide dynamic range. As the
image is stored digitally, it can be displayed with contrast that is independent of
the detector properties and defined by the requirements of the particular imaging
task. Whatever image processing techniques are found useful, ranging from
simple contrast enhancement to histogram modification and spatial frequency
filtering, can conveniently be applied prior to image display.

The challenges in creating a digital mammography system with improved
performance are mainly related to the X ray detector and the display device. The
detector should have the following characteristics:

* Efficient absorption of the incident radiation beam;

® A linear or logarithmic response over a wide range of incident radiation
intensity;

* Low intrinsic noise and little to no fixed pattern noise, to ensure that images
are X ray quantum noise limited;

® Limiting spatial resolution of the order of 5-10 cycles/mm (50—-100 pum
sampling);

® |t can accommodate at least an 18 cm % 24 cm and preferably a
24 cm x 30 cm field size;

® It can image immediately adjacent to the chest wall;

® An acceptable imaging time and heat loading of the X ray tube (e.g. in
detectors that must be scanned to image the entire breast).

Two main approaches have been taken in detector development — area
detectors and scanning detectors. In the former, the entire image is acquired
simultaneously, while in the latter only a portion of the image is acquired at one
time and the full image is obtained by scanning the X ray beam and detector(s)
across the breast. Area detectors offer fast image acquisition and can be used
with conventional X ray machines equipped with a grid to reduce scatter. By
comparison, scanning systems have longer acquisition times and are mechanically
more complex, but use relatively simple detectors and have excellent intrinsic
scatter rejection.

Various detector technologies are employed in full field digital
mammography systems, i.e. those capable of imaging the entire breast (see also
Section 7.4.3). In one approach, the detector consists of an amorphous silicon
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thin film transistor panel containing a rectangular matrix of 2000-3000 columns
by 30004000 rows of detector elements (dels). Each del is connected by a thin
film transistor switch to electrical lines running along each row and column
(see Section 7.4.3). This array is covered by a phosphor or a photoconductor
X ray detector.

In so-called ‘indirect’ detectors, each del includes both a light sensitive
photodiode and a thin film transistor switch. The array is covered with a
phosphor layer, typically made of thallium activated Csl. X rays transmitted
by the breast are absorbed by the phosphor and the light produced is converted
in the photodiode to charge, which is stored on its capacitance. After the X ray
exposure, readout signals sent sequentially along the lines for each row activate
the corresponding switches and the charge is transferred down the columns to
readout amplifiers and multiplexers, and digitized to form the image. This readout
system allows the signals from all of the dels to be read in a fraction of a second.
The needle-like phosphor crystals of Csl (see also Fig. 8.2) behave somewhat
like fibre optics, conducting the light to the photodiodes with less lateral spread
than would occur with granular phosphors. This allows the thickness of the
phosphor to be increased relative to a granular phosphor, to improve the QDE of
the detector without excessive loss of spatial resolution.

A second system employs a similar readout strategy but replaces the
phosphor with an X ray absorber composed of amorphous selenium, which is
a photoconductor. In this so-called ‘direct’ detector, the energy of the absorbed
X rays causes the liberation of electron hole pairs in the selenium. The charged
particles are drawn to the opposite faces of the detector by an externally applied
electric field. To collect the signal, an array of electrode pads (rather than
photodiodes) forms the dels. Unlike the phosphor based detectors, the electric
field can be tailored to collect the charge with minimal lateral spread. This allows
the use of a relatively thick detector to achieve excellent QDE without significant
reduction in resolution at near normal incidence. Other materials in which X ray
energy is directly converted to charge are under development and include lead
iodide, zinc cadmium telluride and thallium bromide. The use of higher atomic
number materials would allow the thickness of the X ray converter to be reduced.
This mitigates against the degradation of the MTF resulting from the oblique
incidence of the X rays.

Another technology used for digital mammography employs a plate
formed of a photostimulable phosphor material, housed in a lightproof cassette,
described in more detail in Section 7.4.2. When exposed to X rays, electrons in
the crystalline material are excited and subsequently captured by traps in the
phosphor. The number of trapped electrons is proportional to the amount of
X ray energy absorbed at a particular location in the detector. After exposure,
the plate is placed in a reader device and scanned with a red HeNe laser beam.
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The energy of the laser light stimulates the traps to release the electrons. The
transition of these electrons through energy levels in the phosphor crystal results
in the formation of blue light. The light is collected by an efficient optical system,
measured with a photomultiplier tube and the signal digitized. By correlating the
time of measurement of the signal with the position of the scanned laser beam,
the signal can be attributed to a particular pixel in the image. The resolution of
the image is determined by the size of the scanning laser beam, the underlying
scatter of the readout laser light in the phosphor and the distance between sample
measurements.

Mammography photostimulable phosphor systems differ from the general
radiography photostimulable phosphor systems in several key areas. In general,
the mammography photostimulable phosphor system is designed for higher
spatial resolution and thus uses a thinner phosphor material and is scanned with
finer sampling pitch (typically 50 um). The result is less signal per pixel. To
overcome this limitation, various innovations have been developed to improve
light coupling and reduce readout noise, including the use of dual sided readout
of the phosphor plates and needle-like phosphors that permit the use of thicker
detectors with superior QDE.

The detector systems discussed thus far acquire the image by integrating
the signal from a number of X ray quanta absorbed in the detector and digitizing
this signal. The image noise from these systems depends on both the Poisson
X ray quantum fluctuations associated with X ray absorption and the additional
noise sources associated with the production of the converted electronic signal.
As discussed in Chapter 7, these noise sources can arise from the fluctuation in
the amount of light produced in a phosphor in response to absorption of an X ray
of a particular energy, or from the X ray spectrum itself (different amounts of
signal are produced when X ray quanta of different energies interact with the
detector material).

As an alternative, it is also possible to count the number of interacting
quanta directly, thereby avoiding these additional noise sources. Typically,
quantum counting detectors are multiline devices employing a geometry in which
the X ray beam is collimated into a slot or multislit format and scanned across
the breast to acquire the image. The detector can be based on either a solid state
approach, where electron hole pairs are produced in a material such as crystalline
silicon, or a pressurized gas, where the signal is in the form of ions formed in the
gas. In either case, collection of the charge signal and appropriate amplification
produces a pulse for each interacting X ray quantum and these pulses are simply
counted to create the signal. An additional feature of these detectors is that as
the beam is collimated to irradiate only part of the breast at a time, the SPR is
reduced without the need for a grid, and this increases the dose efficiency of the
system.
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9.5. DISPLAY OF MAMMOGRAMS
9.5.1. Display of film mammograms

To allow visualization of as much of the information recorded in the
mammogram as possible, it is essential that the viewing conditions be optimal.
Mammograms should be interpreted under conditions that provide good visibility
and comfort and incur minimal fatigue. For film, viewing transillumination
systems are available that have been specifically designed to produce the
appropriate luminance levels for reading mammograms. The illuminator surface
should provide diffused light of uniform brightness. The luminance level must
be sufficient to illuminate areas of interest in the mammogram. It has been
recommended that illuminators for film mammograms be capable of producing a
luminance of at least 3000 cd/m?.

The contrast sensitivity of the eye (the ability to distinguish small
differences in luminance) is greatest when the surroundings are of about the same
brightness as the area of interest. Therefore, to see detail in a mammogram, it
is important to reduce glare to a minimum, to avoid surface reflections, and to
reduce the ambient light level to approximately that reaching the eye through
the mammogram. Glare and reflections can be reduced by locating illuminators
away from bright surroundings such as windows, by switching off surrounding
viewboxes when not in use, and by using masks to cover unused portions of a
viewbox or to cover low density areas in the mammogram being examined.

Subdued lighting is preferred in the viewing room. It is also important to
have a variable brightness high output light source (with appropriate masks)
to view high OD areas on the film mammogram, and to ensure that films are
properly exposed and processed.

9.5.2. Display of digital mammograms

The display system plays a major role in influencing the overall performance
of the digital mammography unit in terms of both the ease of image interpretation
and the image quality presented to the radiologist. While some radiologists
use ‘hard copy’ systems (laser printed films) for interpretation, the flexibility
of adjustment of display brightness and contrast in digital mammography are
best realized when the images are viewed on a computer display using either a
cathode ray tube or flat panel display monitor. This is often referred to as ‘soft
copy’ display.

The display must have a suitable number of high quality monitors
(normally two 5 megapixel monitors are recommended) to allow viewing of as
much of the mammogram as possible at the required resolution level. Digital
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mammograms generally contain more pixels than can be displayed at one time on
a soft copy device. A 5 megapixel monitor is capable of displaying only a single
mammogram with approximately 2000 x 2500 100 pm pixels at full resolution.
Larger images must be resampled to reduce temporarily the image size so that
the entire mammogram can be viewed. Then, zooming and scrolling operations
can be employed to allow inspection of regions of interest in the image at the full
acquired spatial resolution.

Hard copy display systems produce a printout of the digital image on
transparent film sensitized to laser light. The image brightness and contrast are
usually adjusted by the radiographer before printing out the image, making use of
the controls provided at the acquisition work station. Hard copy image displays
have the disadvantage of not allowing the radiologist to control the image
processing operations during viewing. Therefore, it is strongly recommended that
images be displayed for interpretation on a high quality soft copy device.

Both wet and dry laser printers are available and produce breast images of
similar quality. The spatial sampling (resolution) of laser printers should at least
match the del size, so the printing device should not be the limiting factor. Using
too low a resolution for printing results in printed films with coarse looking
pixels, or in an overly magnified image of the breast. Most of the commercially
available printers for digital mammography have two pixel sizes, 100 pm and
50 um or smaller (around 600 dpi), with pixel bit depth of 12 or 14 bits, and
can print on one or more sizes of transparent film (typically 18 cm x 24 cm or
24 cm x 30 cm).

Typically, transparent laser films do not have the same maximum OD
capability as mammography film. The dynamic range of laser films varies from
approximately 0.2 OD up to around 3.2 OD, depending on the film type. It is
recommended that the laser printer characteristic curve be in conformance to the
Digital Imaging and Communications in Medicine (DICOM) Grayscale Standard
Display Function (GSDF) (see Chapter 16).

9.5.2.1. Image processing of digital mammograms

In addition to resampling, zoom and scrolling operations, several other
types of image processing can be employed to improve the presentation of
information in digital mammograms. Common image processing steps include: (i)
segmentation of the breast from the background (air), so that the greyscale lookup
table inversion does not display the air as white, (ii) peripheral enhancement to
suppress the effect of changing thickness near the edges of the breast, (iii) image
resolution restoration or enhancement to increase the conspicuity of the clinical
signs of breast cancer, (iv) lookup table manipulation to allow adjustment of
displayed brightness and contrast and to match the performance of the human
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eye, and (v) noise suppression to enhance the relative conspicuity of small
calcific deposits found in the breast. Methods of image processing are discussed
in more detail in Chapter 17.

9.6. BREAST TOMOSYNTHESIS

Digital mammography has been demonstrated as providing equal or
improved (for women with dense breasts) accuracy compared with screen film
mammography. Nevertheless, neither its sensitivity (probability of finding
cancers when present) nor its specificity (probability of a negative result when
cancer is not present) is 100%. One reason for this is the masking effect of
tissue superposition that necessarily occurs in projection radiography. This
masking effect can be reduced or avoided using 3-D X ray imaging techniques.
The principles of tomosynthesis are discussed in Chapter 10 and of computed
tomography (CT) in Chapter 11. Dedicated breast imaging systems have been
developed for both of these modalities. Both provide reconstructed planar images
of sections of the breast.

Tomosynthesis images are acquired on a modified digital mammography
system where the arm supporting the X ray tube pivots about a point, while the
compressed breast remains stationary. The detector may also pivot, depending
upon the system design. Typically, a small number (9-25) of low dose projection
images are obtained over a limited range of angles (£7° to £30°) about the normal
to the desired image plane.

The X ray spectra used in tomosynthesis are generally higher in energy
than those used in digital mammography (e.g. the W/AI spectrum shown in
Fig. 9.7). The X ray tube may be moved in a continuous or discrete (‘step and
shoot’) fashion; thus, short X ray pulses with higher tube currents are used in
tomosynthesis. As with mammography, the total acquisition time must be
minimized to avoid image degradation due to patient motion.

Planar cross-sectional images are reconstructed from the projections using
filtered back projection or an iterative reconstruction algorithm (see Chapter 11).
It should be noted that the spatial resolution of tomosynthesis is anisotropic;
tomosynthesis provides the highest resolution in plane and relatively poor
resolution between planes. As a result, the reconstructed voxels are generally
non-isotropic, with a pixel size approximately equal to the size of the del and a
reconstructed slice spacing that is typically 1 mm. Owing to the limited range of
acquisition angles, the projection data for tomosynthesis do not form a complete
set, so that the reconstructed image is not a true 3-D representation of the breast
anatomy. This results in artefacts, which are observed in images.
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9.7. BREASTCT

CT provides true tomographic images in which the voxels fairly accurately
represent X ray attenuation coefficients of the breast tissue. The breast CT
systems that have been developed employ a cone beam geometry and a flat
panel area X ray detector. Therefore, the data for all of the CT slices are acquired
simultaneously. This allows rapid image acquisition, but causes the SPR to be
much higher than would be the case in single slice CT, especially as no grid is
used. Voxels tend to be isotropic, but the pixel dimensions in the plane of the
tomographic section are substantially larger than those provided with digital
mammography or tomosynthesis. The current system designs provide a dedicated
prone imaging table, which introduces challenges with respect to imaging
tissue adjacent to the chest wall. Owing to the large number of projections,
images are generally acquired at a much higher tube voltage (50-80 kV) than
for mammography (~30 kV), in order to keep doses at an acceptable level.
Nevertheless, the very low dose per projection can result in noisy images. A
desirable feature of breast CT is that it can be performed without the need to
compress the breast.

9.8. COMPUTER AIDED DIAGNOSIS

The goal of computer aided diagnosis (CAD) is to assist radiologists in
detecting breast cancer, principally in screening mammography. CAD has the
potential to be a cost effective alternative to independent double reading by
two radiologists, in that the CAD algorithm can be used to simulate the second
radiologist. Double reading has been shown to increase the cancer detection rate,
but it is not widely practised because of costs and logistics. Thus, CAD has the
potential to reduce the cancer miss rate, reduce the variability among radiologists,
improve the consistency of a single radiologist and make radiologists more
productive.

Most CAD schemes are designed using the paradigm shown in Fig. 9.13.
A digital mammogram is used as the input for CAD. This can come from a full
field digital mammography system or from data acquired by digitizing a screen
film mammogram. The first step is to preprocess the image to segment the breast
area from the non-breast area and to use image processing to emphasize lesions
or certain features of lesions. For example, spatial filters can be used to make
microcalcifications more prominent, or specialized non-linear filters can be used
to highlight the spiculation associated with malignant masses.
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FIG. 9.13. Conceptual outline of a CAD system.

After the image has been preprocessed, potential lesions are identified. The
simplest means is to ‘threshold’ the region containing the lesion (see Chapter 17),
as both microcalcifications and masses appear brighter than their surrounding
background. Once potential lesions have been identified, they are segmented
from the image using various techniques (see Chapter 17). Because the borders
of masses are often ill-defined or partially obscured by normal tissues of the
breast, gradient based methods are frequently more effective in these situations
than grey level based methods.

To reduce the number of false detections, many features of the segmented
detections are extracted from the image. Most features fall into one of three
categories: intensity based, morphology based and texture based. These features
can be extracted from the greyscale image or from the image after it has
undergone a mathematical transformation. A subset of these features is chosen
for further analysis.

Once the final feature set has been chosen, the features are merged by a
statistical classifier to differentiate actual lesions from false detections. Many
different types of classifier can be used, such as support vector machines,
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artificial neural networks, k nearest neighbour and decision trees. Most classifiers
have comparable performances and new classifiers are being actively researched.

CAD algorithms must be ‘trained’ using a set of mammograms for which
‘truth’ (i.e. the presence or absence of a cancer) is known through biopsy results
or subsequent patient follow-up. Truth data are also required to evaluate the
performance of a CAD algorithm. Care must be taken in training and evaluating
the classifier to avoid bias and to reduce the variance in the measured performance.
To avoid a positive bias, cases used to train the classifier are not used to test the
classifier. Increasing the number of training cases can improve the performance
of the classifier and reduce the variance in the measured performance.

The results of the CAD algorithm are conveyed to the radiologist by means
of an image annotated to show the computer detections. For screen film based
CAD systems, a low resolution version of the image is either printed on paper
or shown on a monitor. The locations of computer detected masses and clustered
calcifications are shown using different symbols for the different lesions. For
digital mammography systems, the CAD output can be annotated directly on to
the radiologist’s display workstation.

More recent research in CAD considers the combination of information
from multiple images, either from a different view from the same examination, or
from the same view from a previous exam. This approach more closely mimics
how a radiologist reads a case, and it can improve the performance of a CAD
scheme. Other CAD methods combine information from one or more images with
clinical findings, as these data are also available and may influence the decisions
made by clinicians. CAD may become particularly valuable in 3-D breast
imaging, where the amount of image data to be considered is greatly increased.
Here, CAD may be useful for automatic detection of microcalcifications in the
large image set, allowing the radiologist to focus attention on more sophisticated
interpretation tasks.

9.9. STEREOTACTIC BIOPSY SYSTEMS

In mammography facilities that perform diagnostic procedures, digital
systems are often used for guidance of stereotactic needle breast biopsy procedures.
Stereotactic procedures are used to investigate suspicious mammographic or
clinical findings without the need for surgical (excisional) biopsies, resulting
in reduced patient risk, discomfort and cost. In stereotactic biopsies, the gantry
of a mammography machine is modified to allow angulated views of the breast
(typically at +15° from normal incidence) to be obtained (Fig. 9.14). From
measurements obtained from these images, the 3-D location of a suspicious lesion
is determined and a needle equipped with a spring loaded cutting device can be
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accurately placed in the breast to obtain tissue samples. These systems may use
small format (5 cm % 5 cm) digital detectors or full field detectors. The image
receptor can be located either in a conventional mammography unit or beneath a
dedicated table, where the patient lies prone on the table with the breast pendant
through an aperture in the table into the imaging region.

X-shift Image detector

Breast support
Z - receptor
to lesion depth

5

Compression paddle

-15° 15°
0°

FIG. 9.14. The geometry for stereotactic breast biopsy is shown. The X ray tube is rotated
about the breast to produce two views. The Z depth of an object can be determined by the
lateral (X) displacement observed between the two views.

9.10. RADIATION DOSE

There are three dosimetric quantities used for mammography: (i) incident
air kerma (IAK) (X)), (ii) entrance surface air kerma (K,) and (iii) mean dose
to the glandular tissue of the breast, known as the mean glandular dose (MGD)
(Dg). The MGD is the primary quantity of interest related to the risk of radiation
induced cancer in breast imaging.
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Details of the calculation of MGD are given in Section 22.5.3.2. The MGD
is calculated using factors obtained experimentally or by Monte Carlo radiation
transport calculations, which convert from IAK to dose in a breast of specific
composition and size. These conversion coefficients are tabulated in various
publications, including IAEA Technical Reports Series No. 457 [9.1].

The MGD conversion coefficient increases with the mean energy of the
X ray spectrum. To produce an image of appropriate quality, every image receptor
requires a specific quantity of X ray energy to be transmitted by the breast and
be absorbed by the receptor. As shown in Fig. 9.2, the attenuation of the breast
decreases with increasing energy, so that the IAK required to obtain a specified
absorbed energy in the receptor decreases accordingly. As energy increases, the
required IAK falls more quickly than the conversion coefficient increases, so the
net result is that the MGD falls with increasing energy.

Doses are not necessarily the same for all types of film or digital
mammography system, especially for the latter where technologies differ quite
markedly. In the Ontario (Canada) Breast Screening Program, in measurements
made in 2009 and 2010, it was found on standard measurements with phantoms
that the dose to each breast from the standard two view examination was 3.2,
2.72 and 2.36 mGy for screen film mammography, digital mammography with
photostimulable phosphor cassettes (CR) and digital mammography with captive
detectors (DR), respectively. In this survey, a system that used a photon counting
detector resulted in a dose that was only 41% of that required on average for
imaging with screen film technology.

The dose in mammography is also dependent on the size and composition of
the breast, as well as the exposure settings selected. In screen film mammography,
where the goal is to maintain a target value for OD on the film, the IAK will
increase as the thickness of the breast and the fraction of fibroglandular tissue
(often referred to as density) increase. This will cause a corresponding increase in
MGD. An increase in beam energy (tube voltage, choice of target material, beam
filter) will mitigate against some of the dose increase. However, image contrast
will be reduced and at some point this will become unacceptable.

In digital mammography, the goal is to achieve a target SDNR at the
detector. Again, the dose will increase with breast thickness and breast density.
However, with a digital system where contrast can be adjusted during image
display, an acceptable compromise can be achieved at a higher energy than with
screen film. This allows the advantage of a greater relative decrease of dose
compared with film for large and/or dense breasts. Figure 9.15 shows the effect
of breast thickness on the required dose, calculated using a theoretical model.
Here, a constant SDNR is achieved at the detector. This requires increased dose
for thick breasts and low energies where the breast is more opaque to X rays,
but also for higher energies where the signal difference or contrast becomes less.
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However, as previously mentioned, the increase with increasing energy is less
than would be required for film mammography.
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FIG. 9.15. Calculated dose required to achieve a fixed SNR at the detector for breast
thicknesses of 2—8 cm. These doses are somewhat low because the effect of scattered radiation
on contrast and noise has not been considered and because the beam is assumed to be
monoenergetic.

There is a risk of cancer induction associated with the radiation doses
received in mammography. Therefore, it is important to understand the magnitude
of risk associated with the radiation dose delivered in mammography. The
Biological Effects of Ionizing Radiation (BEIR) VII report critically examined
data on doses and increased cancer incidence from several studied groups and
allowed development of a radiation risk model for breast cancer [9.2]. The report
provides a single model for all solid tumours, based on the work of Preston et al.
[9.3]. For mammography, this model predicts the excess absolute risk (EAR) of
cancer induction as:

3.5
EAR =10 3¢ 0054729 [%] 9.1)

for women of age, 4, less than or equal to 50 and:

EAR =103 005429 5 [%] 9.2)
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for women aged over 50 years. Here, EAR is the risk of the radiation induction
of a cancer that will ‘surface’ in a 1 year period in a woman of age, 4, per Gy
of dose to the breasts at some earlier age, 4, when the exposure occurred. As
an example, the risk for a woman aged 60 years from a dose to the breasts of
0.0024 Gy, previously received from mammograms at the age of 45 years is
predicted to be 1.06 x 107°, Note that in this model, risk is linearly related to
the dose received and decreases with age at exposure. No explicit provision for
latency is built into this model. However, the predicted risk does increase with
attained age following the exposure, the rate of rise being slower after the age of
50 years.

Integrated appropriately, this model can be useful in predicting the lifetime
risk following a single mammographic examination or from multiple exposures at
different ages, as would occur in periodic screening. For example, in a screening
regimen that consists of annual mammography examinations from the ages of 40
to 55 years, and biennial examination thereafter until the age of 74 years (i.e. 25
screenings) with a dose of 2.4 mGy to both breasts, it is estimated that in 100 000
women, 56 radiation induced cancers will be caused, resulting in 6.9 deaths and a
loss of 88.5 women-years of life. For this calculation, a latency of ten years was
applied, i.e. EAR =0 for 4 <4_+ 10. For these woman, earlier detection through
screening would save 500 lives or 10 670 women-years, resulting in a benefit
to risk ratio of 72.5 (in lives) or 120.6 (in women-years). If the same diagnostic
accuracy could be achieved at reduced radiation dose, the benefit to risk ratio
would be even higher.
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10.1. INTRODUCTION

Up to this point, this handbook has described the use of X rays to form 2-D
medical images of the 3-D patient. This process of reducing patient information
by one dimension results in an image of superimposed tissues where important
information might be obscured. Chapter 11 begins a section of the book involving
the creation of cross-sectional medical images through computed tomography
(CT), ultrasound and magnetic resonance imaging (MRI). This Chapter describes
a number of special X ray imaging modalities and their associated techniques, and
forms a transition between projection and cross-sectional imaging.

The first of these special topics is dental radiography, which is characterized
by a diversity of technology and innovation. The common intraoral radiograph of
a single tooth has seen little fundamental change since the time of Roentgen and
is, today, along with the simple chest radiograph, the most commonly performed
radiographic examination. By contrast, the challenge to create an image of all
the teeth simultaneously has placed dentistry at the cutting edge of technology,
through the development of panographic techniques and, most recently, with the
application of cone beam CT (CBCT). Moreover, the small size of the tooth and
the consequent reduced need for X ray generation power promotes equipment
mobility. The effect of the need for equipment mobility also forms a special topic
that is examined in this chapter.

Quantification of the composition of the body is another special X ray
imaging technique. Dual energy X ray absorptiometry (DXA) is primarily used to
derive the mass of one material in the presence of another, through knowledge of
their unique X ray attenuation at different energies. DXA’s primary commercial
application has been to measure body mineral density as an assessment of fracture
risk and to diagnose osteoporosis; thus, the X ray energies used are optimized for
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bone density assessment. Currently, there are estimated to be over 50 000 whole
body DXA systems in use worldwide.

Lastly, this chapter reviews the process of sectional image formation
through non-computational methods with the use of relative motion of the X ray
source and image receptor.

10.2. DENTAL RADIOGRAPHY
10.2.1. Introduction

The tooth is a low attenuation static object that, when radiographed directly,
places very limited demands on X ray generation. The image receptor is placed
inside the mouth and irradiated externally. This universal low cost technique
is known as an intraoral examination, with bitewing being the most common
examination. When radiographs of the entire set of teeth are required, both the
image receptor and the X ray source are external to the patient and the X ray
beam is transmitted through the head, demanding significant X ray generation
power and complex motion control for the X ray tube and image receptor. This
procedure, known as an orthopantomograph (OPG), and the intraoral examination
produce 2-D images that are captured most commonly on film but increasingly
in electronic format. In special cases, when dental diagnosis requires 3-D
information, CT units have been specially developed, most recently to include
CBCT (also see Chapter 11).

10.2.2. Technology
10.2.2.1. Intraoral radiography

The intraoral X ray tube is a small robust device with a stationary target
operating with a tube current of only a few milliamperes (see Fig. 5.9). The
X ray generator (see Section 5.4) is typically very simple, often with a fixed
tube voltage and tube current allowing output changes only by variations in
exposure time. Major concerns with this device are the stability of the tube head
and the collimation of the beam. International standards require that the focus
to patient surface distance (FSD) be 200 mm. This is assured with the use of a
collimating attachment that also restricts the beam to the region of the mouth
being radiographed.

While the X ray equipment requires periodic quality control checking
(see Chapter 19), the process of film processing (see Section 7.3) requires
more diligent attention. The unscreened film is removed from the lightproof
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moisture protective wrapping and is processed either manually or with varying
degrees of automation. Hand processing is probably most common and ideally
requires control of temperature and processing time. For higher volume clinics,
this can be automated, with film mounted on hangers that progress through the
development, stop bath, fixation and rinse processes. Typically, these devices
have timing and temperature controls but do not control chemical activity through
replenishment. This is achieved in fully automatic processors, although these are
typically restricted to major dental hospitals. The uncertainties in film processing
are best controlled through sensitometry. While light sensitometers are rare in
dentistry, owing to the small film format, adequate results can be achieved by
using a simple radiograph of a three step ‘wedge’ (this can be easily obtained,
either through manufacture by folding the lead foil found in the film wrap or by
commercial purchase). Increasingly, digital detectors are replacing film.

Digital image capture can be achieved from an intensifying screen that is
linked to a charge coupled device (CCD) camera through a tapered fibre optic
coupling (see Fig. 7.10). The electronic signal can be transferred to an acquisition
computer, either through a direct cable or through ‘blue tooth’ radiofrequency
transmission.

10.2.2.2. OPG

An OPG image (Fig. 10.1) is created by complex equipment where the X ray
tube and image receptor assembly move in a horizontal plane around the head of
the patient. Importantly, the image receptor itself also moves within the assembly
behind a lead aperture (Fig. 10.2). The device uses the principle of tomography
(see below) and, more importantly, the principle of panoramic photography.
This process can be illustrated through consideration of the panoramic camera
used in photography. Here, an acquisition aperture is used to expose an image

FIG. 10.1. OPG image of the teeth.
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plate that is moved behind the aperture slit to capture the image of a ‘panorama’
while the camera simultaneously slowly rotates to scan a scene. Similarly, with
the OPG, the panorama of the teeth is acquired by a narrow vertical fan beam
of X rays as the tube rotates around the back of the head. Simultaneously, the
image receptor is moved behind the aperture to capture the image. This imaging
situation is non-isotropic, with the vertical magnification given by normal
projection radiographic principles. The horizontal magnification is determined
by the speed of the image receptor behind the acquisition slit and its relationship
to the speed of the projected image of the teeth. This is adjusted, however, to give
equal magnification in both directions on the resultant image. The tomographic
process is described briefly in Section 10.5.

Collimators

Image receptor

FIG. 10.2. The basic movements of the OPG unit around the mandible are illustrated. A
narrow beam of radiation is formed by the tube collimation. Note the image receptor movement
behind the image receptor aperture.

10.2.2.3. CBCT

CT imaging has been used for some time in dentistry, including the use of
custom designed units for dental applications. However, their use has become
more widespread recently with the advent of cone beam technology. There are
many CBCT models available, using a variety of acquisition schemes. However,
they have in common a flat panel detector for acquisition, typically using either
digital radiography technology or an intensifying screen with a CCD camera
(see Sections 7.4.4 and 8.2.1). Typically, a CBCT can acquire a full field of view
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(FOV) that covers the whole head, although acquisitions that are restricted to the
mandible with as little as 10% of full FOV are possible. The use of these lower
cost CT units opens up new potential in some areas of dental diagnosis, although
their significantly higher dose compared with OPG procedures should be noted.

10.2.3. Dental dosimetry

Since dental examinations are among the most numerous radiological
procedures, the dosimetry of these procedures is of great interest. Relevant
principles and measurement techniques of dosimetry are covered in Chapter 22
and in IAEA Technical Reports Series No. 457 [10.1]. However, it is useful to
discuss the magnitude and possible effect of such doses. While there are large
variations in recorded doses between X ray facilities, a recent study in Europe
showed that the average incident air kerma (IAK) for an intraoral bitewing
projection varied from 1 to 2 mGy, with a corresponding kerma area product
(KAP) measurement of 2040 mGy-cm?. The dose in centres that use slower film
would be expected to be significantly higher. Data from OPG examinations, also
from Europe, showed KAP values ranging from 40 to 150 mGy-cm?.

The estimation of a population effective dose (see Section 22.3.3), however,
is somewhat more difficult, owing to the complex distribution of critical organs.
For the main part, there are few radiosensitive organs around the mandible. One
exception is the thyroid. However, well collimated X ray units should not directly
irradiate this organ, but it will probably receive appreciable scattered radiation.

Other radiosensitive organs include the red bone marrow of the mandible
and the brain. The salivary glands, which are subject to considerable irradiation,
also need to be considered. They are now included as a remainder organ in the
calculation of effective dose in accordance with International Commission on
Radiological Protection (ICRP) 103 [10.2].

Some estimates of effective dose have been made for OPG examinations
with an average value of about 7 puSv using the earlier weighting factors from
ICRP 60. The use of ICRP 103 weighting factors has been variously estimated
to increase the effective dose in dentistry by 50 to 400%. Since CBCT units
operate with a large FOV, their effective doses are considerably higher than for
OPG, with estimates of the dose for full FOV varying from 60 to 550 puSyv, still
considerably lower than for conventional head CT, which has effective doses of
about 2 mSv.
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10.3. MOBILE RADIOGRAPHY AND FLUOROSCOPY
10.3.1. Introduction

Mobile X ray equipment ranges from small dental units to CT and magnetic
resonance imaging units carried in a large vehicle. This discussion restricts itself
to simple radiographic and fluoroscopic equipment. Mobile equipment is needed
when the patient cannot be brought to a fixed installation for a radiographic
examination. Outside of the clinical centre, this may occur in a resource limited
setting, or where needed for a limited time period, such as with a radiographic
screening programme for a disease such as tuberculosis. Inside the clinical centre,
it may occur when the patient is too ill to be conveniently moved, or if some
resources are limited. Limitations of mobile equipment relate to the availability
of a suitable electrical power supply, the size and weight of the equipment and
the consequent effort required to move it. The design of mobile X ray equipment
is varied and innovative, in order to maximize the benefit, given the above
constraints.

10.3.2. Technology

As considered in Chapter 5, assuming no loss in the high voltage
transformer, the X ray output power in the secondary circuit will equal that of the
primary power drawn from the electricity supply. Hence, a domestic single-phase
electricity supply may typically be limited to 2.4 kW, in contrast to the needed
power for fixed angiographic X ray machines with a capacity to draw up to
100 kW with a high current multiphase supply. While low power is usually not a
limitation for fluoroscopic application, it poses a challenge for some radiography.
One solution is to charge a capacitor, which is discharged across the X ray
tube, the so called ‘capacitor discharge’ mobile. However, as determined by the
physics of the design, the tube voltage will fall rapidly during the discharge of
the capacitor, leading to excessive surface kerma for large patient thicknesses.
Perhaps the best scenario is to have an integral battery power supply, which is
converted to a medium to high frequency alternating current signal, as described
in Chapter 5, and leads to substantial reductions in the thickness of the coils
needed in the transformer design. There is also the added advantage that it can be
used when there is no supply of electrical power available at the examination site.

The variety of possible generator designs leads to the possibility of many
types of radiographic waveform being used in the high voltage circuit for X ray
generation. As noted in Chapter 5, this leads to varying tube outputs and beam
qualities for the same radiographic settings of tube voltage and tube current. Care
is therefore needed when determining dosimetric factors for mobile units.
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10.3.3. Image quality

Control of image quality and general quality control for mobile X ray units
usually follow those used for fixed units. It has been observed that the use of
high fluoroscopic image quality can lead to reduced procedural time and hence
reduced radiation exposure time. An important part of image quality is the set-up
of viewing monitors and the ambient conditions used for operation. Every effort
should be made to view monitors in conditions of low ambient light.

10.3.4. Radiation protection

Mobile X ray equipment also raises concerns about occupational and public
radiation exposure, as the equipment is not operated in a purpose built shielded
environment. Assuming all X ray equipment has been checked for tube leakage,
the source of radiation of occupational concern during the procedure is from the
input surface of the patient. It is advised that the medical physicist takes field
measurements of air kerma levels due to the patient scattered radiation using a
patient phantom for typical radiographic and fluoroscopic procedures.

As mobile radiography may take place in environments where other
patients or members of the public may be in close proximity, it is essential that
good communication exists between the medical physicist and the staff at the
location of the radiographic procedure. These staff should attend appropriate
radiation safety courses that include information about the radiation risk from
mobile radiography. In many cases, such as for mobile chest radiography, the
use of good radiographic practice with basic radiation protection allows safe
usage in most hospital environments. Simple measurements should be made to
demonstrate the safety (or otherwise) of mobile X ray equipment use.

10.4. DXA

The principle of operation for DXA involves two images that are made from
the attenuation of a low and a high X ray energy beam, using special imaging
equipment comprising special beam filtering and near perfect spatial registration
of the two attenuation maps (Fig. 10.3).
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FIG. 10.3. Schematic showing the components of a DXA system. The gantry configuration
above, using a pinhole source collimator and single detector, would be referred to as a pencil
beam system. To create an image, the pencil beam gantry must physically scan in rectilinear
fashion over the region of interest. Other systems with slit source collimators and segmented
line detectors are called fan beam systems and have the advantage of higher spatial resolution
and shorter scan times.

The process for determining material composition can be outlined from
consideration of the total attenuation of an X ray flux passing through a subject,
as represented by the following formula:

I

p):

i

I (10.1)

N

I=Ie 2" = e
where
I, is the unattenuated X ray intensity before it passes through material N of
thickness 7
4, s the total linear attenuation;
(u/p), is the mass attenuation coefficient of the ith material;
and ¢, is the ith areal density = p ..

DXA can only solve for two materials simultaneously. However, by using

the following three fundamental assumptions, three materials may be quantified,
which are bone, lean mass and fat mass:
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(i) X ray transmission through the body for the two energy windows can be
accurately described by an exponential attenuation process (Eq. (10.1)).

(i1) Pixels of the human body image can describe two components, i.e. either
soft tissue and bone mineral, or, when bone is not present, lean mass
and fat mass. Thus, although DXA can only solve for two compartments
within individual pixels, it can describe a three component model for body
composition.

(iii)) The soft tissue overlying the bone in the image has a composition and X ray
properties that can be predicted by the composition and X ray properties of
the tissue near to but not overlying the bone.

To further elucidate how DXA measures bone and soft tissue masses,
simplified DXA equations will be derived for two monochromatic X ray
exposures with different energies (high energy and low energy). The full solution
would require integration of the attenuation across the X ray spectrum for each
energy. The attenuation equation for each exposure results in the following two
equations:

(10.2)

(10.3)

IM=1.e

where the H and L superscripts represent the high and low energy X ray beams
respectively, and the s and b subscripts represent soft tissue and bone.

The solution of these equations for the areal density of bone (aBMD) is
given by:

Rgln

7 It

i P N e

I8 n 1§

= - —aBMD
[u] [u] R,

Pl Py

where Ry is commonly referred to as the ‘ratio value’ for soft tissue, measured for
tissue surrounding but not containing the bone:

§b:

(10.4)
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2 (10.5)

FIG. 10.4. Principle of DXA shown with four intensity profiles as per Fig. 10.3. The high
energy absorption profile is multiplied by the soft tissue R value, R, which accounts for
differences in high and low energy absorption of soft tissue. R_is measured for pixels that do
not contain bone using Eq. (10.5).

In order to use a DXA unit to determine bone mineral density, the DXA
unit must be calibrated with a phantom suitable for a particular examination (e.g.
spine) and for a particular DXA system type. Universal phantoms that can be used
between different types of system have been developed. However, the calibration
of DXA units is an important practical subject that is essential for the viability of
DXA usage. The T score is the primary diagnostic value used for osteoporosis
and is inversely related to fracture risk. The Z score is used to diagnose low bone
mass in young adults and children. By international convention, the T score is the
difference between the patient’s aBMD and a young reference aBMD, in units of
the population standard deviation:
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aBMD patient aBMD young adult mean

D (10.6)

young adult mean

T score =

where SD is the standard deviation of the population of young adults. A patient’s
bone density can also be expressed as a Z score, the difference between the
patient’s aBMD and an age matched and, typically, ethnicity matched reference
aBMD and standard deviations:

aBMD —aBMD

patient

SD

7, score — age, ethnicity matched adult mean (107)

age, ethnicity matched adult mean

The reference values used to calculate T and Z scores are derived from
normative databases of local populations. More information on the standards
used to calculate T and Z scores can be found in the Official Positions of the
International Society for Clinical Densitometry [10.3].

10.5. CONVENTIONAL TOMOGRAPHY AND TOMOSYNTHESIS

The usefulness of sectional images, which remove the image of unwanted
overlying tissues, has been well understood since the early days of X ray
imaging. The formation of such images is through an analogue process known as
conventional tomography.

10.5.1. Principles

Conventional tomography uses the principle of image blurring to remove
overlying structures from a radiological image while allowing one section of the
body to remain in focus. During image acquisition, the X ray tube is in motion,
causing the projected image of a given region of the body to move, but in the
opposite direction to the tube. To capture this image, the image receptor moves
simultaneously in the same direction as the projected image (Fig. 10.5(a)). If
the body is considered as being made up of a series of sections parallel to the
image receptor, then the images from the different sections will move at different
speeds, and only the section whose image is travelling at the same speed as the
image receptor will be in focus. This is seen in Fig. 10.5(b), where both the X ray
tube and image cassette are travelling at a constant speed. The section in focus is
known as the focal plane. Regions of the body above and below the focal plane
are increasingly blurred as their distance from this plane increases.
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FIG. 10.5. Forboth (a) and (b), the tube moves at a constant speed to the right. Simultaneously,
the image receptor moves in the opposite direction. The focal plane is defined as the surface
parallel to the image receptor, where the image movement relative to the image receptor is
zero (a). In (b), objects outside of the focal plane are seen to have relative motion between the
image and the image receptor.

It can be then understood that the thickness of the focal zone is related to
the speed of the image of the areas adjacent to the focal plane relative to the
image receptor. For example, when there is a large X ray tube movement, the
image speed relative to the image receptor increases rapidly for sections further
away from the focal plane; consequently, the volume that is not blurred (the focal
zone) will decrease in thickness, and conversely, if the tube motion is small, the
focal zone will be large. In the same way, it can be seen that objects above the
focal plane, being further away from the image receptor, will be more rapidly
blurred than objects closer to the image receptor.

The conventional tomographic example, outlined above, can easily be
extended for use in dental radiography by considering the case for varying the
speed of the image receptor. If the image receptor speed is increased, it can be
deduced that the focal area, known in dentistry as the focal trough, will move
away from the image receptor, with the converse happening should the speed
reduce. In this way, a curved focal trough can be created, as seen in Fig. 10.6,
where it can be seen that the focal trough decreases in thickness as it moves away
from the image receptor (see Section 10.2.2.2).
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FIG. 10.6. The X ray moves at constant speed to the right while the image receptor below
moves to the left. The solid line is the focal plane. In this case, the image receptor accelerates
during motion, thus moving the focal plane away from the image receptor.

An interesting development of conventional tomography has been the
addition of digital technology to change the speed of the image receptor “digitally’;
this is called tomosynthesis. In this case, one acquisition run might consist of
ten individual X ray images each read and erased in sequence throughout the
one tube movement. The images are digitally added to reconstruct different focal
planes in the body. It can be seen that the focal plane can be altered by advancing
or retarding each image in the series by an increasing amount. Figure 10.7
illustrates this for the simplified case of four images.

As discussed in Chapter 9, tomosynthesis can more appropriately be treated
as a special case of CT in which data are acquired over a limited angular range.
The computed image can then be obtained using the various CT reconstruction
methods.
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FIG. 10.7. The X ray tube moves at a constant speed to the right, while the image receptor
moves at a constant speed to the left. In this figure, four samplings of the image are shown at
tube positions A, B, C and D. By combining the four sampled images with appropriate offsets,
it is possible to create tomographic images focused on planes I, Il and 111 as indicated.

10.5.2. Tomographic applications

Conventional tomography has been almost completely replaced by CT in
the modern radiology department. One area where it may still be in extensive use
is for intravenous pyelograms, where contrast in the kidney can be conveniently
placed within the focal plane to allow clear visualization of the contrast agent.
However, the use of variable speed tomography is very widespread at dental
facilities, through the use of pantomographic dental radiography, as described in
Section 10.2.

Conventional tomography requires one tube acquisition for each focal plane
image or slice. Therefore, examinations requiring many slices are inherently high
dose procedures. The use of tomosynthesis, on the other hand, requires only one
tube motion to capture enough data to reconstruct multiple slices within the body.
It is an emerging technology, with its most notable application so far being in
mammography (Chapter 9).
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Chapter 11

COMPUTED TOMOGRAPHY

J. GELEIJNS
Leiden University Medical Centre,
Leiden, Netherlands

11.1. INTRODUCTION

After its clinical introduction in 1971, computed tomography (CT)
developed from an X ray modality that was limited to axial imaging of the
brain in neuroradiology into a versatile 3-D whole body imaging modality for a
wide range of applications, including oncology, vascular radiology, cardiology,
traumatology and interventional radiology. CT is applied for diagnosis and
follow-up studies of patients, for planning of radiotherapy, and even for screening
of healthy subpopulations with specific risk factors.

11.2. PRINCIPLES OF CT

11.2.1. X ray projection, attenuation and acquisition of transmission
profiles

The process of CT image acquisition involves the measurement of X ray
transmission profiles through a patient for a large number of views. A profile
from each view is achieved primarily by using a detector arc generally consisting
of 800-900 detector elements (dels), referred to as a detector row. By rotation
of the X ray tube and detector row around the patient, a large number of views
can be obtained. The use of tens or even hundreds of detector rows aligned along
the axis of rotation allows even more rapid acquisition (Fig. 11.1). The acquired
transmission profiles are used to reconstruct the CT image, composed of a matrix
of picture elements (pixels) (see Section 11.3).
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— (C)

(b)

(a)

FIG. 11.1. CT image acquisition showing the transmission of X rays through the patient by
using a detector row (a), with rotation of the X ray tube and detector (b) and by multiple
detector (c).

The values that are assigned to the pixels in a CT image are associated
with the attenuation of the corresponding tissue, or, more specifically, to their
linear attenuation coefficient x (m™) (see Section 2.3.1). The linear attenuation
coefficient depends on the composition of the material, the density of the material
and the photon energy, as seen in Beer’s law:

I(x)=Ie ™ (11.1)

where /(x) is the intensity of the attenuated X ray beam, /, the unattenuated X ray
beam and x the thickness of the material. Note that Beer’s law only describes
the attenuation of the primary beam and does not take into account the intensity
of scattered radiation that is generated. For use in polyenergetic X ray beams,
Beer’s law should strictly be integrated over all photon energies in the X ray
spectrum. However, in the back projection methodologies (see below) developed
for CT reconstruction algorithms, this is generally not implemented; instead,
typically, a pragmatic solution is to assume where Beer’s law can be applied
using one value representing the average photon energy of the X ray spectrum.
This assumption causes inaccuracies in the reconstruction and leads to the beam
hardening artefact.

As an X ray beam is transmitted through the patient, different tissues are
encountered with different linear attenuation coefficients. If the pathway through
the patient ranges from 0 to d, then the intensity of the attenuated X ray beam,
transmitted a distance d, can be expressed as:
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d
= | u(x)dx
I(d)=1e (11.2)

Since a CT image is composed of a matrix of pixels, the scanned patient
can also be regarded as being made up of a matrix of different linear attenuation
coefficient volume elements (voxels). Figure 11.2 shows a simplified 4 x 4
matrix representing the measurement of transmission along one line. For such a
discretization, the equation for the attenuation can be expressed as:

Id)y=1I,e T (11.3)

d

FIG. 11.2. The principle of attenuation of an X ray beam in a simplified 4 % 4 matrix.
Each element in the matrix can, in principle, have a different value of the associated linear
attenuation coefficient.

From the above, it can be seen that the basic data needed for CT are the
intensities of the attenuated and unattenuated X ray beams, respectively /(d) and
1, and that these can be measured. Image reconstruction techniques can then be
applied to derive the matrix of linear attenuation coefficients, which is the basis
of the CT image.

11.2.2. Hounsfield units

In the CT image, the matrix of reconstructed linear attenuation coefficients
(4 aeria) 18 transformed into a corresponding matrix of Hounsfield units
(HU_,.sia)> Where the HU scale is expressed relative to the linear attenuation

coefficient of water at room temperature (u, . ):

259



CHAPTER 11

aterial = Hmaterial ~ Hwater %1000 (1 | 4)

Iu’water

HU

It can be seen that HU | =0 (&, it = Harer)» HUp; = —1000 (1t = 0)
and HU =1 is associated with 0.1% of the linear attenuation coefficient of water.
Table 11.1 shows typical values for body tissues. From the definition of the HU,
it follows that for all substances except water and air, variations of the HU values
occur when they are determined at different tube voltages. The reason is that, as
a function of photon energy, different substances exhibit a non-linear relationship
of their linear attenuation coefficient relative to that of water. This effect is most
notable for substances that have a relatively high effective atomic number, such
as contrast enhanced blood and bone.

TABLE 11.1. TYPICAL HU VALUES AND RANGES OF VALUES FOR
DIFFERENT TISSUES AND MATERIALS*

Substance HU
Compact bone +1000 (+300 to +2500)
Liver +60 (+50 to +70)
Blood +55 (+50 to +60)
Kidneys +30 (+20 to +40)
Muscle +25 (+10 to +40)
Brain, grey matter +35 (+30 to +40)
Brain, white matter +25 (+20 to +30)
Water 0

Fat —90 (-100 to —80)
Lung 750 (950 to —600)
Air —-1000

2 The actual value of the HU depends on the composition of the tissue or material, the tube
voltage and the temperature.

The minimum bit depth that should be assigned to a pixel is 12, enabling
the creation of a Hounsfield scale that ranges from —1024 HU to +3071 HU, thus
covering most clinically relevant tissues. A wider Hounsfield scale with a bit
depth of 14 is useful for extending the HU scale upwards to +15 359 HU, thus
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making it compatible with materials that have a high density and a high linear
attenuation coefficient.

CT images are usually visualized on a monitor using an eight bit greyscale
offering only 256 grey values. Each pixel HU value then has to undergo a linear
mapping to a ‘window’ 8 bit value. The window width defines the range of HUs
that is represented by the mapped values (ranging from white to black) and the
window level defines the central HU value within the selected window width.
Optimal visualization of the tissues of interest in the image can only be achieved
by selecting the most appropriate window width and window level. Consequently,
different settings of the window width and window level are used to visualize
soft tissue, lung tissue or bone. The greyscale, as defined by window level and
window width, is adapted to the diagnostic task and is thus dependent on the
clinical question.

In clinical practice, considerable deviations between the expected and the
observed HU values may occur. Causes for such inaccuracies may, for example, be
the dependence of the HU value on the reconstruction filter, the size of the scanned
field of view (FOV), and the position within the scanned FOV. In addition, image
artefacts may have an effect on the accuracy of the HU values. When performing
longitudinal clinical studies, one should take into account that, even for the same
scanner, the HU values for a given tissue type may vary with time. In multicentre
studies that involve different CT scanners, there may also be significant variations
in the observed HU values. Therefore, quantitative imaging in CT requires special
attention and often additional calibrations of the CT scanner.

11.3. THE CT IMAGING SYSTEM
11.3.1. Historical and current acquisition configurations

After preclinical research and development during the early 1970s, CT
developed rapidly as an indispensable imaging modality in diagnostic radiology
(Table 11.2). It is impressive to realize that most of the modern CT technology
that is being used in clinical practice nowadays had already been described by
the end of 1983 (Fig. 11.3). The development of multidetector row CT (MDCT)
and multisource CT had already been described in a US patent from 1980 [11.1].
The patent describes what the authors call “a multiple purpose high speed
tomographic X ray scanner”. In the acquisition technique of helical CT (described
in Ref. [11.2]), the patent states that “the apparatus enables helical scanning to be
effected by the continuous transportation of the table couch”. The helix is the
pathway of the continuously rotating X ray source seen from the perspective of
the patient.
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FIG. 11.3. Concepts of multisource and MDCT scanning (left) and of helical CT (right).

Volumetric CT with a scanner that was capable of imaging an entire volume
within a fraction of a second was achieved with the installation of the Dynamic
Spatial Reconstructor in 1980 at the Mayo Clinic in the USA. This scanner
used 14 X ray tubes and 14 image intensifiers and was capable of impressive
performance with regard to coverage and temporal resolution, even measured
against current standards.

Currently, most scanners are helical MDCT scanners, but the technologies
of dual source and volumetric CT scanning have been implemented on a wide
scale.

11.3.2. Gantry and table

The gantry contains all the system components that are required to record
transmission profiles of the patient. Since transmission profiles have to be
recorded at different angles, these components are mounted on a support within
the gantry that can be rotated. The X ray tube with high voltage generator and
tube cooling system, the collimator, the beam shaping filters, the detector arc and
the data acquisition system are all mounted on this support. The engineering of
these components is complex, since they need to be able to withstand the strong
centrifugal force that occurs during the fast rotation of the gantry. Forces of
several tens of g arise for rotation times of the order of 0.25 s.

Electrical power is generally supplied to the rotating gantry by means of
slip ring contacts. Recorded projection profiles are generally transmitted from the
gantry to a computer by means of wireless communication technologies.

The design and engineering of the table, as with the gantry, are critical to
allowing accurate acquisition of data at high rotational speeds. The table must
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also be able to withstand heavy weights without bending. The position of the
patient on the table can be head first or feet first, and supine or prone; this position
is usually recorded with the scan data.

TABLE 11.2. OVERVIEW OF DIFFERENT TYPES OF CT TECHNOLOGY

Acquisition of

CT Detector Axial FOV . . Coverage of
. axial projection oo
technology configuration coverage longitudinal range
angles
First One single del ~ Pencil beam, Rotation of Translation of the table
clinical CT with translation X ray tube and  in small discrete steps
scanners, of the X ray tube detector in small
1974 and del in small discrete angular
discrete steps steps
Axial (step  One single Fan beam, with  One 360° As above
and shoot)  detector row full coverage of rotation of the
CT scanners with hundreds  the FOV X ray tube and
of dels detector
Helical CT ~ As above As above Multiple Continuous translation
scanners continuous of the table
rotations of the
X ray tube and
detector
Helical, Multiple As above As above As above
MDCT detector rows,
scanners, e.g. 4-64 active
1998 channels
Dual source, Two detectors Two fan beams, Multiple As above
helical, with multiple with at least one continuous
MDCT detector rows, fan beam with rotations of two
scanners e.g. 32-64 active full coverage of X ray tubes and
channels the FOV two detectors
Volumetric ~ Multiple Cone beam, with One single Coverage (e.g.
CT detector rows, full volumetric  continuous 160 mm) of the
scanners, currently with ~ FOV coverage  rotation of the longitudinal range is
2007 up to 320 active X ray tube and  provided by the cone
channels detector beam; longitudinal

coverage exceeding
160 mm is achieved
by step and shoot
acquisitions and
stitching of the
reconstructed volumes
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11.3.3. The X ray tube and generator

Owing to the high X ray flux required for CT, the X ray tube uses a tungsten
anode designed to withstand and dissipate high heat loads. With long continuous
acquisition cycles, a forced cooling system using oil or water circulated through a
heat exchanger is often used.

11.3.4. Collimation and filtration

The X ray beam should be collimated to the desired dimensions. The beam
width in the longitudinal axis is generally small; therefore, the collimated X ray
beam is often referred to as a fan beam. In the plane perpendicular to the table
motion, also known as the x—y or axial plane, the beam is shaped to reduce the
dynamic range of the signal that is recorded by the detectors. Beam shaping
(bowtie) filters are used to achieve the desired gradient, with one of a number of
mounted bowtie filters moved into the X ray beam during acquisition.

11.3.5. Detectors

The essential physical characteristics of CT detectors are a good detection
efficiency and a fast response with little afterglow. Currently, solid state
detectors! are used, as they have a detection efficiency close to 100% compared
with high pressure, xenon filled ionization chambers that were used previously
and that had a detection efficiency of about 70%. Solid state detectors are
generally scintilators, meaning that the X rays interacting with the detector
generate light. This light is converted to an electrical signal, by photodiodes that
are attached to the back of the scintillator, which should have good transparency
to ensure optimal detection. Typically, an antiscatter grid is mounted at the front
of the detector, which consists of small strips of highly attenuating material
(e.g. tungsten) aligned along the longitudinal (z) axis of the CT scanner, forming
a 1-D antiscatter grid.

A detector row consists of thousands of dels that are separated by
septa designed to prevent light generated in one del from being detected by
neighbouring dels. These septa and the strips of the antiscatter grid should be
as small as possible since they reduce the effective area of the detector and thus
reduce the detection of X rays. Figure 11.4 shows detector modules for a 4, 16,

! This is a common term used for imaging detection to cover the use of scintillators and
photodiodes and should not be confused with thermoluminescent dosimeters (see Chapter 21
for further discussion).
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FIG. 11.4. Detector modules for a 4, 16, 64 and 320 slice CT scanner (left). The complete CT
detector is composed of many detector modules (right) (courtesy Toshiba Medical Systems).

64 and 320 slice CT scanner. The complete CT detector is composed of many
detector modules that are mounted next to each other along an arc.

CT detectors are curved in the axial (x—) plane and rectangular along the
longitudinal (z) axis. While most dels are used to measure transmission profile
data (the attenuated intensity /(d)), the dels outside the FOV are used to measure
the unattenuated intensity of the X ray beam (/(0)). Thus, the coefficient /(d)/1(0)
from Eq. (11.2) can be easily recorded.

The smallest size of an object (d) within the patient that can be resolved
in the reconstructed image depends on the number and size of dels along the
detector arc, the size of the dels along the z axis, the number of angles for which
projections are recorded during the acquisition, and the focal spot size of the X ray
tube. The minimum number of dels in a detector arc covering a specific FOV
should be approximately 2FOV/d, to resolve the object, d, in the reconstructed
image. About 800 dels are required to achieve a spatial resolution of 1 mm within
a reconstructed image for a FOV of 400 mm. Spatial resolution can be improved
for an acquisition with a full 360° rotation by a slight geometrical modification of
the arrangement of the dels. By shifting the dels by a distance equal to a quarter
of their size, the theoretically achievable spatial resolution becomes twice as
good. Thus, a quarter detector shift is generally implemented in CT scanners. As
a rule of thumb, the number of required projection angles can be approximated
by the number of required dels. With the current detector rows of 800—1000 dels,
covering an FOV of 400 mm, a spatial resolution of better than one millimetre
can be achieved.

Figure 11.5 shows how coverage of MDCT scanners increased when
more active detector rows became available. A typical acquisition with a single
detector row scanner covered 5 mm. CT scanners with four active detector rows
achieved a substantial improvement of the longitudinal resolution. For example,
by using four active detector rows in a 4 x 1 mm acquisition configuration, the
longitudinal spatial resolution improved from 5 mm to 1.25 mm.
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FIG. 11.5. Coverage of the MDCT scanners increased when more active detector rows became
available.

In clinical practice, CT scanners with four active detector rows were
primarily used to enhance longitudinal resolution, which allowed 3-D
visualization of the scanned volume. The CT scanners with four active detector
rows could also be used for enhanced longitudinal coverage, for example, by
selectinga4 x 2 =8 mm, or even a4 x 4 =16 mm coverage. Enhanced longitudinal
coverage would allow for shorter scan times but without the benefit of improved
longitudinal resolution. The CT scanners with 16 or 64 active detector rows
allowed for acquisitions in, for example, 16 x 0.5 = 8 mm and 64 x 0.5 =32 mm
configurations. These scanners provided excellent longitudinal spatial resolution,
high quality 3-D reconstructions and, at the same time, reduced scan times. The
MDCT scanners with up to 64 active detector rows do not provide coverage of
entire organs, and to cover the prescribed range, the scan is generally a helical
acquisition with multiple rotations. With the 320 detector row CT scanner, one
single rotation allows for coverage of 160 mm, enough for covering organs such
as the brain or the heart within one single rotation.
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11.4. IMAGE RECONSTRUCTION AND PROCESSING
11.4.1. General concepts

In order to reconstruct a CT image, numerous measurements of the
transmission of X rays through the patient are acquired. This information is
the basis for reconstruction of the CT image. Prior to image reconstruction, a
logarithm of the measured data is calculated. The logarithm of the (inverse)
measured normalized transmission, In(//I(d)), yields a linear relationship with
the products of x.Ax (Egs (11.2, 11.3)).

Intuitively, one might consider that a simple back projection of measured
transmission profiles could be used for image reconstruction. This process
is visualized in Fig. 11.6, which shows (a) the X ray projection at a certain
angle producing a transmission profile (b). The back projection of this profile
distributes the measured signal evenly over the area at the same angle as the
projection (c). On addition of the back projections of the transmission profiles
from all projection angles, it becomes clear that the simple back projection
process yields a strongly blurred image (d). A more accurate reconstruction can
be obtained by filtering the profiles prior to back projection. This is the method
of filtered back projection, which is discussed in the following sections, and is
the standard technique used for image reconstruction in CT.

FIG. 11.6. A simple back projection yields a strongly blurred image. The contours of the chest
and lungs can still be recognized in the image.

11.4.2. Object space, image space and Radon space
In order to understand the technique of filtered back projection better, it

is essential to introduce three interrelated domains: (i) the object space (linear
attenuation values), (i1) the Radon space (projection values, this domain is also
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FIG. 11.7. Projection (b) recorded by the CT scanner for (a); one specific projection angle
corresponds to one line in Radon space (c) and a 1-D FT of the recorded line in the sinogram
yields one line in Fourier space (d) at the same angle.

referred to as sinogram space, in which case Cartesian coordinates are used) and
(iii) the Fourier space, which can be derived from the object space by a 2-D (FT).

Figure 11.7 illustrates the interrelations between the three domains for one
projection angle with the transmission projection (b) at one specific projection
angle; this projection corresponds with one line in Radon space (c). A 1-D FT
of the recorded line in the sinogram yields an angulated line in Fourier space (d)
(see Section 11.4.3).

The interrelationships between the three domains, object space, Radon
space and Fourier space, are illustrated in Fig. 11.8. A 2-D Radon transform
converts the object space into Radon space. The 2-D Radon space is actually
created during the CT scan: projections are recorded and stored as raw data in
2-D Radon space.

As will be shown in the next section, the combination of 1-D FTs of
transmission profiles at many angles allows creation of the Fourier space of the
object space. One could intuitively expect that an inverse 2-D FT of Fourier
space would be used in CT to reconstruct the object space. However, this does
not yield the best result, since the rebinning of the Fourier transformed angulated
projections, and the associated interpolations that are required to achieve a
Fourier space in Cartesian coordinates, are prone to induce artefacts in the
reconstructed images (this will be explained in more detail in the next section). A
better technique for CT reconstruction is to use a filtered back projection.

11.4.3. Filtered back projection and other reconstructions
The mathematical operations that are required for a filtered back projection

consist of four steps, which are elaborated in the following paragraphs. First, an
FT of Radon space should be performed (requiring many 1-D FTs). Then, a high
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FIG. 11.8. The interrelationships between the three domains, object space, Radon space and
Fourier space. Note that multiple 1-D FTs of lines in the Radon space allow the creation of the
2-D Fourier space (the number of 1-D transforms is equal to the number of profiles registered).

pass filter should be applied to each one of the 1-D FTs. Next, an inverse FT
should be applied to the high pass filtered FTs, in order to obtain a Radon space
with modified projection profiles. Finally, back projection of the filtered profiles
yields the reconstruction of the measured object. Figure 11.9 illustrates this by
showing how successive filtered back projections at different angles can be used
to achieve a good reconstruction of the space domain. It may be noted at this
stage that (in accordance with the convolution theorem for FTs) the filter that
is applied to the Fourier domain can be substituted by a direct convolution of
profiles in the Radon domain with an appropriate kernel.

Image space is generally represented on a regular grid. Let the 2-D image
space be defined as f(x, y), where (x, ) are rectangular Cartesian coordinates. A
single 1-D projection of the 2-D image space with equidistant and parallel rays
yields one line in Radon space, expressed as the projection p(z, 8), where t is
the distance from the projected X ray to the isocentre and 6 is the projection
angle (Fig. 11.10). The central slice theorem, also referred to as the Fourier slice
theorem, states that the FT of such a parallel projection of image space at the
projection angle 6 yields one line in 2-D Fourier space, F(u, v), angulated at the
same angle @ (the 2-D Fourier space is sometimes also referred to as k space).
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FIG. 11.9. Successive filtered back projections can be used to achieve a good reconstruction
of the space domain. The images are associated with, respectively, 1, 2, 4, 8, 16, 32, 64,
256 and 1024 filtered back projections at different angles.

This can be demonstrated as follows. At the projection angle 8 = 0, the
projection p(x, 0) and the corresponding line in Radon space is described as:

P 0= [ iy (11.5)

The 1-D FT with respect to x, of the projection p(x, 0) at the projection
angle 0 = 0 is given by:
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FIG. 11.10. Some geometrical aspects of the generation of transmission profiles. The
Cartesian coordinates (x, y) apply to the image space, f. The coordinates that apply to the
projection, p, are t, being the distance from the projected X ray to the isocentre, and 6, being
the projection angle.

+00 +00

P(u)= f‘jm p(x,0)e 2™ dx = j: Flx,y)e 2™ dx dy (11.6)

o0 —00

and the 2-D FT F(u, v) of the 2-D image space f(x, y) at v=101is:
+00 +o0 . +oo +o00 .
F(uv)|,—= f, ji fQey)e 2rm) dxdy|,_ = ji ﬁ flxe,y)e ™™ dxdy (11.7)

It thus becomes clear that the 1-D FT with respect to x for the projection
angle 6 = 0 is equal to the 2-D FT F(u, v) of the 2-D image space f(x, y) at v=0:

P(u)=F(u,v)|, (11.8)

This conclusion can be generalized for any projection angle € and it thus
provides the proof for the central slice theorem. A reconstruction can thus, at least
theoretically, be achieved first by a construction of the 2-D Fourier space F(u,v)
by many 1-D FTs of the projection profiles measured under many projection
angles, and subsequently by a 2-D inverse FT of the 2-D Fourier space to the
2-D image space. The sampling of the 2-D Fourier space from the 1-D FTs of
the projections yields a 2-D Fourier space in regular polar coordinates. Prior to
the 2-D inverse FT into image space, the regular distributed points in the polar
2-D Fourier space have to be transformed to regularly distributed points in a
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Cartesian 2-D Fourier space. The transformation from a polar coordinate system
to a Cartesian coordinate system may lead to artefacts in the reconstructed image,
owing to the fact that the sampling of the 2-D Fourier space is denser around
the origin (low frequencies), and sparser further away from the origin (high
frequencies) (Fig. 11.11).

FIG. 11.11. The CT scan yields a regular distributed sampling in polar coordinates of 2-D
Fourier space. Transformation into a regular distributed sampling in Cartesian coordinates is
complicated, particularly at higher frequencies (further from the origin).

A more accurate and practical reconstruction can be achieved with the
formulation known as the filtered back projection. The filtered back projection
also starts with 1-D FTs of image space, thus creating the corresponding Fourier
space, but the sampling of the 2-D Fourier space F(u, v) is expressed on a polar
grid using the coordinate transform:

u=wcosf, v=wsinf (11.9)

The image reconstruction — the filtered back projection — is then
expressed as:

Flxy)= fo "do j: :Op(w,e)pkizm dw (11.10)

where P(w, 0) is the 1-D FT of the 1-D projection at angle 6, and || is known as
a ramp filter in the frequency domain.
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In practice, different filters can be used in the reconstruction, depending
upon the image properties required. The filter (or convolution kernel) in a filtered
back projection that theoretically yields an optimal reconstruction is the so-called
Ramachandran—Lakshminarayanan filter, also called the Ram—Lak or ramp filter.
It provides optimal spatial resolution in the reconstructed images. However, it also
yields relatively high noise levels in the reconstructed images. Such a theoretically
‘optimal’ filter in clinical practice is referred to as a sharp or bone filter. Often,
filters are used that reduce the noise level in the reconstructed images; these filters
provide some roll-off at higher frequencies.

A modest roll-off is achieved with the Shepp—Logan filter, which provides
images that are less noisy and that provide better low contrast resolution and
slightly inferior spatial resolution in the reconstructed images; such filters are
referred to as normal filters. Even stronger roll-off at higher frequencies leads
to further noise reduction, better low contrast resolution, but noticeably poorer
spatial resolution. Such filters in clinical applications are referred to as soft tissue
filters. CT scanners offer many reconstruction filters that are optimized for specific
clinical purposes. It is possible to reconstruct one single CT scan with different
reconstruction filters, in order to optimize the visualization of, for example, both
bone and soft tissue.

Other reconstruction techniques such as algebraic or iterative reconstruction
can also be used in CT. An algebraic reconstruction may seem attractive; however,
algebraic reconstruction through equation solving is not feasible in clinical
practice, owing to the large (512 x 512) matrices that are used in medical imaging
and to inconsistencies in the equations from measurement errors and noise.

Iterative (statistical) reconstructions are now commonly used in CT. The
iterative reconstruction is well known in medical imaging, since it is routinely
used in nuclear medicine. Iterative techniques provide potential benefits in CT,
including the removal of streak artefacts (particularly when fewer projection
angles are used), and better performance in low dose CT acquisitions. However,
iteratively reconstructed images may be affected by artefacts that are not present
in filtered back projection images, such as aliasing patterns and overshoots in
the areas of sharp intensity transitions. Iterative reconstruction algorithms are
becoming popular in commercial CT scanners and can produce low noise images.

11.5. ACQUISITION
11.5.1. Scan projection radiograph

The CT image acquisition scan sequence is generally preceded by a 2-D
scan projection radiograph (SPR) — also termed by manufacturers as scoutview,
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topogram or scanogram. The SPR is acquired with a static (non-rotating) X ray
tube, a narrowly collimated fan beam and a moving table. The X ray tube is
fixed, generally, in a position that yields either a frontal or lateral SPR of the
patient. Either one or two SPRs are acquired prior to the CT scan. The start
position for the SPR is determined by the radiographer during the positioning
of the patient on the table prior to the CT scan. This can be achieved with the
aid of laser positioning lights that are mounted internally and externally to the
gantry. The extent of the SPR is generally predefined for specific CT acquisition
protocols and can be adapted for individual patients. The SPR is performed at an
intermediate tube voltage (120 kV) and at a low tube current (50-100 mA). The
associated radiation exposure for the patient is small compared with the radiation
exposure from the CT scan. The image quality, particularly the spatial resolution,
of SPRs is modest compared with that for clinical radiographs.

The SPR is used to plan the start and end positions of the CT acquisition
sequence (Fig. 11.12). Automatic exposure control (AEC) systems for CT derive
information on the X ray transmission through the patient from the SPR and,
based on this information, the optimal tube current as a function of longitudinal
position of the X ray tube relative to the patient is calculated. This is called z axis
tube current modulation.

Figure 11.13 shows adaptation of the tube charge (mAs) by AEC at four
levels during a helical CT scan. The tube charge is increased in areas with high
X ray attenuation and decreased in areas with low attenuation. AEC in CT can
also compensate for differences in attenuation at different projection angles. This
is referred to as x—y axis tube current modulation.

11.5.2. Axial CT scan

An axial CT scan involves an acquisition of transmission profiles with a
rotating X ray tube and a static table. An axial acquisition is generally performed

FIG. 11.12. Scan projection radiographs for planning, respectively, CT brain, CT chest and
CT lumbar spine scans. The technician selects from the CT radiograph the optimal scan range,
FOV (marked in yellow) and angulation (head only).
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FIG. 11.13. The SPR can be used to achieve AEC during the CT scan. The mAs values are
indicated at four levels, but during the helical acquisition, the tube charge is continuously
optimized at each level within the scanned range.

with one full 360° rotation of the X ray tube, but to enhance temporal resolution
this may be reduced to a shorter ‘180° + fan angle’ acquisition. The rotation
angle can be extended to, for example, a 720° acquisition to enhance low
contrast resolution by allowing a higher tube charge (mAs). A complete CT scan
generally involves subsequent axial acquisitions in order to cover a clinically
relevant volume. This is achieved by translation of the table (‘step’) after each
axial acquisition (‘shoot’). This is referred to as a step and shoot acquisition.
Usually, the table translation is equal to the slice thickness, so that subsequent
axial acquisitions can be reconstructed as contiguous axial images. Figure 11.14
(left) shows the geometry of an axial CT acquisition.

11.5.3. Helical CT scan

The helical CT scan was introduced in 1989, whereby the acquisition with
a rotating X ray tube was combined with a moving table. The introduction of
helical CT scans improved the performance of CT considerably. Advantages
of helical CT scans include shorter scan time and more consistent 3-D image
information for the scanned volume. Disadvantages of helical CT scans include
the introduction of artefacts such as the windmill artefact. Figure 11.14 shows the
geometry of a helical CT acquisition (right). The circular trajectory of the X ray
tube transforms into a helical course from the perspective of the patient.

Helical scanning allows for the acquisition of a large volume of interest
within one breath hold and was a prerequisite for the development of high quality
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CT angiography. The table translation is generally expressed relative to the
(nominal) beam width (in single slice CT this equals the slice width): the ratio
of table translation per 360° tube rotation relative to the nominal beam width
in helical CT is referred to as the pitch factor. The rotation time of single slice
CT scanners is 1-2 s and the slice thickness (and nominal beam width) in most
clinical applications is 5-10 mm.

FIG. 11.14. Geometry of an axial CT acquisition (left) and a helical CT acquisition (right).

11.5.4. MDCT scan

Ten years after the introduction of helical CT, the next step in CT technology
that provided even more new clinical applications was taken: the introduction of
fast rotating MDCT scanners (see Section 11.3) with up to 64 adjacent active
arrays of detectors, enabling the simultaneous measurement of a correspondingly
large number of transmission profiles. At the same time, the rotation time dropped
to 0.3-0.4 s, making it possible to scan almost the entire body of an adult within
one breath hold at a slice thickness well below 1 mm. Acquisitions with MDCT
scanners are usually obtained in helical mode. Exceptions include high resolution
CT of the lungs, and step and shoot cardiac CT for either coronary calcium
scoring or coronary CT angiography.

11.5.5. Cardiac CT
Cardiac CT 1is based on the synchronization of image reconstruction

with the electrocardiogram (ECG) and selection of the best cardiac rest phase.
Figure 11.15 shows reconstructions of the heart at different cardiac phases.
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FIG. 11.15. Reconstructions of the heart at different cardiac phases. In this example, the
cardiac phase corresponding to 70% of the relative risk interval produces the best motion free
result.

Note the difference in blurring of the coronary arteries at different cardiac
phases. In this case, the cardiac phase corresponding to 70% of the relative risk
interval produces the best motion free result (70% marks the start of the cardiac
phase interval). Cardiac reconstruction can be by retrospective ECG gated
reconstructions and prospective ECG triggered reconstructions. Reconstructions
using retrospective cardiac phase selection are based on registration of the raw
data and the ECG during one or more entire cardiac cycles. An alternative to
retrospective ECG gated reconstructions is prospectively acquired step and shoot
acquisition. An advantage of such acquisitions is the reduction of patient dose.
Some CT scanners allow for prospective scanning of the entire heart within one
single heartbeat at the preselected cardiac rest phase. Two notable examples
include a fast dual source CT scanner capable of performing a helical acquisition
of the entire heart, and a wide cone beam CT scanner that performs an acquisition
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of the entire heart within one single rotation. Such novel ‘single heart beat’
techniques have the potential for substantial dose reduction.

11.5.6. CT fluoroscopy and interventional procedures

Dynamic CT can be used for image guided interventions, using a
technique known as CT fluoroscopy. Technical developments in CT, such as the
continuously rotating X ray tube, short rotation time and hardware fast enough
for real time image reconstruction, provide the technical preconditions for CT
fluoroscopy. Additional hardware required for CT fluoroscopy includes a device
to allow operation of the scanner from within the scanner room, and installation
of viewing monitors that allow display of images also within the scanner room.

Figure 11.16 shows an axial plan scan that is used to prepare a puncture;
the markers on the skin allow planning for the entrance position of the needle
and identification of the target for the puncture. Note that noise is much higher in
the image of the CT fluoroscopy guided puncture compared with the diagnostic
plan scan. During CT fluoroscopy, modest image quality is usually sufficient and
the procedure should be performed using a low tube current in order to reduce
exposure of the patient and the staff.

The number of clinical indications for MDCT fluoroscopy is growing
steadily. The entrance skin dose for the patient should be monitored to ensure
that deterministic skin effects do not occur. Staff present in the scanning room
during CT fluoroscopy should be protected against exposure to scattered radiation

FIG. 11.16. A plan scan for preparing a puncture allows identification of the target (left).
During a CT fluoroscopy guided puncture, the position of the needle can be visualized
accurately (right).
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by wearing a lead apron and by maintaining as great a distance from the scanner
as possible. The operator should adhere to the same precautions as in routine
fluoroscopy, with the number of CT acquisitions being as few as possible and the
duration of acquisition runs as short as possible. These measures reduce radiation
exposure of both the patient and the staff. A low dose single axial scan is often
sufficient to obtain information about the status of the procedure; dynamic CT
fluoroscopy should only be applied when one axial scan does not provide sufficient
information. Special care should be taken to avoid direct exposure of the operator’s
hand. The operator should only manipulate the needle during CT fluoroscopy with
a special needle holder that provides greater distance between the hand of the
operator and the X ray beam, thereby preventing direct exposure of the hand.

11.5.6.1. Contrast enhanced CT

Contrast can be artificially created within or between structures that
would not be visible on non-enhanced scans. For example, in CT angiography,
iodine is administered intravenously during the CT scan to enhance the contrast
between the vessel and the vessel walls (Fig. 11.17 (left)). In certain studies of
the abdomen, a diluted iodine solution is administered orally prior to the scan
to enhance contrast within the gastrointestinal tract. In CT colonography, gas
may be inflated through the rectum to enhance contrast between the colon and its
surrounding tissues (Fig. 11.17 (right)).

11.5.7. Special applications

Special applications of CT include the well established use for radiotherapy
treatment planning and for more experimental applications such as dual energy
CT imaging and dynamic volumetric CT studies.

For radiotherapy treatment planning applications of CT, the patient is
scanned in the treatment position, using a flat table top. Wide bore scanners
provide a gantry opening that is large enough to allow the patient to be scanned
in this position. Care with patient positioning and alignment to accurate laser
systems is essential. The mapping of HU values to electron density requires
careful calibration by a medical physicist.

Dual energy CT imaging requires imaging of the volume of interest at two
tube voltages. Extra filtration of the beam can be used to optimize the choice of the
two X ray spectra used. Dual energy CT promises to give improved discrimination
of certain tissues and pathologies, including accurate differentiation between
urinary stones that may or may not contain uric acid. Other applications may
include improved visualization of tendons of the hand and foot, and support for
bone removal from the reconstructions of CT angiography scans.
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FIG. 11.17. CT angiography. 3-D rendered image of vessels with iodine administered
intravenously (left). CT colonography using gas inflated through the rectum (vight).

Some scanners allow dynamic CT imaging (also known as 4-D CT), where
a volume of interest can be followed as a function of time. Such studies can
be used to visualize the movement of joints or the contrast enhancement of
organs (perfusion or dynamic CT angiography). Figure 11.18 shows an example
of a dynamic CT angiography study of the entire brain with a volumetric CT
scanner. In these images, time resolved contrast enhancement of the vessels
allows the arterial and venous phases to be followed. Other anatomical sites
for CT perfusion studies include the heart and the liver. During dynamic CT
studies, as with CT fluoroscopy, the operator should be aware that the skin dose
might accumulate rapidly. The patient skin dose should be maintained below
2 Gy to avoid deterministic skin effects such as erythema and epilation (see
Section 20.12).

11.6. CT IMAGE QUALITY
The main acquisition parameters in CT are tube voltage, tube current and

rotation time. A relatively high tube voltage (120-140 kV) is used to achieve good
X ray transmission and sufficient detector signal. For special applications, such as
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FIG. 11.18. A dynamic CT angiography study of the brain with a volumetric CT scanner that
covers the entire brain (Aquilion ONE, Toshiba,).

contrast enhanced studies and paediatric examinations, it might be advantageous
to use a relatively low tube voltage, in the range 80-100 kV. The tube current
used is limited by the long scan time and the heat capacity of the X ray tube, and
by patient dose considerations. To avoid motion artefacts, the rotation time needs
to be as short as possible. For scans that are less prone to motion artefacts and
that require good low contrast resolution (such as scans of the brain), a longer
rotation time may be selected to allow appropriate low contrast resolution.

11.6.1. Image quality

The excellent low contrast resolution of CT images is the most prominent
characteristic that distinguishes the CT modality from other forms of
non-tomographic radiography. Low contrast resolution is the ability to detect
structures that offer only a small difference in signal compared with their direct
environment. Image noise is the main limitation for low contrast resolution
and may be decreased with improved image quality by employing a number
of strategies. Most commonly, noise is reduced by increasing photon flux (see
Chapter 4), which is achieved by increasing the tube current (mA) at the cost of
patient exposure. Alternatively, noise is reduced by increasing the reconstructed
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slice thickness or by changing the selection of the reconstruction algorithm, but at
the cost of spatial resolution. Parameters that influence the low contrast resolution
include tube voltage, beam filtration and the use of a contrast agent. The effect of
noise in a CT image is seen in Fig. 11.19, where the 100% image corresponds to
an actual clinical acquisition. The raw data of the clinical acquisition have been
processed with a low dose simulation algorithm that adds noise to simulate image
quality for acquisitions that are performed at 75%, 50% and 25% of the clinically
used tube current. The appearance of the low contrast lesions in the liver becomes
worse at lower tube currents, owing to increased noise in the images.

FIG. 11.19. A contrast enhanced CT scan of the liver obtained at normal exposure (100%)
and with the addition of extra noise to simulate exposures of 75%, 50% and 25% of the normal
exposure.
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Physicists usually test low contrast resolution performance using phantoms
that contain different sized low contrast inserts. Evaluation of the resultant image
can be either subjective, with an observer determining whether an insert is visible
or not, or objective, with calculation of the contrast to noise ratio. Determination
of the noise power spectrum would provide a more objective measure of scanner
performance but is not as yet applied on a large scale.

Spatial resolution, or high contrast resolution, is the ability to observe
contours of small objects within the scanned volume. Small objects can only
be resolved well when they exhibit a rather large difference in signal. Spatial
resolution is limited by the acquisition geometry of the CT scanner, the
reconstruction algorithm and the reconstructed slice thickness. Voxel size is
often used as an indicator of spatial resolution, although a smaller voxel size
does not necessarily imply better spatial resolution. Spatial resolution along the
z axis is usually determined using a slice sensitivity profile, with the response
often quantified as the full width at half maximum, while in the axial plane it is
preferably measured as a point spread function (PSF) (see Section 4.4.1). From
this, the modulation transfer function (MTF) can be calculated. The MTF does
yield useful information on image quality, although clinical assessment of the
MTF in the clinical environment may be complex and is usually only performed
by medical physicists at acceptance and commissioning of new scanners or after
major upgrades. Manufacturers of CT scanners provide information about the
MTEF, which should be measured according to international standards [11.3].
The performance of current 64 slice scanners with regard to spatial resolution,
expressed as the full width at half maximum of the PSF, is within the range
0.6-0.9 mm in all three dimensions.

Figure 11.20 shows images from a CatPhan phantom that is widely used to
evaluate the image quality of CT scans. The image on the left allows evaluation
of the HU values for four large inserts in the periphery of the phantom for the
materials air, low density polyethylene, PMMA and Teflon. Low contrast acrylic
inserts of different diameters around the centre are used for determining the
effect of object size on low contrast detectability. The image in the middle shows
high contrast line pairs that allow the subjective assessment of spatial resolution.
The image on the right allows spatial resolution to be measured objectively,
as the PSF of a small tungsten bead. The image can also be used to assess the
homogeneity of the image.

Temporal resolution is the ability to resolve fast moving objects in the
displayed CT image. Good temporal resolution avoids motion artefacts and
motion induced blurring of the image. Good temporal resolution in CT is realized
by fast data acquisition through the fast rotation of the X ray tube. Reconstruction
algorithms that are used for general CT applications provide, in principle, a
temporal resolution equal to the time of a 360° rotation with full reconstruction.
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The best routinely achievable temporal resolution is slightly longer than 50%
of the rotation time using 180° and fan angle rotation reconstruction. Temporal
resolution can be improved further by using dedicated reconstruction algorithms,
for example, in cardiac CT with a segmented reconstruction, or by using a dual
source CT scanner. There are no simple methodologies available yet that allow
measurement of temporal resolution in a clinical setting.

FIG. 11.20. Images of a CatPhan phantom taken at different z coordinates and showing
different modules of the phantom.

11.6.2. Clinical observer studies

Fundamental physical image quality testing as described in the previous
section yields information on CT scanner performance. Such information can
be used for product specifications and for quality control (see Chapter 19).
However, it does not provide sufficient information for the development of
clinical acquisition protocols. The reason is that it is largely unknown what
clinical image quality is required by radiologists for specific clinical tasks, in
terms of either fundamental image quality quantities or pragmatic parameters that
are derived from test objects. For practical reasons, clinical acquisition protocols
are largely based on experience and consensus, but preferably they should be
based on clinical observer studies and appropriate scientific evidence (see also
Chapter 23). However, observer studies that aim at optimizing acquisition
protocols are rare in CT. One reason for this is that the acquisition of additional
scans for the same patient is most often considered inappropriate, owing to the
extra radiation exposure. As seen in Fig. 11.19 however, lower dose scans can be
simulated by mathematical models that add noise to the raw data to determine the
image noise levels that can be allowed for specific observer tasks. Appropriately
designed observer studies can assist in the determination of the optimal tube
current for CT protocols. Optimization of the tube voltage is more difficult to
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achieve, since no appropriate algorithms have been described for simulating
the effect of tube voltage on image quality, and optimization is based mainly
on theoretical considerations, phantom studies (for example, aiming at achieving
the optimal CNR in iodine enhanced CT angiography studies) and observer
consensus.

11.6.3. Effect of acquisition and reconstruction parameters on image
quality

Many reconstruction and viewing parameters have an effect on image
quality and observer performance. These include the reconstructed slice
thickness, the reconstruction filter, the windowing and the image reformats that
can be used in addition to the review of axial images. Any CT acquisition can
be reconstructed with one or more reconstruction filters. Figure 11.21 shows the
same image reconstructed with slice thicknesses of 10, 5 and 0.5 mm. Note that
in both the volume rendered and coronal images, the spatial resolution improves
considerably at smaller slice thickness. Reconstructions are generally made at a
slice thickness of <1 mm.

During image reading, the radiologist can choose the appropriate window
settings for the specific anatomy and pathology of interest. This is illustrated
in Fig. 11.22 for four axial CT head images all created by post-processing and
derived from the same acquisition. Images on the left are reconstructed with a
soft tissue reconstruction filter; those on the right are reconstructed with a sharp
bone reconstruction filter. The images in the upper row are shown in a window
setting for brain (window level 50, window width 100); the images in the lower
row are shown in a window setting for bone (window level 1000, window
width 2500). As can be seen, the image at the top left is processed and windowed
appropriately for evaluation of the brain tissue. Likewise, the details in the skull
are better presented in the lower right image, owing to appropriate reconstruction
and settings. The image at the top right is hampered in its presentation of brain
tissue, owing to image noise that results from the inappropriate use of a bone
reconstruction filter, while the bone in the image cannot be assessed, owing to
the window setting used. Similarly, the image at the bottom left is hampered
for bone analysis, owing to blurring of the bone that results from the soft tissue
reconstruction filter, while the brain tissue cannot be assessed, owing to the use
of the bone window setting.

Many image reformats can be used in addition to the reading of axial
images. Figure 11.23 shows an axial image of the brain and three additional
reformats: a coronal image, a sagittal image and a volume rendered image.

Figure 11.24 shows two images of the chest, on the left a maximum
intensity projection, and on the right a 3-D volume rendered image.
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FIG. 11.21. Reconstructions of the same acquisition at slice thicknesses of 10 mm (top), 5 mm
(middle) and 0.5 mm (bottom), on the left volume rendered images (3-D representation of the
study), on the right coronal views (2-D representation of the study).
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FIG. 11.22. Four CT head images. Images on the left are reconstructed with a soft tissue
reconstruction filter, images on the right are reconstructed with a bone reconstruction filter.

11.6.4. Artefacts

Proper image quality in CT is only achieved if calibrations of the scanner
are regularly carried out according to the protocols that are prescribed by t