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Abstract
Single photon emission computed tomography offers the potential for
quantification of the uptake of radiopharmaceuticals in-vivo. This thesis
investigates some of the factors which limit the accuracy of these methods for
measurements in the human brain and investigates how the errors can be
reduced. Modifications to data collection devices rather than image
reconstruction techniques are studied.
To assess the impact of errors on images, a set of computer generated test
objects were developed. These included standard Anger and Phelps phantoms
and a series of slices of the human brain taken from an atlas of transmission
tomography.
System design involves a balance between resolution and noise in the image.
The optimal resolution depends on the data collection system, the uptake
characteristics of the radiopharmaceutical and object size. A method to
determine this resolution was developed and showed a single-slice system
employing focused, probe detectors to offer greater potential for quantification
in the brain than systems based on multiple Anger gamma cameras.
A collimation system must be designed to achieve the required resolution.
Classical, geometric design is not satisfactory in the presence of scattering
materials. For this reason a Monte Carlo simulation allowing flexible choice of
collimator parameters and source distribution was developed. The simulation
was fully tested and then used to predict the performance of collimators for
probe and camera based systems. These assessments were carried out for the
'worst case source' which was a concept developed and validated to allow
faster prediction of collimator performance. In essence the geometry of this
source is such as to allow a resolution measurement to be made which
represents the worst value expected from the system.
The effect of changes in collimation on image quality was assessed using the
computer phantoms and simulation of the data acquisition process on the single
slice system. These data were reconstructed with proprietary software. Analysis
of these images showed that improved collimator resolution facilitated similarly
improved image resolution. A novel method of determining resolution from the
effect of partial volume on a Phelps phantom was developed for these
measurements.
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CHAPTER 1

INTRODUCTION TO
SINGLE PHOTON EMISSION
COMPUTED TOMOGRAPHY
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1.1 Basic Principles.
1.1.1 Introduction.
Radionuclide techniques aim to trace a metabolic pathway in-vivo. To do this,
the pharmaceutical which follows the required path is tagged (labelled) with a
radionuclide which emits X or gamma photons during its decay. Assay and
localisation of the radionuclide through these emissions allows data to be
obtained regarding the pathway being studied. Absolute uptake, relative uptake
in different parts of the body or the time course of uptake are generally studied.
1.1.2 Radiopharmaceutical Production.
This can be considered as a two-part process. Firstly the radionuclide must be
obtained and subsequently it must be labelled to the pharmaceutical.
The physical properties of an ideal radionuclide are mainly determined by
consideration of the absorbed radiation dose which the subject will receive. The
radionuclide should emit no particulate radiation during its decay but should
emit photons in the lOO's keV energy range (for adequate detection). For this
reason the most popular radionuclides are those in a metastable state or those
which decay by 100% electron capture. The physical half-life should be similar
to the length of the investigation being carried out. The radionuclide should be
obtained in a pure state, in particular it should not be contaminated with other
unstable nuclides. The most popular method of production is from a
radionuclide generator which contains the ’parent' of the required radionuclide
attached to an ion exchange column. As the parent decays the amount of
'daughter' builds up, this is then eluted from the column by passing a liquid
(such as saline) through it. The parent should remain trapped on the column
during this process. A generator housing a long-lived parent (ie ^^Mo,
67 hours) allows short-lived isotopes (ie

-

T 1 / 2 = 6 hours) to be available

at all times, the lifetime of the generator being determined by the parent rather
than the daughter half-life. Other radionuclides are obtained from the
bombardment of targets by high energy charged particles (from cyclotrons) or
neutrons (from nuclear reactors). These radionuclides generally suffer from
impurities and the emission of particulate radiation in their decay.
Labelling of the radionuclide to the required pharmaceutical should be such that
the bond is efficient (ie a large fraction of the radionuclide becomes bound) and
stable (ie the radionuclide does not become detached whilst in the body). Also it
11

is important that the labelled and unlabelled materials are treated by the body in
the same way.
1.1.3 Interaction of Photons with Matter.
Photons passing through matter interact with it, the extent and the processes by
which this occurs depend on the photon energy and the material. The
interactions which can occur are the photoelectric effect, Compton scatter, pair
production, and a group of interactions which can be described collectively as
coherent scattering.
A brief description of the interactions is given below, they are described in more
detail in chapter 3 along with details of the methods used to simulate them.
a) Photoelectric Effect.
In this interaction the gamma ray is totally absorbed and an electron ejected from
the atom with which the interaction occurs. The process most often involves an
electron from one of the inner shells. Subsequently characteristic X-rays are
emitted as the atom returns to the non-excited state. The mass attenuation
coefficient for this interaction is highly dependent on the atomic number (Z) of
the material and the photon energy, and is approximately proportional to
z3or4/E3

[g

the most important interaction in the collimator for the photon

energies used in most radionuclide studies.
The photoelectric effect reduces the number of photons reaching the detector,
but for most studies does not add unwanted photons, the characteristic X-rays
produced being well below the lower window level used for most isotopes
(201t i is an important exception).

b) Compton Scattering.
This interaction occurs between a photon and an electron, which, in classical
theory, is considered to be free (ie not bound to an atom). The photon's
direction is altered (scattered) and its energy is reduced. The difference between
the incident and scattered photon energies is imparted to the electron in the form
of kinetic energy. The energy of the scattered photon depends on the angle of
scatter, it has an energy very near to that of the incident photon if the scattering
angle is small and has reducing energy as the scattering angle increases up to
180 degrees (back-scatter). The mass attenuation coefficient is independent of Z
and decreases slowly with energy. Compton scattering is the most important
12

interaction in soft tissue at the energies normally used in radionuclide imaging.
It results in decreased image quality as the scattered photons (which approach
the detector from a direction inconsistent with the location of the radionuclide
and the assumption of straight line paths) are detected. This results in
mispositioning of the radionuclide source in the image and reduced image
contrast.
c) Pair Production.
In this interaction the gamma ray energy is used to form an electron-positron
pair. At least 1.022MeV (the rest mass of the two particles) is required for the
interaction to be possible, any residual energy appears as kinetic energy of the
two particles. The mass attenuation coefficient for this interaction is
proportional to the square of the atomic number (Z), and pair production is the
only interaction whose probability increases with increasing photon energy
(approximately as the logarithm of the energy). The interaction is of little
importance in conventional nuclear medicine as the photon energies are below
the 1.022 MeV threshold.
d) Coherent Scattering.
This term is used to describe a range of interactions which have the same overall
effect on the incident photon, which is to alter its direction but leave its energy
unchanged. It is thus impossible to distinguish scattered from unscattered
photons on the basis of energy, and coherently scattered photons therefore
degrade an image in the same way as Compton scattered photons. However, the
interaction probability for coherent scatter is low, and the most probable
scattering angles are small (the true to measured displacements in the image are
therefore also small).
1.1.4 The Scintillation Detector.
This type of detector works on the principle that in some materials, called
scintillators, a fraction of the energy absorbed from incident photons is turned
into visible light Light production is a two-stage process, photons are absorbed
in the scintillator and liberate fast moving electrons, which then produce light as
they slow down. The fraction of the energy which is turned into light is a
function of the material and is called the fluorescence yield. Sodium iodide
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containing a trace amount of thallium impurity (NaI(TI)) has a high fluorescence
yield which is approximately proportional to the energy absorbed from the
photon. These two properties, along with reasonably high atomic number and
density (leading to good absorption of the incident photons) are responsible for
NaI(Tl) becoming the most widely used scintillator in radionuclide studies. For
any scintillator it is necessary to exclude ambient light (which is of far greater
intensity than that produced by the scintillator itself) and, in the case of Nal(Tl),
it is also necessary to exclude air as the crystal is hygroscopic. Absorption of
water vapour causes the crystal to turn yellow and hence absorb most of the
light produced - an unwanted characteristic. Nal(Tl) crystals are therefore
generally encased in thin aluminium (so as to affect the passage of incident
photons into the detector as little as possible) on all sides but one. On this last
face, from which the light emerges, the crystal is covered with a quartz or glass
'window*. This window is hermetically sealed to the aluminium casing.
The low light level emerging from the crystal is detected, converted and
amplified by a photomultiplier tube (PMT). The functioning of the tube can be
considered a two-stage process. The incident light photons liberate electrons
from a photosensitive material coated on the inside of the front surface of the
tube. The number of electrons liberated is proportional to the amount of incident
light and hence to the energy absorbed from the photon by the crystal. A very
small number of electrons (a few hundred) are liberated, this number is linearly
amplified by the rest of the PMT. Amplification is produced by successively
accelerating the electrons between metal plates (dynodes), during each step the
electrons gain sufficient kinetic energy to liberate further electrons from the
dynode to which they travel. In all there are typically 12 or 14 dynodes and
large amplification factors can be achieved. The mean free path of the electrons
in the PMT must be large enough to allow them to gain sufficient kinetic energy
to produce amplification, this is achieved by evacuating the PMT of air.
Acceleration is produced by the dynodes being held at successively more
positive potential. The potential difference between the point of initial liberation
of the electrons (the photocathode) and the final collection point (the anode) is
generally between 700 and 2CKX) volts. The amplification factor of the tube (and
hence the size of the output signal for a given input) is critically dependent on
the high voltage, significant changes being produced by a change of a few volt
to the accelerating potential.
The size (number of electrons) of the signal from the anode is proportional to
14

the energy absorbed by the crystal. The electron pulse is processed by a charge
sensitive amplifier attached to the anode, producing a voltage pulse whose
magnitude is proportional to the amount of light irradiating the photocathode.
Energy analysis requires the size of the voltage pulses to be determined, this
process is termed pulse height analysis. Generally, rather than determine the
actual pulse height, it is compared to two set levels. The pulses are accepted if
they lie between these two levels, which correspond to the maximum and
minimum photon energies required for detection. This process is carried out in a
single channel analyser, the acceptable range of photon energies is generally
referred to as the energy window.
The single channel analyser produces an output pulse for each photon falling
within the energy window, these pulses can then be counted over a fixed period
of time and the system calibrated such that count rate can be used to infer the
activity present in the sample under analysis.
1.1.5 The Anger Gamma Camera.
This device, introduced by Anger in the 1960's (Anger, 1964), has become the
standard instrument used for radionuclide imaging. It has been substantially
improved and modified since its introduction, but still relies on the same basic
principle. The Anger camera is constructed of a single crystal of Nal(Tl),
typically 50cm in diameter and 1cm thick. These dimensions depend on the
object to be investigated and the energy of the photons to be imaged. The crystal
is viewed by an array of close-packed (normally hexagonal) photomultiplier
tubes. This array of tubes provides information regarding the photon energy (as
for a conventional scintillation detector) and also position, using a 'centre of
mass' calculation where the masses are replaced in the calculation by the output
of the photomultiplier tubes. This calculation is performed in two dimensions to
obtain an estimate of the interaction position in the crystal. Until recently the
energy and position signals were obtained by analogue electronics, however
there has been a move towards the situation where the signals from each
photomultiplier tube will be digitised independently and all subsequent
processing performed digitally.
To obtain a known mapping of areas containing activity in the object onto the
gamma camera surface, a collimator is placed in front of the Nal(Tl) crystal.
The purpose of this collimator is to limit the directions from which photons are
allowed to reach the detector. Collimators consist of a sheet of high atomic
15

number material (usually lead) in which there is an array of holes through which
the photons may pass. Collimators can be made by drilling holes in a solid
sheet, casting the collimator complete or producing it from thin sheet bent to
form the hole pattern. The latter two are the normal methods of production. The
most commonly used collimator has parallel holes which limit the accepted
photons to (ideally) those travelling perpendicular to the camera face. In
practice, to detect a sufficient number of photons, the collimator is designed to
allow a small range of directions around this ideal value. The performance of a
gamma camera system can be modified to suit a range of different applications
by changing the collimator attached to it.
The intrinsic performance of an Anger gamma camera is generally quite poor,
resulting from non-uniformity of response over its surface. There are non
uniformities in energy response (ie a given energy photon 'appears' to change
in energy as a function of the position at which it is incident on the camera face)
and in sensitivity. These effects result in the image of a straight line of activity
appearing bent and the image of a uniform source of activity appearing nonuniform. The recent, significant, improvement in gamma camera performance
has largely resulted from correction of these two errors. This has become
possible due to the minification of electronic components and an increase in
computing power. In modern gamma camera systems the 'raw' energy and
position signals are corrected 'on-line' to eliminate effects of energy and
positional distortions. These are generally referred to as energy and linearity
corrections.
1.1.6 Planar Imaging.
This is the standard technique used in radionuclide imaging and involves the
formation of a two dimensional representation of a three dimensional source of
activity. The image represents a planar projection of the object, all information
regarding the depth of the source in the object is lost. In addition, the contrast in
the image is generally degraded due to the superposition of over- and under
lying tissues.
1.1.7 Tomographic Imaging.
Following the successful development of transmission tomographic systems in
the early 1970s (Hounsfield, 1973), renewed interest was shown in the
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equivalent radioisotope technique first described by Kuhl in 1963 (Kuhl and
Edwards , 1963). With tomographic techniques a true three dimensional image
of the source distribution is obtained, although, due to difficulty in developing a
suitable viewing system, this data is normally visualised as a series of abutting
two dimensional 'slices' through the distribution.These planes can be taken at
any angle through the distribution. Figure 1.1 shows the orientations of the
three standard tomographic planes, namely transverse, sagittal and coronal
(frontal).
Tomographic techniques require data to be obtained from a series of different
angles around the object under investigation, this raw data then being
manipulated in a reconstruction process to form tomographic images through
the source distribution.
For accurate image reconstruction data must be collected from at least 180
degrees around the object (instruments achieving this sampling are termed 'full
angle' devices), although to attempt to limit the effects of photon attenuation
within the source, views are usually obtained from a full 360 degree arc, data
from opposing views being combined (either as arithmetic or geometric means)
to form the projection data for the reconstruction process. It is, however,
possible to produce images from systems, termed limited angle' devices,
which do not satisfy the criterion of data collection from a 180 degree arc.
Reconstruction of images from projections was first investigated by Radon ,
who developed a general method, called the Radon transform, for image
reconstruction. Single photon emission computed tomography (SPECT)
systems generally employ a modification of simple back projection (called
filtered back projection) for image reconstruction although iterative techniques
are also used.
Simple back-projection can be envisaged as a projection onto the image plane of
the count density recorded during acquisition. The direction of the back
projection is identical to that from which the data were acquired. This process is
carried out for each of the projections. The method leads to 'star artefacts'
appearing around areas of high uptake.These artefacts can be removed by
filtering the projections prior to back-projection, for speed these manipulations
are performed in frequency space. In noise-free data this filter is a 'ramp',
whose size increases linearly with increasing spatial frequency. With noisy data
this leads to amplification of the high frequency components of the noise, this
must be suppressed by a smoothing filter, the 'roll-off of which determines the
17

resolution and noise in the final image. Alternatively the projection data can be
smoothed before reconstruction.

t

Anterior
— Tr a n s v e r s e
Sagittal

Superior
Coronal

Posterior

I
Figure 1.1: Orientation of the three main tomographic planes.

1.2 The Need for Tomographic Data.
Although radioisotope techniques have been in routine clinical use since the mid
1900's (Kety, 1949), they have yet to realise their full potential. The most
exciting prospect for radioisotope studies lies in the inference of physiological
function from the absolute quantification of tracer uptake in various parts of the
body, together with mathematical modelling of the process under investigation.
At the present time there are very few tests which utilise such measurements,
diagnosis usually being obtained either by the visual inspection of images for
areas with differing uptake from surrounding or equivalent tissue, the time
course of a tracer within an area of the body, or the response of a detector to
samples taken from the body compared to its' response to a 'standard'
representing a known fraction of the activity administered to the patient
18

The main reason for the lack of development of techniques utilising true
quantification of tracer uptake has been the inability to produce reliable methods
to measure the activity present in a human independent of its location in, and the
size and shape of, the body. Only by comparison of a detector's response to a
'phantom' (containing a known activity of tracer), accurately mimicking the
source distribution under investigation, to that obtained from the patient, has it
been possible to measure uptake values in-vivo. Such phantoms can only be
easily produced for a very limited number of source distributions and hence
investigations. The major problem preventing the development of a generalised
technique is the fact that gamma rays interact with the body tissues on their way
to the radiation detector and hence its response is dependent on the depth of the
source in the body. Further complications arise in that the body is an
inhomogeneous medium and that the gamma ray energy is reduced due to
inelastic scattering, these phenomena result in varying interaction cross sections
being encountered as the gamma ray travels through the body. Planar imaging
with a gamma camera yields no information about the depth of a source,
without this it is impossible to make a correction to the response to account for
photon attenuation and scattering. Attempts have been made to overcome this
problem by taking a lateral image to measure the depth of body organs
(Hawkins et al, 1980), or by collecting two opposing images and producing a
composite image by taking their geometric mean, this image being less sensitive
to depth changes (Jasczak et al, 1977). Another possibility may be the use of
two different radioisotopes (emitting gamma rays of different energy) labelled to
tracers following the same physiological pathway and determining the depth of
the source from the relative response at the two energies. Although these
techniques have been successful in certain special circumstances they do not
represent a general solution to the problem.
The advantage of tomographic data is that it yields the true position of objects
and correction for photon attenuation and scatter becomes a possibility. Other
advantages lie in the more accurate visualisation of the position of organs, the
elimination of background and increased contrast between regions of differing
activity. The gain in contrast is illustrated in Figure 1.2 which shows planar and
tomographic images of a 2cm diameter cylinder filled with ^ ^ T c placed at the
centre of a 20cm diameter cylinder filled with ^^"^Tc at a higher concentration.
The ratio of specific activity (measured from samples placed in a well
scintillation counter) was 5.1 to 1 There are, however, many problems to be
considered in the development of tomographic imaging systems, these are
described in section 4 of this chapter.
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True Ratio=5.1. Planar Ratio= 1.34.

Tomographic Ratio=3.9

Figure 1.2: Relative contrast produced by tomographic (top) and planar
(bottom) imaging of a cylindrical contrast phantom.
Tomographic systems presently available may be divided into two distinct
groups; those which measure gamma rays unrelated to one another (produced
by the decay of 'single photon' emitters) and those which measure related
photons originating either from the annihilation of a positron/electron pair
('positron' emitters) or from the decay of a radionuclide producing a cascade of
gamma rays. This thesis is concerned solely with the development of single
photon tomographic systems (SPECT), although appropriate references will be
made to positron systems.
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1.3 SPECT Systems.
Over the last decade, despite the many superior qualities of positron systems
(Budinger et al, 1977; Phelps , 1977), a large number of SPECT machines
have been developed, this is almost entirely due to the difficulty and expense of
obtaining suitable pharmaceuticals labelled with positron emitting radionuclides.
This section describes the systems which have been developed to acquire
tomographic data.

1.3.1 Limited Angle (Longitudinal) Systems.
These systems obtain data from an angle limited to that subtended at the object
by, at most, a large field of view (LFOV) gamma camera. This reduced
sampling imposes serious limitations on these systems, the most important
being the inability to obtain constant sensitivity and resolution throughout the
images, preventing accurate quantification of the activity distribution in the
object. The development of more sophisticated reconstruction algorithms has,
and most likely will continue, to reduce these limitations, but it is most unlikely
that they will ever be fully overcome. Other problems include a limited field of
view (which may alter with distance from the detector) and difficulty in
positioning the object within it. However, the attraction of these systems lies in
their ability to produce tomographic data at low cost, most requiring only a
special collimator and reconstruction software as an ’add on’ to an existing
gamma camera/computer system.
These instruments are often described as longitudinal tomographic devices due
to the fact that their tomographic planes are parallel to the face of the gamma
camera (Fig 1.3). In many ways these methods are analogous to conventional
X-ray tomography, simply blurring out unwanted planes, the difference being
that views are normally obtained with the object and detector static rather than
with a moving tube and film. Likewise, the comparison of results from limited
and full angle emission tomographic systems is much the same as that between
conventional and X-ray computed tomography.
A brief review of some of the limited angle systems is given below.
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Figure 1.3: Orientation of tomographic planes from longitudinal systems.

a) Seven Pinhole Collimation.
In these devices, first described by Vogel and Kirch (Vogel et al, 1978; LeFree
et al, 1981), the object is viewed simultaneously from seven angles by fitting a
collimator containing seven pinholes to a standard large field of view gamma
camera, each hole projecting an image onto a separate part of the camera crystal
(Fig 1.4). Reconstruction is simply a process of superimposing the seven
images, the offset applied to each in this process determining the depth at which
the slice is being taken. At this depth the information from each image
reinforces, whereas for other depths it is blurred out, hence with different
offsets a series of tomographic slices can be obtained. The pinhole device
suffers from crosstalk between planes, varying magnification and slice
thickness with depth as well as a very small field of view (maximum
approximately 14cm). The latter constraint has limited the use of the seven
pinhole collimator almost solely to work involving the heart and in particular to
myocardial imaging with thallium.
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Figure 1.4: Seven pinhole collimation system.

b) Slant Hole Collimation.
Historically this instrument predates the seven pinhole device, having first been
introduced by Muehllehner in 1971 (Muehllehner 1971). In many ways it is
similar to the pinhole system, consisting of a collimator with parallel, but
slanted, holes (typically inclined at 25 or 30 degrees to the vertical) fitted to a
standard gamma camera. Data are obtained from different angles by rotating the
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collimator on the camera either continuously or in steps. Depth information is
again obtained by offsetting the views with respect to each other. As the angle
of inclination of the holes is increased so the depth resolution improves (and
hence inter slice crosstalk is reduced) but the field of view decreases, and so a
compromise between these effects must be reached. Modifications to the system
have been proposed, for instance by forming the collimator in four quarters
(Goodwin, 1980) with the slope of the holes in each quarter pointing in
different directions, hence limiting the number of times the collimator must be
rotated to obtain the required number of views. Such a change does not
effectively alter the system's intrinsic properties, only the way and ease with
which it can be used. Due to conceptual similarities, the rotating slant hole
collimator suffers from many of the same disadvantages as the seven pinhole
device, although the magnification and field of view problems are, to a large
extent, eliminated, and resolution is more constant with depth (although there is
still some degradation as the distance from the coUimator increases).
c) Coded Aperture Systems.
These systems, first described by Barrett (Barrett, 1972) again involve the use
of a special collimator (or collimators) in conjunction with a standard gamma
camera. Barrett's system involved the use of a Fresnel zone plate forming a
coded image which was interpreted by shining laser light through the image
film, hence avoiding the complicated reconstruction techniques which would
have been lengthy with the computer technology available at the time. Other
coding plates have been proposed, as has the use of a series of plates (Renaud
et al, 1979), and twin plates , one with randomly spaced pinholes which is
moved with respect to the second plate containing a regular pattern of pinholes,
an image being taken at each position (Koral et al, 1975, 1979). This latter
system is an example of the method known as time coded aperture.
The systems still suffer from the problems associated with all limited angle
devices, although with complicated coding the large number of effective angles
which are sampled can reduce these effects, forming more reliable images than
the seven pinhole and slant hole collimators. However, the complicated nature
of the information which is collected is reflected in the involved and
comparatively time consuming reconstruction algorithms which are required to
decode the image (Budinger and McDonald, 1974a).
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1.3.2 Full Angle (Transverse) Systems.
These systems collect data from an arc of at least 180 degrees around the object
and subsequently reconstruct images in a plane perpendicular to the detector(s).
Within the arc, data are collected at a series of angles, the information at each
angle consisting of a number of line integrals of activity weighted by attenuation
and detector sensitivity, each integral being taken at a different tangential
position, there being a sufficient number to enclose the object. The series of line
integrals at one angle is termed a projection (Fig 1.5).
The various systems available can be divided into those which can only provide
tomographic data (special purpose instruments) and those which can
additionally perform conventional planar imaging (general purpose
instruments). The special purpose instruments may be further subdivided into
those which are based on Anger gamma cameras and those which are not.

P r o je c tio n
Data
D is ta n c e
R e la tiv e
R e sp o n se

Body
O u tlin e

R adioactive S o u rce

Sum Activity along
Thick Lines

Figure 1.5: Definition of a projection for full angle tomographic systems.
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a) Non Anger Camera Based Special Purpose Instruments.
This group of instruments consist of a gantry housing a number of scintillation
probes fitted with lead collimators which move around the object in a set
pattern, the gamma ray trajectory being determined from the position of the
probe at the time of detection and the properties of the collimation system
employed. No information is generally obtained regarding the position within
the probe that the event occurs, although there is one instrument (Lassen et al,
1978) which localises the event in one dimension to allow several transverse
sections to be obtained simultaneously.
The performance of these systems is determined mainly by the number and size
of the probes, the distance of the probes from the object and the collimation
employed. A further distinction between machines can be made from the type of
collimator used, most using parallel or very slightly focusing geometry, whilst
one (Stoddart and Stoddart, 1979) uses sharply focusing collimators to obtain
some depth information in the raw projection data.
Another common feature amongst the majority of these systems is that they
collect data from only one plane (slice) of the object at a time, subsequent slices
being recorded by mechanically moving the object before repeating the scanning
procedure. This feature has lead to the generic term 'single-slice machine' being
used by some authors to describe these systems.
A brief review of special purpose instrumentation is given below.
i) The 'Mark' Systems.
The first of these SPECT systems was developed by Kuhl in 1963 (Kuhl and
Edwards, 1963), and further development led to the Mark IV device (Kuhl et al,
1976), which consists of four banks each of eight detectors fitted with long
focusing collimators. To collect a full set of projections, the machine is rotated
through 360 degrees (in approximately 50 seconds) during data collection,
linear sampling being improved by the detectors in each bank being offset by
one quarter of the detector size from those in the adjacent bank, resulting in
projections being sampled at 32 linear positions.
ii) The Tomogscanner.
This device (Shapiro et al, 1980) was marketed by J&P Engineering in the late
1970s and although in essence similar to the MARK devices it employed only
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two, opposed, detectors. The projection data were obtained by transverse
scanning of the detectors across the object (mimicking a bank of detectors),
followed by rotation of the detectors in 30 steps, each of 6 degrees, to obtain
full angular sampling. A second system was developed using the same principle
but housing six detectors, leading to increased sensitivity over the original
device.
iii) The Aberdeen Section Scanner.
The early version of this instrument (Bowley et al, 1973), developed at
Aberdeen University, was essentially the same as the tomogscanner, later,
improved, versions were similar in operating principle to the Mark IV system of
Kuhl.
iv) The Dynamic Computer Assisted Tomograph (DCAT).
Developed by Lassen and co-workers (Lassen et al, 1978), this device consists
of a gantry housing four banks of sixteen detectors which are able to rotate at
high speed, allowing full angular sampling to be achieved in 5 seconds. The
device has extremely high sensitivity and was developed primarily to study
regional cerebral blood flow via the washout of ^^^Xe from the brain. The size
of the gantry aperture limits its use to brain and skull studies in human adults.
Another noteworthy property of the instrument is the ability, through the use of
special collimation and three photomultiplier tubes viewing each detector
crystal, to obtain three transverse slices through the object simultaneously. A
derivative of the DCAT is marketed by Medimatic A/S in Denmark.
v) The Cleon Scanners.
These systems (Jarritt et al, 1979), marketed by Union Carbide until 1980 are
noteworthy due to their use of short focused collimators. Two systems, one for
head (Cleon 710) and the other for whole body imaging (Cleon 711) were
produced. These instruments were conceptu^y the same, consisting of 12 (10
for the 711) sodium iodide scintillation detectors spaced equally in angle around
the object, which produced (in pairs), projection data by scanning the object in a
raster pattern (Fig 1.6). In the case of the head system six projections were
obtained whilst the whole body version produced ten projections, obtained in
two groups of five, with the gantry rotating through 18 degrees between
acquisition of the two data sets. The raster motion and short focusing
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collimators produced, within a single projection, information about the depth of
sources within the object, this property is unique amongst SPECT systems.
In the literature, idefitical systems are referred to as Harvard section scanners
and recently introduced systems called '810' brain scanners marketed by Novo
Diagnostic, Scan Detectronic and Strichman Medical are, in concept, identical.
The system is currently marketed by Strichman medical under the name Neuro
900. These devices are studied in detail in this thesis, for clarity they are always
referred to as the Strichman 810 or Strichman system except for simulations of
the Cleon 710 collimators or where practical measurements were obtained on
the Cleon 710 when it is referred to as such.

Figure 1.6: Scanning pattern of the Strichman device.
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vi) ASPECT/CeraspecL
This instrument, originally introduced as the ASPECT (Genna, 1988) is
noteworthy in that it involves no motion of the scintillation detector assembly. It
consists of an annular scintillation crystal viewed by an array of photomultiplier
tubes, positioning being achieved as in a conventional Anger gamma camera.
The system is thus capable of acquiring data from all angles around the object
simultaneously, and hence theoretically no detector motion is required. High
sensitivity is also achieved due to the high geometrical efficiency. In fact the
circular aperture of the camera is fitted with an array of parallel hole collimators
(Zimmerman et al, 1992), which rotate during acquisition to allow full angular
sampling of the detector to be obtained. In 1991 the system was renamed the
Ceraspect due to legal complications.

b) General Purpose Instruments.
These systems are based on conventional Anger gamma cameras mounted on
special gantries allowing them to rotate around the object. The gantry is,
however, constructed in such a way as to allow conventional planar imaging to
take place. For tomographic data collection the camera head is positioned so that
the crystal plane is perpendicular to the plane of rotation, data then being
collected at a series of rotation angles (typically 64 to 150 positions for a 360
degree acquisition). Data is digitised into a matrix (normally 64*64 or 128*128
depending on the resolution in the planar data) for computer storage and
manipulation, pixels across the camera being used to form the lines in the
projection data, whilst each such row of pixels represents a different level
(slice) in the object. These systems are therefore able to collect data from many
slices simultaneously and are often termed area or multi-slice machines. The
data collection process is illustrated in Figure 1.7. It is sufficient to collect data
from 180 degrees around the object and this method is often employed to image
organs which are small and near the surface of the body (Ott et al, 1983),
however, 360 degree rotation is normally used for larger and deeper objects to
attempt to compensate for photon attenuation and scatter within the source.
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Figure 1.7: Data collection procedure for rotating gamma camera devices.

The devices date from the 1970s when, due to the unavailability of rotating
gantries, the detector was held stationary and the object rotated in front of it
(Muehllehner, 1971). The first rotating systems were produced in house' at
specialist centres (Keyes et al, 1977) and it was not until the introduction of the
International General Electric 400T gamma camera in 1980 that systems became
commercially available. Since that date all of the main gamma camera
manufacturers have produced tomographic systems, normally as an 'add on
extra' to planar devices. The only conceptual differences between the various
systems lie in the movement of the camera during data collection and the
number of heads employed. The standard acquisition procedure is to move the
camera stepwise in a circular motion, collecting data only with the detector
stationary (the so called 'step and shoot' technique), modifications to this basic
motion include continuous data collection, elliptical orbits of the camera or
moving the source perpendicular to the camera face at each position in the step
and shoot mode to improve resolution. Most systems employ a single head,
although dual-head systems, first produced in specialist centres (Jasczak et al,
1979) are now available from most manufacturers.
In practice a problem arises when using these systems (based on circular
gamma cameras) for imaging the head as the patient's shoulders prevent the
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camera from being placed as close to them as would be ideal, resulting in a loss
of resolution in the planar, and hence reconstructed, data. Two solutions to this
problem were initially proposed, firstly the use of a 'cutoff head' (a camera with
a flat rather than round end) (Larsson et al, 1984) and secondly the use of a
slant hole collimator allowing the camera head to be tipped to avoid the
shoulders whilst still keeping the collimator bores parallel to the rotation plane
(Esser et al, 1984), these concepts are illustrated in Figure 1.8. Of the two, the
cutoff head has gained most popularity due mainly to easier patient/camera
positioning and the added difficulty in producing slant hole collimators to a high
degree of accuracy. The development of rectangular head cameras has
eliminated the need for the cutoff head, the camera being effectively cutoff by
default due to its design. Recently fan beam and cone beam collimators have
been used to alleviate this problem. These collimators preserve resolution at
larger distances from the collimator surface and hence allow a larger radius of
rotation to be used. The same problems are, however, encountered as for the
slant hole collimator.
Since their introduction, image quality from gamma camera based systems has
improved dramatically, mainly due to the introduction of microprocessor based
linearity, uniformity and energy corrections to the raw data supplied by the
camera head and better understanding of the quality control procedures
necessary to ensure that the systems are performing optimally (Jarritt & Ell,
1984).
c) Anger Camera Based Special Purpose Instruments.
Increased sensitivity may be obtained from Anger camera based SPECT
systems by the use of multiple heads. The sensitivity is approximately
proportional to the number heads, although factors such as changes in
collimation between single and multiple head systems must be considered. Once
the number of heads is increased beyond two, the instruments, although
retaining the ability to perform planar imaging, in effect become devices
dedicated to tomographic studies. The increased sensitivity can be used to
decrease imaging time, increase resolution (by use of a filter with a higher cut
off frequency) or reduce the activity administered to the subject. In practice a
compromise is generally made between these three factors (Kouris et al, 1992;
Links, 1993). Several commercial manufacturers now produce triple-head
systems, the first was described by Lim and co-workers in 1984 (Lim et al,
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Figure 1.8 Methods of reducing radius of rotation (r) for gamma cameras:
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Standard camera and collimator
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Cut off head camera.
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Slant hole collimator.
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1984,1986). One four-headed system (Kimura, 1990) is currently available.
The currently available devices can be divided into those which employ small
field of view cameras and are dedicated to brain imaging and those using large
field of view cameras for whole body studies. The small field cameras have the
advantage of being able to be positioned close to the patient with a concomitant
increase in spatial resolution. The larger field of view systems (which allow
SPECT of the body to be performed) are unable to perform these small radius
of rotation acquisitions due to geometrical restraints (the cameras come into
contact with each other). Fan or cone beam collimators are then required to
perform high resolution studies of the brain.
Despite the many technical complications regarding accurate alignment of the
heads and their quality assurance, such systems are now in use in many centres.
The ability to perform fast imaging (10 minute acquisition time) allows baseline
and task data to be obtained from a patient without the need for repositioning
between acquisitions (George et al, 1991).
1.4 System Characterisation and Limitations to Performance.
A SPECT system involves interaction between the data collection device and
image reconstruction process. Tomograms obtained from identical raw
projection data can be significantly altered by changes in reconstruction
technique or the filters used in the process; conversely, small changes in the raw
data (i.e by changing the energy window used during acquisition) can alter the
results obtained with an identical reconstruction technique (Jarritt et al, 1980).
Great care must therefore be exercised in analysing results quoted in the
literature and meaningful comparison between systems can only be made when
all the acquisition and data reconstruction parameters are known.
Parameters which are used to measure performance can be divided into two
categories. The first set, including resolution, slice thickness and sensitivity,
each attempt to assess a single aspect of the machines performance, and
methods for their measurement have, to a large extent, become standardised.
The second set, attempting to evaluate overall performance, are less well
defined and results are far more difficult to compare meaningfully. However,
these methods of assessing overall performance are more likely to reflect how
well instruments will perform in the clinical environment, although many
conclusions can be made from the simpler measurements as long as acquisition
and reconstruction parameters are kept identical to those used clinically.
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1.4.1 Simple Performance Parameters,
a) Spatial Resolution.
Two measurements of spatial resolution are required, the value within a
reconstructed slice (called 'in slice' resolution or often simply just image
resolution) and the value perpendicular to this plane (normally called slice
thickness). Both can be measured using a line source of activity (20cm long and
1mm or less in diameter), placed at the centre of a 20cm diameter water filled
perspex cylinder and orientated such that the line source is parallel to the
imaging plane. The 'in slice' resolution is measured by reconstructing an image
when the line source is coincident with the imaging plane and taking count
profiles across the line source at different radial positions. If a single resolution
value is quoted then it is normally the Full Width at Half Maximum (FWHM)
of this response function, however, it is preferable to also look at the tail of the
distribution, i.e by use of the Full Width at Tenth Maximum (FWTM), as the
curve does not accurately follow any analytical shape and these tails can have a
significant effect on image quality. Values are measured at various radial
positions to determine any 'in slice' variation in image quality. Slice thickness is
defined in the same manner except that the profile is formed by the count at
equivalent positions on the line source in a series of abutting slices, taken either
simultaneously for multi-slice machines or, with single-slice machines,
sequentially as the object is incremented through the imaging plane. More
normally in slice resolution is measured from the count profile across the image
of a line source placed perpendicular to the imaging plane.
The effect of finite resolution is well known and is manifested in objects of
comparable or smaller dimensions than the relevant resolution being 'blurred
out' in the image, appearing larger (high activity areas) or smaller (low activity
areas) than they really are. Also, the object is reconstructed with an apparent
specific activity closer to that of the surrounding tissue than it should be, a
phenomenon first described by Hoffman (Hoffman et al, 1979) in positron
emission tomography, and later reported by several workers using SPECT.
This has come to be known as the 'partial volume effect' appearing at any time
that the object does not fully fill a cube of edge approximately twice the
resolution (FWHM) of the system in the relevant direction.
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b) Energy Resolution.
Energy resolution of the detection system is defined, and measured, in the same
way as for conventional, planar, devices (Elliott et al, 1982) and has a
significant effect on the ratio of scattered to unscattered photons detected by the
system for a given source. This ratio is also changed by the energy
discrimination settings used, and small changes in this parameter can have a
large effect on image quality (Jarritt et al, 1980), much more dramatic than in
planar imaging.
c) Sensitivity.
This parameter is again routinely measured using a 20cm long, 20cm diameter
cylinder, in this case filled with a known specific activity of radionuclide. The
object is then scanned as for a clinical investigation and the sensitivity calculated
using the formula:
Sensitivity = (Counts Recorded)/(Scan Time * Specific Activity)
In the above equation the counts recorded can be that from a single slice, all the
slices obtained or, more correctly, per linear centimetre of the object.
Although it is generally preferable to obtain a high sensitivity to reduce noise
levels in the image, it is important to realise that this may be achieved by
allowing more scattered radiation to be detected (via changes in energy
resolution or energy window), reducing collimator septal thickness or
resolution, or by insufficient shielding around the photomultiplier tubes, none
of which would be expected to improve image quality. Hence sensitivity values
are only really meaningful when the photopeak to non photopeak ratio of
detected photons is known.
The sensitivity of a system effects the number of events which will be detected
from a given investigation and hence the statistical accuracy of the results
obtained. It is well known in conventional imaging that the 67% confidence
limit lies N„ counts either side of a pixel count N^, where:

However, the result for tomographic images is somewhat worse, having been
studied in depth by Huesman (Huesman, 1975), equivalent results have been
35

quoted by Budinger (Budinger and Gullberg, 1974b). In this case the fractional
standard deviation is given by the formula:
N„ = k*p3/4*N-l/2

Where:

k is a constant (typically between 1 and 3) depending on the
reconstruction algorithm.
p is the number of resolution elements covering the object.
N is the number of counts in the object.

It has been stated (Todd-Pokropek and Jarritt, 1982) that k is almost
independent of the reconstruction technique employed, perhaps varying at most
by a factor of 2 or 3. However, the effect of such a change is equivalent to that
produced by a nine fold increase in pixel count, and when viewed in terms of
the cost involved in doubling the sensitivity of a gamma camera system by the
addition of a second head, the reduction of k by use of a different reconstruction
technique such as maximum entropy (Gull and Daniel, 1978; Kemp, 1980)
should be considered.

1.4.2 Overall Performance Parameters,
a) Contrast resolution.
This parameter measures the ability of a system to visualise objects containing
areas of different specific activity and to reconstruct them with the correct
relative intensity. This should be tested for a range of different sized objects and
contrast ratios, both with higher (hotter) and lower (colder) specific activity than
the surrounding background. These measurements can all be achieved with a
'Phelps' phantom consisting of a series of different sized cylinders placed
within a 20cm diameter cylinder, it being possible to fill each volume separately
with a different concentration of activity (Fig 1.9). A simple evaluation
technique with this phantom is to measure the minimum ratio of activity which
still enables the cylinders to be seen in the image (Ell et al, 1982), although such
methods suffer from the areas of differing specific activity being arranged in a
regular pattern and hence possibly imagined rather than seen. Such an
evaluation method will also favour systems which produce contrast
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enhancement in their images. The more important test which evaluates a
systems ability to achieve absolute quantification is to compare the contrast in
the object with that in the reconstructed image. The contrast of a given area is
defmed in the literature in many ways, the most usual being:
Contrast = MOD {(Area Cnt - Background Cnt)/(Area Cnt + Background Cnt)}
the same number of pixels being used to define the area of interest and the
background.
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Figure 1.9: Contrast resolution phantom, sizes shown in mm.
b) Uniformity.
A further requirement of a tomographic system is that it should respond in
exactly the same way to a given source, irrespective of its position in the field of
view. A standard method of measurement is to determine the spread in pixel
values obtained from a uniform 20cm diameter source of activity. The
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uniformity obtained will depend both on the compensation technique employed
to account for scattered and attenuated photons and also the peak to scatter ratio
in the raw data. Hence it may well occur that although a uniform image can be
obtained from the source described above, a series of identical lines placed at
different positions within the field of view will be reconstructed with greatly
differing intensities (Flower et al, 1979). For a full evaluation of system
uniformity a series of sources with differing activity distribution and scatter
fractions is therefore required.
These images can be analysed in a similar manner to those obtained from a
planar device. Integral uniformity is defined in terms of the maximum and
minimum pixels values in the field of view by the equation:
100 X(Max Pixel - Min Pixel) / (Max Pixel + Min Pixel) %
Differential uniformity is a measure of local changes and is measured by
searching the image for the maximum difference in neighbouring pixels.
Differential uniformity is quoted as this maximum difference divided by the
average of the two pixels and expressed as a percentage.
c) Sizing ability.
Given a knowledge of the image pixel size, the apparent reconstructed size of
any region in the image can be calculated providing that its edge can be defined
in some way (preferably automatically). If this process is repeated for all the
slices on which an object appears then its volume can be measured. This
process was first reported by Kan (Kan and Hopkins, 1979) to measure liver
volume in vivo.

1.5 Artefacts.
In the previous section the ways in which various system parameters limit the
accuracy of the images obtainable with a SPECT device were described. The
situation is in fact somewhat worse than this as there are several other factors
which further deteriorate the image, often in a systematic way. These are
described here under the heading of artefacts, the relative size of these effects
will vary between different systems and investigations. Some of the sources of
such artefacts are described below.
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a) Mechanical stability.
Accurate tomograms can only be reconstructed if the geometrical relationship
between projections is known. In all full angle tomographic devices, the
projections are taken tangentially to a circle (or set of concentric circles) and it is
the centre of this circle (called the centre of rotation) together with the angular
position and centre point of the projection (the position on the camera face from
which the normal to the projection passes through the centre of rotation) which
determines this relationship (Figure 1.10).
Zero Angle
Line
Angle of Projection

Centre of
Rotation
Centre of
Projection

Figure 1.10: Geometrical definition of a rotating gamma camera projection.
Any error in the measurement of these parameters, or misalignment of
projections (i.e if the data are not exactly tangential or are taken at the wrong
angular position) will cause artefacts in the reconstructed image. These artefacts
will in general take no particular form, one exception being the use of the wrong
centre of rotation which leads to hot or cold ring shaped artefacts in the image.
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b) Planar Sensitivity.
Variations in the sensitivity of a tomographic device will lead to inaccuracies in
the projection data and hence to errors in the reconstructed image. In the case of
rotating gamma cameras these errors are correlated and give rise to circular
artefacts in the tomograms. They are more important the larger the object, the
nearer the non uniformity to the centre point of the projection, the sharper the
area of non uniformity (i.e poorer differential uniformity) and the greater the
magnitude of the non uniformity. In the case of multi-detector systems the
artefact is less correlated, and hence less visible, but no less important. Indeed,
in clinical use it may be argued that artefacts which can be recognised as such
can be ignored whilst unrecognised ones may be wrongly interpreted as clinical
abnormalities. Additional errors arise if different projections have different
sensitivities, either as a result of differences between detectors in a multi
detector system or because of changes of response with position in an area
detector device (Rogers et al, 1982). Also decay or metabolism of the
radiopharmaceutical will mean that different projections are viewing different
true source distributions, again leading to data inconsistency.
c) Incomplete Sampling.
The need to sample data from at least 180 degrees around an object was
discussed earlier. There are, however, further requirements of the projection
data which must be met. Firstly, the whole of the object must be contained
within every projection and within the projection sampling should take place at a
minimum of twice the highest spatial frequency required in the reconstructed
image, consistent with the Nyquist sampling theory. This theory may be used to
determine an approximate expression for the angle (0) between projections:
SIN(0) = D/2R where: D is the resolution in the image.
R is the radius of the object.

d) Inconsistent Data.
The major cause of inconsistent data is object movement. Clinically this may be
caused by patient movement as a whole or by movement, for instance due to
respiration, of organs within the patient. The net effect is to reduce the
resolution obtainable in the tomograph by an amount comparable to the size of
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the movement involved. It is sometimes possible to eliminate the effects of nonrandom motion (ie due to respiration or heart beat) by the use of physiological
gating.
e) Gamma Ray Attenuation.
This causes sources of activity near the centre of an object to be detected with a
lower sensitivity than those near the edge, producing tomograms with a dish
shaped count profile. The magnitude of this effect will depend on the size,
shape and constituents of the object, and whilst it may be possible to interpret
clinical results without correction for attenuation, it presents a major problem if
count density in the image is to be used to infer the specific activity at the
corresponding point in the object

1.6 Clinical Utility.
There are a vast number of often conflicting reports in the literature concerning
the utility of SPECT in the investigation of various clinical problems. This is
particularly true of the work performed in the early 1980's. Great care must be
exercised in the analysis of these reports due to the wide range of instruments
used, the variations to be found in identical devices set up in the same way, and
the complex quality control procedures required to ensure that the systems
function at their maximum capability (Jarritt and Ell, 1984). Indeed, it is likely
that many reports are based on systems which are both poor and also poorly set
up, this being especially true for data obtained from early rotating gamma
systems when the problems involved with data collection were not well
understood and correction procedures non existent. Problems were further
compoimded by the necessity to use different manufacturers for the cameras and
computer systems, often leading to compatibility problems. These difficulties
help to explain why SPECT has taken a long time to become accepted as a
routine clinical tool and it is still often only used when problems are
encountered with planar techniques. Since the late 1980's improvements in
camera design, in particular the on-line correction of distortions in linearity and
energy response have greatly improved the quality of SPECT data. However,
only when the unique potential of SPECT (i.e. to accurately size various areas
and volumes and to measure the amount of radioactivity within a given region)
is realised will the use of the technique become more widespread. Volume
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measurements have been shown to be possible in the liver (Kan and Hopkins,
1979), lung (Macey and Marshall, 1982), brain (Kuhl et al, 1978), heart
(Keyes et al, 1978) and thyroid (Shapiro et al, 1980) although with little clinical
impact
The lack of sensitivity and the time required to move the detector(s) to obtain
full angular sampling precludes the use of most SPECT machines for fast
dynamic studies, exceptions being the Tomomatic and ASPECT systems
described in section 1.3. A brief review of areas where SPECT has been
utilised is given below.
a) The Heart.
Most work has involved the study of myocardial perfusion and metabolism
through the use of ^Oljj and

labelled fatty acids. Recently ECO gating has

become available to enable gated blood pool data to be obtained and ^^™TcMIBI (Mittal et al, 1990), a thallium analogue, has been introduced. Limited
angle tomographic systems have been particularly popular for cardiac studies
due to the smallness and proximity of the heart to the anterior surface of the
body. In the case of rotating gamma camera systems data collection is usually
carried out only through a 180 degree arc, again due to the proximity of the
heart to the anterior surface of the body (Coleman et al, 1982). The transverse
image data is generally reorientated to form tomograms parallel and
perpendicular to the long axis of the heart, making clinical interpretation easier
(Pennell et al, 1991).
b) The Liver.
Full angle SPECT has been applied to the visualisation of space occupying
disease in the liver with good results compared to planar radionuclide imaging
and transmission CT (Khan et al, 1981a). Uptake measurements in patients
with chronic liver disease have indicated the possibility, even with only crude
attenuation correction, of differential diagnosis unavailable with conventional
imaging (Grime et al, 1983).

c) The Lungs.
Diagnosis of pulmonary embolism is dependent on the comparison of
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ventilation (with 81mj^ or

gas) with perfusion images (obtained using

9901^0 labelled macroaggregates). Consideration of radiation dose to the patient
precludes the use of ^^^Xe for SPECT ventilation studies, limiting the
applicability of the technique. In comparison of SPECT and planar perfusion
imaging, little gain has been shown with the tomographic technique, although
slightly better visualisation and localisation has been reported (Khan & Ell,
1981b). 99mjç labelled aerosols and technegas (99mxc attached to small carbon
particles) have been used in planar lung imaging but have not been utilised to
obtain SPECT data. Improved diagnostic accuracy has been reported from a
study utilising *^“ Kr ventilation and ^°^Tc perfusion tomograms along with
the inclusion of a novel attenuation correction procedure allowing accurate
quantification of a ventilation/perfusion ratio (Macey and Marshall, 1982; Tsui
et al, 1989 ; Bailey et al, 1987).
d) The Skeleton.
The low sensitivity of SPECT instruments prevents their use for whole body
skeletal imaging. However, the greater positional accuracy obtainable from
tomograms can be helpful when planar images are unclear, for instance in
helping to decide whether a lesion lies inside or outside the skull. A technique
for the quantification of uptake of ^ ^ T c labelled MDP has been reported with
interesting clinical results (Ell et al, 1980), this method is described in more
detail in chapter 2. SPECT has been used with success in the study of lower
back pain (Buscombe et al, 1990,1991).
e) The Brain.
Space occupying disease has been studied by many groups with both rotating
gamma camera and multi-detector systems. For these investigations a non
lipophilic 99mjç labelled radiopharmaceutical (pertechnetate, gluconate,
glucoheptonate) is used to study the breakdown of the blood-brain barrier.
Many results indicate improved diagnostic accuracy with SPECT, sensitivity
being increased by up to 15% (Ell et al, 1980), there are, however, also
conflicting reports to be found in the literature (Watson et al, 1980).
In 1980 a new area of study developed with the introduction of ^^^I labelled Nisopropyl-p-iodoamphetamine (IMP) and trimethyl hydroxy iodo benzyl
propane diamine (HIPDM) which are able to cross the intact blood brain barrier
and be retained for up to an hour, enabling tomographic studies to be performed
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(Hill et al,1981; EU et al, 1983).The distribution in rats has been reported to be
identical to that obtained from an injection of microspheres, indicating that the
radiopharmaceutical distributes in the brain in proportion to regional blood flow
(Kuhl et al, 1982). However, in man, although clearly related to blood flow the
uptake appears to be effected by other factors (i.e lung function) and so it is
unlikely that rCBF measurement in absolute terms (ml/min/lOOg) will be
possible. In 1984, ^ ^ T c hexa methyl propylene amine oxime (HMPAO) was
introduced as a similar marker of regional cerebral blood flow. Its reduced cost
and avaUability make it more attractive than the ^^^I labeUed compounds, its use
is described more fully in chapter 2. The relatively large signal which can be
obtained from the brain utilising this agent has lead to the introduction of task
studies (Ring et al, 1991). In these studies the patient is first studied at rest,
after which a task is performed (for example reading, listening or finger
movement) and a second injection of ^^*”Tc-HMPAO is administered. The
activation of the brain is determined by the differences between the baseUne and
task data.
Regional cerebral blood flow has also been studied tomographically by the
analysis of ^^^Xe washout from the brain using a multi-detector system
(Tomomatic), promising results having been reported (Lassen et al, 1981).
The study of receptor sites in the brain has recently become feasible with the
introduction of several

labelled tracers. Amongst others, the Dopamine D2

receptors can be studied with IBZM (Verhoeff et al, 1991a), benzodiazepine
receptors with flumazenil (Verhoeff et al, 1991b), serotonin S2 receptors with
ketanserin and the opiate receptors with dipemorphine. A detailed review of the
current state of receptor studies has recently been given by Verhoeff (Verhoeff,
1991c).
The usefulness of SPECT will develop only as suitable radiopharmaceuticals
become available. For example, whilst there may be a small gain to be made
from the accurate quantification of ^^^I-amphetamine uptake in different areas of
the brain, the improvement would have far more impact if the uptake kinetics
allowed regional cerebral blood flow to be quoted accurately in ml/min/lOOg
tissue. Only when such radiopharmaceuticals become available will the true
advantages of SPECT become apparent and the need for an instrument capable
of accurate quantification paramount
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1.7 Aim and Scope of the Thesis.
A tomographic system consists of a data collection device, software or
hardware to correct for known, measurable, errors in the data and a
reconstruction algorithm, often incorporating a method for attenuation
correction. This thesis is concerned with evaluating the constraints imposed by
non perfect data collection hardware on the ability to accurately quantify
radiopharmaceutical distributions in-vivo and to investigate methods of reducing
the errors involved. It is impossible to fully evaluate the improvements which
such modifications may make without development of reconstruction techniques
tailored to the data collection system. Development of such reconstruction
techniques is beyond the scope of this work, however, conclusions are made in
terms of the improvement in the raw data and results obtained utilising existing
reconstruction techniques. Problems which arise in data collection are:
Limited resolution.
Limited sensitivity.
Attenuation and scatter of photons.
Patient movement.
Non stationary detector response.
Positional inaccuracies in the detector.
Movement artefacts are greatly reduced in the case of head scanning due to the
lack of internal motion and the clinical acceptability of strapping the head in
position. Attenuation effects are reduced by the relatively small size of the head,
and correction for scatter and attenuation is further simplified by the source
geometry and composition being largely known and patient independent. For
these reasons, and the great interest currently being shown in the measurement
of regional cerebral blood flow (rCBF) and receptor uptake, this thesis
concentrates on the development of systems for brain and skull imaging.
The effect that limited resolution and noise (due to finite system sensitivity)
have on the accuracy of uptake quantification and how the errors may by
reduced via changes in detector collimation are studied.
The effect of changes in data collection hardware are assessed in terms of
physical performance parameters and two clinical investigations. The
investigations have been chosen to represent the limits of uptake pattern, firstly
a discrete distribution of tracer in the skull and secondly the more uniform
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distribution encountered in rCBF measurement. These investigations are
described more fully in chapter 2 together with the way in which a non perfect
data collection system degrades the results obtained.
To accurately determine the response functions of the various detector
configurations, a Monte Carlo photon transport simulation is developed and
tested in chapter 3.
The simulation is utilised in chapter 4 to predict the response of a series of
different collimators attached to both gamma camera and multi-detector based
tomographic systems and to assess the merits of each. A method of predicting
image quality from a reduced collimator response is developed and tested in
chapter 5. An 'ideal' collimator (i.e one for which there is the lowest error due
to the combination of resolution and statistical inaccuracies) is designed for the
Strichman multi-detector system. This system was chosen for further study as it
is shown in chapter 4 to possess far greater potential than the gamma camera for
accurate quantification of uptake in the head.
Predicted reconstructed images are shown in chapter 5 utilising an existing
reconstruction technique.
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CHAPTER 2

METHODS FOR THE
EVALUATION OF SYSTEM
PERFORMANCE
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2.1 Introduction.
The performance of the systems described later in this thesis will be assessed in
terms of the fundamental parameters of image resolution and sensitivity, but it is
also important for their effect on clinical data to be evaluated. Two clinical
studies have been chosen for this work, representing the limits of uptake pattern
found in brain and skull imaging. The first (the skull uptake test) deals with a
relatively discrete uptake pattern containing regions of sharply varying activity,
whilst the second (the measurement of cerebral blood flow) involves a more
uniform distribution of activity throughout the brain. In this chapter the two
tests are briefly described, and the effect of non perfect detection systems on
both the quality of images obtained and the accuracy of quantitative information
which may be derived are discussed.
2.2 The Skull Uptake Test.
This test was developed at the Middlesex Hospital in 1979 as an addition to
routine bone scanning utilising 550MBq ^^°^Tc labelled phosphonates. Three
tomographic slices of the skull are obtained using the Cleon 710 at 1.25cm
intervals, the lowest being positioned 2.5cm above a line joining the outer
canthus and external auditory meatus. Scanning commences two hours after
injection of the radiopharmaceutical. This time was chosen following
investigation of the uptake in a single skull slice throughout a period of six
hours after injection. The result of this study is shown in Figure 2.1, and
demonstrates that scanning two hours after injection will eliminate any effect of
uptake dynamics on the uptake value obtained.
The uptake in the skull slice is calculated from a simple ratio of the pixel counts
in the slice compared to that obtained from a ring phantom containing a known
concentration of ^^“^Tc. For a simple proportion calculation to produce an
accurate value, the instrument must respond linearly to increasing amounts of
activity, this property has been verified for the Cleon device as shown in Figure
2.2 (Ell et al, 1980).
The accuracy of the overall method was checked by performing the test on
patients prior to brain surgery, skull 'chips' from the operation being
subsequently assayed in a calibrated sodium iodide 'well' counter and the
uptake values compared with those predicted from the tomograms. The results
from this experiment are discussed in Section 2.5.
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A normal range of tracer uptake has been determined from the measurement of
40 normal subjects with normal renal function (glomerular filtration rate in
excess of 110 mls/minute). Figure 2.3 shows the way in which disease cases
are very clearly separated from the normal range (all showing increased uptake),
although differential diagnosis would not appear to be feasible.
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Figure 2.3: In-vivo skull uptake for various diseases compared to the normal
(shaded) range.

At the present time any possible diagnostic role for the test is unclear, but it has
shown that metabolic effects are present in the skull even in disease not
obviously (by conventional bone scanning) involving that part of the skeleton,
and also occasionally in cases where the bone scan is normal. Only by close
follow up of these unusual cases will it be possible to discover whether the
technique offers an extremely sensitive mechanism for the early detection of
bone disease.
Another possible application of the technique is in the evaluation of treatment by
sequential scanning. The results from one such test are shown in Figure 2.4,
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where the uptake values from a patient undergoing therapy with 1,25
dihydroxycholecalciferol for osteomalacia over a period of 34 weeks show a
gradual reduction in uptake towards the normal range.
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Figure 2.4: Progression of skull uptake with treatment for osteomalacia.

A further use of the technique lies in the evaluation of radiopharmaceuticals and
labelling methods. The ability to remove background (soft tissue) activity from
the uptake results allows accurate comparison of radiopharmaceutical
distributions, one such study (Ell, 1981) showed that ^^“'Tc-glucoheptonate
exhibited a 30% increase in tumour : non tumour uptake when compared to
99mjc-pertechnetate in the study of primary neoplasms in the brain. Another
study (Lui, 1984) has investigated the effect on skull uptake of varying the free
: labelled ratio of injected phosphonate. The results shown in Table 2.1 again
illustrate the power of a tomographic technique to yield quantitative data as long
as the system is calibrated in a suitable manner.
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Spedfîc Activity
Skull Uptake
(MBq/mg)
(kBq/ml)
1850
15.4
3700
13.7
7400
12.4
Table 2.1: Uptake of MDP in the skull as a function of specific activity.
2.3 Regional Cerebral Blood Flow.
The first measurement of regional cerebral blood flow (rCBF) utilizing
tomographic imaging with single photon gamma emitters was made using the
washout kinetics of ^^^Xe from the brain (Kanno and Lassen, 1979; Obrist et
al, 1975). Due to the speed of this washout, very sensitive detectors must be
employed (Lassen et al, 1978), resulting in tomograms with poor spatial
resolution.
In 1980 the introduction of amphetamines and similar pharmaceuticals labelled
with

(Winchell et al, 1980a; Kung et al, 1983) appeared to offer an

alternative technique for the measurement of rCBF. The radiopharmaceutical is
removed from the blood during its first pass through the brain, resulting in
regional uptake in exact proportion to blood flow in that part of the brain,
redistribution of tracer occurring only slowly (Winchell et al, 1980b; Kuhl et al,
1982). Infusion of the tracer over a period of a few minutes together with
arterial sampling to measure the input activity concentration would allow blood
flow to be calculated from a knowledge of the total activity accumulated in
different parts of the brain. The regional activity distribution can be calculated
with good accuracy from the tomographic images and a calibration phantom
consisting of a skull filled uniformly with activity (Tang, 1984). However, the
technique is inaccurate due to other organs in the body (i.e the lungs) absorbing
the pharmaceutical, metabolising it and returning it to the circulation in a
different chemical form, resulting in an incorrect input function being measured.
This problem has been overcome by using chromatographic analysis of the
blood samples to determine the fraction of iodine labelled amphetamine present
(Lucignani et al, 1985), however the method is too complex to be carried out on
a routine basis. The tracer has been used with success in the demonstration of
stroke (Ell et al, 1983), although its general applicability is limited by the
expense and lack of availability of ^^^I.
In 1984, interest was renewed in rCBF measurement with the introduction of
9 9 m jç

labelled hexa methyl propylene amine oxime (^^Tc-HMPAO) (Volkert
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et al, 1984) which exhibits brain uptake dependent on blood flow. The ability to
visualise stroke has been demonstrated (Ell et al, 1985) and measurements from
excised dog brain have shown, within limits, the tracer to be a marker of rCBF
(Costa et al, 1987). Figures 2.5 and 2.6 show results of tomographic studies of
the human brain obtained with ^^°^Tc-HMPAO. Figure 2.5 shows a series of
transverse slices of the brain of a normal subject, the uptake being symmetrical
between sides of the brain. The orientation of the images are shown in the
figure. The first two rows of Figure 2.6 show images from a patient suffering
from temporal lobe epilepsy, exhibiting an area of reduced uptake in the right
temporal lobe (arrowed). The bottom two rows of Figure 2.6 illustrate the large
areas of greatly reduced uptake (arrowed) associated with multi-infarct
dementia. A review of the clinical and research applications of ^^Tc-HMPAO
has been given by Costa (Costa, 1990).
The compound is not fully removed from the circulation during its first pass
through the brain and its uptake can be effected by other factors, such as the
transit time of the radiopharmaceutical from the injection site to the brain
(Neirinckx, 1987), rendering true quantification of blood flow (in mls/min/lOOg
tissue) impossible. However, new tracers are likely to be developed in the
future and will only be fully evaluated and accurately utilised by imaging their
distribution with well designed tomographic instrumentation.
2.4 Test Objects and Evaluation Methods.
A series of computer based test objects have been developed to evaluate the way
in which instrument imperfections affect the results obtained from the
investigations described in sections 2.2 and 2.3. The first set, used to
investigate the skull uptake test, consist of a series of different thickness rings
(0.2-2.5 cm) each of 14cm outside diameter which can be uniformly filled with
activity. The second set (Figure 2.7) represent cross sectional slices at three
different levels in the human brain, each containing three regions (grey matter,
white matter, and ventricles) which may be assigned different concentrations of
activity. The results shown later in this chapter are for grey:white:ventricle
values of 4:1:0, representing typical relative blood flow in each region.
These two sets of idealised phantoms are used as the start point from which the
effect of machine imperfections are included and evaluated. The results, in the
case of the skull uptake test, are evaluated simply by the methods used in the
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routine analysis of this data (mean and maximum pixel count in the skull slice),
whilst the blood flow results are evaluated by comparing the greyiwhite matter
uptake with the true value of 4.0. The uptake ratio is calculated both for the

Figure 2.5: ^^"^Tc -HMPAO tomograms of a normal human brain
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Figure 2.6:

-HMPAO tomograms in patients with

Epilepsy (top two rows) and Dementia (bottom two rows).
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entire grey and white matter regions and for the small regions of interest in the
centre of each as shown in Figure 2.7.
All of the objects considered were much longer in the 'between slice direction'
than the resolution of the systems along this axis.

i

Figure 2.7 : The three idealised brain slices showing the regions defined as
being white matter,grey matter and ventricles and also the small ROIs used in
the flow quantification. White matter quantified in the square black ROIs (top
row), grey matter in the white regions (bottom row).
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2.5 Constraints Imposed by Imperfect Detection Systems.
In this section the ways in which various imperfections in the tomographic
detection (and image reconstruction) system degrade the quality of images and
the quantitative data which may be obtained from them are described. Only
unavoidable errors are included, those which may be either eliminated (i.e,
patient movement and incorrect system set up) or accounted for (i.e, non
uniformity of detector response) are ignored.
2.5.1 Resolution.
The effect of the finite resolution of a tomographic imaging system is well
known and is often referred to as the partial volume effect (Hoffman et al,
1979). Discrete sources containing significantly higher specific activity than
their surrounding background (termed hot spots) are always visible in the
tomogram (irrespective of their size), but they never appear to be smaller than
the system resolution. However, their contrast in the reconstructed image is
reduced if their size is less than approximately twice the system resolution. The
apparent size of regions with lower specific activity than the surrounding
background (cold spots) varies with their true size down to about half the
system resolution (the regions being seen with reducing contrast), below this
size the region is no longer visible. These effects are illustrated in Figure 2.8
with results from a Cleon 711 multi-detector whole body imaging device which
has an 'in plane' resolution of 23mm FWHM (Jarritt et al., 1980).
Convolution of the computer generated test objects with a series of two
dimensional Gaussian response functions of different FWHM allows the effect
of finite resolution to be demonstrated and evaluated. The results for one of the
brain slices are shown in Figure 2.9 for resolutions ranging from 0 to 17 mm.
The greyiwhite matter ratios measured for the three brain slices for this range of
system resolution are shown in Table 2.2 for both the whole of each region and
the small regions of interest (ROIs) shown in Figure 2.7. The ideal value,
derived from the true object, for the ratio is 4.0. In Tables 2.2 to 2.5 the term
'AH' refers to the results averaged over the complete white and grey matter areas
depicted in Figure 2.7
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Figure 2.8: Accuracy of sizing hot and cold activity areas with the Cleon 711
Resolution
(cm)

GreyrWhite Matter Flow Ratio
Slice 1
Slice 2
Slice 3
All
All
All
ROI
ROI
ROI
0 .0
4.00
4.00
4.00
4.00
4.00
4.00
0 .4
3.92
4.00
4.00
2.16
2.53
2.55
1.72
3.62
2.12
0 .6
2.13
3.98
3.93
3.97
0 .8
1.46
3.10
3.78
1.85
1.85
1 .2
2.12
1.54
1.52
1.18
3.48
3.80
1 .7
3.12
3.23
1.30
1.03
1.43
1.33
Table 2.2: Grey to white matter flow ratios for a series of system resolutions
measured on three simulated brain slices with a true flow ratio of 4.0
In the case of the skull uptake test a resolution of 9mm, corresponding to that of
the Cleon 710, has been used in the convolution to simulate the effect of
varying ring thickness on the uptake value measured. The results are shown in
Figure 2.10 together with values obtained by actually scanning a series of such
phantoms on the Cleon device.
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Figure 2,9: The effect of system resolution on the appearance of a brain slice.
The resolutions are 0(a), 4(b), 6(c), 10(d), 12(e) and 17(f) mm respectively.
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Figure 2.10: Variation in measured skull uptake at a constant concentration but
with varying ring thickness.

Utilising this data a set of correction factors for the effect of skull thickness can
be derived and used to modify the results obtained from the uptake test. These
values have been used to correct the results obtained for the uptake in bone
'chips' obtained from five patients undergoing brain surgery (see section 2.2),
values before and after correction are shown in Table 2.3, along with the true'
values measured in a sodium iodide well counter. Whilst useful to demonstrate
the importance of the partial volume effect and to verify the accuracy of the
measured values after correction, the technique is not generally applicable as the
skull thickness is normally below that which can be measured from the
tomograms. An independent measurement of skull thickness would be required
to allow the correction to be performed.
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True Uptake (kBq/ml)

Measured Uptake (kBq/ml)
Uncorrected
Corrected
12.6
21.8
14.8
22.2
20.4
31.1
18.5
31.2
28.9
44.4

28.1
29.6
32.6
37.4
45.9

Table 2.3: Skull uptake values measured in-vivo by the Cleon 710 system
before and after correction for skull thickness compared with the 'true' uptake
measured in-vitro in a well counter.

A theoretical expression for the error caused by finite system resolution may be
obtained by assuming a two dimensional Gaussian function for the 'in plane'
system response. In this case the signal produced at the centre of an object of
diameter

\

kH

0

is proportional to:

JRo/2 [{4exp(-r2/2a2)}/{27ra2}]r.dr.d0
0

= l-exp(-RQ^/8c^)
as opposed to the response to an object of infinite size of:
Jtc/2 J oo [{4exp(-r2/2a2)}/{27ca2}]r.dr.d0
0
0

=1

Hence the Fractional Error = exp(-0.66Ro^/Rg^)
Where:

Eq 2.1

R^ is the diameter of the object
Rg is the FWHM of the system resolution (Rg=2.3a)

2.5.2 Noise.
Due to the random nature of radioactive decay there is a statistical uncertainty in
the raw data obtained from an object and hence also in the reconstructed image.
In tomographic imaging the effect of this on the reconstructed image has been
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shown (Huesman, 1975; Budinger and Gullberg, 1974b) to take the general
form:
Fractional standard deviation per resolution element =
Where:

p is the number of resolution elements covering the object.
N is the number of counts in the object.
k is a constant between 1 and 3 dependent on the reconstruction
technique used.

The effect of this statistical error will therefore vary with the size of the region
over which quantification is required, the count density in the image, the size of
the object and the reconstruction technique employed. Figures 2.11 and 2.12
illustrate the impact of root mean square (RMS) noise levels between

5%

and

50% on the appearance of the ring and brain phantoms. Table 2.4 lists the
numerical values obtained, for skull uptake ('true' value of 1) and grey to white
matter flow rate ('true' value of 4.0).

Noise

Skull
Uptake

0

1.00

5

1.19

10
20
50

1.40
1.68
1.99

GreyrWhite Flow Ratio
Slice 1
Slice 2
Slice 3
All
ROI
All
ROI
All
ROI
4.00 4.00
4.00 4.00
4.00 4.00
4.02 4.34
3.99 3.95
3.99 4.00
3.99 4.10
3.89 3.98
3.99 3.81
4.05 3.99
4.02 4.86
3.99 3.92
3.98 2.57
3.97 3.46
4.09 3.94

Table 2.4: Effect of varying levels of noise on the results of the simulated skull
uptake and grey to white matter flow ratio.
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o o.
u.

Figure 2.11: Effect of varying noise levels on the appearance of the ring
phantom. RMS noise levels shown are: 5%(a), 10%(b), 20%(c) and 50% (d).

Figure 2.12: Effect of varying noise levels on the appearance of the brain
phantom. RMS noise levels shown are: 5%(a), 10%(b), 20%(c) and 50%(d)
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An expression for the noise introduced by the random nature of the decay in
terms of the performance parameters of an imaging system and the clinical
procedure undertaken is derived below. The symbols used are as follows:
A

Activity administered (Bq).

C

Area of the object (cm^) in the plane of the slice.

E

System sensitivityiresolution factor (defined in Eq 2.2a below),

k

Reconstruction algorithm noise quotient as described above.

N

Number of events (counts) detected from the object,

p

Number of resolution elements covering the object

Rg

System resolution (cm).

S

System single slice sensitivity (counts/second/Bq/ml) from a
20cm diameter cylinder.

T

Duration of data collection (seconds).

U

Fraction of injected activity taken up by the object of interest.

V

Volume of object of interest (mis).

From Huesman (Huesman, 1975), the fractional standard deviation per
resolution element is:
kN-l/2p3/4

Eq. 2.2

and the number of counts from the object is given by :
N = (SAUTC)/(1007cV)

Assume that:

S = ERg^

then:

Eq.2.2a

N = (ERg2AUTC)/(1007tV)

Also:

p = C/Rg2

Substitution of these values into Equation 2.2 leads to the expression:
Fractional Error

= 10k(ETAUA^7c)-l/2.Cl/4.R^-2.5
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Eq. 2.3

There may also be systematic noise within the tomogram, caused, for instance,
by detector non uniformity in rotating gamma camera systems or by lack of
angular sampling for the multi-detector systems. Such errors cannot be
discussed generally but only in terms of the specific system under investigation.
2.5.3 Attenuation.
As gamma rays travel through tissue they interact with it, the interaction
probability depending on the material and the energy of the gamma rays. The
overall results of these processes are complex but lead to a diminished counting
efficiency with depth into the object and to a general loss of image resolution
due to the inclusion of scattered photons. These effects are intimately related to
the amount of scattered radiation detected, which is dependent on the source
shape and size, the energy resolution of the detector, the energy window used
and the collimator employed.
It is impossible to fully eliminate the effect of attenuation in the data and a
correction is normally applied in the reconstruction algorithm to attempt to
compensate for it. Various methods have been investigated (Moore, 1982,
Ljungberg, 1990b), but at present no general solution to the problem exists.
The main complications are the wide range of gamma ray energies present (due
to Compton scattering within the patient) and the differing materials and
distribution within the body requiring a range of attenuation coefficients to be
employed (Fleming, 1989) rather than the single, average, value used in most
correction techniques. The former problem has been addressed by various
scatter correction techniques (Axelsson et al, 1984; Jaszczak et al, 1984; Floyd
et al, 1985a; Ljungberg, 1990a; Bailey et al, 1987) which attempt to subtract the
contribution of scattered radiation to either the raw or reconstructed data prior to
attenuation correction (which now only need be done for a single photon
energy). In the case of the lungs the problem of the variation of body tissues
has been investigated using an emission/transmission method (Macey and
Marshall, 1982; Bailey et al, 1992), but again no general solution exists. It is
likely that accurate attenuation correction will only be obtained when
incorporated into an iterative technique accounting for the source and tissue
distributions and the response function of the detector, possibly along with
Monte Carlo simulation of the photon transport.
The effect of attenuation on the results obtained from the test objects is shown
in Table 2.5. The attenuation data has been obtained assuming a rotating gamma
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camera system imaging (through 360 degrees) a source of 15cm diameter
consisting of a uniform material with a linear attenuation coefficient of 0.12 per
cm.

Skull
Uptake

Grey:White Flow Ratio
Slice 1

Slice 2

Slice 3

All

ROI

All

ROI

All

ROI

Non Attenuated

1.00

4.00

4.00

4.00

4.00

4.00

4.00

Attenuated

1.00

4.13

4.98

4.35

4.44

4.20

4.60

Table 2.5: The effect of attenuation on the measured skull uptake and grey to
white matter flows.

2.6 Design Parameters for improved SPECT Systems.
The design of a SPECT device is a complicated problem, involving interaction
of the data collection system and image reconstruction algorithm. However, the
main criteria lie, as in all imaging equipment, in a balance between system
sensitivity and resolution. The effect of tomographic resolution, as outlined
above, is well known, and is closely related to the resolution present in the raw
data obtained by the collection system. Although image resolution is affected by
the reconstruction process, it is reasonable to assume that it will never exceed
that present in the raw data. In present gamma camera systems the tomographic
resolution is approximately that obtained in the projection data from the centre
of the object (i.e, the worst resolution in the planar raw data), the same is true
for the short focused collimators on the Strichman device as long as planar
resolution is carefully defined (chapter 4, section 4.4).
The trade-off between resolution and efficiency will affect the size and relative
importance of the errors in quantification produced by the effects of partial
volume and noise described in the previous section. This is illustrated in Figure
2.13 which shows the errors due to partial volume and noise and their total for
an object 1cm in diameter viewed by a typical single-headed gamma camera
whose performance parameters are given later in this section.
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Figure 2.13: Errors due to partial volume and noise.

If an object of interest occupies

resolution elements then the uncertainty due

to noise in this object will be reduced by a factor of

compared to that in

one resolution element. The total error for an object of diameter

is therefore

given by:
Total Error = W = e%p(-0.66R(,2/Rg2) + 10k(ETAUA^it)-l^.Cl'4 R^-2-5.Nr-l/2

But: Nf ~ R(,2/Rs2 and hence
W = exp(-0.66Ro2/Rj2) + l0k(ETAUA^Jt)-l/2.Cl/4.R„-lRs-l-5

The gradient of the graph of total error versus system resolution (Rj) is given by

dW/dRs=( 1.32Ro2/Rg3)exp(.0.66Rq2/Rg2).15k(ETAU/V%)-l/2.Cl/tRo-lR;-2 5

A turning point in the graph of total error versus system resolution exists where:
(1.32Ro2)exp(-0.66Ro2/Rj2)-15k(ETAUAfjc)-l/2.cl/4R aS R^-l = o
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Eq 2.4

Once the values for the constants are known. Equation 2.4 can be used to
calculate Rg at the turning point for any given investigation for which the other
parameters are known. The fact that this represents a minimum in the total error
can be shown by calculating the gradient each side of the turning point (for a
minimum the gradient should change from negative to positive when passing
through the turning point from low values of Rg).
E values for a typical rotating gamma camera system and the Strichman 810 can
be calculated from their standard performance parameters (Jarritt et al, 1980) :
Strichman System

Rg=0.9

8=0.4

Rotating Gamma Camera

Rg=l.l 8=0.03

Hence E=0.49
Hence E=0.025

For a typical rCBF study using 99mTc-HMPAO:
A = 700x106
U = 0.03
V = 1500
C = 150
k = 3
T = 240 (Strichman) and 1800 (Camera)
When substituted into Equation 2.4 these values yield the following equations
for the system resolution, R^ (referred to as the crtical resolution), required for a
minimum total error:
(1.32Ro2)exp(-0.66Ro2/Rc2) - 0.353Rc0 5.RQ-l = 0

(Camera)

(1.32Ro2)exp(-0.66Ro2/Rc^) - 0.216RcO-5.r ^-1 = q (Strichman)
These equations can be solved numerically to yield R^ values for a series of
object sizes for the Strichman (Table 2.6a) and camera (Table 2.6b).
Object
Diam(mm)
10
15
20
30
50

Critical
Res(mm)
5.6
6.8
8.1
10.8
16.1

Error(%) at CR
N oise P.V Total
34.4 12.3 46.7
4.0 21.2
17.2
9.8
1.9 11.7
0.6
4.9
4.3
1.4
0.2
1.6

Present Errors(%)
N oise P.V Total
16.9 44.3 61.2
11.3 16.0 27.3
8.5
3.8 12.3
5.6
0.1
5.7
3.4
0.0
3.5

Table 2.6a: Errors due to noise and partial volume for the present Strichman
device and one with the critical resolutions listed.
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Object
Diam(mm)
10
15
20
30
50

Critical
Res(mm)
6.6
7.4
8.7
11.4
16.7

Error(%) at CR
N oise P.V Total
44.1 21.8 65.9
24.5
6.8 31.3
14.5
3.1 17.6
6.4
1.1
7.5
2.2
0.3
2.5

Present Errors(%)
N oise P .V Total
20.4 58.0 78.4
13.6 29.3 42.9
10.2 11.3 21.5
6.8
0.7
7.5
4.1
0.0
4.1

Table 2.6b: Errors due to noise and partial volume for a current rotating gamma
camera and one with the critical resolutions listed.
These results show the present Strichman system to be significantly under
resolved for quantification of uptake in regions less than approximately 25 mm
in diameter, which represent many important structures in the brain.
Muehllehner (Muehllehner, 1985) reported results supporting this conclusion
which is directly opposed to the initial belief that SPECT was noise limited and
that high sensitivity collimators should be used for data acquisition, this has
subsequently been confirmed by other groups (Mueller et al, 1986). Single
head gamma camera systems are now operating very near to their critical
resolution for objects 2cm in diameter but are under-resolved for smaller
objects. If the analysis were extended to triple-headed gamma camera systems
then these would also be shown to be under-resolved for most structures of
interest in the brain. For the under-resolved systems investigating these small
regions, much larger errors in quantification due to the partial volume effect
than are ideally necessary are produced, and although there is a slight reduction
in the error due to noise, the overall effect is decreased quantification accuracy.
Table 2.6a and b also clearly show that, as may be expected, the resolution of
the instrument should be tailored to the size of region over which quantification
is required and that the Strichman system is, in theory, capable of producing
higher quantification accuracy than the rotating gamma cameras. Clearly the
resolution cannot be tailored with total flexibility by changes in the hardware
(requiring, for instance, a very large collimator set for the different studies), but
this is possible through the reconstruction algorithm. However, although this
method produces flexibility in the resolution of the images, acquiring data at too
high a resolution followed by smoothing in the reconstruction process produces
a degradation of data quality as the system E value has effectively been reduced
by the use of a collimator which attenuates too large a fraction of the incident
photons. Therefore, the resolution should be chosen to be only as good as that
applicable (ie the critical resolution) for the smallest object over which
quantification is required.
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It must be stressed that certain inherent assumptions are present in the above
analysis:
a) Uniform uptake of the tracer throughout the object.
b) That system sensitivity is inversely proportional to resolution.
c) For the calculation of the partial volume effect the object is circular.
d) A zero concentration of activity outside the object of interest for the
partial volume effect
e) Objects are long in the 'between slice' direction.
f) Clinical parameters, uptake etc.
g) Reconstruction algorithm k value.
Changes in uptake and k values have quite a small effect on the critical
resolution predicted by equation 2.5. For 10mm objects on the Strichman
system, the critical resolution varies from 4.5mm to 6.6mm as k changes from
1 to 5. Similarly , a change in uptake from 1% to 50% (with a k value of 3)
reduces the critical resolution from 6.7mm to 4.3mm.
The next two chapters of this thesis are concerned with the prediction of the
resolution versus sensitivity curves for tomographic systems to investigate
whether the above critical resolution values can be attained and if E values can
be increased to further reduce the magnitude of the quantification errors.
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CHAPTERS

THE PREDICTION OF
SYSTEM
RESPONSE FUNCTIONS
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3.1 Factors Influencing Sensitivity and Resolution.
The basis of all present SPECT systems is the thallium activated sodium iodide
scintillation detector. The performance of such a system is determined by its
size, the collimation employed in front of the crystal, the energy of the gamma
photons, the energy resolution of the detector and the energy window
employed. The quality of the information obtained will also depend on the
position and size of the object containing the radioactivity. In the case of gamma
camera based systems the intrinsic resolution of the detector will be important,
whereas for scanning probe systems the equivalent parameter is the accuracy of
detector localisation. Although any of the above parameters may be varied to
improve the SPECT system, most, due to extensive use in planar imaging, have
already been optimised in present day equipment. The major areas for possible
improvement of tomographic devices lie in the coUimation system employed and
the geometry and motion of the detector around the object. The remainder of
this chapter is concerned with the development and verification of a technique
able to predict accurately the performance of both parallel hole and focusing
collimators.
3.2 The Classical Approach to Collimator Design.
The first attempt to predict the response of a collimator from its parameters (hole
size, hole length, septal thickness etc.) was made by Anger, following the
development of the original gamma camera system (Anger, 1964; Anger 1967).
This method is described in most standard texts (Jackson, 1986; Sorensen and
Phelps, 1987) and is a purely geometrical technique which evaluates the field of
view of a single collimator hole having a constant cross section throughout its
length. The resolution is quoted as the linear dimension of this field and the
sensitivity is calculated on the basis of the solid angle subtended by the hole.
Figure 3.1 illustrates the method, the main results obtained are:
Collimator Resolution: R^. = d(l+b)/l
Collimator Sensitivity:
Where: d
1
b
t
k

S = k[(d/l)^d^]/(d^+t^)

Hole diameter.
Hole length.
Distance of the object from the front of the collimator,
Septal thickness.
Is a value (typically 0.3) dependent on the hole shape.
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Crystal P lane

Rc

I

b

Figure 3.1 : The classical approach to collimator design.

The effect of a gamma camera's finite intrinsic resolution (Rj) is accounted for
by com bining it with the collimator resolution (both resolution functions are
assumed to be Gaussian) to produce an overall system resolution (Rg) given by
the formula:

Rs2 = Rc2 + Ri2
There are several weaknesses in this theory:

1. The collimator is treated as a series of independent holes.
2. The method assumes that photons travel in a straight line from source to
detector and hence takes no accoimt of scattering.
3. The resolution value calculated does not represent the FW HM of the
response but (in analogy to optics) the extent o f the penum bra of the
collimator hole.
4. No information relating to the energy spectrum of the radiation reaching the
detector is obtained and so the effects of energy resolution and discrimination
cannot be taken into account.
5. The possibility of photons penetrating the collimator septa is ignored.

The first and third of these limitations may be overcome by the use of more
sophisticated mathematics in the geometrical calculation (Barrett and Swindell,
1981; Beck and Redtung, 1985; Gerber and Miller, 1974), and the fifth has
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been studied (Muehllehner and Luig, 1973), however, the others are intractable
via geometric theory. Compton scattering and the amount of scattered radiation
detected by a tomographic instrument has an important effect on the tomograms
produced (Jarritt et al, 1980) and without this information accurate predictions
of performance characteristics cannot be made.
The simple theory produces resolution results in good agreement with those
measured from gamma cameras fitted with parallel hole collimators when
viewing line sources in air. However, if a scattering medium is introduced
between the source and detector then the system resolution is badly
overestimated (i.e, too small a FWHM is predicted). Results from the formula
and from measurement using a gamma camera fitted with a 4cm long collimator
with a hole diameter of 2.4mm and a septal thickness of 0.33mm are shown in
Figure 3.2.
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Figure 3.2 Classical collimator resolution prediction versus measured values.
Due to the limitations of the classical theory an improved method, which can be
applied to any type of collimator (focusing, diverging etc), accounts for photon
scattering and predicts the energy spectrum of gamma photons reaching the
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detector crystal must be developed before accurate conclusions can be made
about the performance of possible tomographic data collection systems. In
addition, the method should also be able to predict the response of the system to
complicated distributions of radioactivity as well as the more simple point and
line source responses.
3.3 Introduction to Monte Carlo Techniques.
Theoretical mathematics is often able to produce an analytic expression
describing the expected result of an experiment From this expression the effect
of altering certain parameters within the experiment can be quickly predicted
saving the time and expense of setting up a series of practical measurements.
More importantly, it may be possible to predict the results of experiments which
are either impossible to carry out in real life or whose outcome may be harmful.
However, as the experiment becomes more complex the analysis may become
intractable, this being more likely when the outcome of one part of the
experiment is either uncertain or dependent on an earlier result. In such
circumstances Monte Carlo techniques may be applicable, they are particularly
powerful when a degree of randomness is associated with the experiment.
Indeed, the Monte Carlo technique can be described as a probabilistic
calculation utilising probability density functions which characterise the random
process under investigation. The link with theoretical mathematics and
experiment lies in the derivation or measurement of the probability functions
used in the Monte Carlo simulation.
From the above discussion it would appear that Monte Carlo techniques are
ideally suited to the study of the passage of gamma photons through a scattering
material and hence to predict collimator responses. The technique has
previously been used for photon transport (Chan and Doi, 1983), radiation dose
calculations (Webb and Parker, 1978; Webb and Fox, 1979) and the study of
the Anger gamma camera (Devries et al, 1990) with promising results.
A simulation program was therefore developed to allow the investigation of the
performance of both focusing and parallel hole collimators for a wide range of
radioactive source distributions. The computer code was developed on a Data
General S230 Eclipse computer in Fortran and details of its salient features are
described in the next section.

75

3.4 The Monte Carlo Simulation.
The simulation allows any type of collimator to be investigated, overall size,
number of holes, collimator length, collimator focal length and septal thickness
all being input parameters. The only limitation is that the holes must be
rectangular in shape.
Various source distributions may be used including point, line, plane,
cylindrical and spherical sources simulated analytically and other more lifelike
objects (i.e skull and brain) simulated by representing them numerically as a
probability density function for photon emission. Photon energy may be chosen
anywhere within the range 50 keV to 600 keV.
The attenuating medium may consist of any combination of air, lead, water and
cortical bone each of any shape and size but only cubes, cylinders, ellipses and
spheres are treated analytically.
The photon is traced from its origin through the attenuating media until the
detection plane (i.e the crystal) is reached. During the photon transport a record
is kept of photon energy, the number and type of interactions undergone and
how many septal penetrations have occurred, as well as the present position and
direction of motion of the photon which are required (along with the energy) to
continue the tracing process. The process is terminated when either the crystal
plane is reached, the photon energy falls below a chosen preset level, or a
photoelectric event occurs. In the latter two cases a new photon history is
started whilst in the first, before this is done, a record is kept of the position at
which the photon reaches the crystal plane, its energy, the number of each type
of interaction which have occurred during its passage and the number of septa
the photon has penetrated.
At the end of the simulation procedure (i.e after the required number of photon
histories have been traced), the stored data are further processed to take into
account the energy resolution of the detector, the energy window used and, in
the case of the gamma camera, the intrinsic spatial resolution of the detector.
This two part processing allows the effect of certain parameters to be
investigated without the need for further lengthy transport simulations.
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3.4.1 Sampling the Probability Functions.
If we assume that the result of a given experiment must lie between 0 and M and
that the probability of a result y occurring is p(y) then a cumulative probability,
representing the chance of a value less than or equal to X being obtained, can be
defined as P(X) where:
X
P(X) = Jp(y)dy

0
and for normalization purposes:
M

J

P(M) = p(y)dy = 1
0
This function is then sampled by generating a random number, r, setting:
r = P(X)

Eq. 3.1

and solving the above equation for X, the required value from the distribution.
The most efficient way of sampling this distribution is by the inversion
technique whereby Equation 3.1 is rearranged to the form:
X = F(r)
which allows direct determination of X, the value of the observation, from the
random number value. In cases where the inversion is not analytically possible,
iterative methods must be used to solve Equation 3.1.

3.4.2 Random Number Generation.
Much research has been aimed at the formulation of computer algorithms which
are able to produce sequences of 'random' numbers. Such numbers must have
many properties (Raeside, 1976), among them the requirement for uniform
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distribution on the interval 0 to 1, no correlation between numbers, and no
repetition of the sequence. Clearly it is not possible to produce truly random
numbers by computation. The pseudo-random sequences produced satisfy most
of these criteria for random numbers, however repetition does occur, but only
after large sequences of numbers.
The random number generator used in this simulation is of the multiplicative
congruential type, the algorithm producing a series of 'seeds', Sj^ related by:

S{ =

A.Si_i + C(Modulo M) Where:

M is a large number limited by the computer word length (2^^).
A and C are integers.
The random number sequence is calculated by dividing the seed value by M.
Such algorithms have been investigated and shown to produce adequate random
sequences (Raeside, 1976).

3.4.3 Position and Direction of Gamma Ray Emission.
For the case of cylindrical and spherical source distributions, the cumulative
probability for the position at which a photon is emitted can be inverted, leading
to (in standard cylindrical or spherical polar coordinates. Figure 3.3) emission
positions given by :

Spherical Source:

0 = Arcos(l-2n)

Eq. 3.2

0 = 27m

Eq. 3.3

r = Rni/^

Cylindrical Source: 0 = 27m
z = Hn
r = Rnl/2
Where:

n

Is the random number generated (different for each parameter).

R

Is the radius of the cylinder/sphere.

H

Is the height of the cylinder.
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Figure 3.3: Cylindrical (top) and spherical (bottom) polar coordinate systems.
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For more complicated source distributions (i.e the head phantoms described in
section 2.4, chapter 2), iteration must be used to determine the emission point,
in the case of sources containing a series of cylinders or spheres (i.e a Phelps
phantom), a combination of iteration and inversion is used.
The initial direction of the photon is computed by the inversion technique,
leading to spherical polar coordinate angles given by Equations 3.2 and 3.3.
Spherical polar coordinates are used throughout the simulation to track the
photon paths.

3.4.4 Determination of Interaction Position.
The probability that a gamma or X ray photon will interact within a distance x
when passing through a medium is given by the familiar formula:

P(x) = 1 - exp(-p.x)
where

Eq. 3.4

is the linear attenuation coefficient of the medium and depends on the

material and the photon energy. Equation 3.4 may be inverted to yield:
X = -ln(n)/|i
In the above inversion the quantity 1-n where n is a random number between 0
and 1 is replaced by the random number n, both expressions refer to the same
distribution.
In the simulation required in this thesis, several different media may be present
(i.e soft tissue, air, bone) each with a different attenuation coefficient, and so
the above result must be extended to deal with this situation. A combination of
iterative and inversion techniques has been developed.
The probability that an interaction occurs within a distance x of the start of the
i'th medium is:
i-1
P(x) = 1 - exp(-pjx) *7C exp(-pjdj)
j=l
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Eq. 3.5

Which can be inverted to yield:
i-1
X

= [-ln(n) - z

H jd j]

/

Eq. 3.6

[n j

j= l
Where:

pj is the linear attenuation coefficient of the j'th medium.
dj is the distance that the photon must travel to traverse the j'th
medium.

Equation 3.6 is used to calculate x once the value of i is found iteratively from
the inequality:
i-1

i

Z [(ijdjVm < -ln(n) <

z [Hjdj]/m+i

j= l

j=l

Eq. 3.7

Attenuation coefficients have been obtained from Hubbell (1969).

3.4.5 Type of Interaction and Subsequent Photon Direction.
The linear attenuation coefficients used in 3.4.4 are the sums of those for each
type of interaction which may occur between the photon and the medium
through which it is travelling. Having calculated the interaction position, the
type of interaction is determined by a simple inversion technique. If there are
three possible interactions a,b and c with cross sections C^,

and

respectively and a random number r (between 0 and 1) is generated the chosen
interaction is:
a if r<= C^/Cj
bifCa/Ct<r<=(q+C^,)/Cj
cifr>(Ca+Cb)/q
where Cj =

+ C|j -i-

Although there are many interactions which may occur (Evans, 1955), the only
important ones for SPECT within the normal energy range are:
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Photoelectric Effect.
Compton Scattering.
Coherent (Rayleigh) Scattering.
The cross sections for each interaction were obtained from Hubbell (1969), and
the simulation of each interaction is described below.
1. Photoelectric Effect.
The photon is totally absorbed and so its history is terminated. No account is
taken of the characteristic radiation emitted from the attenuating medium as for
studies involving ^ ^ T c and

(the isotopes most often used in the brain) the

photon energy is far below the lower energy threshold set (the most energetic
photons are approximately 80keV from lead). For studies involving ^Oljj or
other low energy emitters these characteristic X-rays would need to be
considered.
2. Compton Scattering.
Scattering is always simulated with the incident photon travelling in the positive
'z' direction of the coordinate system shown in Figure 3.3. The scattered
photon is distributed randomly in azimuth ((|)), allowing Equation 3.3 to be used
to determine its value. For the photon energies generally encountered in
SPECT, the second angle (0) is determined by the Klein-Nishina formula for
the scattering differential cross section (Evans, 1955):

dCQ

= K(WoAV)2(WqAV + WAVo -sin20).sine.d0

Eq. 3.8

or
Eo^.dOE = [E/Bo + 2/Eo +

Where:

+ (Eo-2/Eo-2)(E-l) + E-2].dE

Eq/E = 1+ Eq(1 - cos0).

Eq. 3.9

Eq. 3.10

E and Eq are the scattered and incident photon energies in electron
rest mass units.
W and Wq are the scattered and incident photon wavelengths.
Two methods are described in the literature for sampling this probability
function. The first, and most efficient, is the Carlson technique (Carlson, 1953)
82

which requires only one random number to sample the distribution, whilst the
second, a rejection technique (Raeside, 1976), requires at least three random
numbers to generate an event. The two methods, which are described briefly
below, were tested against the Klein-Nishina formula and it was found that the
Carlson technique, whilst working well at high energy, produced quite large
errors in angular distribution for the photon energies typically encountered in
SPECT (Fig 3.4). The less efficient rejection technique was therefore used in
the simulation to predict Compton scattering angles and hence energies.

a. The Carlson Method.
This uses the differential cross section in the form of Equation 3.9 to produce a
cumulative probability function:

Eq

j

P(E) = a(e).de /
^
Where:

J a(e).de

^min

Eq is the energy of the incident photon
E is the energy of the scattered photon
Enjin = Eq/(1 + 2Eq) is the minimum Compton scattered energy.

Carlson’s approximate method to invert this equation yields the result:
E = E g /[l 4-tn- (2Eq - t)n^]
where:

n is the generated random number and
t = E/(l 4- 0.5625E).

The scattering angle, 0, is then calculated from Equation 3.10.
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Figure 3.4: Results from simulation of Compton scattering by the Carlson and
Kahn methods compared to the Klein-Nishina formula.
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b. The Rejection (Kahn) Method.
This method does not involve any approximation and so may be expected to
yield a more exact result than the Carlson method. It uses the differential cross
section in the form of Equation 3.8 and rearranges it to the form:
P(W) = Aigi(r)hi(r) + A2 g2 (r)h2 (r)
Where:

r = W/W^

**max
and:

Such that: Aj + A2 = 1

^max

j gi(r).dr = J g (r).dr = 1
2

1
and:

Eq. 3.11

1

hj(r)jjj^ = h2 (r)g ^ = 1

The expressions used in the derivation are:
Ai

=

(Wo + 2)/(9Wo + 2)

A2

=

8Wo/(9Wo + 2)

gl(r) =

W o/2

g2(r) =
hi(r) =

(Wo + 2)/2r2
4(r-l - r2)

2h2(r) =

(1 - mgCWor/h + moCWo/h)2 + r l

Gi(n) =

l+2n/W o

G2(n) =

(Wo+2)/(Wo + 2-2n)

c

is the velocity of light

h

is Planck’s constant

The sampling technique, described more fully be Raeside (1976), is as follows:
a) Select which part of the expression for P(W) is to be used. This is done by
comparing the value of Aj with a random number n^ If n^ is less than or equal
to A% then the first half of the expression in Equation 3.11 is used, if not then
the second half is used instead.
b) A second random number, U2 is used to determine the r value from the
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integral of the relevant 'g’ probability:
R
H2

= J g(r).dr
1

Which is done by inversion of the equation to the form:
R = G(n2)
c) Using the r value (R) determined in b), above, the value of h is then
calculated. A third random number (ng) is generated and the event is accepted if
the value of h is greater or equal to ng and rejected if it is not. If the event is
rejected then the process is repeated from step a).
d) Having accepted an event the scattered energy is calculated from the
wavelength given by R and the scattering angle is then calculated from Equation
3.10.

3. Coherent (Rayleigh) Scattering.
The differential cross section for coherent scattering may be represented by:

do(0) = T(0).Fm^(v2).de
where:

T(0) =

+ cos20).sin0 and depends only on the angle of scatter,

r^ is the classical electron radius.
is the square of the relativistic form factor and is dependent on the photon
energy, the scattering angle and the scattering medium. Form factor values are
listed by Hubbell and Overbo (1979) for various materials as a function of v
where:
V

= [sin(0/2)] / X

and X is the photon wavelength

Eq.3.12

Hence v includes both the angular and energy dependence of the cross section.
A standard rejection technique is used to simulate the scattering, a v value is
determined iteratively from the form factors for the material in question and 0 is
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determined from Equation 3.12. The event is then accepted or rejected
depending on the value of a second random number compared to the size of the
normalised Thompson cross section (T(0)) for the 0 value calculated:

Event accepted if n < 3(1 + cos20).sin0 / 8
This process is repeated until an event is accepted.

3.4.6 Energy Discrimination in the Detection System.
Whilst the sodium iodide scintillation system yields information concerning the
energy of incident gamma rays, its response is not ideal, producing a spectrum
of apparent gamma ray energies whilst viewing a monochromatic source. The
general shape of the apparent energy (pulse height) spectrum is shown in Figure
3.5, the reason for this shape is well known (Kouris et al, 1982).
The response was measured for the Strichman detector and a modem gamma
camera using a series of monoenergetic gamma photon sources. These sources
were held in air at 2 metres from the detector so that only a very low number of
scattered photons were measured. The pulse height spectra (representing the
average response of the detector) were used to form cumulative probabilities
representing the chance that a gamma ray with a given true energy would be
detected with an apparent energy below a certain value. The response for any
other photon energy was obtained by interpolation between these known
distributions. The cumulative probability for a typical pulse height spectmm is
shown in Figure 3.5.
Following the main simulation program the results are analysed by a second
simulation which takes each detected gamma ray (of known energy) and
determines the effective energy at which it is detected by sampling the relevant
cumulative probability function. The ray is 'counted' only if this apparent
energy falls within the energy window chosen. In this way the effect of various
detector energy resolutions (via changes in the cumulative probabilities) and
energy windows can be investigated without requiring the full photon transport
simulation to be repeated.
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Figure 3.5: A typical pulse height spectrum for 99 m o b ta in ed by a sodium
iodide scintillation detector and the corresponding cumulative probability.
3.4.7 Gamma Camera Intrinsic Resolution.
In the same way that gamma ray energy is not precisely measured by the
scintillation crystal, there is also an uncertainty in the determination of the
position at which the gamma photon strikes it. Due to statistical effects in the
scintillation crystal and photomultiplier tube assembly, a well collimated beam
of photons all striking the crystal of a gamma camera at the same point will lead
to a spread of detected positions. A projection through this distribution can be
used to quantify the response function of the camera. In general the full width at
half maximum (FWHM) of this distribution is used as a measure of spatial
resolution, but additional parameters such as the full width at tenth maximum
(FWTM) can be quoted. These additional values are required as the curves take
no exact analytical shape, although they generally approximate closely to a
Gaussian curve.
In the simulation of the gamma camera, the positions of aU photons reaching the
crystal are stored. Subsequently an intrinsic resolution for the gamma camera
may be chosen and a cumulative probability for the apparent photon position (in
terms of movement from its 'true' position) is calculated (assuming a Gaussian
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shaped line spread function). An inversion technique is then used to determine
the position at which each photon is detected. As with energy resolution, this
technique allows the effect of changing the intrinsic resolution to be investigated
without the need for a new transport simulation. Figure 3.6 shows the results of
simulations carried out to determine the effect of intrinsic resolutions of 0 and
4.2 mm on the response of a gamma camera (collimator hole size 2.4mm, hole
length 4cm, septal thickness 0.33mm) to a line source of 99mxc placed 5cm in
air in front of the collimator face. The simulations were continued for a total of
10,000 detected photons.
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Figure 3.6: Gamma camera response for two different intrinsic resolutions
(pixel size is 0.39mm).

3.4.8 Overview of the Simulation Procedure.
An overview of the photon transport simulation is shown in Figure 3.7 in the
form of a flow diagram.
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Figure 3.7: The Monte Carlo Simulation Process.
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3.5 Vérification of the Photon Transport Simulation.
Although various sections of the simulation program can be tested
independently, for example by checking the predicted angular distribution of
Compton scattered photons against the Klein-Nishina formula, it is also
necessary to test the algorithm as a whole before using it to predict collimator
responses. Three checks of the accuracy of the process have been made.
a) Energy Spectra.
The source used for this check was a 20cm diameter, 5cm high, cylindrical
flood source filled with water containing a ^ ^ T c line source at its centre. The
distribution of photon energies falling on a 5cm square sodium iodide detector
placed 15cm from the centre of the cylinder was simulated. The energy
response of the detector was measured as described in section 3.4.6, and the
results were used together with the incident gamma ray energy spectrum derived
from the Monte Carlo photon transport simulation to produce the expected pulse
height spectrum. This spectrum was produced with IkeV sampling over the
range 80keV-170keV, a total of 150,000 photons were 'detected'. This
theoretical spectrum was then compared with that obtained from performing the
experimental measurement, sufficient counts being obtained for the
experimental statistical error to be far below that in the simulation (due to the
relatively small number of events simulated). The results are shown in Figure
3.8. It can be seen that the measured points all fall within the 2 standard
deviation error bars applied to the simulated spectrum.
b) Gamma Camera Resolution.
As described in Section 3.2, the classical approach to collimator design fails
when attempting to predict resolution in the presence of a scattering medium.
The simulation program was used to predict the response of a typical gamma
camera collimator to a line source of ^ ^ T c at various distances (in water) from
the collimator. The simulation was performed for a commercially available
International General Electric (IGE) general purpose low energy collimator. A
camera intrinsic resolution of 4.2mm was used together with an energy
resolution of 12% and a window of 130-158 keV corresponding to a 20%
energy window with 3% offset. Figure 3.9 compares the simulated results with
those obtained from the classical approach and the measured values.
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c) Focusing Collimators.
The simulation was used to predict the response of the Cleon 710 brain
collimators to a 1cm long line source of ^^°^Tc moved in air along the three
major axes of the collimator. In order to determine the accuracy of these
predictions a three-axis scanning jig was manufactured to allow the true
collimator response to be measured. The jig consisted of two linear slide rails
mounted at 90 degrees to each other onto which a detector assembly, complete
with collimator, could be mounted. Each slide was moved by a screw drive
rotated by a stepper motor, allowing the detector to be moved, rectilinear
scanner style, over an area approximately 40cm square. The third axis of the jig
(not required for this verification) was a rotating table, again stepper motor
driven, allowing sources to be rotated in front of the detector. The stepper
motors were all powered by the 'chopper drive' technique using commercially
available equipment. The scanning process and event counting were under the
control of a Motorola 68000 based microcomputer programmed in Pascal and
assembly language, allowing fully automated measurements to be made. A
schematic diagram of the system is shown in Figure 3.10. The results of the
simulation of this arrangement are shown in Figures 3.11a-c along with the
measured response. It should be noted that the collimators are poorly produced
(they have been made from lead foils wound around metal formers and glued
together rather than cast) and so would be expected to perform slightly worse
than their design parameters would suggest Within this limitation the simulated
and measured responses are in good agreement
In Figure 3.11c, the term 'inside focus' refers to the situation where the source
to detector distance is less than the detectors focal length, 'outside focus' refers
to the opposite situation. The zero on the displacement axis of this graph
represents the case when the source is at the focus of the coUimator.
These three tests confirm the accuracy of the simulation in determination of both
geometry and energy for photon transport through attenuating media and
parallel and focusing hole collimators. Having verified the technique it is now
used in the next chapter to predict the response of various detector/collimator
combinations to a range of source distributions.
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CHAPTER 4

RESULTS FROM THE MONTE
CARLO SIMULATION OF
COLLIMATOR RESPONSES
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4.1 The Aim of the Simulation Procedure.
The aim of the modelling process was to predict the accuracy of results
obtainable from tomographic devices, and hence to observe the effect of
different collimator parameters. The overall quality of a tomogram is not only
dependent on the collimator and detector employed (which have been accurately
modelled in this study), but also on other acquisition parameters (e.g imaging
duration) and the reconstruction algorithm used. It was impractical to evaluate
every possible collimator design with every reconstruction algorithm available,
and so it was necessary to produce a method of predicting the quality of the
tomographic reconstruction which could be expected from the collimator
response alone. This was achieved by simulating the response to 'worst case'
sources of activity and assuming that the reconstruction process produced, at
best, images with a resolution equal to this worst resolution in the raw data.
The resolution may be further limited by the sensitivity of the system being
inadequate to allow the smaller objects in the data to be resolved due to
statistical variations. This was considered in the simulation by comparing the
sensitivity predicted for new collimation systems with that of present devices.
Although this simplified approach to the prediction of attainable resolution may
produce some inaccuracy, it was considered suitable as:
a)

With the number of events detected in most routine tomographic studies,

image enhancement to improve resolution above that present in the raw data is
likely to produce high noise levels and not be useful.
b)

Most filtered backprojection algorithms use a single filter function

throughout the image space, with a cutoff determined by either the required
resolution, or, more normally, the resolution expected in the raw data. This
procedure leads to images with approximately the same resolution throughout,
determined by the worst resolution in the raw data.
c)

In cases where the resolution varies throughout the tomogram, the overall

limit to accuracy will be determined by the poorest resolution areas, which will
correspond to the areas supplied with the poorest raw data.
d)

Comparisons between various collimation systems can be made in terms
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of these ’worst case’ sources.
e)

The resolution in the raw data for the ’worst case’ sources is shown (later

in this chapter) to be very similar to the resolution obtained in reconstructed
images from presently available devices. This is further supported by the results
shown in chapter 5.
The simulation process yields the full collimator response to a given source,
which is useful in evaluating subtle differences between, and features of,
various collimator designs, and is essential for iterative reconstruction processes
which utilise this information in a convolution or deconvolution step. However,
this data set is too large to display for all collimator configurations which may
be considered, and is unsuitable for making useful general comparisons
between collimators, due to its complexity. Therefore, for many of the
evaluations of resolution, the simple parameters of Full Width at Half Maximum
(FWHM) and Full Width at Tenth Maximum (FWTM), measured at various
distances from the collimator face, and along one or more of the detector axes
(see below), have been used.
Three major (orthogonal) axes, along which the collimator response can be
measured, must be defined to fully quantify the system response. The directions
of these axes are:
Depth of Focus Direction: This direction is perpendicular to the face of the
collimator, it represents the direction which determines the depth of a source in
the object being examined. In this direction the term "inside focus" refers to
cases when the source to detector distance is less than the collimator focal
length, the term "outside focus" refers to cases when it is greater.
In Plane Direction: This line is formed by the intersection of the plane of the
face of the collimator and the plane of the reconstructed slice. It is usually
considered to be the major axis of concern in determining the quality of
tomograms obtained.
Between Planes Direction: This direction is defined by a line in the plane
of the collimator face, perpendicular to the ’in plane’ direction. It represents the
direction in which movement is made to obtain successive ’slices’ of the object.
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The response for parallel hole gamma camera collimators and the focusing
collimators used on the Strichman device are dealt with separately below
(sections 4.3 and 4,4). This is preceded by section 4.2 which investigates the
effect of collimator septal thickness, which is largely the same for the two
systems.

4.2 Collimator Septal Thickness.
A basic assumption made in all image formation is that a photon incident on the
detector crystal has travelled only through the collimator hole directly adjacent to
the position at which it strikes the crystal. To achieve this situation each
collimator hole is surrounded by material to absorb photons not travelling
directly down the hole. Any material may be used, but to achieve a high
attenuation coefficient (so that the septa may be thin), and also to limit the
proportion of photons which undergo Compton scattering, a substance with a
high atomic number is invariably used. Of the possible materials, lead is usually
chosen as it represents the best compromise between attenuating properties,
cost, and ease of manufacture. In certain specialised circumstances, tungsten,
gold or depleted uranium can be employed. All the results in this section refer to
lead collimation systems. The choice of septal thickness is not trivial, as
although the criterion for perfect collimation is simply that no photon having
penetrated a septum should be detected, this does not necessarily require that
each septum should be thick enough to absorb all photons incident on it. A
photon may penetrate a septum and still not be detected if:
a) It is absorbed in another septum,
b) The photon energy has been reduced to such an extent that energy
discrimination in the detection system allows it to be ignored,
or
c) It is travelling in such a direction as to not reach the detector surface.
As septal thickness is increased the number of detected photons which have
penetrated one or more septa decreases. However, there is a concomitant
decrease in the number of direct photons (i.e, those which reach the detector
without penetrating a septum) and a balance has to be made between these two
effects. Ideally this choice should be made with a knowledge of the radiation
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flux available in a particular study and the length of time available for imaging,
but in practice a choice has to be made to cover a wide range of situations,
normally with only the upper photon energy to be imaged as a known
parameter. In practice some septal penetration has to be accepted to allow
sufficient counting efficiency to be obtained. The level of penetration should not
be set at some arbitrary figure (e.g, 0.5%) as suggested in some classical
derivations of collimator parameters (Sorenson and Phelps, 1987), but by its
effect on the collimator response. This can only be investigated practicably by
the use of Monte Carlo simulation. The required septal thickness will be a
function of the photon energy, the energy resolution of the detector, the energy
window employed and the hole size and length of the collimator. Thicker septa
are needed for a short collimator with large holes than for a long collimator with
narrow holes. For long collimators a further practical consideration is that the
septa must be physically thick enough to withstand mechanical stresses during
use.

Crystal Size (in plane)

13.50cm

Crystal Size (between plane)

21.50cm

Num of Holes (in plane)

60

Num of Holes (between plane)

40

Septal Thickness

Variable

Collimator Focal Length

24.45cm

Collimator Length

9.65cm

Energy Resolution

15%

Energy Window

180-230 keV

Table 4.1: Parameters for focusing collimators and detectors used in the
simulation of the effect of septal thickness.
Nearly all tomographic studies of the head are carried out using isotopes
emitting energies below 200keV, and so the effect of septal penetration on the
response to a point source of a 200keV gamma emitter was investigated. Figure
4.1 shows the simulated response of the focusing collimator (parameters as in
Table 4.1) as a point source is moved in the 'in plane' direction (being on focus
in the other two major axes) for four septal thicknesses ranging from 0.05mm
to 0.30mm.
101

Source Displacement from Focus (mm)

Septal (mm)
Thickness

0 .0

0 .1

0 .2

0 .3

0 .4

0 .4

0 .6

0 .3 0

0.0

0.0

0.0

0.0

0.0

0.0

0.0

0.20

0.06

0.07

0.09

0.18

0.42

1.8

2.1

0.15

0.08

0.08

0.14

0.20

1.39

1.9

3.0

0.10

0.30

0.30

0.30

0.52

2.20

18.2

72.9

0 .0 5

1.08

1.96

2.6

7.4

20.10

44.9

71.4

Table 4.2: Percentage septal penetration for focusing collimators.
Table 4.2 expresses the results in terms of the percentage of detected photons
which have penetrated at least one septum and shows that to eliminate all
photons which have penetrated one or more septa, a lead septum at least 0.3mm
thick is required. However, no significant degradation of resolution (measured
in terms of FWHM and FWTM from Figure 4.1) is seen if the thickness is
reduced to 0.2mm, which is the minimum thickness considered by collimator
manufacturers to be viable for focusing collimators of this length. Lead septa of
thickness 0.2mm have therefore been used in the rest of this thesis for the
design of new focusing collimators for the Strichman system.
The effect of changing the photon energy on the response of a 0.2mm septum
collimator (other parameters as in Table 4.1) is shown in Figure 4.2 and Table
4.3. As would be expected, the response is degraded with increasing energy,
no effect being seen below 200keV, demonstrating the suitability of the septal
thickness for the energy range required.
Resolution (mm)

Photon Energy (keV)

FWTM
FWHM
4.9
8.9
100
8.9
140
4.8
4.9
9.1
200
9.2
5.1
250
9.4
5.3
300
9.8
5.5
350
13.2
5.8
400
Table 4.3: The effect of photon energy on focusing collimator resolution.
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The collimators for the Strichman system are of fixed length (due to the
geometry of the scanning gantry in which they are contained), but in the case of
gamma cameras the collimator length represents another degree of freedom in
the design. A parallel, square hole, collimator with the parameters shown in
Table 4.4, column 1 was simulated to investigate septal penetration of a gamma
camera collimator fitted to a standard Anger gamma camera (parameters also
shown in Table 4.4, column 1).
Column 1

Column 2

Collimator Length

Variable

4cm

Hole Size (Square)

2.4mm

2.4mm

Septal Thickness

Variable

0.33mm

Energy Resolution

12.7%

12.7%

Energy Window

180-230keV

130-170keV

Intrinsic Res

4.2mm

4.2mm

Table 4.4: Parameters of the gamma camera and collimators used in the
simulation of the effect of septal thickness.
The photon source was of energy 200keV and was placed, in air, 1cm from the
front of the gamma camera collimator. The results of the simulation, in terms of
the FWHM and FWTM of the camera response function, and the percent
penetration for septa of thickness ranging from 0.05mm to 0.8mm and length
ranging from 1cm to 10cm are shown in Tables 4.5a and 4.5b.
Septal
Thick
1.0
(mm) HM
TM
46.4
0 .0 5
14.7
0 .1
8.9
31.0
0 .2
23.1
8.5
18.4
8.2
0 .3
0 .4
15.2
7.7
14.4
0 .7
6.1
0 .8
5.6
14.3

HM
14.2
9.9
4.4
4.4
4.4

Septal Length (cm)
2.0
4.0
TM
TM
HM
34.2
40.2
5.7
32.4
5.6
8.8
12.0
8.7
4.5
9.0
8.6
4.5
4.4
8.9
8.5

10.0
TM
HM
10.4
4.7
10.4
4.5
8.4
4.5
8.3
4.5
4.4
8.3

HM: Full Width at Half Maximum
TM: Full Width at Tenth Maximum
Table 4.5a: Resolution of a gamma Camera with various collimator parameters.
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Septal Thick
(mm)

Septal Length (cm)
4. 0
2 .0
%Pen %Sen %Pen %Sen
94.2 100.0 79.0 100.0
77.4
27.3
7.8
23.0
33.9
9.1
21.9
1.8
10.6
6.4
1.6
21.0
5.3
6.0
1.3
20.6

1 .0
10.0
%Pen %Sen
%Pen %Sen
0.05
91.5 100.0
10.4 100.0
0. 1
76.9 37.2
1.9
75.0
0.2
46.5 14.7
0.6
28.1
29.4 10.4
0.3
0.5
0.4
20.1
8.3
0.5
0 .7
11.2
5.8
0.8
10.9
5.3
Table 4,5b: Percentage septal penetration and relative sensitivity for a gamma
camera collimator as a function of septal dimensions.
The optimal septal thickness is shown above to be dependent on the collimator
length, and should be chosen so as to eliminate as much septal penetration as
possible with as little reduction in sensitivity as can be achieved. Bearing these
criteria in mind, but using degradation of FWHM and FWTM (Table 4.5a) as
the main indicator of significant septal penetration. Table 4.6 has been prepared
to list the optimum septal thickness for the range of collimator lengths simulated
when viewing 140keV gamma photons. These thicknesses are used in later
simulations of gamma camera collimators.

Septal Length
Optimum Septal
(cm)
Thickness (mm)
1 .0
> 0.8
2 .0
0.3
4 .0
0.2
1 0 .0
0.2
Table 4.6: Optimal septal thickness for photons of energy 140keV.

The effect of changing the hole size on the optimum septal thickness for
collimators with other parameters as shown in Table 4.4, column 2, viewing a
140keV photon source is shown below in Table 4.7. Over the realistic range of
1-4 mm there is little dependence on hole size, however if larger hole sizes were
to be used it can be clearly seen that septal thickness must also be increased to
avoid degradation of performance.
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Hole Size (mm)
Optimal Thickness (mm)
1.0
0.2
2.0
0.2
4 .0
0.3
6 .0
0.3
10.0
0.5
Table 4.7: Optimal septal thickness at 140keV for a 4cm long collimator.

4.3 Gamma Camera Collimator Response Function.
Parallel hole gamma camera collimators generally have holes of the same
dimension in the 'in plane' and 'between plane' directions (normally being
either circular or hexagonal), leading to response functions which are circularly
symmetric in planes parallel to the collimator face. The full collimator response
function (point spread function) is defined by the sensitivity of the detector
system to a point source moved in three dimensions in front of it, either in air or
an attenuating medium. However, reconstruction of tomograms from rotating
gamma camera systems generally assume that data falling on planes of the
collimator in the 'between plane' direction arise only from the adjacent plane in
the source, and are used to form a single image slice. In some systems there is a
degree of smoothing in the between slice direction (pre-filtering), but after this
the one to one relationship between raw data position and transaxial slice is
assumed. The equivalent assumption in forming the collimator response (and
which greatly reduces the amount of data handling) is to include movement of a
source (extended to a given fixed length in the 'between plane' direction) in
only the 'in plane' and 'depth of focus' directions, forming the line spread
response of the system. The shape of this response is, to a small extent,
dependent on the length of the line source, as shown in Figure 4.3 for sources
of length 0, 5 and 10 cm, for a 140keV photon source at a distance of 5cm in
water from an International General Electric (IGE) 400T gamma camera with
the parameters shown in Table 4.8, column 1.
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Column 1

Column 2

Column 3

Collimator Length

4cm

4cm

Variable

Hole Size (Square)

2.4mm

Variable

2.0mm

Septal Thickness

0.33mm

0.2mm

0.2mm

Energy Resolution

12.7%

12.7%

12.7%

Energy Window

130-170keV

130-170keV

130-170keV

Intrinsic Res

4.2mm

4.2mm

4.2mm

Table 4.8: Parameters of the gamma camera and collimators used in the
simulation of response functions.
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Figure 4.3: Gamma camera line source response function for different length
line sources (pixel size is 0.66mm).

To investigate the expected resolution and sensitivity of tomograms of the brain,
the response to a 5cm long line source of 140keV photons, placed at the centre
of a 20cm diameter water filled cylinder with the camera at a distance of 5cm
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from the edge of the cylinder was chosen to represent the 'worst case' situation,
described in section 4.1. This simulation yielded an expected resolution of
13.8mm (FWHM) for the system described in Table 4.8, column l(an
approximation to an IGE400T gamma camera fitted with a general purpose, low
energy, collimator) compared to a measured, reconstructed, image resolution of
15mm, showing the ability of the simulation to predict obtainable resolutions.
The resolution parameters FWHM and FWTM and the relative system
sensitivity were measured as a function of hole size for a gamma camera with
the parameters listed in Table 4.8, column 2. Although results for the above
'worst case' source should always be used to accurately predict the response,
this was possible for only a few of the points in Figures 4.4, due to the extra
time required for 'in scatter' simulations. However, the trend of results is
shown to be the same with or without scatter, and hence conclusions for the
true situation can still be drawn by extrapolating the results obtained for the
source in air, 15cm from the camera face (Figure 4.5).
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Figure 4.4 Gamma camera resolution (FWHM) as a function of hole size for a
source 15cm in front of the collimator face in air, and for the 'worst case'
source described in the text above.
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Figure 4.5: Resolution versus sensitivity for gamma camera systems fitted with
various hole size collimators with the source 15cm from the collimator.

Collimator response can also be varied by adjusting the hole length, rather than
diameter. Increasing hole length is expected not only to improve resolution at a
given distance from the collimator face, but also to reduce its degradation with
depth from the collimator, which is a useful property for SPECT devices.
Figure 4.6 shows the response of a series of different length collimators (1-15
cm) with the parameters shown in Table 4.8 , column 3 to a 5cm line source in
air placed 15cm from the collimator face.
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Figure 4.6: Gamma camera response with changing collimator length.

4.4 Focusing Collimator Response Functions.
Unlike standard parallel hole gamma camera collimators, the focusing
collimators used on the Strichman system can have holes of different size in the
'in plane' and 'between plane' directions, leading to response functions which
are not circularly symmetric in planes parallel to the collimator face. The
response function also alters much faster with the source to collimator
separation and the resolution no longer degrades monotonically with increasing
separation. In the case of collimators which focus in both the 'in plane' and
'between plane' directions (termed double focusing collimators in this thesis)
the situation is more complicated, as the response of the system to a source
moved along one major axis can be heavily dependent on the source size and
position in the other two directions. A further complication arises if the
collimator scans during data acquisition (as in the Strichman system) as there is
now a variable source to detector separation resulting in an averaging of the
response function. Many collimator response functions can therefore be
defined, dependent on the source distribution, and a careful choice of source
geometry must be made if meaningful predictions are to be made from the
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simulation procedure. Below, three response functions are described, being
produced from a point, line and sheet source of activity, and a simple method of
accounting for the scanning averaging is developed. The presence of a
scattering medium between the source and detector will (as for the gamma
camera) affect the system response function and has been taken into account

Column 1

Column 2

Crystal Size (in plane)

10.45cm

13.50cm

Crystal Size (between plane)

17.10cm

21.50cm

Num of Holes (in plane)

26

Variable

Num of Holes (between plane)

22

40

Septal Thickness

0.72mm

0.2mm

Collimator Focal Length

25.0cm

24.45cm

Collimator Length

10.0cm

9.65cm

Energy Resolution

15%

15%

Energy Window

130-170 keV

130-170keV

Table 4.9: Parameters for focusing collimators and detectors used in the
simulation of response functions.
4.4.1 Point Source Response.
The collimator point source response function is obtained by simulating the
variation in detection efficiency of the system as a point source of activity is
moved in three dimensions in front of the detector. It fully defines the collimator
response and is required to accurately predict the raw data which would be
obtained from scanning any source distribution. Three dimensional iterative
reconstructions using a convolution/deconvolution step also require this
response function. Due to its complexity, this three dimensional response
function cannot easily be displayed graphically and is normally reduced to a
series of two dimensional functions. Although these two dimensional functions
can be taken at any angle through the true three dimensional distribution, the
fundamental directions are those parallel to one of the major axes, the most
fundamental being the response of the system as the point source is moved
along one of the major axes while kept 'on focus' in the other two directions.
This subset of three curves can be used as a simplified and easily
comprehensible representation of the full data set. These three response
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functions are shown in Figure 4.7 for the collimator described in Table 4.9,
column 1 (the Cleon 710 collimator) for a source of 140keV photons in air.
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Figure 4.7: Point source response of the Cleon 710 collimator along its three
major axes:

a) Along 'in plane' axis
b) Along 'between plane' axis
c) Along 'depth of focus' axis

The simulated in plane' planar resolution (FWHM) for this collimator is 5mm,
compared to the measured, reconstructed, image resolution of 9mm (Jarritt et al,
1979), showing that this response function alone is not suitable for directly
predicting the image resolution attainable. This is because all 'off plane' and
'off focus' effects have been eliminated. However, the sensitivity to a point
source is high, and so the simulations can be run relatively quickly and allow
comparisons to be made between collimator designs.
The results of sensitivity versus resolution (in air) for a series of focusing
collimators with the parameters given in Table 4.9, column 2 (page 111), are
shown in Figure 4.8 (which also includes a point representing the Cleon 710
collimators) and demonstrate the considerable improvement which may be
expected from the use of properly designed collimators.
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4.4.2 Line Source Response.
Line source responses were used in an attempt to take into account the effect of
off focus activity in the 'between plane' direction. Collimator responses were
simulated for a series of line sources of length 1cm to 15cm in the 'between
plane direction' as they were moved along the other two major axes, the results
are shown in Figure 4.9 for displacements in the 'in plane' direction. The
collimator resolution was degraded with increasing source length up to 10cm,
after which it remained constant The simulations were run for the same number
of emitted photons (corresponding to sources of equal activity). Figure 4.9
therefore also indicates the decrease in detector sensitivity as the source length is
increased.
The algorithms used to reconstruct images from double focusing collimator
systems have assumed single-slice geometry (Moore & Mueller, 1986) where
all the data collected with the object in a given position are assumed to have
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arisen from the 'between slice' focal plane of the detectors and are used to form
a single image slice. In such a reconstruction, the line source response
described here should be used in any convolution and deconvolution steps for
iterative techniques or to enable a filter to be determined for analytical methods.
The length of the source used will be determined by the extent of the activity
distribution in the object in the 'between plane' direction.
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Figure 4.9: In plane' focusing collimator response to various length line
sources extended in the between plane' direction and on focus in 'depth of
focus'.
These responses alone cannot be used directly to predict the overall image
resolution as they do not take into account sources extended in the 'depth of
focus' direction or the detector motion during a scan. For the 10cm line source a
FWHM of 7mm is predicted for the Cleon 710 collimators, compared to the
measured value of 9mm (Jarritt et al, 1979).
4.4.3 Plane Source Response.
This source represents the logical progression from the line sources described in
the previous section, being extended in both the between plane' and 'depth of
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focus' directions, and is the 'worst case' source for double focusing
collimators. The collimator response was again found to be dependent on the
size of the source in the two directions and the presence or absence of scattering
material. A plane source 10cm long in the between slice' direction and 15cm in
'depth of focus', in a cylindrical soft tissue attenuator of the same dimensions,
was chosen to represent the 'worst case' source for brain imaging. Whilst this
situation takes into account the extended nature of the source, it still ignores the
fact that the collimator scans in and out (in depth of focus) during data
collection. This extra effect was accounted for by averaging the collimator
response over the range of depth of focus positions that the detector would
occupy during the scanning process. The response obtained from this
simulation for the Cleon 710 collimators is shown in Figure 4.10 and yields
resolution values of 8.5mm (FWHM) and 17mm (FWTM), which are very
close to the values of 9mm and 15mm respectively measured for reconstructed
images from the device (Jarritt et al, 1979). This simulation method was
therefore considered to be suitable to predict the performance of alternative
collimators for the Strichman system.
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Figure 4.10: 'In plane' response of the Cleon 710 collimator for the 'worst
case' sheet source in brain scanning.
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Results from the above simulation for a double focusing collimator (parameters
shown in Table 4.9, column 2, page 111) as the number of holes in the 'in
plane' direction is increased are shown in terms of resolution (FWHM) versus
relative sensitivity in Figure 4.11.
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Figure 4.11: Response of double focusing collimators with differing in plane'
hole size to the 'worst case', plane source, for the brain. Points are shown both
with and without scattering material, and in the case where scattering is present
the effect of energy window is shown.

4.5 Possible Modifications to the Double Focusing Collimator
Concept.
4.5.1 Blocking Sections of the Collimator.
The previous section demonstrated the dependence of the 'in plane' resolution
on the length of the source in the 'depth of focus' direction. As the source is
moved off focus in the 'in plane' direction, a large section of the collimator can
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still detect unscattered photons arising from parts of the source (Figure 4.12).
The severity of this effect is dependent both on the size of the source (being
more pronounced for sources which are long in the 'depth of focus’ direction)
and the exact shape of the collimator. The effect can be reduced by blocking
certain parts of the collimator, at the expense of decreased sensitivity. For
extended sources, the best in plane' resolution is obtained from the centre holes
of the collimator (the response of which are unaffected by the extent of the
source in the 'depth of focus' direction), a small movement in the in plane'
direction will produce a large variation in sensitivity. The outer, more sharply
angled, collimator holes are almost unaffected by displacement in the in plane'
direction as they can still detect the same number of photons, albeit that they
arise from a different part of the source.

Outer Hole

Photons
Posn 2
Source

Centre Hole

Posn 1

C ollim ator
Figure 4.12: Photons emitted by a source, extended in the 'depth of focus'
direction, can be detected by the outer collimator hole with the source in either
position 1 or 2, whereas the centre hole has a detection efficiency of zero for
unscattered photons emitted from the source in position 2.

Short focused collimators (containing many sharply angled holes) are used in
the Strichman system in an attempt to determine the depth of the source from the
front of the collimator, the present reconstruction technique assuming that all
photons arise from the focal point. The situation in terms of the relative
importance of different parts of the collimator is now reversed, the centre holes
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providing no information on the depth of the source, whilst the outer, steeply
angled, holes have the potential for accurate source location in the 'depth of
focus' direction. The overall effect of blocking parts of the collimator to stop
photons reaching the detector is therefore difficult to predict, being intimately
tied to the scanning parameters used and the reconstruction technique employed.
However, the simulation process was used to investigate the effect on the
collimator parameters of blocking either the centre or edge sections of the
collimator to yield raw data for any future studies of this development. The
results in Table 4.10 show the resolution (FWHM and FWTM) in the in plane'
and depth of focus' directions and the percentage fall in sensitivity for a series
of 'blocked' collimators with the parameters shown in Table 4.9, column 2
(page 111) but with 66 holes in the 'in plane' direction. The 'in plane'
resolution is measured on the 'worst case' source described in section 4.4.3,
and the depth of focus resolution on a 5cm line source in scatter, both emitting
140 keV photons.

Number of
dies blocked

S ensitivity
Resolution (mm)
Depth of Focus
Decrease %
In Plane
FWTM
FWHM
FWTM
FWHM

N one

6.1

15.5

25.7

137.5

0

(8 P ,6 S )I

8.0

17.1

19.9

71.0

15.5

(2 0 P ,1 4 S )I 20.8

40.3

16.1

38.2

78.1

(20P ,10S )O

5.7

12.7

31.4

165.3

18.9

(30P ,16S )O

5.4

11.5

32.2

171.5

44.1

O:

Hole Blocked from edge of collimator.

I:

Holes blocked from centre of collimator.

P:

Number of holes blocked in 'in plane' direction.

S:

Number of holes blocked in 'between plane' direction.

Table 4.10: The effect on resolution and sensitivity of blocking either the outer
or inner collimator sections.
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4.5.2 Single Focusing Collimators.
The double focusing collimator is used to produce a high sensitivity at a single
plane in the object so as to allow fast scanning to be performed. However,
much of the apparent increase in sensitivity is due to the detection of photons
arising from other planes in the object (Moore & Mueller, 1986), the fraction
being dependent on the source to collimator distance (Figure 4.13), which
varies during the scanning procedure.

Source
^ Focal

c
o
Ü
2
Û
0)
c

Out of Plane
Photons
Collimator

In Plane Photons

0.
c
0)
0)
i

0
CQ
^ Focal Plane
Source

Figure 4.13: Source of photons (in or out of focal plane) which are in the field
of view of a focusing collimator for two source to detector separations.

Table 4.11 lists the results from a simulation to determine the fraction of
photons detected from a uniformly filled (140keV gamma emitting radionuclide)
20cm diameter, 20cm high, cylindrical phantom which arise from a 1cm thick
slice centred in the 'between plane' direction of the collimator as the distance
from the collimator face to the edge of the phantom is varied from 0 to 15cm.
As can be seen, if 'single-slice' geometry is assumed then a large percentage of
the data is actually being reconstructed into the wrong image plane. A further
120

effect of the double focusing collimator, as seen in the previous section, is to
reduce the resolution attainable for sources extended in the ’between plane'
direction.

Distance (cm) of Focal Point
From Centre of Cylinder

Percentage of photons
Arising from Focal Plane
No Window
170-130
31.9
45.5

10.0
5 .0

37.8

58.3

2.0

30.5

46.7

0.0

18.0

27.2

Table 4.11: Fraction of detected photons which arise from the focal plane of a
20cm diameter, 10cm high cylindrical source.

A change in the detector fitted behind the double focusing collimator to either a
series of small detectors in the 'between plane' direction or one which yields
positional information in this direction would allow a multi-slice machine to be
developed using collimators which focus only in the 'in plane' direction. A
reconstructed slice would then be obtained by combining the data collected
during a scan from each small detector or region of the one dimensional
positional detector (in the same way as for a gamma camera), the set of slices
being produced by repeating this for the array of detector elements. The
performance of such a collimation system when viewing the 'worst case' plane
source described above was simulated for a range of hole size in the 'in plane'
direction. The results from this simulation for a collimator with the other
parameters as in Table 4.9, column 2 (page 111) are shown in Figure 4.14.
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Figure 4.14: Resolution versus sensitivity for a single focusing collimator. The
source is the 'worst case', energy window is 170-130keV and the relative
sensitivity scale is as for Figure 4.11.

4.6 The Contribution of Scattered Radiation.
Scattered radiation presents two problems in imaging. Firstly, and most
importantly, the direction of travel of the scattered rays is different to that of
photons reaching the detector unscattered, leading to misplaced events in the
image; and secondly, the decreased energy of inelastically scattered photons
causes increased attenuation, leading to complications and errors in attenuation
correction in cross sectional imaging.
The relative importance of direct (peak) and scattered photons in the data
collected from an object is usually quoted in terms of the ratio of the number of
each detected (the peak to scatter ratio). The Monte Carlo process allows
prediction of this ratio, this is not available from other analytical techniques, and
is difficult to measure as the detector energy response function must be
deconvolved from the measured energy spectrum before the true distribution of
photon energies is available. In addition, the range of incident energies involved
necessitates different detector response functions to be used in the
deconvolution, one for each energy present
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Fig 4.15: Peak to scatter ratio as a function of position in the line response
function for a gamma camera viewing a source of 140keV photons at 10cm
depth in water. A 170-130 keV energy window has been applied and the pixel
size is 0.4mm.
The amount of scattered radiation reaching a detector depends on the source
distribution and the energy of the original photon source, the amount detected is
further affected by the detector response function, its energy resolution and the
energy window employed. It is therefore possible to quote an infinite number of
peak to scatter ratios. Figure 4.15 represents the ’worst case’ gamma camera
source being viewed by a typical gamma camera (parameters as shown in Table
4.13, column 1, page 127) with a 170-130 keV window and shows the peak to
scatter ratio as a function of position in the line spread function. Integration of
this data (weighted by the system sensitivity at each point) yields an overall
peak to scatter ratio of 8.1 with the 170-130 keV window and 2.6 with no
window applied. The effect of a more extended source was investigated by
simulating the overall peak to scatter ratio obtained by the same gamma camera
set up in the same way when viewing a 20cm long, 20cm diameter source of
99mj ç This simulation showed a peak to scatter ratio of 0.91.
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Crystal Size (in plane)

10.45cm

Crystal Size (between plane)

17.10cm

Num of Holes (in plane)

26

Num of Holes (between plane)

22

Septal Thickness

0.72mm

Collimator Focal Length

25.0cm

Collimator Length

10.0cm

Energy Resolution

15%

Energy Window

130-170 keV

Table 4.12: Parameters for focusing collimator and detector used in the
simulation of peak to scatter ratio (extracted from Table 4.9).
The case of the double focusing collimator with the parameters shown in Table
4.12 was investigated for a 10cm long line source of 140keV photons in scatter
with a 170-130 keV window applied. The results in Figure 4.16 show the peak
to scatter ratio as a function of position in the 'in plane' direction, both for a
single scan line with the source on focus in the 'depth of focus' direction and
for the summation of scan lines in this direction.
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Fig 4.16: Peak to scatter ratio for a double focusing collimator as a function of
position in the 'in plane' response.
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The equivalent results for the summed response using the 'worst case' source
described in section 4.4.3 are shown in Figure 4.17. Peak to scatter ratios are
shown with and without energy discrimination applied to the data.
14
12

-

□
•

10

170-130 KeV
No Window

(B
cc
8-

s

(0

(0
Q.

642-

— 1------- 1------- -------- I-------------I-1-----------

0.0

1 .0

2.0

3 .0

I-----------f -

4.0

5.0

Displacement

(mm)

—r— ^-----r
6.0
7.0

Fig 4.17: Peak to scatter ratio for a double focusing collimator to the 'worst
case' source described in section 4.4.3 as a function of 'in plane' position.

4.7 Discussion of the Results of the Collimator Simulation.
4.7.1 The Ideal Collimator for Gamma Camera and Focused Detector Systems.
The factors effecting the accuracy with which tracer uptake values can be
obtained were described in Chapters 1 and 2. The main influence on the choice
of collimator lies in the relative importance (and absolute magnitude) of the
errors due to noise and partial volume effects. However, even with a given
system configuration, the magnitude of the errors vary with the size of object
being assessed and the specific uptake values pertinent to the investigation.
Therefore there will be different ideal collimators dependent on the particular
clinical test being performed. Clearly it is impractical to have a very wide range
of collimators for each system and so a compromise must be made. To a large
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extent this compromise can be made by designing the collimation to be ideal for
the smallest area to be investigated (which requires the highest resolution
collimator) and then adjusting the filtering present in the reconstruction
algorithm to degrade the effective resolution of the image obtained for larger
regions of interest. When using this method to limit the spatial resolution, there
is a slight degradation of data quality due to the use of a collimator with a lower
than ideal E value (see equation 2.4, chapter 2).
The analysis used in sections 2.5.2 and 2.6 of chapter 2 to obtain values for the
critical resolution (the point at which the errors due to noise and partial volume
effects are equal - and hence where the overall error is a minimum), made the
assumption that the system sensitivity was proportional to the square of the
system resolution. Also, implicit in the calculation, was the use of parameters
obtained from existing collimators, in particular that the septal thickness used
was ideal (a thinner septum, if acceptable, would lead to an increased E value
for the system).
In the case of the gamma camera these two assumptions are valid. Tables 4.6
and 4.7 showing that a septal thickness of 0.2mm is indeed optimal for these
devices and Figure 4.18, below, demonstrates the validity of the relationship
relating collimator sensitivity and resolution.
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Figure 4.18: Sensitivity /resolution relationship for gamma camera collimators.
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The values obtained in Table 2.6b for the critical resolution for a gamma camera
being used in a typical brain blood flow assessment using ^^Tc-HMPAO are
therefore applicable, and show (for a 1cm diameter object) a required resolution
of 6.6mm, leading to errors from partial volume and noise of 21.8% and 44.1%
respectively. The total error for a 5cm diameter area in the same study will be
2.5%. Figure 4.4 may be used to predict that a bole size of 0.8mm will be
required to obtain this resolution for a collimator/gamma camera with other
parameters as shown in Table 4.13, column 2.
Column 1

Column 2

Collimator Length

Variable

4cm

Hole Size (Square)

2.0mm

Variable

Septal Thickness

0.2mm

0.2mm

Energy Resolution

12.7%

12.7%

Energy Window

130-170keV

130-170keV

Intrinsic Res

4.2mm

4.2mm

Table 4.13: Parameters of the gamma camera and collimators used in the
simulations (this is an extract of data from Table 4.8).
The method of chapter 2 can be used to obtain equivalent results for any other
situation. For instance, recently, three-headed cameras have been introduced
(see chapter 1), and the use of fan beam collimation investigated for use in
SPECT of the brain. This will be expected to yield an approximate threefold
increase in system sensitivity (and hence E value), producing a critical
resolution (Rg) for an object of diameter Rq for this camera given by the
equation:
(1.32Ro2)exp(-0.66Ro2/Rc2) - 0.204RcO'5.R^-l = 0

This yields, for 1cm diameter regions, a critical resolution of 5.5mm, producing
errors due to partial volume and noise of 11.6% and 33% respectively.
The case of the double focusing collimators is slightly more complex in that,
although the squared relationship between collimator sensitivity and resolution
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again holds (Fig 4.19), the present collimators have thicker than ideal septa for
imaging gamma rays of energy 200keV and below. As shown in section 4.2, a
septal thickness of 0.2mm is sufficient for these collimators, as opposed to the
value of 0.7mm used in the present device (used to calculate the E value of 0.49
in section 2.6). The decreased septal thickness produces an increase in
sensitivity for the same resolution. For a 1cm diameter region of interest the
critical resolution for the system now becomes 5.2mm, with errors due to
partial volume and noise of 8.8% and 28.5% respectively.
The theoretical choice between the use of the focusing detector and gamma
camera systems, from the point of view of the errors involved in the
quantification of tracer uptake, is now clear. Assuming that the reconstruction
algorithms for the two types of device are equally good in retaining the accuracy
of the raw detector data, then the focusing detector devices have inherent
advantages in quantification accuracy over single head gamma camera devices,
irrespective of the size of the region over which uptake is to be measured. The
Strichman is shown to be slightly superior to triple-head camera system
although the difference is small. The calculations above have been performed
using results typical of ^^Tc-HMPAO in the brain, however the same trend of
result will be found for any uptake pattern. The differences in performance will
reduce as the object size increases.
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Figure 4.19: Sensitivity /resolution relationship for double focusing collimators.

4.7.2 Modifications to the Double Focusing Collimators.
The double focusing collimator is used to increase the sensitivity of the device
to radiation detected within its field of view, when compared to a parallel hole
system. The gain in sensitivity due to focusing in the 'between plane' direction
is, however, largely imaginary, as a large percentage of the measured events
actually arise from planes other than the one being measured. In a study
covering the whole brain (by scanning successive abutting slices), this effect
can, in theory, be eliminated by a three dimensional reconstruction, placing each
event into its correct slice. In such a case the advantages of 'between slice'
focusing are reduced to:
a) A slight increase (approximately 25%) in sensitivity due to the use of
detectors larger in the 'between plane' direction than the source (the
technique is used in fan beam collimation on the gamma camera, except
that the elongation is in the in plane' direction ).
b) A reduction in cost by employing a single crystal, single
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photomultiplier tube detector arrangement as opposed to either a position
sensitive or multi-crystal detector. For a system consisting of twelve
such detectors this cost saving may be considerable.
The removal of focusing in the 'between plane' direction offers the following
advantages:
a) The reconstruction technique is simpler, not necessarily requiring
three dimensional calculation to place events in the correct slice.
b) The collimator construction is easier (and less expensive), being
symmetric in the 'between plane' direction.
c) The 'in plane' resolution is slightly improved for a given hole size,
again making collimator construction simpler.
The unique feature of the Strichman system is the use of short focused
collimators (to yield inherent depth information in the raw data) together with a
scanning motion both 'in plane' and in 'depth of focus'. This process can be
viewed as two separate steps, one to gain lateral information and the other depth
information which are then combined in the reconstruction process. As shown
in Table 4.10, the collimator response can be modified to increase the accuracy
of localisation in one of these directions (but at the expense of localisation in the
other direction and a decrease in sensitivity). For cases of temporally and
spatially static radioactive distributions a significant improvement in image
quality may be attainable by a composite scan involving use of the full
collimator followed by subsequent scans with first the outer (for improvement
in lateral localisation) and then the inner (for improved depth localisation) holes
blocked. Alternatively a position sensitive detector could be used to view the
collimator, allowing information regarding where on the collimator the event
arose to be obtained. The development of a reconstruction technique to utilise
this improved data is beyond the scope of this thesis.
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4.7.3 Effects of Scatter and Energy Window.
Attempts have been made to develop reconstruction algorithms able to predict,
and hence eliminate, the scattered radiation present in the acquired data
(Axelsson et al,1984; Jaszczak et al,1984). Although these methods have (to a
limited extent) been successful in improving both visual image quality and the
accuracy of uptake measurement, they do not produce 'scatter free' data.
Therefore, even if these methods are to be employed, detection systems should
be designed to record the minimum amount of detected scattered radiation.
Comparison of the gamma camera and double focusing collimators (Figs 4.15
and 4.16) viewing line sources in scatter show the focusing system superior in
this respect. This is especially true for sources 'in focus' (where detection
efficiency is also at its highest), reaching a peak to scatter ratio of 35, compared
to the best value for the gamma camera of approximately 15. When the
extended, 'worst case' source is simulated the effect of off focus' activity (and
in particular scattered photons arising from it), reduces the peak to scatter ratio
for the double focusing collimator to a value nearer to that of the gamma
camera, although a slightly higher value is obtained in the 'wings' of the
response function. Indirect evidence supporting the reduced scatter component
present in data from the scanning devices has been obtained when attempting to
produce patient outline data in whole body scanning. One technique employed
in gamma camera tomography is to obtain images from a low energy window
(viewing only the scatter contribution), the outline of patient being well defined
by the outline of the reconstructed tomograms (Younes et al, 1988; Macey et al,
1988), this technique proved unsuccessful for the Cleon whole body scanner,
the above data suggests that this is due to the relatively low proportion of
scattered radiation detected.
The effect of energy window on the quality of tomograms has been reported
(Jarritt et al,1980). Figure 4.17 shows that the application of a 170-130keV
window on data obtained from a source of 140keV photons increases the peak
to scatter ratio approximately threefold compared to the raw, non-discriminated
data. This improvement in raw data explains the higher image quality obtained
when a well chosen energy window is used during data acquisition and
suggests that the advantage in peak to scatter ratio for the scanning device over
that of the gamma camera may well be significant
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CHAPTER 5

PREDICTION OF
RECONSTRUCTED IMAGE
QUALITY
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5.1 Introduction.
One reliable technique for predicting the image quality that a system will
produce is to develop a method of determining the data which the detector(s)
will obtain during the acquisition phase and to then use this as input to the
reconstruction algorithm which the system employs to form the image.
This simulation of data acquisition for a system requires the generation of the
full collimator response function followed by determination of the data this
would produce when viewing an object. Although this data can then be used to
produce the images expected, its generation is lengthy (due to the requirement
of predicting the full collimator response) and hence impractical if a large range
of collimator configurations are to be tested.
In the previous chapter the concept of 'worst case' sources was developed with
the aim of predicting the image quality from a much reduced collimator
response. This reduced response can be generated relatively quickly and hence
allows many configurations to be tested. However, reconstructed image quality
will only be accurately predicted in this way if the assumptions made in sections
4.3 and 4.4 of chapter 4 regarding the 'worst case' source distribution are
realistic.
To test these, and to obtain visual and quantitative assessments of system
performance, the responses of two collimators (derived using the methods
described in the previous chapter) were used to form sets of expected raw data
from known objects. Noise was included in this data before it was
reconstructed using standard, proprietary, software (Stoddart and Stoddart,
1992). Analysis of the reconstructed images yielded data indicating how well
the improved collimator response was reflected in the final image, and hence the
suitability of the assumptions made regarding the 'worst case' source. This
process was carried out only for the short focused scanning detector system as
the analysis in section 2.6 (chapter 2) and the discussion in section 4.7 (chapter
4) showed this device to have the most potential for accurate image
quantification in the brain.
The collimators simulated in this method were:
a) Those presently fitted to the Strichman 810 system
b) Higher resolution collimators (with a 'worst case' response of 6mm), termed
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6mm collimators in this chapter.
The data from the Strichman collimator allowed direct comparison with practical
measurements (for verification of the method) and those from the higher
resolution collimator demonstrated improvements obtainable in comparison to
the existing equipment. It should be noted that the filters used in the
reconstruction process were not perfectly matched to the response of the
improved collimator (they were the closest available from the set supplied with
the present reconstruction software) and so some degradation of image quality
must be expected.

The following sections describe:
a) The test objects used (section 5.2).
b) The method for generating the simulated raw data (section 5.3).
c) A description of the reconstruction algorithm used to form the
tomographic images (section 5.4).
d) Analysis of the predicted results and the quantification ability
expected from a system fitted with improved collimation (section 5.5).
The convolutions and simulation of noise were performed in FORTRAN on an
IBM PC (AT), and the data transferred via a serial network to a Macintosh IIx
for image reconstruction and subsequent analysis.

5.2 The Test Objects.
The three brain slices described in section 2.4 (chapter 2) were used as
simulated physiological test objects with a grey to white matter flow rate (ie
relative specific activity) of 4:1. In addition, two physical phantoms consisting
of activity free cylinders placed in a constant specific activity background were
simulated. The difference between these two phantoms ('Phelps' and 'Anger')
lay in the distribution and size of the cylinders, the phantoms are shown in
Figure 5.1.

134

o
o
o9

tf

OSÇO Oa RÇOOO

o

Phelps P h a n t o m

Anger P h a n t o m

Figure 5.1 The Anger and Phelps Phantoms.
The overall diameter of each phantom is 19.5cm.
The radii of the Phelps cylinders are 15, 10, 8, 7, 5,4, 3 and 2mm.
The diameters of the Anger cylinders are 10, 8, 6, 5 and 4mm.

5.3 Raw Data Formation.
5.3.1 Noise Free Data.
For this simulation each test object was pixelated on a 128*128 matrix,
corresponding to a pixel size of 1.56mm, the same as used on the Strichman
system. This may have introduced aliasing errors for the smallest object sizes.
Simulated raw data for a 12 detector system was generated with each detector
performing 12 scan lines (each 20cm long) covering half of the depth of the
object (as described in Section 1.3.2, Chapter 1). Data were obtained in 128
steps (each corresponding to 1.56mm) along the scan line. The position of the
detector focal plane during each scan line is shown in Figure 5.2.
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Figure 5.2 Detector focal plane position during each scan line of the Strichman
810 brain scanner.

Five further data sets were then generated by the same method but with the
object rotated anticlockwise in steps of 30 degrees. These six views
corresponded to the phantom as seen by each detector pair in their own
coordinate system (x axis along direction of movement during a scan line, y
axis perpendicular to this direction).
The collimator line source response defined in section 4.4.2 (chapter 4) was
used together with the simulated object to form the raw data. In all, 12
collimator responses (in scatter) were required, one for each scan line. The
response differed for each scan line due to the varying depth of the focal point
in the scattering medium. The responses were determined on a matrix with the
same pixel size as the object, with 21 pixels across the response (x axis) and
128 in the depth of focus (y axis). Generation of each raw data point involved
convolution of the collimator response with the object using Equation 5.1:

128 21

R(x,lin,det) = Z Z C(i,j,lin) * OM(x-ll+i,j)
j=l i=l
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Eq. 5.1

where:

R(x,lin,det) is the x'th raw data element of the lin'th scan line for
detector number det.
C(i,j,lin) is the i'th x element, j'th y element of the collimator
response for the lin'th scan line.
OM(i,j) = 0(i,j) if 129 > x-11+i > 0 and
= 0 if x-ll+ i< l orx-ll+i>128
0(i,j) is the i'th x element and j'th y element of the object for
detector number det.

The process was repeated for the second detector in the pair using Equation 5.2
(the y coordinate in this convolution is reversed to account for this detector
scanning from the opposite side of the object).

128

21

R(x,lin,det) = S SC (iJ,lin) ♦ OM(x-ll+i,129-j)
j=l i=l

Eq. 5.2

where the parameters are as defined above for Equation 5.1.

Raw data for the six detector pairs were generated by the same technique using
each orientation of the object in turn.
After the convolution, the raw data consisted of 12 sets (detectors) of 12 lines
(detector steps), each containing 128 data points. The absolute value of each
data point was arbitrary, depending on the absolute values placed in the object
and collimator response, only the relative values being important. Realistic
simulated raw data values were obtained by scaling these initial values
according to Equation 5.3, enabling data to be obtained for any required total
raw count.

Rscaied(^»li^»^®l) = [R(x,lin,det) * Required total raw count]
128

12

12

j l i S k S R (j,w
1
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Eq. 5.3

The raw data sequence was rearranged and file headers were added to make the
data compatible with the reconstruction software.

5.3.2 Simulation of Random Noise.
The data derived by the method described in the previous section were noise
free. To generate information containing random noise at a level consistent with
each scaled data value, the count was assumed to be the mean of a Gaussian
distribution and a different (random) point was then chosen from this curve.
Assuming that the noise free data point was Nf, then the count probability
[P(N)] associated with it was:

P(N) = (27uNf)-l/2 . [ exp -{(NrN)2 / 2Nf}]

Eq. 5.4

where P(N) is the probability of a count N being obtained.

The cumulative probability at count

(ie the probability that a count on the

distribution lies between 0 and N„) is given by:

N„
(2jcNf)-l/2 f

[exp-{(N(-x)2/2Nf}]dx

Eq. 5.5

0
Hence the noisy data point (N„) can be found by generating a random number r
(as described in section 3.4.2, chapter 3) and using the equation:

Nn
r = (2nNf)-l/2 I [ exp-{(Nfx)2/2Nf}] dx

Eq. 5.6

0
to calculate
This method was used to generate sets of noisy data corresponding to total
acquired counts ranging from 50K to 50M, each data set containing 12*12*128
data points.
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5.3.3 The Collimators Simulated.
The collimators presently fitted to the Strichman 810 system were simulated so
as to allow direct comparison of the predicted data to that actually acquired
during scanning. This data also served as a base point for assessment of
possible improvements obtainable via changes in collimation. In Chapter 2 it
was shown that an ideal collimator can only be defined when both the imaging
parameters and the size of region over which quantification is required are
known. There is, therefore, no 'best' collimator for the system. However, to
assess whether collimator improvements are reflected in the reconstructed
images obtained, and to see how well the 'worst case' source of Chapter 4
predicts image resolution, data acquisition with a 6mm resolution collimator
(worst case source) was also simulated. The choice of 6mm was made for the
following reasons:
a) A collimator significantly different from that fitted to the Strichman 810
(9mm worst case) was required to test the simulation at two resolution values.
As the analysis of chapter 2 showed the system to be under resolved in all
practical situations, a higher resolution collimator was chosen.
b) Figure 4.11 (Chapter 4) suggests that below 6mm the collimator sensitivity
falls sharply with little improvement in resolution. This shoulder effect is seen
more clearly in Figure 4.8 at 4mm resolution. The difference in the resolution at
the shoulder point for the two curves lies solely in the radiation source
simulated (Figure 4.11 represents the 'worst case' source whilst Figure 4.8 has
been derived from point source data). The collimator parameters (hole size is the
only variable for these curves) at which the shoulder occurs are the same in each
case, the collimator chosen for raw data simulation lies at the start of the
downslope from the shoulder.
c) Image reconstruction is presently performed (see section 5.4) on a matrix
with 1.56mm pixel size. This is also the matrix size assumed for the raw data
input. Therefore data acquired from a 6mm collimator will be largely free of
pixelation problems. However, higher resolution data will begin to suffer from
this effect and extensive adjustment of the reconstruction software would have
been required.
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d) Production of a collimator with better resolution would require a smaller hole
size (whilst keeping the same length and septal thickness), this is not considered
feasible with present manufacturing technologies.
For a typical cerebral blood flow study using ^ ^ T c labelled HMPAO, a 6mm
resolution image represents the best case for quantification of a region
approximately 11mm in diameter (Table 2.6, Chapter 2).
The physical parameters of the two collimators used for this part of the
investigation are shown in Table 5.1.

6mm Coll

810 Coll
10.45
17.10
26
22

Crystal Size (in plane, cm)
Crystal Size (between plane, cm)
Number of Holes (in plane)

13.50
21.50
60

Number of Holes (between plane)

40
0.2

0.72

24.45
9.65
15
130-170

25.0
10.0
15
130-170

Septal Thickness (mm)
Collimator Focal Length (cm)
Collimator Length (cm)
Energy Resolution (%)
Energy Window (keV)

Table 5.1: Parameters for collimators and detectors used in the simulation of
data acquisition.
(Note that the present collimator does not utilise the full crystal area of the
detector, hence the increased size for the 6mm collimator which does use the
whole of the crystal).
The response of these collimators for each of the 12 lines of data acquired are
shown in Figures 5.3 and 5.4.
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Figure 5.3 The 6mm collimator response functions.

Figure 5.4 The Strichman 810 collimator response functions.
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5.4 Image Reconstruction.
The scope of this thesis did not allow for the development of a reconstruction
process specifically aimed at taking full advantage of the improved collimator
performance. Existing software, developed for the Strichman 810 brain
scanner, was used (Stoddart and Stoddart, 1992). This allowed high resolution
filters to be chosen for use with the new collimator design. However, these
filters were not specifically matched to the response of the high resolution
collimator.
The reconstruction technique, although in some ways similar to the standard
filtered back projection method used for gamma camera studies, makes use of
the inherently tomographic nature of the raw data. This information is utilised
by the simple assumption that all data acquired during a scan line arise from a
line of activity in the object positioned at the focal depth of the collimator. An
approximate image is first determined by a modified back projection technique,
the result is then modified by iteration to produce the final result. The steps
involved in the reconstruction are outlined below.
Step 1: Data Alignment (Offset Correction).
In order to combine the data from each detector the geometrical relationship
between them must be known. This is achieved by a calibration step in which a
line of activity is placed perpendicular to the imaging plane at the geometrical
centre of the scanning gantry. A scan is performed and the x position of the
peak count rate (in pixels along the scan line) is determined for each detector.
From this data an offset which will restore this peak position to the ideal value
of 64.5 (the centre of the scan line) is calculated for each detector. This shift is
applied to the subsequent scan data as the first step in the reconstruction
algorithm.
Step 2: Efficiency Correction.
There will be some inherent sensitivity variations between the twelve detectors
due to differences in both intrinsic detector performance and collimation.
Relative efficiencies are measured by scanning a circularly symmetric source
centred in the gantry and measuring the counts acquired by each detector. Any
symmetrical source may be used for this purpose, but one exhibiting a similar
activity distribution and scatter fraction to the sources to be subsequently
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imaged will produce the most appropriate results. From this data efficiency
corrections (basically the inverse of the counts recorded) are calculated and
applied detector by detector to all subsequent data acquired.
Step 3: Combination of Opposing Detectors.
The twelve (^electors are arranged in angular pairs, each member of the pair
acquiring data from only half of the object. Combination of the data from the
pair (each scanning 12 data lines) produces six projections (ie planar data
obtained at a given angle through the object) consisting of 24 data lines each
with 128 data points.
Step 4: Attenuation Correction.
This step attempts to correct for the different attenuation suffered by photons
arising from various positions within the source. It takes the form of a matrix of
factors (each point in the matrix representing the correction for a given detector
position during acquisition) which have been derived for a 20cm diameter
cylindrical source of uniform attenuation. This step clearly represents only an
approximation to the true situation, the source size and shape being only
approximate and no account being made for the presence of more than one
attenuating medium. The correction process simply involves multiplication of
the raw data matrix with the correction matrix on a point by point basis.
Step 5: Data Smoothing.
This step is performed to reduce the noise level present in the final image.
Increased smoothing reduces spatial resolution and so the optimum degree of
smoothing is dependent on the number of photons detected during acquisition
and, for this reason, is selectable by the user. Smoothing is performed one
dimensionally along each scan line and involves calculation of the weighted
mean of each pixel and those immediately surrounding it. The degree of
smoothing requested determines the weighting factors given to each point
included in the smooth (the less the smoothing the more the weight given to the
central points).
Step 6: Filtering.
If filtering is not included in the reconstruction process then the image obtained
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will represent the convolution of the object with the point spread function of the
detection system. This problem can be accounted for by deconvolution of this
degraded image with a two dimensional filter function. However, for a linear,
shift invariant system it can be shown (Barrett and Swindell, 1981), that for any
circularly symmetric, two dimensional convolution filter there exists a one
dimensional function which, when convolved with each projection in turn
(before back projection), produces the same final image. Despite the limitations
of the Strichman system regarding shift invariance and circular symmetry, this
one dimensional filtering technique is applied to the raw data.
Step 7: Rotation and Interpolation.
Before the data from a pair of detectors (projection) can be used to produce an
image they must be rotated to lie in the geometrical orientation from which they
were acquired (until now the data have been stored and manipulated in the
reference frame of the detector pair rather than in real space). During this
geometrical rotation the data is interpolated from 128*24 to 128*128.
Step 8: Merging Projections.
Following the rotation step 7, the projection data are combined by simple matrix
addition to form an image. After the addition any negative image points (which
may be produced in the filtering step - generally around the edge of high count
areas) are set to zero and the total image count calculated. The image is then
normalised such that this total pixel count is equal to the number of photons
detected during data acquisition. This normalised image (referred to
subsequently as the first order image) is used as the start point for the iterative
process.
The next steps form the basis of the iterative correction to the initial image. This
process may be repeated as many times as required, however, generally only
between one and three iterations are used.
Step 9: Edge Detection.
The edge of the image is detected by a simple thresholding method. A best fit
ellipse to this outline is calculated and used in the subsequent attenuation
correction (step 10).
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Step 10: Raw Data Prediction.
The raw data which would have arisen from the first order image is calculated
by its convolution with the known collimator response. Attenuation, again
assuming a homogeneous medium, but now with the shape determined in step
9, is included in this calculation. This process is repeated for each raw data
point of each detector (ie 128*12*12 convolutions).
Step 11: Error Calculation.
The difference between the raw data predicted in step 10 and that actually
acquired (having been corrected for offset and efficiency) is next calculated to
produce the error data.
Step 12: Error Image Formation.
The error data are now reconstructed using steps 3 to 8 above (but without
zeroing the negative image pixels) to produce an error image.
Step 13: Iterated Image.
The error image is subtracted from the first order image to produce a first
iteration image.
The process described in steps 9 to 13 may now be repeated until (in theory) the
error image is reduced to zero. In practice, although partial convergence of the
iterated images will take place there will always be some residual discrepancy
due to noise and non perfect simulation of data detection by the convolution step
10. The iterative procedure is therefore terminated before full convergence
(typically after two iterations). There is no fixed criterion for terminating the
process, time and the extent of visual changes in successive images being the
factors considered.
The image reconstruction procedure is shown schematically in Figure 5.5.
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Figure 5.5: The Strichman 810 reconstruction procedure.
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5.5 Predicted Results.
The five test objects were convolved with the predicted high resolution
collimator responses, and, for comparison, with responses derived for the
existing Strichman 810 collimators. A range of noise levels were simulated, and
those corresponding to lOOK, 2.5M and 50M total acquired raw counts were
chosen to illustrate the results, these are shown in Figures 5.6 - 5.10.
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Figure 5.6: The Anger Phantom Images.
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Figure 5.7: The Phelps Phantom Images.
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Figure 5.8: Brain Slice 1 Images.
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Figure 5.9: Brain Slice 2 Images.

Figure 5.10: Brain Slice 3 Images.
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Quantification of the data was obtained for the brain slices by drawing small
regions of interest over areas corresponding to grey and white matter (as
described in Section 2.4, Chapter 2) and calculating the count ratio between the
two areas. The ideal value for this ratio was 4.0. The results for the high count
images (ie those for which variations due to statistical noise were effectively
eliminated) are shown in Table 5.2.

Slice 1
3.20

New Collimator
Existing Collimator

Slice 2
3.72

Slice 3
3.84

3.28

3.18

3.00

Table 5.2 Uptake Ratios for the Brain Slices

In the case of the Phelps phantom, small regions of interest were placed over
the centre of each cylinder, and the count compared to that of an equivalent
region placed over the background, the ideal value for this ratio was zero. The
results of this analysis for the 50M count images are shown in Table 5.3.

15mm
6mm 0.01
810 0.08

10mm 8mm
0.24
0.40
0.48
0.63

Cylinder Radius
7 mm
5mm
4 mm
0.49
0.72

0.71

0.82

0.85

0.88

3mm

2mm

0.95
0.91

0.96
0.99

Table 5.3 Simulated cylinder to background ratios for the Phelps phantom.

Following the method of analysis described in section 2.5 (chapter 2), the
theoretical value for this ratio is given by:

Jjc/2 Joo [{4exp(-r2/2a2))/{2jc<T2}]r.dr.d0
0

Eq5.7

R/2

= exp (-R2/8a2)
= exp

Eq 5.8

(-0 .6 6 R 2 /R g 2 )
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This equation can be rearranged to the form:
Ln(Uptake Ratio) = (0.66/Rg^) x (R^)
Values of Ln(Uptake Ratio) as ordinate versus R^ as abscissa are plotted in
Figure 5.11.
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Figure 5.11 Analysis of Phelps phantom simulations.

The equations for these two lines are:
New Collimator: y = 0.015x - 0.043
Old CoUimaton
y = 0.007x - 0.003

(r^ = 0.998)
(r^ = 0.994)

Eq 5.9
Eq 5.10

which yield resolution values (slope = 0.66/Rg^) of 6.6mm and 9.7mm
respectively for the new and old collimators.
A Phelps phantom was imaged with the Strichman 810 brain scanner, acquiring
three sets of raw data containing lOOK, 2.5M and 50M counts as for the
simulation. The phantom was similar, but not identical to the one simulated, it
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contained 7 rods of radii: 15,12,10,7,6,4 and 3 mm, with the largest rod at the
centre of the phantom and the rest equally spaced at a radius of 6cm. These data
were reconstructed with the same filter used in the above simulations and with a
lower resolution filter, the resulting images are shown in Figure 5.12, and the
count ratios in Table 5.4.

810

15mm

12mm

0.09

0.23

Cylinder Radius
10mm 7mm
6mm
0.44

0.67

0.74

4mm

3mm

0.81

0.90

Table 5.4 Measured cylinder to background ratios for Phelps phantom.
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Figure 5.12 Phelps phantom imaged on the Strichman 810 system.
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5.6 Conclusion.
The results described in section 5.5 from the simulation of the collimators
presently fitted to the Strichman 810 system show that it is possible to
realistically simulate the complete acquisition process of the scanning detector
system. System response may therefore be predicted by this technique for
various collimator designs without the need for physical experimentation.
However, this is a lengthy procedure which could not easily be carried out to
test all possible collimator configurations, a faster technique was therefore
required.
In Chapter 4 the concept of a 'worst case' source was introduced. The aim of
this development was to allow the prediction of image quality from a reduced
collimator response function. If successful this would eliminate the need for fuU
simulation of the collimator response function and data acquisition process and
hence save considerable time, allowing many collimator configurations to be
tested. The analysis performed in section 5.5 tested the method. Resolutions
(obtained from the images of a complex object) of 6.6mm and 9.7mm were
found for data acquired with collimators having 'worst case' resolutions of
6mm and 8.5mm respectively. The slightly poorer than predicted values may in
part be explained by the use of reconstruction software not optimised for the
collimator parameters. However, these results show that image quality can, to a
large extent, be predicted from the simplified collimator response functions
alone, even for complicated, double focusing devices.
It has therefore been demonstrated that improved collimator resolution facilitates
similarly improved image quality and quantification accuracy. This is true as
long as resolution is carefully defined and allows expected image quality to be
predicted from simple collimator resolutions which can be simulated in a
reasonable period of time (1 to 2 days). Testing of a wide range of collimator
configurations is therefore feasible, the 'worst case source' proving to be a
powerful and practical concept
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CHAPTER 6

DISCUSSION AND
CONCLUSION
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This final chapter reviews the scope of the thesis and discusses the general
results and implications of the preceding chapters. Detailed analysis of each set
of results has been included with each chapter.
The overall aim of the thesis has been to investigate the limitations to
quantitative accuracy of SPECT devices and the ways in which systems should
be designed to minimise the overall effect of the errors involved. In particular,
the effect of the collimators and methods for their accurate design have been
studied. The thesis has concentrated on the measurement of the human brain
and skull, however, the methods developed may be adapted to any situation.
Suggestions for continued development of this work are also given.

6.1 Type of Tomographic System Required.
Before the detailed design criteria for a tomographic system can be investigated,
a decision must be made regarding the type of instrument required. The choice
to be made in the case of brain scanning is between systems, usually based on
gamma camera technology, which measure the whole brain volume at once and
those, usually based on multiple scintillation probes, which do not. The latter
systems vary in the number of slices which they acquire at once, but all require
movement of the patient to measure the whole brain. For studies requiring
information from the whole brain, there is no significant performance difference
between the best modern versions of each type of instrument (George et al,
1991). However, gamma camera devices, especially those offering fixed
geometry, (ie the Neurocam marketed by International General Electric) allow
easier patient positioning and are the instruments of choice for this type of
study. Only in cases where a single (or very limited number) of slices are
required do the single-slice machines offer significant advantages. For such
studies, involving either the long term time course of a radiopharmaceutical, or,
more critically, fast kinetics ( demanding slice times of one minute or less), the
much higher single slice sensitivity of these devices becomes vital. Similar
studies are impossible even with multi-head gamma camera systems. Dedicated
systems (be they gamma camera or probe based), can offer significant
advantages both in performance and ease of patient set-up over standard gamma
camera systems with tomography as an 'add on' extra. The inability of such
systems to perform conventional imaging may not be a disadvantage if the
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tomographic patient investigation load is high or within research environments.
A major limitation of most of the single-slice machines (or at least in the way
they are normally used) is the relatively large spacing between slice centres,
normally 1cm or more, making slice reorientation impossible, or at best very
crude. These large slice spacings are chosen due to the poor resolution of these
systems in the between slice' direction. Slice orientation must therefore be set
at data acquisition time, which is very difficult and may lead to inefficient or
uncomfortable patient positioning leading in turn to movement artefacts.
Considering these factors, at the present time a gamma camera system
(preferably of fixed geometry) should be used for brain SPECT unless there is
an overriding factor not to. However, as has been shown in this thesis (chapter
2, section 2.6) and will be discussed later in this chapter, there is significant
room for development and improvement of multi-detector systems, which in the
future would make them the instruments of choice for all high quality
tomographic studies of the brain. Due to this fact, the thesis has, in the main,
concentrated on this type of system

6.2 Image Analysis.
At the present time a large proportion of image analysis depends on visual
interpretation. Different display devices, changes in image display mapping and
viewing conditions can greatly affect the appearance of an image, which, when
added to the variability of the human observer, means that no 'best' result exists
for a given investigation. However, as radiopharmaceuticals have improved and
begun to trace important biological functions in a quantitative manner, a move to
a more quantitative, observer independent, analysis would have been expected.
At the present time the lack of widespread use of this type of analysis reflects
the relatively poor spatial performance of even the latest gamma ray imaging
devices, making it impossible to accurately define the edge of small structures
of interest in the brain. This limitation may be overcome by superposition of
data from a different imaging modality (ie x-ray computed tomography or
magnetic resonance) (Fleming,1989) on the emission image, the regions then
being defined on this second data set. Purely technical (ie the methods of data
communication, pixel scaling, slice orientation) and organisational problems
have so far limited the applicability of this method. Alternatively it may be
possible to modify reconstruction filters to first obtain an image on which the
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areas of interest (or at least their centres) can be determined followed by a
subsequent reconstruction to obtain the best quantitative data possible. A further
method for dynamic studies may be to outline regions not geometrically, but
functionally, using principal component analysis. Whichever of these methods
prove to be successful, it is clear that future systems should be designed with
quantitative accuracy rather than visual image quality as the major consideration.

6.3 Design Criteria and Implementation.
The design of a SPECT system largely revolves around a trade-off between
resolution and sensitivity. Non perfect resolution and sensitivity both produce
erroneous determination of uptake, their relative importance depending on count
density and object and region size. The concept of critical resolution developed
in chapter 2 showed that for any given situation there exists a critical system
resolution at which the overall quantification error is a minimum, this is the
resolution for which the system should be designed. The initial determination of
the ideal system characteristics can be made without reference to its precise
design, being determined only by the gross properties of the system together
with a knowledge of the uptake of the radiopharmaceutical, its kinetics and the
expected number of detected photons (with consideration of the radiation dose
to the patient and the imaging time). The assumptions made involved the way in
which sensitivity varied with resolution (which was verified in chapter 4,
section 4.7) and the noise characteristics of the system (Walmsley, 1990). This
critical resolution was shown to depend on the uptake characteristics of the
radionuclide, the activity administered and the size of the object for which
uptake is to be quantified. For the case of rCBF measurement using HMPAO,
this analysis led to critical resolutions for a 1cm object of 5.2mm, 6.6mm and
5.5mm for scanning detector, single-head and triple-head gamma camera
systems respectively. The technique may be applied to any situation where
approximate uptake values are known. It is interesting to note from chapter 2,
section 2.6 that relatively small changes in critical resolution are found for
situations of quite widely differing uptake. This analysis shows the scanning
system to offer the best potential for accurate quantification as the smallest
critical resolution and hence the smallest errors are produced, this being
particularly true for the small regions of interest encountered in the brain. Also
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of note is the fact that for most objects of interest in the brain, current probe and
triple-head camera systems are substantially under-resolved, single-head camera
systems, however, are near to their critical resolution.
Often, quantification of activity is required for different sized objects
(sometimes within the same reconstructed slice) as well as for different studies
exhibiting different uptake characteristics. Each of these situations ideally
requires a slightly different system response, clearly not practical from the
detection point of view (as each would require a different collimator). Within
the range of object sizes and uptakes which the system must measure, a choice
has to be made as to which to optimise the system for. In any image
(irrespective of the system resolution), the smaller the object the greater the
quantification errors associated with it. However, due to the partial volume
effect (chapter 2, section 2.5) this trend increases dramatically as the object size
becomes comparable with, or smaller than, the system resolution. The system
should therefore initially be designed to have the critical resolution for the
smallest object for which quantification is required. The system response can be
tailored for larger objects by altering the filtering applied in the reconstruction
process. This technique can be used to reduce the resolution of the system and
hence improve quantification for objects larger than those for which the system
has been optimised (although the result will not be as good as if the system had
been designed specifically for this larger object). If this causes too great a trade
off for the larger objects (these will inherently produce smaller errors than the
smaller objects) in the desired range then the range must be reduced or more
than one collimation system designed. For many practical cases in the brain it is
likely that the critical resolution will not be attainable due to manufacturing
limitations imposed on the collimator design (in the case of probe systems) or
intrinsic spatial resolution and collimator design (for gamma camera based
systems).
Having determined the resolution required and the type of system to be used,
the precise system design should now be considered. The system design can be
thought of as consisting of three distinct parts: the detector, the collimation and
the geometry of detector motion, each of which effects the overall performance.
The intrinsic properties of the detector systems used in radionuclide imaging
have improved significantly since their introduction. However, they are now
reaching the theoretical limitations imposed by their components (ie energy
resolution set by the light output of NaI(Tl) and the efficiency of photomultiplier
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tubes) and future improvements can be expected to be minor. For many
situations the intrinsic resolution of a gamma camera now makes only a small,
although not insignificant, contribution to the overall resolution at realistic
distances from the collimator face. Novel system motion patterns such as
elliptical orbits have been investigated for the gamma camera, but seem to have
found limited acceptance despite the improvement which such techniques
apparently offer. This may well be due to the extra complications involved in
setting up such acquisitions or to considerations of patient safety, especially in
the systems where the patient is moved perpendicular to the face of the detector
(which still performs circular motion) to produce 'quasi' elliptical orbits.
Shadowing may also cause problems for multi-head gamma camera systems.
The major area left for detector optimisation is the collimator which has a
significant effect on overall system performance, typically absorbing in excess
of 99.9% of the photons incident on it. Well designed collimation can produce a
tremendous improvement in system performance, a simple reduction in septal
thickness could produce a significant effect. The collimator also offers a
method of tailoring system response for different critical resolutions. This is the
main area studied in this thesis.

6.4 Collimator Modelling.
The classical method of collimator design (chapter 3, section 3.2) described by
Anger (Anger, 1964) is severely limited, being a purely geometrical technique
assuming straight line travel of gamma rays to calculate the size of the shadow
which a point source of photons casts on the detector crystal through a single
collimator hole. The technique has been improved (Muellehner, 1976; Beck &
Redtung, 1985) to deal with more complicated collimator types and to produce a
more realistic measurement of the full collimator transfer function, although as
yet focusing collimators have not been adequately covered. The effect of the
collimator as a set rather than one individual hole has also been studied (Gerber
& Miller, 1974, Keller, 1968). Whilst offering improved data these methods
still assume straight line paths and hence are unable to take into account the
effect of scatter. This inability to account for scattered radiation represents a
major limitation at the photon energies typically used in clinical radionuclide
techniques where more than 50% of the photons emitted from the human brain
undergo scattering before reaching the detector. A second, and perhaps more
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important, limitation of the classical data so far presented in the literature is that
it has not been applied to extended and complicated sources. To do this would
require a volume integration over the source, each point being subjected to three
weighting factors, the first representing the magnitude of the point spread
response function, the second the activity present at this point in the source and
the third the attenuation suffered by the photon during its transport to the
detector. Although theoretically possible this method would, at the very least,
be highly complicated and most likely impossible. A different method is
therefore required and should be able to account for:
a) Generalized collimator shapes.
b) Photon attenuation and scatter.
c) Sources containing different attenuating media.
d) Generalized activity distributions.
Whilst it may be possible to produce an analytical technique including the
probability functions for each type of interaction (which alter with energy) the
problem is more suitable for analysis by Monte Carlo techniques which have
been developed to solve problems involving probabilistic distributions. The
code developed for this thesis in chapter 3 handled photon tracking in an
analogue manner and allowed full flexibility over the size, shape and position of
attenuating media and regions containing radioactivity, the specific activity of
which could be freely varied. Other approaches divide the region to be imaged
into voxels, limiting the generality of the method as a finite (and often relatively
small) number of voxels may be used. Monte Carlo techniques can be time
consuming, in this case this problem is enhanced by the fact that the collimators
are inherently of low sensitivity, requiring many thousands of photons to be
traced to obtain adequate statistics. A technique often used to alleviate this
problem is that of ’enhancement' or variation reduction whereby photons which
become attenuated or scattered so as not to be detected are redirected and forced
for detection. At each redirection they are weighted to take account of this
process. This technique was not employed here as its validity and precise
method of implementation were not clear or intuitively correct, the weighting
factors reducing the probabilistic nature of the method (Yanch et al, 1992;
Ljungberg, 1990a). Furthermore, and most importantly, the required data could
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be obtained in a reasonable time by parallel use of several computers. The only
general conclusion regarding the Monte Carlo technique obtained was that the
’rejection technique' should be used for simulation of Compton scatter,
Carlson's method, which is far more efficient, produced distributions with
erroneous 'forward peaking' at the energies typical of radionuclide studies. At
the time that the code was developed many of the Monte Carlo 'packages' now
available (ie EGS4, Nelson, 1985; MCNP, Briesmaster, 1986 ) were not
available, in fact these packages cannot be easily adapted to deal with the
focusing collimators found in the scanning detector system studied. Methods
using pixelation for geometry are still generally unable to deal with collimators
where, due to the thin septa (which must occupy an integer number of cells) the
number of pixels required to set up the simulation becomes excessive (this
problem is worse for focusing collimators). The ability of the code developed in
this thesis to deal adequately with focused collimators is believed to be unique.
The simulation was fully tested for energy and positional response for both
parallel hole gamma camera and focused probe collimators.

6.5 Analysis of Collimator Response Functions.
The ability of the Monte Carlo technique to accurately predict collimator
functions offers many advantages, however it can also be a drawback in that the
amount of data generated may obscure the information that it contains. This
situation has been avoided in this thesis by the development of the novel
concept of 'worst case sources', which would exhibit the poorest expected
resolution for a given collimator/detector arrangement. This method was shown
to be able to predict the approximate resolution of a detector configuration from
a reduced collimator response to certain specific sources (chapter 4, section
4.1), allowing many collimator designs to be tested relatively quickly and an
approximate 'best' configuration to be found. The full point or line spread
response was then simulated to allow precise comparisons between collimators
with parameters ranging around this design so that a final choice could be made.
The full point spread functions were also needed for the convolutions and
deconvolutions performed later in the thesis (chapter 5).
The results from chapter 4 highlight how manufacturer's data can be completely
meaningless if quoted for inappropriate source distributions. This was shown to
be most marked for the focusing system where a collimator resolution, quoted
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for a point source, bears no resemblance at all to the resolution to be expected in
the final image. Likewise, a technique which designs collimators purely by
considering this, or similar, responses is unlikely to produce collimators ideal
for practical situations.
It was necessary to fully test the concept of worst case sources and to do this
the method was used to design a double focusing collimator with a resolution of
6mm corresponding to the critical resolution for a 13mm region in a typical
99mTc-HMPAO brain blood flow study. The double focusing device was
chosen as it was shown in chapter 2 to offer a significant potential advantage in
single slice quantification ability over even a three-headed gamma camera
system. The focusing collimator also offers a more stringent test of the design
software. For the method to be useful, the image reconstructed from raw data
produced by convolution of the full collimator response with a given object
should exhibit the resolution calculated from the reduced collimator response to
the worst case source. This verification is discussed in section 6.6 below.

6.6 Image Prediction.
The final section of the thesis involved assessment of the overall accuracy of the
method to see whether the predicted resolution values were indeed reproduced
in images. If it could be shown that improved collimator response facilitated
equally improved image resolution then the design technique would be proved
to be a powerful method of system characterisation. The line spread response
functions for the collimators designed for 6mm resolution were convolved with
source distributions representing different levels in the brain (to determine
image visualisation and quantification accuracy) and with a Phelps phantom to
assess resolution. The convolution was applied for the geometry involved in a
scan for the system so that realistic data were generated. Reconstruction was
then performed using proprietary software but with filters modified to be
appropriate (but not ideal) for the designed collimators.
Image resolution can be assessed in many ways, conventional methods can be
misleading as the results they produce bear no direct relationship to the clinical
situation. They are often made in unrealistic situations of, in particular, specific
activity and choice of reconstruction filter (usually an untruncated ramp) and
generally lead to much better results than can be achieved in a clinical
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measurement Whilst offering a means of comparing different instruments they
should not be used to infer the resolution expected in a clinical study. The
method developed in chapter 5, section 5.5, gave a much more realistic
measurement of resolution, being taken in scatter and attenuation conditions
similar to those found in clinical studies. The degradation of quantification
accuracy (caused by the partial volume effect) was used to calculate resolution.
It is exactly this quantity which is required to make realistic predictions of a
system's potential and not an abstract measurement made under unrealistic
conditions.
The results from chapter 5 show that image resolution can be accurately
predicted from the reduced collimator response to a 'worst case' source of
activity and that this therefore represents a powerful simplification to the
collimator design method.

6.7 Overall Conclusions.
A powerful and flexible Monte Carlo photon transport simulation has been
developed which yields results in excellent agreement with practical
measurements for both focused and non-focused collimators.
Presently available tomographic systems are significantly under-resolved for
most areas of interest in the brain.
A critical resolution can be determined for any system in any clinical
investigation if the size of the object of interest and approximate uptake
characteristics are known.
For the best quantification accuracy, the system should be designed to have this
critical resolution. There will always be some compromise necessary to cover
the wide range of objects of interest and isotope uptake characteristics
encountered due to the limited number of collimators practically available.
Collimator parameters necessary to produce a given image resolution can only
be determined by a method including the effects of scatter, Monte Carlo
simulation being successfully applied in this thesis. Results from this simulation
agree well with measurements made with existing collimators.
Full simulation of collimator point spread function (PSF) is needed for some
applications, but a reduced response to specific sources (the 'worst case
source') has been shown to be sufficient to determine the collimator parameters
required to produce a given image resolution. The advantages of this method are
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a great reduction in computing time for the simulation and a greatly reduced
amount of data to analyse and assess. Simulation by this method for presently
available collimators showed good agreement between predicted and measured
resolutions.
With presently available systems there is little to choose between the best
examples of gamma camera and probe based systems when imaging the whole
brain. Only when fast imaging of a single slice is required do multi-detector
probe systems show an advantage. However, critical resolutions for the probe
system studied in detail (Strichman 810 / NeuroSpect 900) are significantly less
than those for gamma camera systems. If fully developed these are therefore the
systems of choice for high accuracy SPECT.
The measurement of system resolution is not trivial if the results are to be used
to predict expected accuracies rather than just as a means to compare different
systems. The measurements must be made at realistic count densities and under
realistic conditions of attenuation and scatter. The aim of improved resolution is
to reduce the partial volume effect, and hence the novel method developed in
this thesis to predict resolution from the results obtained from a Phelps phantom
appear to be particularly appropriate. The results from this phantom showed that
the resolutions predicted from the reduced collimator response were transferred
into the image obtained.
Image resolutions of better than 6mm are attainable using a multi-detector probe
system to image the brain. This resolution is not feasible for a gamma camera
based system, and even if such a system were developed it would be over
resolved (ie the trade-off between noise and resolution would be such that the
overall error would be much larger than needed).
6.8 Future Work.
The quest for accurate quantification of radionuclide distributions in the brain
requires firstly accurate and appropriate data collection and secondly
development of suitable reconstruction methods. This thesis, in the main, has
dealt with data acquisition and has developed and verified methods by which
suitable collimator performance parameters can be determined and the
collimators then designed. Without this step development of sophisticated
reconstruction techniques will never produce the best possible results.
A possible development of the multi-detector system lies in the detector rather
than the collimator. At present no positional information is obtained from the
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detector itself. Although it is unlikely that Anger camera technology could be
applied successfully at reasonable cost, the recent development and availability
of position sensitive photomultipliers tubes offers a possible solution to the
problem. This would allow either a multi-slice system to be developed (with
collimators focusing only in the 'in plane' direction), or, more interestingly, the
development of a true 3D reconstruction with the double focusing collimators.
Much scope exists for work into both the hardware and software required for
this development.
Future work should also be concerned with image reconstruction and here the
major problems lie with attenuation and scatter. Although many methods have
already been described (Ljungberg et al, 1990c), none have offered an accurate,
general, solution to the problem. Work should concentrate on methods of
determining the attenuation coefficients within the region of interest. This may
be by the approach of a transmission image on the gamma camera (Bailey et al,
1987; Bailey et al; 1992) or by superposition of data from a CT image
(Ljungberg, 1990b; Fleming, 1989). Following this, accurate reconstruction
can be made only with reference to scatter and attenuation, the most promising
technique being that of inverse Monte Carlo simulation (Floyd et al, 1985b),
possibly using an image generated by filtered backprojection as a starting point.
This method, although time consuming, offers potentially accurate
quantification of uptake using raw data obtained from a well collimated
scanning probe system. Such a reconstruction has the added advantage of being
truly three dimensional rather than representing the three dimensional
distribution as a series of two dimensional slices. Such developments would
allow the accurate determination (within 10%) of radiopharmaceuticals within
brain regions as small as 15mm.
One of the goals of SPECT is the absolute quantification of uptake of a
radiopharmaceutical within the body. This thesis has shown that it is possible to
design systems to produce the raw data necessary to accomplish this and the
way in which such systems should be designed. Improved reconstruction
techniques, as described above, would allow these data to be used to form high
quality tomographic images.
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