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ABSTRACT

The quantitative information in images obtained by single-photon emission computed
tomography (SPECT) is affected by photon attenuation and contributions from scattered
photons. Approximations such as constant attenuation and mono-exponential scatter
functions may not be valid for non-homogeneous regions where it is important to know
the distribution of the different attenuating tissues in order to perform proper attenuation
correction.

To evaluate the effects of both scatter and attenuation in scintillation camera images,
a Monte Carlo program has been developed. Different materials can be chosen for the
scintillator, a protecting cover and the phantom. Simple source-phantom geometries and
more complex non-homogeneous cases can be simulated. The energy resolution is
simulated by convolving the energy imparted with an energy-dependent gaussian function.
Comparisons with experimental data for both homogeneous and non-homogeneous
regions and with published results have shown good agreement. The usefulness of the
Monte Carlo code for the simulation of important parameters in scintillation camera
systems, stationary as well as in SPECT systems, has been demonstrated.

An attenuation correction method in which correction is made pixel by pixel using
density maps and build-up functions has been developed. The density map was obtained
from a transmission measurement using an external, solid S7Co flood source mounted on
the scintillation camera. The build-up of scatter events was simulated by the Monte Carlo
code. SPECT studies of line sources in different parts of a non-homogeneous, Alderson
Rando phantom showed that quantitative measurements in non-homogeneous areas can
be accomplished with an accuracy of ±10% for different radionuclides.

Two different scatter correction method, the dual-window method and the convolu-
tion-subtraction method, based on subtracting an estimated scatter component from the
projection data, have been compared using the Monte Carlo method. The aim was to
compare the estimated scatter distributions with the true scatter distribution in the
photo-peak window. It was concluded that accurate depth-dependent scatter functions are
essential for a proper scatter correction.

A new scatter and attenuation correction method has been developed based on scatter
line-spread functions (SLSF) obtained for different depths and lateral positions in the
phantom. An emission image is used to determine the location of the source in order to
estimate the scatter component in the photo-peak window. Simulation studies of a
clinically realistic source distribution in different positions in cylindrical, homogeneous
water phantoms were performed for three different photon energies. The results show
good quantitative agreement within ±10% for most of the source locations and phantoms.
The variation in the event distribution in the images was significantly decreased and an
enhancement in the image contrast was achieved.

The SLSF-correction method was also evaluated by simulation studies assuming 1) a
myocardial source, 2) uniform source in the lungs and 3) a tumour located in the lungs
in o clinically realistic, non-homogeneous computer phantom. The results showed that
quantitative images could be obtained in non-homogeneous regions. An increased contrast
was also demonstrated in the SLSF-corrected images. J

å



1

I

i
' 1

THE AIM OF THE PRESENT INVESTIGATION

Quantitative measurements of the activity content in different regions are important
in single-photon emission computed tomography (SPECT). Important parameters
to consider are, however, the attenuation of the photons in the object and the
contribution of events in the image from photons that have been scattered in the
object. The aim of this thesis was to develop and evaluate scatter and attenuation
correction methods by using the Monte Carlo method. The following paragraphs
will summarise the contents in this thesis.

1) A Monte Carlo code has been developed which accurately simulates scin-
tillation camera characteristics. The code has been used to evaluate SPECT
studies of both simple source-phantom geometries and more complex
non-homogeneous phantoms.

2) A method for non-uniform attenuation correction for SPECT has been
developed, which is based on transmission measurements using a flood source
mounted on the scintillation camera.

3) An evaluation of common scatter correction techniques has shown that an
accurate depth-dependent scatter component in the projection data are
necessary to estimate for zn accurate scatter correction.

4) A new scatter correction technique, which is based on Monte Carlo calculated
scatter functions, has been developed for SPECT. The method t?kes into
account the information in the emission image when estimating the scatter
component the projections.

5) Evaluations of both cylindrical homogeneous phantoms and patient-like
non-homogeneous phantom using clinically realistic source distributions have
shown that it is possible to obtain quantitative data by the new non-uniform
scatter and attenuation correction method.

•J
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INTRODUCTION

ft'-

Radioactivity is the transformation of a nucleus by a decay process to a more
energetically stable form. In most cases, the excess in energy is promptly emitted
either as an alpha particle (a helium nucleus), a beta particle (an electron) or as
electromagnetic radiation (photons). The energy of a photon is related to the
frequency, v , of the wave package by Planck's constant (h=6.626 10'34 Js).

A nucleus can also be transformed by electron capture, EC, where an orbital
electron, usually from the K-shell, is acquired. The energy excess is emitted as
gamma rays. In some cases, the nucleus is not de-excitated promptly after the
transformation. Instead, it stays in an excitated state, which is designated as a
meta-stable state. This process is called isomeric transition, IT. The energy excess
can also be transferred directly to an orbital electron, which will then be ejected
from the atom. This process is called internal conversion, IC. The electrons in the
K-shell are the most probable to be ejected. A vacancy in the electron shell will
occur by electron capture and internal conversion transitions. This vacancy will
rapidly be filled by an electron from the L-shell, and so on, with the emission of
characteristic X-ray photons or Auger electrons.

TABLE 1: Different transitions and their type reactions,
v denotes a neutrino and Q represents the total kinetic
energy released in the transition.

Transition Type reaction

Alpha decay

Beta-minus decay

Beta-plus decay

Gamma decay

Electron Capture

Isomeric Transition

Nuclear medicine imaging involves studies of the localisation of administered
radiopharmaceuticals by detection of the radiation from the radionuclides. The
radiopharmaceuticals can be administered to the patient by injection, orally or by
inhalation.

A radiopharmaceutical consists of a radionuclide with suitable radiation char-
acteristics which is usually "labelled" in a chemical reaction to a carrier. When
labelled to a carrier, the main interest is the physiological and biological behaviour
of the carrier and the radionuclide serves only as a tracer.
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There are several advantages of using radionuclides as tracers for in vivo studies.
The physiological behaviour and the metabolism in different organs can be studied
rather than the morphological structure, as is the case for X-ray imaging. Important
objectives, such as the detection of lesions, can then be realised.

TABLE 2: Important radionuclides used in nuclear medicine.

Radionuclide

57Co

67Ga

*Tcm

"'In

"3Inm

12»,

1 2 5I
. 3 , ,

133Xn
301T|

Decay

EC

EC

IT

IC

IT
EC
EC

P
P
EC

Half-life

271.6 days

78.2 hours

6.02 hours

2.83 days

1.66 hours
13.02 hours

60.2 days
8.06 days

5.3 days
73.5 hours

Principal
energy

122 keV
137 keV
93keV

185 keV
140 keV

171 keV
247 keV'
392 keV
159 keV

35.5 keV
364 keV

81keV
70-82 keV

135 keV

1 The value has been taken from Dillman and Von der Lage (1975). A
recent investigation has shown a value of 245.4 keV (Browne and
Firestone, 1986)

In this thesis, both simulation studies and measurements have been performed on
technetium-99m (*Tcra), indium-Ill (luIn) and thalliur.i-201 ("'TI).

Early devices used for photon imaging were based on scintillation detectors
which were mechanically scanned in a rectilinear pattern across a region of the
patient. An important development was the scintillation camera, first presented by
Anger in 1957 and later described in the literature (Anger, 1958). The first
scintillation camera was commercially introduced two years later. This was based
on a sodium iodide scintillator, NaI(Tl), of 178 mm diameter and 12.7 mm
thickness. The main difference between a scintillation camera and a rectilinear
scanner is that in the former a large field-of-view scintillator is used which covers
a large portion of the patient, instead of a small detector which is scanned over
the patient.

V
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Scintigraphic studies with radionuclides are generally non-invasive and not very
demanding for the patient. Scintigraphic studies may be categorized into two major
types:

Static studies - where the objective is to image a region of the patient
after the administration of the radiopharmaceutical. Important parameters,
such as the total uptake of the radiopharmaceutical in the tissue and the
homogeneity of the radiopharmaceutical distribution can then be studied.

Dynamic studies - where a small concentrated volume of the radio-
pharmaceutical (a bolus injection) is administered and then consecutive
images are acquired over a period of time. The count rate within a defined
region of interest in the images can then be calculated for all images and
count rate versus time curves can be plotted. Variables such as mean transit
times and uptake rates can then be studied. A special kind of dynamic
investigation is the ECG-gated cardiac study where the heart-cycle is
divided into small time intervals. Events corresponding to different
intervals are then acquired in separate frames which can be monitored in
play-back mode.

TIIE INTERACTION OF PHOTONS WITH MATTER

.>.

ft?

fi

It

When electromagnetic radiation passes through matter, some photons will be
totally absorbed, some will penetrate the matter without interaction and some will
be scattered in different directions, with or without loosing energy. A photon
interacts with the surrounding matter by four main interaction processes. The
probability for each process depends on the photon energy and the atomic number,
Z, of the material.

The Photoelectric Interaction

When a photoelectric interaction occurs, the energy of the photon is completely
transferred to an atomic electron. The electron may thus gain sufficient kinetic
energy to be ejected from the electron shell. The energy of the incoming photon
must, however, be higher that the binding energy for the electron. The most
probable location for the photoelectric interaction is with the most tightly bounded
electrons in the K-shell. A photoelectric interaction results in a vacancy in the
atomic electron shell which, however, will be rapidly filled by an electron from
one of the outer electron shells. The difference in binding energy between the two
electron shells can be emitted either as a characteristic X-ray photon or as one or

V
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several Auger elections. The relative probability for the emission of a characteristic
X-ray photon is given by the fluorescence yield <o. Characteristic X-ray emission
is more probable for high-Z materials.
The cross-section for a photoelectric interaction depends stiongly on the photon
energy and the atomic number, Z, of the material and can be described approxi-
mately by

Incoherent Scattering

In this process, the photon interacts with an atomic electron and is scattered
through an angle 6 relative to its incoming direction. Only a fraction of the photon
energy is transferred to the electron. After incoherent scattering (or Compton
scattering), the scattered photon energy hv' is given by

hV ^ [2]

where mo is the rest mass of the electron and c is the speed of light. Equation 2
is derived on the assumption that an elastic collision occurs between the photon
and an electron, and that the electron is initially free and at rest. It is evident from
equation 2 that the maximum energy transfer takes place when the photon is
back-scattered 180° relative to its incoming direction and that the relative energy
transfer from the photon to the electron increases for increasing photon energies.

The differential cross-section per electron for an incoherent scattering of
unpolarized photons, derived by Klein and Nishina (Evans, 1955), can be calcu-
lated from

[]
where

e2

* Antomoc
2

is the classical electron radius. Equation 3 has been derived assuming that the
interacting electron is free and at rest. The differential cross-section per atom can
be calculated by multiplying the Klein-Nishina cross-section by the number of

14



electrons Z in order to take into account the fact that atomic electrons are ener-
getically bound to the nucleus. The Klein-Nishina cross-section per electron should
be multiplied by the incoherent scattering function S(x,Z) i.e.

dQ dQ
•S(x,Z) [5]

where x «• sin(8/2)/>» is the momentum transfer parameter and \ is the photon
wavelength. For high-energy photons, the function S(x,Z) approaches the atomic
number Z and the cross-section will thus approach the Klein-Nishina cross-section.

Coherent Scattering

In coherent scattering the photon interacts with the whole atom, in contrast to
incoherent scattering in which the photon interacts only with an atomic electron.
The transfer of energy to the atom can be neglected due to the large rest mass of
the nucleus. Coherent scattering therefore results only in a small change in the
direction of the photon since the momentum change is so small.

The differential cross-section per atom is given by the classical Thompson
cross-section per electron multiplied by the square of the atomic form factor F(x,Z)

do'coh

dQ
[6]

The form factor will approach the atomic number Z for interactions involving
small changes in the direction of the photon and for low photon energies. The
form factor decreases with increasing scattering angle. The angular distribution of
coherently scattered photons is thus peaked in the forward direction.

• " >

Pair Production

If the energy of the incoming photon is greater than 1.022 MeV (two electron rest
masses), there will be a finite probability for the photon to interact with the nucleus
and to be converted into an electron-positron pair. The electron and the positron
will have a certain kinetic energy and interact by inelastic collisions with the
surrounding atoms. After losing its kinetic energy, the positron will annihilate with
a nearby electron. To conserve energy, the annihilation creates two 511 keV
photons. These are emitted in opposite directions in order to conserve momentum.
The energies of the photons and the relative angle between the photons may,
however, deviate slightly if the annihilation occurs in flight. The cross-section K^,,
is proportional to the square of the atomic number Z. This type of interaction is
not important for the photon energies commonly used in nuclear medicine.

15



The Linear Attenuation Coefficient

When a photon passes through matter, any of the four interaction processes
described above may occur. The probability for each process will be proportional
to the differential cross-sections per atom (figure 1A). The probability for any
interaction process to occur is given by

[7]

where u. is the linear attenuation coefficient. The mass attenuation coefficient u/p
is defined as the linear attenuation coefficient divided by the density p . The
attenuation of an incoming narrow-beam of photons when passing through a
non-homogeneous object can be described by

•'. i

exp [8]

where 4> is the photon fluence measured after the attenuator, <!>„ is the photon
fluence measured without the attenuator and d is the thickness of the attenuator
(figure IB).

Cross-section/cm

10

A. B.
Counter \-

Detector

Attenuator

VIA

0.01 -

0.001 -

00001
1000 10000

Energy / keV

Absorption • 1

//////A

/ • : • . ' : : : : • : : : : . •

Scattering

Coflimator

Y//////A

Radiation
source

FIGURE 1: Differential cross-sections and total attenuation
coefficients for H2O as a function of the photon energy are shown
in a log-log arithmetic diagram in figure 1A. Figure IB shows
schematically the conditions for narrow-beam attenuation.
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THE DETECTION OF PHOTONS

Secondary electrons are produced in photoelectric interactions, by incoherent
scattering and in the pair-production. The electrons will lose their kinetic energy
by subsequent inelastic collisions with other atomic electrons. The detection of
ionizing radiation by means of measuring scintillation light, emitted as a result of
the transfer of energy by secondary electrons, has been used for many years and
it still remains one of the most important techniques for radiation detection and
spectroscopy. Different types of scintillator materials have been developed
depending on the application. Some examples are various kinds of plastic
materials, liquid scintillator solutions and inorganic compounds such as Nal(Tl),
CsI(Na), CsI(Tl) and Bi4Ge3O12. The elements in parentheses denote certain
"impurities" which have been added in small amounts in order to create special
sites in the lattice of the crystal which will serve as a basis for the scintillation
process.

Nal(Tl) is the most frequently used inorganic scintillator and has surprisingly
been so since it was first used in the early 1950s. NaI(Tl) has a very high light
yield (Knoll, 1979), a near-linear energy response to electron and gamma rays
over the energy interval 10 keV - 1000 keV, and NaI(Tl) crystals can be manu-
factured with quite large dimensions. The high density of Nal (3.67 gem'3) and
the high atomic number of iodine (Z=53) means that a large number of
photo-absorption events will occur, which makes NaI(Tl) detectors suitable for
spectroscopy. The intrinsic efficiency (the fraction of impinging photons detected)
is about 94 percent for a 12.7-mm NaI(Tl) detector (Anger and Davis, 1964).
Nal(Tl) is hygroscopic and must therefore be protected by a covering layer.

The possibility for any detector to measure high count rates is restricted by the
dead time. This is determined by the time required to process an event and the

• ability to process events simultaneously. The energy pulse from a scintillation
•{;•/ detector can be characterised by a very fast rise time and an exponential decay
£';'• time. The decay time for scintillation light is about 0.23 us (Knoll, 1979) which
<.v, may sometimes be too long for applications where fast timing and high count rates

t are required. There is also an after-glow with a longer decay time.
. ,-;' The scintillation light is detected in an amplifying photo-multiplier tube (PM
jL tube) which basically consists of a photocathode and several dynodes sealed in a
JgFt vacuum tube . Each dynode is coated wi th a special material which responds to an
,.!äj£> incoming photoelectron by emit t ing two or more secondary electrons. W h e n an
R<; incoming photon strikes the photo-cathode, photo-electrons are emit ted. T h e
?*»' photo-electrons a re rapidly accelerated towards the next dynodes by a vol tage
J difference be tween the photo-cathode and the dynodes and knock out a further ;

: two or more n e w electrons. T h e result is an avalanche of electrons which is %•
'": collected by an anode at the end of the dynode chain. The gain of a PM tube is
'•; in the range of 107-1010.

17
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The conversion of scintillation light to detectable energy signals is, however, not
a linear process. It involves statistical fluctuations, mainly in the detection of the
scintillation photons, but also from electronic noise and variation in the detection
response over the photo-cathode surface. Even for a case where mono-energetic
photons are totally absorbed in the crystal, these fluctuations result in a broadening
of the detected scintillation pulses and this in turn means that the energy pulse-
height distribution measured has a Gaussian shape. The performance of any
detector when detecting photons of different energies may therefore be
characterized by the energy resolution, R « A £ / £ , where AE is the full width at
half maximum (FWHM) of the photo-absorption peak in the energy pulse height
distribution and E is the photon energy corresponding to the peak value. The
FWHM is proportional to the square root of the energy imparted. (Knoll, 1979)
This means that the energy resolution varies as function of 1/V£- For 140 keV
photons, the energy resolution for NaI(Tl) is about 11-13%

18



THE SCINTILLATION CAMERA

*.

l

The basic components of the Anger scintillation camera consist of a collimator,
the scintillation crystal, a light guide and PM tubes, as illustrated in figure 2. The
number of PM tubes is important for the imaging characteristics and the per-
formance of the camera. The PM tubes are stacked together tightly and are
optically coupled to the light guide by silicone oil. The shape of the tubes is
usually hexagonal, in order to minimize the space between the tubes. The energy
signals from the PM tubes are accepted only if the magnitude is within a specific
range, usually defined by an energy window centred around the photo-peak in the
spectrum. This allows the discrimination of noise and events not due to
photo-absorption. The energy signals accepted by the energy window are then
processed by electronic circuits and computers to obtain a digital image of the
activity distribution.

Electronics £

Detector cover

V V V VTV

Image
presentation

PM tube

Light guide

Collimator

Nal(TI) crystal

Source distribution

FIGURE 2: A schematic description of the basic components in
an Anger scintillation camera.

Collimation

A key feature of the scintillation camera is its ability to produce an image of the
location of the administered radiopharmaceutical. This is possible by the colli-
mation of the impinging photons. Several types of collimator are used, such as
the parallel-hole collimator, the pin-hole collimator, the slant-hole collimator and
different types of converging and diverging collimators. Among these, the
parallel-hole collimator is the most frequently used. It consists of a lead disc in
which several thousand parallel holes have been made. Only photons impinging
on the collimator in a direction nearly perpendicular to the surface will be able
to pass through the collimator and reach the crystal.

*/,'•
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Events

The other photons will be absorbed
in the walls of the holes. The shape
of the holes is often hexagonal in
order to minimize the space between
them. Equations for calculating the
geometric resolution and geometric
efficiency for a parallel-hole colli-
mator (Anger, 1967) are given below

ae=a-2\i - i

R,-d
c]

a.

Kd1

ae(d+t)

[9]

[10]

[11]

t nn i
A.

Events

Point source

FIGURE 3: A section of a parallel-hole
collimator (redrawn from Anger, 1967). In
diagram A is shown the event pattern from
the point source assuming that the collimator
is fixed in position during exposure time. In
diagram B is shown the event pattern
assuming the collimator moves during the
exposure time.

where u, is the linear attenuation
coefficient, at is an effective hole
length, /?g is the geometric resolution,
# is the geometric efficiency and the
remaining notations are explained in
figure 3. An effective hole-length is
used as it has been shown (Mather,
1957) that photons penetrate the
edges of the collimator material. The
effect on the response of this pen-
etration can be approximated by a
reduction in the hole length of two
mean-free photon path-lengths.

The constant K in equation 11 depends on the shape of the holes and their
distribution pattern and has been calculated to be 0.238 for round holes in a
hexagonal array (Anger, 1967).

Image Formation

The calculation of the apparent position of the scintillation event includes the
energy signals from all the PM tubes. The amplitudes of the energy signals from

I
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each tube are proportional to the square of the distance to the scintillation event.
The average path length of the secondary electrons is very small and the emitted
scintillation light can therefore be regarded as originating from one point. Four
coordinates, X\X,Y* and Y, are calculated from the energy signals from each
PM tube. The apparent position of the event can then be defined from the sum
of these coordinates, normalized to the energy imparted Eo or

X\E)-X-{E) [12]

Y\E)-Y~(E) [13]

The location of an event can be displayed on an analogue oscilloscope or, more
commonly, on a TV monitor. The coordinates can also be digitalised by an
A/D-converter to form a digital image. Digitalisation implies that the image will
consist of NxM picture elements (pixels) and the magnitude (shown as colours or
shades of grey) represents the events within the pixel.

The point-spread function PSF can be used to characterize an imaging modality.
For a scintillation camera, the function describes the response when imaging
photons are emitted from an infinite small point-source. A scintigraphic image of
an extended source can then be assumed to be built up of the sum of an infinitive
number of point sources. For an ideal system, the PSFs are rotation invariant and
are therefore described in two dimensions (Paper III, figure 1A).

The spatial resolution R for a scintillation camera can be determined by
measuring the FWHM of the PSF. R includes the intrinsic resolution, Ri? the
geometric collimator resolution, Rg, and a broadening, Rs, which may be significant
if photon scattering occurs in the object. Rj depends on the thickness of the
scintillation crystal and on the light guide and may be typically about 3.5 mm to
4.5 mm for scintillation cameras. Rg depends on the dimension of the collimator
holes (if no septum penetration occurs) and Rs depends on photon energy, the
source and the object and the energy window (Rollo and Harris, 1977). The overall
spatial resolution is given by

[14]

A drawback with planar scintigraphic imaging is the lack of depth information
as events from photons emitted from overlying and underlying sources are
superimposed in the image. Important details may therefore be lost and blurred
out by surrounding background activity or from strong activity taken up in
neighbouring organs. For quantitative measurements, the lack of depth information
also affects a correction for photon attenuation. Some methods based on ante-
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rior-posterior attenuation correction methods have been suggested (Van Rensburg
et a/, 1988) but their usefulness may be limited. True three-dimensional images
ire therefore highly desirable.

EMISSION COMPUTED TOMOGRAPHY

Tomographic images can be obtained by measuring projections of emitted photons
at different angles around the patient. If the source in the object is non-uniform
the distribution of events in the various projections will depend on the projection
angle. Transverse tomographic images of the source distribution can be recon-
structed from this additional information. The tomographic images are two-di-
mensional but since the section in the patient for each image is known, true
three-dimensional images can be obtained. The general technique is called
emission computed tomography (ECT) and includes positron emission tomography
(PET) and single-photon emission computed tomography (SPECT).

Positron Emission Tomography

In this imaging modality, mainly short-lived, positron-emitting radionuclides are
used, for example "C (Tl/2 = 20.5 min), 13N (T1/2= 10 min), l5O (TI/2= 122 s) and
INF O\,2= 122 min). When the kinetic energy of the emitted positron has been lost,
the positron annihilates with a neighbouring electron and two 511 keV photons
are created and emitted in essentially opposite directions. In a PET system, these
annihilation photons are detected in coincidence by two scintillation detectors
situated opposite to each other and mounted in a ring system that consists of
several detectors. The positions of the two detectors in the ring will then define
the projection angle and the projection ray inside the object relative to a fixed
coordinate system. Because of the coincidence restriction, detection implies that
the annihilation must have occurred somewhere along the projection ray. The
projection rays are then used to reconstruct a tomographic image of the source
distribution.

The spatial resolution in a PET system can be very high, at the best 2.6 mm
(Derenzo et al, 1988) and typically in the range 5-10 mm FWHM. The technique
also offers good opportunities for quantitative measurements. The high cost of a
PET system and the requirement of access to a nearby accelerator and advanced
radiochemistry laboratory, however, makes the technique generally not feasible for
routine clinical studies.
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Single-Photon Emission Computed Tomography

This technique is based on imaging radiopharmaceuiicals labelled with
single-photon-emitting radionuclides (Kuhl and Edwards, 1963; Jaszczak and
Coleman, 1985; Coleman el al, 1986). There are basically two types of SPECT
systems:

Ring systems: These SPECT systems are based on a large number of
small scintillation detectors mounted on a circular frame in a similar way
to that in PET systems (Price et al, 1980). The advantage of the ring
design is that events in multiple projections can be detected simulta-
neously, which allows fast dynamic studies. These systems can be used
to produce images of very high spatial resolution by increasing the number
of detectors and decreasing the detector size. The sensitivity in imaging
a single section of the object is also high. Ring systems can be optimised
for ECT studies of specific organs such as the brain, or for whole-body
measurements. The number of simultaneously acquired slices is, however,
limited even if the state-of-the-art system consists of several detector rings
which cover large sections. The availability for routine clinical studies is
generally limited mainly due to the high cost of the ring-based SPECT
equipment. This type of equipment has not been investigated in this thesis.

Anger-camera systems: These SPECT systems are based on Anger
scintillation cameras with a modified mount which allows the camera to
rotate. The main advantage is that the camera can be also used for planar
scintigraphic studies and these systems are therefore the most commonly
used for routine clinical studies. A wide area of the patient can be covered
during acquisition since the field of view of the camera is large. SPECT
studies of fast dynamic changes in the level of radiopharmaceuticals may
be impossible since only one projection is acquired during each projection.

Reconstruction Techniques

Both SPECT and PET systems are based on projections obtained at different angles
around the object (typically 64 or 128 projections) and where each projection
consists of superimposed events acquired along equidistant rays through the object.
The aim of the reconstruction theory is to accurately reconstruct three-dimensional
tomographic images of the source distribution from the acquired two-dimensional
projections.

The mathematical aspects of the reconstruction technique were first explored by
the French scientist Radon (1917) who developed a general equation for the j
reconstruction of images from projections, also called the Radon transform. It was, %
however, not until the development of the CT scanner (Houndsfield, 1973) that 7
tomographic reconstruction techniques for ECT were developed.
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The development of the CT scanner and the mathematical reconstruction
methods were thus an important breakthrough in the introduction of ECT to clinical
nuclear medicine. The most commonly used methods for reconstructing tomo-
graphic images today are the iterative technique and the back-projection technique
(Nahmias et al, 1980).

Iterative techniques: Basically, in this type of technique a set of linear
equations is solved by iterative approximations. The reconstruction is
generally initiated by a first "arbitrary" guess of the source distribution.
Correction factors are then successively applied to the measured projec-
tions until some pre-defined error level between the measured and cor-
rected projections has been reached. The reconstruction algorithms used
by Houndsfield in the early development of the CT scanner were based
on an iterative method.

Simple back-projection: This method is based on the re-projection of a
set of acquired projections across the reconstruction plane. The super-
position of each re-projection then forms the transverse tomographic image
and gives the location of the source. Mathematically, simple j
back-projection can be described by '

f(x,y)-jp(t,Q)dQ [15]
o

where

[16]

;• t ion.

is the position of the projection ray in the projection set p, 6 is the
re-projection angle and f(x,y) describes the reconstructed source distribu-

V Filtered back-projection: The images obtained from a simple
p | back-projection are not very useful due to the presence of destructive star
a* artefacts. These artefacts occur in the image because data are re-projected
,C" into regions in the reconstruction plane which correspond to locations in
, £ the object where no activity actually existed. A filtering of the projection
- data is therefore necessary prior to the back-projection. This can be done

either in the Fourier domain by multiplying the projection data by the
v filter function or in the spatial domain as a convolution according to -t .
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[17]

where w is the filter function and T is a dummy variable. The choice of
the reconstruction filter depends mainly on the statistics in the projection
data and the desired spatial resolution of the tomographic image. Filtered
back-projection is the most common method in current commercial SPECT
systems.

Collection of
projection data

Simple Back-projection Filtered Back-projection

_r\

FIGURE 4: Projection data are acquired at different angles around
the object. The projections can then be re-projected into the
reconstruction plane by simple back-projection or by filtered
back-projection.

Back-projection is commonly performed over the range 0-180°. Opposite projec-
tions acquired over 360° are averaged by arithmetical means or geometrical means.
Arithmetical means provide a better representation of the back-projection which
is an additive linear process. In the reconstruction of point sources, arithmetical
means have been found to give better spatial resolution than geometric means
(Larsson, 1980). The geometric means reflect a non-linear process and have been
shown to produce streak artefacts when several sources are present in the object
(Larsson, 1980).

In this thesis, arithmetic means have been used since non-linear effects on the
scatter and attenuation correction have not been fully investigated.

SPECT Quality Control

Good quality control of the SPECT equipment on a regular basis is essential in
order to ensure accurate tomographic images (Murphy, 1987). The alignment of i
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the mechanical axis of rotation of the system relative to the electronic axis of
rotation is important to consider. Deviations may lead to a significant degradation
of the spatial resolution and eventually create so-called "bulls-eye" artefacts.

The intrinsic uniformity, i.e. the ability to obtain a uniform image when imaging
a uniform flood field source, is essential to check on a regular basis. Deviations
are presented in the SPECT-images as "bulls-eye" appearance. Multiple flood-field
matrices can be collected in different projections to be used to correct for this
effect (Axelsson et al, 1983).

Imaging a straight line source should produce a corresponding straight line in
the image, when considering an ideal system. However, the finite number of PM
tubes will introduce non-linear effects i.e. a wave-like distortion in the image of
the line. An accurate quantitative linearity correction is therefore essential.
Other parameters that may influence the quality are non-uniformity in old Nal(Tl)
crystals, poor optical connection between PM tubes and the light guide and
deviation in the voltage from the power supply. An effective pulse pile-up rejection
is also essential for high count rate performance (Strand and Larsson, 1978).

Limitation of SPECT in the Quantification of Activity Uptake

SPECT systems have great potential for the quantification of activity distributions
in vivo due to their three-dimensional imaging capability. There are, however,
several factors that must be considered in quantitative imaging. Some of these
factors are the system sensitivity and spatial resolution, dead-time and pulse pile-up
effects, the linear and angular sampling intervals of the projections, the choice of
reconstruction filter and the size of the object. However, the two most significant
non-linear effects are the photon attenuation in the object and the contribution in
the images of events arising from photons scattered in the object.

Photon Attenuation

Photon attenuation generally limits the possibility of quantification in ECT studies.
Since single-photon emitters are used in SPECT, it is virtually impossible to know
whether the projection data reflect a weak source located close to the object surface
or a stronger source located at a greater depth. If the attenuation as a function of
the projection angle is non-uniform, the data in some of the projections may be
under-estimated, which will affect both the quantitative information in the image
and the spatial distribution of the events. The photons used in SPECT are generally
of relatively low energies and are therefore strongly attenuated in the object. As
an example of the attenuation effects, consider figure 5 where calculations of the
narrow-beam attenuation in a homogeneous water phantom for different photon
energies have been made (equation 7). The attenuation is plotted as a function of
source depth. i
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FIGURE 5: The narrow-beam attenuation as a function of the
source depth in a water phantom for photons of different energies.

Corrections for attenuation in PET images are easier and more straightforward as
it is only ihe events detected in coincidence that define the projection data. The
coincidence restriction simplifies the calculation of the total flight-path inside the
object, and thus the attenuation correction since the attenuation is a function of
the sum of the path-lengths for the two photons.

't

1

Contribution from Scattered Photons

The description of the narrow-beam attenuation (equation 7) is based en the
assumption that photons which interact in the object are completely removed from
the beam and will therefore not impinge on the detector. If the dimensions of the
detector cannot be neglected or if the source is not collimated or extended, then
there will be a finite probability that photons, scattered in the object, will impinge
on the detector. To maintain accurate counting statistics, an energy window that
covers the photo-peak must be used due to the finite energy resolution. This will
lead to an ineffective discrimination of scattered photons.

As an example, consider figure 6 (Paper III) where an energy pulse-height
distribution (A) and a point-spread function (B) are shown. It can be seen from
figure 6A that a significant number of scattered events will be accepted by the
energy window. Most of these events are the result of small-angle scattering
interactions. In figure 6B, the point-spread function, separated into primary and
scattered parts, is shown. It can be seen that for a point source in the centre of a
homogeneous cylindrical phantom, the laterally distribution of scatter is nearly
exponential. Note also that the distribution of primary events is not peak-shaped,
due to the effects of the spatial resolution.

7
V

i
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FIGURE 6:. An energy pulse-height distribution is shown in figure
6A. The solid line represents both primary and scatter events. The
dashed line represents scatter events regardless of the scattering
order. The dotted lines represent different orders of the scattered
photons. In figure 6B, a point-spread function is shown where
primary and scatter events have been separated.

Figure 7 shows the scatter-to-total fraction (i.e. the ratio of scatter events to
scatter-plus-primary events) in a projection of point sources at various depths in
a water phantom. The energy resolution was 12% (FWHM) and the energy window
was 30% for 75 keV photons and 20% for 140 keV and 247 keV photons. The
thickness of the NaI(Tl) crystal was 12.7 mm, the radius was 195 mm. A
low-energy general-purpose collir.ator was simulated.
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FIGURE 7: Calculated scatter-to-total fractions for different
source depths in a cylindrical homogeneous water phantom.
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It can be seen from figure 7 that the fraction of scatter events in the projection
is strongly dependent on the photon energy. For 75 keV photons, a significant
proportion of scatter events appears in the projection, even for sources located
close to the phantom surface. This is because the relative energy transfer in a
Compton interaction is proportional to the energy of the incoming photon (equation
2). There is thus an increased probability that scattered, low-energy photons
emerging from the object will still be accepted by the energy window. The
presence of unwanted scatter events in the projection thus limits the possibility of
quantification and affects the quality by decreasing the image contrast.

THE MONTE CARLO METHOD

• ; < • •

• # •

The characteristics of a SPECT system can also be evaluated by simulation of the
photon transport using the Monte Carlo technique (Raeside, 1976; Turner et al,
1985; Zerby, 1963). This method has successfully been used to solve complex
stocastic problems where an analytical approach has failed. Basically, the Monte
Carlo method uses random sampling when solving problems that are dependent
on a particular probability function. The fast development of powerful computers
and software has made the Monte Carlo method attractive and useful for simu-
lations of photon, neutron and electron interactions in complex radiation transport
problems. The method has therefore become widely used in different areas of
radiation physics, such as radiation protection and shielding, detector development,
radiation dosimetry and in external radiotherapy.

Monte Carlo simulation of photon transport problems is generally straightfor-
ward because of the relatively few interactions per photon history. The treatment
of the different interaction processes has been investigated in detail and is
experimentally well documented. However, care must be taken to justify the
assumption of locally absorbed secondary electrons.

On the other hand, the Monte Carlo simulation of high-energy electron (and
coupled electron-photon) transport has been shown to be very complicated. One
of the reasons for this is the high number of collisions during the slowing-down
process of an electron. According to Berger (1963), the number of collisions of a
5G0 keV electron prior to a complete energy transfer is in the range of 104 to 10s,
in both aluminium (Z=13) and gold (Z=79). This indicates that the computing
time required for a Monte Carlo simulation of each collision will be unreasonably
long. Approximate methods have therefore been developed which involve grouping
electron interactions (i.e. the effect of many small interactions is substituted by a
single interaction). Other interaction processes, such as bremsstrahlung production,
positron annihilation in flight, and Coloumb scattering by the nucleus, must also
be included when simulating electrons with high energies.

V
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Different software packages for electron simulations, such as the EGS-4 code
(Electron and Gamma Shower) (Nelson et al, 1985) and the ITS code (Integrated
Tiger Series) (Halbleib and Mehlhorn, 1984), have been developed. These pro-
grammes have been written mainly to simulate electron interactions. A user can
then link his own geometry and scoring routines defining the system being
simulated and the various parameters to be calculated. These Monte Carlo pro-
grammes are generally very flexible, well-documented and extensively tested and
today represent the state of the art of electron simulation.

Generation of Random Numbers

An important part in a Monte Carlo code is the generation of uniformly distributed
random numbers. Different techniques of generating truly independent random
numbers have been suggested, e.g. external monitoring of a radioactive decay or
by using events from thermal noise (James, 1980). A mathematical algorithm is,
however, the most convenient way of generating random numbers. The multipli-
cative congruential generator is an example of a random number algorithm. It is
based on the equation

/ i,1-*-/ i(mod/BJ [18]

where IUI is the integer random number, / ^ is the maximum value of / and k is
a constant. The random numbers are often normalized in the range [0-1].

The "pseudo"-random numbers //+/ obtained from the algorithm are not "true"
random numbers since they are calculated from a previous number /, or initial
starting value /„. Furthermore, if lo is fixed then the random numbers in the
sequence will be individually randomly distributed but will still remain identical
when considering separate but identical simulations. Because digital computers are
used for the simulations, the magnitude of /„„, will be limited by the word length
(usually either 16 or 32 bits) of the computer. This implies that there is a finite
probability of I, equalling the initial value Io s /„„. This then results in the rep-
etition of the random number sequence. The length of the sequence before the
generator "loops" depends mainly on the word length of the integers.

u Sampling Techniques

> A stocastic variable can be sampled from a known frequency function f(x) by the
use of uniformly distributed random numbers R in the range 0-1. The distribution
function F(x) of the frequency function f(x) is defined as

rJ [19]
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where a sx sb ano% x is a dummy variable. Two different methods can be used
to obtain a stochastic value x.

The distribution function method can be used if the inverse of the
distribution function F'(x) can be obtained. Let F(x) in equation 19 be
substituted by a uniform random number R The sampled value will then
be x = F'(R). An example of this method is the calculation of the photon
path-length (Paper I)

The rejection method can be used if is too complicated to obtain the
inverse of the distribution function. The method works as follows: assume
that f(x) is a frequency function that is bound in the interval [a,b] and
normalized to unit area. A new function f(x) = f(x) I fmax (x) is defined
where fmax (x) is the maximum value of f(x) within the interval [ajb\. Two
uniformly distributed random numbers R, and R2 are sampled. A sto-
chastic variable x is calculated from the equation x - a + R, • (b-a). If
R2 is less than or equal to f(x) then x is accepted as a sampled value,
otherwise a new value of x is sampled. The rejection method is used to
calculate the scattering angle and the photon energy after incoherent
scattering (Paper I).

"ft

t
•$•'

Non-Analogue Sampling

A direct Monte Carlo simulation using true probability functions may take an
unacceptable long time to perform. Consider a simulation of a scintillation camera
with a parallel-hole collimator. The geometrical efficiency (equation 11) of a
low-energy, general-purpose collimator is of the order of 104. If direct Monte
Carlo simulations were applied in this case, then 9 999 photons, on the average,
would be rejected for each photon passing through a collimator hole, simply
because of the small solid angle defined by the collimator holes. The calculation
would therefore be very ineffective in terms of required computing time. To
increase the efficiency of the calculation (for a fixed computing time) non-analogue
sampling can be used by introducing different types of variance-reduction tech-
niques.

In the case of the scintillation camera, a simple but effective variance-reduction
technique is to simulate only photons that are emitted in directions within the solid
angle Q, which is calculated from the maximum acceptance angle BM% defined by
the dimensions of the collimator holes. The number of rejected photons will then
be reduced significantly compared with isotropic emission. The computing effi-
ciency is thus increased.

The results obtained by non-analogue simulation may, however, be biased by
the variance reduction technique. A correction for this is thus essential. A photon
history weight, W, is introduced, which describes the probability of the photon
following the current path. W is calculated for each photon history, and is then

i
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used in the calculation of the results. For example, if an event occurs within the
energy window, the weight W is added to the counter rather than incrementing
the counter by one unit. For the example described above, W equals the relative
probability of a photon being emitted within the solid angle Q

[20]

The Monte Carlo Programme SIMIND

The details of the Monte Carlo code SIMIND, developed by us, and some of its
features are described in Paper I. The code was written in Fortran-77 and has been
used on DEC1 VAX/VMS computers and on IBM/DOS2 compatible 80286/80386
computers.
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FIGURE 8: A flow chart of the Monte Carlo code SIMIND
showing the basic steps in simulating a complete photon history.

1 Digital Equipment Corporation, Maynard, Massachusetts.
2 Fortran-77 5.0,16-bit, MicroSoft, Redmond, WA.
F77L-EM/32 2.0,32-bit, Lahey Computer System, Incline Village, NV.
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Simulations of photon transport in a non-homogeneous phantom are presented in
Paper V. The studies were based en a new technique developed by the author.
The aim was to extend the simulations from simple phantom and source geometries
to more clinically realistic situations. Basically, the non-homogeneous computer
phantom consists of a set of matrices (64x64 16-bit integers) where each matrix
describes the density distribution in a particular section of the simulated phantom.
The non-uniform density distribution in the phantom is taken into consideration
by using different variance reduction techniques when calculating the photon path.

The simulated results have been verified for different situations. Simulations of
energy pulse-height distributions corresponding to different source depths were
compared with measured distributions in Paper I. In this paper, calculated
scatter-to-primary ratios were compared with results published by Beck (1982). In
Paper III, simulated line-spread functions were compared with measurements for
different source positions inside a homogeneous phantom. The simulation of
photons inside a non-homogeneous computer phantom was verified (Paper V) by
comparison with measurements of different line-sources placed at two locations
inside a non-homogeneous, Alderson Rando phantom3. This phantom consisted of
a real human skeleton and a tissue equivalent Rando plastic of density 0.985 gem \
The lung tissue was made of Rando plastic with a density of 0.32 gem'3.

Application of the Monte Carlo Method in SPECT

The Monte Carlo technique can be very useful in the investigation of imaging
characteristics and limitations of a SPECT system since the details of each photon
history are fully known. The addition of different selection or restriction criteria
can easily be made in order to calculate parameters that are difficult or even
impossible to obtain experimentally. An example is the contribution of scatter
events in the SPECT images. It is difficult to estimate the amount of scatter
experimentally for extended sources. A restriction that allows scatter events only
to form the projection data can, however, be included in a Monte Carlo code.

The Monte Carlo method can also be useful for the investigating of the effects
of attenuation. In this thesis, different attenuation correction methods have been
evaluated for homogeneous (Paper IV) and non-homogeneous phantoms (Paper
V). Extended sources in "air" were simulated without including attenuation and
scattering within the source volume. These simulations were then used as the result
with which the attenuation-corrected images were compared.

The application of the Monte Carlo method for the investigation of SPECT
systems has also been reported by others. Beck (1982) used a computer model of
a SPECT system for the investigation of scattering and attenuation effects. Floyd
et al (1984) used Beck's code to evaluate the scatter component in SPECT pro-
jections by calculating the fraction of single-, double- and triple-order scattered

' Alderson Research Laboratories, Long Island City, New York.
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events. An example of this type of calculation is shown in figure 6. Floyd et al
(1988) have also used the Monte Carlo method to calculate the scatter dependence
on depth, photon energy and energy window. In the work by Floyd et al (1985a),
the Monte Carlo method was implemented in a reconstruction technique simul-
taneously including attenuation and scatter corrections by an inverse Monte Carlo
technique.

ATTENUATION CORRECTION

The general equation describing measured projections in terms of the source
distribution f(x,y) inside an attenuating medium \i(x',y') is called the attenuated
Radon transform and is given by

f(xty)cxp - f \i(x',y')dl ds [21]

where l(x,y) is the distance from the scintillation camera to a point x,y in the object
along the line L(0,r) (Larsson, 1980). To obtain f(x,y), an inversion of the
transform would be useful. It has, however, been stated that no general analytical
solution can be found in most situations because of the complexity of the equation
(Larsson, 1980).

The problem of photon attenuation in SPECT has proved to be a difficult one
to solve, and several types of correction techniques have been suggested in the
literature (see for example Walters et al, 1981; Soussaline et al, 1982; Larsson
1980; Sorenson, 1971; Chang, 1978). The methods are either pre-processing
techniques which correct projection data prior to the reconstruction, or post-pro-
cessing methods which correct either the reconstructed image directly or
recalculate correction factors which are then used to correct the measured
projections. Correction techniques fully integrated with reconstruction software
have also been reported (Floyd et al, 1985a). The differences between the cor-
rection methods are the complexity and accuracy of the algorithm and the com-
puting time required for the correction.
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A method suggested by Sorenson (1971) is an example of a pre-processing method
based on correcting measured projections (after geometrical mean averaging of
opposite projections) with an attenuation factor, calculated from

[ 2 2 ]

where sinh denotes the hyperbolic-sinus function, d is the chord inside the object
and A.v is half the chord of the source along the projection defined by the angle
0. The correction method is based on a homogeneously distributed source and a
uniform attenuation. It may be difficult to determine the magnitude of As and d
for each position (6,r). Larsson (1980) has therefore modified Sorenson's method
by assuming a uniform source distribution. This assumption simplifies equation
22 to

since A.v then equals d/2.
Chang (1978) has suggested a post-processing technique based on two steps.

The correction method assumes a constant attenuation, a knowledge of the body
outline and is based on the reconstruction of a point source. The first step corrects
the reconstructed image for attenuation by multiplying the image by a correction
matrix c(i,j) obtained from

*('.;)-— [24]

...:'.. where / is the distance from pixel /,; to the outline definition of the object. For
: ',&, extended sources, some parts of the image may be over-corrected and some parts
\ \ under-corrected, depending on the source distribution. In order to correct for this,

V t n e second step recalculates new projections from the corrected image. An error
ft image is reconstructed from the difference between calculated and measured
fc. projections. The error image is corrected for attenuation by multiplying it by the
I. correction matrix c(i,j), obtained in step one, and is finally added to the corrected

image.
r The choice of the attenuation coefficient in the correction methods described

above, is not trivial. The contribution due to scattering leads to an over-correction fr,, •
in the projection data if a linear attenuation coefficient is used. It has therefore *«
been suggested that an "effective" attenuation coefficient in the range 0.12-0.14 m

\ cm'1 should be used for ^c111 sources (Harris et al, 1984; Larsson, 1980). The
assumption here is that a fraction of the attenuated primary photons can be sub-
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stituted by a number of scattered photons which are assumed to have characteristics
identical to those of the unattenuated photons. The scatter component in the image
is thus taken into consideration by under-estimating the magnitude of the
attenuation correction.

Non-Homogeneous Attenuation Correction

The attenuation correction methods discussed above are based on the assumption
of uniform attenuation. This may not be justified in non-homogeneous regions,
such as the chest-cardiac region, where the presence of low-density lung tissue
strongly reduces the photon attenuation. For example, the narrow-bean attenuation
of 140 keV photons impinging on a 100-mm thick slice of water-equivalent
material with a density of 1.0 gem3 is about 80%, which can be compared with
that in a corresponding slice of density 0.25 gem'3 where the photon attenuation
is about 32%. This indicates that a variation in the density distribution significantly
affects the magnitude of the attenuation.

Some studies of non-uniform attenuation correction have been presented. In the
study by Manglos et al (1987), the Chang algorithm was modified to include a
non-uniform attenuation map valid for 9*Tcm. A map of linear attenuation coeffi-
cients which were simulating different tissues was constructed by a computer
programme. These were then scaled to "effective" attenuation coefficients by a
constant factor c=0.12/0.152.

An attenuation map can be obtained experimentally from an X-ray computed
tomographic image of the object. The CT scans produce images of high spatial
resolution and statistical accuracy. The images are, however, produced by
bremsstrahlung photons with a broad energy distribution, which may affect the
accuracy of the determination of the attenuation coefficients.

An attenuation maps can also be obtained with a SPECT system by measuring
the transmission of photons through the object, using an external radioactive flood
source mounted directly on the scintillation camera. Some studies based on
transmission measurements have been described in the literature (Malko et al,
1986; Greer et al, 1987; Tsui et al, 1989; Almquist et al, 1990). Bailey et al,
(1987) described a method in which the transmission measurement was made
simultaneously with the routine acquisition by using a second energy window. The
advantage of this method is that no additional time is required for the transmission
measurement, which is important in the use of non-uniform attenuation corrections
of routine clinical studies. The attenuation map is measured by a 153Gd (gadoli-
nium) flood source (T1/2=242 days, Av=98 keV and 103 keV). A drawback of the
method is, however, that a fraction of the ^ c " 1 photons will be scattered into the
secondary energy window and thus contribute to the transmission projection. This
has been taken into account by implementing a convolution-subtraction, scatter
correction method.

i
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Determination of the Object Outline

An accurate determination of the object outline is important, as otherwise sig-
nificant errors in the attenuation correction may arise. One method of approxi-
mating the outline is by an ellipse (Larsson, 1980). A method suggested by
Gullberg et al (1983), is based on the reconstruction of a ring source placed around
the object. Other methods are based on the acquisition of Compton-scattered
photons (Younes et al, 1988; Macey et al, 1988). In the method suggested by
Younes, scatter projections, acquired in a second energy window, are scanned
through and each projection value greater than a pre-determined threshold is used
to calculate an outline projection which is then reconstructed by back-projection
to an outline image.

An accurate object contour can be obtained from attenuation maps obtained by
a transmission measurement since the coefficients outside the object are very close
to zero. Each map will also define an outline that will match the section of the
object for which projections are being corrected. This is important in regions where
there are significant changes in the contour, for example in studies of the brain
and the thorax.

Proposed Non-homogeneous Attenuation Correction Technique

The attenuation correction method developed in this work (Papers II,IV and V) is
based on a post-processing technique described by Larsson (1980). The method
has been modified to take into consideration non-uniform photon attenuation by
including a density map.

The scintillation camera with a flood source mounted on the camera head, was
used to measure the transmission of photons. A 185 MBq (5 mCi) standard 57Co
flood source4 was used for the transmission studies, regardless of the type of

/ ' radionuclide being imaged since the purpose of the investigation was to measure
'}.;• the density distribution (which is independent of photon energy) and separately
'<?} correct for scattered photons.

:<.{ The method of calculating the density maps is based on two SPECT studies.
, ̂  The first consisted of the transmission measurement with the object situated

between the flood source and the scintillation camera. The second was a blank
study without the object. Density projections are calculated from the equation

-*'• P0(0,r)-Cin [25]

4 Amcrsham Sweden.
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where (J> is the transmission projection, O is the "blank" projection and C is a
scaling factor (Paper II). The density projections are then reconstructed to form
tomographic density maps p(i,j).

The attenuation correction is done by calculating individual correction factors
K(0.r) which are used to correct the original projection data, Po(8,r). The factors
are calculated from an uncorrected, reconstructed image, Eo(i,j). A density map
p ( i j ) , matching the position of E0(i,j) in the object, is assumed to be available.
The correction factors are calculated from the equation

s^ :w^ ] [26]

where

|u*-H-As- I p(ij) [27]
P *•)

and y(Q,r) is the ray-of-view, scanned through the emission image at the projection
angle 6. As is the pixel size for both the emission map and the density map.
Projections Pc(9,r), corrected for attenuation, are calculated from the equation

Pe(Q,r)-Po(e,r)-K(etr) [28]

and are finally reconstructed to form emission images. The method corrects only
for narrow-beam attenuation since the mass attenuation coefficient u7p is used.
Corrections for scatter must also be made otherwise the scatter events will be
treated as primary events, resulting in an over-estimation of the attenuation.

SCATTER CORRECTION

>l In addition to an increase in the measured count rate, the "build-up" of scatter
* events also results in a reduction in the image contrast. Events also may appear

, '• in regions of the image which correspond to locations in the object where no
activity is to be found. Scatter events may also smooth the edges of organs in the

.•; image. The presence of scatter thus affect the quality of SPECT images and also
limits quantitative measuring capacity of the system.

An effective attenuation coefficient has been suggested to take scattering into
consideration quantitatively, as discussed previously. This method is not adequate
since it does not remove the scatter events from the image. For this reason, recently
developed scatter correction methods have been focused on subtracting an esti-
mation of the scatter component before applying the attenuation correction (for
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example Floyd et al, 1985b; Jaszczak et al, 1984; Axelsson et al, 1984). The main
~* difference between the correction methods is the way in which the scatter com-

ponent in the photo-peak window is estimated. Two types of scatter correction
techniques have been investigated in this thesis.

The dual-window method is generally based on a simultaneous
acquisition of a second projection, PMC, in a secondary energy window
over the Compton distribution. It is assumed that P ^ corresponds quali-
tatively to the scatter component, P,, in the projection, ?o, obtained in the
photo-peak window. The scatter projections are scaled by a constant factor
k and subtracted from the normal projections according to

Pp'Po-[kPsJ [29]

where Pp denotes a projection of primary events only. The method is
considered to be linear so that it can be applied to both projection data
and emission images. The constant k has not been rigourously investigated.
In the work of Jaszczak et al (1984), a "heuristic" approach was taken,
where k was evaluated from phantom measurements. Measurements of
line-sources in a homogeneous cylindrical water phantom for both on-axis
and off-axis locations and for a uniform radioactive solution, including
spherical cold-spots, yielded a k value of about 0.5 for the secondary
energy window, 92-125 keV. This k value was also confirmed by Monte
Carlo simulations for the particular phantom geometry.

The convolution-subtraction method, developed by Axelsson et al
(1984), is based on a mono-exponential scatter function

.; Ö(r)-A-expHJr) [30]

'';. used to model the scatter component in the photo-peak energy window.
i The scatter parameters A and B are the amplitude of the function and the

-, $ rate of descent, respectively. The scatter component P, in the original
V ' ' projection Po is modelled by convolving Pa with the scatter function Q

\ and subtracting the estimated scatter component according to

t
The scatter parameters are obtained from measurement of a line source or
a point source (Msaki et al, 1987) in a cylindrical, homogeneous water *
phantom. The latter is based on a 2D-convolution. The rate of descent, B, §,
is determined by a regression analysis of the "wings" of the spread
function, indicated in figure 9. The amplitude A, also indicated in figure
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9, is the count rate at the intersection between the slopes of the estimated
scatter function divided by the number of events in the point-spread
function.
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FIGURE 9: A point-spread function is illustrated where the dis-
tribution of scatter events has been separated. The rate of descent,
B, is calculated from the slopes of the "wings" in the semi-log
arithmetic plot.

A comparison between the dual-window method DW and the convolution-sub-
traction method, CS, using Monte Carlo simulated projection data is presented in
Paper III. The estimated scatter components obtained by the two correction
methods were compared with the "true" scatter distribution in the photo-peak
energy window. Comparisons were made for three source configurations; 1) a
point source at various locations inside the phantom, 2) three point sources located
at the centre of the phantom and 3) an extended source.

It was found that there were fundamental differences between the two estimated
scatter distributions. The scatter distribution obtained by the DW method was found
to agree better with the true scatter distribution compared with the CS method.
This was especially evident for the part of the scatter distribution that is close to
the location of the source.

/ •

i
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FIGURE 10: Scatter components estimated by the DW and CS
methods compared with the true simulated scatter distribution for
a point source at the centre of the phantom. The solid line repre-
sents the true scatter, Sp. The dashed line represents the scatter,
Sw, obtained in the second energy window and the dotted line
represents the scatter, 5c, estimated by the convolution method.

At greater distances from the source, the DW method over-estimated the scatter
contribution. This may be explained by the position of the secondary energy
window (92 keV to 125 keV). A larger fraction of multiply-scattering and
large-angle scattered events will be accepted here compared with the photo-peak
window. For both the DW and CS methods, the deviation of the estimated scatter
distribution relative to the photo-peak scatter components was largest for small
source depths (Paper III, figure 3c) and smallest for large source depths (Paper
III, figure 3d). Both methods also significantly under-estimated the amount of
scatter at locations close to the source.

A drawback with both techniques is the lack of depth dependence. This is not
included in the k value or in the scatter parameters A and B. For some specific
phantom geometries, optimum width and position of the scattered event window
can be evaluated, which gives accurate k values. In a clinical situation, however,
the degree of scattering varies depending on the source location. The magnitudes
of k, A and B and the scatter distribution will probably deviate substantially.

The failure of the CS method may also be attributed to the simplicity of the
mono-exponential function. When the point source was shifted off-centre, the CS
method predicted inaccurate scatter estimations. Generally, the scatter distribution
from off-axis sources will not be symmetrical. For the case of the extended source,
the CS method was also found to be non-sensitive in the prediction of the low
activity region A (Paper III, figure 6 and figure 7a). The assumption of a
mono-exponenti?.l scatter function seems to be invalid for more complicated source
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distributions (Msaki et al, 1989). For cases of non-uniform attenuation, the
assumption of a mono-exponential scatter function will also be invalid which has
been demonstrated by us (Ljungberg and Strand, 1989) and by others (Ivanovic
and Weber, 1989).

The CS method by Axelsson et al (1984) was developed from a method obtained
for PET (Bergström et al, 1983). The scatter characteristics for high-energy
photons are quite different from lower photon energies, such as 140 keV. To
exemplify this, simulations of scatter line-spread functions have been made for a
point source in a cylindrical, homogeneous water phantom (radius 12.5 cm) and
in the non-homogeneous, Alderson computer phantom. The source was positioned
laterally +30 mm and vertically -60 mm relative to the centre of the phantom
(Paper V, figure 1, position 2). Simulations were made for 75 keV, 140 keV, 247
keV and 511 keV photons. The simulated scatter line-spread functions are shown
in figure 11.

Events (arb.units)

1000 r

100

10

Homogeneous Phantom

Events (arb.units)

lOOOr
Non-homogeneous Phantom

75 KeV
140keV
247 keV
511 keV

100

10

-30 -20 -10 10 20 30
cm

-30 -20 -10 10 20 30
cm

FIGURE 11: Scatter line-spread functions for a source in a
cylindrical, homogeneous phantom are shown in figure 11 A.
Line-spread functions for a source in a non-homogeneous, Rando,
computer phantom are shown in figure 11B.

It can t e seen from the "wings" of the line-spread function that a mono-exponential
function will not accurately estimate the scatter for low photon energies. For higher
energies, however, the scatter distribution tends to be more symmetrical, which
implies that the source location and density distribution seem to be of less
importance in these cases. The work by Axelsson et al (1984) should thus further
be improved by developing more realistic scatter functions.

42



Proposed Scatter Correction Techniques

The attenuation correction proposed in this thesis is based on the calculation of
correction factors obtained from the information contained in the uncorrected
emission images and a density map. It was also possible to use information on
the source distribution in the object for scatter compensation. Two different
approaches for depth-dependent scatter corrections have been developed and
investigated.

Correction based on Build-up Functions

The build-up of scatter events in the projections can be described by the equations

B(n,x,y,z)-\ 1+SF [32]

\

*.'

where the subscripts s and p denote scatter and primary events, respectively, and
SF is the scatter-fraction parameter. The following equation describes the photon
attenuation where the build-up of scatter events has been taken into consideration

[33]

The build-up function in equation 33 describes quantitatively the contribution from
scatter in a particular projection ray. The build-up function depends on a variety
of parameters, such as the photon energy, the energy window, the source dis-
tribution (x,y,z) and the object (Siegel, 1985a and 1985b; Wu and Siegel, 1984).

The Monte Carlo code was used to simulate build-up functions for 200-mm line
sources at different depths in a cylindrical, homogeneous, water phantom. Studies
were made of three different photon energies, corresponding to ^'Tl, *Tcm and
'"In. Second degree polynomials were fitted to the calculated build-up values as
a function of ti:e parameter [id, where d denotes the source depth.

i
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FIGURE 12: The build-up of scatter in a pixel. A second order
polynomial has been fitted to the simulated data values.

The calculation of K(Q,r) in equation 26 was modified in Paper II to include the
build-up function, according to

[34]

To evaluate the possibility of quantification in non-homogeneous regions, line
sources were placed at eleven positions inside the Alderson Rando phantom. One
line source was also placed on the anterior phantom surface. Evaluation was
performed over regions of interest, (ROI), which were defined to cover the source
in the emission images. For both uncorrected and corrected images, the count rates
within the ROIs were compared with the count rates of the line sources in free
air. The count rates in most of the ROIs were within 10 percent of the air
measurements. There was, however, an over-correction for the source locations
near or at the surface, which indicated that the correction may be less accurate
for these special situations. It could thus be shown that it is possible to obtain
quantitative images by using non-uniform attenuation correction in combination
with a scatter correction based on build-up functions.

Correction based on Tabulated Scatter Line-Spread Functions

It was shown in Paper III that it is important that the calculation of the scatter
component in the photo-peak window also takes into account the depth and
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position of the source. The source distribution can, however, not be obtained from
projection data which consist of superimposed event?. It was therefore suggested
that the emission images could be used in the prediction of the scatter component.
The build-up correction does not remove the scatter events from the image.
Depending on the clinical situation, the decrease in image contrast due to the
presence of scatter must also be taken into consideration. Both the DW method
and the CS method are based on the subtraction of a predicted scatter projection
and thus actually removing scatter events from the projections.

A new scatter correction technique was therefore developed in which no
assumption of a certain analytical function describing the scatter distribution was
made. The CS method was chosen as a general technique because of its easy
implementation in the attenuation code.

The Monte Carlo programme has been shown to give reliable results of the
scatter distribution. The code was therefore used to pre-calculate scatter functions
for point-sources in a symmetrical pattern inside the phantom. Scatter line-spread
functions SLSF were calculated for each source location and stored in the data
file together with the scatter-to-total ratio ST.

The uncorrected emission image EJi,j), which was reconstructed from the
original projection P0(6,r), is also used as an estimate of the origin of the scattered
photons. The events in the scatter component Ps(0,r), which originate from a
location in the object corresponding to pixel i,j in Eo, are estimated by selecting
the SLSF which closest match this location. The content of a pixel reflect both
primary and scattered events. The pixel value is therefore multiplied by the
scatter-to-total fraction, ST, for the selected SLSF in order to determine the number
of scattered photons from that location. The spatial distribution of the scatter
component, P^ from the scattered photons is estimated by convolution, according
to

vi>
Wr) ST(l)

)
1
-R

iJ) • SLSF(l,r - x) [35]

where 2R is the wioth of the projection and x is the convolving variable. Scatter
and attenuation-corrected projections are obtained from

r) - ct(6) • P,(6, r)] • K(Q,r) [36]

where K(Q, r) has been calculated from equation 26 and a(9) is a normalisation
factor which corrects the magnitude of Pt(6,r) so that there exists a relevant
scatter-to-total fraction between the estimated scatter component and the original
projection data (Paper IV). The new scatter correction technique was evaluated
for both cylindrical, homogeneous, water phantoms of different radii and for a
clinically realistic, non-homogeneous, Alderson Rando phantom.

V
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Simulation of SPECT Studies for Homogeneous Phantoms

In Paper IV, the new scatter correction method was evaluated using Monte Carlo
simulated SPECT studies of a clinically realistic source distribution in different
cylindrical, homogeneous, water phantoms of diameters 220 mm, 250 mm and
300 mm. A heart-shaped source distribution was used in order to imitate a
myocardial study. Simulations were carried out for photon energies corresponding
to ^'Tl, and mIn. The source was positioned both in the centre of the
phantom and laterally shifted off-axis. The shape and dimensions of the source
are shown in Paper IV (figure 2). For each source location and radionuclide,
sixty-four projections were simulated around 360°. Simulations were also made
for the source in air in order to be used as references with which the attenuation
and scatter-corrected images were compared. No attenuation or scattering was
allowed in these simulations.

Scatter Line-Spread Functions for ^ T l
/dNx
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FIGURE 13: The relative positions, shown as "+", of the point
sources in the phantoms for the calculation of the scatter line-
spread functions. Scatter line-spread functions and scatter-to-total
fractions obtained from the source location encircled are shown for
four projection angles.
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Scatter line-spread functions were calculated for different point source locations
in the phantoms and stored together with the scatter-to-total fraction for each
source location in a data file. Examples of scatter functions corresponding to four
different projection angles are shown in figure 13 where the pattern of point
sources is also indicated.

It was found that the predicted attenuation- and scatter-corrected data for
extended sources were within 10% when compared with the air simulation. The
results, however, tended to be under-corrected for all energies for the 220-mm
phantom. For ^'Tl, the average of the different source positions was 88% relative
to the air simulation. For 9*Tcm and mIn, the average values were 94% and 93%,
respectively. For the 250-mm phantom, the corrected values were 94% for ^"Tl,
100% for "̂ Tc" and 98% for IUIn. For the 300-mm phantom, the average value
for "Tc"1 was 98% for luIn 95% and for "Tl 88%, indicating a slight
under-correction. No dependence on the source location was observed.
The spatial distribution of events within the source distribution was also evaluated
for both uncorrected and corrected emission images. It was found that the spread
in events for different parts of the source distribution in the images was reduced
after correction (Paper IV, figure 4).

The contrast between region ROI, and ROI2 (Paper IV, figure 2) was evaluated
for the different phantom sizes and photon energies. It could then be shown (Paper
IV, figure 6) that an image contrast enhancement was obtained after the correction
for attenuation and scatter. The contrast in the corrected images corresponded
better to the "true" contrast in the air images.

Thus, it was shown that, by using the new scatter and attenuation correction
method, it is possible to obtain quantitative images of clinically realistic source
distributions located both on-axis and off-axis in homogeneous phantoms for
different photon energies.
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FIGURE 14: The events in ROI, for uncorrected and corrected
images relative to the events in RO^ for the air images (Paper IV).

Simulation of SPECT Studies for a Non-Homogeneous Phantom

The new scatter- and attenuation correction method was also investigated for
non-homogeneous objects. A method for simulating photons inside a non-ho-
mogeneous computer phantom was developed (Paper V). An X-ray computed
tomography scan of the Alderson Rando phantom was made and the CT images
obtained were used to define the computer phantom. SPECT studies were per-
formed for three clinically important situations (Paper V, figure 3)

Cardiac simulation: A situation was simulated in which the source
imitated a myocardiai uptake. The source (a combination of a cylinder
and a hemisphere of equal radius) was identical to that which was used
in Paper IV. Decays were simulated in a volume corresponding to a radius
interval of 20 mm to 40 mm.

Pulmonary simulation: A uniform source distribution within both lungs
was simulated. The location of the source distribution was determined
by the information in the computer phantom. Each cell in the computer
phantom that had a density value within the interval 0.2 gem'3 to 0.6
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gem3 was assigned as being part of the simulated lung volume. Radio-
active decays were then simulated at the locations in the phantom
corresponding to these cells.

Tumour simulation: Three cases of a spherical tumour located in one
of the lungs were simulated: 1) uniformly distributed source in the tumour
only, 2) a cold-lesion situation where the source was distributed in both
lungs but not in the tumour and 3) source concentration ratio between
the tumour and the lungs of 3:1.

Simulated SPECT studies were corrected for attenuation and scatter using both
the build-up function method and the SLSF correction method. Non-homogeneous
scatter line-spread functions were simulated for point-sources symmetrically
located inside the Alderson Rando computer phantom for 75 keV, 140 keV and
247 keV photons. Sixty-four projection angles were simulated around 360°, and
scatter line-spread functions were calculated as described above.

The cardiac studies were evaluated using a region of interest that totally covered
the source. The number of events in the ROI was calculated for both uncorrected
and corrected emission images and was compared with corresponding results from
an air simulation. The lung studies were evaluated using six circularly shaped
ROIs in both lungs and the tumour studies were evaluated with two circularly
shaped ROIs, where one covered the tumour and the other was located in the lung.

For the cardiac study, the results generally show good agreement between the
corrected data and the corresponding air simulation. The build-up function method,
however, over-estimated the projection data for all photon energies. For the SLSF
method, a good correction was obtained for all photon energies, despite a slight
over-correction of 6 percent for 75 keV photons. It was also found that an image
contrast enhancement was achieved in the images obtained with the SLSF method,
compared with the build-up method. The contrast after SLSF correction was found
to be of the same order as for the air images.

For the lung study, no significant difference was found between the two cor-
rection methods. For all photon energies, the two methods predicted very accurate
quantitative results compared with the air simulation.

For the case of the tumour, it was found that both correction methods
under-corrected the projection data (85%-90% for build-up and 93%-96% for

^,1 SLSF) for the single tumour case. This was explained by the fact that both methods
are based on estimating the scatter from an extended source.

*l~ It has been shown (Paper V, figure 5) that serious streak artefacts appeared in
?•' the emission images that were corrected with the build-up method. The scatter
. 1 events were not removed from the projection data prior to attenuation correction.
* If some events close to regions of different magnitudes of attenuation are misplaced f.

then the attenuation correction will treat these events as primary events when ±
calculating the correction factors. This will then result in extensively over-cor- m
rected projection rays, as was observed in the emission image as streak artefacts.
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The effect is most severe for low photon energies. The same type of artefacts can
be found in the SLSF-corrected images, but with a much lower intensity, as this
method subtracts most of the scatter events prior to the attenuation correction.
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FIGURE 15: Images of a tumour in the lung (cold-lesion case)
are shown for the "air", no correction, build-up correction and
SLSF-correction for the different radionuclides.
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FUTURE ASPECTS OF QUANTITATIVE SPECT

The development of SPECT equipment is proceeding rapidly today and the
characteristics of the system are continuously being improved. Collimators can be
designed for special applications and requirements (resolution versus sensitivity)
and can be made in dimensions which allow the user to easily make changes. The
spatial resolution has also been increased by using thinner NaI(Tl) crystals. Today,
the field of view of scintillation cameras is increased and more (and smaller) PM
tubes are used. This requires accurate tuning of the individual PM tubes, which
can now be achieved automatically.

Improvements in the energy resolution (down to about 9%-10% FWHM) may
allow the use of a smaller energy window, thus rejecting a larger fraction of the
scattered photons. Many of the systems offer dual-window acquisition which allow
corrections for scatter using the DW method to be performed. An important
consideration if more than one energy window is used is then the linearity. Another
improvement are the stable rotating detector supports which allow accurate
alignment of the projections.

i
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Diagnostic Applications

No clinical investigation of diagnostic applications using the proposed scatter and
attenuation correction method in SPECT has been made in this thesis. However,
a recent biokinetic study of ' "In-labelled monoclonal antibody 431/31 in patients
with colorectal cancer has been conducted focusing on the evaluation of specific
tissue uptake and radioimmunoimaging.

Conceivable applications for quantification are summarised very briefly in the
following table (Jönsson, 1990)

TABLE 3: Radiopharmaceuticals used in single-photon emission computed
tomography studies, and some representative investigations where quantitative
SPECT including attenuation and scatter corrections should be desirable.
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Radionuclide

67Ga

l l lIn

m, i,,,

Radiopharmaceutical

gallium citrate

macroaggregated albumin
colloids
denaturated erythrocytes
HM-PAtforECD6

HM-PAO-white blood cells
pertechnetate
Cardiolite™7

monoclonal antibodies

white blood cells
platelets

monoclonal antibodies

iodine
MIBG*

thatlous chloride

Investigation

inflammatory diseases
tumours

lung emboli
RES
spleen
regional cerebral blood
perfusion
inflammatory diseases
thyroid
myocardial infarction
tumours

inflammatory diseases
thrombosis
platelet kinetics (spleen)
tumours

thyroid
phaeochromocy tomas
neuroblastomas

myocardial infarction
parathyroid

5 HM-PAO = hexamcthylpropyleneamineoxime (Ceretec R, Ameisham International)
* ECD = ethyl cysteinate dimer (Neurolile ™, Du Pont (U.K.) Limited)
7 Du Pont (U.K.) Limited
' MIBG = metaiodobenzylguanidine (Amersham International)
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Oncological Applications

In conventional, external-beam radiotherapy high absorbed doses are given to
healthy tissues when treating tumours. This will, in many cases, limit the curability
of this modality. Radionuclide therapy offers, on the other hand, the possibility of
"targeted therapy" with fewer side-effects if tumour-specific radiopharmaceuticals
can be developed.

The essential parameter which must be calculated in therapeutic applications is
the absorbed dose, defined as D - dzldm where de is the average energy absorbed
in a small mass element dm. In clinical applications, one calculates macroscopi-
cally the absorbed dose to specific organs or tissues (Loevinger and Berman, 1976;
ICRU-32, 1979).

Absorbed dose calculations in internal radionuclide therapy have been found to
be less accurate compared with external radiation therapy, where an error greater
than 5% would not be tolerated. Accurate dose planning and correct estimations
of the therapeutic effect will be necessary when radiopharmaceuticals with more
precise targeting to tumour cells are developed (DeNardo et al, 1985; Strand el
al, 1986; Ljungberg and Strand, 1988a and 1988b). The main objective in dose
planning is the determination of the absorbed dose in the target per unit of activity
administered. If this ratio can be accurately calculated, it may then be possible to
determine the activity of the "therapeutic" radiopharmaceutical necessary to give
the required absorbed dose to the target.
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FIGURE 16: Flow chart describing important parameters which
must be considered in radionuclide therapy planning.

To calculate the specific activity (MBq/g), both the activity in and the mass of
the target must be accurately measured. This can be done by a SPECT study when
a "diagnostic dose" of the radiopharmaceutical or an analogue tracer has been
administered. The activity (MBq) within the target can be determined from a

y
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SFECT study if the images have been corrected for both photon attenuation and
scatter. Multiple tomographic SPECT images of the "diagnostic" dose also enable
the target volume to be calculated. If the boundary of the activity distribution can
be accurately determined then the target volume can be determined by simply
counting the voxels inside the boundary. This gives the target volume since the
pixel size and the slice thickness are generally known. The determination of the
volume from the SPECT images also takes into account situations where the source
is non-uniformly distributed within the target. The mass (g) of the target can be
calculated by including the density maps, obtained for the attenuation correction,
when the volumes are calculated. The absorbed dose per unit administered activity
(Gy/MBq) can then be estimated from the specific activity uptake (MBq/g)
determination using the decay-scheme for the radionuclide and biological and
kinetic data of the radiopharmaceutical.

DISCUSSION AND CONCLUSIONS

It has been shown in this work that quantification on activity distributions in vivo
can be obtained in SPECT both in homogeneous and non-homogeneous structures
if the here proposed attenuation and scatter corrections are applied. The Monte
Carlo technique is an important tool when investigating the effects of photon
attenuation and scatter in SPECT. There are, however, several areas which require
further investigation

1) The statistical errors in the scatter and attenuation corrected data have not
been fully investigated. The simulation involves a "mixture" between events
of stochastic nature and analytical averaging (from the different variance
reduction techniques). The error propagation has not be analysed in detail
and therefore no error limits have been given in Paper IV and Paper V.
Comparison with measurements has indicated the number of photon histories
necessary to be simulated. In order to fully compare the two scatter correction
methods, further evaluation of the uncertainty in each correction must thus
be made.

2) The build-up functions were calculated as a function of the parameter \id
(Paper II). It was assumed that the magnitude of the build-up could be
obtained from the polynomial functions by using a value of \xd that was
calculated from the density maps. This assumption is not physically correct,
due to the differences in the scattering conditions between the cylindrical,
homogeneous phantom used in the Monte Carlo simulation and the
non-homogeneous, Alderson Random phantom measurement. The results
from Paper II and Paper V, however, indicate that quantitative results can be
obtained using this method.
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3) The work in Papers IV and V is based on "ideal" conditions where the SLSFs
have been obtained for identical camera parameters, as for the SPECT
simulations. To make the method more attractive for clinical use, further work
focused on the effects of energy window setting, energy resolution and spatial
resolution on the SLSFs must be carried out. The density maps could in some
way be used to determine non-homogeneous SLSFs from SLSFs obtained
with a cylindrical phantom. This deserves further investigation.

4) There are several advantages in using a standard 57Co flood source for
transmission measurements. The source is solid, and easy to handle since no
solution has to be prepared. The time required for preparing a transmission
study is therefore within acceptable limits. If the characteristics of the
scintillation camera can be regarded as stable, a standard "blank" study could
be used since the flood source is generally very uniform. The transmission
study will then be the only additional study. The additional absorbed dose
equivalent to the patient has been estimated to be about 0.03 mSv (Palmer,
1990) for a 185 MBq flood source and 30 min acquisition time, which can
be compared with 5-10 mSv for an 'average' nuclear medicine SPECT study
or for an X-ray computerised tomography chest-study.

5) Transmission measurements of a patient may be too time-consuming for
routine clinical studies. The use of "standard" density maps may therefore be
an interesting approach. A library of CT images could be produced for both
males and females of different sizes. The most appropriate library CT image
could then be used for the scatter- and attenuation correction. The validity
of this approximation must, however, be evaluated. One approach would be
to select a particular CT study to define the "standard" map. SPECT studies
of relevant sources in computer phantoms could then be simulated by the
Monte Carlo method, according to the technique described in Paper V. These
studies could be corrected using the "standard" density maps and then be
individually compared with a correction for which the true density maps were
used.

6) We believe that quantitative SPECT will have a significant impact on dif-
ferent modalities of radionuclide therapy. We are currently working on the
development of a dose-planning system, based on the scatter and attenuation
correction methods described in this thesis. A programme package has been
developed which includes most of the important features of a dose planning
application (figure 16). A screen capture of the main command table of the
programme is shown in figure 17. A volume calculation method, described
by Mortelmans et al (1986) has been adopted and modified for the calculation
of the target mass. An image processing utility based on the GAMMA-111

command structure has also bee developed. Basic features, such as image
filtering, colour thresholds, regular region-of-interest definitions, profiles and
image arithmetics have been included. A screen capture of a profile is also

1 Digital Equipment Corporation, Maynard, Massachusetts.
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shown in figure 17 as an example of the image processing stage. The pro-
gramme package has been written in Fortran-77 for a IBM/DOS PC computer,
where standard VGA-graphics, utilizing sixteen shades of grey or colours
have been used to display the images. Advantages of a PC-based system are
the relatively low cost and that 80386/87 versions provide the high computing
performance necessary for the scatter and attenuation corrections. Connec-
tions between PC and dedicated image processing systems for transferring
SPECT images should be possible using standard hardware concepts, such
as EtherNet links.
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FIGURE 19: The main menu of the dose planning system is
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