<]
TUDelft

Delft University of Technology

Multi-pinhole Molecular Breast Tomosynthesis: from Simulation to Prototype

Wang, Beien

DOI
10.4233/uuid:d78075cb-7614-4248-b3f5-65a5fd4b3586

Publication date
2020

Document Version
Final published version

Citation (APA)

Wang, B. (2020). Multi-pinhole Molecular Breast Tomosynthesis: from Simulation to Prototype. [Dissertation
(TU Delft), Delft University of Technology]. https://doi.org/10.4233/uuid:d78075cb-7614-4248-b3f5-
65a5fd4b3586

Important note
To cite this publication, please use the final published version (if applicable).
Please check the document version above.

Copyright
Other than for strictly personal use, it is not permitted to download, forward or distribute the text or part of it, without the consent
of the author(s) and/or copyright holder(s), unless the work is under an open content license such as Creative Commons.

Takedown policy
Please contact us and provide details if you believe this document breaches copyrights.
We will remove access to the work immediately and investigate your claim.


https://doi.org/10.4233/uuid:d78075cb-7614-4248-b3f5-65a5fd4b3586
https://doi.org/10.4233/uuid:d78075cb-7614-4248-b3f5-65a5fd4b3586
https://doi.org/10.4233/uuid:d78075cb-7614-4248-b3f5-65a5fd4b3586

EL
-
gy f
H
8

"1’?&!5?‘?&
P S o
WEE e

§ -
=1

-

- g

- w%mi

3y P Bt g
’:*f; L
3 ?ﬁw% ,t.?':iig
dé»“z..z"-—””%"f‘
N TR
%59; Lk
Tk
=4 'ﬁ,;; -
Multi-pinhole Molecular Breast Tomosynthesis:
from Simulation to Prototype
Beien Wang
T e T T , -_.-'- iy ':.'.'T.'-l-l'-ﬁ-l:?'
: '-'lll-l-.l";n!-.;" i i-l.u i |L.+ : l'-'llj-ll-ll-"l:r|!-.'I'-.' T I.-I..I h |.'....+I
A l"+' = -:ll.'.:| ';_;JI -|-|l % . ';'_Ell-'{.l e - l-lll_i:l E_;Jlﬂ-nl
e L R B T LT R
Fpa e e g e R R
,IZ', ':"'tp 4 ] -|-:|.1-'J.'.? s ||-'. : 1;FI|-|- 1 o Al
ek e R L el S e e e
":|: 1..'|'||I—c - '-l |-|_3-.|_‘.'-',| + l-:l" 1."|'||I—| - I-l |-_'- I-l_'.| I
TR L = T b ST i PV T S



Propositions
accompanying the dissertation

Multi-pinhole Molecular Breast Tomosynthesis: from Simulation to Prototype
by

Beien Wang

1. If you want to solve an inverse problem, concentrate on the forward problem. —
Foundations of Image Science by Harrison H. Barrett and Kyle J. Myres

2. After assembling a detector system, a common experience is that it doesn’t work
as expected. — Semiconductor Detector Systems by Helmuth Spieler

3. Mammography must have been invented by MEN because the whole process is a
kind of torture for WOMEN. — a friend of a friend

4. When a field of study stagnates, research in this field tends to be like (supposedly)
Igor Stravinsky’s comment on Antonio Vivaldi’s music: Vivaldi did not write 400
concerti, but he wrote one concerto 400 times.

5. Kitchenware shops are good places to look for lab tools.

6. It is nice to have Chinese students in the group because they know better how to
use Alibaba. — Freek J. Beekman

7. Alanguage is a dialect with an army and navy. — Yiddish wit

These propositions are regarded as opposable and defendable, and have been approved
as such by the supervisor Prof. Dr. F. J. Beekman.
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door

Beien Wang

. Als je een omgekeerd probleem wilt oplossen, concentreer je dan op het voor-
waartse probleem. — Foundations of Image Science by Harrison H. Barrett and Kyle
J. Myres

. Na het samenstellen van een detectorsysteem is een veel voorkomende ervaring
dat het niet werkt zoals verwacht. — Semiconductor Detector Systems by Helmuth
Spieler

. Mammografie moet door MANNEN zijn uitgevonden omdat het hele proces een
soort marteling is voor VROUWEN. — een vriend van een vriend

. Wanneer een vakgebied stagneert, lijkt onderzoek op dit gebied op (vermoedelijk)
Igor Stravinskys commentaar op de muziek van Antonio Vivaldi: Vivaldi schreef
geen 400 concerten, maar hij schreef 400 keer één concert.

. Keukengerei winkels zijn goede plekken om naar laboratoriumgereedschap te zoe-
ken.

. Het is leuk om Chinese studenten in de groep te hebben omdat ze beter weten hoe
ze Alibaba moeten gebruiken. — Freek J. Beekman

. Een taal is een dialect met een leger en een vloot. — Jiddisch aforisme

Deze stellingen worden opponeerbaar en verdedigbaar geacht en zijn als zodanig
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Summary

Breast cancer, being the most common cancer among females, is nowadays routinely
diagnosed using X-ray mammography. Though this technique has proven its effective-
ness in many cases, X-ray mammography has some disadvantages like reduced diagnostic
sensitivity for dense breasts, need for strong breast compression and inability to assess
tissues at the molecular level.

Therefore, there is a need of alternative imaging modalities to improve breast cancer
diagnosis. One option is breast scintigraphy, which images the distribution of radiola-
belled molecules, called tracers, that concentrate in the tumours in breasts with a planar
gamma detector. Different tracers react in different physiological processes with tu-
mours. Therefore imaging a specific tracer can reveal the specific pathological process
that is specific for a certain kind of breast tumour. Despite the fact that breast scintigra-
phy has been reported to have improved diagnostic sensitivity in dense breasts compared
to X-ray mammography and does not require strong compression, it offers only 2D im-
ages and information on the third dimension is thus lost. In this research we proposed
a molecular breast tomosynthesis scanner which provides 3D images of the radiotrac-
ers in the breast. In the proposed system, the patient would lie prone on a patient bed
with a hole in which the breast is inserted. Subsequently, two gamma cameras equipped
with multi-pinhole collimators (therefore the technique is called multi-pinhole molecular
breast tomosynthesis, MP-MBT) scan the pendant breast from both sides.

To estimate the performance of MP-MBT, the system was modelled in Monte Carlo sim-
ulations in a clinically realistic setting. The results assured us that it was worth building
a prototype of MP-MBT to further investigate its imaging capability. Besides, voxelized
raytracing (VRT) software developed earlier in our group to accelerate simulations and
facilitate system optimisations was validated with the Monte Carlo simulation results.
Subsequently, VRT was used in further studies in this project.

The promising results of MP-MBT simulations partly relied on a gamma detector with
high spatial linearity over the whole detector surface. However, conventional gamma
detectors used in clinical practice have large dead edges, i.e. about 4 cm from the de-
tector edges is unusable, and a detector with small dead edges would be very expensive,
which may make MP-MBT a less competitive technology. Therefore, in order to have
a gamma detector suitable for MP-MBT, we came up with a few different designs with
Nal(Tl) scintillators and photomultiplier tube (PMT) array readouts and evaluated their
performances with Monte Carlo simulations. From the simulation results, we eventu-



vi Summary

ally chose a design with a staggered layout of 15 square PMTs, among which two PMTs
detected the optical photons from the scintillator through extra-long additional light-
guides. This gamma detector was built in our lab, and it turned out to have only about
15 mm dead edge (mainly due to the 12 mm sealing).

The customised gamma detector was equipped with a lead multi-pinhole collimator de-
sign based on previous research. The whole gamma camera was mounted on a robot arm
to create a movable scanner. We calibrated the scanner with a point source and scanned
a resolution phantom and a breast phantom to evaluate MP-MBT’s performance. In the
phantom study, the scanner showed the capability of detecting tumours down to 5 mm
when a realistic tracer (technetium sestamibi) concentration was administered.

However, the current prototype is still far from a device that can be used in the clinic
and we have found several problems with MP-MBT, especially the noise pattern in the
reconstructed images, which should be given special attention in the future research.
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Samenvatting

Borstkanker, zijnde de meest voorkomende kanker bij vrouwen, is tegenwoordig routine-
matig gediagnosticeerd met behulp van réntgenmammografie. Hoewel deze techniek in
veel gevallen zijn effectiviteit heeft bewezen, heeft rontgenmammografie enkele nadelen,
zoals verminderde diagnostische gevoeligheid voor dichte borsten, behoefte aan sterke
borstcompressie en onvermogen om weefsels op moleculair niveau te beoordelen.

Daarom is er opnieuw een behoefte van alternatieve beeldvormingsmodaliteiten om de
diagnose van borstkanker te verbeteren. Eén optie is borstscintigrafie, waarbij beelden
van de verdeling van de radioactief gemerkte moleculen, genaamd tracers, dat concen-
traat in de tumoren in de borsten met een vlakke gammadetector. Verschillende tracers
reageren in verschillende fysiologische processen met tumoren. Daarom kan beeldvor-
ming van een specifieke tracer het specifieke pathologische proces onthullen dat speci-
fiek is voor een bepaald soort borsttumor. Ondanks het feit dat borstscintigrafie heeft
werd gemeld te hebben verbeterde diagnostische gevoeligheid in dichte borsten in ver-
gelijking met rontgenmammografie en heeft geen sterke compressie nodig, maar biedt
alleen 2D-beelden en informatie over de derde dimensie is dus verloren. In dit onderzoek
hebben we een moleculaire borsttomosynthesis scanner voorgesteld die 3D-beelden van
de radiotracers in de borst levert. In het voorgestelde systeem zou de patiént liggen ge-
voelig op een patiént bed met een gat waarin haar borst ingebracht. Vervolgens twee
gammacamera’s tussen uitgerust met multi-pinhole collimatoren (dus de techniek multi-
pinhole moleculaire borsttomosynthesis, MP-MBT) scant de hanger borst van beide kan-
ten.

Om de schatting van de prestaties van de MP-MBT, werd het systeem gemodelleerd in
Monte Carlo simulaties in een klinisch realistische setting. De resultaten als zeker van
ons dat het de moeite waard was gebouwd een prototype van MP-MBT om verder te
onderzoeken de beeldvormende mogelijkheden. Trouwens, voxelized raytracing (VRT)
ontwikkelde software eerder in onze groep om de simulatie te versnellen en vergemakke-
lijken systeemoptimalisatie en werd gevalideerd met de Monte Carlo simulatie resultaten.
Vervolgens, werd VRT constant gebruikt in verdere studies in dit project.

De veelbelovende resultaten van MP-MBT simulaties waren deels afhankelijk van een
gammadetector met hoge ruimtelijke lineariteit over het hele detectoroppervlak. Ech-
ter, conventionele gammadetectoren die in de klinische praktijk worden gebruikt, hebben
grote dode randen, dat wil zeggen ongeveer 4 cm van de detector randen onbruikbaar,
en een detector met een kleine dode randen zeer duur zou zijn, waarbij MP-MBT min-

vii



viii Samenvatting

der concurrerend technologie kunnen maken. Daarom, om zo te een gamma-detector
geschikt voor MP-MBT hebben, we kwamen met een paar verschillende ontwerpen met
Nal(Tl) scintillator en fotomultiplicatorbuis (PMT) reeks uitlezingen en evalueerden hun
optredens met Monte Carlo simulaties. Uit de simulatie resultaten, we uiteindelijk voor
een ontwerp met een versprongen inrichting van 15 vierkante PMT’s hebben gekozen,
waaronder twee PMT’s gedetecteerde optische fotonen van de scintillator met extra lange
additionele lichtgeleiders. Dit gammadetector is in ons lab gebouwd, en deze bleek slechts
ongeveer 15 mm dode rand hebben (voornamelijk door de 12 mm verzegeling).

De aangepaste gammadetector was uitgerust met een lood multi-pinhole collimatoront-
werp op basis van eerder onderzoek. De hele gammacamera werd op een robotarm ge-
muteerd om een beweegbare scanner te maken. We hebben de scanner gekalibreerd met
een puntbron en een resolutiefantoom en een borstfantoom gescand om de prestaties
van MP-MBT te evalueren. In het fantoomonderzoek toonde de scanner het vermogen
om tumoren tot 5 mm te detecteren wanneer een realistische tracer (technetium sesta-
mibi) concentratie werd toegediend.

Echter, de huidige prototype is nog ver verwijderd van een apparaat dat kan worden ge-
bruikt in de kliniek en we hebben een aantal problemen gevonden met MP-MBT, in het
bijzonder het ruispatroon in de gereconstrueerde afbeeldingen, die moet worden gege-
ven speciale aandacht in de toekomst onderzoek.
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Introduction

1.1. Breast cancer and current diagnostic technology

Breast cancer is the most common cancer among the female population. In 2012, about 1.7
million women worldwide were diagnosed with breast cancer and over 500,000 died of
this disease. This constitutes 25% of cancer diagnoses and 15% of cancer deaths among
women [1].

Nowadays, X-ray mammography is the routine technique to diagnose breast cancer and it
has been proven to be able to effectively detect breast lesions in an early stage [2]. As early
diagnosis and early treatment are key factors in breast cancer survival, the emergence
of X-ray mammography since the 1950s has effectively reduced breast cancer mortality
[3, 4]. Figure 1.1a shows a schematic illustration of the general setup of X-ray mammog-
raphy. In this setup, the breast is fixed and firmly compressed against the X-ray detector
by a compression paddle, behind which an X-ray tube is located. Only part of the X-
rays emitted from the tube penetrate the breast and these are measured with an X-ray
detector. As different tissues in the breast have different attenuation coefficients and
thus absorb different amounts of X-rays, the images obtained from the X-ray detector
provide information on the different tissue structures in the breast. This way, abnormal
tissue structures can be interpreted as being lesions. The compression of the breast by
the paddle is necessary as it reduces two important image-degrading effects. First of all,
breast compression results in a decrease of X-ray scatter, a process in which photons are
deflected from their original path leading to lower image contrast. Secondly, firm com-
pression reduces tissue pile-up meaning that tumours hidden by anatomically overlaying
healthy tissue.
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gamma ray
o X-ray tube
mild compression

efirm compression

tracer
° X-ray gamma camera
tracer injection

o X-ray detector

(a)

X-ray mammography Breast scintigraphy

Figure 1.1: Schematic visualisation of planar X-ray and nuclear imaging of the breast. (a) X-ray mammography in
which the breast is compressed as much as reasonably possible; the X-ray tube which generates X-rays and the
X-ray detector are also shown. (b) Breast scintigraphy in which only mild compression is applied to the breast
for fixation; the tracer which binds to the tumour and emits gamma rays is injected in the arm and transported
to the target through the cardiovascular system (simplified in the figure). (c) An image obtained with X-ray
mammography. (d) An image obtained with breast scintigraphy. (c) and (d) are used with permission of Mayo
Foundation for Medical Education and Research, all rights reserved.

X-ray mammography provides 2D projection images of the compressed breast; in prac-
tice two images are taken in different directions. In principle, if many of such 2D pro-
jections are made at different angles, for example by rotating the detector and the X-ray
tube around the breast, a 3D image of the breast can be computed from all these pro-
jections. If the rotation has an angular range exceeding 180°, such a technique is called
X-ray Computed Tomography (CT). In general purpose CT, the X-ray tube and detec-
tor rotate around the patient’s torso, which leads to significant scatter in the torso and
therefore does not result in high-quality breast images. A breast-specific CT in which
X-ray tube and detector are rotating around the breast is not easy to apply because of
the spatial limitation and its image quality would still be hampered by the scatter in the
uncompressed breast [5]. An X-ray scanner, however, with more limited angular range
around a compressed breast is feasible. Obtaining 3D images from such a limited number
of angles is generally referred to as tomosynthesis, and more specifically by X-ray breast
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tomosynthesis for this specific case. Like CT, X-ray breast tomosysthesis also generates
3D images, but the image quality can be largely non-isotropic, unlike the fully 3D images
from CT. The images from X-ray breast tomosynthesis reduce the tissue pile-up issue,
and thus provide higher diagnostic value than 2D images [6]. Moreover, information on
the 3D shape of the lesion becomes available in breast tomosynthesis [7-9].

Both X-ray mammography and X-ray breast tomosynthesis give a high overall diagnostic
sensitivity of 70% — 90% (with sensitivity being defined as the fraction of breast cancers
diagnosed successfully in examinations) with acceptable radiation dose (0.5 — 1.2 mSy;
compared with a normal annual dose from the environment of 1 — 3 mSv) [10, 11]. X-
ray breast tomosynthesis even provides the 3D information that X-ray mammography
does not. However, these imaging modalities have two main disadvantages. The first
disadvantage is that the diagnostic sensitivity for dense breasts drops significantly to 30%
— 50%, i.e. it becomes very hard to distinguish lesions from normal tissue in dense breast
X-ray images, which is especially disadvantageous as denser breasts are associated with
a higher risk of getting breast cancer [10, 11]. The second disadvantage is that the strong
compression of the breast during an examination is a huge discomfort for many women.
Recently, there are studies showing that less strong compression does not necessarily
reduce breast cancer detectability [12-14]. However, in clinical practice, it is still common
to apply strong compression. All these disadvantages together drive many researchers
to investigate alternatives to X-ray imaging techniques, e.g. magnetic resonance imaging
(MRYI), ultrasound imaging, optical imaging, and nuclear imaging.

Of these alternative imaging techniques, MRI, ultrasound and optical imaging have the
advantage that no ionising radiation is involved; these techniques are sometimes accom-
panying X-ray mammography to diagnose breast cancer. MRI shows high diagnostic
sensitivity to breast lesions especially for dense breasts (over 80%), but the diagnostic
specificity is relatively low (around 70%; meaning that a large fraction of the MRI diag-
nosed breast lesions are actually benign, but still need to be investigated further with
biopsies) [15, 16]. Moreover, MRI examination is quite expensive and not suitable for ev-
eryone, e.g. for patients with claustrophobia. Ultrasound is a cheap and fast imaging
modality, and a combination of ultrasound and X-ray mammography has been reported
to increase the diagnostic sensitivity [17]. However, the information ultrasound imaging
provides is highly operator-dependent, which means that if the sonographer is not an
expert in breast ultrasound imaging, the images can be easily misinterpreted. Optical
imaging of breast cancers is still largely in the research stage and is probably not going
to become a general clinical technique in the near future as optical photons do not have
enough penetrative power to image lesions deep in the breast [18]. Nuclear imaging, of
which planar scintigraphy, single photon emission computed tomography (SPECT) and
positron emission tomography (PET) are the most common methods, will be discussed
in the next section.




4 1. Introduction

1.2. Molecular breast imaging

Medical imaging modalities are often divided into two categories according to their imag-
ing ‘philosophy’ The first category constitutes structural /anatomical imaging, in which
the position, shape, and structure of certain tissues and organs are visualised. The other
category entails functional /molecular imaging, in which the physiological process of in-
terest is marked and visualised. The aforementioned X-ray mammography, X-ray breast
tomosynthesis, general purpose X-ray CT, MRI, and ultrasound imaging belong to the
structural /anatomical imaging class, while nuclear imaging modalities such as planar
scintigraphy, PET and SPECT are functional/molecular imaging techniques. As func-
tional images reflect the physiological processes inside an organism, function methods
have been widely used in cancer diagnosis, therapy monitoring, pharmaceutical science,
and neuroscience. Figure 1.1c and d show a comparison of 2D images of the same breast
obtained with anatomical imaging (X-ray mammography) and molecular imaging (breast
scintigraphy). It can be seen that although Figure 1.1d does not contain much structural
details, the lesion is clearly emphasised, which indicates that molecular imaging can have
better diagnostic sensitivity and specificity than anatomical imaging.

In planar scintigraphy, SPECT and PET, the patient is injected with a chemical solution, a
so-called tracer, which (in case of cancer imaging) is preferably taken up by tumour cells.
A tracer is radioactive and results in high-energy photons (directly through radioactive
decay or indirectly through electron-positron annihilation), which allow to track the
tracer and thus determine the location of the tumour cells. SPECT, particularly, can
image multiple tracers simultaneously, meaning that multiple tumour metabolic reac-
tions and the relationship between them can be visualised, which is particularly useful in
preclinical studies and interesting in clinic [19-21]. With the development of new trac-
ers, molecular imaging techniques (especially SPECT and PET, but also molecular breast
imaging) may not only be used to locate the tumours, but also characterise them and
even treat them simultaneously [22-24].

Planar scintigraphy and SPECT use single photon emitting radioisotopes as tracers and
collimators to limit the incoming gamma photons’ directions. While planar scintigra-
phy is a direct imaging technique where the measured projections provide the 2D im-
ages, in a SPECT scanner the patient is imaged over an angular range of at least 180°
(in practice usually 360°) and 3D images are computed from the measured projections.
PET uses positron emitting radioisotopes as tracers and coincidence detection of a pair
of annihilation photons resulting from electron-positron annihilation to determine the
line-of-response. From these lines-of-response the 3D distribution of the tracer can
be reconstructed. However, due to the limited availability of PET scanners and trac-
ers, PET is not often used in clinic for breast cancer diagnosis. New PET tracers and
instruments for breast cancer are under development, thus PET may potentially play a
bigger role in breast imaging in the future [25-27]. In this thesis we present a molecu-
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lar breast tomosynthesis (MBT) scanner which, like SPECT, images the 3D distribution of
single gamma photon emitting tracers but does so over a limited range of angles (hence
the name ‘tomosynthesis’ instead of ‘tomography’). It should give similar images as Fig-
ure 1.1d, but with more information, as spatial information in the third dimension is added.

Nowadays, several commercial planar breast scintigraphy systems have been developed
[28, 29] and several studies have reported that these can be superior to X-ray imaging in
terms of diagnostic sensitivity, i.e. about 80% — 90%, for dense breasts [11, 30, 31].

While breast scintigraphy can be viewed as the functional version of X-ray mammogra-
phy, the MBT scanner we are developing can be considered as a functional version of
X-ray breast tomosynthesis. In planar breast scintigraphy and MBT, strong compression
of the breast as in X-ray mammography and X-ray breast tomosynthesis is not applied, as
the imaging time is long (typically 10 to 20 minutes) and strong compression of the breast
over such a time span is not feasible. Moreover, gamma photons have usually higher en-
ergies than X-ray photons used in breast imaging and the role of scatter in anatomical
and functional imaging is different. Both reasons make mild compression of the breast
in molecular breast imaging less problematic than it would be in X-ray breast imaging.
Additionally, as relatively high-energy gamma photons are used, there is also no reason
to believe that diagnostic sensitivity would depend on breast density; this has indeed
already been demonstrated in planar breast scintigraphy [11, 30, 31].

Figure 1.2a and c shows the design of the MBT scanner we are developing [32, 33]. The top
of the scanner is a bed on which the patient lies while her breast is inserted into a hole in
the bed. Inside the hole (Figure 1.2a and b), two gamma cameras scan the breast, which
is mildly compressed for fixation, from opposite sides. With the multi-pinhole collimator
shown in Figure 1.2b and d, these two gamma cameras are able to obtain projections
from multiple angles simultaneously and thus a 3D image of the tracer distribution in the
breast can be calculated from them.

1.3. Gamma Camera

Figure 1.3 illustrates the different components of a gamma camera in comparison with
those from a digital optical camera. A gamma camera visualises distributions of gamma
sources while an optical camera visualises optical sources. The collimator in a gamma
camera serves a bit like the lens in an optical camera: the former provides directional in-
formation for the incoming gamma photons, while the latter links the detection positions
of optical photons to those of the optical sources. The gamma detector in Figure 1.3b,
which is made of a scintillator, a light-guide, and a PMT array, serves a similar purpose
as the CCD optical detector in Figure 1.3a: the former gives the positions at which the
gamma photons get absorbed while the latter provides the absorption position of the
optical photons. With knowledge of the detected position of the gamma/optical photon
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Figure 1.2: (a) Inside the hole in the patient bed, two gamma cameras scan the breast from opposite directions;
every gamma camera comprises a collimator and a gamma detector. The critical edge, the upper edge of the
gamma camera close to the patient’s chest wall, is marked; (b) Section pp’ from (a) is shown with the converging
multi-pinhole geometry displayed in detail. (c) Conceptual picture of a MBT scanner with a patient lying on a
bed. (d) A 3D conceptual drawing of the multi-pinhole collimator viewed from the front and back.

and its relationship with the object, a planar image of an object can be obtained.

1.3.1. Collimator

Akey difference between collimators and their counterpart camera lenses is that the for-
mer regulate the incoming gamma photons’ directions at the expense of a huge loss of
gamma photons, while the latter does not induce a significant optical photon loss. As
gamma photons are of very high energy compared to optical photons, it is impossible to
use refraction, and thus the strategy of direction control is to shape high-density mate-
rial, e.g. tungsten or lead, in a certain geometry such that gamma photons are selectively
absorbed based on their direction. Figure 1.3b shows a so-called parallel hole collima-
tor, which is the most common type of collimator. It consists of a heavy metal slab with
many small parallel holes inside. Gamma photons travelling in a direction that is approx-
imately parallel to the holes can pass through, while gamma photons in other directions
are absorbed by the slab.

There are also other types of collimators, and the most common type beside the paral-
lel hole collimator is the pinhole collimator. Figure 1.4 shows a comparison between a
parallel hole collimator and a pinhole collimator for mouse imaging. While for the paral-
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Figure 1.3: Illustration of a digital optical camera (a) and a gamma camera (b).

lel hole collimation, the projection on the detector is of the same size as the object, for
the pinhole collimator the projection size depends on the pinhole-object distance and
pinhole-detector distance. If, as Figure 1.4 shows, the pinhole-object distance is smaller
than the pinhole-detector distance, the image will be a magnified version of the object. In
all cases, the finite resolution of the gamma detector will cause the detector image to be
blurred. However, when the projection on the detector is magnified, the image resolution
can be better than the intrinsic detector resolution. For small objects, pinhole imaging
is especially beneficial because in this case the pinhole can be placed very close to the
activity (meaning very large magnification factors) while the entire magnified object still
fits the detector.

%

Parallel hole collimation Pinhole collimation

Figure 1.4: Illustration of the effect of parallel hole collimation (image has the same size as the object) and
pinhole collimation (image is larger than the object if the image-pinhole distance is larger than object-pinhole
distance).

As the intrinsic detector resolution is no longer a limiting factor, the spatial resolution
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of a pinhole system will largely depend on the diameter of the pinhole. The smaller the
pinhole diameter, the higher the resolution of the system. However, as a trade-off, if the
pinhole diameter is too small, only a very small fraction of emitted gamma photons will
go through the pinhole, and as a result the system sensitivity will be very low [34, 35].
A lower sensitivity means that it takes a longer time or higher amount of radioactive
tracer to get a sufficient amount of photons to obtain a suitable image, which is often not
practical.

To obtain high sensitivity while maintaining the high resolution property of a pinhole
collimator, the concept of focusing multi-pinhole collimation was proposed [36, 37]. In
this concept, multiple pinholes focus on the object and both high sensitivity and high
resolution is achieved at the focus. The focus is small to ensure all pinhole projections fit
onto the detector without much overlapping, and thus multi-pinhole collimator imag-
ing is especially useful for imaging small animals, e.g. mice or rats [38]. Multi-pinhole
collimator-based SPECT has already been widely applied in preclinical and pharmaceu-
tical research with small animals [19, 39-42], and nowadays this technique is extended to
image parts of the human body, like the heart or brain [43-47]. As is shown in Figure 1.2b
and d, the MBT system we are developing is also based on multi-pinhole collimation, and
the technique is thus called multi-pinhole (MP-)MBT [32, 33, 48].

1.3.2. Gamma detector

The gamma detector shown in Figure 1.3b is the earliest design used for scintillation imag-
ing, which was invented by Hal O. Anger in 1950s (therefore dubbed ‘Anger camera’)[49].
It consists of a continuous piece of scintillator, a light-guide, and an array of PMT read-
outs, and today it is still the most widely-used camera design in SPECT because of its
generally good performance and cost-effectiveness [50].

Nowadays, however, there are many different gamma detector designs. The principle on
which the detector operates can be used to categorise detectors into two types. The first
type directly converts gamma photon energy into an electrical signal. These detectors
are mostly made of heavy semiconductor crystals, e.g. germanium, cadmium telluride,
and cadmium zinc telluride [51, 52]. These detectors are compact and have a very high
energy resolution, i.e. one can easily distinguish the photons with desired energy from
other (scattered) photons. Unfortunately prices of semiconductor detectors are also very
high. The second type of gamma detector uses indirect conversion: first the gamma
photon’s energy is converted into an optical signal, and then light sensors convert this
optical signal into an electrical signal. The Anger camera in Figure 1.3b belongs to this
type. The crystal which converts gamma photon energy into an optical signal is called
the scintillator. When a gamma photon entering the scintillator is absorbed, thousands
of optical photons are emitted isotropically, a process called scintillation. The most com-
monly used scintillator material is sodium iodide (Nal) doped with thallium (TI). The light
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sensor array mounted on the scintillator records the distribution of the scintillated op-
tical photons and from this distribution, the gamma photon interaction position in the
scintillator can be estimated. The light sensors used in scintillation gamma detectors are
mostly photomultiplier tubes (PMTs) [49, 50]. CCD sensors are not sensitive enough and
are very expensive in large sizes, so they are not often the first choice in gamma cam-
eras [53]. The scintillator is typically a few to a few tens of millimetres thick, while the
size of the PMT'’s sensitive area ranges from a few millimetre to a few tens of millimetre
(in medical imaging applications). If only one light sensor detects the scintillated optical
photons, the resolution would be the size of the light sensor, which is often not enough.
In order to let more light sensors detect the optical photons from each scintillation, a
light-guide (made of glass or another transparent material) is often placed between the
scintillator and the light sensor array.

For every gamma photon interaction in the scintillator-based gamma detector, each light
sensor will give a signal representing the amount of optical photons from this interaction
location reaching this light sensor. The light sensors close to the interaction position will
receive more optical photons, i.e. higher signal, and the light sensors far away from the
interaction position will get lower signal. Based on the relative intensity of these signals,
the interaction position can be estimated. Conventional gamma detectors with PMT out-
put used a resistor/capacitor network to calculate the interaction position analogously
with a weighted average method (the average of all PMT outputs to an interaction event
weighted by the PMT positions). This method is called Anger logic, named after the inven-
tor Hal O. Anger as well [49]. Nowadays, the available electronic technology facilitates
us to process the PMT signals with more complex algorithms, but Anger logic is still a
good starting point of gamma photon interaction position estimation. The detector de-
signed for MP-MBT also uses a Nal(Tl) scintillator readout by a PMT array (a modified
Anger camera) with an Anger-like algorithm as the start of interaction position estima-
tion. This is an affordable and technically mature solution which has been proven to be
good enough in most large-area detection cases.

As Anger logic uses a weighted average algorithm to estimate the interaction position, its
performance is compromised near the edges of scintillator, which is often referred to as
the dead edge problem. Conventional gamma detectors used in full-body SPECT systems
have dead edges as large as the radius of PMTs used (about 40 mm). But fortunately these
gamma detectors are large, and they need to rotate over 180° during the imaging process,
so the dead edges can be compensated by the movement and usually does not lead to a
serious degradation of the reconstructed images. However, in the MP-MBT system in
Figure 1.2, the upper edge of the gamma camera is very close to the chest wall, and if
conventional gamma detectors were to be used in this application, the scanner can hardly
image this upper edge. For this reason, solving this dead edge issue is one of the topics
of this thesis, and throughout it the upper edge of the gamma camera will be referred to
as the critical edge.
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1.4. Outline of the thesis

This thesis focuses on the experimental realisation of a MP-MBT prototype scanner. The
initial design and estimated performance of the scanner were studied in an earlier sim-
ulation study [32], and in Chapter 2, a full Monte Carlo simulation of the entire scanner
was done. This not only validated the quick simulation method used for earlier system
optimisation (voxelized raytracing), but also provided the first analysis of the influence
of scattered photons on the images

In Chapter 3, we attempt to solve the dead edge issue of the gamma detector. In a Monte
Carlo simulation study, we simulated several possible affordable detector geometries all
based on the use of continuous Nal(T]) scintillators that are read out by PMTs. Uncon-
ventional light-guide geometries which allowed us to effectively realise small-sensitive
area PMTs near the critical edge in a cost-effective way were proposed. We evaluated
which design gave the best overall performance and met our needs.

The best performing gamma detector in Chapter 3 was built and is experimentally eval-
uated in Chapter 4. We overcame the engineering difficulties, acquired the necessary
parts, and manufactured several customised components. A thorough evaluation of the
detector in terms of its spatial resolution, spatial linearity, energy resolution, and unifor-
mity was performed. We concluded that the built detector was a cost-effective solution
to the dead edge problem and that it met our requirements for the MP-MBT detector.

With the gamma detector at hand, we manufactured a multi-pinhole collimator that was
optimised for MP-MBT [33]. Together with several support parts, a proof-of-concept
setup of MP-MBT was built. In Chapter 5, an evaluation of the prototype MP-MBT scan-
ner was given based on the measurement with resolution phantom and breast phantom.
The experimental results showed that the aimed 3D detection of sub-centimetre tumours
was achieved.

In the end, a concluding Chapter 6 was given, as well as a discussion of current problems
and suggestions for future research.
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2. Voxelized raytracing and scatter estimation

ccurate gamma photon transport simulations of emission tomography systems are
A.important to optimise system geometries and for iterative image reconstruction.
Monte Carlo simulation (MCS) is widely established for this purpose but has the dis-
advantage of being prohibitively slow. Voxelized RayTracing (VRT) can be used as an
alternative but the accuracy of VRT needs to be assessed for each simulation task at
hand. The aim of this work is to propose and validate dedicated VRT code for a novel
radionuclide-based multi-pinhole molecular breast tomosynthesis (MP-MBT) scanner.

The MP-MBT system images radionuclide distributions in a mildly compressed breast
using two opposing gamma cameras, each equipped with a focusing multi-pinhole
collimator, that slide along opposite sides of the breast. VRT simulates gamma pho-
ton transport by tracing rays efficiently through the voxelized phantom, collimator,
and detector volumes using Siddon’s raytracing algorithm, accelerated by dual-grid
methods. To assess its accuracy, we compare point spread functions (PSFs) calculated
with VRT for different voxel sizes with those generated by the established MCS toolkit
GATE. Furthermore, VRT and MCS-simulated projections of realistic anthropomorphic
XCAT phantoms with different compressed breast sizes are compared, as well as re-
constructed images obtained from these projections.

With VRT, PSFs for MP-MBT can be simulated accurately when the fine voxel size of
VRT’s dual-grid is 1/8 mm. Reaching a similar deviation from noiseless PSFs takes
29300 times longer with full MCS than with VRT. Furthermore, XCAT phantom sim-
ulations show that VRT-generated projections are very close to MCS-generated low-
noise projections when these are corrected for scatter by the Triple Energy Window
method. However, we also find that primary gamma photons from the torso may in
some cases reach the detector, meaning that torso activity should not be neglected in
VRT. Finally, reconstructed images obtained from projections generated by VRT and
MCS are visually very similar and have no significant difference in contrast and noise
characteristics.

We conclude that VRT can accurately and efficiently simulate MP-MBT even though it
neglects scattered photons originating from the torso.

2.1. Introduction

Imaging of radiolabelled molecule distributions is gaining popularity for breast cancer
diagnosis. Recently, several breast-specific gamma cameras have been proposed and
significant advances in sensitivity of these cameras have been made [29, 55-60]. Next
to these planar gamma cameras, there is also a growing interest in 3D molecular breast
imaging. General purpose single photon emission computed tomography (SPECT) and
positron emission tomography (PET) are not ideal for breast imaging because they of-
ten provide no higher diagnostic sensitivity and specificity than planar systems [30, 61].
Therefore, dedicated 3D molecular breast imaging techniques are being investigated [62-
71]. Recently, we proposed dedicated molecular breast tomosynthesis based on sliding
multi-pinhole collimators, MP-MBT [32, 46].
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To investigate the performance of MP-MBT and to further optimise its design, its acqui-
sition, and its reconstruction parameters, efficient simulation algorithms are useful. To
be able to evaluate images that could be acquired with MP-MBT, one has to be able to
generate both noisy ensembles of projections of realistic distributions, as well as the vir-
tually noiseless point spread functions (PSFs, the detector’s response to a point source of
activity) that are used in image reconstruction. Monte Carlo simulation (MCS) is a pow-
erful technique for assessing gamma photon transport [72] and its accuracy has been ex-
tensively validated in the scientific community. However, MCS is also notoriously time-
consuming [73-75].

Several ways to speed up MCS exist, such as applying a large production threshold for
secondary particles [76, 77], ignoring some of the physics processes generating secondary
particles [78-80] or optimising code for a specific application [81]. New implementation
strategies based on graphics processing units (GPUs) have also recently become available
[82-84]. Another class of accelerated MCS uses variance reduction techniques such as
forced detection, angular response function modelling or fictitious interaction [73, 74,
85-91]. However, even with modern hardware and advanced acceleration techniques,
for certain applications, MSC is still prohibitively slow and complete system simulations
often take days [84, 91].

If the effects of scatter are negligible or correctable in a gamma imaging system, a sim-
ulation that only models attenuation but ignores scatter is a possible way to reduce cal-
culation time. This can be done using a simple raytracing algorithm, in which the paths
from the gamma source to the detector are tracked and attenuation of gamma photons
along these paths is calculated. Analytical raytracing software, in which phantom, colli-
mator and detector geometries are described by analytical functions, has been used to
generate PSFs for simple imaging systems quickly and noiselessly [92-94]. For compli-
cated geometries which are difficult to describe analytically, such as irregular phantoms
in CT and SPECT, discrete raytracing, in which geometries are represented by a finite
number of voxels or layers, is more practical [95-101]. Among these discrete raytracers,
those that use a representation of volumes in cubic voxels (Voxelized RayTracing, VRT)
are the most straightforward and suitable to represent highly irregular structures.

Voxelization of continuous structures introduces simulation errors since edges are no
longer smooth but composed of cubic elements. The use of very fine voxels can reduce
the error but puts a strain on memory requirements and slows down computation time.
Solutions that have been proposed to circumvent the issue of balancing accuracy and
simulation time in volume representation include using hybrid analytical-voxelized rep-
resentations [85], employing non-cubic voxel shapes [102, 103] or using a spatial subdi-
vision method such as an octree voxel size structure [104, 105]. Octree is a method for
describing an object by repeatedly dividing a cubic voxel into eight smaller cubic regions
until each region becomes homogeneous. It has been applied in medical imaging simu-
lations [106-110] and is, nowadays, widely used in 3D graphics for representing irregular
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volumes.

In previous medical imaging instrumentation research in which VRT was applied, only
phantoms or detectors were represented by voxels [95-99, 101, 111]. In contrast, we de-
veloped VRT software in which all volumes (gamma emitter, phantom, collimator and
gamma detector) are voxelized. Fixed voxel sizes are used in phantoms and detectors, but
in the collimator volume for which precise geometrical knowledge is crucial and through
which raytracing is most time-consuming, a form of an octree-like voxel structure with
two different voxel sizes is used. Though VRT provides an attractive alternative to MCS
in testing system geometries such as MP-MBT, its validity lies in the prerequisite that
scatter is negligible or correctable. As tracer uptake in breast imaging is relatively high
in organs such as the liver and heart [112, 113], a careful assessment of its contribution in
our MP-MBT system is required. For other breast gamma imaging geometries, different
amounts of scatter contamination were reported and it is thus not a priori clear what the
amount of scatter is in MP-MBT [63, 114-119].

The aim of this paper is to propose our specific VRT implementation and to validate the
use of VRT for MP-MBT. To this end VRT is compared against the MCS software package
GATE (GEANT4 Application in Tomographic Emission [76, 77]) which is considered to be
the gold standard. PSFs, projections, and reconstructed images of the anthropomorphic
XCAT phantom [120] are generated by both software packages and simulation accuracy
of VRT and its dependence on collimator volume voxel size settings are analysed.

2.2. Methods

2.2.1. MP-MBT

The novel MP-MBT concept (shown in Figure 2.1) was proposed in [32, 46] in which a de-
tailed description can be found. MP-MBT aims to image the distribution of single-gamma
emitting tracers in the breast to detect possible malignancies. The breast is pendant
through a hole in the patient bed (equipped with 3.2 mm thick lead for shielding) and
is mildly compressed at levels similar to planar molecular breast imaging [29] with opti-
cally transparent plates, through which optical cameras (not shown in Figure 2.1) view the
breast. These optical cameras generate images, from which users can select a volume-of-
interest which is to be imaged. Imaging takes place by the two gamma cameras located
underneath the patient bed, each equipped with a multi-pinhole collimator focusing on
a volume smaller than the whole breast, cf. Figure 2.1b. The gamma cameras slide to var-
ious positions during scanning in order to cover the region designated by the user. Each
of the 5 mm thick collimator plates, made of tungsten alloy (97% tungsten, 1.5% nickel,
and 1.5% iron), has 42 round knife-edge pinholes. An 8 mm-thick shielding plate made
of the same material is located between gamma detector and collimator plate. It has 42
rectangular holes, each of them corresponding to one of the pinholes in the collimator



2.2. Methods 15

respectively avoiding different pinhole projections from overlapping on the gamma de-
tectors. Gamma detectors are assumed to consist of 250x150x9.5 mm?® Nal(Tl) crystals
read out by a PMT array. For 140 keV gamma photons (from %™ Tc-Sestamibi, the most
prominent tracer for breast tumour detection), 90% detection efficiency can be achieved
by Nal of this thickness. With the projections obtained from the two gamma cameras, the
3D tracer distribution in the breast can be reconstructed using a maximum likelihood ex-
pectation maximisation algorithm [32, 121].

breast

Section PP’

D

lead shielding

Nal scintillator

shielding plate

collimator plate

(a) (b)

Figure 2.1: (a) Geometry of MP-MBT with the XCAT torso phantom placed in the scanner. The dotted rectangular
box indicates the part of the torso phantom included in GATE simulations but not in VRT. The two gamma
cameras can slide to different locations (indicated by the arrows) to focus on different parts of the breast. (b) A
cross section through the gamma camera geometry (plane PP’ in (a)). All dimensions are in millimetre (mm).

2.2.2. VRT

VRT uses voxelized models of the detectors, collimators, phantoms, and the distribution
of single-gamma emitters as its input. Each voxel is assigned a value which corresponds
to the linear attenuation coefficient u of its material at the energy of the gamma-emitter.
When a gamma photon path crosses a voxel, the path length L through this voxel is ob-
tained. Siddon’s raytracing algorithm is used to quickly calculate path lengths in voxels
[95]. Lambert-Beer’s law,

P =e M (2.1

is then used to calculate the transmission probability P through the voxel. During ray-
tracing, the transmission probabilities in the voxels that the ray passes are multiplied
giving a total transmission probability. As there is always a finite probability for a gamma
photon to pass through phantom and collimator, one could in principle calculate the full
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transmission probability along every simulated gamma ray path. However, many gamma
rays pass through large amounts of collimator material (tungsten alloy), making the trans-
mission probability extremely small and it is computationally inefficient to keep track
of all these paths. We, therefore, set a cut-off of 107 (2.76 mm collimator material) on
the transmission probability through phantom and collimator below which raytracing is
stopped.

The surface of the gamma detector is divided into detector pixels and each pixel is sub-
divided into 4x4 subpixels. For projection image assessment the pixel size is set to 1 mm,
while for PSF assessment 0.5 mm is used. Gamma photons from each source position
are tracked to the centres of all subpixels. The solid angle of each subpixel is taken into
account by multiplying the transmission probability through the collimator of the gamma
photons by the geometrical factor
d?sin@
P

geometry = o po (2.2)

where R is the distance from the voxel centre to the detector subpixel centre, d is the
detector subpixel size, and 8 is the angle of incidence of the gamma photon (see Fig-
ure 2.2a).

Gamma source voxel —D

»—— Gamma ray to subpixel centres —e
0

Scintillator

Subpixel p'1 p2 p’3 p'4
pi P2 P3es,
(a) (b) Pixel P1

Figure 2.2: (a) The geometrical parameters used in Equation 2.2; (b) Illustration of the detector subpixel approach

used in VRT. With the subpixel approach, the detection probability at pixel P1 is the sum of the absorption

probabilities of subpixel p’l — p’4, determined by path length L1 — L4. Discretisation errors are reduced by
this subpixel approach.

The gamma photon is subsequently tracked through the continuous Nal(Tl) gamma de-

tector which is represented in a voxelized form as well: it is subdivided into rectangu-

lar voxels with the length of each voxel being equal to the detector crystal’s thickness

(9.5 mm) and the area having the size of a detector subpixel. In the gamma detector,

Lambert-Beer’s law is again used to calculate the absorption probability in each detec-

tor voxel. Note that gamma photons that reach the detector under an angle can pass
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different rectangular voxels and this way the varying depth-of-interaction in the detec-
tor is simulated (see Figure 2.2b). The attenuation coefficient of the detector is set to
0.217 mm™. This number is higher than the attenuation coefficient that solely includes
photoelectric effect but lower than the total attenuation coefficient for 140 keV gammas
in Nal (including Compton scatter). In fact, we set the attenuation coefficient such that
the number of detected gammas in VRT with this attenuation coefficient is equal to the
number of detected gammas found in the +10% photopeak from GATE simulated PSFs.
Thus, the added detector efficiency due to gamma photons undergoing multiple inter-
actions in the scintillator is accounted for in VRT, but the scatter process itself which
may impact spatial resolution is not taken into account. Finally, for each source position,
absorption probabilities in all 4x4 detector subpixels corresponding to a detector pixel
are added. The detector projection image acquired is then blurred with a Gaussian filter
with 3.2 mm FWHM in order to simulate the intrinsic detector resolution. The idea of
subdividing detector pixels to enhance modelling accuracy has been successfully applied
in [101, 111] and the usefulness of this approach in MP-MBT will be evaluated in the results
section.

The voxel sizes of collimator and shielding plates can have a significant impact on sim-
ulation results and they thus have to be chosen carefully. Generally, a small voxel size
is preferable because it allows to better approximate the continuous structures in the
geometry, but it also puts a strain on memory requirements and simulation time. To
circumvent this issue, a dual-grid approach is used based on the idea of octree struc-
ture [105, 110]. Figure 2.3 is a 2D illustration of this approach: two different voxel sizes, a
coarse one and a fine one, are used for the collimator/shielding volume. Initially, a pho-
ton is traced through the coarse voxel volume. In the coarse voxel volume, each voxel
is designated to have one particular linear attenuation coefficient or it is assumed to be
‘mixed’ (i.e. the coarse voxel contains fine voxels with different linear attenuation coeffi-
cients). When a gamma ray is tracked through the coarse voxels, cumulative attenuation
in the non-‘mixed’ voxels is calculated. When the ray reaches a ‘mixed’ voxel, VRT looks
for the fine grid of this coarse voxel and continues raytracing in the fine voxels until the
ray exits this coarse voxel. VRT checks whether the probability of transmission is lower
than the cut-off after every fine/coarse voxel tracing.

With this dual-grid raytracing approach, the voxel size of the fine volume determines
the accuracy of simulation while the combination of fine and coarse voxel sizes sets the
computational speed. In this paper we first test six fine voxel sizes (1/2 mm, 1/4 mm,
1/8 mm, 1/16 mm, 1/32 mm, 1/40 mm) to determine the accuracy that we can achieve
(with coarse voxel size fixed at 1 mm). Then, in order to optimise speed, we check six
coarse voxel sizes (1/4 mm, 1/2 mm, 1 mm, 2 mm, 3 mm, 5 mm) to find out which one
allows for the highest speed (with the optimal fine voxel size found above).
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[]

Pinhole cross section Coarse collimator volume Fine collimator volume

Figure 2.3: Illustration of dual-grid representation of collimator. The pinhole collimator volume consists of
two materials: tungsten alloy (black) and vacuum (white). The grey coarse voxels are designated to be ‘mixed’
material and rays through these voxels are tracked on a finer volume.

2.2.3. MCS

To validate VRT, we use the MCS package GATE [76, 77], which is well-validated in gamma-
ray imaging, radiation therapy, X-ray imaging, and optical imaging [122-129]. GATE 7.0
with Geant4 9.6 running on a CentOS 6.6 cluster is used. Only photoelectric effect,
Compton scattering, and Rayleigh scattering are included in the physics list, since other
physics processes are not expected to play major roles in our application [78-80]. The
same geometry as simulated with VRT is also built in GATE. As we aim to assess the in-
fluence of finite voxel size in VRT, the collimator and shielding plates are generated with
analytical shapes (head-to-head cones, trapezoids, and boxes), such that the GATE sim-
ulation does not suffer from discretisation effects due to the finite voxel size. The adder
digitizer is applied to GATE outputs, which automatically records the interaction time,
deposited energy, and energy-weighted averaged scintillator interaction position [76].
Gaussian blurring of energy is applied to each detector pixel to achieve 9% FWHM en-
ergy resolution, and Gaussian blurring in the spatial domain is also applied to simulate
3.2 mm FWHM resolution (as is done in VRT). To note, the blurring in energy and spatial
domain acts as an acceleration factor of MCS and reduces noise. As we aim to compare
GATE simulations with noiseless VRT, such a noise reduction is desirable. A difference
between GATE photon tracking and VRT is that in GATE the gamma photons can be emit-
ted in any possible direction, while in VRT only gamma photon paths from the centres
of the gamma source voxels to the centres of the detector subpixels are accounted for.
Figure 2.4 shows one of the two gamma cameras in GATE.

2.2.4. VRT accuracy and fine voxel size optimisation

To study the accuracy of VRT for different voxel sizes (of the fine volume), PSFs are ob-
tained with VRT and GATE from point sources (ideal point source of infinitely small size)
placed in the vacuum at 36 locations in front of the gamma camera (the blue crosses in
Figure 2.4). The position designated by ax1 is 11.5 mm from the front surface of the col-
limator plate and right on the axis of the central pinhole. The vertical interval (e.g. a-b
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Figure 2.4: The gamma camera geometry used in GATE based on analytical shapes. (a) Front view of collimator;
(b) cross section of the plane marked by a red dashed line in (a). The blue crosses indicate the locations where
point sources are simulated to obtain the system’s PSFs.

distance) between these locations is 20 mm, the horizontal interval (e.g. 1-2 distance) is
10 mm, and the depth interval (e.g. x-y distance) is 20 mm. These 36 positions cover about
a quarter of the field of view and are representative of the whole field of view due to the
symmetric allocation of the pinholes. Therefore, the voxel sizes optimised for these PSFs
should also be the optimal voxel sizes for calculating the whole system matrix (contain-
ing all PSFs). To find how the fine voxel size influences accuracy, a sufficiently long GATE
simulation of 5x10'° isotropic emissions is done to obtain an almost noiseless reference
PSF at each source location. The normalised root-mean-square error (NRMSE) between
the PSFs obtained by VRT simulations with different fine voxel sizes (see 2.2.2) and the
reference PSFs is calculated. It is defined by

Ef:l Z§=1 (neaTE(®Y)—nyRT X)))°

_ XXY
NRMSEgaTE,vrT = ) (2.3)
NGATE,max — "NGATE,min

where x and y are detector pixel indices. There are X X Y pixels in every PSF image and
ngate (%, ¥) and nyrr(x,y) are the number of counts in detector pixel (x,y) obtained
with GATE and VRT respectively. NgaTE max — NGATE,min iS the range of counts in the PSF
obtained by GATE. The average NRMSE over PSFs from all 36 positions (referred to as a
PSF-set) is calculated for each of the fine voxel sizes tested for VRT. In this comparison,
the voxel size of the coarse volume, which does not influence simulation accuracy but
only affects simulation time, is fixed to be 1 mm. The detector pixel size is fixed at 0.5 mm
for all PSF simulations.

2.2.5. VRT time-efficiency and coarse voxel size optimisation

To optimise the time-efficiency of VRT, the same PSFs as described in 2.2.4 are again sim-
ulated with the optimised fine voxel size for 6 different VRT coarse voxel sizes (see 2.2.2)
and the simulation times are recorded. This way the coarse voxel size which resulted in
the fasted simulation could be determined.
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Subsequently, we compare the time-efficiency of VRT with optimised voxel settings to
that of GATE. For a comparison, one has to choose a setting for the number of photons
tracked in GATE. For the validation study, we track 5x10'° photons at each point source
position as this results in almost noiseless PSFs and can thus serve as a gold standard.
If fewer photons are tracked, PSFs become noisier and thus starts to deviate from the
gold standard. Although this deviation from the gold standard is due to different reasons
than the deviation obtained with VRT (which can be due to neglect of physics processes,
due to scatter, or due to discretisation effects) we choose to determine the relative time-
efficiency of VRT compared to GATE, by comparing the time it takes for GATE to arrive at
the same difference level from the gold standard as VRT (again characterised by NRMSE).
To this end, PSF-sets from GATE simulations with a series of different numbers of emis-
sions are generated and NRMSE from the gold standard is calculated for each of them.
Moreover, as is mentioned in 2.2.3, GATE simulation results are blurred in energy and
spatial domain with Gaussian kernels in order to mimic the desired energy and spatial
resolution. The use of a kernel-based way of simulating resolution instead of picking a
random detector position and energy value from the detector response function (a full
MCS) is a way of accelerating MCS and it is very useful in case one is interested in noise-
less PSFs. Throughout this paper, we use accelerated MCS to avoid too lengthy simu-
lations, but in the time-efficiency comparison, we also provide acceleration factors of
VRT with respect to full MCS, in which the interaction energy and position are, instead
of blurred, randomised according to a 9%-FWHM and 3.2 mm-FWHM Gaussian distri-
bution respectively. In our time comparison study, all simulations are executed on the
same multi-CPU computer cluster, and 25 CPUs are used.

2.2.6. Projection image comparison

In MP-MBT, the scattered gamma photons from torso and breast can be detected by the
gamma detector and if the energy of these scattered photons is within the photopeak
window, they will usually add a rather continuous background to the projection image.
As tracer uptake in organs is rather high in breast imaging, scatter is a topic of concern in
molecular breast imaging and in some designs high energy resolution gamma detectors
are used [55, 57, 58]. The amount of scatter that will be detected depends on the exact
system’s geometry and different studies have reported very different numbers [63, 114~
119].

It is thus important to evaluate the influence of scatter in MP-MBT with a realistic an-
thropomorphic phantom. For this reason, we implement the well-known XCAT phantom
with heart, liver, torso, and deformable breasts in the GATE simulation, see Figure 2.1
[120, 130, 131]. Instead of using dual-grid voxels, the voxel sizes of the XCAT phantom
are fixed: the torso, including the heart and the liver, is voxelized to a 3.2 mm grid, and
the breast is voxelized to a 0.8 mm grid. Two breast sizes are checked: a 400 mL breast
compressed to a thickness of 55 mm (a common B-cup breast), and a 1300 mL breast com-
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pressed to a thickness of 85 mm (a common D-cup breast). The latter breast is shown
in Figure 2.1. To note, the distance between the two collimators is larger than the thick-
ness of the breast because of the 7 mm thick compression plate. The tracer uptake that
we assumed in different organs is listed in Table 2.1. These are typical numbers found in
practice if 925 MBq %™ Tc-Sestamibi is injected to the patient [63, 112, 113, 118, 132-134].

Table 2.1: Tracer uptake in different tissues

Tissue Uptake (kBq/mL)

Breast 3.7
Torso 37
Heart 55.5
Liver 55.5

In GATE, the detected photons are categorised according to their origin and interactions
they have undergone: they are listed to be either breast-emitted or torso-emitted, and
scattered or non-scattered. This way we are able to divide the total energy spectrum into
different categories in order to better pinpoint which photons cause possible differences
with VRT. Moreover, we apply the widely acknowledged Triple-Energy Window (TEW)
scatter correction method to GATE simulated projections, in order to check if the scatter
can be estimated this way [135]. We set a +£10% photopeak window (126 — 154 keV), a 14 keV
wide left side window (119 — 133 keV), and a 14 keV wide right side window (148 — 161 keV).
For a certain detector pixel with N; counts in the left side window and N counts in the
right side window, scatter is then estimated to be
N, +Np  28keV
s = X X
2 14 keV

To note there is a factor 0.6 in Equation 2.4, which aims to make the total counts after
TEW correction the same as acquired with VRT. In reality, when the number of scattered
photons is not known one may base this number either on simulations or different val-
ues may be tested in an optimisation study. We subtract this scatter estimate from the
simulated projections to obtain TEW-corrected projections. The occurrence of negative
values in the projections is prevented by setting them to zero. Note that the comparison
of VRT images with scatter-corrected GATE images is relevant to assess bias as in real
scanners a TEW-based scatter correction method is commonly applied.

(2.4)

Full projection images (with scatter), scatter-free GATE projections, TEW-corrected GATE
projections, and VRT projections of the same phantom scan are compared. To note, in
the VRT simulations, only the compressed breast phantom is included while the torso
phantom is neglected. Additionally, in generating projections, VRT only tracks the rays
through the breast phantom (single-grid). The subsequent raytracing through the colli-
mator (dual-grid) is done using previously acquired PSFs that were stored on disk. The
transmission probability obtained from raytracing through the phantom is then multi-
plied by the corresponding collimator raytracing transmission factor. This gives exactly
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the same results as a complete raytracing simulation from each activity containing voxel
in the phantom through the collimator to the detector but is more efficient.

2.2.7. Image reconstruction

The comparison of PSFs and projection images allows to estimate how accurate VRT is in
the noiseless case and to which extent the TEW method corrects for the bias caused by
scattered photons. However, when simulating reconstructed images with realistic noise
levels, neglecting scatter may also lead to an underestimation of noise in images as detec-
tor images of scattered photons are noisy themselves. To better investigate the impact of
this, we also simulated a full scan of the 400 mL breast phantom with a 6.0 mm diameter
spherical lesion inside (see Figure 2.5) using both GATE and VRT to obtain projection im-
ages. For normal breast tissue and organs we assume the realistic activity levels provided
in Table 2.1 while the lesion uptake is taken to be 37 kBq/mL, 10 times as high in normal
breast tissue. The total scan time is assumed to be 10 minutes. In case GATE is used to
simulate projection images, the number of gamma emissions corresponding to the given
activity levels and scan time are simulated. When VRT is used, noiseless projection im-
ages are generated (similar as described in 2.2.6) after which Poisson noise is applied. In
order to be able to acquire 3D reconstructions, projection images are acquired for a total
of 170 different positions of the sliding gamma detectors. Precise infor-mation on the
positions used and other scan details can be found in [32].

Figure 2.5: A slice of the XCAT breast phantom with a 6 mm diameter lesion inside. The red circle labels the
lesion, and the green polygon marks the background.

The projections generated by either GATE or VRT are used as the input of a maximum
likelihood estimation maximisation (MLEM) reconstruction algorithm, while the system
matrix used in MLEM in both cases is generated by VRT. Data acquired from different
gamma detector positions are all simultaneously taken into account in image reconstruc-
tion [121]. In case GATE-generated projections are used, TEW scatter correction is ap-
plied to compensate for scatter from the breast and torso. In that case, scatter images
are obtained in the same way as in 2.2.6 but an additional Gaussian filter with 11.8 mm
FWHM is applied to smoothen them. The reason to blur the scatter images is to limit
the noise amplification due to TEW correction as is usually done [136, 137]. The scatter
images are then added to the simulated projections in the denominator of the MLEM al-
gorithm similar as summarised in [138]. Note that the size of the smoothing filter and the
side windows chosen are not optimised in this study. While voxel size of the phantom
in VRT and GATE simulations was set to 0.8 mm, voxel size of reconstructed images was
1.6 mm, in order to mimic a realistic continuous activity distribution.
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Ten GATE simulations and ten noise realisations of VRT-simulated projections are used
to generate reconstructed images. Besides visually comparing reconstructed images, we
also compared the mean contrast of the lesion over the background, as well as the noise
as standard deviation in the background. Figure 2.5 shows how we defined the regions
used; the area inside the 6 mm diameter red circle is considered to be lesion area, while
the area > 3 mm outside the red circle but still inside the green polygon is considered to
be background area.

2.3. Results

2.3.1. VRT accuracy for generating PSFs

In Figure 2.6, an example PSF profile is shown for collimators parametrised by different
fine volume voxel sizes. From this image, one can see that the setting of the fine voxel
size influences the accuracy of generating PSFs, especially near the PSF's maximum. The
counts of the GATE-generated PSF (considered to be the ground truth) are normalised
to the total number of emissions of the point source (5x10'°) so that the total counts in
a PSF represent the sensitivity of the scanner. No scaling factor needs to be applied to
VRT-generated PSFs as solid angle is taken into account. As explained in the method
section, photons that scatter in the collimator or scintillator and end up being detected
in the photopeak are included in GATE-generated PSFs.

7

x10° x 10
12 ......
—— GATE 115]| ——GATE pera
———VRT 1/2mm ———VRT 1/22mm i QI N
11 ———VRT 1/4mm 11 VRT 1/4mm rd \\
== =\RT 1/8mm sl “¥RT 1/8mm rd RNY
= sl ~ T VRT 1/16mm = —==VRT 1/16mm :‘f/ ™\ \\
2 YRT 1/32mm Z 10 VRT 1/32mm F 4 Y
= - VRT 1/40mm > o8 VR 1/40mm | / NOR
2 6 2 F \
3 2 9 g/
= € g/
804 8 85 i/
8 ] /
02b . 75 Iy
# i
{ 7 :53 ,I’
0 , T . . AN L W " AL " N
-50 100 -50 0 50 100 150 37 38 39 40 M1
(a) X () (b) X (mm)

Figure 2.6: (a) Simulated PSF profiles for the cy3 location (see Figure 2.4). GATE generated PSFs and VRT gen-
erated PSFs using different fine collimator volume voxel sizes are shown; (b) is the enlarged view of the part of
() in the black dotted box.

In Table 2.2, the differences between VRT-simulated PSFs and GATE-simulated reference
PSFs are quantified by means of the NRMSE, averaged over the 36 point source positions.
The maximum difference over the 36 positions is also provided. From the table, we can
infer that the differences between VRT and reference PSFs become smaller when the fine
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volume voxel size is decreased from 1/2 mm to 1/8 mm. Therefore we choose 1/8 mm
to be the fine voxel size in subsequent simulations. For smaller voxel sizes the error does
not decrease anymore and even slightly increases. This slight unexpected increase will
be discussed later. In the current VRT simulation, every detector pixel is divided into 4x4
subpixels in the simulation. Without this subpixel approach, the NRMSE and maximum
difference for the 1/8 mm fine voxel size increase to 0.230% and 11.83% respectively.
Therefore, the subpixel approach does improve the accuracy of VRT and is also applied
in the subsequent comparison.

Table 2.2: Comparison of different voxel sizes for the fine volume (coarse volume voxel fixes at 1 mm)

Diff. from reference

Fine volume voxel size (mm) NRMSE (%) Max. diff. (%)

1/2 0.601 3313
1/4 0.234 11.21
1/8 0.143 5.07
1/16 0.140 5.32
1/32 0150 6.34
1/40 0.151 6.18

Figure 2.7 shows several PSFs at different locations in the field of view obtained with GATE
(reference) and VRT with the 1/8 mm fine voxel size setting. The profiles are shown on
both linear and semi-logarithmic scale. These profiles confirm that GATE and VRT give
very similar PSFs as could also be assessed from the numbers in Table 2.2.

It is worth noting that in the semi-log scale graphs (Figure 2.7b, 2.7e, and 2.7h), the ampli-
tude of VRT-generated PSFs goes to zero at locations in between pinholes while GATE-
generated PSFs do not. The reason that there is zero signal for VRT is the result of the
applied cut-off described in 2.2.2, that results in raytracing being stopped when travers-
ing more than 2.76 mm of collimator material. In GATE, such a cut-off is not applied and
as scattered photons are included there can be a signal in any detector pixel. By analysing
the simulation results, we found that the signal in between pinholes is mainly caused by
gamma photons that undergo multiple interactions in the scintillator. In this situation,
the total energy deposition can still be within the +10% photopeak meaning that these
photons are included, and the interaction position is estimated at the centroid of dif-
ferent interaction positions. Note that the signal in between pinholes is extremely small
showing that all though VRT only includes detector scatter by adapting the Nal attenua-
tion coefficient, it is well able to simulate MP-MBT including resolution degradation due
to multiple scatter in the scintillator.



2.3. Results 25

Linear scale Semi-log scale Difference in linear scale
35 0.05
3
o u 008
® 528 3 5
S & & 1]
Qo - 2 - £ 0.03
3 5 5 3
o =15 = a
< T N = 0.02
e 8 8 3
3 2
2 0.01
05 /\
LU 0
1] a0 100 150 150 -100 0 100
% (mm) (b) (C) x (mm)
0.05
~ 0 0.04
3 = - g
2 3 2 3 o
S = A o
o = = £ 0.03
5 = = 3
8 £15 5 3
o 3 s ]
E E E = 0.02
g & 8 £
3 2
2 05 0.01
Q0 o0 50 0 TR 150 : 180 (g °
(d) S o) (e) (f) -100 0 100
R X (mm)
x 10
1.2 0.05
GATE
1L ===vrr
Q » 0.04
o —_ g
c =08 H ]
o = & o
5= = £ 0.03
© = Z 51
O c 06 c o
o = 5 ]
o 3 3 &
o = = =002
S 204 3 E
S © © S
o 2
0.01
@ 02 ’\
Q0 o0 =0 0 50 100 150 150 150 ° oo 0 100
(g) x (mm) (h) x (mim) (I) x (mm)

Figure 2.7: Central PSF profiles obtained with GATE and VRT for optimised fine voxel size of 1/8 mm. Gamma
source is at location ay1 (a)—(c), by2 (d)—(f), and cy3 (g)—(i) in Figure 2.4. PSFs on linear scale and semi-log scale
are shown, as well as the difference plots between VRT and GATE normalised to the maxima of GATE-simulated
PSFs.

2.3.2. VRT time-efficiency optimisation

While the accuracy of VRT is only determined by the fine voxel size, the time-efficiency
also depends on the coarse voxel size. In Table 2.3, the simulation time of VRT (total
time required for obtaining the 36 PSFs) for different settings of the coarse volume voxel
size is listed. A coarse voxel size of 2 mm is optimal in terms of computational speed
and we therefore choose 2 mm as the coarse voxel size for this scanner in subsequent
simulations. Table 2.3 also confirms that the accuracy of VRT remains the same once the
fine voxel size is fixed.
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Table 2.3: Comparison of different voxel sizes for the coarse volume (fine volume voxel fixes at 1/8 mm)

. o Diff. from reference
Coarse volume voxel size (nm) Time in VRT (s)

NRMSE (%)
1/4 122 0.143
1/2 67 0.143
1 38 0.143
2 24 0.143
3 41 0.143
5 65 0.143

To determine the relative speed of VRT compared to GATE, one has to set the number of
emissions that has to be simulated in GATE. If the number of emissions decreases, PSFs
become noisier and there is a difference to the reference (almost) noiseless PSFs with
5x10'° emissions simulated. The number of emissions that have to be simulated by accel-
erated (blurred) and full GATE to obtain the same difference level from the gold standard
as VRT is 1.5x107 and 1.3x10° emissions respectively. For this number of emissions, VRT
with optimised coarse voxel size is 337 times faster than accelerated GATE and 29300
times faster than full GATE. However, one should note that the sources of the deviation
from the reference PSF are different: in GATE deviations are caused by stochastic noise,
while in VRT they are due to the minor residual mismodelling of the system.

2.3.3. Projection image comparison
Phantom representing 400 mL-breast

Figure 2.8 shows energies of detected photons for the XCAT phantom simulation. Energy
spectra are separated into different parts determined by the origin of the gamma pho-
tons (‘breast’ or ‘torso’) and the types of interactions they undergo before being detected
(‘scatter’ or ‘no scatter’). Here ‘scatter’ refers to both Compton and Rayleigh scatter in the
phantom and collimator, while single scatter and multiple interactions in the scintillator
are always included in all simulations. We did not distinguish between ‘torso scatter’ and
‘torso no scatter’ in the figures because the ‘torso no scatter’ fraction is too small to be
visible in the whole detector spectrum. Figure 2.8a corresponds to the left detector (i.e.
the detector closest to the liver, see Figure 2.1), and Figure 2.8b corresponds to the right
detector. The scatter fraction (the amount of gamma photons scattered in the phantom
or collimator that get detected in the +10% photopeak window) is about 20% on both de-
tectors. The torso fractions (the amount of gamma photons originating from the torso)
are 4% and 9% in the photopeak on the left and right detector respectively.

Projection images obtained by GATE and by VRT for the same phantom are shown in Fig-
ure 2.9 and Figure 2.10, as well as the profiles marked in white. In these images, a scatter-
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Figure 2.8: Energy spectra for the MP-MBT detectors obtained from GATE simulations of the 400 mL-breast.

free projection (by simply ignoring photons that scattered in phantom and collimator) and
a TEW-corrected projection are shown as well. The projection pattern from the pinholes
can clearly be distinguished. These pinhole projections are non-overlapping, because of
the design of the shielding plate in between the multi-pinhole collimator and detector.
Note that in these projection images only part of the detectors is used because these im-
ages are for the smaller (400 mL) breast. The projections from VRT are very similar to
those from the scatter-corrected GATE projections and, as expected, scatter-free GATE
projections. Since the TEW-corrected projections and the VRT-generated projections
are very similar, the difference is hardly visible on the same colour scale. Therefore, we
provide the same difference images shown in different colour scale in the supplementary

material.

Phantom representing 1300 mL-breast

In Figure 2.11, the same energy spectra as in Figure 2.8 are shown for the larger (1300 mL)
breast. Corresponding projections and profiles can be found in Figure 2.12 and Figure 2.13.
Like for the 400 mL-breast, the scatter fraction in the +10% photopeak window is about
20% on both detectors. The torso fractions are 4% and 7% in the photopeak on the left

and right detectors respectively.

In contrast to the projections for the smaller breast shown in Figure 2.9 and Figure 2.10,
in Figure 2.13 there is a discrepancy between the GATE projections and the projections
simulated by VRT. To understand the cause of the difference, it is important to note that
the TEW-corrected GATE projection is very close to the scatter-free GATE projections.
Apparently, scatter can be well corrected for with the TEW method and the photons
missed by VRT are not scattered photons but primary (non-scattered) photons. We come
back to this issue in the discussion session.

In Table 2.4, the differences between the TEW-corrected projection image and the VRT
projection image are quantified in terms of NRMSE for both breast sizes. The maximum
differences are listed as well. The NRMSE and maximum difference in the 1300 mL- right
breast are especially large, which reflects the discrepancy in Figure 2.13.
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Figure 2.9: Left detector projection images of the GATE simulated XCAT phantom with the 400 mL-breast. (a)
Full projection with scatter and torso signal; (b) projection without scatter (treated as ground truth for pho-
tons scattered in the phantom and collimator); (c) scatter-corrected projection using the TEW method; (d)
the projection obtained with VRT (only breast phantom); (e) difference between VRT-generated projection and
scatter-corrected projection. (f) and (g) are the horizontal and vertical profiles marked in white in (a)—(d).
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Figure 2.10: Right detector projection images of the GATE simulated XCAT phantom with 400 mL-breast. (a)
Full projection with scatter and torso signal; (b) projection without scatter (treated as ground truth for pho-
tons scattered in the phantom and collimator); (c) scatter-corrected projection using the TEW method; (d)
the projection obtained with VRT (only breast phantom); (e) difference between VRT-generated projection and
scatter-corrected projection. (f) and (g) are the horizontal and vertical profiles marked in white in (a)—(d).
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Figure 2.11: Energy spectra for the MP-MBT detectors obtained from GATE simulations of the 1300 mL-breast.
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Figure 2.12: Left detector projection images of the GATE simulated XCAT phantom with the 1300 mL-breast.
(a) Full projection with scatter and torso signal; (b) projection without scatter (treated as ground truth for pho-
tons scattered in the phantom and collimator); (c) scatter-corrected projection using the TEW method; (d)
the projection obtained with VRT (only breast phantom); (e) difference between VRT-generated projection and
scatter-corrected projection. (f) and (g) are the horizontal and vertical profiles marked in white in (a)—(d).
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Figure 2.13: Right detector projection images of the GATE simulated XCAT phantom with 1300 mL-breast. (a)
Full projection with scatter and torso signal; (b) projection without scatter (treated as ground truth for pho-
tons scattered in the phantom and collimator); (c) scatter-corrected projection using the TEW method; (d)
the projection obtained with VRT (only breast phantom); () difference between VRT-generated projection and
scatter-corrected projection. (f) and (g) are the horizontal and vertical profiles marked in white in (a)—(d).

2.3.4. Reconstructed images

Figure 2.14 shows the same slice (3.2 mm thick) through reconstructed images obtained
from (a) GATE-simulated projections, and (b) VRT-generated noisy projections. TEW
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Table 2.4: Comparison of projection images

Diff. from reference

Projection image
Jection Image  \RMSE (%) Max. diff. (%)

400 mL left 1.08 5.26
400 mL right 2.44 15.08
1300 mL left 137 853
1300 mL right 2.43 32.85

scatter correction is applied in case GATE-simulated projections were used. These im-
ages are post-filtered by a 3D Gaussian filter of 3 mm FWHM. Visually, reconstructions
from GATE-simulated projections with TEW correction applied and from VRT-generated
noisy projections appear very similar. The profiles between the two green lines in Fig-
ure 2.14a and 2.14b are shown and compared in 2.14c. Similar images from different noise
realisations can be found in the appendix Figure 2.16.
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Figure 2.14: Slices through MLEM reconstructed images with 20 iterations used obtained with the two methods.
Images are obtained from (a) GATE-simulated projections with TEW scatter correction used in reconstruction,
(b) VRT-generated noisy projections. The profiles between the two green lines are plotted in (c).

As noisy images cannot be directly compared as was done for noiseless projections, we
also assess noise and contrast in reconstructed images for ten sets of GATE-simulated
projections with TEW-correction and ten noise realisations of VRT-simulated projec-
tions. The average contrast and noise of the lesions and backgrounds are provided in
Table 2.5, as well as the standard deviation over different noise realisations. There is no
significant difference in the numbers for the different methods.

Table 2.5: Comparison of reconstructed images

GATE VRT

contrast 1.36+0.20 1.40+0.24
noise 0.193+0.015  0.200+0.011
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2.4. Discussion

From the PSF profiles in Figure 2.6 and Figure 2.7 and the differences displayed in Ta-
ble 2.2, it is clear that the PSFs from GATE and VRT (at 1/8 mm fine voxel) agree very
closely. Note that initially when the fine voxel size in VRT is decreased, the PSFs acquired
by GATE and VRT become more similar as one would expect. However, for voxel sizes
below 1/8 mm the difference goes up slightly. From this, we conclude that for such very
small voxel sizes the difference between GATE and VRT is not dominated by the discreti-
sation effect anymore and thus we deemed a fine voxel size of 1/8 mm to be sufficiently
small. We do not have an exact explanation for the increasing difference between GATE
and VRT for smaller voxel sizes. The small residual differences (on average 0.14%) may
be caused by (i) the reference GATE simulation not being completely noiseless, or (ii)
photons that scattered in collimator or detector.

Together with the 1/8 mm fine voxel size which is necessary for simulation accuracy, we
find that a coarse voxel size of 2 mm led to the highest simulation speed. The optimal
coarse voxel size strikes a good balance between two extremes. When it is too large,
the number of mixed voxels increases and thus much more rays have to be tracked on
the fine collimator grid: in the extreme situation in which the whole collimator plate is
made out of a single coarse voxel, VRT will have to look into the fine volume for every
photon path and the dual-grid method is actually not used. On the other hand, if the
coarse voxel size is very small, raytracing on the coarse voxel grid itself is already slow
and completely dominates simulation time. We have shown that with the optimal coarse
voxel size, VRT could reach the same difference level from the reference PSFs 337 times
faster than accelerated GATE or 29300 times faster than a full GATE MCS.

Note that the VRT voxel size combination of 1/8 mm and 2 mm is ‘optimal’ for the current
collimator and detector geometry. For a different collimator or scanner, there might
be better combinations. However, from our experience, as long as the thickness of the
collimator/shielding plate is an integer multiple of the coarse voxel size, and the pinhole
diameter does not change very much, the optimal dual grid setting should stay the same.
Furthermore, up to now, we have only tried a dual-grid collimator representation. It is
possible to use full octree-structure grids to represent the collimator which may lead to
higher time-efficiencies. However, finding the optimal setting for a multi-grid approach
is beyond the scope of this research, since the time-efficiency for VRT with the current
setting is already good enough for us as with these settings, as noiseless system matrices
could be generated in minutes. Compared with other raytracing SPECT simulators in
which collimators are defined by analytical shapes [92, 93, 96, 98, 130], the advantage of
VRT is that geometries that are hard to describe analytically can be easily implemented.
Furthermore, a design drawing of a collimator can be directly voxelized to a volume that
can be used in raytracing. The disadvantage is that it requires some trial and error to
determine the voxel size (combination) that provides a satisfactory discretisation error
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and acceptable computational speed.

While the PSF simulations show that in principle VRT is an accurate and fast simulator,
they do not consider scattered gamma photons from the human body which can play a
major role in clinical imaging and is ignored in VRT. In real scanners, projection images
contain scattered photons which are usually corrected for prior to reconstruction or in
the iterative reconstruction process. The TEW method is a simple and popular scatter
estimation method. Thus, to accurately predict the performance of a real MP-MBT sys-
tem, the projection images from VRT are supposed to closely resemble TEW-corrected
images. In the projection images and profiles in Figure 2.9 and Figure 2.10, we show that
for the 400 mL-breast, TEW-corrected GATE projections and VRT projections are very
similar, and an NRMSE of about 1% is found. However, for the 1300 mL-breast, a discrep-
ancy is encountered. A comparison with scatter-free GATE projections reveals that the
discrepancy is not due to scatter (as TEW-corrected GATE images very closely resemble
scatter-free GATE images). In Figure 2.15a, a zoom-in view of Figure 2.1, it can be seen
that some gamma photons from the liver directly reach the right detector through the
first row of pinholes. We checked this by removing the torso phantom and acquiring the
same projection image as in Figure 2.13. In the vertical profile of this projection, shown
in Figure 2.15b, the VRT generated profile agrees very well with the scatter-corrected
GATE-generated profile. On the left detector, such an issue is not observed as there is
no organ on the cranial side of the body that has *™Tc-Sestamibi uptake as high as the
liver. Note that in principle VRT can simulate direct activity from the torso so this finding
does not disqualify VRT as an accurate simulator of MP-MBT. However, in this paper we
only simulate photons originating from the breast. Thus, the lesson learnt is that when
designing such a system one has to consider direct paths from the torso to the detector,
and these have either to be taken into account in the simulator or the geometry has to
be adapted as to avoid these paths.
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Figure 2.15: (a) An enlarged view of the MP-MBT system for the 1300 mL-breast phantom (see Figure 2.1); through
the first row of pinholes, gamma photons from part of the liver can directly be detected by the right detector.
(b) A vertical profile of the right 