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Abstract

Introduction

The quantification of clinical images provides a useful adjunct to visual assessment in the
differentiation of disease processes. In nuclear medicine imaging, the accurate
quantification of Single Photon Emission Computed Tomography (SPECT) data is
challenging due to limited spatial resolution and the corrections required for photon

attenuation and scatter.

Specific radionuclides used in SPECT imaging, such as lodine-123 (23]), pose additional
challenges to quantification due to their complex decay schemes. 123| has a predominantly
low-energy photon emission of 159keV. However, 23] also has high-energy emissions
which, due to septal penetration, are detected within the imaging window. Consequently,
absolute quantification of 23] SPECT is not current clinical practice and remains a

specialist task.

A novel reconstruction correction scheme has been developed by Hermes Medical
Solutions which incorporates Monte Carlo simulation of photon interactions in both the
patient and the detector system. This Collimator and Detector Response Modelling
(CDRM) algorithm has the potential to enhance image quality and, therefore, the
quantitative accuracy of 123 SPECT studies. This thesis aims to optimise 23] SPECT
quantification using advanced reconstruction algorithms and, furthermore, to assess the

clinical applications of these optimised techniques.

Method

With the ultimate aim of optimising quantification of 1231 SPECT, work was undertaken to
assess SPECT spatial uniformity, spatial resolution, contrast recovery, noise and scatter
suppression. This work was used to specify the optimum collimator and reconstruction

parameters required for accurate quantification.

Using these parameters, absolute quantification was then assessed for accuracy with
regard to neurology and oncology studies. The utility of Standardised Uptake Values
(SUVs) was evaluated in 123]-DaTSCAN patient studies. Furthermore, human observer
studies were used to verify the findings of the quantitative assessment.



Results

Phantom studies demonstrated that Low Energy High Resolution (LEHR) collimators
provide superior image quality for neurology applications where spatial resolution is
essential. However, when imaging the torso, this work showed that Medium Energy
General Purpose (MELP) collimators, with advanced reconstruction, can improve contrast

recovery, noise characteristics and scatter suppression when compared with LEHR data.

The accuracy of quantifying activity concentration for neurology studies was optimised
using the novel CDRM correction scheme (measured activity concentration within +10% of
true concentration). However, the accuracy of quantification in torso studies was shown to
vary with lesion location in the Field of View (FOV). Therefore, neurology studies were

identified as the best candidates for absolute quantification.

In a subsequent evaluation of patient studies, measuring the mean SUV of the putamen in
123]-DaTSCAN studies marginally outperformed Hermes Medical Solutions BRASS™
automated analysis application with regard to the differentiation of normality. Direct
quantitative assessment has the advantage that it removes the requirement for a normal

database.

Furthermore, the evaluation of clinical patient 123]-DaTSCAN studies by human observers
demonstrated almost perfect agreement in diagnosis for the novel CDRM reconstruction
correction scheme (Kappa coefficient=0.913). Image quality for the CDRM scheme rated

significantly higher than current clinical practice (p-value<0.01).

The torso phantom observer study suggested that optimised reconstruction of MELP data
demonstrated superior image quality and lesion detectability when compared with LEHR

reconstructions.

Conclusions

For 123]-mIBG oncology studies, including quantification of serial studies, data should be
acquired with MELP collimators and reconstructed with advanced corrections for
attenuation, scatter and depth-dependent spatial resolution. However, quantification of 123
SPECT body section images for inter-patient comparison is not feasible due to variable
accuracy with lesion location in the FOV.

Absolute quantification of 1231-DaTSCAN studies, acquired with LEHR collimators, can be

performed routinely with sufficient accuracy using the novel CDRM algorithm.
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Chapter 1: Introduction

In an ageing population, the incidence of neurodegenerative disease, cancer and heart
disease is increasing. Early and accurate diagnosis of disease enables the determination
of the most appropriate therapy, which may then improve patient well-being while also
reducing the burden on the health service. Gamma camera imaging facilitates non-
invasive mapping of radiopharmaceuticals administered to patients for diagnosis of these
disease processes. Tomographic gamma camera imaging allows a 3-dimensional
representation of the radionuclide distribution. This representation can greatly enhance
image interpretation as it improves image contrast and allows overlapping objects to be

differentiated.

Quantifying gamma camera Single Photon Emission Computed Tomography (SPECT)
data could offer further advances in the management of patients. Specifically, in the
diagnostic setting, quantification can be used with serial scans for the assessment of
response to therapy, for differentiation of neurodegenerative diseases, for measuring
cerebral and myocardial blood flow, and for pre-surgical assessment of lobar function in
lung imaging [1]. Furthermore, in oncologic radionuclide therapy, patient-specific
dosimetry can be planned using radionuclide quantification [2]. However, accurate
quantification is challenging due to the corrections required for photon attenuation and
scatter. Furthermore, certain radionuclides used in SPECT imaging, such as lodine-123
("231), pose additional challenges due to their complex decay schemes. As a result, routine

quantification of 123 SPECT is not current clinical practice and remains a specialist task.

The aim of this thesis is to investigate the quantification of 1231 SPECT and its application

in routine clinical practice using commercially available software.
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1.1 Gamma Camera Technology
The basic concepts proposed by Hal Anger in 1958 still form the basis of today’s modern
gamma cameras. However, there have been major developments in tomographic imaging

due to advances in mathematics and computing.

Gamma camera detectors incorporate a Thallium doped Sodium lodide (Nal(Tl))
scintillation crystal for imaging radionuclides with photon emissions with energy in the
range 80-300keV [3]. Photons incident on the crystal produce light which is detected using
an array of Photomultiplier Tubes (PMTs). The outputs from the PMTs are digitised by an
analogue-to-digital converter and are then passed to position logic boards which
determine the location of each scintillation event. A pulse height analyser sums the signal
from the analogue-to-digital converters, which results in an energy signal. Energy
selection is necessary for imaging because it provides a means to discriminate against
photons that have scattered between source and detector and have, therefore, lost their
positional information. Scatter in the photopeak can be reduced by choosing a relatively
narrow pulse height window. Only photons that undergo no scatter or small-angle scatter
will be accepted. A modern gamma camera has an energy resolution of 9-10% at 140keV,

the energy of the commonly used radionuclide Technetium-99m (%9mTc) [3].

Modern gamma cameras are typically multi-headed systems. Rotating the camera heads
around the patient’s body allows acquisition of projections through 360°. These projections
are reconstructed to produce tomographic images for manipulation in three dimensions
(3D). Tomographic imaging overcomes the fundamental problem of acquiring planar two-
dimensional (2D) images of 3D distributions; overlying or underlying structures may
obscure the object of interest.

Photons emitted from a radioactive source are random events with respect to time, which
is @ major source of noise in radionuclide imaging [4]. The photons, or ‘counts’, detected
follow a Poisson distribution. Following this distribution, the standard deviation of counts
detected is equal to the square root of the measured counts. Each pixel must have a
sufficient number of counts to achieve an acceptable Signal-to-Noise Ratio (SNR).
Detecting a larger number of counts requires a longer acquisition time. There is, therefore,
an inherent trade-off between the acquisition time and an acceptable level of noise in an

image.
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1.2 SPECT Imaging
Rotating the gamma camera heads around a 3D object acquires a planar image at each
angle. These are called projections because they represent 2D parallel projections of the

3D source distribution. Figure 1.1 shows an example of a SPECT acquisition.

SPECT
Reconstruction
Algorithm

Figure 1.1: SPECT acquisition of multiple projections

The projections can be used to generate a 3D source distribution within the patient using
an appropriate reconstruction algorithm. Although the process of acquiring a set of 360°
projection images is relatively straightforward, reconstructing the corresponding activity
distribution within the object is more complex. The two most commonly used methods of

SPECT reconstruction are Filtered Back Projection (FBP) and iterative reconstruction.

1.2.1 Filtered Back Projection

Due to its relatively simple implementation, FBP has, until recently, been the most
common method of SPECT reconstruction on commercial nuclear medicine computer
systems. The approach for reconstructing images using FBP is to take the 2D planar
images from different angles around the source and project the data from each element in
the acquisition back across the image matrix. This method provides an approximation of
the source distribution. However, an obvious artefact of this basic back projection method
is blurring as projections are distributed along the entire projection line rather than simply
at the source location. Mathematically, the reconstructed image is the true image
convolved with a 1/r blurring function, where r is the distance from the centre of a point
source [3]. Performing a Fourier Transform of the projection data allows multiplication with
a ramp filter in the frequency domain. This multiplication has the effect of deconvolving the

blurring function from the back projection.
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A disadvantage of incorporating a ramp filter into the FBP process is that it leads to the
amplification of high spatial frequencies. This increase, in turn, results in the amplification
of high-frequency noise. For this reason, images reconstructed by FBP usually have the
ramp filter modified by a smoothing filter to suppress the enhancement of high spatial
frequencies. This filtering reduces noise but can also reduce spatial resolution. Therefore,
the smoothing filter chosen for FBP reconstructions critically influences the compromise
between noise and resolution [5]. Dewaraja [2] does not recommended the use of FBP
reconstruction where accurate quantification is desirable due to its rudimentary nature.
Rather, for quantification, iterative reconstruction is recommended [2], which can

incorporate corrections for image degrading effects.

1.2.2 Iterative Reconstruction

Iterative reconstruction has been available for many years. However, only recent
advances and reduced cost of the required computing power has established its use in
routine clinical practice [5]. The iterative reconstruction process starts with a simple
estimate of a transaxial activity distribution and forward projects this to determine what the
corresponding projection images would be. A comparison of estimated projections and

acquired projections is made based on a cost function. The initial estimate can then be

repeatedly adjusted based on this comparison for a predetermined number of iterations
(Figure 1.2).

Original

Projections
Patient ¢ Final Result —»

Compare
Projections

i

Estimated
Projections

NUENONAEAAROEAEAADE

Current
Estimate

Starting Estimate

Figure 1.2: Flowchart of iterative reconstruction method
A comparison of the original projections and a forward projection of the current estimate is
made based on a cost function. The current estimate is then updated. This method repeats
for a predetermined number of iterations.

The forward projection process introduces the 1/r blurring already described with FBP.
However, the forward projected estimate data is compared with the acquired data back
projected. Therefore, the blurring only affects the correction image and will not affect the

accuracy of the updating estimate, which becomes the resultant image. Unlike FBP, a
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ramp filter is not necessary in the absence of the 1/r blurring artefact in this resultant
image. Therefore, the choice of a smoothing filter for iterative reconstruction is not as
critical as it is for FBP. Assuming the forward projection process represents an accurate
model of the real gamma camera acquisition, then the iterative reconstruction method can
correct for effects such as attenuation and poor collimator resolution. This improved
reconstruction algorithm, therefore, has the potential to be a useful tool for SPECT

quantification.

An aim of iterative reconstruction software is rapid convergence to an acceptable solution
in a small number of iterations. One such algorithm, the Maximum Likelihood Expectation
Maximum (MLEM) method, is widely used [6]. MLEM uses the ratio between the acquired
and estimated projections to obtain a correction image. Then the current estimate and

correction image are multiplied.

Subsequent work by Hudson [7] demonstrated acceleration of the MLEM technique by
dividing projection data into subsets. This method is known as Ordered Subsets
Expectation Maximisation (OSEM). OSEM is currently the method of choice implemented
by most commercial systems [8]. Dividing the projections into subsets allows an
acceleration of processing equivalent to the number of subsets. For example, an OSEM
reconstruction with 10 iterations and 10 subsets is considered to be equivalent to an
MLEM reconstruction with 100 iterations, performed in approximately 1/10th of the time.
Therefore, the OSEM reconstruction method performs 100 “equivalent iterations”.

1.2.3 Quantification

Quantification of activity concentration can be an extremely useful tool in the interpretation
of clinical studies [1]. The two most common methods of quantification currently used in
SPECT imaging are relative quantification and absolute quantification [9]. In this thesis,
“relative quantification” refers to a measure of uptake in relation to a suitable reference
region. “Absolute quantification” refers to a direct measure of activity concentration with
corrections made for degrading factors such as scatter, attenuation and resolution loss [9].
There does exist a third method of quantification, physiological quantification, which
converts absolute quantification into physiological parameters. This technique requires
kinetic modelling of the activity measurements and is outwith the scope of this thesis.

A reconstruction algorithm must incorporate various corrections to enable accurate
quantification of SPECT studies. The three most significant system limitations which
require correction are [1]:



Chapter 1 26

+ scattered photons
« photon absorption
* limited spatial resolution and variable spatial resolution with distance

The effect of each of these on quantification accuracy will be explored further.

1.2.3.1 Scatter

Parallel hole lead collimators are used to define the direction of the detected photon

emissions. The collimator is used in combination with a narrow energy window to reduce

the number of non-primary photons included in the image. There are four photon

interactions with the imaging system (Figure 1.3):

« Primary photons (Figure 1.3A) emitted from the object of interest do not interact with
the object or detection system and are detected within the photopeak window.

« Scattered photons (Figure 1.3B) in the photopeak window have scattered within the
object of interest and have changed direction such that they travel parallel with the
collimator.

+ Collimator scatter (Figure 1.3C) is the result of photons detected in the photopeak
window which have changed direction within the lead septa.

+ Septal penetration (Figure 1.3D) is the result of photons detected in the photopeak
window which have travelled through one or more of the collimator septa without
interaction.

In this thesis the term “scatter” refers to photons detected in the photopeak window which

have interacted with the object of interest (Figure 1.3B). “Septal penetration” refers to

photons detected in the photopeak window which have interacted with the collimator and

detector system, including backscatter from detection electronics (Figure 1.3C and 1.3D).

CAB D
LA 44 7|

Figure 1.3: Schematic of photon interactions
Includes A) primary photons which travel parallel to the collimator holes, B) scatter within
the object of interest, C) scatter within the collimator and D) septal penetration
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Thicker collimator septa reduce the amount of septal penetration. However, they also
reduce the efficiency of the imaging system by covering the sensitive area of the detector.
A compromise is necessary between collimator efficiency and septal penetration. Typically
~5% septal penetration is accepted for the specified energy range of the collimator [3, 5,
10].

Scatter correction can be applied either before or during reconstruction. Section 2.3.2

describes methods for performing scatter correction.

1.2.3.2 Attenuation

Attenuation is a process by which some photons fail to reach the detector because they
interact in the patient or collimator. Photoelectric absorption dominates at low-energies
while Compton scatter interactions dominate at energies greater than 100keV for the
range of energies used diagnostically. Photoelectric absorption and Compton scatter
result in a loss of counts from the image, an effect which is greatest for organs deep within
the patient. Therefore, deep structures will demonstrate less activity in them than is
actually present [8]. Projections acquired from an unknown distribution of attenuating
materials degrade quantification accuracy. Section 2.3.1, therefore, describes methods of

correction for attenuation.

1.2.3.3 Spatial Resolution

The spatial resolution of an imaging system is the minimum distance to distinguish two
separate sources when they are close together [11]. The finite size of the image produced
by a perfect point source describes this characteristic [5]. The 2D representation of a point
source is called the Point Spread Function (PSF). Resolution is usually measured in terms
of the Full-Width at Half-Maximum (FWHM) of a profile through the PSF [5, 12].

The system resolution is a combination of the geometric resolution of the collimator and
the intrinsic resolution of the detector. The geometric resolution of the collimator is optimal
at the surface of the collimator and deteriorates with distance from the collimator. The
decrease in spatial resolution with increasing distance from the collimator is demonstrated
in Figure 1.4, which highlights the greater source acceptance angle with distance from the
detector [10].
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Figure 1.4: Point Spread Function (PSF) with distance from the collimator

A model can be incorporated into the reconstruction algorithm to correct for this variable
spatial resolution with distance from the detector using known dimensions of the collimator
(i.e. hole length and diameter). This method, known as Resolution Recovery (RR), is

described in more detail in Section 2.4.

In addition to scatter, attenuation and spatial resolution corrections, Bailey [1]
recommends that for accurate quantification the reconstruction algorithm also needs to:

« maintain linearity with activity concentration

« be able to calibrate the data in units of activity concentration (kBg/ml)

- account for radioactive decay during the acquisition process

Commercially available reconstruction algorithms now contain many of the required
corrections to make quantification of SPECT studies part of routine clinical practice.
Absolute quantification of SPECT images using 2°mTc has become more widely used for a
range of studies [1]. Kangasmaa [13] and Koral [14] investigated the variability of gamma
camera calibration for SPECT absolute quantification for 9mTc and lodine-131 (131])
respectively. However, consistency of calibration for 123] quantification has not been
considered. 123] has been less explored as it is a much more challenging radionuclide due
to its complex emission scheme. Quantification would, however, be extremely useful in

clinical applications such as neurology ('231-DaTSCAN™) and oncology ('23]-mIBG).
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1.3 123] SPECT Imaging

23] has a physical half-life of 13.2h and primary photon emission at 159keV. The physical
characteristics and chemical properties of 1231 make it a suitable radionuclide for nuclear
medicine planar scintigraphy and SPECT [8]. The energy of the primary photon emission
is suitable for the scintillation crystals of current gamma cameras, which are efficient
detectors of photons in the 80-300keV range [3]. '23| labelled radiopharmaceuticals are
currently being used as imaging agents to investigate several disease processes. These

will be detailed further in Section 1.3.3.

1.3.1 123] Energy Spectrum and Practical Limitations

123] |abelled radiopharmaceuticals are used widely in clinical applications due to their
attractive physical and chemical characteristics. The radiation dose to the patient is low
due to minimal charged particle emission and short physical half-life. While the primary
emitted photon energy of 159keV is suitable for gamma camera imaging, 123l also emits
higher energy photons. There is a significant proportion of photons emitted between 440
and 625keV (2.4%) and a further 0.15% between 625 and 784keV. The attenuation
coefficient in lead for these high-energy photons is about ten times lower than for the
159keV photons [15] resulting in a substantial proportion of high-energy photons
penetrating the collimator septa. This septal penetration leads to a significant increase in
the apparent sensitivity of low-energy gamma camera collimators [16].

Large volume sources increase the proportion of scatter. This increase is due to the high-
energy photons having a higher probability of scatter interaction and septal penetration
than absorption. The result is a proportional increase in the number of high-energy
photons that undergo Compton scattering and are subsequently accepted by the
photopeak window compared to the 159keV photons. Some authors have recommended
the use of medium-energy collimators, especially when quantification is required [16, 17].
However, when high spatial resolution is necessary, as for neurology SPECT, Low Energy
High Resolution (LEHR) collimators, supported by scatter correction, are used [16, 18].

Section 2.1 reviews collimator selection for 23] imaging.

1.3.2 Effect of High Energy Emissions on the 23] Photopeak

Medium-energy collimators allow only a small proportion of septal penetration from high-
energy photons (Figure 1.5a). Low-energy collimators change the spectrum detected in
such a way that some high-energy photons penetrate the collimator and, due to scatter,

are detected in the 159keV energy window (Figure 1.5b) [19]. Despite the small proportion
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of high-energy photons (about 2.5%), their higher probability of scatter interaction rather
than absorption makes their detection efficiency greater compared with 159keV photons.

This efficiency makes their relative contribution to the detected photons very important.

a) b)

N

0] 159 300 450 O 159 300 450
Energy (keV) Energy (keV)

Figure 1.5: The spectra of 123] in air with (a) medium-energy and (b) low-energy collimators
(from Dobbeleir [19])

The proportion of high-energy photons detected as a result of septal penetration reduces
as the distance from the source to collimator is increased. This reduction is a
consequence of the photon flux of high-energy photons reducing with distance. The
photon flux of low-energy photons also reduces with distance. However, the acceptance
angle of the parallel hole collimator increases, resulting in a consistent sensitivity with
distance. Review of the area under the curve of the PSF shown in Figure 1.5

demonstrates this relationship. The amplitude of the PSF reduces as the width increases.

The complex emission scheme of 23] makes quantification particularly challenging. A
simple correction for scatter of primary photons within the object of interest will not
account for the high-energy emissions detected as a result of scatter or septal penetration
[20, 21]. Studies using Monte Carlo simulation suggest detection of high-energy emissions
in the low-energy photopeak to be 49-54% of all detected photons when using low-energy
collimators [22-25]. This proportion is dependent on the distance from the detector.

1.3.3 Clinical Uses of 123

The fields of neurology, endocrinology, oncology and cardiology use 23] labeled
radiopharmaceuticals for imaging. Optimising image quality and providing accurate
quantification to aid visual diagnosis has significant potential benefit. This section will
outline common clinical applications of 123] imaging and, in doing so, highlight clinical aims

for the investigations performed in this thesis.
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1.3.3.1 Neurology

Imaging Dopamine Transporters (DaT), which are responsible for reuptake of dopamine,
is the most common use of 123] in the field of neurology. Cocaine derivatives bind with high
affinity to DaT and are therefore ideal candidates for radiopharmaceuticals. FP-CIT, B-CIT,
IPT and PE2l are common 23] cocaine analogues. Of predominant clinical importance is
123|-FP-CIT (DaTSCAN™). DaTSCAN™ was licensed for use in Europe and the United
States in 2001 and 2011 respectively [26]. The indication for DaTSCAN™ is for detecting
loss of functional dopaminergic neurone terminals in the striatum of patients with clinically

uncertain Parkinsonian Syndromes (PS).

DaT imaging can provide crucial evidence about whether a patient has Parkinson Disease
(PD) or Atypical PS (aPS) and can help differentiate Essential Tremor (ET) and Lewy
body-type Dementia (DLB) from PS [27]. In cases of PD, the nerve fibres connected to the
posterior putamen are affected earlier and more markedly than those to the anterior
putamen and caudate. In this situation, imaging would show reduced radiopharmaceutical
uptake in the striatum of PD patients. The reduced uptake progresses from the posterior
to the anterior putamen, and finally the caudate. In the early stages of disease, a marked
asymmetry of striatal binding is evident, with a more pronounced loss in the striatum

contralateral to the clinically more affected limbs

Although the visual analysis of SPECT images is, in general, suitable for clinical
assessment, the accurate quantification of striatal uptake might increase sensitivity and
reliability of the technique. This improvement may help in early diagnosis, follow-up, and
resulting treatment response of PD [28]. Relative quantification is suggested in the
European imaging guidelines [27] as an aid to reporting. The recent availability of a large-
scale reference database, which allows age-related reference values to be defined, has
consolidated this approach [26, 29]. Dickson [30] established reconstruction parameters
for relative quantification of 1231-DaTSCAN™. However, advanced reconstruction
algorithms now incorporate depth-dependent Resolution Recovery (RR) as standard.
Dickson's study did not include this correction and, therefore, additional evaluation is
necessary. Furthermore, Dickson’s investigation did not consider novel methods of scatter

correction or absolute quantification of activity concentration.

The volume of each striatum is ~11.2ml [31]. This volume is relatively small for SPECT
imaging. Differentiation of structures and their integrity is highly dependent on sufficient

image quality. For example, detecting small structures in the presence of noise requires
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adequate spatial resolution and recovery of object contrast. Therefore, optimisation of
image quality based on spatial resolution, contrast and noise metrics is essential.

There are also radiopharmaceuticals available for imaging postsynaptic receptors. The
most widely available radiopharmaceuticals are 123|-IBZM and '23|-epidepride. However,
reports show that postsynaptic imaging alone is not highly sensitive [32] and will,

therefore, not be discussed further.

1.3.3.2 Oncology: Neuroendocrine Tumours

Imaging with 123]-m-lodobenzylguanidine (mIBG) allows the detection, localisation, staging
and follow-up of Neuroendocrine Tumours (NETs) and their metastases. NETs are rare
tumours that develop in cells of the neuroendocrine system. Common NET indications for
123]-mIBG imaging include phaeochromocytomas, neuroblastomas and paragangliomas.
Tumour uptake can be studied to aid dosimetric evaluation in the planning of high activity
radionuclide 13'l-mIBG therapy. Accurate estimation of dose, tumour volume and number
of focal mIBG uptake sites enables evaluation of tumour response to therapy [33, 34].
Accurate quantification and optimised image quality can, therefore, play vital roles for both
personalised planning of radionuclide therapy and the evaluation of tumour response to

therapy.

1.3.3.3 Endocrinology and Cardiology Applications of 23]

The thyroid and parathyroid glands form part of the body’s endocrine system and produce
hormones that provide important regulatory functions. lodine is a key component of
hormones produced and secreted by the thyroid gland. Therefore, iodine actively
concentrates in the thyroid. 23] imaging is useful for determining the status of thyroid
nodules as “hot” or “cold” in reference to the relative accumulation of radiopharmaceutical.
Nearly 20% of cold nodules are malignant whereas few neutral and almost no hot nodules
are malignant, so the uptake status of a suspicious nodule is very important [35]. Planar
quantitative measurements of the thyroid can be performed to calculate the iodine uptake
for the diagnosis of hyperthyroidism and hypothyroidism. Although it has been shown to
be useful [36-38], SPECT imaging is not common in the assessment of thyroid disorders
and, therefore, will not be discussed further. Imaging in thyroid cancer studies uses both
123] and 131l. Locally, 131l is the radionuclide chosen for these studies. Therefore, in this

thesis there will be no substantial reference to the use of 123| in thyroid oncology.
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Parathyroid imaging, using a dual-isotope (23] and 9¥mTc) technique, is not used for
diagnosis of hyperparathyroidism. Typically patients will have had their diagnosis
confirmed from blood sampling. The purpose of SPECT imaging is to localise
hyperfunctioning parathyroid glands before surgery. Therefore, quantification is not a
critical component of the imaging protocol. However, localisation of small objects before

surgery requires optimised image quality.

Disease states, such as congestive heart failure and myocardial ischemia, adversely
affect cardiac sympathetic function. The neurotransmitter of the cardiac sympathetic
system is nor-adrenaline. The presynaptic nerve terminal stores '23l-mIBG which has
diffused into the synaptic space, in a manner similar to that of norepinephrine [39].
Therefore, 123I-mIBG is retained and localised in myocardial sympathetic nerve endings.
Current practice involves planar imaging for assessment of Heart-to-Mediastinal uptake
ratio and myocardial washout rate. These studies are not performed locally, therefore,

they are not discussed further.

1.4 Aim of the Thesis

The aim of this thesis is to investigate:

« the optimisation of advanced SPECT reconstruction parameters with regard to
quantification of 123|

« quantification of activity concentration for 23] SPECT for routine clinical use using third
party software

- the clinical application of optimised reconstruction parameters with regard to

quantification and image quality

1.5 Outline of the Thesis

This thesis will begin by outlining the current state of the art of 23] SPECT acquisition,
reconstruction techniques, methods of image analysis and methods of quantification in
Chapter 2.

Chapter 3 details an evaluation of planar imaging performance. Chapters 4-8 describe the
optimisation of SPECT reconstruction parameters via practical phantom experiments. The
outcome of these investigations, including recommended reconstruction parameters, will

be summarised in Chapter 9.
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Calibration of a gamma camera for relative quantification is performed in Chapter 10, and
for absolute quantification in Chapter 11. The latter calibration is followed by an
assessment of quantitative accuracy. Chapter 12 will investigate the application of the

absolute quantification technique for routine clinical use.

A human observer study of both phantom and patient data was performed to evaluate the
application of optimised reconstruction parameters for visual assessment of 23] SPECT

imaging. Chapter 13 describes this investigation.

Finally, the thesis will conclude in Chapter 14 with a summary of findings, detailing

methodological issues of the work performed and opportunities for future evaluations.



Chapter 2: Literature Review

The aim of this thesis is to investigate quantification of 123 SPECT and its application in
routine clinical practice using commercially available software. As described in Chapter 1,
quantification of 123 SPECT is challenging and optimisation involves consideration of
many factors. The aim of this Chapter is to individually review the specialised corrections
which are available to enable accurate SPECT quantification, thereby presenting the

necessary background and justification for the work undertaken in this thesis.

The importance in collimator choice for 23] SPECT acquisition will be covered. The choice
of corrections, and how they should be applied to this data to facilitate accurate
quantification, will then be discussed, and the ability to recover spatial resolution of
SPECT data will be introduced. Finally, the way in which SPECT image data can be

assessed and measured will be reviewed.

2.1 123] Collimator Choice

Radionuclide energy is the most important factor in selecting the collimator [3]. Collimators
are design to achieve less than 5% septal penetration at the rated energy of use. Above
this rated energy, the proportion of septal penetration becomes too large for acceptable

images [5].

Once a radionuclide energy is known, a collimator with higher resolution or higher
sensitivity can be chosen. For SPECT quantification, Rosenthal [40] recommends using
the collimator with the highest spatial resolution. However, although 123| has a primary
emission at 159keV, for which low-energy collimators are suitable, the photopeak window
accepts a proportion of the higher energy emissions. These detections are a result of

high-energy photons losing energy due to scatter in the object of interest, scatter within
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the collimator, and backscatter from the hardware beyond the scintillation crystal.
Therefore, for 123 SPECT, low-energy collimators are not an automatic choice.

A clear approach to reducing the problem of high-energy septal penetration is to make use
of a collimator with thicker septa or longer bores. However, altering the collimator
dimensions can have detrimental effects on spatial resolution. The additional complexity of
high-energy emissions detected in the low-energy photopeak of 23] acquisitions has
provided a consistent debate over the choice of collimator and, as such, is typically

influenced by clinical need.

2.1.1 History of Collimator Choice

The complex emission scheme of 23| has led to opposing recommendations for collimator
choice when acquiring 23| clinical studies. In the 1970s, it was acknowledged that LEHR
collimators of the time were not appropriate for minimising septal penetration. At that time,
McKeighen [41] recommended pinhole collimators while Bolmsjo [15] recommended

medium-energy collimators.

Bolmsjo demonstrated that LEHR collimators suffered a loss of low-frequency signal
compared to medium-energy collimators, although medium-energy collimators had a

poorer response at high spatial frequencies (Figure 2.1).
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Figure 2.1: Modulation Transfer Function of an LEHR (blue) and a medium-energy (orange)
collimator for 23] in air (left) and in scatter (right) [15]

Bolmsjo concluded that the medium-energy collimator had “superior statistical accuracy
per unit time”. This finding suggests medium-energy collimators may be preferred when
quantification is necessary, although accurate quantification is dependent on the spatial
frequency of the object.
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There was further support for the choice of medium-energy collimators throughout the
1980s and 90s [16, 19, 42], particularly for specific clinical quantitative tasks such as the

measurement of brain or myocardium activity ratios [17], and striatal uptake ratios [43].

In contrast to these publications, Mueller recommended LEHR collimators for 23] brain
imaging as early as 1986 [44]. Mueller showed higher resolution, even at a cost of a
reduction in sensitivity, yielded significant improvements for brain SPECT. Furthermore,
Madsen suggested in 1992 that the optimal spatial resolution for 23| brain studies should
be a Full Width at Half Maximum (FWHM) of 8-9mm [45]. Typically, a FWHM <9mm is only
achieved with the use of LEHR collimators.

In 1999, Dobbeleir [19] recommended the use of medium-energy collimators for 123|
acquisition. However, the author noted the utility of LEHR collimators when including
correction for scatter and septal penetration. In the following decade, publications
described improvements in the clinical use of LEHR collimators with novel correction
methods which included deconvolution of septal penetration [46] and energy window

downscatter correction [20, 47] (described further in Section 2.3.2).

Recent clinical practice guidelines suggest the use of LEHR collimators for neuroreceptor
and transporter imaging [27, 48, 49], mIBG tumour imaging [34], and pheochromocytoma
and paraganglioma imaging [50]. In addition to clinical procedure guidelines, there has
been an ongoing movement towards the standardisation of 23]-DaTSCAN™ imaging
across Europe. This has included a methodology for the calibration of a gamma camera

for 123] SPECT which uses LEHR collimators for acquistion [51].

A current procedure guideline which recommends medium-energy collimators is for
cardiac sympathetic imaging [52]. This recommendation is due to the reliable performance

of medium-energy collimators for quantification.

Recently, Maebatake [53] supported the use of LEHR collimators for 123] DaT imaging in
spite of the author’s results, which demonstrated improved quantification using medium-
energy collimators compared to low-energy collimators (with a statistically significant
difference). Additionally, Lagerburg [21] suggests that for 123] SPECT medium-energy

collimators more accurately replicate known contrast ratios than low-energy collimators.

The studies by Maebatake and Lagerburg demonstrate that, in spite of clinical practice

guidelines describing the use of LEHR collimators for 23] SPECT, there remains interest in
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the use of medium-energy collimators, particularly for a quantitative approach.
Furthermore, recent advances in reconstruction correction schemes may reduce the
influence of scatter and septal penetration for LEHR collimators and improve the spatial
resolution of medium-energy collimators. These advances may improve image quality and
quantitative accuracy for both collimators. Therefore, it is important to revisit the issue of
preferred collimator choice for 23] SPECT with the addition of these algorithms.

2.1.2 Manufacturer Variation in Collimator Design

A further complication in the ongoing debate concerning collimator choice is the variation
in design between manufacturers. This is recognised in the European Association of
Nuclear Medicine (EANM) clinical practice guidelines for 123l-mIBG tumour imaging [34]
which, although explicitly suggesting the use of LEHR collimators, states that: “Given the
variability in collimator characteristics and design from different manufacturers, the choice

of collimator ... should therefore be left to the individual nuclear medicine department.”

Each manufacturer's LEHR and medium-energy collimators typically have unique
dimensions. One aim of collimator design is to achieve less than 5% septal penetration at
the rated energy of use [5]. The hole length and septal thickness can be altered to achieve

this aim, such that:

W>— Equation 2.1 [5]
u

where W is the path length through the septum in cm and u is the attenuation coefficient
of the collimator material (cm-'). A long hole length increases the path length through the
septum (W) and allows the septal thickness to be kept small. In a comparison of current
vendor collimator dimensions, the variation in composition between hole length and septal

thickness is apparent (Table 2.1).
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Siemens GE Philips | Siemens GE Philips | Siemens GE Philips
Name: LEHR LPHR LEUHR VXHR MELP MEGP
Hole
Length 2405 35 @328 35 40 @ 54 3284 58 48
(mm) 3 3 3 3 3 3
Septal 1 1 1 1 1 1
Thickness 0.16 0.2  0.152 0.2 02 @ 0.152 066 1.05 1.143
(mm) : : : 3 3 :

Table 2.1: Dimensions of low and medium-energy collimator designs from three main
vendors
Collimator description: Low Energy High Resolution (LEHR), Low Penetration High
Resolution (LPHR), Low Energy Ultra High Resolution (LEUHR), Vantage eXtra High
Resolution (VXHR), Medium Energy Low Penetration (MELP) and Medium Energy General
Purpose (MEGP)

The design of the Philips Vantage eXtra High Resolution (VXHR) collimator trades long
hole length for thinner septa whereas the Siemens LEHR has a shorter hole length but
thicker septa. Recent vendor comparison work has shown the shorter hole length of the
Siemens LEHR collimator makes it susceptible to a higher proportion of septal penetration
from 123] than for GE and Philips low-energy collimators [54, 55]. Furthermore, Maebatake
[53] has demonstrated that the Siemens LEHR collimator had a lower accuracy than GE

low-energy collimators for quantification of 23| DaT SPECT.

As Siemens LEHR collimators are the most susceptible to septal penetration, they present
the greatest challenge to advanced reconstruction correction schemes and, therefore,

they will be the focus of this thesis.

2.1.3 Custom Collimator Designs

Bespoke collimator designs and novel hardware solutions can address some of the issues
associated with 123 acquisitions. For example, Lee [56] used a multi-pinhole collimator
with 20 apertures for brain SPECT while Park [57] used a dedicated high-sensitivity
cardiac gamma camera for striatal quantification in brain SPECT. Although both studies
report positive results, they rely upon dedicated task-specific hardware. The majority of
nuclear medicine departments will rely on more generalised hardware options. Therefore,

custom collimator designs will not be considered in this thesis.

2.1.4 Conclusions from Review of Collimator Choice for 123]
The majority of current imaging guidelines recommend the use of LEHR collimators for
23] However, guidelines for cardiac sympathetic imaging and studies evaluating

quantification recommend medium-energy collimators. This inconsistency in collimator
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choice demonstrates the ongoing complexity of imaging '23I. In practice, the ideal
approach will be dependent on both the clinical application and the availability of
manufacturers’ hardware. What is clear from the literature is the significant impact of high-
energy emissions which, if not removed using hardware (i.e. medium-energy collimators),

has to be corrected to achieve accurate quantification.

One of the aims of this thesis is to investigate a novel third-party reconstruction algorithm
which corrects for septal penetration of low-energy collimators. Siemens LEHR collimators
are particularly susceptible to 123| septal penetration. The investigation will, therefore,
focus on these collimators. Comparison will be made with results for the Siemens MELP
collimators, which is a commonly available hardware option for reducing septal

penetration.

2.2 Acquisition and lterative Reconstruction Parameters
This Section will outline the acquisition and reconstruction parameters which are used

commonly throughout this thesis.

2.2.1 Acquisition Parameters
This section will introduce SPECT acquisition parameters. The choice of matrix size and
number of projection angles described in this Section will be used as the standard method

for SPECT acquisition throughout this work unless stated otherwise.

2.2.1.1 Acquisition Matrix Dimensions and Zoom

A 128x128 square acquisition matrix is used extensively throughout this research work.
This dimension was chosen because Hermes Medical Solutions iterative reconstruction
algorithm (Hybrid Recon™), which is used throughout this thesis, is restricted to a
maximum matrix size of 128x128. Hermes Medical Solutions have chosen this upper limit
as iterative reconstruction of SPECT data can be computationally intensive, particularly

with the addition of novel correction techniques [58].

The linear sampling distance is determined by a combination of the matrix size and the
acquisition zoom applied. The linear sampling distance sets a theoretical limit on the
planar spatial resolution of projection data up to a maximum frequency known as the
Nyqvist frequency, which is the frequency represented by twice the pixel width [5]. The
Siemens Symbia gamma camera, which will be introduced in Section 3.2, has a pixel

width of 4.8mm with a 128x128 matrix and no acquisition zoom applied. This mode of
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acquisition is used clinically for SPECT imaging of body sections to ensure there is no
truncation of anatomy. For neurology applications, a zoom is applied. Locally, an
acquisition zoom of 1.45 is applied for clinical 123]-DaTSCAN™ studies, which results in a
pixel width of 3.3mm. As the spatial resolution for neurology SPECT is recommended by
Madsen [45] as a FWHM of 8-9mm, the 3.3mm pixel width conforms with guidelines from
the EANM for 23] DaT imaging [27] of “one-third to one-half of the expected resolution”.

In this thesis, a further acquisition zoom of 2.0 is used in the assessment of SPECT
spatial resolution (Chapter 5). The zoom of 2.0 results in a pixel width of 2.4mm, which is
a suitable acquisition zoom that can be applied without truncating phantom data.
Furthermore, the pixel size conforms with National Electrical Manufacturers Association

(NEMA) recommendations of <2.5mm for the measurement of SPECT spatial resolution.

2.2.1.2 Projection Angles Acquired Over 360°

Previously, there has been some debate over the number of projection angles required
over 360° to ensure suitable angular sampling. For example, Hutton [59] responded to a
review of quantitative SPECT by Rosenthal [40] to clarify the projections necessary to
suitably sample an object. Hutton’s method suggests 126 angles are required to provide
appropriate angular sampling of a circular object 20cm in diameter. A similar method for
determining the necessary projections is described by Cherry [3] and Lawson [5] which
determines ~190 angles are necessary to sample a circular object 20cm in diameter.

However, these historical methods relate to Filtered Back-projection (FBP) reconstruction
and do not apply to iterative reconstruction. Lawson [5] provides a mathematical proof
which suggests iterative reconstruction requires half the projections necessary for FBP
reconstruction. A review by Takahashi [60] confirms this proposal by demonstrating no
loss of SPECT spatial resolution whether 30, 60 or 120 projection angles were used over
360°.

Local clinical 23] SPECT acquisitions include 128 projections per 360°. Consequently, the
number of projections acquired clinically provides suitable angular sampling for SPECT

with iterative reconstruction and, as such, will be used as standard throughout this thesis.

2.2.2 Convergence of lterative Reconstruction
The Maximum Likelihood Expectation Maximum (MLEM) iterative reconstruction
algorithm, initially proposed by Shepp [6] and outlined in Section 1.2.2, converges with
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increasing iterations to a maximum likelihood that the image estimates the emission data.
Stamos [61] describes the convergence of the image estimate as being dependent on
both the object and the amplification of noise with increasing iterations. Therefore, Llacer
[62] proposed a stopping rule based on image deterioration from noise amplification.
However, other metrics have also been used to determine convergence. For example,
Liow [63] used the convergence of spatial resolution while Dickson [30] used the
convergence of uptake ratios. Therefore, the determination of convergence is task

specific.

A common aim of Chapters 5-8 will be to assess the convergence of the iterative
reconstruction algorithm, with regard to spatial resolution, contrast recovery, noise and
scatter suppression respectively. Convergence is also dependent on the reconstruction

algorithm and will, therefore, be assessed with advanced correction schemes.

2.2.2.1 Projection Angles per Subset

Hudson [7] proposed a method to accelerate the iterative reconstruction algorithm by
dividing the number of SPECT projections acquired into subsets of projections. This
acceleration technique is known as an Ordered Subset Expectation Maximum (OSEM)
algorithm. The MLEM “equivalent iterations” can be determined by multiplying the OSEM
iterations by subsets [64]. The factor of acceleration achieved is equal to the number of
subsets [7]. For example, two subsets would be twice as fast as an MLEM reconstruction,
and four subsets would be four times faster. Therefore, to reduce reconstruction time, the
projection data should be divided into as many subsets as possible, while projections

should equally divide into subsets [7].

Although reducing reconstruction time is beneficial, quantitative results may be affected by
dividing projections into a large number of subsets such that each subset has limited
content. Hutton [65] demonstrated that data reconstruction with subsets consisting of only
a few projections resulted in an overestimation of contrast when compared with a non-
accelerated MLEM reconstruction. A review of acquisition and reconstruction parameters
for SPECT quantification by Dewaraja [2] suggests “a reasonable compromise between
speed and reconstruction quality is to have at least four projections per subset, although
for noisy data (e.g. < 50k counts per slice) more projections per subset should be used”.
Although Hutton [65] describes a qualitative evaluation of images with four projections per
subset as “virtually identical” to reconstructions for equivalent iterations, a more

conservative approach should be taken when accurate quantitative measures are
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essential. Therefore, work in this thesis will use a minimum of eight projections per subset,
following recommendations by Dewaraja [2] for low-count data.

2.2.3 Conclusions

A 128x128 acquisition matrix will be used extensively throughout this thesis. Where
appropriate, finer linear sampling will be achieved by applying an acquisition zoom. 128
projections will be acquired per 360°. Iterative reconstruction will be accelerated using an

OSEM algorithm with a minimum of 8 projections per subset.

A theme of practical work in this thesis will be the evaluation of the convergence of image

quality metrics for advanced iterative reconstruction correction schemes.

2.3 Attenuation and Scatter Correction Review

As outlined in Section 1.2.3, for accurate quantification of SPECT data, it is essential to
include attenuation and scatter correction in the image reconstruction process. This
Section describes commonly used and advanced methods for performing attenuation and
scatter correction. The Section will conclude by identifying the methods of attenuation and

scatter correction for subsequent investigation.

Attenuation describes photons that are not detected because they undergo an interaction
in the patient. Scatter describes photons which are detected after undergoing Compton
scatter in the patient, leading to a gain in counts in the wrong location. It is usual to treat
attenuation and scatter independently even though both result from the same Compton

interactions.

A review of SPECT scatter correction by Hutton [66], an investigation into the absolute
quantification of SPECT by Ritt [10] and a review of SPECT quantification by Bailey [1]
agree that appropriate correction for both attenuation and scatter is necessary for

quantification and should be performed in combination.

2.3.1 Attenuation Correction Techniques

Attenuation is the process by which some photons will fail to reach the detector because
they interact in the patient. Photoelectric absorption or Compton scatter result in a loss of
counts from the image. At diagnostic radionuclide energies (such as 9mTc to '3'l, which
range from 140 to 364keV respectively) the photons have a higher probability of

undergoing Compton scatter in the attenuating material [67].
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The effect of attenuation is greatest for organs deep within the patient. The result is that
deep structures will appear to have less activity in them than they do [8]. Attenuation
correction attempts to counteract this effect by increasing counts that come from deep
within the patient. For most methods of attenuation correction, the reconstruction

algorithm needs a map which details the distribution of attenuating material in the patient.

The linear attenuation coefficient, y, which is a measure of the fraction of photons lost in
each centimetre of tissue, characterises the attenuation of photons in different tissues [8].
For higher density materials, such as bone, the attenuation coefficient is higher to reflect
the greater loss of photons per centimetre. Conversely, low-density materials such as air
have a lower attenuation coefficient to reflect fewer attenuated photons per centimetre.
The linear attenuation coefficient also varies with the energy of the incident photon. The
higher the photon energy, the lower the probability of attenuation per centimetre, and
hence there is a lower attenuation coefficient. The linear attenuation coefficients for

common radionuclides in water (tissue equivalent) and bone are given in Table 2.2 [67].

Radionuclide Energy (keV) Water (cm') Bone (cm)
Technetium-99m (#mTc) 140 0149  0.294
lodine-123 (123l) 159 | 0138 0273
lodine-131 (1311) s | 0009 0172

Table 2.2: Linear attenuation coefficients for water (tissue equivalént) and bone density [67]
for various radionuclide emission energies

An attenuation map represents the spatial distribution of linear attenuation coefficients for
the object of interest [68]. The methods for generating the attenuation map belong to two
main classes: transmissionless and transmission based. Transmissionless correction
methods estimate distribution using either a manually determined boundary of attenuation
coefficients, conjugate counting of opposing views or segmented Magnetic Resonance
Imaging (MRI) data.

Zaidi’s review of the use of attenuation maps in emission tomography [68] suggests the
assumption of transmissionless attenuation maps is only appropriate for brain studies. In
brain studies, it is straightforward to determine an outline of the skull and to assume that
the attenuation coefficient is the same everywhere inside. Additionally, automated
methods can allow for a certain thickness of higher attenuation material to be added to

account for the skull [68]. However, Zaidi suggests uniform attenuation correction would
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be inadequate for the chest due to the combination of lungs, soft tissue and bone where a
single attenuation coefficient is no longer appropriate [9, 68]. In this imaging scenario, an
internal map of attenuation coefficients would be required and would be different for each
patient [5]. Furthermore, Van Laere's comparison of transmissionless and transmission
based attenuation correction for brain perfusion studies [69] notes that single attenuation
coefficients determined experimentally with phantoms do not extrapolate directly for

application in clinical data.

In areas of inhomogeneous attenuation, direct methods of measurement must be used to
generate the attenuation map. To date, measured transmission data is the most accurate
attenuation correction technique [9, 68, 70]. A transmission based approach utilises
radionuclide scanning or appropriately scaled Computed Tomography (CT) scans
acquired either separately or sequentially on multimodality imaging systems. The methods
for transmission based correction vary in complexity, accuracy, computation time required

[9] and cost of hardware [71].

Zaidi [9] suggests that transmission based non-uniform attenuation correction can provide
more accurate attenuation maps than transmissionless techniques and that correction
using these maps allows accurate quantification [40, 72]. However, Zaidi’s observer study
of brain imaging [73, 74] showed no significant difference in subjective image quality

between images reconstructed with transmissionless and non-uniform attenuation maps.

2.3.1.1 Radionuclide Transmission

Radionuclide transmission methods often incorporate a transmission source positioned
directly opposite a detector which rotates with the gantry. When radionuclide sources are
used to acquire the transmission data, photon statistical noise from the transmission scan
can propagate through the reconstruction process, affecting the quality of the images [9].
Although radionuclide transmission maps provide a patient specific outline and attenuation
map, Van Laere [69] demonstrated quantification was no more accurate than uniform

transmissionless attenuation maps.

2.3.1.2 CT Attenuation Maps

In 1989, Fleming [75] showed that CT data could be used to improve the accuracy of
SPECT data by generating a patient-specific attenuation map. Recent technology has
allowed hybrid type cameras to become commonplace, with SPECT-CT systems
becoming more widespread in nuclear medicine departments. The CT images do not need

to be of diagnostic quality. Therefore, a gamma camera which incorporates a low dose,
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low-resolution CT scanner in the same gantry is suitable. In these systems, the range of
X-ray energies transmitted has an average energy somewhat lower than common
radionuclides. However, the CT value for each pixel in the image can be used to
characterise whether it is composed of air, tissue or bone. The attenuation coefficient at

any other energy can be determined by extrapolation [8].

Although extrapolation of attenuation coefficients to radionuclide energies is well
established, the scenario with 23] is complicated by the range of emissions. The map of
attenuation coefficients is scaled to the predominant 159keV emission energy. However,
this method overestimates the attenuation coefficients of the higher energy emissions. An
overestimation in attenuation coefficient will result in an over amplification of detected

photons in this region.

A study by Lange [76] does not recommend CT attenuation correction for 123|-DaTSCAN™
imaging due to the additional radiation dose to the patient for a negligible difference in
interpretation. However, this is in contrast with Maebatake [53], Lapa [77] and Yokoyama
[78] who agree that CT attenuation correction gives more accurate quantification for 123|-
DaTSCAN™ studies.

Care must be taken to ensure that SPECT and CT data are suitably registered. Warwick
[70] found the CT attenuation correction was more accurate compared to transmissionless
attenuation correction in phantom work. However, the author described that patient brain
SPECT studies with subtle misregistration resulted in inferior quantification compared to

transmissionless corrections [70].

With regard to combined attenuation and scatter correction, Hutton's investigation of
attenuation correction of cardiac SPECT [79], noted “... the scatter problem has become
more prominent since the artefacts introduced by scatter can be more serious after
correction for non-homogeneous attenuation is performed”. Therefore, Zaidi [68], Greaves
[8], Hesse [80] and Hutton [66] agree that reconstruction with CT attenuation must also

include scatter correction.

2.3.1.3 Conclusions from Review of Attenuation Correction
The use of CT-based attenuation correction maps will be used extensively throughout this
thesis. This will address one of the aims, the provision of quantification. When CT

attenuation correction is applied, scatter correction must also be employed [8, 66, 68, 80].
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2.3.2 Scatter Correction Techniques

Scatter and septal penetration detected within the primary photopeak degrades image
contrast. Techniques for scatter correction either aim to minimise the proportion of scatter
detected or to correct for the presence of scatter. The aim of this section is to detail the
two methods of scatter correction used extensively in this thesis: measured scatter and
modelled scatter distribution. However, these two methods will be described following a

summary of alternative approaches to scatter correction.

2.3.2.1 Summary of Alternative Approaches

This Section reviews methods of scatter correction that are not used in this thesis.
However, a summary of their methodology establishes a platform for describing the two
methods that were selected for evaluation. Therefore, the aim of this Section is to

summarise alternative methods of scatter correction and describe their weaknesses.

Asymmetric Energy Window

In Hutton’s recent review of SPECT scatter correction [66], the author describes that the
simplest technique to minimise the proportion of scatter detected is to select an
asymmetric photopeak energy window. An asymmetrical energy window is suited for
monoenergetic radioisotopes such as 2mTc. However, asymmetric photopeak energy
windows are not appropriate for radionuclides like 123] with complex emission schemes

which include high-energy downscatter.

Spectral Methods

Methods which incorporate extensive spectral analysis and modelling rely on recording
precise energy information for all detected events and fitting the energy spectrum of
events detected in each pixel. Despite the high accuracy of these corrections, and with the
advantage of appropriately compensating for scatter coming from out-of-field activity, their
implementation requires full list-mode acquisition. This method includes the simultaneous
acquisition of data in a large number (>10) of energy windows, which is not commonly

available on commercial systems [66].

Appropriate Attenuation Coefficient

A crude form of scatter correction is to reduce the amount of attenuation correction,
thereby restoring fewer counts. An example of this is reducing the attenuation coefficient
from the theoretical narrow beam value to a measured broad beam value [8]. The

approach does not compensate for the spatial distribution of the object-dependent effects



Chapter 2 48

of scatter and so does not remove photons that are at a ‘wrong’ location. Therefore, the
method only works satisfactorily for a reasonably uniform source distribution [8].

Filtering

Hutton’s review of SPECT scatter correction [66] describes the historical use of FBP filters
to provide some compensation for scatter. For example, Metz and Wiener filters are
designed to deliver a degree of point spread function compensation that includes scatter.
The problem with these filters is their assumption of a constant object-independent point
spread function, which is not true. As a result, these are no longer commonly used.

Modifying a Reconstruction Probability Matrix

As the probability of Compton scattering at any given angle is known, it is possible to
calculate the probability that photons originating in a particular image voxel will scatter into
any projection bin. The appropriate element of the projection matrix is assigned this
probability. This method requires knowledge of the distribution of scattering material in the
patient with, for example, an attenuation map. This additional complexity increases the
computational overhead [8]. As the scatter estimate is object-dependent, based on the

distribution of tissue densities, it is therefore unique to each patient.

Hutton [66] points out that this approach can only allow for scatter sources within the field
of view of the camera. In the case of an out-of-field ‘hot’ source, a scatter measurement
technique may be a better approach. In these circumstances, Greaves [8] suggests it is
better to use a measured scatter distribution from the patient than projection matrix

manipulation.

2.3.2.2 Measured Scatter

For realistic scatter correction, it is necessary to determine the amount of scatter in an
individual image. This amount will depend on the distribution of activity within the patient,
the distribution of scattering material and the range of scattering angles accepted. A
reasonable estimate of the scatter contribution within the image obtained from the
photopeak energy window can be derived from one or more adjacent energy windows.
Data from a scatter image acquired by an energy window positioned just below the
photopeak can be multiplied by a scaling factor to account for energy window width and
placement outside of the photopeak. The scatter image can then be subtracted from the
photopeak image to give a scatter corrected image. Lower energy scatter windows are

commonly used for correction of single energy emission radionuclides such as 99mTc.
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Many commercial systems implement this dual energy window scatter correction

technique due to its simplicity and effectiveness [8].

The main disadvantage with the dual energy window approach is that the spatial
distribution of scatter differs as a function of both the loss of energy and the different order
of scatter. The primary window contains photons largely with small deflection angles and
first order scatter, whereas a wide lower energy window will measure photons with a
larger deflection angle and higher order scatter. The correction, therefore, removes a
pattern of larger angle and higher order scatter from the photopeak, which is not
representative of low angle first order scatter locations. This method is limited further as

the uniformity correction is dependent on the higher energy primary window [66].

An alternative method for the measurement of scatter uses a triple energy window (TEW).
This method sets two narrow scatter windows: one immediately below the photopeak
window and the other immediately above it. The contribution of scatter to the photopeak
window can then be estimated by linear interpolation between the low and high scatter
windows. The corrected image is the photopeak image minus the average of the two
scatter window images [8, 81, 82]. Investigations of measured scatter correction methods
for 123] imaging by Small [20] and Lagerburg [21] suggest LEHR collimator acquisitions
must include downscatter correction from an upper energy window for the accurate

measurement of contrast ratio.

The main disadvantage of the TEW technique is the noise amplification that arises due to
the acquisition of relatively low counts in the narrow scatter windows. Hutton [66] notes
that “... in low count situations the presence of negative values in scatter corrected
projections can lead to serious artefacts”. Furthermore, as Geeter observed [17],
subtracting the scatter image from the photopeak window image dramatically increases
the noise level. Narita [83] also suggests TEW has a much poorer SNR than alternative
scatter correction methods. Wider scatter windows could reduce noise, but the estimated

distribution of scatter will be more biased.

For practical purposes, methods based on the use of several energy windows have a
definite appeal, despite their limitations, since they permit direct estimation of scatter from
low and high-energy emissions [66]. Therefore, as an effective and commonly used

technique, the TEW method will be used extensively throughout this thesis.
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2.3.2.3 Modelling Scatter Distribution

Simulation studies [84, 85] have shown that accurate modelling of the full 3D spatial

scatter response is superior with regard to noise properties (contrast-to-noise ratio as a

function of iteration number) compared to the use of energy window-based measured

scatter correction. This finding holds, even if the window-based scatter estimate is noise-
free, which is better than can be achieved in practice [66]. Methods for modelling scatter
distribution include:

* Analytical: this method uses complex equations that allow an exact calculation of
scatter [66]. These models are often restricted to the modelling of first order scatter.

+ Transmission-Dependent Convolution Subtraction: estimates scatter based on a
convolution of the photopeak counts by the assumption that the scatter point response
is a mono-exponential function. Estimated scatter is subtracted from the photopeak
counts or incorporated in the reconstruction modelling.

* Object Shape or Slab Derived Estimation: whereby scatter is estimated based on
experimental work or simulation, tabulating scatter functions at various depths behind
a slab of water. The functions for uniform objects of different shapes can be accurately
estimated.

* Fast Monte Carlo Scatter Estimation: A full Monte Carlo simulation can be applied,
rather than a simplified model, to estimate scatter. Given knowledge of the distribution
of attenuation coefficients, the scatter distribution for individual sources of activity can

be estimated accurately.

Full estimation of scatter for an individual patient was traditionally considered too
computationally demanding to be useful. However, recent work in optimising Monte Carlo
methods has demonstrated that it is feasible to compute scatter estimates in sufficient
time to be practical for inclusion in image reconstruction [58, 84-86]. Monte Carlo-based
methods of scatter correction have been reported to provide a more accurate scatter

correction than energy window-based methods [66, 86].

As well as correction for scatter within the patient, Monte Carlo methods have been
developed to model the effects of septal penetration [87]. This approach has particular
appeal in the context of 23] as the high-energy downscatter and photopeak are
independently modelled to include interactions in the patient, collimator and detector
system. Hutton [66] notes the combination of multi-energy and detector modelling has the
potential to significantly improve the diagnostic quality of multi-energy radionuclides which

have traditionally been considered inferior.
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2.3.2.4 Conclusions from Review of Scatter Correction Methods

Monte Carlo modelling of primary and high-energy photons within the patient and detector

system provides the most promising approach for the complex emission scheme of 23|,

especially in regard to LEHR acquisition. The inclusion of Collimator and Detector

Response Modelling (CDRM) into Monte Carlo simulation of photons has the potential to

provide the most accurate correction method for SPECT imaging of 123I. As such, the

following reconstruction correction schemes will form the basis of investigation in this

thesis:

- CDRM scatter correction, accessed under a research agreement with Hermes Medical
Solutions ahead of commercial release

« Object Only Scatter Correction (OOSC), which simulates scatter within the patient at
the photopeak energy. OOSC is a Monte Carlo scatter correction algorithm
commercially available from Hermes Medical Solutions which has proven accurate for
scatter correction of 99mTc cardiac studies [58]

«  TEW scatter correction, which is the most commonly used clinical scatter correction
technique for LEHR 23] imaging [21, 30, 31, 66]

The CDRM, OOSC and TEW scatter correction methods will be applied to data acquired
with LEHR collimators. With regard to medium-energy collimator acquisitions, Lagerburg
[21] demonstrated explicit corrections for high-energy septal penetration are not
necessary for accurate recovery of image contrast. Therefore, CDRM and TEW scatter

correction methods were not applied to data acquired with medium-energy collimators.

2.4 Resolution Recovery Review

As outlined in Section 1.2.3.3, the gamma camera has a finite resolution, and that
resolution deteriorates with source distance from the collimator. As gamma camera
collimators have known dimensions such as hole length, hole diameter and septal
thickness, the acceptance angle of photons can be determined. Furthermore, the distance
of the collimator from the centre of rotation is known. Therefore, reconstruction algorithms
can model the projection of photons, with the width of the projection ray increasing with
distance from the detector [8]. The correction may be depth-dependent or depth-
independent subject to the complexity of the correction algorithm. This section will
describe the motivations for Resolution Recovery (RR) and outline the method used

extensively throughout this thesis to perform the correction.
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2.4.1 Motivations for Resolution Recovery

A clear motivation for correction of collimator blurring is to improve image quality.
O’Mahoney [88] describes RR as improving image quality through reduced partial volume
effect, higher image contrast and lower levels of noise. This improvement may provide the
option to reduce the amount of activity administered to patients. Therefore, this approach
is of particular interest in areas where dose reduction is paramount. For example, Sheehy
[89] and Stansfield [90] have demonstrated that use of RR in SPECT reconstruction can
reduce the exposure of paediatric patients undergoing 9°mTc-DMSA and 9mTc-MDP bone

scans respectively.

Alternatively, if RR improves image quality, then acquisition time can be reduced.
Reduced acquisition time is of particular interest in the field of nuclear cardiology where
Venero [91], DePuey [92], Kangasmaa [93] and Armstrong [94] have investigated using

reduced-time acquisitions reconstructed with RR.

2.4.1.1 Resolution Recovery for Improving Quantification

The use of RR to correct for collimator blurring improves spatial resolution and partial
volume effect. Enhanced spatial resolution improves the accuracy of quantification of
object size and activity concentration. A simulation study of iterative reconstruction for
quantification by Muller [95] suggested a minimum system resolution of approximately 0.4
times the object diameter was necessary to allow accurate estimation of object size and
activity. In Warwick’s investigation on RR of brain SPECT studies [70], the author advises
that any SPECT quantification task should include correction for collimator blurring.

Kalantari [96] similarly suggests that using RR results in more accurate quantification.

However, RR algorithms have limitations. For example, O'Mahoney described significant
overestimation of small sources (20-30mm) [88]. Sohlberg demonstrated Gibb’s ringing
artefacts using Hermes Medical Solutions implementation of depth-dependent RR [97].
Similarly, in Armstrong’s investigation of quantification using Siemens xSPECT
reconstruction software [98], Gibb’s ringing artefact was responsible for the
underestimation of activity concentration of a 28mm sphere. The ringing artefacts are
produced by the RR algorithm trying to recover fine detail lost due to the low spatial
resolution of the gamma camera. Erlandsson’s review of RR [99] suggests that “...
reversing the effects of [partial volume effect] usually lead to noise-amplification or image

artefacts”.
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2.4.2 Resolution Recovery via Probability Matrix Adjustment
Hermes Medical Solutions implement depth-dependent RR in their iterative reconstruction

algorithm by probability matrix adjustment.

The gamma camera’s finite resolution deteriorates with distance both within and between
slices. Determining the point spread function of the camera allows 3D modelling of
correction for the loss of spatial resolution. The projection matrix can be modified to take
account of the probability that photons originating from slightly off the projection ray can

still reach a given projection bin.

The FWHM of the Gaussian-shaped PSF will increase with increasing distance from the
collimator. However, this can be easily measured or calculated if the dimensions of the
collimator (hole diameter and length) are known. If the dimensions of the collimator and
the distance of the patient from the collimator are known, the projection matrix can
incorporate the image blurring caused by limited resolution [8]. Although this technique
works in theory, in practice the process is still limited by image noise, and so RR cannot
produce images with perfect resolution. Nevertheless, the resultant images are improved

when compared to those produced by other reconstruction techniques [8].

2.4.3 Conclusions from Review of Resolution Recovery

Reconstructions performed in this thesis use Hermes Medical Solutions implementation of
depth-dependent RR. The algorithm uses the probability matrix adjustment method
described in Section 2.4.2. Collimator dimensions detailed in the Siemens Technical

Specifications document [100] allowed point spread function modelling.

2.5 Indices for Optimisation of Reconstruction Parameters

The aim of optimising SPECT reconstruction parameters in this thesis is to improve
quantitative accuracy and to enhance image quality for observers. Publications optimising
SPECT image reconstruction have performed evaluation with a number of image quality
metrics, including:

+ Spatial resolution

« Contrast

*  Noise

« Contrast-to-Noise Ratio (CNR)

* Residual Error (RE)
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Therefore, this Section will review these metrics for assessing image quality. One of the
aims of this thesis is to produce 23] SPECT images with a high degree of quantitative
accuracy. This review further aims to identify the utility of these measures as they relate to
123] SPECT quantification.

2.5.1 Spatial Resolution

Spatial resolution is the minimum distance between two points in an image that can be
detected [11]. Spatial resolution is commonly quantified from the Full-Width at Half-
Maximum (FWHM) of the Line Spread Function (LSF) [12], a measure that has been
described as matching human perception of spatial resolution [101]. As well as being an
important image quality metric, spatial resolution is also interconnected with quantitative
accuracy. Work by both Kojima [102] and Mdaller [95] suggest a minimum system
resolution of approximately 0.4 times the object diameter was necessary to allow accurate
estimation of object size and activity. Therefore, optimisation of spatial resolution is a key

metric in achieving accurate quantification.

Spatial resolution has previously been used as a metric to justify the choice of collimator
and acquisition energy windows for 23] imaging. Optimisation work by Bolmsjo [15]
measured the LSF to establish the ideal collimator and energy window for the acquisition
of planar 23] images. Bolmsjo concluded that an LEHR converging collimator
demonstrated the smallest FWHM (11.2mm), while energy window widths investigated did

not influence spatial resolution.

Similarly, Rault [47] measured the spatial resolution of 23] SPECT data to determine the
ideal collimator choice. Rault recommended LEHR collimators reconstructed with TEW
scatter correction, based on a FWHM of 7.9mm for the LEHR collimator compared with

13.4mm for the medium-energy collimator.

Various authors have used the convergence of the FWHM to determine a cut-off point for
iterative reconstruction. Liow’s simulation study [63] characterised the convergence of
SPECT FWHM and found that, depending on the size of objects, the global spatial
resolution may not have fully converged until 200 iterations. However, Norberg [103]
challenges Liow’s theoretical approach to convergence based on FWHM by suggesting
“the optimisation process must be done for every clinical examination”. This statement is
evidenced by Brambilla [64] who recommends 80 iterations for 9mTc cardiac SPECT,
Olsson [104] who recommends 195 iterations for 9mTc brain SPECT and Norberg who
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suggested at least 60 iterations for 9mTc lung SPECT, all based on FWHM

measurements.

Spatial resolution measurements have also been used to assess advances in
reconstruction algorithms. Bouwens [105] simulation study compared iterative
reconstruction variants incorporating RR by evaluating the error in measured to known
FWHM of a point source. Bouwens found that both MLEM and OSEM converged at 40
iterations. Similarly, Knoll [106] used a line source phantom to evaluate advanced
reconstructing algorithms for 9mTc SPECT supplied by GE, Siemens and Philips. Knoll
determined that advanced algorithms which incorporate RR and scatter correction
minimised the FWHM at 75-80 iterations.

To date, there has been no investigation of 23] SPECT spatial resolution which assesses
the inclusion of advanced corrections for depth-dependent RR, CT attenuation correction
and Monte Carlo scatter correction in the reconstruction algorithm. An aim of this thesis,
therefore, will be to determine convergence of system spatial resolution for 23] SPECT to

enable accurate quantification.

2.5.2 Contrast

Cherry [3] defines contrast as: “the ratio of signal change of an object of interest, such as
a lesion, relative to signal level in surrounding parts of the image”. Cherry further details
that factors affecting contrast will also affect observer detectability, making contrast a key
metric in the assessment of image quality. Contrast Recovery (CR) describes how
accurately a reconstructed image represents a known uptake to background contrast

ratio.

As with spatial resolution, evaluating CR allows assessment of acquisition and
reconstruction parameters to enable optimisation of image quality. Rault’s [47]
investigation of collimator choice for 23] SPECT measured CR in reconstructed data.
Rault concluded that 123, acquired with LEHR collimators and corrected with TEW scatter
correction, had higher CR than medium-energy collimator data. A simulation study by

Crespo [24] demonstrated that additional correction with RR improved 123 SPECT CR.

The outcome of an optimisation study based on CR convergence is dependent on the
object under investigation and is, therefore, task specific. This is demonstrated by the
variation in published recommendations based on CR convergence. In Liow’s simulation

study [63] the author suggests CR converges for SPECT reconstruction at 200 iterations,
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whilst Grootjan [107] suggests convergence of CR at 96 iterations. Dickson reported
convergence in uptake ratio (a surrogate for CR) of 123] at 96 iterations using a striatal
brain phantom. However, the reconstruction algorithm used by Dickson did not incorporate

advanced corrections such as depth-dependent RR or Monte Carlo scatter correction.

CR typically refers to Hot CR (HCR). HCR is the ratio of detected contrast to true contrast
on a scale of 0-1, with a result of 1 indicating complete recovery of the known contrast.
However, Cold CR (CCR) can also be measured. CCR is the ratio of counts in a cold
region to counts in a background region on a scale of 0-1, with a result of 1 indicating
complete recovery of a photopenic region. CCR is suggested by Graham [12] for routine
SPECT quality control. Additionally, Brambilla [64] measured CCR in the evaluation of RR
in the reconstruction of *mTc SPECT. Brambilla found that CCR took longer to converge

than HCR and was, therefore, essential in determining optimum imaging parameters.

The use of the NEMA International Electrotechnical Commission (IEC) Body phantom has,
more recently, become commonplace for measuring SPECT CR [98, 106-108]. However,
the phantom has yet to be used with regard to 123 SPECT. Therefore, this thesis will
investigate both HCR and CCR using the NEMA IEC Body phantom to examine

convergence for 123] SPECT reconstruction, with the aim of optimising image contrast.

2.5.3 Noise

Noise is a general term for an unwanted signal. A signal may suffer from noise during
capture, storage, transmission, processing, or conversion [109]. Noise also describes
signals that are random and, therefore, carry no useful information. With regard to gamma
camera imaging, noise most commonly refers to statistical noise present in acquired data
[8].

Noise present in planar imaging follows Poisson statistics of counts acquired and is easy
to establish. However, determining noise for tomographic imaging is much more complex.
The intensity level for each pixel depends on computations from multiple projections which
involve virtually all other pixels in the image [3]. Two methods used to describe noise in

tomographic images are Image Roughness (IR) and Background Variability (BV).

IR is a measure of how noise varies from pixel-to-pixel in a reconstructed volume [110].
Most simply, IR can be measured by taking the counts in a large Region of Interest (ROI)
or Volume of Interest (VOI) and dividing the standard deviation by the mean. Brambilla
[64] has shown a linear relationship of increasing IR with iterations for 9mTc SPECT. Knoll
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[106] used IR to show that advanced iterative reconstruction algorithms could be used to
reduce IR for #mTc SPECT compared with conventional iterative reconstruction. A study
by van Gils [111] demonstrated IR in 131l SPECT imaging could be reduced by

incorporating RR in the reconstruction algorithm.

Bailey [112] showed that the IR of 9¥mTc SPECT, reconstructed with FBP, varied with count
density with a 1/+/counts Poisson relationship. However, Schmidtlein [113] determined this
was not the case for iterative reconstruction in Positron Emission Tomography (PET)
imaging due to nonlinearity of the algorithm. The relationship between IR and count
density for 123] SPECT with complex iterative reconstruction is not known.

Background Variability (BV) relates to how noise varies region-to-region within an image
[110]. BV is the Coefficient of Variation (COV) of the means between multiple ROI or VOls.
For example, Grootjans [107] determined BV for 9mTc SPECT as the COV of the means
from 60 ROls. The author showed that BV reduces when the reconstruction algorithm
includes RR, and also when count density increases. BV indicates how consistent or
otherwise noise is in an image. However, it does not indicate noise magnitude. Therefore,

BV should not be taken on its own and should be considered alongside IR [114].

2.5.4 Contrast to Noise Ratio (CNR)

Statistical noise can impair the detection of a lesion even when the size of an object is
substantially larger than the limiting spatial resolution of the image, especially if the object
has low contrast [3]. To detect a lesion or other object in an image, the observer must be
able to distinguish between the lesion and the noise generated contrast patterns in
background areas. Therefore, determining the Contrast-to-Noise-Ratio (CNR) of an image

is a useful indicator of detectability.

A visual means to assess the relationship between contrast and noise in an image is a
simple contrast-noise curve. This method was used by Gantet [115] in a simulation study
which compared standard OSEM with two implementations of RR reconstruction.
Reconstructions which included RR were shown to have similar CR and reduced noise
(IR).

CNR is one of a number of metrics that can be used to assess SPECT image quality. For
example, in 3"l SPECT imaging, van Gils [111] demonstrated higher CNR for
reconstructions of the NEMA IEC Body phantom which included RR and Monte Carlo
scatter correction than in those without correction. Furthermore, van Gils demonstrated
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CNR maximised at 10-15 iterations, dependent on the correction scheme. Using a similar
method of analysis for 9mTc SPECT, Grootjans [107] demonstrated the relationship
between CNR and count density for advanced reconstruction algorithms from multiple

vendors, again with the NEMA IEC Body phantom.

Oloomi [108] investigated CNR of 99mTc SPECT reconstructions of both a cardiac phantom
and the NEMA IEC Body phantom. Oloomi found a consistently higher CNR for
reconstructions which included attenuation and scatter correction than in uncorrected
reconstructions of the NEMA phantom. The cardiac phantom demonstrated higher CNR
with combined attenuation correction and a novel scatter correction method than

alternative methods.

To the author’s knowledge, there have been no evaluations of the CNR properties of
advanced 23] SPECT reconstruction schemes. Therefore, this thesis will follow the
methods of van Gils, Grootjans and Oloomi for measuring the CNR of 123 SPECT
reconstructions using the NEMA |IEC Body phantom.

2.5.5 Residual Error

Residual Error (RE) is a measure of counts in a region within the object of interest that
should be devoid of counts. Residual Error differs from CCR in that CCR measurements
are of a region with density similar to tissue which will give rise to scatter events. RE is
measured in a region of low density and, therefore, assesses the effectiveness of
attenuation and scatter corrections in SPECT reconstruction. Although originally proposed
for PET quality control [116], the measurement was used by van Gils [111] to compare
TEW and Monte Carlo scatter correction of 131 SPECT. Van Gils found the RE metric
useful for comparing scatter correction methods where septal penetration exists,
concluding that the Monte Carlo scatter correction approach minimised RE. Therefore, RE
can be considered particularly applicable to 231 SPECT which suffers from septal
penetration of low-energy collimators. The reconstruction correction scheme which
minimises RE should indicate the most appropriate method of correction for septal
penetration. With accurate attenuation and scatter correction, the RE of a cold region in

the centre of hot phantom should tend towards 0%.

2.5.6 Summary of Indices for Optimisation of Reconstruction Parameters

Table 2.3 summarises the use of the image quality measures described in this Section.
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Author (year) Isotope Resspo?fxiﬁln ::cn;‘r’aesr; Noise CNR RE
Bolmsjo (77) = v |

Kojima (89) omTe | ‘/ 77777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777
Liow (93) - | t/ 7777777777777 777777777777 t/ 777777777777777777777777777777777777777777777777777777777777777777777777
Bouwens (01) - | t’ 77777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777
Bailey (05) omTe | 777777777 l/ 777777777777777777777777777777777777777777777777
Brambilla (05) e t/ 7777777777777 777777777777 ‘/ 777777777 l/ 77777777777777777777777777777777777777777777777
Gantet (06) w | 777777777777777777777 77777777 s/ 7777777777777777777777777
Koral (07) T 777777777777 s/ 777777777777777777777777777777777777777777777777777777777777777777777777
Norberg (07) ome | t/ 777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777
Olsson (07) omTe | l/ 77777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777777
Rault (07) | V 7777777777777 777777777777 t/ 7777777777777777777777777777777777777777777777777777777777777777777777777
Crespo (08) ey | 777777777777 t’ 77777777777777777777777777777777777777777777777777777777777777777777777
Knoll (12) omTe | t/ 7777777777777 777777777 I/ 77777777777777777777777777777777777777777777777
Oloomi (13) omte | 777777777777 I/ 777777777777777777777 77777777 V 7777777777777777777777777
Armstrong (16) omTc | 777777777777 V 777777777777777777777777777777777777777777777777777777777777777777777777
Grootjans (16) omTe | 777777777777 ;/ 777777777 l/ 777777777 77777777 n/ 77777777777777777777777777
vanGils(16) o1 | v v v

Table 2.3: Summary of the use of image qtjality measdres descfibed in this Section

Table 2.3 illustrates that no single study provides a comprehensive assessment of image
quality metrics for 123] SPECT. Therefore, an aim of this thesis is to perform such an
assessment of 23] SPECT image quality with the inclusion of advanced corrections. This
evaluation will be performed based on the metrics described in this Section. The outcome
of the investigation will inform collimator choice for acquisition and recommend preferred

reconstruction parameters for visual assessment and quantification.

2.6 Quantification of Radionuclide Uptake

Relative and absolute quantification are the two forms of quantification used in
tomographic nuclear medicine that are the focus of this thesis. Relative quantification of
123] SPECT is commonplace in neurology [29, 31, 117] and cardiology [46, 118]. However,
absolute quantification is more challenging. Reconstruction algorithms that contain the
required corrections now overcome many of the challenges associated with absolute

quantification.
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Quantification of the most common radionuclide for imaging, 9mTc, is being adopted in
routine clinical practice for a range of studies [1]. However, additional challenges remain
for the accurate quantification of 23] SPECT due to its complex emission scheme. This
Section will describe methods of performing relative and absolute quantification and will

review developments in the field.

2.6.1 Methods of Relative Quantification

Relative quantification is the ratio between a region of uptake and a reference region.
However, relative quantitative measurements can be achieved by a number of
approaches. This Section will describe the most clinically relevant, including automated

approaches to measuring uptake ratios.

2.6.1.1 Specific Uptake Determination

The simplest method of relative quantification is a straightforward ratio of uptake to non-
specific uptake. An example of this was the study by Ortega [119] of 183 movement
disorder patients undergoing '231-DaTSCAN™ imaging. The investigation aimed to
establish Uptake Indices (Ul) between areas of specific activity and areas of non-specific
activity. Ortega showed that a Ul threshold of 1.44 resulted in a high degree of diagnostic

accuracy in the differentiation of neurodegenerative Parkinson Disease.

Chen [46] applied a similar approach in 123l-mIBG SPECT cardiology. Chen used a Heart-
to-Mediastinal ratio, analogous with Ul, when investigating deconvolution of septal
penetration with a cardiac torso phantom. Chen then used the measure to distinguish
patients with heart failure from normal controls [118].

2.6.1.2 Large ROIs/VOIs and the “Southampton Method”

Manual ROI analysis, such as the previous method by Ortega, includes substantial partial
volume effect and operator-dependent variability [9]. Techniques have been introduced to
reduce partial volume effect and operator variability through the use of larger ROIs/VOls.
For example, Crespo [24] used a large ROI for the quantification of 23] DaT SPECT. ROls
were drawn using a high-resolution CT which was registered to the SPECT data. ROIs
were then automatically expanded on the SPECT dataset to ensure the inclusion of all the
activity that has spread outside the physical volume of the structures due to partial volume

effect.
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Combined work by Fleming [120, 121] and Tossici-Bolt [31] aimed to address both partial
volume effect and inter-operator variability. The author’s methods introduced both
automation to region drawing and a Standardised Uptake Size Index (SUSI) for 123|-
DaTSCAN™ analysis. The technique is more commonly known as the Southampton
Method.

The Southampton Method uses large ROIs/VOls to compensate for partial volume effect.
Following the method, transverse slices containing the striatum are summed together. The
operator then places two large geometric shapes, one over each striatum. The large
region ensures all the counts from the striatum outside the physical volume of the
structure are measured to account for partial volume effect. Additionally, the use of regular
geometric VOIs reduces operator positioning errors [120]. Appendix A includes a detailed

description and a simple example of the Southampton Method.

2.6.1.3 Automated Relative Quantification

Striatal Uptake

Specific Binding Ratio (SBR), as described by Gilland in 1994 [33], has been used to
evaluate 123] SPECT striatal uptake as recommended by the Society of Nuclear Medicine
(SNM) in 1995 [40]. This method has been integrated into commercially available
automated applications, for example, Hermes Medical Solutions BRASS™ [29, 122], the
open source Bas-Gan [123], and GE’s DaTQUANT [124]. Furthermore, these software
applications have been developed for automation of region drawing and comparison of the

SBR of clinical studies with a normal database.

Creating a database of clinically normal investigations allows comparison of clinical
studies with a probabilistic atlas with normal ranges for each voxel. In 2010, the EANM's
Research 4 Life (EARL) group completed a project to create a “European Database of
123|-FP-CIT (DaTSCAN™) SPECT scans of healthy controls (ENC-DAT)” [125]. This
database of 137 normal volunteers has been incorporated into Hermes Medical Solutions
BRASS™ application and the analysis of this database for SBR has determined gender
and age-related declines [29, 126]. The same age-related declines have been
demonstrated using the open source BasGan, which has been developed by the Italian

Association of Nuclear Medicine [123].

Additionally, Dickson [30] has used the automated SBR analysis performed by BRASS™
as a metric for optimising 23] SPECT reconstruction. Automatic SBR analysis is now a
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common approach used in efforts to standardise striatal uptake measurements in

European centres [117].

2.6.2 Quantification of Absolute Activity Concentration

Although relative quantification has been used extensively throughout Europe, a
weakness of this approach is a dependence on a suitable reference region. Reference
regions are typically areas of non-specific tracer uptake. These regions will be of relatively
low count density and, therefore, noisy. Accuracy in any uptake ratio will be dependent on
the noisy reference region. Furthermore, Zaidi [9] suggests performing automated
quantitative analysis should be approached with care as DaT imaging, for example, can

contain inadequate anatomical landmark information needed for automated algorithms.

An alternative to the relative quantitative approach is a direct measurement of activity
concentration. This method of absolute quantification requires suitable calibration of the
gamma camera. Setup is, therefore, more complicated compared to relative quantification.
Despite this complexity, there has been a recent interest in the utility of absolute
quantification for clinical applications [1, 127]. As a result, common nuclear medicine
vendors have developed software suitable for absolute quantification. Hermes Medical
Solutions market SUV-SPECT® [13], Siemens have introduced xSPECT™ [98], and GE
have developed Q.Suite software (originally for PET quantification) for analysis of SPECT
data.

The measurement of absolute activity concentration is achieved by calibration of a gamma
camera. Calibration involves imaging a known activity concentration. The sensitivity of the
camera can be used to determine a Calibration Factor (CF). In subsequent studies,
counts in a region can be multiplied by the CF to convert to activity concentration in kBg/

ml.

Some authors have used planar imaging to determine camera sensitivity [128-130].
Although planar calibration is simple to implement, Dewaraja [2] notes that its application
to SPECT patient data must include perfect correction for scatter and attenuation. This
condition is difficult to achieve and, therefore, direct calibration measurements with
SPECT data acquisition are more reliable. Authors who calibrate for absolute
quantification with SPECT data [98, 131-133] acquire a phantom with uniform activity and

ensure the reconstruction parameters and corrections applied match those used clinically.



Chapter 2 63

The accuracy of SPECT quantification of activity concentration is varied. In Bailey’s review
of quantitative SPECT [1], the author notes errors of up to 20% in activity concentration
estimates in the literature. With regard to 23] SPECT, lida [134] performed a multi-centre
evaluation of the accuracy of absolute quantification using a uniformly filled cylindrical
phantom. lida measured a consistent 12% underestimation in activity concentration with
novel scatter correction and attenuation correction applied across a range of cameras.
lida attributed this underestimation to a line source method of calibration and, therefore,
the difference in geometry between the phantom used for calibration and the phantom

used for assessment of accuracy.

A phantom simulation study of 123] brain SPECT by Crespo demonstrated an
underestimation of 20-40% depending on the reconstruction algorithm. Interestingly,
however, Crespo also noted the accuracy of activity concentration improves to ~5% when
the Southampton Method was used to remove partial volume effect from the
measurement. Crespo's results contrast with those of Du [135] who demonstrated a <2%
error in 23] brain phantom imaging. However, Du’s study used specialist research

software for reconstruction which included an MRI scan for anatomical information.

Kangasmaa [13] has shown consistent Calibration Factor (CF) determination of gamma
cameras for 99mTc quantification with third party software. However, the accuracy and
consistency of 123] SPECT absolute quantification with commercially available software is

unknown.

2.6.2.1 Standardised Uptake Values

Absolute quantification of activity concentration depends on the time of uptake following
injection of radiopharmaceutical and the volume of distribution in the patient. The
variability of these parameters between studies, therefore, means that activity
concentration measurements cannot be used for comparison of inter-patient studies or

even for intra-patient serial scans.

Converting activity concentration to Standardised Uptake Values (SUVs) normalises
between patient studies. SUVs are simple to calculate and are commonplace in the
evaluation of clinical PET-CT studies [136]. Bailey’s recent review of quantification [127]
discusses the methods for determining SUVs and their potential application in routine

clinical SPECT. An SUV in g/ml can be calculated using Equation 2.2.
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Figure 13.9: Example of the 22mm sphere detected in the posterior aspect of the torso
phantom with lower mean confidence than the 177mm and 13mm sphere in the anterior
aspect

The spatial resolution analysis in Section 5.3.2.4 described elongation of sources further
from the centre of the FOV. This appearance of elongation was also demonstrated for

spheres in the torso phantom. An example is shown in Figure 13.10.

Figure 13.10: Elongation of the 22mm sphere in an MELP reconstruction

Knoll [106] also demonstrated this elongation of spherical 99mTc sources in the torso
phantom, reconstructed with depth-dependent RR. Again, this appearance is the result of
varying rates of convergence, as demonstrated by Kappadath [175] and the spatial

resolution results in Section 5.3.2.4.

Conclusions based on the torso phantom study will be summarised in Section 13.4, in

combination with findings from the patient observer study.

13.3 123]-DaTSCAN™ Patient Observer Study

A patient observer study was performed to assess the clinical validity of reconstruction
parameters optimised for 23] SPECT quantification. Optimised parameters were evaluated
against best practice recommendations in the literature and the local clinical protocol,
which was approved by the radiopharmaceutical supplier (GE Healthcare) for clinical use

during site setup.
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13.3.1 Methods
13.3.1.1 Patient Selection

123]-DaTSCAN™ studies were chosen for the

availability locally compared with other 123] imaging studies. 101 patient studies were

acquired in the calendar year from the start of June 2015 to the end of May 2016. Of

these, 50 patients had combined SPECT and

recorded to allow reconstruction in units of g/ml for display with an absolute colour scale.

Requirements are the:
* Height and weight of the patient
« Activity in the syringe before administration

+ Time of injection

patient observer study due to their greater

CT studies and the required demographics

+ Residual activity in the syringe following administration, and

+ Time of activity measurements, including measurement of residual activity

13.3.1.2 Acquisition of Patient Data

SPECT-CT patient studies were acquired using a Siemens Symbia T2 and the parameters

shown in Table 13.4.

Parameter Value
Collimators LEHR

Time per Projection | 30s rrrrrrrrrrrrrrrr
Projections | 128 ,,,,,,,,,,,,,,,,
Photopeak | 150keve10%

Scatter Windows

Matrix
Zoom
Pixel Size
Orbit
Radius of Rotation
CTmA
CT kVp

CT Reconstruction

Slice Width

Lower: 138+4keV
Upper: 178+4keV

Table 13.4: Acquisition parameters for the 123l-DaTSCAN™ patient study
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The Radius of Rotation (ROR) for patient studies is dependent on patient compliance,
anatomy and symptoms. The mean, minimum and maximum RORs for the 50 patient

acquisitions were 15cm, 14cm and 19cm respectively.

13.3.1.3 Reconstruction and Display of Patient Data

Patient data were reconstructed using the three methods detailed in Table 13.5:

GE Approved Dickson’s LEHR
Parameters for Recommended Recommended
123]-DaTSCAN Parameters Parameters
Algorithm FBP lterative (OSEM)

. . 10th Order,
Reconstruction Filter |, oo = 0 o -

Iterations — 96 (6 iterations, 16 subsets)

Resolution Recovery — Depth Dependent

enuaton - o 0
Scatter Correction | - T EWCDRM 777777777777777
Postliter | - - Gassan7mm
Calibration Factor | - — 77777777777777777777777777777777777777777 — 777777777777777777777 77777777777777777 0 84 77777777777777777
SchemeName |  FBP()  TEWWL  CDRM(L)

Table 13.5: Reconstruction parameters for the 123l-DaTSCAN™ patient study
The recommended parameters by Dickson [30] relate to the optimisation of relative
quantification of 123l-DaTSCAN™ studies. The parameters for LEHR data were recommended
based on quantitative image quality measures as summarised in Section 9.1 of this thesis.

After reconstruction, the same reorientation was applied to all three reconstructions for
each patient study such that transverse slices were in the same plane. The axial thickness

of each reconstructed slice was 3.3mm.

Image prints of the reconstructed data were generated which displayed transverse slices
in a 4x3 grid. The four transverse slices with the highest uptake were arranged across the
middle of the grid, and a display zoom of 143% applied to match current clinical practice.
All three methods of reconstruction were displayed using the same colour table. An
example of the data presented is shown in Figure 13.11.
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Figure 13.11: Example of a 4x3 print of an 23]-DaTSCAN™ study used in the patient
observer study

The FBP(L) and OOSC(L) reconstructions were displayed using relative scaling to the
maximum pixel value for each patient study. The CDRM(L) reconstructions were displayed
with an absolute scale normalised to a colour table with an upper threshold of 12.8g/ml, as
determined in Section 12.3.2.1.

13.3.1.4 Observer Analysis

Two observers assessed the patient images. Due to the observers’ previous experience in
reporting 1231-DaTSCAN™ clinical studies, no training cases were made available before
the study. The observers evaluated the image prints of 50 patient studies, each
reconstructed with the three schemes described in Table 13.5 (150 image prints in total).

One observer evaluated the data set twice to assess intra-observer variability.

Patient Study Image Quality
Observers were asked to rate overall image quality on an ordinal scale of 1 to 5 with 1

being very poor, 5 being excellent and 3 being neutral.

Diagnosis of Patient Studies

Observers were asked to indicate whether they perceived the images to be normal or
abnormal. They also rated their confidence in diagnosis on a continuous scale from 0-100
with 100 indicating complete confidence in their diagnosis. 123-DaTSCAN™ studies with
either normal or abnormal appearance can be divided into subgroups. Observers were not

asked for this additional differentiation as it can often require clinical history and
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consultation with alternative modalities. Therefore, further differentiation was not
appropriate for this study which focussed on quality of 123]-DaTSCAN™ images alone.

Examples of normal and abnormal 1231-DaTSCAN™ studies are shown in Figure 13.12.

F\

Normal Scan Abnormal Scan

Figure 13.12: An example of a normal (left) and an abnormal (right) 123I-DaTSCAN™ patient
study [124]

Participants were also asked for any additional comments regarding image quality or

diagnosis.

Statistical Analysis of Patient Observer Study

Similar to the approach described in Section 13.2.1.3, a Friedman test was used to
determine statistical difference between image quality ratings of the reconstruction
methods. Again, a Kruskal-Wallis followed by a post-hoc Dunn’s test was used when the
Friedman test indicated significance. The same method of analysis was used for

comparing observers’ confidence score between reconstruction methods.

A Kappa coefficient is a statistical measure which can be used to assess agreement
between observers [227]. A Kappa analysis was used to compare inter and intra-observer
agreement of image quality. The Kappa coefficient is measured on a scale of 0 to 1 where
1 is perfect agreement, and 0 is what would be expected due to chance. Kappa
coefficients were determined and cross-referenced using two online Kappa calculators:
GraphPad [213] and VasserStats [214]. The coefficient was categorised according to
Table 13.6.
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Kappa Agreement
<0 Less than chance
"""""" 001020  Sight
"""""" 012040  Far
"""""" 041060  Moderate
"""""" 061080 Substantial
"""""" 081099  Amostperfect

Table 13.6: Categorised interpretation of Kappa coefficients [227]

Furthermore, Kappa analysis was used to assess inter and intra-observer agreement for

the diagnosis of normal or abnormal for each reconstruction method.

Of the 50 patient studies examined, 36 studies had sufficient clinical follow-up to assess
the accuracy of diagnosis. The categorisation of these patient studies as normal or
abnormal, based on follow-up, is described in Section 12.2.1.1. From this categorisation,
the sensitivity, specificity and diagnostic accuracy were determined for each
reconstruction method for both observers. Sensitivity indicates the proportion of True
Positives (TP) identified. Specificity indicates the proportion of True Negatives (TN)
identified. Diagnostic accuracy indicates the proportion of correctly determined TP and TN
in the total population. Sensitivity, specificity and diagnostic accuracy were determined

using Equations 12.2, 12.3 and 12.4 respectively.

13.3.2 123]-DaTSCAN™ Patient Observer Study Results
13.3.2.1 Patient Study Results: Overall Image Quality

As with the phantom observer study, a bubble chart has been used to display image

quality scores. The scores for each reconstruction method are shown in Figure 13.13.
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Figure 13.13: Image quality scores for three imaging methodologies of 123-DaTSCAN™
patient studies
An image quality score of 1 indicates very poor quality, 3 is a neutral response and 5
indicates excellent image quality

Image quality scores for the 123]-DaTSCAN™ patient observer study show that 97% of
CDRM(L) images were rated as better than neutral (4 or 5). This compares with 62% for
the TEW(L) method of reconstruction and 2% for the FBP(L) reconstruction. There is a
statistically significant difference in image quality score between all individual comparisons

between the three methods of reconstruction (all p-values <0.01).

The Kappa coefficient for inter-observer agreement of image quality was 0.364 which is
considered “fair” according to Table 13.6. The calculation of Kappa was linear weighted
which accounts for how far apart observations are. The reason the level of agreement
between observers is not stronger than “fair” can be explained by one observer grading
image quality higher relative to the other. This disparity in personal opinion can be seen
when comparing each observer’s median value for each reconstruction method (Table
13.7).

Reconstruction Observer 1 Observer 2
CDRM(L) 5 .

TEWL | . N o

BPL) | . A S

Table 13.7: Median image quality score for observers

The Kappa coefficient for intra-observer agreement of image quality was 0.754 which is

considered “substantial” according to Table 13.6.
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13.3.2.2 Confidence in Diagnosis
Figure 13.14 demonstrates that the CDRM(L) reconstruction had the highest observer

confidence in the diagnosis.

100
)
‘w95
o
c
2 o
(]
.E 85
o
3]
5
- 80
=
3 75
70

CDRM(L) TEW(L) FBP(L)
Reconstruction
Figure 13.14: Observers’ confidence in diagnosis of 123-DaTSCAN™ patient studies

Although the error bars in the Figure 13.14 overlap, there is a statistically significant

difference between the reconstruction methods (Table 13.8) as confidence scores are

paired.
CDRM(L) FBP(L)
FBP(L) <0.001 _
TEWL | 0004 """""" oo
Table 13.8: p-values from a test for statistically Sighificant differences in confidence of
diagnosis

13.3.2.3 Inter and Intra-Observer Agreement of Diagnosis

The two observers disagreed on the diagnosis in only 4% of cases when viewing
CDRM(L) images. This proportion compares with 10% and 18% of cases for the TEW(L)
and FBP(L) reconstructions respectively. Although categorisation of Kappa coefficient
demonstrates substantial agreement between observers for the TEW(L) and FBP(L)
reconstructions, the CDRM(L) reconstruction demonstrated almost perfect agreement.

This information is summarised in Table 13.9.
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_ Cases in Kappa Kappa Cl Level of
Disagreement Agreement
CDRM(L) 4% 0.913 0.796 to 1.000 Almost perfect
TEWW) |  10% 0675 041200939  Substantal
FBPL) |  18% 0640 0441100839  Substantal

Table 13.9: Inter-observer agreement on diagnosis of 123l-DaTSCAN™ studies

Intra-observer agreement on diagnosis was considered “substantial” by Kappa analysis

for all three methods of reconstruction (Table 13.10).

Kappa Kappa CI Level of Agreement
CDRM(L) 0745 0555100936 Substantial
TEW(Q) | 0729 0478100980 Substanal
FBP(L) | 0760 05801000940 Substantial

Table 13.10: Intra-observer agreement on diagnosis of 123]-DaTSCAN™ studies

13.3.2.4 Diagnostic Performance of Observers

Table 13.11 shows the sensitivity, specificity and diagnostic accuracy for observers’
diagnosis of normal or abnormal for 36 patient studies based on one-year clinical follow-
up.

CDRM(L) TEW(L) FBP(L)
Observer 1 957%  100%  100%
Sensitivity e m—
Observer 2 95.7% 95.7% 78.3%
Observer 1 923% = 615%  76.9%
Specificity e e
Observer 2 92.3% 53.8% 92.3%
Diagnostic ~Observerl | — 94.4% 8% 917%
Accuracy  gpserver 2 944%  80.6%  83.3%

Table 13.11: Sensitivity, specificity and diagnostic accuracy for both observers’ diagnoses
versus one-year clinical follow-up

The sensitivity of all three methods was comparable, aside from Observer 2’s poorer
sensitivity with FBP(L). The sensitivity results indicate that all reconstruction methods
evaluated are good at the discrimination of true abnormal patients. However, the TEW(L)
and FBP(L) reconstructions have a relatively poorer specificity than the CDRM(L)
reconstruction, which suggests these methods are poorer for discrimination of true normal
patients. Consequently, the diagnostic accuracy was higher for the CDRM(L)
reconstruction for both observers compared to the TEW(L) and FBP(L) reconstructions.
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Both observers’ sensitivity, specificity and diagnostic accuracy results match for the
CDRM(L) reconstruction. This finding supports the almost perfect inter-observer

agreement found with Kappa coefficient analysis.

13.3.3 Patient Observer Study Discussion

The CDRM(L) method of reconstruction, displayed on an absolute scale, provided the
best image quality for 123l-DaTSCAN™ studies, with a statistically significant difference
over the alternative methods of reconstruction which were displayed using a relative
scale. Observers’ confidence in diagnosis was also highest for CDRM(L) reconstructions,

again with a statistically significant difference.

Patients who present with Parkinsonian Syndrome symptoms and are referred for an 123]-
DaTSCAN™ study typically have a reduction in nigrostriatal nerve terminals of 50% or
more [26, 117]. Therefore, it would be anticipated that this proportion of deficit would result
in high observer agreement between abnormal and normal cases. However, a review of 5
multi-centre 123]-DaTSCAN™ clinical trials by Seibyl [228] reported that Kappa coefficient
can vary from 0.59 to 1.00. This finding by Seibyl indicates that the differentiation of

normal or abnormal is not as binary as the extent of nigrostriatal reduction would suggest.

In the current study, the CDRM(L) reconstruction and display method demonstrated an
inter-observer variability resulting in an almost perfect level of agreement (0.913). This
result was in contrast with the Kappa coefficient between observers for the FBP(L) (0.640)
and TEW(L) (0.675) reconstructions, which indicated substantial agreement. However, the
level of substantial agreement is in consensus with that found by Kahraman [229], who
determined a Kappa coefficient of 0.70-0.74 for three observers assessing 195 patients.
Soderlund [230] found a similar level of agreement with a Kappa coefficient of 0.76-0.85
for visual evaluation of 54 patients using the TEW(L) method of reconstruction and

display.

Observer interpretation will have been influenced by both the method of reconstruction
and the display of CDRM(L) images using a normalised colour table. Figure 13.15 shows
two patient examples where observers disagreed with each other on diagnosis based on
the TEW(L) reconstruction and display but agreed with each other based on the CDRM(L)

reconstruction and display.
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Patient 1:

N

CDRM(L) TEW(L)

Patient 2:

N\

CDRM(L) TEW(L)

Figure 13.15: Two examples of patient studies where observers agreed on diagnosis based
on the CDRM(L) reconstruction but disagreed based on the TEW(L) reconstruction

The image quality of the FBP(L) reconstructions was considered to be better than neutral
in only 2% of the images. Additional comments by observers specifically noted “poor
quality”, “noisy” or “horrible” images in 30% of the FBP(L) studies. No similar comments
were noted for any studies reconstructed with TEW(L) or CDRM(L). This finding suggests
that the image quality can be substantially improved compared with the method of

reconstruction recommended by the radiopharmaceutical manufacturer.

The low count density torso phantom observer study demonstrated that the performance
of the TEW(L) imaging method was poorer than the FBP(L). However, in the neurology
patient observer study, which has a higher count density, the TEW(L) reconstruction had
higher observer confidence, with a statistically significant difference, and a higher image

quality score than the FBP(L) reconstruction. This finding suggests that the TEW scatter
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correction method is not appropriate for low count data sets, due to further count

subtraction, but may be more suited to higher count studies.

Definitive patient outcomes are difficult to determine due to the often slow progression of
disease in the patient population under investigation. An ideal gold standard would be
histopathology at autopsy to determine loss of nigrostriatal nerve terminals, as performed
by Seibyl [207]. Such a study would require long term follow-up of patients imaged with
SPECT-CT and is, therefore, outside the scope of this thesis. However, based on one-
year clinical follow-up, the CDRM(L) reconstruction and display method demonstrated
higher diagnostic accuracy than the TEW(L) and FBP(L) methods of reconstruction and

display.

13.4 Conclusions

The phantom observer study has demonstrated that an MELP acquisition of low count
density oncology studies is superior to LEHR acquisitions, even with CDRM
reconstruction. Therefore, MELP collimators should be used for 123l-mIBG studies
acquired 24 hours post injection.

CDRM is the preferred option of reconstruction for low count density 23] SPECT data
acquired with LEHR collimators. Low count data should not have TEW scatter correction
applied.

The neurology patient study has demonstrated that the CDRM(L) reconstruction and
display method has superior image quality when compared with TEW(L) and FBP(L)
reconstructions. The study also demonstrated an improvement in observer confidence in
diagnosis and almost perfect inter-observer agreement on diagnosis. Therefore, the
CDRM(L) method should be used for reconstruction and display of 123|-DaTSCAN™

studies.

Where CDRM(L) is not available, TEW(L) reconstruction should be used for 123|-
DaTSCAN™ studies in preference to reconstruction parameters recommended by the

radiopharmaceutical manufacturer (FBP(L)).



Chapter 14: Conclusions and Future Work

14.1 Introduction
The aim of this thesis was to investigate the optimisation and clinical application of
advanced third party SPECT reconstruction algorithms with regard to the absolute

quantification of 123],

To achieve this aim, the quality of images reconstructed with advanced correction
schemes were quantitatively assessed to determine optimum reconstruction parameters.
The evaluation demonstrated that Collimator and Detector Response Modelling (CDRM)
greatly improved the accuracy of image quantification for data acquired with LEHR
collimators. The quantitative accuracy of the images obtained from optimised CDRM
reconstruction was demonstrated by activity concentration measurements in a striatal
phantom study. Absolute quantification using the CDRM algorithm facilitated Standardised
Uptake Value (SUV) measurements in 123]-DaTSCAN patient studies, a novel

development which could enhance clinical performance.

The current investigation is timely in light of the increasing interest in SUV measurements
for clinical SPECT. Furthermore, there has been less focus on the absolute quantification
of 123] SPECT than, for example, 9mTc due to the more complex emission scheme of 123,
Therefore, this thesis addresses a clear gap in knowledge with regard to the care required

to establish accurate quantification in a number of routine clinical practices.

14.2 Original Contributions to 123] SPECT Quantification

The work in this thesis has demonstrated the substantial groundwork necessary to
determine the optimum parameters which are required to facilitate accurate quantification
of 1231, In the optimisation of reconstruction parameters, novel methods for the
quantification of image quality were also presented. One such novel approach was the

evaluation of perturbation methods for the assessment of clinical SPECT spatial resolution
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in Chapter 5. A simple perturbation method was shown to be a useful method for the
estimation of SPECT spatial resolution when using iterative reconstruction.

The spatial resolution investigation was used to determine if data acquired with MELP
collimators were appropriate for 1231 neurology studies when using advanced
reconstruction correction schemes. The evaluation demonstrated that data acquired with
MELP collimators and reconstructed with depth-dependent Resolution Recovery (RR) was
not sufficient for neurology studies. The optimal FWHM of the MELP reconstruction was
inferior to the optimal LEHR reconstruction with both a statistical and clinically significant
difference.

Although discounted for neurology studies, for further image quality measures MELP data
reconstructed with the Object Only Scatter Correction (OOSC) algorithm presented the
optimum performance of all correction schemes examined. More specifically, this scheme
demonstrated higher contrast recovery, greater spatial uniformity, less noise and superior

scatter suppression than alternative methods.

For the same four metrics, LEHR data reconstructed with the CDRM correction scheme
exhibited superior performance compared with alternative LEHR correction schemes. The
results from the quantification of phantom data in Chapters 4-8 were summarised in

Chapter 9 with the optimised parameters shown in Table 14.1.

Collimator
LEHR MELP
Iterations 96 (6 iterations, 16 subsets)
Resolution Recovery | Yes 77777777777777777777777777777777
Attenuation Correction CT
Scatter Correction CDRM* 00SC
Reconstruction Time ~6min 30sec ~2min 11sec

Table 14.1: Recommended reconstruction parameters for 123l SPECT
(*) TEW to be used where CDRM is unavailable

The CDRM correction scheme was the most accurate method of 1231 SPECT
reconstruction for absolute quantification of neurology data acquired with LEHR
collimators. A striatal phantom study demonstrated an accuracy in activity concentration
measurements of within £10% of true concentration. This finding could have a substantial
impact on clinical neurology applications. Absolute quantification of data reconstructed
with CDRM is, therefore, recommended in these clinical scenarios.
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The CDRM correction scheme was subsequently applied to clinical 123l-DaTSCAN data
acquired using LEHR collimators. It was shown that the mean SUV measured in the
putamen had the highest diagnostic accuracy of the quantitative measures assessed.
Furthermore, the mean SUV in the putamen demonstrated higher diagnostic accuracy
than the commercially available BRASS™ application. The former method has the
advantage of not requiring a normal patient database for comparison. Again, this novel

finding could have a significant impact on patient studies.

In addition to quantitative accuracy, an observer study showed that CDRM reconstruction
of patient 123]-DaTSCAN studies showed improved image quality, confidence in diagnosis
and inter-observer agreement compared to alternative reconstructions. Furthermore, the
reconstructions which included CDRM were presented to observers in SUV units on an
absolute colour scale, which is a novel approach to '23]-DaTSCAN reporting. This
methodology was shown to provide significant improvements over current clinical practice.
An example of three patients studies, comparing '231-DaTSCAN images in relative and
absolute scale (previously presented in Chapter 12), is reproduced here for reference
(Figure 14.1).
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Relative : Absolute : Patient
Details

84, F
SUVmean = 14.1'

86, F
SUVmean — 5.2

86, F
SUVmean = 4.5

Figure 14.1: Three patient examples which compare 123l-DaTSCAN images in relative and
absolute scale

In relation to body imaging, the quantitative accuracy of reconstructed images
demonstrated that intra-patient serial studies may be feasible. In these instances, data
acquired with MELP collimators and reconstructed with Object Only Scatter Correction
(OOSC) was shown to be the most accurate method (+6% for spheres =22mm in
diameter). However, accuracy was shown to be dependent on lesion location within the
FOV, due to variable rates of convergence. Therefore, absolute quantification is not

recommended for inter-patient comparison.

A torso phantom observer study demonstrated improved image quality and lesion
detection performance for MELP data reconstructed with OOSC compared with the
optimum method of reconstructing LEHR data. Therefore, this scheme is recommended
for acquisition and reconstruction of 123l-mIBG oncology studies, particularly where serial

quantification is necessary.
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In summary, the novel CDRM algorithm improves quantitative accuracy compared with
alternative corrections for LEHR data. The most appropriate application for this
methodology is for 123]-DaTSCAN studies. Quantification of the mean SUV in the putamen
leads to more accurate diagnosis of 123]-DaTSCAN studies compared with BRASS™.
Furthermore, unlike BRASS™, the SUV approach is not dependent on a normal

database.

In relation to oncology applications, quantification of MELP data reconstructed with the
OOSC correction scheme has greater quantitative accuracy, with increased image quality
and lesion detection performance than the optimal LEHR reconstruction. Therefore, MELP

collimators with OOSC should be used for 123|-mIBG studies.

14.3 Methodological Issues

An aim of this work was to evaluate the routine clinical use of novel third party software
reconstruction correction schemes for quantification of 1231 SPECT. This thesis has
focussed on data acquisition using a Siemens Symbia gamma camera. The Siemens
LEHR collimators are more susceptible to high energy septal penetration compared with
alternative manufacturers’ low energy collimators. Therefore, the practical investigations
presented the ‘worst case scenario’ for 23] quantification. The aim of these practical
investigations was to establish whether advanced software corrections could provide an
adequate solution for this worst case scenario. However, the results demonstrated that
accurate quantification in body section imaging remains challenging and a hardware

approach is advised in these circumstances.

Assessment of specialist hardware has not been performed in this study. However,
Siemens have recently released a Low Energy Low Penetration (LELP) collimator
designed for radionuclides with energy photopeaks slightly higher than the 140keV of the
commonly used 9mTc, making it potentially more suitable for 23]. It should be noted,
however, that it is the high energy emissions of 123] that substantially affect sensitivity with
distance from the detector, rather than the 159keV photons. Nevertheless, the Siemens
LELP collimator could be investigated with a view to improving the accuracy of 23] SPECT

quantification.

Ringing artefacts were shown to reduce quantitative accuracy (Chapter 11) and cause
visual artefacts in the reconstruction of MELP data (Chapter 4). Alternative novel iterative

reconstruction algorithms are available which use anatomical prior information from
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sequentially acquired CT images and have been shown to reduce ringing artefacts [97].
However, with regard to 123]-DaTSCAN imaging, these algorithms may be inappropriate as
there is poor structure delineation of the striatum from CT imaging. Therefore, the
correction schemes evaluated in the current study are more appropriate for the clinical

scenario.

The focus of clinical evaluation in this thesis was 1231-DaTSCAN studies. In the patient
study the clinical outcomes were based on one year follow-up and interpretation of clinical
notes. This is not an ideal standard and is recognised as a limitation of the study. A
superior gold standard would be to use an extended follow-up or histology/autopsy. These
methods are beyond the scope of this thesis. Similarly, the patient cohort was relatively
small (36 patients had suitable follow-up). Therefore, conclusions should be viewed as

preliminary findings.

14.4 Future Role of 23] SPECT Quantification

This work has shown that measuring the mean SUV in the putamen of 123-DaTSCAN
patient studies may aid visual reporting without the need for comparison with a normal
database. An aim of future work will be to establish the benefits of the technique by
increasing the patient cohort examined and including longer patient follow-up. It will also

be of interest to expand the technique to other imaging centres with alternative hardware.

Currently, the local clinical protocol for 123l-mIBG patient studies is to acquire data with
LEHR collimators. However, the torso phantom study has shown that MELP data
reconstructed with the OOSC correction scheme can significantly improve image quality
and lesion detectability. Therefore, it would be of particular interest to perform an observer
study with patient data acquired using both LEHR and MELP collimators. Furthermore, as
oncology applications would benefit from the quantification of serial patient studies to
investigate the response to therapy, a patient study using the optimum reconstruction of
MELP data would be of interest.

The clinical count density of 123|-mIBG considered in this thesis has been that of the local
clinical protocol, which is a SPECT acquisition at 24 hour post injection. The aim of this 24
hour acquisition protocol is to maximise uptake to background contrast ratio, particularly in
abdominal areas. However, advanced reconstruction correction schemes with optimised
contrast recovery may sufficiently improve images acquired 4 hours post injection. This

approach would increase count density which may improve lesion detection and be a
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more convenient protocol for patients. An observer study would be necessary to validate

this approach.

Although thyroid imaging was beyond the scope of this thesis, optimised 23] images with
improved image quality may allow for more accurate subtraction of 123l-lodide from 99mTc-
MIBI in dual-isotope parathyroid imaging, potentially enabling greater detection efficiency
of small disease. Again, an observer study would allow evaluation of this likely

improvement for clinical practice.

It is hoped that the optimisation of 123 SPECT image quality and the quantitative accuracy
demonstrated in this thesis can provide a platform for improving diagnostic accuracy for a

number of routine clinical procedures in the future.



Appendix A — The Southampton Method

Introduction

Image analysis techniques have employed relatively large Regions of Interest (ROIs),
compared to the structure under observation, which removes partial volume effect from
the measurement. One such technique, The Southampton Method, was proposed by
Fleming [121] for use in radionuclide imaging. Fleming further described specific

application in dopamine receptor and thyroid SPECT studies.

The Southampton Method for Specific Binding Index Measurement

This Section details the method described by Fleming [121] for relative quantification of
123]-DaTSCAN™ images and also provides a simplistic example of the method. The
illustration given here describes the use of 2D ROls. However, the same technique is
equally applicable to 3D Volumes of Interest (VOIs).

A relatively large ROI is used to ensure that all the counts from the Structure of Interest
(SQOI) are measured, which includes counts outside the physical volume of the SOI, thus
accounting for partial volume effect. A further reference ROI is placed in an area of non-

specific uptake.

The counts which originate from the SOI (Ctsol) are calculated by subtracting the non-
specific uptake from the total in the large ROI (Equation A1):

Crsor = Crror = Cuse ™ Vo Equation A1

Where Crsor is the total counts in the SOI, Ctrol is the total counts in the large ROI, Cwvsa
is the mean counts in the background, and Vro is the volume of the striatal VOI.



Appendix A 325

To illustrate this calculation, Figure A1 shows an example of a true activity distribution in a
large analysis region, the same activity distribution with partial volume effect, and the

activity distribution in a uniform uptake region.

NININIDN
NININIDN
NININIDN

NINMNINMDNINMNINMNIDN
NIdDNININD|DN

NININDNIN|IDN
NINIMDINMNIDN

Figure A1: True activity distribution in a large Region of Interest (ROI) (left), activity
distribution in the same ROI demonstrating partial volume effect (middle), and a ROI of
activity distribution in a region of non-specific uptake (right)

The Crroi of the activity distribution is 125. Cusc is 2 and Vroi is 49 (pixels). Therefore, using
Equation A1, Ctso is 27. This corresponds to the increase in uptake in the activity

distributions of the SOl compared to non-specific uptake.

Fleming [121] described a Specific Uptake Size Index (SUSI), which is the specific uptake

divided by the mean concentration per unit volume.

SUSI = Crsor Equation A2
MBG

Therefore, in the example given in Figure A1, the SUSI is 13.5.

If the volume of the SOI is known (Vsoi) then the Specific Binding Ratio (SBR) can be
found using Equation A3

Crsor Crror _V
SUS/ _ Cuise _ Cuise o

VSOI VSOI VSOI

SBR =

Equation A3

In the example given in Figure A1, the SBR can be determined as shown in Equation A4:

125)_49

SBR = (29 = g Equation A4
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In the example, the SBR calculation has correctly determined the ratio of additional uptake
(3) to non-specific uptake (2).

Fleming [121] applied this methodology to 123]-DaTSCAN™ imaging where Vso| was taken
to be 11.2ml, which is assumed to be a standard striatal volume described in the literature
[231]. The assumption is not critical as Vsoi is only a scaling factor in Equation AS3.

The Southampton Method for Activity Concentration Measurement
The method described above, as proposed by Fleming, relates to determination of a
specific uptake ratio. An amendment to the method is required for direct measurement of

activity concentration from a structure with known volume.

The reference region provides a suitable measure of non-specific uptake and the volume
of both the SOI and the large ROI are known. Therefore, the contribution of the non-
specific counts to the ROl can be subtracted from the total counts in the ROI (Ctrol)
(Equation A5).

Cuc =Crpo — (CMBG X (VROI —Vsor )) Equation A5

where Cac is the counts in the SOI. This method has previously been used by Lagerburg
[21].

Using the values from the example shown in Figure A1, the total counts in the SOI are

calculated to be 45 (Equation A6), which indicates a mean count of 5 in the SOI.
Cic= 125—(2><(49—9)) =45 Equation A6

These counts from the SOI (Cac) are converted to activity concentration using a suitable

gamma camera sensitivity conversion factor.
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