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Summary

Proton radiotherapy is a cancer therapy that uses ionising radiation in the form of protons, of-
fering an alternative and complement to conventional radiotherapy with high energy X-rays. In
comparison to X-rays, proton beams have a finite range in tissue and deposit dose more lo-
cally. As a consequence, proton radiotherapy has the potential to deliver a higher dose to the
tumour while better sparing surrounding healthy tissue. However, the delivered dose distribu-
tion in the case of protons is much more sensitive to changes in patient anatomy compared to
X-rays, which therefore requires an accurate knowledge of proton stopping power ratio (SPR)
values of the tissues to be treated.

In the standard workflow of proton therapy, patients are scanned using an X-ray fan-beam
computed tomography scanner (CT scanner) before the commencement of a treatment se-
ries, lasting between days to several weeks. The fan-beam CT scan is used to delineate the
anatomy of the patient, to extract SPR values, and to create a treatment plan. At the begin-
ning of each session of a treatment series, the patient is positioned using in-room imaging
modalities such as X-ray cone-beam CT (CBCT) to ensure correct alignment, and to check for
anatomical changes such as tumour growth/shrinkage or patient weight gain/loss. CBCT is
not, however, used to create or update the treatment plan directly due to its insufficient image
quality caused mainly by X-ray scatter. The aim of this thesis is to explore whether CBCT can
be modified such that it could be used for directly updating or creating treatment plans of the
day, or even for online adaptive proton radiotherapy. The modifications addressed specifically
in this thesis aim at extracting spectralinformation from the X-ray spectrum, in contrast to con-
ventional CBCT systems that merely register the total energy in the incident spectrum.

Such a spectral CBCT system can be realised by either using a detector able to extract spec-
tral information from the X-ray beam, or by imprinting spectral information on the source, or
a combination thereof. An example for the type of detectors able to extract spectral informa-
tion are so-called photon-counting detectors (PCDs), which are able to count and register the
energy of individual X-ray photons.

An assessment of detector performance can help to gauge their suitability for application in
radiotherapy. Such an assessment based on a quality metric is conventionally evaluated in
the regime where a PCD is subjected to a photon fluence rate low enough for it to behave lin-
early. Depending on the imaging task, however, fluence rates up to 3.4 - 108 mm~2s~1 might
be reached. Unless the detector pixel size is sufficiently small or the characteristic detector
response time is sufficiently short, the rate of incoming photons is then so high that the aver-
age time between photons is no longer large compared to the characteristic detector response
time, and the signals of individual photons will start to overlap. This so-called pile-up causes
PCDs to behave non-linearly. In Chapter 2, we intend to investigate how the image quality
metrics change under pile-up, which is demonstrated using specific examples in a simulation
study. For this, we employ small-signal analysis to approximate the non-linear behaviour as
linear around a given operating point.

In Chapter 3 we take on a broader view, comparing six spectral CBCT setups in a simulation
study, including but not limited to PCD-based setups. Each setup is optimised with respect
to extracting SPR values, and we take care of including a realistic CBCT scatter model. Fur-
thermore, we compare setups assuming ideal detectors as well as assuming a more realistic
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Summary

detector response. In case of ideal detectors, a single source combined with a PCD performs
best. Under the assumption of a realistic detector detector response, we find that setups based
on a kVp-switching source perform best. Interestingly, a kVp-switching source with an energy-
integrating detector outperforms a kVp-switching source with a PCD, which we attribute to
the severe degradation of the registered spectrum in state-of-the-art PCDs based on room-
temperature semiconductors due to charge sharing. We furthermore show that mitigating the
charge sharing in PCDs may offer substantial improvements. Moreover, we find that a higher
source voltage or a higher spectral separation between source spectra are beneficial for SPR
extraction.

In Chapter 4 we experimentally investigate the extraction of SPR values with a clinical CBCT
setup inside a proton radiotherapy gantry. Three phantoms are scanned and (emulated) dual-
energy CBCT acquisitions are compared to single-energy ones. Our results indicate that dual-
energy CBCT achieves a lower bias and better robustness when extracting SPR values com-
pared to single-energy CBCT, and allows for better differentiation between tissues. This first
study is still limited in scope and we discuss various options for follow-up research.

Hence, we present an overview over pathways to increase the ability of spectral CBCT to extract
SPR values, and we are cautiously optimistic about possible future developments that may
enable CBCT to be used for daily treatment updates or even online adaptive treatment in proton
radiotherapy.



Samenvatting

Protonentherapie is een kankerbehandeling waarbij gebruik wordt gemaakt van ioniserende
straling in de vorm van protonen. Het biedt een alternatief en aanvulling op conventionele ra-
diotherapie met hoogenergetische réntgenstralen. In vergelijking met réntgenstralen hebben
protonenbundels een eindige dracht in weefsel en geven ze meer lokaal dosis af. Daardoor kan
met protonentherapie een hogere dosis aan de tumor worden toegediend en tegelijkertijd het
omliggende gezonde weefsel beter worden gespaard. De dosisverdeling bij protonen is ech-
ter veel gevoeliger voor veranderingen in de anatomie van de patiént dan bij rontgenstraling,
waardoor een nauwkeurige kennis van de zogenoemde energieverliesratio (Engels: stopping
power ratio, SPR) van de te behandelen weefsels vereist is.

In de standaard workflow van protonentherapie worden patiénten gescand met behulp van een
fan-beam réntgencomputertomografiescanner (CT-scanner) voordat een behandelingsreeks
begint, die enkele dagen tot enkele weken kan duren. De fan-beam CT-scan wordt gebruikt
om de anatomie van de patiént in kaart te brengen, SPR-waarden te extraheren en een be-
handelingsplan op te stellen. Aan het begin van elke sessie van een behandelingsreeks wordt
de patiént gepositioneerd met behulp van beeldvormingsmodaliteiten in de behandelkamer,
zoals cone-beam CT (CBCT), om een correcte uitlijning te garanderen en om te controleren op
anatomische veranderingen, zoals tumorgroei/krimp of gewichtstoename/verlies van de pati-
ént. CBCT wordt echter niet gebruikt om het behandelingsplan op te stellen of bij te werken
vanwege de te lage beeldkwaliteit, die voornamelijk wordt veroorzaakt door verstrooiing van
réntgenstraling. Het doel van dit proefschrift is om te onderzoeken of CBCT zodanig kan worden
aangepast dat het kan worden gebruikt voor het bijwerken of opstellen van behandelplannen
voor die dag, of zelfs voor online adaptieve protonentherapie. De aanpassingen die specifiek
in dit proefschrift aan de orde komen, zijn gericht op het extraheren van spectrale informatie
uit het rontgenspectrum, aangezien conventionele CBCT-systemen alleen de totale energie in
het invallende spectrum registreren.

Een dergelijk spectraal CBCT-systeem kan worden gerealiseerd door gebruik te maken van een
detector die spectrale informatie uit de rontgenbundel kan halen, door spectrale scheiding in
de bron aan te brengen, of door een combinatie daarvan. Een voorbeeld van detectoren die
spectrale informatie uit een rontgenbundel kunnen halen, zijn zogenoemde fotonen tellende
detectoren (Engels: photon-counting detectors, PCD’s), die het aantal en de energie van indi-
viduele réntgenfotonen kunnen registreren.

Een beoordeling van de prestaties van detectoren kan helpen om te bepalen of ze geschikt zijn
voor toepassing in de radiotherapie. Een dergelijke beoordeling op basis van een beeldkwali-
teitsmaatstaf wordt gewoonlijk uitgevoerd in een regime waarin een PCD wordt blootgesteld
aan een foton fluentietempo dat laag genoeg is om lineair gedrag van de PCD te garanderen.
Afhankelijk van de beeldvormingstaak kunnen echter fluentietempo’s tot 3,4 - 108 mm—2s~?
worden bereikt. Tenzij de pixelgrootte van de detector voldoende klein is, of de karakteristieke
responstijd van de detector voldoende kort, is het tempo waarop fotonen op de detector vallen
dan zo hoog dat de gemiddelde tijd tussen twee fotonen niet langer groot is in vergelijking met
de karakteristieke responstijd van de detector, waardoor de signalen van individuele fotonen
elkaar gaan overlappen. Deze zogenoemde pile-up zorgt ervoor dat PCD’s zich niet-lineair gaan
gedragen. In Hoofdstuk 2 willen we onderzoeken hoe de beeldkwaliteitsmaatstaf verandert bij
pile-up, wat wordt gedemonstreerd aan de hand van specifieke voorbeelden in een simulatie-

xi



xii

Samenvatting

studie. Hiervoor gebruiken we kleine-signaalanalyse om het niet-lineaire gedrag te benaderen
als lineair rond een bepaald punt.

In Hoofdstuk 3 verbreden we onze blik en vergelijken we zes spectrale CBCT-systemen in een
simulatiestudie, waaronder op PCD’s gebaseerde systemen. Elk systeem is geoptimaliseerd
voor het extraheren van SPR-waarden, en we zorgen ervoor dat we een realistisch CBCT-ver-
strooiingsmodel meenemen. Verder vergelijken we systemen met ideale detectoren en met
een realistischere detectorrespons. In het geval van ideale detectoren presteert een enkelvou-
dige bron in combinatie met een PCD het beste. Onder de aanname van een realistische de-
tectorrespons vinden we dat systemen op basis van een kVp-schakelende bron (Engels: kVp-
switching source) het beste presteren. Interessant is dat een kVp-switching source met een
conventionele energie-integrerende detector beter presteert dan een kVp-switching source
met een PCD, wat wij toeschrijven aan de ernstige verslechtering van het geregistreerde spec-
trum in state-of-the-art PCD’s op basis van kamertemperatuur halfgeleiders als gevolg van het
zogenoemde ladingsdeling effect (Engels: charge sharing). Verder laten we zien dat het ver-
minderen van charge sharing in PCD’s aanzienlijke verbeteringen kan opleveren. Bovendien
vinden we dat een hogere bronspanning of een grotere spectrale scheiding tussen bronspec-
tra gunstig is voor SPR-extractie.

In Hoofdstuk 4 onderzoeken we experimenteel de extractie van SPR-waarden met een klinisch
CBCT-systeem in een protonentherapiekliniek. Er worden drie fantomen gescand en (geému-
leerde) dual-energy CBCT-scans worden vergeleken met single-energy scans. Onze resultaten
geven aan dat dual-energy CBCT een lagere bias en betere robuustheid heeft bij het extraheren
van SPR-waarden in vergelijking met single-energy CBCT, en een betere differentiatie tussen
weefsels mogelijk maakt. Deze eerste studie is nog beperkt in omvang en we bespreken ver-
schillende opties voor vervolgonderzoek.

Daarom presenteren we een overzicht van manieren om het vermogen van spectrale CBCT
om SPR-waarden te extraheren te vergroten, en zijn we voorzichtig optimistisch over moge-
lijke toekomstige ontwikkelingen die ertoe kunnen bijdragen dat CBCT kan worden gebruikt
voor dagelijkse behandelingsupdates of zelfs online adaptieve behandeling bij protonenthera-

pie.
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Chapter 1

1.1 Thesis Objective

Cancer is the second leading cause of death worldwide [10, 28], with radiotherapy as one of
the main treatment options besides chemotherapy, surgery and targeted therapy. Radiother-
apy based on high energy X-rays (typically in the order of a few megaelectronvolt) has been in
use for several decades, and is still the most commonly employed form of radiotherapy [11].
All forms of radiotherapy aim at inducing cell death in cancer cells via the ionising properties
of the employed radiation, which either inflicts DNA damage directly or indirectly via the cre-
ation of free radicals within a cell [31]. While as an unavoidable side effect also healthy cells
suffer from radiation damage, radiotherapy tries to mitigate this by, first, using a dose distri-
bution that delivers the highest dose to the tumour while reducing dose to healthy tissue, and
second, by utilising the property of healthy tissue of being better at repairing radiation damage
than cancer cells, under the condition that the damage is not too severe. The second strategy
is the reason for the practice of fractionating the radiation treatment, that is, delivering the to-
tal dose to the tumour over multiple treatment sessions distributed over several days to weeks
[52].

While X-rays have the desired property of being an ionising form of radiation, the distribution
of deposited dose over the penetration depth of X-rays follows roughly an exponential decay
(Figure 1.1). As a result, tissues lying closer to the X-ray source receive a higher dose than
the tumour, and tissues lying behind the tumour (as seen from the source) also receive a dose
greater than zero. Though unfavourable, modern X-ray radiotherapy mitigates this by apply-
ing beams from multiple angles and with varying intensity, leading to a highly conformal dose
distribution.

Depth dose curves in water

Protons, spread-out Bragg peak
LL] Monoenergetic protons (190 MeV)
E X-ray photons (6 MeV)

Dose [a.u.]
tnn "ay, ol

L3

*
.
.
.
-
swsun®
llIlllllllllIIIIIIIIIIIIIIIIII-‘

0 ¥ Y Tt T T
4] 50 100 150 200 250 300
Depth [mm]

Figure 1.1: Dose vs. depth in water for X-ray photons and protons in a water volume (dose in arbitrary
units, data obtained from simulation). The water volume starts at a depth of @ mm and extends in positive
direction; photons/protons move in positive direction. In the case of protons, both the data for a single
monoenergetic beam is shown (dotted dark purple line) as well as a so-called spread-out Bragg peak (solid
orange line) that consists of a combination of proton beams with discrete energies and varying intensities
(constituent beams indicated as solid grey lines).

The depicted dose is the dose integrated over the whole cross-section of a pencil beam, binned with 1 mm
step size. Individual proton beams are monoenergetic; for photons, a 6 MeV linac spectrum is assumed.
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(a) Fan-beam CT (b) Cone-beam CT

X-ray source s S N X-ray source s S

Detector \
strip ~

Flat panel
detector

Figure 1.2: Schematic comparing (a) a fan-beam CT geometry with (b) a cone-beam CT geometry. Fan-
beam CT uses a detector strip, whereas cone-beam CT uses a flat-panel detector with comparable lengths
on both sides. In both cases, a single X-ray is depicted that scatters inside the object and therefore changes
its direction, leaving the plane spanned by the rotating source; if it had not scattered, it would have followed
the grey dashed line. In case of the fan-beam CT, the scattered X-ray is not detected by the detector strip,
whereas it is still registered by the flat-panel detector, stressing the increased sensitivity of cone-beam CT
to X-ray scatter.

In 1946, Wilson [53] was the first to introduce the idea of using protons or, more generally,
heavy ions for therapeutic purposes due to their favourable property of exhibiting a finite range,
and due to their property of depositing the highest dose within a small region close to the end
of their range, called the Bragg peak, as shown in Figure 1.1. As is evident from the figure,
protons (and other ions) deliver less dose to tissue in front of the tumour and no dose at all to
tissue situated behind the tumour (as seen from the proton source) compared to X-rays. Util-
ising the fact that the range of protons is energy-dependent, protons with varying energy and
intensity are combined to yield the desired dose distribution [29].

As can be appreciated in the aforementioned figure, a change in tissue properties leading to a,
say, 1 mm shiftin the depicted dose distributions does not change the dose delivered by X-rays
over a given depth interval significantly. In stark contrast to X-rays, however, the same change
in tissue properties can lead to a significant change in dose delivered by a single, monoener-
getic proton beam. In otherwords, proton therapy is very sensitive to changes in the absorption
properties of the traversed material, and in particular more sensitive to such changes than con-
ventional X-ray radiotherapy. In clinical practice, safety margins are therefore used to account
for uncertainties in the extracted proton stopping power ratio* (SPR) values of tissues and for
uncertainties related to patient positioning [32].

Before the actual start of a fractionated proton radiotherapy treatment series, fan-beam X-ray
computed tomography scanners (CT scanners,? see Figure 1.2a) are used to acquire a planning
(CT) scan. Fan-beam CT scanners use a detector strip and an appropriately shaped, epony-
mous X-ray beam, rotating around the patient. The energy range of diagnostic X-rays used for

1Stopping power denotes the energy loss per path length in a given material and knowledge thereof is necessary to deter-
mine the range and deposited dose of protons. Dividing the stopping power of a material by the stopping power of water
yields the stopping power ratio of a material, relative to water.

2Computed tomography refers to the technique of computing the internal structure of an object via acquiring multiple pro-
jections of it. This technique is not limited to fan-beam X-rays or even X-rays in particular. In the field of medical imaging,
however, the term CT scanner is commonly used for scanners performing fan-beam X-ray computed tomography.
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Figure 1.3: Photograph (top) of a treatment room at the Holland Proton Therapy Centre, Delft, The Nether-
lands and its schematic (bottom). In this photo, the patient couch is situated below the nozzle steering
the proton beam. To the left and right of the nozzle two flat-panel detectors are attached, which, together
with the two X-ray sources, form the CBCT systems (only one X-ray beam is shown). The rotating gantry
containing the steering magnets for the proton beam is covered by panels and not visible. With permission
of HPTC.
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this purpose is in the range of 30 — 150 keV. The CT scan is then used for anatomical (includ-
ing tumour) delineation, SPR extraction and treatment planning [7, 31]. Fan-beam CT is used
since, firstly, it provides sufficient soft tissue contrast,® secondly, it is the most accurate X-ray
imaging modality used in clinical practice, and thirdly, since the underlying physics of X-ray
attenuation and proton attenuation are closely, although not directly, related.

At the start of each treatment fraction, patients need to be positioned such that their orienta-
tion matches the state during the planning CT scan. Imaging modalities inside the treatment
room can be used to confirm the patient position, which includes modalities such as in-room
CT, in-room CT on rails, simple flat-panel radiography, or cone-beam CT (CBCT) mounted ei-
ther to the gantry or a robotic arm [21] (Figure 1.3 shows the treatment room of a proton radio-
therapy centre, note the two flat-panel detectors attached to the proton nozzle). CBCT uses a
flat-panel detector with sides of comparable length and an X-ray cone-beam, rotating around
the patient (Figure 1.2b). In any case, these imaging modalities are merely used to check the
patient position and whether the patient’s anatomy of the day deviates significantly from the
state during the planning CT (due to, e.g., tumour growth/shrinkage, weight gain/loss), in which
case a new scan with a fan-beam CT and replanning might be indicated [21, 41]. CBCT is not
used directly for treatment planning, although it has been reported to be used to deform plan-
ning CT images to the CBCT of the day [17, 20, 22, 38, 48]. The reason that CBCT is not used
directly for treatment planning is that CBCT, compared to fan-beam CT, suffers from poor soft
tissue contrast due to the greater influence of scatter as well as from a larger influence of pa-
tient motion due to its longer rotation times [43] (see Figure 1.4 for a comparison of image
quality between fan-beam and cone-beam CT).

However, compared to fan-beam CT, CBCT offers the possibility to image the patient in treat-
ment position without moving the patient couch, which neither fan-beam CT nor magnetic res-
onance imaging are capable of, and it is a comparably cheap modality. If the image quality
of CBCT could be improved, its images might be of a quality sufficient enough to be used for
treatment plan updates, direct treatment planning or even real-time tumour tracking, enabling
a more efficient workflow. While this requires as a prerequisite the development of fast and
automatic auto-contouring and treatment planning software which is actively investigated [15,
30, 34], the work presented in this thesis focuses on improving image quality as the basis for
all subsequent steps.

Two possible, complementary pathways to an improved CBCT image quality are conceivable:
either via improved reconstruction software which might, for example, include an improved
scatter model, or via improved hardware, which could involve the inclusion of anti-scatter grids
[1, 19, 33, 36, 39, 57] or setups that extract spectral information from X-rays instead of just
measuring their intensity, with the latter being the current standard for CBCT. A number of
studies for fan-beam CT have already shown that a better accuracy and robustness can be
achieved with spectral fan-beam CT instead of single-energy fan-beam CT [5, 25, 27, 35, 45,
46, 54,55, 56]. It is reasonable to expect that the same holds true for CBCT.

This thesis focuses on the hardware aspect and investigates spectral CBCT for its use in pro-
ton therapy. The objectives of this work are to investigate (1) which figure(s) of merit can be
used to compare spectral CBCT setups, (2) which spectral CBCT setup is best suited for SPR
extraction as well as to optimise the parameters of such a setup, and (3) to test SPR extraction
experimentally using a clinical CBCT system.

3The gold standard for soft tissue contrast is magnetic resonance imaging; note that dual-energy fan-beam CT can achieve
better soft tissue contrast compared to single-energy fan-beam CT.
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FDK_CBCT

Figure 1.4: Comparison of reconstructed images of a prostate patient, either acquired with a CBCT (top and
centre row) or with a fan-beam CT (bottom row). In the case of CBCT, the images were reconstructed using
the conventional FDK algorithm (top row, see Section 1.2.5) as well as an iterative algorithm (centre row).
Left column: axial plane; right column: sagittal plane. Arrows point to features for comparison between
imaging modalities. This figure is taken from the work by Gardner et al [14]; their article is licensed under
the CC BY-NC-ND 4.0 license. ©2019 Gardner et al.

1.1.1 Thesis Outline

One possibility to implement a spectral CBCT setup is via a photon-counting detector (PCD) in-
stead of the currently used energy-integrating detectors (EIDs) (see Section 1.2.4). In order to
characterise the performance of PCDs, a range of quality metrics is available. However, these
are usually evaluated under the assumption that the incident X-ray fluence rate is such that the
average time between photons is large compared to the detector’s response time, ensuring a
linear behaviour of the detector. If the rate of photons is such that the average time between
photons is comparable to the detector’s response time, non-linear effects become significant.
Chapter 2 intends to investigate how non-linear behaviour could be incorporated into detector
performance metrics.

Chapter 3 addresses the question which of the many possible implementations of a spectral
CBCT setup is best suited for proton radiotherapy with respect to its ability to extract proton
SPR values, and it compares different available as well as conceivable future detector tech-
nologies.


https://creativecommons.org/licenses/by-nc-nd/4.0/
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Chapter 4 presents the results of an experimental study conducted at a proton therapy clinic,
emulating spectral CBCT acquisitions and investigating the accuracy and robustness with which
SPR values can be extracted.

Finally, the thesis is concluded in Chapter 5, summarising the findings and presenting an out-
look on future developments in the field of spectral CBCT.

A brief compilation of background knowledge can be found in the following.

1.2 Essential Background Knowledge

1.2.1 X-Ray Physics

The interaction mechanisms of X-rays with matter relevant in the context of this work are the
photoelectric effect, (inelastic) Compton scattering and (elastic) Rayleigh scattering. Please
note that this discussion is limited to the energy range of X-rays used in (CB)CT imaging (30 —
150 keV), unless specified otherwise. As a consequence, pair production, requiring energies
> 1022 keV, is excluded here. For further reference we refer the reader to Bushberg et al [8],

(a) Water (b) Cortical bone
"o 2 2
~ 167 3 total att. F 10
E Compton
€ 10t 3 Photoelec. L 107
[ E ;
E 3 Rayleigh
T 10° 3 [ 100
3 E ~
.S ! _ L GGRCEEEE L ‘_-:..:...~......-...rn.-.-.-.-.-....... I
= E «
3 — 'y S LES
% 10—2 . .§.~. -h.-.- [ 1072
£ 3 St s
o ] "y
-3 -3
T 107 3 - 10
Z 3 1 1 1 1 1 1 1 1 1 1 1 1 1 1
@ 20 40 60 80 100 120 148 160 © 20 40 68 80 100 120 140 160
Energy [keV] Energy [keV]
(© Adipose tissue (d) Todine
2 10?5 - 107
E E
L
= 10" 3 - 10"
Q 3
Q ~
€=
5 10° 3 el - 10°
[s] E LIS
o : T -
é 101 ] \.Q.\,.----% “‘-_...--------:Hi—."..._.:.-.:: L 1971
@ -
2 Ses
2 1072 3 e, L 102
= 3 b
5] i
&7 s L'} -y 3
T 107 3 - 10
Z 3 1 1 1 1 1 1 1 1 1 1 1 1 1 1
@ 20 40 60 80 100 120 148 160 © 20 40 68 80 100 120 140 160
Energy [keV] Energy [keV]

Figure 1.5: Contributions of the photoelectric effect as well as Compton and Rayleigh scattering to the
total mass attenuation (11/pmass) Of photons in (a) water, (b) cortical bone, (c) adipose tissue and (d) iodine.
The tissue definition of cortical bone and adipose tissue was taken from the ICRU report 46 [18], mass
attenuation coefficients were retrieved from the NIST XCOM database [23].
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Hubbell [16] and Seibert et al [42].

The photoelectric effect refers to the complete absorption of an incoming (X-ray) photon and
the transfer of its full energy to a bound electron, ejecting the electron and hence ionising the
atom. The probability of interaction is highest for those electrons that have a binding energy
just slightly lower than the photon. Two consequences arise from this: Firstly, for the strongest
bound electrons, i.e., those in the K-shell, this leads to a steep rise in absorption probability
once the photon energy is higher than their binding energy. The resulting prominent feature
in the X-ray attenuation as a function of energy is, in the example of K-shell electrons, called
a K-edge (see Figure 1.5d for an example: iodine features a K-edge at an energy of around 33
keV). Secondly, for elements with low atomic number with lower K-shell binding energies, the
interaction probability for the photoelectric effect is low and their K-edges lie outside the en-
ergy range of interest and are not observed.* For example, the K-edge of calcium, the heaviest
element of all elements in the human body with an abundance = 0.1 mass percent, has a K-
edge at 4.04 keV.

Once an electron is ejected, its vacancy is filled by an electron from one of the outer shells,
emitting in turn a photon in this process (called (X-ray) fluorescence). The energy of X-ray pho-
tons emitted during this process are specific to each element due to the energy differences
between orbitals, and are hence called characteristic X-rays.

Assuming the absence of absorption edges in the selected energy range, the probability of
photoelectric interaction per unit mass is approximately proportional to Z3/E3, with Z as the
atomic number and E the X-ray energy. Hence, the difference in attenuation between dif-
ferent elements, and hence the contrast between various tissues, is largest at low energies.
Note, however, that the larger attenuation at lower energies does, at the same time, decrease
the number of photons being able to reach the detector, therefore decreasing the signal-to-
noise ratio. Furthermore, due to the dependence on Z3, photoelectric interaction is the main
interaction process for elements with higher atomic number.

During (inelastic) Compton scattering, a photon transfers part of its energy to an electron.
Compton scattering is more likely for electrons with lower binding energy, and hence involves
the weakly bound outer electrons of atoms. The energy transfer is typically larger than the
binding energy of the electron, hence ionising the atom. Based on the momentum transferred
to the electron, the outgoing photon changes its angle; the resulting Compton scatter is the
main source of scatter in X-ray imaging. In the energy range used in medical X-ray imaging,
the magnitude of Compton scattering can be considered approximately constant over energy,
and since the probability scales with electron density, the probability of Compton scatter nor-
malised by mass is approximately independent of the atomic number. For elements with low
atomic number, Compton scattering is the dominant interaction mechanism.

Rayleigh or coherent scattering refers to elastic photon scattering. Rayleigh scattering is more
prominent for low X-ray energies such as those used in mammography (15 — 30 keV), however,
for (CB)CT the effect of Rayleigh scattering is usually negligible (see Figure 1.5).

1.2.2 X-Ray Generation

X-ray sources currently used in medical imaging generate X-rays by accelerating electrons to
high energies and onto a target anode. Upon impinging on the anode, electrons subsequently
generate X-rays via two processes: Bremsstrahlung (breaking radiation) and characteristic X-
rays. The latter are produced when an incoming electron removes an electron from one of the

“Note that the K-edge is the absorption edge with the highest energy; if the K-edge lies below the energy range of interest,
so will all other absorption edges.
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Figure 1.6: Simulated X-ray spectra, showing (a) the effect of different source voltages ranging from 80 —
140 kVp while keeping the filtration fixed, and (b) the effect of different thicknesses of additional tin (Sn)
filtration after the source for a fixed source voltage of 140 kVp.

The intrinsic source filtration is .8 mm Be, 8.89 mm Ti; the anode angle is set to 7 degrees; normalisation is
set individually for each curve to show trends more clearly, and is not intended to show relative differences
in intensity.

inner shells of the anode atoms, creating a vacancy that is subsequently filled by electrons from
higher orbitals (see Section 1.2.1). In case of the commonly used anode material tungsten, the
following characteristic lines can be observed in the emitted X-ray spectrum:

K, (KLq, KLy, KL3): between 57 — 59 keV,
Kg (KMy — KMg): around 67 keV,
K, (KN; = KNg): around 69 keV.

The second process of Bremsstrahlung refers to electrons that come sufficiently close to atomic
nuclei in the anode. Subjected to the strong attraction of a core, this acceleration of electrons
leads to the emission of electromagnetic radiation, more specifically, X-rays.

The generation of X-rays via this process is very inefficient: Only about 1 % of electrons im-
pinging on the anode cause the creation of X-rays via Bremsstrahlung, and the vast majority of
created X-ray photons are either filtered out by the X-ray tube’s window or by the beam shaper,
leading to an energy conversion efficiency in the order of 0.03 % [6].

The emitted X-ray Bremsstrahlung spectrum is quite broad and polychromatic. The upper limit
for the X-ray energy in the spectrum is determined by the energy of the incoming electrons; the
low energy X-rays are removed via filtration by the anode itself and the X-ray tube window as
well as potential additional filters. The combination of a broad Bremsstrahlung spectrum and
characteristic X-ray peaks yields the X-ray spectra depicted in Figure 1.6.

The main parameter for tuning the X-ray spectrum is the applied voltage between the cathode
and anode of the source, as it determines the upper limit of X-ray energies emitted as well
as the mean energy of the spectrum. The applied voltage, commonly given in units of keV
(kiloelectronvolt), is denoted kVp (kilovolt peak). The source current, that is, the current of
electrons flowing between the tube’s cathode and anode, is proportional to the emitted number
of photons and hence an important quantity in terms of radiation dose. Additional filtration can
be applied to enhance the filtration of low energy photons and to shift the mean energy to higher
energies; increasing the mean energy is referred to as a hardening of the spectrum.
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1.2.3 X-ray Transport and Image Acquisition

There exists no closed-form expression that fully describes X-ray transport with respect to
the spatial and energy distribution of scattered X-rays passing through a medium. Based on
known physics models, however, Monte-Carlo simulations can be used to obtain the desired
distributions [2, 40]. The only quantity accessible to a closed-form expression is the number of
primary, i.e., non-scattered X-rays, which can be described via the Lambert-Beer law:® It states
that the reduction per unit length in the number I of non-scattered, monoenergetic photons,
counted over an infinitesimal cross-section A and passing through a medium, is proportional
to the number of non-scattered photons:

dar

dz _*
The proportionality constant i hence describes the fraction of photons removed from the mo-
noenergetic X-ray beam per unit thickness, and it is called the (linear) attenuation coefficient,
usually given in units of 1/cm.
The equivalent integral expression for the general case of a monoenergetic beam with cross-
section A and energy E along a straight line s from pointr = @ to the point (x, y, z), emitting the
number of photons I,(x,y, z, E) from point r = @ towards (x,y, z), and an attenuation coeffi-
cient u(r, E) at every point r in the volume, yields I(z, y, z, E), i.e., the number of unattenuated
photons arriving at r = (z, y, z) with energy E and within the cross-section A:

-1 (1.1

(z,y,2)
I(,y,2 E) = Iy(x,y,2 E) - exp ( / lr, E) ds> , (1.2)
(]

where f;m’y’z) u(r, E) ds is called the line integral of the linear attenuation coefficient. Note
that this expression neglects any scatter contribution.

Equation 1.2 can be used to calculate the spectrum ®(z,y, z, E) = I(z,y, z, E) of unattenuated
photons, emitted from an X-ray source located at r = @ reaching a pixel with cross-section A
at point (z,y, z) during acquisition time. Assuming an ideal detector, the incident spectrum is

equal to the spectrum of deposited events in a pixel, i.e., p%P%(E) = ®(F).

1.2.4 X-Ray Detectors

X-rays can deposit energy in matter via one of the mechanisms described in Section 1.2.1.
Conventional X-ray detectors measure the total deposited energy and are hence called energy-
integrating detectors. Their detected signal m can be described via

m ~ / pdePos () . B dE’ . (1.3)
(]
In contrast, photon-counting detectors determine the energy of every energy deposition caused

by incoming X-ray photons and increment a counter in the corresponding energy bin [51].
Hence, in each energy bin & ranging from energy E, ; up to E,_,, their detected signal is

m,, ~ / @9oP0s (1) dE . (1.4)
By 1<E'<E)

EIDs either use a semiconductor such as amorphous silicon for X-ray absorption and conver-
sion to an electrical signal (so-called direct conversion), or they use a scintillator such as cae-
sium iodide to convert X-ray photons into optical photons (so-called indirect conversion), which

5The Lambert-Beer law is also called Beer-Lambert law or Beer-Bouguer-Lambert law.
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Figure 1.7: Schematics of a direct-conversion detector (a) and an indirect-conversion detector (b). Panels
(i —ii) show inter-pixel cross-talk due to leakage of charge carriers (a) or optical light (b) originating from
(i), leading to a detector pulse in a neighbouring pixel (ii). Panels (iii — iv) show inter-pixel cross-talk due to
X-ray cross-talk: An X-ray is partially absorbed (iii) and, via X-ray scatter or X-ray fluorescence, deposits
additional energy in a neighbouring pixel (iv) leading to a detector pulse therein. Schematic not to scale.

can then be detected by an array of photosensors [58]. EIDs cannot distinguish between indi-
vidual photons, and their signal is proportional to the total deposited energy.

PCDs employed in clinical systems are direct-conversion detectors based on a semiconductor
such as CdTe or CZT [24, 37, 47] or silicon [4, 13]; research into indirect-conversion PCDs
is ongoing [49, 50]. The main challenge of direct-conversion PCDs lies in detrimental cross-
talk effects, increasing in strength with decreasing pixel size; the main challenge of indirect-
conversion PCDs lies in the miniaturisation of pixels, as well as in the fast decay of scintillation
light necessary to detect the large amount of X-ray photons per unit time.

Multiple photons that deposit energy inside the PCD within a time that is comparable to or
smaller than the detector’s response time can lead to overlapping detector pulses, called pulse
pile-up [9]. This can distort the number and/or energy of registered events.

The aforementioned inter-pixel cross-talk consists of two components: First, X-ray cross-talk
occurs when, due to Compton scatter or X-ray fluorescence, an incident X-ray photon scatters
into a neighbouring pixel and deposits part of its energy in two pixels simultaneously (Figure
1.7, ii —iii). Second, after an energy deposition has occurred, the deposited energy is con-
verted into either charge carriers (direct-conversion detectors, Figure 1.7a) or optical photons
(indirect-conversion detectors, Figure 1.7b), which can leak into neighbouring pixels. More
specifically, the semiconducting material of state-of-the-art direct-conversion detectors for
medical imaging applications is itself not pixelated, only the anode deposited on top of it, which
enables charge carrier leakage between pixels (so-called charge sharing).

1.2.5 Image Reconstruction

For computed tomography, (X-ray) projections are acquired of the object from multiple angles.
A graph of all projections, sorted by the acquisition angle, is called a sinogram (Figure 1.8a). In
order to transform the sinogram such that it is more easily comprehensible and interpretable
by humans, the sinogram is reconstructed, which is to say, the attenuation map u(r) of the
underlying object is estimated. It might also be desirable to instead create maps of the un-
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Figure 1.8: (a) Ground truth of a phantom along with the intensity profile created by parallel-beam pro-
jections at angles of @ (up — down) and =/2 (left — right). (b) Sinogram. (c — f) Reconstruction based on
simple backprojection, using either the first 1 %, 20 %, 50 % or 100 % of available projections. (g —j) Re-
construction based on filtered backprojection, using either the first 1 %, 20 %, 50 % or 100 % of available
projections.

derlying object in a basis of a few different materials (such as water and bone), called material
decomposition. Realistic CT acquisitions, however, pose an underdetermined inverse problem
that cannot be solved analytically. The conventional reconstruction for CBCT, assuming a mo-
noenergetic X-ray spectrum and the absence of scatter, is a frequency filtered backprojection
based on the algorithm by Feldkamp, Davis and Kress (FDK) [12] (Figure 1.8j). Advances in
computational methods and speed made iterative algorithms possible [26] as well as deep-
learning-based reconstruction [44]; see Figure 1.4 for a comparison between CBCT images re-
constructed via the FDK algorithm and via an iterative algorithm. Iterative algorithms offer the
possibility to perform both reconstruction and material decomposition simultaneously while
better utilising the available data, and are hence expected to perform better than FDK-based
reconstruction algorithms [59].
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1.2.6 Dual-Energy Imaging

In their seminal paper on the principle of dual-energy X-ray imaging, Alvarez and Macovski [3]
use a small basis of energy-dependent interaction functions f; to express the linear attenua-
tion coefficient p, thatis: u(E) = . a,f;(E) ; more specifically, they use a basis combining
photoelectric effect and Compton scattering, while neglecting Rayleigh scattering:

:U‘(E) = Gphotoel * fphotoel(E) + Acompton * fCompton (E)
1
WE) = Kphotoel “Pelec * L™ B + KCOmpton “Petec * fun(E) (1.5

with pgjec as the electron density and n & 3. Kpot0e1 20d Kcompton re proportionality factors ap-
proximately independent of Z, and fy\(E) is the Klein-Nishina equation describing the Comp-
ton interaction cross-section; in first approximation, we can assume fy(E) to be independent
of energy (see Figure 1.5).

In order to obtain the two unknown parameters pg.. and Z in Equation 1.5 of an unknown
material, two independent measurements of the attenuation coefficient at different energies
are required. This can be achieved either by employing different X-ray source spectra, or by
a detector capable of extracting spectral information from the registered X-ray spectrum, or a
combination thereof. In this work, we use the more general term spectral CT to denote setups
capable of extracting spectral information, since a setup might perform measurements at more
than two energies.

The model in Equation 1.5 assumes a photoelectric absorption devoid of K-edges. If an ele-
ment with a K-edge in the inspected range is present, as is for example the case inimaging tasks
using contrast agents (such as iodine, see Figure 1.5d), then its specific energy-dependent at-
tenuation function can be added as a third basis element.
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Chapter

Framework for Evaluating Photon-Counting
Detectors Under Pile-up Conditions

Objective: While X-ray photon-counting detectors (PCDs) promise to revolutionise medical
imaging, theoretical frameworks to evaluate them are commonly limited to incident fluence
rates sufficiently low that the detector response can be considered linear. However, typical
clinical operating conditions lead to a significant level of pile-up, invalidating this assumption
of a linear response. Here, we present a framework that aims to evaluate PCDs, taking into
account their non-linear behaviour.

Methods: We employ small-signal analysis to study the behaviour of PCDs under pile-up con-
ditions. The response is approximated as linear around a given operating point, determined by
the incident spectrum and fluence rate. The detector response is subsequently described by
the proposed perturbation point spread function (pPSF). We demonstrate this approach using
Monte-Carlo simulations of idealised direct- and indirect-conversion PCDs.

Results: The pPSFs of two PCDs are calculated. It is then shown how the pPSF allows to de-
termine the sensitivity of the detector signal to an arbitrary lesion. This example illustrates the
detrimental influence of pile-up, which may cause nonintuitive effects such as contrast/con-
trast-to-noise ratio inversion or cancellation between/within energy bins.

Conclusion: The proposed framework permits quantifying the spectral and spatial perfor-
mance of PCDs under clinically realistic conditions at a given operating point. The presented
example illustrates why PCDs should not be analysed assuming that they are linear systems.
The framework can, for example, be used to guide the development of PCDs and PCD-based
systems. Furthermore, it can be applied to adapt commonly used measures, such as the mod-
ulation transfer function, to non-linear PCDs.

This chapter is based on the following publication: DL, S. J. van der Sar, M. C. Goorden, and D. R. Schaart, ”Framework
for evaluating photon-counting detectors under pile-up conditions”, Journal of Medical Imaging 11(S1), S12802 (2024).
doi: 10.1117/1.JMI1.11.51.512802.
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Chapter 2

2.1 Introduction

Photon-counting detectors (PCDs) herald the next leap in medical X-ray imaging, promising im-
ages with increased contrast-to-noise ratios, hence allowing for lower dose, and multi-energy
imaging capabilities beyond what can be offered by dual-energy imaging [9, 11, 43], all of which
could translate into substantial improvements in patient care. PCDs could therefore supersede
the currently dominant energy-integrating detectors (EIDs) in X-ray imaging. Whereas EIDs
only measure the total amount of energy deposited by X-rays in each projection, PCDs are ca-
pable of counting the number of detector pulses generated by individual X-ray photons and
assigning each pulse to one of at least two energy bins. To compare and optimise the perfor-
mance of different PCDs, suitable detector performance measures are needed. In particular,
performance measures that have been devised for EIDs in the past may need to be adapted to
the case of PCDs.

A fundamental aspect of any imaging detector is its transfer of the spatial and spectral infor-
mation contained in the incident beam into its output signal. The corresponding measure is
the detector point spread function (PSF), which, in our case, describes the detector’s response
toirradiating a single pixel homogeneously [5]. For PCDs, the PSF should not only describe the
spatial response of the detector (i.e., how the incoming spatial information is distributed over
neighbouring pixels), but also the spectral response (i.e., how the incoming spectral informa-
tion is distributed over energy bins).

An EID has, in very good approximation, a linear response. Hence, the response to an incident
beam with an arbitrary spectrum can always be expressed as a linear combination of PSFs of
monoenergetic beams. This also applies to a PCD under low fluence rate conditions; however,
detectors are exposed to very high fluence rates of up to 3.4 - 188 mm~2s71 in clinical practice
[22]. Under these demanding circumstances, pile-up as well as the specific implementation
of pulse processing will influence the transfer of spatial and spectral information and PCDs
cease to exhibit a linear response [4, 15, 44]. This warrants research into the characterisation
of PCDs under high fluence rates.

The aforementioned effect of pile-up is caused by the finite pulse length in any physical detec-
tor and refers to the overlap of individual pulses, such that a detector cannot determine the
correct underlying number of events and their energies [43]. We refer to the algorithm that is
used to process the pulses and to extract the number of counts as well as the corresponding
energies as the counting behaviour. All in all, the finite pulse length of a detector in response
to an incoming photon, the pile-up of pulses, and the subsequent readout via a specific count-
ing behaviour can lead to an incorrectly registered total number of photons, as well as to an
incorrectly registered number of photons per energy bin. The extent of these effects is depen-
dent on, first, the fluence rate, because a higher number of photons arriving at the detector
per second and per detector pixel increases the pile-up probability, and second, the spectrum,
because it determines the probability of an incoming photon of a specific energy to be detected
in a certain energy bin after pile-up.

The research on non-linear effects in PCDs has so far focused on developing models to predict
the counts registered in a particular energy bin [6, 12, 34, 36, 42] and on calibrating for them
[21, 30], but less on the ramifications on commonly used tools to characterise detectors, such
as the PSF, modulation transfer function (MTF), noise equivalent quanta (NEQ) and detective
quantum efficiency (DQE), all of which are performance metrics based on the assumption of a
linear detector response. We argue that a comprehensive characterisation of PCDs must en-
compass their non-linear behaviour and include the fluence rate into their analysis.

In this study, we explore how to adapt image quality measures to the non-linear response of
PCDs. We demonstrate a basic example of calculating the contrast between two projection
lines with slightly different line integrals, and show how an adapted formulation of the PSF,
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Figure 2.1: (a) A monoenergetic beam travels through an object, resulting in a registered count rate
di,(®yp) in energy bin & of a single-pixel PCD. When a lesion is inserted, this results in a count rate d;,(®;).
(b) Extension to a detector array and a polychromatic beam: (i) and (i) A detector array is homogeneously
irradiated by an operating spectrum (green) with a given spectral fluence rate ®,,. This operating spec-
trum is perturbed by adding a monoenergetic probe beam (red) incident on the centre pixel of the array.
(iiif) The change of count rate in the pixels and energy bins & of the PCD due to the addition of the monoen-
ergetic perturbation can be approximated by a linear response.

which we call perturbation PSF (pPSF), can be used in the non-linear regime. To illustrate the
use of the newly proposed formalism, we show its application to simulated data of two PCDs by
performing Monte-Carlo (MC) simulations and investigating the influence of the fluence rate of
an X-ray beam with a given spectrum on the adapted detector measures. The focus of this work
is on the introduction of a new theoretical framework, rather than on modeling any specific
detector as realistically as possible. We therefore apply the framework to idealised versions of
direct- and indirect-conversion PCDs, intending to illustrate clearly how differences between
detectors translate into differences in the pPSF.

2.2 Theory

2.2.1 Contrast for Single Projection Line

Let us consider a PCD consisting of a single pixel, and a single projection line going through an
object of interest (Figure 2.1a). The task is to distinguish between the cases of lesion absent
and lesion present. We start with the measure of contrast, which is linked to the measure of
detectability via the Rose criterion, which states a minimum required signal-to-noise ratio [27].
Let ® = (<i>E1, . qSEL) represent the incident spectral distribution, denoted as the spectral
fluence rate, that is, the number of photons per unit area and unit time (mm=2s71), where each
entry represents the fluence rate at a discrete energy E, . Here, discretization of the incoming
photon energies is done for practical reasons; this facilitates the implementation of studies
such as those described in Section 2.3. Let us furthermore denote the total fluence rate, that
is, the total number of photons per square millimetre per second, as |® |, = > (i)Ez'

For the case of a lesion being absent, that is, the baseline, we will denote the spectral fluence
rate incident on the pixel by <_I}b , and the detector output, that is, the number of counts regis-
tered by the detector in energy bin & per unit time, by d, (®,). Now let us insert a lesion, that
is, the target, with a size small compared to the dimensions of the whole object, into the path
of the projection line, slightly changing the fluence rate exiting the object. The spectral fluence
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Figure 2.2: Schematic visualisation of the proposed concept. A given fluence rate places the detector
at a specific operating point. Around this operating point, the non-linear fluence rate—response curve is
approximated as linear.

rate on the detector shall now be denoted by &, , and the number of registered counts in the
pixel per time unit by d, (®,). As an indication of how well the detector can distinguish between
the two cases of lesion present and lesion absent, let us calculate the contrast C, between the
two detector outputs in each detector energy bin k:

di(By) — di(Pp)

; (2.1)
di,(®y)

=

2.2.2 Small-Signal Analysis

To be able to make general statements about a system’s ability to preserve contrast, it is de-
sirable to determine d,(®) in Equation 2.1 without having to actually measure it for every pos-
sible combination of total incident fluence rate and incident spectral shape. In case of a linear
detector, this is straightforward if the detector response is known for every incident energy.
To arrive at an expression for d,, for the more challenging case of non-linear systems, we can
assume that the spectral fluence rates for the cases with and without lesion only differ by a
small amount, i.e., ®, = &, + A® with [A®|, < |®,], , since we required the lesion to be
small compared to the dimensions of the object. In other words, the insertion of the lesion is
regarded as a perturbation A® of the original fluence rate <i>b . We can then Taylor-expand
the registered count rate d,(®) around the fluence rate &, up to and including first order, as
follows:

d(®y) = di(Dy + AD)
= d,c(<I>b7E1 + A<I>E1, s Py, +A<I>EL)

. . ad,(®y) , .
= dy(@o, 5,5 s Pop,) + D %A(I)El +0(A®?)
7 B

ad,,(®,)
dy (D) +Z ak Eb Ady (2.2)
1
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where &y = (Dy g, oo Popr, g, ) and AP = (Ady, , ..., Ady ) are vectors of discrete ener-
gies E,. Inserting Equation 2.2 into Eq. 2.1 then gives the contrast C,, in energy bin k:

Adi (®p) A G
Zl BEE, A(I)Ez

. (2.3)
dy,(®p)

Ck:

This expression describes contrast as the result of a sensitivity analysis, that is, how sensitive
the detector is to a (small) change in fluence rate, given the baseline incident spectral fluence
rate ®, . In essence, this is equivalent to approximating a non-linear system at a certain op-
erating point as a linear system (Figure 2.2). Therefore, we will denote the incident spectral
fluence rate at which the detector is approximated by a linear system as the operating spec-
trum <i>op , which states the number of incident photons in units of mm=2s=1. This idea of us-
ing small-signal analysis and a Taylor expansion has also been suggested (but not elaborated
upon) by Tanguay et al [37], while the terms “operating point”/”operating spectrum” follow
the nomenclature commonly used in, e.g., electrical engineering, where one is interested in
the behaviour of a system at a specific operating point. The terms also underline the fact that
the PCD’s response we aim to quantify is determined by the combination of all parameters and
circumstances under which a detector is operated. One advantage of approximating a PCD as
a linear system around a given operating point is that it enables us to study the change in de-
tector response due to an arbitrary, though small, spectral fluence rate difference A®. In the
following section, we explore the gradient 8dk(<i>b)/6<i>El further.

2.2.3 Extension to Detector Arrays

So far, we have limited the discussion to a detector consisting of a single pixel. Here, we gen-
eralise the discussion to an array of pixels. Following the notation introduced by Persson et al
[23], let us first introduce a detector PSF h,(n — n’, E;) which states the probability for pho-
tons of energy E, , incident on the pixel n” with area A, to be registered as a count in pixel n
and its energy bin k. To determine the PSF, a single pixel of the detector is illuminated and the
response in all other pixels is registered. Under the assumption that the system is linear and
shift-invariant, and given an incoming spectral fluence rate distribution &(n), we can obtain the
count rate d;, in pixel n and energy bin k via [Persson et al [23], p. 4899, Equation (1)]

d(n, @) =YY hn—n', E) - d5n)-A . (2.4)
I n

Equation 2.4 represents a (discrete) convolution of the incoming spectral fluence rate distri-
bution &(n) with the PSF h,, . This approach can be used to obtain the detector response of a
linear detector to an arbitrary (spectral) fluence rate distribution. It is emphasised that Equa-
tion 2.4 is only valid under the condition that the system is linear and shift-invariant, which in
the case of PCDs is only fulfilled at low fluence rates.

At high fluence rates where the response of a PCD becomes non-linear a different approach is
needed. We will start by assuming that the whole detector array is set at a specific operating
point, that is, the detector array is irradiated homogeneously with a certain incident spectral
fluence rate i’op (see Figure 2.1b(i)). This is motivated by the fact that the fluence rate behind
an object is approximately constant within a sufficiently small region.

Next, we again approximate the non-linear system as a linear one around the chosen operating
point and investigate the effect of a perturbation, which is realised using an additional probe
beam of spectral fluence rate A®™s incident on pixel ng only (Figures 2.1b(i) and 2.1b(ii)).
Since we approximate the non-linear system at the operating point ‘i’op as a linear one, it is
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now possible to express the resulting change in the registered count rate d,, as a convolution
between A&™e and a PSF, similar to Equation 2.4. The important distinction is that, in this case,
the PSF must relate a perturbation of the incident fluence rate A&®™e to a change in d,, (Figure
2.1b(ii)), and we will therefore denote it as the pPSF hi (An, <i>0p, E)),with An =n —ny. It
must be stressed that 42 is bound to a specific operating point &, , and only applies to a small
perturbation thereof.

Using the pPSF, we can express the registered count rate d,, in pixel n as follows:

op’

di(n, ®op + AD™) = dy (Do) + > ht(n—ng, Doy, Ey) - APT - A (2.5)
l

Here we used that, since we assume a shift-invariant system and a constant fluence rate in a
sufficiently small region, dy(n, ®,,) is the same for all pixels n. Comparing Equation 2.2 with

Equation 2.5 shows that the gradient 8dk(<i>)/8‘i’El corresponds to the pPSF.

2.3 Methodology

2.3.1 X-ray Operating Spectrum

The operating spectrum assumed in this work is based on the standardised spectra described
in the IEC 61267:2005 standard [8], more specifically, the set of so-called RQA spectra that
mimic the X-ray beam behind a patient. The spectra are specified via a source voltage and
an added aluminium filtration. Since realistic X-ray sources already exhibit intrinsic filtration,
the standard specifies a nominal first half-value layer value to capture the spectrum’s shape
in a single parameter. We simulated the spectra using SPEKCALC [25] with the source voltage
and added filtration as defined in the IEC 61267:2005 standard. The intrinsic filtration was
empirically adjusted to yield a very good agreement with the nominal first half-value layer for all
spectra, and resulted in 8.8 mm Be and 0.10 mm Cu. In this work, we use the RQA9 spectrum
as our operating spectrum, which is based on an X-ray tube voltage of 120 kVp.

2.3.2 Fluence Rates

For the choice of fluence rates relevant to medical imaging we refer to the work by Persson
et al [22]. In their study, they investigated the maximum fluence rates encountered in clinical
CT protocols, using a CT scanner with tube current modulation and bow-tie filter. The authors
concluded that maximum total fluence rates between 3.4 - 108 mm~2s~1 (standard head and
chest protocol) and 4 - 188 mm=2s7? (ECG gated chest protocol) occur for perfectly centred
patients. If the patients are misaligned, then the fluence rate can reach up to 6 - 108 mm=2s72,
For non-standard protocols and maximum available tube currents on modern X-ray tubes, they
may even reach up to 1.1 - 10° mm~2s71. For the present study, we therefore decided to cover
a wide range of total fluence rates, from 10° up to 10° mm~2s7? in increments of factors of
10.

2.3.3 Detector Models

This study considers two hypothetical PCDs, namely an idealised direct-conversion detector
based on CdzZnTe (CZT), and an idealised indirect-conversion detector based on a LaBr;:Ce
scintillation crystal array one-to-one coupled to a silicon photomultiplier array. Indirect-con-
version, scintillation-based PCDs may combine cost-effective growth of detector-grade mate-
rial with efficient X-ray absorption, which is why silicon photomultiplier (SiPM)-based scintil-
lation detectors are under investigation as an alternative to direct-conversion detectors based
on, e.g., CdTe or CZT [20, 29, 39, 40].

While we simulate realistic energy resolutions and pulse shapes (see Section 2.3.5), we omit
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the inclusion of charge sharing and light leakage for the direct and indirect detector, respec-
tively. As a consequence, the cross-talk between pixels observed in our study is entirely due
to X-ray scatter and X-ray fluorescence, which are different for the two detector materials. By
limiting the number of physical processes that contribute to cross-talk, we aim to clearly illus-
trate how differences between detectors correlate with differences in the pPSF.

The thicknesses of the absorbing layers were set to 2 mm for CZT and to 2.8 mm for LaBr;:Ce.
The thicknesses were chosen such that, for the incident RQA9 spectrum, the number of pho-
tons passing through the detector material without any interaction is the same for both detec-
tors.

The pixel pitch was set to 500 um for both detectors (both in x- and y-direction); to account fora
smaller active pixel size of the indirect-conversion detector due to a reflective layer around the
scintillation crystals, a 6@ um thick [13] PTFE (Teflon, (C,F,),) reflector was included, which
was wrapped around each pixel and reduces the effective pixel size by 120 um while keeping
the pixel pitch at 500 um.

2.3.4 Monte-Carlo Simulations of Energy Deposition

A MC simulation was implemented with GATE (version 9.2) [28], which utilises the GEANT4
toolkit [1] (version 11.0.0). It simulates the irradiation of a detector with X-rays of a given
spectrum (see Section 2.3.1) and tracks, for each incident photon, in which pixels energy is de-
posited, as well as the amount of deposited energy. The emission of photons from the source
is modelled according to a Poisson process, and the timestamps of their interactions with the
detector are stored.

CZT was defined as Cd, 9Zn, ; Te with a density [10] of 5.78 g/cm?3. LaBr;:Ce(5 %) was defined
with a 1: 3 ratio between La and Br, where 5 % of the La ions are replaced [41] by Ce; the den-
sity [41] was set to 5.29 g/cm3.

The physics model used by the MC simulation was based on the emstandard_opt4 option in
GATE. X-ray fluorescence was enabled by setting the production cut to 1@ um for photons and
to 1000 pum for electrons. The remaining physics settings were kept at their default values.
All events were registered and stored, without rejecting events below a certain energy thresh-
old.

2.3.5 Pulse Train

The simulated events were processed with a pulse train analysis to mimic the readout circuitry
of a PCD. For a given set of simulated events of energy E; with time stamps ¢, (sampled with
1 ns resolution), the generated pulse train is a convolution of a series of delta pulses, i.e.,
>, B - 6(t —t;), with a pulse shape function p(t). Prior to this convolution, an energy blur-
ring was applied to model the finite energy resolution of the system, which was set to 22.3 %
full width at half maximum (FWHM) at 59.5 keV for the scintillation detector based on previ-
ously obtained experimental results using a 100 MHz low-pass filter [40], and to 8.0 % FWHM
at 59.5 keV for the direct-conversion detector [32]. The energy dependence of the FWHM en-
ergy resolution was modelled according to an inverse square law behaviour in both cases. For
the CZT detector, a Gaussian pulse shape p(t) with a FWHM of 14 ns was chosen [31]. For the
LaBr;:Ce detector, the applied pulse shape p(t) is the convolution of two exponentially decay-
ing functions modelling the scintillation decay (16 ns for LaBr;:Ce [16]) and the recharge time
of the SiPM (7 ns) [40].

2.3.6 Counting Behaviour
In this study, we implemented a paralysable-like (P-like) and a non-paralysable-like (NP-like)
counting behaviour [38] (see Figure 2.A.1 in the Appendix), both with a peak detection time
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Tpg that is started with a positive threshold crossing (P-like counting) or the start of an analysis
window Thp (NP-like counting). Within the peak detection time window Tod the maximum signal
height is determined, used as the registered energy, and the counter in the respective energy
bin is increased by 1.

The trigger threshold was set to 20 keV; while this value is relatively small in the context of
clinical CT, it reveals a lower boundary of the event rate a detector can handle. While realistic
PCDs with energy-discriminating capabilities use only a small number of energy bins, we used
a near-continuous binning with bin widths of 1 keV to make the effects at play more visible,
with the lowest bin centred at 20 keV and the highest at 250 keV; registered counts outside
those limits were discarded.

The length of the analysis window Thp (for the NP-like counting only) is chosen such that it is
slightly larger than the time over threshold (ToT) of a pulse caused by the photons with the
highest energy. This ensures that the counting algorithm outputs a count of exactly 1 for the
highest-energy photon in the incident spectrum in case there is no pile-up. The energy of the
highest-energy photons is determined by the selected source voltage; since we include a lim-
ited energy resolution in our model, we increased this value by the FWHM of the energy res-
olution at this energy value. With the pulse shapes described in the previous section and for
a 120 kVp RQA9 spectrum, this results in an analysis window of length 7, = 51 ns for the
LaBr;:Ce-based PCD and of 7, = 24 ns for the CZT-based PCD. These values are very close to
those reported by van der Sar et al [40] and Steadman et al [31].

The peak detection time 7,4 (for both NP- and P-like counting) is set slightly larger than the time
between the trigger threshold crossing and the time where the pulse reaches its maximum. It
is again determined for the photons with the highest energy, including an added energy blur-
ring, and for photons of a 120 kVp RQA9 spectrum excluding any pile-up. This results into a
peak detection time of 7,, = 11 ns for the LaBr;:Ce-based PCD, and of 7, = 13 ns for the
CZT-based PCD.

2.3.7 Determination of
Solving Equation 2.5 for A% yields:

dy, (n, ('iJOREl, 7(i>op7El + Ad)g?, ,<i>op_’EL>> —di(n, ‘i’op)

he (An, &, E)) = — (2.6)
AdT - A

with A as the pixel area. Here, the perturbation in incident fluence rate is due to an added
monoenergetic probe beam with fluence rate A@Ef at energy E;, with a cross section as large
as one pixel, exclusively in pixel ny . First, the registered count rate due to the operating spec-
trum, d; (n, <i>op) was obtained as described in Sections 2.3.1 - 2.3.6. Since we assume a shift-
invariant detector homogeneously irradiated by the operating spectrum, d, (n, <i>op) is the same
forall pixels. Second, we added a monoenergetic probe beam with fluence rate A(I)Z” atenergy
E, to pixel ng and stored the counts caused in all pixels n of the array. Third, h2 was calculated
according to Equation 2.6. The energy of the monoenergetic probe beam was swept from 20
to 150 keV in steps of 2 keV. For further details on the implementation of the evaluation of A
we refer to Section 2.A.1 in the Appendix.

2.3.8 Contrast and Contrast-to-Noise Ratio of Single Projection Line

Section 2.2.1 discusses the scenario of a single pixel detector measuring the spectral flu-
ence rate behind an object with and without the insertion of a lesion. For the case of includ-
ing a lesion, we attenuate the RQA9 spectrum with an additional object based on the Lam-
bert-Beer law. The added lesion consists of an aqueous iodine solution with a concentra-
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Figure 2.3: h2*(An = @, ®,,, E; = 120keV), that is, a slice of the pPSF £ along all registering energy
bins & in the centre pixel ng of the idealised direct-conversion detector for an incident probe beam energy
E, of 120 keV. The figures show different total fluence rates of the operating spectrum <i>0p , including the
edge case of no operating spectrum, for (a) non-paralysable and (b) paralysable counting.

tion of 300 g/ml, defined with the following mass fractions: I: 0.2308; O: 0.6832; H: 0.0861;
its energy-dependent mass attenuation coefficient u(F)/p was extracted from the XRAYDB li-
brary [18] (version 4.4.7). The change in fluence rate due to the lesion is then calculated via
Ady = by, 5, - (€Xp(—u(E;)/p - zp) — 1). The insertion of the lesion must be small enough
that it does not change the (spectral) fluence rate significantly, hence, the thickness = and (ho-
mogeneous) mass density p of the lesion was selected such that the fluence rate in the energy
range under investigation does not change by more than an arbitrary threshold of 1 %. This is
fulfilled by setting the product p - = to 0.0007 g/cm?.

The contrast was calculated according to Equation 2.3. For the contrast-to-noise ratio (CNR),
the contrast C,, in each energy bin was divided by the square root of the variance ¢(C},) of the
contrast in that energy bin. The latter was determined via the variance of the number of counts
d,, in that energy bin. To obtain Var(d,,), the pulse train was divided into shorter sections and
the result for d;, was saved for each section individually, which allowed to calculate the variance
of d;, . The section length was adjusted such that the CNR was evaluated per equal dose for
various fluence rates, i.e., for an increase in fluence rate by a factor of 10 the section length
was decreased by a factor of 10. For further details on the determination of CNR we refer to
Section 2.A.2 in the Appendix.

2.4 Results

2.4.1 Perturbation Point Spread Function

Figures 2.3 and 2.4 show h{}(An = @, &, E, = 120keV), that is, a slice of the pPSF hg
for the simulated idealised direct-conversion detector (iDCD) based on CZT and the idealised
indirect-conversion detector (iICD) based on LaBr;:Ce, respectively, along all registering en-
ergy bins k in the centre pixel n, (hence, An = @) for an incident probe beam energy E, of 120
keV. In other words, these graphs give the probability that an additional probe beam photon
of energy E, adds (positive values) or removes (negative values) a count from a certain energy
bin k. Note the difference with the PSF of linear systems, which is always positive. While real-
istic PCDs use only a few energy bins, the near-continuous binning shown here facilitates the
understanding of the effects at play.
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Figure 2.4: h*(An = @, &, E; = 120keV), that is, a slice of the pPSF h£* along all registering energy
bins k in the centre pixel nq of the idealised indirect-conversion detector for an incident probe beam energy
E,; of 120 keV. The figures show different total fluence rates of the operating spectrum i)op , including the
edge case of no operating spectrum, for (a) non-paralysable and (b) paralysable counting.

Figures 2.3 and 2.4 compare different fluence rates of the operating spectrum <i>0p , includ-
ing the edge case of no operating spectrum, under the assumption of a non-paralysable (a) or
a paralysable (b) behaviour, for the iDCD and iICD, respectively. For both the iDCD and iICD
detector, the incoming probe beam is most likely registered in the energy bin k of the same
energy, barring the limited energy resolution. Furthermore, a K-escape peak is clearly visible,
located 23 to 26 keV (Cd)/27 to 31 keV (Te) below the main photopeak in the case of the iDCD,
and 33 to 38 keV (La) in the case of the iICD. The iICD also features a higher probability of the
incoming beam being registered in the energy bins below 50 keV.

For fluence rates of up to 107 mm~2s71, the detector responses change little compared to the
limit of no operating spectrum being present. For higher fluence rates, however, the overall
magnitude of h% diminishes, which indicates an incipient saturation of the detector. Moreover,
the incident probe beam starts to pile-up with the events already present in the operating spec-
trum, which means that higher energy bins may now register a count, while a count is at the
same time removed from the low energy bins. As a consequence of the latter, the pPSF A2 can
assume negative values, which can be prominently seen in case of the iICD detector under a
fluence rate of 108 mm=2s1. For very high fluence rates of 10° mm~2s~* and a non-paralysable
behaviour, both detectors completely saturate. Due to the limitations of our implementation
to calculate the pPSF, the data for a fluence rate of 10° mm=2s~1 and a paralysable behaviour
are not shown (see Section 2.A.1 in the Appendix for more information).

For a perfectly linear detector, i.e., a PCD with perfectly linear count rate behaviour, 25 would
have a value of 1 at the photopeak and @ everywhere else. Since the iICD detector exhibits
a smaller geometric efficiency due to a smaller effective pixel size (38@ um) compared to the
pixels of the iDCD (500 um), the absolute values for the probability of adding/removing a count
due to an incoming photon of the probe beam (with a cross section of 500 um x 500 um) are
reduced compared to the iDCD.

While Figures 2.3 and 2.4 show a profile of hf, forasingle incident probe beam energy E, 0f 120
keV, Figures 2.5 and 2.6 show h{ (An = 0, é’op, E,) for the iDCD and iICD, respectively; that
is, he of the centre pixel ng for all tested incoming energies E, and all registering energy bins
k. The total fluence rates |\<i>0p||1 of the operating spectrum vary from @ (no operating spectrum
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Figure 2.5: hi} (An = @, &,,, E)), that is, the pPSF A% for all registering energy bins k and all simulated
probe beam energies E; in the centre pixel ng of the idealised direct-conversion detector. Here, a non-
paralysable behaviour is assumed (see Figure 2.B.1 in the Appendix for the paralysable case). (a)-(f) The
results for various total fluence rates of the operating spectrum @, , starting from the edge case of no
operating spectrum up to a fluence rate of 10° mm~2s~1. The colour scale is chosen such that it includes
the global minimum and maximum values.
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Figure 2.6: hkA(An =0, <i>0p, E;), that is, the pPSF hkA for all registering energy bins k and all simulated
probe beam energies E; in the centre pixel ny of the idealised indirect-conversion detector. Here, a non-
paralysable behaviour is assumed (see Figure 2.B.2 for the paralysable case). (a)-(f) The results for various
total fluence rates of the operating spectrum &, , starting from the edge case of no operating spectrum

up to a fluence rate of 10° mm=2s1. The colour scale is chosen such that it includes the global minimum
and maximum values.
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Figure 2.7: Energy spectra of deposited events (solid lines) in the idealised direct- (a) and indirect-
conversion (b) detector due to the incident operating spectrum. The filled curves show the spectra of
deposited events when taking into account the limited energy resolution of the iDCD (8 % at 59.5 keV) and
the iICD (22.3 % at 59.5 keV). The standardised RQA9 spectrum serves as the operating spectrum. Note
that the figures show the spectra of deposited events (with and without a given energy resolution), not the
spectrum registered by a detector for a given total fluence rate of the operating spectrum.

present, (a)) to 10° mm=2s71 (f), assuming a paralysable behaviour. The two (pink) diagonal
features in each figure (a)-(e) represent the photopeak and the accompanying K-escape peak,
which are both broader in the iICD case due to the worse energy resolution. For fluence rates
of the operating spectrum H‘i’ole > 0, we can see that the incoming probe beam piles up
with events in the operating spectrum and hence causes counts in energy bins above the in-
coming probe beam energy. For both the iDCD and iICD, horizontal (green/blue) features are
present with a high probability of removing counts (see for example Figure 2.5(d)). To under-
stand these, the reader is referred to Figure 2.7, which shows the energy spectra of deposited
events in the iDCD (a) and iICD (b), respectively, due to the incident RQA9 operating spectrum.
It should be stressed that Figure 2.7 shows the spectra of deposited events with (filled curves)
and without (solid lines) a given energy resolution, but not the spectrum registered by a de-
tector for a given total fluence rate of the operating spectrum. A comparison of the spectra
of deposited events (Figure 2.7) with the figures for hkA (Figures 2.5 and 2.6) reveals that the
minima of A2, i.e., the highest probability for removing events, are located in those energy bins
where the operating spectrum exhibits local maxima, i.e., creates most events, as these are
most likely to pile up with probe beam events. For a discussion on the spatial component of
he along a row of detector pixels we refer to Section 2.B.1 in the Appendix.

2.4.2 Contrast and Contrast-to-Noise Ratio for Single Projection Line

Section 2.2.1 discussed how to obtain the contrast of a non-linear PCD when inserting a lesion
with thickness x and mass density p along the projection. For comparison, in a perfectly linear
PCD, the registered count rate in a certain energy bin is proportional to the total fluence rate
|®pll1 Of the incoming operating spectrum, i.e., di.(®,,) ~ [[®,p1 , and the absolute change of
count rate due to an absolute change in the incoming spectrum, 8dk(<§0p)/6<i>El , is constant

irrespective of the fluence rate |\<i>0p||1. Furthermore, in a perfectly linear PCD each event is
registered with its original energy. As a consequence, given our example (Section 2.3.8), the
contrast of a perfectly linear PCD is simply proportional to (exp(—u(E) - ) — 1) according to
Equation 2.3, that is, the contrast follows the energy dependency of the X-ray attenuation of
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Figure 2.8: Contrast C), due to the insertion of a small water/iodine lesion, with a product of the lesion’s
mass density and thickness of p- = = ©.0007 g/cm?2. The contrast is shown over the registering energy bins
k of 1 keV width and for incident total fluence rates of the operating spectrum @, between 10° and 10°

mm~2s71; the numbers indicate the total fluence rate corresponding to each curve in mm=2s~1. For both
the idealised direct- (a) and indirect-conversion (b) detector a non-paralysable-like behavior was assumed.
Missing data points in energy bins above 120 keV are due to division by zero in Equation 2.3.

the lesion.

This result differs considerably from the behaviour of more realistic PCDs shown in Figure 2.8,
based on the insertion of a water/iodine lesion as detailed in Section 2.3.8. It shows the con-
trast C), calculated according to Equation 2.3, where the derivative dd,,($)/0® , in Equation
2.3 corresponds to % (An, <i>op, E;)-A. The figure depicts C), in each detector energy bin & for
total fluence rates || ®,, |, of the operating spectrum between 10° and 10% mm~2s2, assuming
a non-paralysable behaviour for both the iDCD (a) and iICD (b) detector (see Figures 2.B.3 and
2.B.4 in the Appendix for the denominator and numerator of Equation 2.3, respectively), and
again a near-continuous binning with bin widths of 1 keV.

Several observations can be made in Figure 2.8 for low to moderate total fluence rates of up
to 107 mm~2s71, First, the contrast is negative since the fluence rate in the case with inserted
lesion is smaller than in the case without lesion (Equation 2.1). Second, the energy bins above
the highest incident energy (120 keV in case of the RQA9 spectrum) exhibit on average a higher
absolute value of contrast than those below. To understand this, we remind the reader that by
definition the absolute value of contrast is highest for those bins in which a change in the in-
cident fluence rate A® leads to the largest change in count rate. In the case of realistic PCDs
with a finite pulse length and low to moderate fluence rate, most incoming photons will be
registered in a bin of similar energy (deposition via photelectric effect) or smaller energy (K-
escape, Compton/Rayleigh scattering); hence, the number of counts in those bins is already
large (Figure 2.B.3 in the Appendix) and a change in fluence rate by A yields only a small rel-
ative change in the number of counts in these bins. Due to the low probability of pile-up, how-
ever, there is a smaller number of counts in energy bins above the maximum incident energy to
begin with; hence, a small absolute change in the number of pile-up events still translates to a
large relative change in the number of counts in those bins, which in turn leads to a substantial
increase in contrast.

Figure 2.8 furthermore shows that for high fluence rates larger than 187 mm~2s~? the contrast
starts to switch signs. For example, the contrast at a fluence rate of 108 mm~2s~2 exhibits both
positive and negative values, depending on the energy bin. While Figure 2.8 is based on a hy-
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(a) Idealized direct-conversion detector (b) Idealized indirect-conversion detector
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Figure 2.9: Contrast-to-noise ratio C},/o(C},) due to the insertion of a small water/iodine lesion, with a
product of the lesion’s mass density and thickness of p - z = 0.0007 g/cm2. The CNR is shown over the
registering energy bins k of 1 keV width and for incident total fluence rates of the operating spectrum &,

between 10° and 10° mm~2s~1. For both the idealised direct- (a) and indirect-conversion (b) detector a
non-paralysable-like behaviour was assumed. Missing data points in energy bins above 120 keV are due
to division by zero in Equation 2.3.

pothetical PCD with bin sizes of 1 keV, a realistic PCD exhibits bin sizes in the order of tens
of keV. As a consequence, the resulting contrast in such a realistic macro energy bin might be
reduced (contrast cancellation) or even inverted (contrast inversion) compared to the contrast
at low fluence rates, where the exact extent of this effect depends on the specific location of
the energy bin boundaries.

Finally, for a very high fluence rate of 10° mm=2s! the severe pile-up will cause most events
to be registered with an energy above 250 keV and concurrently a significant reduction in the
number of counts for energy bins below 250 keV. As a result, the denominator in Equation 2.3
becomes very small, and in turn the absolute value for the contrast becomes very large.

This result may conflict the intuition that a detector should perform worse under conditions of
severe pile-up. The cause for this discrepancy is that the above discussion was restricted to
contrast only, whereas a clinically more relevant measure would be the CNR, which is shown in
Figure 2.9. It shows the CNR C},/o(C,,) of various fluence rates calculated for equal amounts
of dose, as described in Section 2.3.8, for both the iDCD and iICD. The comparison between
the iDCD and iICD shows that the maximum CNR achieved by the former is about 50 % higher
than the CNR of the latter.

For energy bins below the highest incident energy, the absolute CNR value decreases with
increasing fluence rate, whereas for energy bins higher than the highest incident energy the
absolute CNR value increases with increasing fluence rate due to an increasing probability of
pile-up. Furthermore, while the contrast at a fluence rate of 10° mm~2s~ exhibited the maxi-
mum absolute values, the CNR of the same fluence rate has now the smallest absolute values
compared to all other fluence rates. The previous findings of contrast switching signs and the
subsequent contrast reduction or contrast cancellation in realistic detectors with wider energy
bins also translate to CNR.

For completion, while Figures 2.8 and 2.9 show contrast and CNR, respectively, assuming near-
continuous energy bins with widths of 1 keV, Section 2.B.2 in the Appendix shows results using
more realistic energy bin widths.
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2.5 Discussion

The performance of the simulated idealised direct- and indirect-conversion detector shows
similar trends across the presented results, with the differences mainly due to dissimilarities
in energy resolution, pulse duration and geometric efficiency. For example, the CNR achieved
by the iDCD in our example is about 50 % higher compared to that of the iICD. In our setup, the
iICD compensates its longer intrinsic pulse length with a reduced geometry efficiency due to
the reflective septa between pixels; however, this in turn also reduces the dose efficiency.

Figures 2.8 and 2.9 show that, depending on the fluence rate, contrast or CNR cancellation
or inversion may occur. For a paralysable detector, this can be expected based on the count
rate curve, which exhibits a maximum and therefore a point where its derivative and hence
contrast becomes zero. However, Figures 2.8 and 2.9 are for a non-paralysable detector, which
makes the explanation less intuitive: While the total count rate curve of a non-paralysable
detector is monotonically increasing, this is not necessarily true for the count rate curve of
individual energy bins, which may see a decrease in counts at certain fluence rates due to pile-
up. Complex behaviour of the measured Hounsfield units over fluence rate has previously been
reported by other authors [7, 15] and we hope that our framework may help to shed light on
the underlying mechanisms.

Since the focus of this study is on the introduction of a framework to characterise PCD perfor-
mance in the presence of non-linear effects and not on achieving a high degree of accuracy in
the simulation of any specific PCD, we omitted some effects that are important for the full un-
derstanding of the operating characteristics of realistic PCDs. For example, we omitted charge
sharing and a potential charge summing circuitry in the case of the direct-conversion detector,
as well as light leakage due to insufficient optical isolation in case of the indirect-conversion de-
tector, all of which affect pixel cross-talk. Hence, the only causes of cross-talk between pixels
observed in our study are X-ray scatter and X-ray fluorescence, which is equivalent to a pixel ar-
ray with perfect physical isolation of pixels, and hence suppressing any charge or light sharing.
While the commonly used CZT/CdTe detectors exhibit a continuous layer of semiconducting
material and hence do not physically isolate neighbouring pixels, an indirect-conversion de-
tector array consisting of crystals with sufficiently thick septa, one-to-one coupled to an array
of individual SiPMs and with perfect optical isolation, might come close to a detector without
light leakage as modelled in our study.

We would like to add that, if charge sharing would be included for the direct-conversion detec-
tor, then based on the mean energy of 63 keV of the RQA9 background spectrum, an assumed
diameter of the charge cloud of 29 um (value for CdTe [35]), and our pixel size of 500 um x 500
um, 11 % of incoming events might be subject to charge sharing. This is only slightly less than
the value of 18 % obtained for a pixel size of 275 um x 322 um, which is the pixel size used
in the currently commercially available PCD CT scanners [17, 19]. While in both cases charge
sharing would only affect a minority of events, theoretical studies [24, 26, 33] have shown that
the number of events subject to charge sharing does not always correlate linearly with the ef-
fects on the estimated quantity of interest. For example, in a study by Taguchi [33] the variance
on the estimate of the line integral of water in a water-bone material decomposition task was
calculated for a direct-conversion PCD with and without charge sharing. Assuming a charge
cloud diameter of 29 um for the given 140 kVp spectrum, we estimate that in a 450 um pixel
about 12 % of events might be subject to charge sharing, and about 24 % for a 225 um pixel.
Taguchi showed that including the effect of charge sharing increases the variance on the line
integral estimate by a factor of about 1.6 for a 450 um pixel, whereas it increases by a factor of
about 2.3 for a 225 um pixel. For a full assessment of the effects of charge sharing in a specific
detector on, e.g., contrast, CNR, or material decomposition, a detailed MC simulation study
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would be needed.

While charge sharing is often seen as an essential component for a realistic simulation of direct-
conversion detectors, the simulation of light leakage may be considered an equally important
component for the realistic simulation of indirect-conversion detectors in cases where the op-
ticalisolation between pixels is not perfect. If light leakage occurs, it leads to a different distor-
tion of the registered spectrum compared to charge sharing: common charge sharing models
for direct-conversion detectors assume a size of the charge cloud proportional to the incident
energy [35], which leads to a larger proportion of high energy events affected by charge sharing.
Furthermore, depending on the ratio between the charge cloud size and the pixel size, some
events are not subject to charge sharing at all. In indirect-conversion detectors, on the other
hand, the scintillation photons are emitted isotropically and the proportion of photons leaking
into neighbouring pixels is, at least in first-order approximation, independent of the location
and energy of interaction, affecting all events similarly, potentially making this effect easier to
correct for.

We would like to note that our framework itself is independent of the (number of) effects in-
fluencing detection that are taken into consideration, and it is merely a tool to investigate the
results. Any effect influencing the registration of a count in a certain energy bin and pixel can be
incorporated, as long as it can be attributed to a photon of an incoming probe beam. Our frame-
work is most relevant, however, for characterising PCDs in the presence of non-linear effects,
which, in our study, are caused by pile-up and the specific implementation of the counting al-
gorithm. In PCDs with charge summing circuitry, further non-linear effects can emerge under
high fluence rates, as documented by Ji et al [14].

While in this work we only studied the implications of pile-up on the measure of contrast and
CNR, it seems feasible to apply the proposed framework of small-signal analysis to other com-
monly used measures of detector performance that are based on the PSF, such as the MTF or
the frequency-dependent expressions for NEQ and DQE [23]. However, it cannot be used to
correct count rate curves, since our model is inherently based on a small-signal analysis.

In related research, Alvarez [2, 3] investigated the invertibility and condition number of trans-
forming energy-resolved data into the line integrals of basis set coefficients of an n-material
basis. He showed that the transformation may become ill-conditioned for specific line inte-
gral values in combination with certain energy spectra [33] or in the presence of high pile-up
[2]. In this work, we focus solely on the effect of fluence rate on the detector itself keeping
the line integral fixed, without considering the transformation to material basis coefficient line
integrals, and show that this can already lead to contrast inversion. This approach may aid in
better disentangling the different effects that influence the stability of material decomposition
in PCDs.

With this new theoretical framework we aim to contribute to a better insight into the perfor-
mance of PCDs under clinically relevant operating conditions. It can be used to quantify the
detrimental effects of pile-up on spectral and spatial performance of PCDs for a given inci-
dent spectrum and fluence rate. Thus, the new framework can be used as a tool in the design,
development, and characterisation of PCDs and PCD-based systems.

2.6 Conclusion

In this work, we developed a framework to assess the non-linear spectral and spatial response
of photon-counting detectors under pile-up conditions caused by high incident fluence rates.
In the proposed framework small-signal analysis is employed, which approximates the non-
linear behaviour of PCDs by a linear response around a certain operating point and describes




36

Chapter 2

it by means of a so-called perturbation point spread function, which captures the spectral and
spatial response of a PCD around that operating point. The operating point is determined by
the spectral shape and the total fluence rate of the spectrum incident on the detector. As an
example, we showed how the pPSF can be used to determine the contrast and the contrast-
to-noise ratio measured by a PCD for an arbitrary lesion in the projection path. The example
illustrates the influence of pile-up on contrast and CNR, which may include non-intuitive effects
such as contrast or CNR inversion or cancellation within an energy bin or between energy bins,
and which supports the community’s efforts to achieve high intrinsic rate capabilities to avoid
such effects in clinical images.

Code and Data Availability

The data used in this work, the Python code used for processing and evaluating the data, the
code for creating the result plots as well as the plotted data can be found here:
https://doi.org/10.4121/8cela22f-16a4-450e-b24a-775278cad7al.
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Appendix
2.A Supplementary Methodology

(@ Paralysable-like counting (b) Non-paralysable-like counting

Detector signal
Detector signal

Time

Figure 2.A.1: (a) Paralysable-like behaviour: After every positive trigger threshold crossing (green upward
arrow) the maximum pulse height is determined (orange circle) within the peak detection time Tod- (b)
Non-paralysable-like behaviour: If the signal is above the trigger threshold (green upwards triangles), an
analysis window of length 7, is started, and the maximum pulse height is determined (orange circles)
within the peak detection time 7,4. After the analysis window time elapsed, a new analysis window might
start immediately.

2.A.1 Determination of 12

Section 2.3.7 describes how to determine A%, which involves irradiating the pixel array with
the operating spectrum and registering the count rate d (n, ®,,), as well as adding a monoen-

ergetic probe beam to one pixel and registering the resulting count rate d, (n, <i>0p + A@Z?)

in all other pixels (see Equation 2.6). This section will describe the implementation in more
detail.

Fluence rate of the monoenergetic probe beam

The approximation of a non-linear detector response as linear around a certain operating point
(such that it can be described via the pPSF 42') is only valid as long as the perturbation by the
probe beam is sufficiently small. For this, the fluence rate of the monoenergetic probe beam
A@Eﬁ has to be low enough so that the likelihood of pile-up between events of the probe beam
remains negligible, which ensures that each incident probe beam event can unambiguously be
matched to a change in count rates. From this condition follows that the pile-up probabilities
for &, and &,, + A&} have to be approximately equal.

Efficient evaluation of 7

Figure 2.A.2 schematically shows the idea of how to efficiently evaluate 2. The straight for-
ward approach to evaluate h5 while fulfilling the condition to ensure linearity within the small-
signal approach would be to dilate the probe beam pulse train (red) significantly (Figure 2.A.2b,
bottom row). However, this would mean that, in order to gain sufficient statistics, the pulse
train to be evaluated would be prohibitively long. Since the pulse train of the operating spec-
trum (blue) is not sufficiently long to cover the dilated probe beam pulse train, the operating
spectrum could be repeated (Figure 2.A.2b, top row). For a sufficiently dilated probe beam
pulse train, the resulting scenario is equivalent to using the original operating spectrum pulse



42

Chapter 2

@) Operating spectrum Probe beam

Amplitude
Amplitude

Time Time

(b)

o
P
-
S~ -

@]

(d) (e)

g R N\M\f\ [ J\J\ N\Mf\ur\ A

] NN ] NN
—_—— -1
finluluiel g8

Figure 2.A.2: Schematic overview of the implementation to determine h?. (a) Operating spectrum pulse
train (blue) and probe beam pulse train (red). To ensure linearity within the small-signal approach when
adding the probe beam (see text), the time stamps of the probe beam have to be dilated significantly
((b), bottom row). Since the pulse train of the operating spectrum is not sufficiently long to cover the
dilated probe beam pulse train, the operating spectrum pulse train is repeated ((b), top row). The resulting
scenario is equivalent to using the operating spectrum’s original pulse train and adding each of the probe
beam events one by one ((c), showing only one probe beam event). (d) First the pulse train of the operating
spectrum is evaluated, then the combined pulse train of operating spectrum plus probe beam, and the
difference in the counts in energy bins is saved. Since most of the pulse train will stay unaffected by the
addition of a single probe beam event, it is sufficient to only evaluate a small region around the probe
beam’s time stamp. We therefore search for gaps in the pulse train (marked red in (e)) which are large
enough to ensure that any change to the pulse train by adding one event within two gaps is unable to
change the pulse train after the gaps. See text for further explanations.
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train once and adding each of the probe beam events one by one (Figure 2.A.2c left, show-
ing only one probe beam event). Figure 2.A.2d shows a part of the resulting pulse train (pink)
around the time stamp of the probe beam event (vertical dashed lines in Figure 2.A.2c, right).
In each iteration first the pulse train of the operating spectrum is evaluated with the selected
counting behaviour (resulting into d,(n, i)op)), then the combined pulse train of the operating

spectrum plus the pulse train is evaluated (resulting into d;, (n, &, + Ati)’é?)), and the differ-
ence in the counts in all energy bins is saved.

However, evaluating the whole pulse train for just one added probe beam event is still compu-
tationally very expensive, especially considering the fact that most of the pulse train will stay
unaffected by the addition of a single probe beam event. Hence, it is sufficient to only evaluate
a small region around the probe beam’s time stamp (Figure 2.A.2c right, vertical dashed lines).
In our implementation, we search for naturally occurring gaps in the operating spectrum pulse
train (marked red in Figure 2.A.2¢e), dividing the pulse train into smaller clusters. The size of the
gaps is equal to the length of a pulse, sufficient that a single additional event added to one clus-
ter is unable to affect the pulse train after two clusters and two gaps. This approach enables
us to evaluate pairs of clusters separately, i.e., superimposing the monoenergetic probe beam
events one by one and calculating k2 for one cluster for each added event. Two neighbouring
clusters (brackets in Figure 2.A.2e) were combined for the evaluation of a single monoener-
getic probe beam event. Monoenergetic events were added which occurred during the first
cluster including the subsequent gap (solid part of the bracket); the second cluster (dashed
part of the bracket) was included since a monoenergetic probe beam event added to the first
cluster (plus gap) could change the registered counts up to and including the second cluster,
but not beyond the gap after the second cluster. With this approach it is computationally fea-
sible to determine A2 for a large number of monoenergetic probe beams and a large number
of pixels. We validated our approach by comparing it to the straight-forward implementation
shown in Figure 2.A.2b.

In case the fluence rate of the operating spectrum was so high that no or only few and large
clusters were formed, the pulse train was artificially split in order to accelerate the simulation;
this was only necessary for a total fluence rate of 10° mm=2s~1. However, such artificial split-
ting introduces additional trigger events in the case of P-like counting, which appeared to be
the only source of trigger events at this fluence rate. Hence, the data for P-like counting at a
total fluence rate of 10° mm~2s~ was not included in the analysis of results.

2.A.2 Variance of Contrast
The variance of the contrast was calculated using error propagation. Starting from the formula
for contrast,
2 (An=0, &, E) Ad, - A
Ck _ Zl k ( .op l) E, 7 (2.A.1)
dk((bop)

the variance on C}, caused by the variance on d,, can be calculated as follows:

2

8Ck> Var(d,) . (2.A.2)

a d,,

Var(C,,) = (

Here, we neglected the influence by the change in fluence rate A® on the variance, since, firstly,
our investigation showed that this contribution to the variance of C}, is negligible compared to
the variance due to d,, , and, secondly, the physical intuition is that, in order to determine the
CNR ratio, the variance is measured in a region consisting only of background, and the variance
in this region is purely governed by the case that no lesion is present, i.e., Var(d,,).
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Inserting Equation 2.A.1 into Equation 2.A.2 results in:

. . 2
hA(An=0,®, ., E) Ad, - A
Var(C,) = (El k(An P V- AP, ) var(d,) , (2.A.3)
dk(q)op)

where Var(d,,) is equal to the mean of d;, . While this assumption holds only for Poisson-
distributed data, it was checked that despite the non-linear behaviour of a PCD the variance
of d;, in our simulation study is indeed equal to its mean over the whole range of investigated
fluence rates.




PCDs Under Pile-up Conditions

45

2.B Supplementary Results and Discussion

(@ (b) (©

O@mm2s1 10° mm2s1 10° mm=2s1

220 - -

[y

~

S
1
1

1

i

N

S
1

Mean energy of detector bin k [keV]
~
(S

(d

Mean energy of detector bin k [keV]

20 60 100 140 20 60 100 140
Probe beam energy E; [keV]  Probe beam energy E; [keV]

Figure 2.B.1: hkA(An =0, tﬁop, E;), that is, the pPSF hkA for all registering energy bins k and all simu-
lated probe beam energies E| in the centre pixel ngy of the idealised direct-conversion detector. Here, a
paralysable behaviour is assumed. (a)-(f) The results for various total fluence rates of the operating spec-
trum &, starting from the edge case of no operating spectrum up to a fluence rate of 108 mm=2s71. The
colour scale is chosen such that it includes the global minimum and maximum values.
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Figure 2.B.2: h(An = 0, &, E)), that is, the pPSF h£ for all registering energy bins & and all simu-
lated probe beam energies E; in the centre pixel ny of the idealised indirect-conversion detector. Here, a
paralysable behaviour is assumed. (a)-(f) The results for various total fluence rates of the operating spec-
trum @, starting from the edge case of no operating spectrum up to a fluence rate of 108 mm=2s71. The
colour scale is chosen such that it includes the global minimum and maximum values.
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Figure 2.B.3: dk(‘i’OP)/l\‘i’Ole, that is, the count rate in detector bin & of one pixel divided by the total
fluence rate, for different fluence rates of the operating spectrum. Result for (a) the idealised direct-
conversion detector and (b) for the idealised indirect-conversion detector, both with a non-paralysable
counting behaviour.
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Figure 2.B.4: 3, hit (An, &4, Ep)- A-Adp, /| , that is, the numerator of Equation 2.3 divided by the
total fluence rate, for different fluence rates of the operating spectrum. Result for (a) the idealised direct-
conversion detector and (b) for the idealised indirect-conversion detector, both with a non-paralysable
counting behaviour. The water/iodine lesion is assumed to be characterised by p - = = 0.0007 g/cm?.
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2.B.1 % for a Row of Pixels

Figures 2.B.5 and 2.B.6 show how h% varies for a row of pixels of a detector array, including
the centre pixel receiving the probe beam. Figure 2.B.5 (b — e) and Figure 2.B.6 (b — e) show
h (An, <i>op, E)), that is, the pPSF 12 for all registering energy bins k£ and all simulated probe
beam energies E, of the idealised direct-conversion and the idealised indirect-conversion de-
tector, respectively. The schematic in Figure 2.B.5a and 2.B.6a indicates the position of the
pixels whose pPSF is shown. A paralysable counting behaviour and a total fluence rate of the
operating spectrum &, of 10° mm=2s7 is assumed.

For the discussion of the pPSF of the centre pixel we refer to Section 2.4 of the paper. As can
be seen in Figures 2.B.5 (c — e) and 2.B.6 (c — e), the probe beam incident on the centre pixel
can be registered in the neighbouring pixels via either K-fluorescence events, which explains
the features around energy bins at 23 — 31 keV (Cd, Te) in Figure 2.B.5 (c — e) and around 33 -
38 keV (La) in Figure 2.B.6 (c — e), or via Compton/Rayleigh scatter events that preserve most
of the initial photon’s energy (diagonal features in (c — e)).

Figures 2.B.5f and 2.B.6f show how a probe beam with a white spectrum, i.e., all energies E;
are equally likely, is registered by a row of detector pixels centred around the centre pixel re-
ceiving the probe beam, for various fluence rates. The plot then gives the probability that a
photon of the incoming probe beam is detected in any energy bin of the respective pixel; this
is analogous to summing h2 (An, <i>op, E,) for each pixel and normalising it by the number of
energies in the probe beam. Due to the large pixel size of 500 um, the probability of registering
a count in one of the pixels adjacent to the centre pixel decreases rapidly (please note the log
scale of the plot). The probability of detecting a photon from the probe beam in any energy
bin of a pixel stays mostly constant for all except the highest fluence rates. This is because
for our idealised detectors the spatial distribution of the deposition of energy is governed by
X-ray transport only, and although an increase in pile-up due to an increased fluence rate of
the operating spectrum changes the registered spectrum, most events are still registered in
some energy bin. As a consequence, the probability for detecting a probe beam photon in any
energy bin stays mostly constant for all except the highest fluence rates, for which the detector
goes into saturation and counts are missed.
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Figure 2.B.5: hkA(An, 'i’op, E,), thatis, the pPSF hkA forallregistering energy bins k and all simulated probe
beam energies E; of the idealised direct-conversion detector, for the centre pixel (An = 0, (b)) and three
neighbouring pixels (c - e) as indicated in the schematic (a). Here, a paralysable counting behaviour and a
total fluence rate of the operating spectrum @, of 10° mm~2s71 is assumed. (e) shows the pPSF for the
indicated fluence rates under the assumption that the incident probe beam has a white spectrum, i.e., all
energies are equally likely, for a row of pixels (centre pixel as well 6 neighbouring pixels on both sides). (e)
then gives the probability that a photon of the incoming probe beam is detected in any energy bin of the
neighbouring pixels. This is analogous to summing over hkA(An, ®,,, ;) for each pixel and normalising
by the number of energies in the probe beam spectrum.
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Figure 2.B.6: hkA(An, <i>0p, E;), thatis, the pPSF hkA forallregistering energy bins k and all simulated probe
beam energies E; of the idealised indirect-conversion detector, for the centre pixel (An = 0, (b)) and three
neighbouring pixels (c — e) as indicated in the schematic (a). Here, a paralysable counting behaviour and a
total fluence rate of the operating spectrum &, of 10° mm~2s71 is assumed. (e) shows the pPSF for the
indicated fluence rates under the assumption that the incident probe beam has a white spectrum, i.e., all
energies are equally likely, for a row of pixels (centre pixel as well 6 neighbouring pixels on both sides). (e)
then gives the probability that a photon of the incoming probe beam is detected in any energy bin of the
neighbouring pixels. This is analogous to summing over hkA(An, ®,,, ;) for each pixel and normalising
by the number of energies in the probe beam spectrum.
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2.B.2 CNR for Realistic Energy Bin Widths

While Figure 2.8 (Figure 2.9) shows the contrast (CNR) assuming energy bins with widths of 1
keV, Table 2.B.1 (Table 2.B.2) lists the contrast (CNR) obtained when a more realistic energy
binning is applied (see Equation 2.3). It compares the results for a low energy bin of [20; 65)
keV (including lower boundary, excluding upper boundary), and two high energy bins of either
[65;120) keV, that is, including events up to the highest photon energy emitted by the source,
or [65; 250] keV, that is, including also pile-up events.

In the case of contrast, for an energy bin of [20; 65) keV the value of the contrast first drops in
magnitude and then switches sign if the fluence rate of the operating spectrum is increased,
whereas for energy bins of [65; 120) keV and [65; 250) keV the contrast first increases in mag-
nitude due to the influence of pile-up and then switches sign.

In the case of CNR, for energy bins of [20; 65) keV and [65; 120) keV the value of the CNR first
drops in magnitude and then switches sign if the fluence rate of the operating spectrum is in-
creased, whereas for an energy bin of [65; 250) keV the CNR first increases in magnitude due
to the influence of pile-up and then switches sign.

Table 2.B.1: Contrast C), due to the insertion of a small water/iodine lesion for realistic energy bins for both
the idealised direct-conversion detector (iDCD) and idealised indirect-conversion detector (iICD). The table
shows the results for three realistic energy bins with the given intervals, and for incident total fluence rates
of the operating spectrum &, between 10® — 16° mm=2s™2. For both detectors, a non-paralysable-like

behaviour was assumed. The lesion is assumed to be characterised by p - 2 = 0.0007 g/cm?.

Fluence rate Energy bin intervals [keV]
[mm=2s71] iDCD iICD
[20; 65) [65;120) [65;250) | [20;65) [65;120) [65;250)
108 -0.050 -0.029 -0.109 -0.039 -0.029 -0.081
107 -0.048 -0.031 -0.215 -0.039 -0.030 -0.160
108 -0.024 -0.027 -0.227 -0.017 -0.026 -0.240
10° 0.093 0.198 0.474 0.029 0.108 0.379

Table 2.B.2: Contrast-to-noise ratio C}, /o (C},) due to the insertion of a small water/iodine lesion for realis-
tic energy bins for both the idealised direct-conversion detector (iDCD) and idealised indirect-conversion
detector (iICD). The table shows the results for three realistic energy bins with the given intervals, and for
incident total fluence rates of the operating spectrum &, between 10° - 10° mm~2s~1, For both detec-
tors, a non-paralysable-like behaviour was assumed. The lesion is assumed to be characterised by p -z =
0.0007 g/cm?.

Fluence rate Energy bin intervals [keV]
[mm=2s71] iDCD iICD
[20; 65) [65;120) [65;250) | [20;65) [65;120) [65;250)
10¢ -73 -84 -90 -61 -62 -68
107 =72 -83 -101 -60 -61 -73
108 -35 -74 -128 -39 -51 -85
10° 3.7 7.8 47 4.4 6.3 31
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Optimising Proton Stopping Power Ratio
Prediction with Spectral Cone-Beam CT

Objective: Cone-beam computed tomography (CBCT) is used for patient positioning in pro-
ton therapy, but not directly for treatment planning due to its inferior image quality compared
to fan-beam CT. One way to improve its value for proton radiotherapy might be to use CBCT
setups capable of extracting spectral information, which can be realised through several hard-
ware configurations. Here, we compare different setups with respect to to their capability of
predicting proton stopping power ratios (SPRs).

Methods: We investigate six different spectral CBCT realisations in a simulation study, namely
a single-source setup with either a dual-layer detector or a photon-counting detector (PCD),
a kVp-switching setup with either an energy-integrating detector (EID) or a PCD, and a dual-
source setup with either EIDs or PCDs. Our figure of merit is the normalised Cramér-Rao Lower
Bound (nCRLB) on SPR variance based on projection data. We take (cross-)scatterinto account,
and compare ideal and realistic detector models to help guide future detector developments.
Each setup is optimised with respect to source spectra, mAs ratios, energy bin settings and
layer thicknesses (where applicable).

Results: Assuming a realistic detector response, setups with a kVp-switching source perform
best, with the setup paired with an EID slightly outperforming the PCD-based setup (nCRLBs
of 2.74 and 2.81, respectively). However, if the mAs ratio of the kVp-switching source is fixed,
the performance of the kVp-switching setup with an EID is significantly degraded (nCRLB =
9.46) and outperformed by PCD-based setups, with nCRLBs of 3.27, 3.45 and 3.60 for the
dual-source setup with two PCDs, the single-source setup and the kVp-switching setup with
one PCD, respectively. Spectra with higher source voltage or wider spectral separation gener-
ally yield lower CRLB values, and avoiding the spectral distortion caused by charge sharing in
direct-conversion PCDs promises to lower CRLB values by about a third.

Conclusion: We present an extensive comparison of spectral CBCT setups for their application
in proton radiotherapy, using a methodology that allows to compare their theoretical limit of
performance without being influenced by the choice of reconstruction algorithm or the conver-
sion scheme from Hounsfield units to SPR values.

This chapter is based on the following publication: DL, D. R. Schaart and M. C. Goorden, ”Optimising proton stopping power
ratio prediction with spectral cone-beam CT”, Physics in Medicine & Biology 70 (14), 145023 (2025). doi: 10.1088/1361-
6560/adebd6
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Chapter 3

3.1 Introduction

Proton radiotherapy is an alternative to conventional photon radiotherapy [7], offering poten-
tially better tissue sparing due to the finite range of protons and since a significant portion of
the dose is deposited in the small volume of the Bragg peak [29]. However, the same char-
acteristics make the deposited dose distribution susceptible to small changes in the patient’s
anatomy. An accurate knowledge of the proton stopping power ratio (SPR) of the patient’s tis-
sues is therefore required.

The standard workflow of proton therapy consists of scanning the patient prior to treatment
with an X-ray fan-beam CT scanner [5] in order to perform anatomical delineation and SPR
extraction on which subsequent treatment planning is based. At the start of each treatment
fraction, in-room imaging modalities such as CT-on-rails, flat-panel X-ray radiography or X-ray
cone-beam CT (CBCT) are used to position the patient and check the anatomy of the day against
the planning CT [19, 41], but not to update the treatment plan directly.

Since proton dose delivery is particularly sensitive to changes in SPR, the adoption of an adap-
tive treatment workflow in proton therapy is even more warranted than in the case of pho-
ton therapy. A more streamlined workflow could potentially make use of the in-room imaging
modality [5] to update the treatment plan via e.g. image registration [14, 17, 18, 20, 35, 54],
or ideally even serve directly as the basis for a new treatment plan.

Compared to CT, CBCT offers the advantage of imaging the patient in treatment position, usu-
ally without moving the patient table [19]. However, the image quality of CBCT is impacted
by increased scatter [43], beam hardening, detector lag [53] and patient movement, making
it inferior to fan-beam CT. One way of improving CBCT image quality could be to make use of
the spectral information contained in the X-ray beam. In case of fan-beam CT, it has been
shown that the accuracy and robustness of SPR extraction can be improved by using dual-
energy CT [3, 27, 28, 32, 47, 49, 62, 63, 66] compared to classical single-energy CT. It is
therefore reasonable to expect that spectral CBCT can also improve SPR extraction compared
to single-energy CBCT.

In single-energy CT, a source operating at a fixed voltage is paired with an energy-integrating
detector (EID). The term spectral CT as used here refers to any CT implementation in which
information contained in the X-ray spectrum is utilised for imaging. Spectral CT can be realised
by imprinting spectral information on the source, by extracting it using a suitable detector, or
by a combination thereof. Possible implementations are (see Figure 3.1):

« Asingle X-ray source operating at a fixed voltage with a photon-counting detector (PCD),
- Asingle source operating at a fixed voltage with a dual-layer detector,

« Arapid voltage-switching source with an EID,

= Arapid voltage-switching source with a PCD,

« Two sources at different fixed voltages coupled with an EID each,

» Two sources at different fixed voltages coupled with a PCD each.

These implementations vary in their complexity and cost. Hence, a comparison of their perfor-
mance on the task of SPR extraction is warranted to guide further technological developments
of spectral CBCT for proton therapy, and will be conducted in this simulation study.

A common approach for comparing different setups with respect to their performance is to
acquire either real or simulated scan data, reconstruct Hounsfield unit (HU) maps at different
energies, use a conversion scheme from HU to SPR values—either via calibrating a relation-
ship between measured HU values and SPR [31, 40, 48] or via a more physics-based approach
[22, 37, 66]—and finally compare the predicted SPR values in image space to the ground truth.
However, in case of a discrepancy between ground truth and predicted SPR values, it is not
clear whether this is due to limitations in the detection and data acquisition process, the re-
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Figure 3.1: Schematic overview of various possible realisations of spectral (CB)CT that are considered in
this work. Adapted from Sandvold et al [38] with permission.

construction algorithm, or the conversion scheme from HU to SPR. We therefore opted for a
different approach using the Cramér-Rao Lower Bound (CRLB), which, in simple terms, quanti-
fies the information that is available in the acquired sinograms with respect to to the extraction
of SPR. The CRLB states the lowest possible variance with which an unbiased estimator can
extract SPR information from the acquired sinograms. The advantage of this approach is that
it circumvents limitations of reconstruction algorithms or of HU to SPR conversion schemes,
and that it does not require knowledge of an explicit analytical expression for the relationship
between the acquired sinogram data and SPR. We employ this CRLB-based approach in a sim-
ulation study, since comparing and optimising a large number of different spectral CBCT setups
with various parameters is feasible in a simulation but not experimentally. Furthermore, deter-
mining the CRLB requires taking derivatives of SPR with respect to tissue parameters, a large
number of measurement repetitions and an extremely stable source output, which is oner-
ous if not impossible to perform in an experimental setup. In contrast, a study in silico allows
to precisely control the acquisition parameters as well as ensure a fair comparison between
different spectral CBCT implementations, and it allows to individually probe the influence of
various degradation mechanisms on the overall performance.

Our simulation study builds on previously published work in the field, starting with the seminal
paper on dual-energy CT by Alvarez and Macovski [2] who used the CRLB to arrive at expres-
sions for the standard deviation on the estimation of material line integrals. The use of the
CRLB as a figure of merit has since been adopted for optimising various aspects of X-ray imag-
ing systems, for example for optimising bow-tie filters [11], the processing of PCD signals [12],
charge sharing correction algorithms [50] or PCD binning [57, 58]. Our study is most closely
related to the work by Roessl and Herrmann [36] who investigated the effect of PCD threshold
values on material decomposition as well as the optimum layer thicknesses for dual-layer de-
tectors, and to the work by Cai et al [6] who optimised a dual-layer setup with various filtration
materials for use as both a single- and dual-energy modality.

The aforementioned literature focuses on setup optimisation forimaging tasks such as material
decomposition and K-edge imaging. In this work, we compare and optimise the possible im-
plementations of spectral CBCT listed above for extraction of SPR. Since scatter significantly
degrades CBCT image quality, we also include a realistic scatter component obtained from
Monte-Carlo simulations. We first compare highly idealised setups in order to show the the-
oretical limits of what could be achieved, which might help to guide further developments in
detector design by highlighting the areas with the largest potential for performance gains. We
then take into account a more realistic detector response in our simulations, which gives an in-
dication of what can be expected based on the currently available detector technology.
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Figure 3.2: Schematic overview of the workflow of our methodology. For explanations we refer to the fol-
lowing sections: Section 3.2.6: X-ray spectra and deposited dose, Section 3.2.7: X-ray scatter originating
in the phantom, Section 3.2.8: Detector response function, Section 3.2.4: Cramér-Rao Lower Bound for-

malism.

3.2 Methodology
3.2.1 Overview

The aim is to compare different implementations of spectral CBCT (Section 3.2.2) with respect
to their ability to extract SPR. Our figure of merit is the variance on the estimated SPR values,
as given by the CRLB (Section 3.2.4), compared at equal dose (Section 3.2.6). The material
properties of the object (Section 3.2.5) determine the spectrum of photons arriving at the de-
tector, comprised of a primary component and a scatter component. For computational speed,
we calculate the primary component using the Lambert-Beer law, whereas the scatter compo-
nent is determined via Monte-Carlo (MC) simulations (Section 3.2.7). To arrive at the detected
signal, both anidealised and a realistic detector response are compared (Section 3.2.8). Figure

3.2 gives an overview of the workflow of our methodology.
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3.2.2 Spectral CBCT Setups
Section 3.1 and Figure 3.1 list the investigated spectral CBCT setups, which are described in
more detail in the following. Each setup uses one of the following types of detector:

» Photon-counting detector: A PCD outputs the number of events that are registered in
each of a given number of energy bins during the exposure time. In case of an ideal de-
tector response, the incoming spectrum is perfectly registered and separated into the
desired number of energy bins. In case of a realistic detector response, the detector ma-
terial is set to cadmium telluride (CdTe; mass fractions: foqy = 0.4684; fr. = 0.5316;
mass density: prass. care = 5.85 gcm—3) of 1.6 mm thickness. See Section 3.2.8 for more
information on the modelling of detector responses.

Energy-integrating detector: An EID outputs the total deposited energy during the ex-
posure time, that is, the sum over the number of deposited events, each multiplied by
their energy. In case of an ideal detector response, the incoming spectrum is fully de-
posited. In case of a realistic detector response, the detector material is set to cae-
sium iodide (CsI; mass fractions: fcs = 0.5115; f; = 0.4885; mass density: ppass. cs1 =
4.51 gcm~3; its scintillation-inducing dopant (e.g., T) is neglected) of 1.9 mm thickness
(equivalent to 1.6 mm CdTe based on equal deposited energy by an incoming RQA9 spec-
trum [8]).

» Dual-layer detector: The dual-layer detector consists of two detector layers with a fil-
tration layer sandwiched in between them; each detector layer acts as an EID.
Anideal dual-layer detector is considered to be capable of perfectly separating the spec-
trum into a low and high energy region, and it is modelled based on three energy bins: The
lowest and highest energy bin represent the top and bottom layer, respectively, each be-
ing read out in the fashion of an EID. The third energy bin, located between the low and
high energy bin, acts as an ideal filtration layer; all photons registered in this bin are dis-
carded.
In case of a realistic detector response we assume that the dual-layer detector consists
of two CsI detector layers and, if applicable, a copper filtration layer; other layers such
as silicon-based photodetection layers are neglected.
Please note that "top layer” refers to the layer of the detector that faces the source.

For the X-ray source we assume ideal behaviour, in that it can supply any desired voltage and
any desired product of current and exposure time (commonly referred to as mAs), and in that it
can be considered a point source. Furthermore, it is assumed that the X-ray source can switch
between any two mAs and/or voltage levels instantaneously. The investigated source voltages
range from 80 to 140 kVp in steps of 20 kVp. Optional source filtration based on tin (Sn) with
thicknesses between 0.2 to 0.8 mm covers the range used in commercial CT scanners.

In case of dual-source setups, cross-scatter between source-detector pairs is included and
filtration can be adjusted individually for each source, unlike in a kVp-switching setup where
no cross-scatter is present and filtration affects both the low and high energy phase of the
source simultaneously.

Table 3.1 outlines the parameters that are optimised for each setup. Figure 3.3 illustrates the
optimised parameters using two setups as representative examples; for all other setups, the
optimised operating parameters are a subset of the ones shown in Figure 3.3. The optimisation
is performed by conducting a grid search exploring all possible combinations of all parameters
of a setup, which is feasible since the computation time of our CRLB implementation takes a
few seconds per parameter and detector pixel. The only exception is the parameter of source
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Table 3.1: List of the investigated spectral CBCT setups and respective optimised parameters. LE: low

energy; HE: high energy.

Spectral CBCT setup

Optimised parameters

Single-source setup
with PCD

Source voltage
Source filtration for the best performing source voltage
Thresholds of energy bins

Single-source setup
with dual-layer
detector

Source voltage

Source filtration for the best performing source voltage

In case of ideal detectors: thresholds of energy bins (including
the bin acting as a filtration layer). In case of realistic detectors:
thicknesses of top, bottom and filtration layer.

kVp-switching setup
with EID

Combination of source voltages

Source filtration for the best performing source voltage pair (fil-
tration affects both the LE and HE spectra simultaneously)
Ratio mAs ¢ : MAS ¢

Dual-source setup
with EIDs

Combination of source voltages

Source filtration for the best performing source voltage pairs (fil-
tration for each source is independent)

Ratio mAs ¢ : mAs ¢

kVp-switching setup
with PCD

Combination of source voltages

Source filtration for the best performing source voltage pair (fil-
tration affects both the LE and HE spectra simultaneously)
Ratio mAs ¢ : mAS ¢

Thresholds of energy bins

Dual-source setup
with PCDs

Combination of source voltages

Source filtration for the best performing source voltage pair (fil-
tration for each source is independent)

Ratio mAs ¢ : mAs ¢

Thresholds of energy bins

filtration, which is only optimised for the best performing source voltage (pair). In the following,
a more detailed account is given:

» Single source operating at a constant voltage and single PCD: We compare PCDs with
two, three and four energy bins, corresponding to three, four and five thresholds with the
bottom threshold of the lowest energy bin always fixed at 2@ keV, and the upper thresh-
old of the highest energy bin fixed at the energy corresponding to the source voltage (this
also applies to all other setups using PCDs with a similar configuration). The positions of
all non-fixed thresholds are optimised using step sizes of 2 (5) keV for the PCDs with two
and three (four) energy bins, taking into account all possible combinations of threshold
values.

Furthermore, we investigate PCDs with near-continuous binning, using bins with 1 keV
width, as a reference, since they should be able to utilise the spectral information to its
fullest.

Additional Sn source filtration is investigated for the best performing 140 kVp source
spectrum.

- Single source operating at a constant voltage and dual-layer detector: When assum-
ing an ideal detector, the bottom threshold of the low energy (LE) bin is fixed at 20 keV,
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Figure 3.3: Representative examples of optimised parameters in case of a single source combined with a
dual-layer detector (left) and a dual-source setup combined with two PCDs (right). The optimised parame-
ters for the dual-layer detector differ between the case of assuming an ideal or realistic detector response
function (see explanations in the text). The optimised operating parameters for all other setups are a sub-
set of the parameters shown here. LE: low energy; HE: high energy. Adapted from Sandvold et al [38] with
permission.

and the upper threshold of the high energy (HE) bin is fixed at the energy corresponding to
the source voltage. The upper threshold of the LE bin and the bottom threshold of the HE
bin are optimised using a step size of 2 keV, taking into account all possible combinations
of threshold values, which includes the width of the third interjacent bin representing the
filtration layer.

For arealistic detector, the combined thickness of the top and bottom layer is kept fixed at
1.9 mm CsI. For the top (bottom) layer, thicknesses from 0.05 to 8.8 mm (1.85to 1.1 mm)
are investigated in step sizes of 8.05 mm. The thickness of an additional copper filtration
layer is varied from @.2to 4.25 mm.

Additional Sn source filtration is investigated for the best performing 140 kVp source
spectrum.

Single rapid voltage-switching source and single EID: We investigate all possible pairs
of source voltages between 80 kVp and 140 kVp. For the best performing voltage pair of
80 kVp/140 kVp we investigate additional Sn source filtration.

The investigated range of mAs ¢ : mAs ¢, that s, the ratio of the product of source current
and exposure time for the LE phase (mAs ) and for the HE phase (mAs ;) of the source,
is set individually for each spectrum combination such that the optimum falls within the
covered range, with a lower limit for the ratio of 1:2 and an upper limit of 39: 1.

Two sources at different fixed voltages coupled with an EID each: The optimisation of
operating parameters for this setup differs from the previous one only in that the filtra-
tion for the low and high energy source spectrum are adjusted independently. Additional
filtration is investigated for both the 80 kVp/140@ kVp and 100 kVp/140 kVp voltage pair.
The investigated range of the ratio mAs ¢ : mAs ¢ is set individually for each spectrum,
with a lower limit of 1:4 and an upper limit of 60: 1.

Single rapid voltage-switching source and single PCD: We investigate all possible pairs
of source voltages between 80 kVp and 140 kVp. For the best performing voltage pair of
80 kVp/140 kVp we investigate additional Sn source filtration.

The investigated range of the ratio mAs ¢ : mAs ¢ ranges from 1:100 000 to 10 000:1,
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that is, in between the limits that only the HE or only the LE source is active.

A PCD with two energy bins is investigated, and its non-fixed threshold is set individually
for the duration of the LE and HE phase of the source and optimised using a step size of
5 keV, taking into account all possible combinations of LE and HE bin threshold values.

« Two sources at different fixed voltages coupled with a PCD each: The optimisation of
operating parameters for this setup differs from the previous one only in that the filtration
for the low and high energy source spectrum is adjusted independently. As before, PCDs
with two energy bins are assumed, and their thresholds are optimised independently us-
ing a step size of 5keV.

3.2.3 Calculation of Stopping Power Ratios
According to the Bethe equation [30] the SPR, that is, the proton stopping power of a material
relative to water, can be calculated as

2mgc?B? 2
SPR — Pelec, mat ) ln<lmat‘(1*ﬂ2)> s

252
Pelec, water In (%) — B2

(3.1)

with pgiec , @nd I, as the electron density and the mean ionisation energy, respectively, with
m as the index for the material under investigation or water, 8 as the proton velocity relative to
the speed of light ¢, mq as the electron mass, and ignoring density and shell corrections. We
assume a proton energy of 200 MeV, noting that the energy dependency of the SPR value is
very small in this energy range (in the order of 8.3 % between 10 and 250 MeV).

The mean ionisation energy I of a compound is determined by combining the ionisation ener-
gies of the its elemental constituents using Bragg’s additivity rule, neglecting the influence of
chemical binding energies:

—1
In(I) = (Z%m@) ( 10;%) , (3.2)

P 14

with the weight fraction w,, , atomic number Z, , atomic weight A, and the ionisation energy I,
of element p. Values for the elemental ionisation energies are taken from ICRU report 49 [15],
applying the rule by Seltzer and Berger [42] which is to use I-values that are 13 % larger than
the I-values for elemental substances in the condensed phase (except for the elements H, C,
N, F and Cl; see also Section 3.A.2 in the Appendix).

3.2.4 Cramér-Rao Lower Bound Formalism

For a comprehensive description of the CRLB formalism we refer to the book by Steven M.
Kay [45]; here, we summarise the aspects relevant to this work, following mostly the notation
therein.

We assume that the £ measurements x—which denote either the deposited energy in the de-
tector (for setups using EIDs) or the number of photons in different energy bins (for setups
using PCDs)—follow a k-dimensional multi-variate normal probability density function (PDF),
ie.,

F(x16) = (2m)42 det[S(0)] 2 exp (5 (x—m(@) 2O Hx—m(©)) . (33)

Here, 0 = [peiec. ,m In]" denotes the underlying material properties on which X-ray transmis-
sion depends, while m(8) and 3(0) are the mean and covariance matrix of the measurements,
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respectively. From these measurements, we wish to estimate SPR(8). The CRLB provides the
lower bound on the variance of any unbiased estimator of SPR of material m for the given object
geometry:

2 2
VarsPR) > (5D ) (o), + (SR ) o)+

m

<3SPR(0) ) OSPR(6)
apelec, m a1,

m

) ([FY0)]y + [FHO)],,) - 34)

In the following, we denote the lower bound on Var(SPR), as given by the CRLB formalism, sim-
ply as CRLB.

The derivatives of SPR with respect to pgec ,,, and I,,, can be calculated analytically using Equa-
tion 3.1. The elements of the Fisher information matrix F(8) can be calculated according to
(Kay [45], Equation 3.31):

)
F(0)],, = [8‘;‘;@} s-1(0) {8‘5‘9(_0)] +%tr {z—l(a) 6219(?) z—l(o)a;‘lg@ . (35

3

The partial derivatives om(0)/96, and 03(6)/00, are obtained by varying the electron density
or ionisation energy of the material (Section 3.2.5). For the resulting object composition, we
calculate the expected number of primary photons arriving at the detector analytically based on
the Lambert-Beer law, adding a (cross-)scatter component obtained from MC simulations (Sec-
tion 3.2.7, Figure 3.2). After the application of a detector response function (Section 3.2.8), the
spectrum is then either binned (in case of PCDs) or the deposited energy is calculated (in case
of EIDs), and the mean and variance of the resulting quantities are calculated. Finally, the
derivative of the mean and variance are calculated with respect to 8. To reduce the computa-
tional burden, we calculate the CRLB for a selected subset of lines only (as indicated in Figure
3.2, box "Analytical calculation”), combining the CRLB values of this subset of lines. An illus-
tration of the workflow is shown in Figure 3.2; for details on this and the implementation of the
CRLB calculation we refer to Section 3.A.1 in the Appendix.

Please note that the CRLB methodology only provides a lower bound on the variance with which
SPR can be estimated, but it neither yields SPR values, neither does it provide an estimator that
can reach the theoretical CRLB limit, nor does it make a statement if such an estimator even
exists.

3.2.5 Object and Material Definitions, Setup Geometry

In case of MC simulations of scatter or deposited dose, we define the phantom as a homo-
geneous object with a composition approximating the average composition of humans (Figure
3.2, box ”"MC simulation”).

For the analytical calculation of primary X-rays arriving at the detector, we use a two-com-
partment model consisting of soft tissue and bone, whose combined composition equals the
homogeneous composition used for MC simulations. As a consequence of this choice, the two-
compartment model uses a constant ratio of the ray length through soft tissue to the ray length
through bone for every ray crossing the phantom (Figure 3.2, box "Analytical calculation”). A
two-compartment model allows us to apply the CRLB to SPR extraction of either soft tissue or
bone by varying the material parameters of either of them. In order to estimate 0m(8)/9peiec, 1,
and 0%(0)/0pejec, m the mass density of either soft tissue or bone is varied in steps of 1 %, and
in order to estimate 9m(0)/01,, and 9X(8)/91,,, the composition of either soft tissue or bone
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is changed such that the ionisation energy varies in steps of (1.0000 + 0.0001) eV. For fur-
ther details on elemental compositions, mass densities and weight fractions of the simulated
materials as well as their variation we refer to Section 3.A.2 in the Appendix.

As shown in Section 3.B.1 of the Appendix, the optimisation of setup parameters depends on
whether one optimises for the extraction of SPR of bone or of soft tissue. However, the best
performing settings for the two tissues differ by such a small margin (e.g., less than 1 keV in
case of asingle-source setup with a PCD with 2 bins) that in this work we focus on the extraction
of SPR of soft tissue only.

The simulated CBCT geometry (Figure 3.A.2 in the Appendix) mimics a typical CBCT setup inte-
grated into a proton radiotherapy gantry with a source-isocenter distance of 2300 mm and an
isocenter-detector distance of 900 mm. The phantom is simulated as a cylinder with a diam-
eter and height of both 330 mm. The size of the phantom is based on standard image quality
phantom sizes, which in turn are based on average patient sizes.

3.2.6 X-ray Spectra and Deposited Dose

We obtain X-ray spectra from SPEKCALC [33] for a tungsten target and an anode angle of 7°
with energy steps of 1 keV (see Figures 3.A.4 to 3.A.7 in the Appendix). The intrinsic source
filtration is assumed to be 8.8 mm Be and ©.89 mm Ti. For further beam hardening, 0.2, 0.4,
0.6 and 0.8 mm of tin are investigated.

For a fair comparison between all setups and acquisition settings, we keep the cumulative dose
deposited in the phantom constant at an arbitrary value of (1.244 26 + 0.000 46) - 10° MeV. As
discussed in the Appendix, Section 3.B.1, the chosen value of the cumulative reference dose
does not have any influence on the optimisation result. The deposited dose per number of
emitted photons from the source is determined using MC simulations as described in Section
3.2.7.

3.2.7 X-ray Scatter Originating in the Phantom

We use MC simulations using 3.6 - 101° primaries to obtain the X-ray scatter caused by the
phantom for a given source voltage and filtration, based on the setup described in Section
3.2.5. The MC simulations are implemented using GATE (version 9.2) [39] which is based on
the GEANTA4 toolkit (version 11.0.0) [1].

In order to obtain the scatter component, the photons intersecting the detector plane are split
into scattered and non-scattered photons based on their trajectory. For registration of cross-
scatter between two orthogonal source-detector pairs, a second detector plane is placed at
the same isocenter-detector distance as the first detector plane, but perpendicular to the axis
between source and first detector plane (see Figure 3.2, box "MC simulation”).

The MC data of primary photons and (cross-)scatter contributions are stored as histograms of
the number of photons per energy bin, using energy bins of 1 keV width. The data are then
smoothed using a two-dimensional Gaussian kernel in the spatial domain. The (cross-)scatter
data is finally normalised to the number of primary photons.

Our algorithm for determining the CRLB calculates the primary component analytically in steps
of 1 keV and subsequently adds the MC-based scatter as well as, if applicable, cross-scatter
components, yielding the total expected number of photons arriving at the detector in steps of
1 keV. It is assumed that the volume spanned by the source and a given detector pixel is neg-
ligibly small compared to the irradiated volume of the phantom. As a result, when the number
of primaries changes due to a variation of the line integral between the source and that pixel,
either due to a variation in electron density or composition to calculate the derivatives in Equa-
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tion 3.5, then the number of scattered and cross-scattered photons stays constant.

The variance of the smoothed (cross-)scatter component and its influence on the resulting
CRLB values is negligible with relative standard deviations < 0.2 %; as a consequence, we do
not report the standard deviation on obtained CRLB values. For more information see Section
3.B.2 in the Appendix.

3.2.8 Detector Response Functions

When modelling ideal detectors in our simulation study, it is assumed that the detection effi-
ciency is 100 %, that inter-pixel cross-talk, electronic noise and pile-up are all absent, and, as
a result, that the spectrum of registered events equals the spectrum of incoming photons.
When modelling realistic detectors in our simulation study, the spectrum of deposited events
is determined based on X-ray transport detector response functions. These X-ray transport
detector response functions, specific for the layer compositions and layer thicknesses stated
above, are obtained using MC simulations in GATE (see Section 3.2.7) by irradiating the centre
pixel of a grid of pixels (without dead-space between the pixels) with monoenergetic beams
and registering the spectrum of events deposited in the centre pixel, the spectrum of events
deposited in all surrounding pixels, and the spectrum of events leaving the detector down-
stream from the source.

Forrealistic EIDs it is then assumed that the spectrum of registered events equals the spectrum
of deposited events. For realistic PCDs, however, the spectrum of deposited events obtained
from the X-ray transport simulations is used as input for a charge sharing model unless explic-
itly stated otherwise, based on an isotropic 3D-Gaussian distribution [52] with a charge cloud
size of ¢ = 30 um, independent of deposited energy [46]. The output of the charge sharing
model is subsequently used as the spectrum of registered events. The pixel size for both sim-
ulation of X-ray cross-talk and charge sharing is 300 x 300 pm? for both EIDs and PCDs, which
is similar to the pixel cross-section of commercially available PCD CT scanners [24, 26, 34].
It is noted that our model of realistic detectors does not include effects degrading the energy
resolution apart from those described above. For example, neither electronic noise nor pulse
pile-up are included.

For more details we refer to Section 3.A.3 in the Appendix.

3.3 Results

3.3.1 Optimisation of Setups Based on an Ideal Detector Response Function

In the following, we present the results for the optimisation of spectral CBCT implementations
assuming an ideal detector response function, with the lowest possible variance on SPR as
given by the CRLB as our figure of merit (lower is better); for a summary see Table 3.2 and Fig-
ure 3.4. Note that X-ray scatter originating from the phantom and, if applicable, cross-scatter
between two source-detector pairs is included.

Single-source setup with ideal PCD

Higher source voltages prove to be beneficial for this setup. A source voltage of 140 kVp with-
out additional source filtration yields the best results regardless of the number of energy bins
used by the PCD. In the limit of a near-continuous binning with bins of 1 keV width (Table 3.B.5),
the lowest (i.e., best) CRLB value across all setups, source voltages and filtrations is achieved
and hence used as a reference value. All CRLB values in this work are reported as normalised
CRLB values (nCRLB) relative to this reference value, regardless of whether an ideal or realistic
detector model is considered.

Using a limited number of two (Table 3.B.2 and Figure 3.4a), three or four (Table 3.B.3 and
3.B.4) bins only, nCRLB values of 1.31, 1.16 and 1.11 are reached (Table 3.2).
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Figure 3.4: Examples of optimisation of spectral CBCT setups with respect to the extraction of SPR, as-
suming an ideal detector response function. Single-source setup with (a) a PCD with two energy bins and
(b) a dual-layer detector without filtration bin, optimising the threshold between the low and high energy
bins. (c) kVp-switching setup with one EID and (d) dual-source setup with two EIDs, optimising the ratio
mAs ¢ : mAs ;g between the LE and HE spectra. (e) kVp-switching setup with one PCD and (f) dual-source
setup with two PCDs; for each mAs ratio, the minimum nCRLB of all tested threshold combinations is plot-
ted. All values are reported as normalised CRLB values as stated in the text with the same nCRLB value
range for all figures; source filtration is specified in millimetres of tin.



Optimising SPR Prediction with Spectral CBCT

65

Table 3.2: Results for the optimisation of various spectral CBCT setups with respect to the extraction of
SPR, assuming an ideal detector response function. The table lists the settings yielding the lowest nCRLB
for each setup as well as additional entries of interest.

Setup Spectrum Parameters min.
(combination) (bins, mAs ¢ : MAS ;¢) nCRLB
Single-source 140 kVp [20, 76, 140] keV 1.31
setup with PCD 140 kVp [20, 70, 94, 140] keV 1.16
140 kVp [20, 60, 75, 95, 140] keV 1.11
140 kVp Continuous binning 1.00
Single source with | 140 kVp [20, 72, 140] keV 1.25
dual-layer 140 kVp [20, 68, 84, 140] keV 1.16
detector
kVp-switching 80 kVp, 8.2 mm Sn/ 1:1 5.65
setup with EID 140 kVp, 8.2 mm Sn
80 kVp, 8.8 mm Sn/ 29:1 1.62
140 kVp, 8.8 mm Sn
Dual-source setup | 80kVp/ 1.75:1 2.92
with EIDs 140 kVp, 0.8 mm Sn
kVp-switching 80 kVp/140kVp 1:1; 1.31
setup with PCD LE bins: [20, 60, 80] keV,
HE bins: [20, 75, 140] keV.
80 kVp, 0.2 mm Sn/ 3.5:1; 1.23
140 kVp, 0.2 mm Sn LE bins: [20, 65, 80] keV,
HE bins: [20, 85, 140] keV.
Dual-source setup | 80 kVp/140kVp HE only; 1.31
with PCDs HE bins: [20, 75, 140] keV.
80 kVp/ 1.75:1; 1.30
140 kVp, 8.8 mm Sn LE bins: [20, 60, 80] keV,
HE bins: [20, 90, 140] keV.

Single-source setup with ideal dual-layer detector

Across all source voltages, all Sn source filtration thicknesses for 140 kVp, and without an ad-
ditional filtration layer bin, the lowest nCRLB value of 1.25is achieved for 140 kVp without
additional source filtration (Figure 3.4b and Table 3.B.6). Adding a filtration layer bin with a
width of 16 keV lowers the nCRLB further by 8 % to a value of 1.16 (Figure 3.B.6).

Single rapid voltage-switching source with ideal EID

For all possible source voltage combinations between 80 kVp and 140 kVp without additional
source filtration, the 80/140 kVp voltage pair performs best (Table 3.B.7 and Figure 3.B.7). Ad-
ditional Sn source filtration applied to the 80/140 kVp voltage pair affects both the LE and HE
spectrum simultaneously (Figure 3.4c). The lowest nCRLB value of 1.62 is achieved for a filtra-
tion of 0.8 mm Sn, however, this optimum is achieved for a very high mAs ratio of mAs ¢ : mAs ¢
=29:1. Examining the results not as a function of mAs ratio but as a function of the ratio be-
tween the number of photons emitted (incl. source filtration) during the LE or HE phase (Figure
3.B.22a) shows that the minimum nCRLB value is always reached in the vicinity of a photon
number ratio of 1:1, i.e., equal number of photons emitted during the LE and HE phase. The
high value of 29 : 1 for the optimum mAs ratio for an 89/140 kVp spectrum combination filtered
by 0.8 mm of tin hence counteracts the influence of stronger filtration on the LE spectrum.



66

Chapter 3

In case we assume that the rapid switching source can only switch between voltages, but not
between mAs levels (i.e., mAs :mAs,; = 1:1), the lowest nCRLB of 5.65 is achieved using
a 0.2 mm Sn filtration (Table 3.2). This result is more than three times worse than that ob-
tained with the optimised mAs ratio, emphasizing the importance of optimising both voltages
and mAs levels. Moreover, depending on the mAs ratios achievable with a realistic switching
source, a different filtration might perform best.

Dual-source setup with two ideal EIDs

Comparing different voltage pairs, the 100/140 kVp voltage pair performs best for a mAs ratio
of mMAs :mAs, ¢ < 2.5:1, whereas the 80/140 kVp voltage pair achieves the lowest nCRLB
values for larger mAs ratios (Figure 3.B.9).

We observe the same trends regarding filtration for both the 80/140 kVp and the 100/140 kVp
voltage pair: adding Sn filtration to only the LE spectrum does not lower the nCRLB compared
to the unfiltered spectra (Figure 3.B.10 and 3.B.13). Adding Sn filtration to only the HE spec-
trum lowers the nCRLB significantly, with stronger filtration yielding lower nCRLB values (Figure
3.B.11 and 3.B.14) while shifting the minimum towards lower values of mAs ¢ : mAs ;. Adding
the same thickness of Sn filtration to both the LE and HE spectra decreases the nCRLB values
as well, but shifts the minimum to larger mAs ratios (Figure 3.B.12 and 3.B.15) and is still out-
performed by applying filtration to the HE spectrum only.

The lowest nCRLB value of 2.92 is reached by an 809/140 kVp voltage pair with 8.8 mm Sn filtra-
tion added to the 140 kVp spectrum only, and a mAs ratio of mAs ¢ : mAs ;e = 1.75:1 (Figure
3.4d and Table 3.B.8). Similarly to the kVp-switching setup, we observe that, while the opti-
mum mAs ratios for the various filtration settings differ considerably, their corresponding ratios
between the number of photons emitted by the LE and HE source are between 1:1and 5:1
(Figure 3.B.22b). Hence, large mAs ratios counteract the stronger effect of filtration on the LE
spectrum also in this setup.

Single rapid voltage-switching source with ideal PCD

Comparing all possible source voltage combinations between 80 and 140 kVp without addi-
tional source filtration (Figure 3.B.16), we see that while the mean nCRLB value of the 120/
140 kVp voltage pair, averaged over the whole investigated mAs ratio range, is lowest, it is al-
ways outperformed by the 80/140 kVp voltage pair for mAs ¢ : mAs , < 5:1. The lowest nCRLB
is achieved in the limit of very low mAs ratios for all source voltage combinations, that is, in the
limit that only the HE phase of the source is used (Table 3.B.9).

As soon as filtration is added to the 80/140 kVp spectrum combination, affecting both the LE
and HE spectrum simultaneously, the minimum CRLB is found in the regime of mAs ratios
where both the LE and HE phase of the source are used. The lowest nCRLB value of 1.23 is
achieved for afiltration of 8.2 mm Sn at a mAs ratio of mAs ¢ : mAs ¢ = 3.5: 1. If the mAs ratio
is fixed at mAs  : mAs,; = 1:1, the nCRLB value increases to 1.31 using no additional source
filtration. Hence, depending on the mAs ratios achievable with a realistic source, a different
filtration might perform best (Figure 3.4e).

Dual-source setup with two ideal PCDs

The investigation of different voltage pairs shows the same behaviour as for the kVp-switching
counterpart, with the only difference that the 80/140 kVp voltage pair outperforms the 120/140
kVp voltage pair for a mAs ratio of mAs ¢ : mAs ;¢ < 3.5: 1.

For the 80/140 kVp voltage pair, adding filtration to only the LE spectrum lowers the nCRLB in
the regime of mAs ratios where both sources are active, but the lowest nCRLB values are still
achieved in the limit that only the HE source is active (Figure 3.B.19).
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In the case that only the HE spectrum is filtered, the simultaneous utilisation of both sources
yields nCRLB values that are lower than those obtained with only the HE source, provided that
stronger filtration is used. For the combination of 8@ kVp/140 kVp with a strong HE filtration of
0.8 mm Sn, the lowest overall nCRLB value for this setup of 1.30 is achieved using a mAs ratio
of mMAs g : mAs, =1.75:1 (Figure 3.B.21).

The best performing settings for each of the different filtration cases (no filtration, only LE fil-
tration, only HE filtration, and both LE and HE filtration) are compared in Figure 3.4f (see also
Table 3.B.11).

Setups based on ideal detector response function: Summary

Comparing all spectral CBCT implementations based on an ideal detector response function
(Table 3.2), excluding the reference PCD with near-continuous binning, the setup using a single
source and a PCD with four energy bins performs best (hnCRLB = 1.11), closely followed by a
single-source setup using an ideal dual-layer detector and three effective bins (nCRLB = 1.16)
and a single-source setup using a PCD with three energy bins (nCRLB = 1.16), with an increase
in NCRLB by 4.5 %. A dual-source setup with two PCDs with two energy bins each (nCRLB =
1.30) performs only slightly better than a single-source setup with a PCD with two energy bins
(nCRLB = 1.31), but worse than a kVp-switching setup with a PCD with two energy bins for
each phase (nCRLB = 1.23), which in turn performs worse than a single source setup with a
PCD with four energy bins. The performance of setups using EIDs is worse compared to setups
using any other type of detector: the kVp-switching setup with one EID reaches a nCRLB value
of 1.62, whereas the dual-source setup with two EIDs is additionally affected by cross-scatter
and reaches a nCRLB value of 2.92.

Under the assumption that the rapid switching source can only switch between voltages but
not mAs levels, the kVp-switching setup with a PCD performs slightly worse (nCRLB = 1.31)
than a dual-source setup with two PCDs (nCRLB = 1.30). For the kVp-switching setup using an
EID, however, the deterioration is much more pronounced, leading to a nCRLB of 5.65, which
is the worst out of all spectral CBCT configurations with ideal detectors.

3.3.2 Optimisation of Setups Based on a Realistic Detector Response Func-
tion

The optimisation of setups using a realistic detector response function is performed analo-
gously to the optimisation of setups using an ideal detector response function; a summary
thereof can be found in Table 3.3. We observe that for each individual spectral CBCT setup,
the trends in performance with respect to the optimised parameters are similar for both an
ideal and realistic detector response function. Due to this similarity, here we only summarise
the results and refer the interested reader to the Appendix, Section 3.B.4, for details on the
results for the optimisation of setups using a realistic detector response function.

Setups based on realistic detector response function: Summary

Comparing all spectral CBCT implementations based on a realistic detector response function
(Table 3.3), excluding the PCD with near-continuous binning, the single-source setup with a
dual-layer detector performs worst out of all setups (nCRLB = 7.78, with filtration layer), unless
the source of the kVp-switching setup with one EID is limited to a mAs ratio of 1:1 in which
case this setup has worst performance (nCRLB = 9.46). In contrast, if the kVp-switching setup
with one EID uses a source that can reach any mAs ratio, it performs best out of all setups
(nCRLB = 2.74), closely followed by a kVp-switching source combined with a PCD (nCRLB =
2.81). Similarly, limiting the kVp-switching setup with one PCD to a mAs ratio of 1:1 causes it
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Table 3.3: Results for the optimisation of various spectral CBCT setups with respect to the extraction of
SPR, assuming a realistic detector response function. The table lists the settings yielding the lowest nCRLB
for each setup as well as additional entries of interest.

Setup Spectrum Parameters min.
(combination) (bins, mAs ¢ : MAS g, nCRLB
layer thicknesses)
Single-source 140 kVp [20, 70, 140] keV 3.96
setup with PCD 140 kVp [20, 68, 88, 140] keV 3.62
140 kVp [20, 60, 70, 90, 140] keV 3.45
140 kVp Continuous binning 3.14
Single source with Top layer: 0.45 mm CsI,
dual-layer 140kvp bottom layer: 1.45 mm 11.6
detector Csl.
140 kVp Top layer: .2 mm Csl, 7.78
filtration layer: 1.8 mm Cu,
bottom layer: 1.7 mm Csl.
kVp-switching 80 kVp, 0.2 mm Sn/ 1:1 9.46
setup with EID 140 kVp, .2 mm Sn
80 kVp, 0.8 mm Sn/ 26:1 2.74
140 kVp, 8.8 mm Sn
Dual-source setup | 80kVp/ 1.5:1 4,97
with EIDs 140 kVp, 8.8 mm Sn
kVp-switching 80 kVp/140 kVp 1:1; 3.60
setup with PCD LE bins: [20, 65, 80] keV,
HE bins: [20, 70, 140] keV.
80 kVp, 0.8 mm Sn/ 20:1; 2.81
140 kVp, 0.8 mm Sn LE bins: [20, 30, 80] keV,
HE bins: [20, 80, 140] keV.
Dual-source setup | 80 kVp/140kVp HE only; 3.96
with PCDs HE bins: [20, 70, 140] keV.
80 kVp/ 1.5:1; 3.27
140 kVp, 0.8 mm Sn LE bins: [20, 65, 80] keV,
HE bins: [20, 70, 140] keV.

to perform worse (NCRLB = 3.60) than the dual-source setup with PCDs (nCRLB = 3.27). The
dual-source setup with two PCDs (nCRLB = 3.27) now performs better than a single-source
setup with a PCD with either two, three or even four energy bins (nCRLB of 3.96, 3.62 and
3.45, respectively). In comparison to the kVp-switching setups capable of any mAs ratio, the
dual-source setups again perform worse (nCRLB = 4.97 using EIDs, nCRLB = 3.27 using PCDs)
due to the influence of cross-scatter.

3.3.3 Comparison of Setups Using either an Ideal or Realistic Detector Re-
sponse Function

Figure 3.5 compares the performance of spectral CBCT setups using either an ideal or realistic

detector response function. As mentioned before, the trends are largely the same with respect

to the optimised parameters for individual setups, with the assumption of a realistic detector

response function yielding consistently worse results.
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Figure 3.5: Comparison of spectral CBCT setups optimised with respect to the extraction of SPR, assuming
either anideal or arealistic detector response function. Markers indicate the position of optima. (a) Single-
source setup with one PCD using two energy bins, optimising the threshold between the low and high
energy bin. (b) kVp-switching setup with EID and (c) dual-source setup with two EIDs, optimising the ratio
mASs ¢ : MAs ¢ between the LE and HE spectra. (d) Dual-source setup with PCDs; for each mAs ratio, the
minimum nCRLB of all tested threshold combinations is plotted; markers at a mAs ratio of 1:100 indicate
that the best performance is reached in the limit of using the HE source only; overlapping markers are

slightly offset for better readability. All values are reported as normalised CRLB values as stated in the
text; source filtration is specified in millimetres of tin.

Comparing the difference in optimum performance assuming either ideal or realistic detectors,
the nCRLB of a single-source setup with a realistic PCD is about a factor of 3.0 to 3.1 larger
than in the ideal case, about a factor of 2.3 for a kVp-switching setup with one PCD, and about
a factor of 2.5 for a dual-source setup with PCDs. For the setups based on one or two EIDs,
the performance of realistic setups deteriorates by a smaller factor of about 1.7 compared to
ideal setups. For a single-source setup with a dual-layer detector, the ideal and realistic setup

differ in performance by a factor of 9.2 without and a factor of 6.7 with filtration between the
detector layers/bins.
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3.4 Discussion

3.4.1 Comparison of Setups

When assuming a realistic detector response function, we observe that the optimal threshold
settings are shifted towards lower energies compared to their ideal detector counterparts for
the case of a single-source setup with a PCD with either two (Figure 3.5a), three or four bins
(Table 3.2 and 3.3). This could be due to the shift of the spectrum of registered events to lower
energies in the case of a realistic detector response function (Figure 3.6a), which is a conse-
quence of X-ray cross-talk and charge sharing.

For the kVp-switching setup combined with an EID as well as for the dual-source setup with
EIDs, we observe that the optimum current ratio is shifted towards the high energy source
spectrum when assuming a realistic detector response function, compared to their ideal coun-
terparts (Figure 3.5b and c). A possible contribution to this behaviour could be that, when
changing from an ideal to a realistic detector response function, the deposited energy during
the LE phase is reduced by —6.6 % in the example shown in Figure 3.6¢c and d (values for centre
pixel of detector only), whereas the deposited energy during the HE phase is reduced by —25
%. An increase of the HE source current for the realistic setups would counteract the change
in the ratio of deposited energy to some extent.

Comparing ideal and realistic setups, the degradation in performance is largest for the dual-
layer setup. The good performance of an ideal dual-layer detector is due to its perfect sep-
aration of the registered spectrum into two energy bins (three with filtration) combined with
a readout in the fashion of an EID; however, for the realistic dual-layer detector the spectral
separation between the spectra registered by the top and bottom layer is relatively poor (see
Figure 3.6b).

Generally, we observe that a higher source voltage or a larger spectral separation between
the source spectra leads to better SPR extraction. For example, when comparing all possible
voltage pairs between 80 kVp and 140 kVp, the 80/140 kVp voltage pair usually performs best.
Another example illustrating this point particularly well is the comparison between an ideal
PCD with two energy bins and an ideal dual-layer detector with two effective energy bins, both
paired with a single source: The dual-layer detector assigns a stronger weight to high energy
photons and achieves a better performance. Both setups show equal performance when using
three instead of two bins, even despite the dual-layer detector’s third filtration bin discarding
all photons falling into this bin (140 kVp, 2 bins: nCRLB = 1.25 for dual-layer detector, nCRLB
=1.31 for PCD; 140 kVp, 3 bins: nCRLB = 1.16 for both dual-layer detector and PCD).

A comparison between kVp-switching and dual-source setups shows that the kVp-switching
setups perform better; this holds true for both the case of an ideal and realistic detector re-
sponse function, and for both the case of using EIDs or PCDs as detectors. Given the same
source spectraand source filtration, cross-scatter is the only difference between kVp-switching
and dual-source setups in our model and therefore the reason for their difference in perfor-
mance. For example, if we compare the kVp-switching setup with one EID to the dual-source
setup with two EIDs for the same operating conditions of an unfiltered spectrum combination
of 80/140 kVp, a mAs ratio of mAs ¢ : mAs, = 6.5:1 and an ideal detector response, then
the addition of cross-scatter causes a 2.6 fold increase in the CRLB values for the dual-source
setup compared to the kVp-switching setup (see also Figure 3.B.42 and 3.B.43 for a compar-
ison between kVp-switching and dual-source setups based on EIDs). The absence of cross-
scatter is hence the reason for the better performance of the kVp-switching setups, despite
their limitations when it comes to the choice of source filtrations. It should be noted, however,
that kVp-switching setups only outperform their dual-source counterparts as long as an ideal
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Figure 3.6: (a) Spectrum incident on a PCD as well as the spectrum of events created in a pixel taking
into account only X-ray interaction, only charge sharing (CS), or both X-ray interaction and charge sharing
(centre pixel of detector, 140 kVp source spectrum). (b) Spectrum incident on a dual-layer detector as well
as the spectra of events absorbed in the top and bottom layer (centre pixel of detector, 140 kVp source
spectrum, 0.2 mm CsI top layer, 1.8 mm Cu filtration layer, 1.7 mm CsI bottom layer). (c), (d) Spectra of
events created in the detector in case of a kVp-switching source combined with an ideal (c) and a realistic
(d) EID, during either the low or high energy phase (centre pixel of detector, 80 kVp, 8.8 mm Sn/140 kVp,
0.8 mm Sn spectrum combination, mAs g : mAs ;¢ = 27.5:1). The horizontal lines mark the mean energy

of each spectrum. The value range of the y-axes is set individually for each figure to show relevant features
more clearly.

source capable of reaching any mAs ratio is assumed; we refer to the discussion in Section
3.4.3 for more on this.

Comparing the difference in performance between setups based on either ideal or realistic
PCDs, the nCRLB for the kVp-switching and the dual-source setup degrades less (by a factor of
2.3 and 2.5, respectively) compared to a single-source setup (by a factor between 3.0 to 3.1,
depending on the number of bins), since the use of two distinct source spectra can counteract
the deterioration of spectral response in the detector. In contrast to this, a realistic detector
response function degrades the nCRLB of setups based on EIDs by a factor of only 1.7; hence,
the degradation is more severe for PCDs, and consequently there are greater gains possible by
improving the performance of (realistic) PCDs. We attribute the more severe deterioration in
the case of PCDs to the additional cross-talk caused by charge sharing, which degrades their
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spectral performance. If charge sharing is neglected and only X-ray transport is included in
the detector response function, then in case of a single-source setup with a PCD the nCRLB is
only increased by a factor of about 2.0 to 2.1 relative to the results based on an ideal detector
response function (see Appendix, Figure 3.B.47 and Tables 3.B.22 to 3.B.25), compared to a
factor of 3.0 to 3.1 if charge sharing is included on top of X-ray transport. This translates to
an improvement of CRLB values by 32 to 35 % when charge sharing is neglected, compared
to the case of including both X-ray transport and charge sharing. These results are in line with
a work published by Taguchi and us, indicating that indirect-conversion PCDs, which do not
suffer from charge sharing, may offer better performance than PCDs based on CdTe or CZT in
spectral imaging tasks such as water-bone decomposition or K-edge imaging [51]. Similarly,
indirect-conversion PCDs may be better suited for the task of SPR determination investigated
here.

For a single-source setup paired with a PCD we observe that the nCRLB is lower the higher
the number of energy bins; this holds true for the case of both an ideal and realistic response
function. This is in line with results previously published by Taguchi for ideal PCDs [16] (even
when including electronic noise).

Concerning the future development of spectral CBCT for adaptive proton therapy, we would like
to note that dual-source setups with EIDs are already available in some proton gantries, while
the installation of rapid switching X-ray sources seems feasible. While our results based on an
ideal detector response function suggest that both these setups are outperformed by a single-
source setup with a PCD (Table 3.2), our results based on a realistic detector response function
(Table 3.3) show that a kVp-switching setup with an EID and an ideal source outperforms a
dual-source setup with EIDs by a factor of 1.8, and a single-source setup with a PCD with four
bins by a factor of 1.3. If the detector response function of PCDs is assumed to be based solely
on X-ray transport, then a PCD with 4 bins (Table 3.B.24) outperforms the kVp-switching setup
with an EID by a factor of 0.82. Hence, taking into account the currently available technology, a
rapid switching source with an EID seems preferable. For future developments, we encourage
the investigation of concepts for PCDs free of charge sharing, such as PCDs based on ultrafast
scintillators [55].

While we only focus on optimising and comparing spectral CBCT setups with respect to their
performance for SPR extraction, the decision to implement one of the discussed variants should
also take into account its performance with respect to soft tissue contrast, its sensitivity to pa-
tient motion, as well as its cost and feasibility. Dual-source setups will be more expensive than
single-source setups, and setups based on an EID are likely to be cheaper than those including
a PCD, with dual-layer detectors probably lying somewhere in between.

3.4.2 Limitations of the Applied Methodology

Photon-counting detector model

We do not include the effect of pulse pile-up on PCD performance. Addressing this concern,
we would like to note that pile-up is most prominent for pixels for which the projection lines
pass just below the surface of the object under investigation, and therefore exhibit the least
attenuation. In our case, the photon flux for pixels in the centre is about 130 times lower,
which decreases the probability of pile-up while it simultaneously causes an increase of CRLB
values. Furthermore, we find that these pixels in the centre dominate the overall behaviour
of the CRLB in our case. We therefore expect that pile-up does not significantly affect the
trends we observe. Last but not least, we have estimated the fluence rate at the position of the
detector to be one order of magnitude lower for CBCT compared to fan-beam CT [56].
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Energy-integrating detector model

Our model only accounts for inter-pixel cross-talk via X-ray interactions, but we do not include
a statistical model that accounts for their conversion to optical photons and the subsequent
detection in indirect-conversion EIDs, and neither do we include a model for cross-talk due to
optical photons.

Dual-layer detector model

Our model of a realistic dual-layer detector has several limitations, among which are the fol-
lowing:

(1) We keep the combined thickness of the top and bottom layer detection layers fixed at a
thickness of 1.9 mm, corresponding to 1.6 mm CsI, merely to reduce the search space used
for optimisation. This condition could be relaxed in future work.

(2) We only investigate CsI as a material for the detection layers and only copper for the filtra-
tion layer. However, as shown by Cai et al [6], an iodine solution-based filtration layer worked
best for the imaging tasks investigated in their work.

(3) Our X-ray transport model does not take into account the spreading of the X-ray beam after
leaving the top layer or, if applicable, filtration layer due to scattering. If we consider two pix-
els of interest n{,, and nj .., in the top and bottom layer lying directly on top of each other,
then the inter-pixel cross-scatter from pixels 7o, # nj,, iNt0 1y 00 is Neglected in our model.
Taking this effect into account would further degrade the performance of the dual-layer detec-
tor.

kVp-switching setup with one PCD

We assume that the thresholds can be set individually for the duration of the LE and HE phase
of the source, believing that it is feasible to do so (Table 3.B.9 and 3.B.19). Tables 3.B.10 and
3.B.20 show the results if the thresholds are kept the same for both the LE and HE phase of the
source, leading to an increase in CRLB by up to 17 % and 5.4 % assuming an ideal and realistic
detector response, respectively.

CRLB formalism

While the CRLB gives the theoretical limit of performance, it does not state which estimator can
reach this limit and if such an estimator exists. Moreover, the approach of comparing different
spectral CBCT setups based on their CRLB can unfortunately not be extended to single-energy
SPR estimation since SPR depends on the two variables p. . and I, hence, there exists no un-
biased estimator for extracting SPR via pg. and I from a single-energy measurement. While
in principle it is possible to calculate the CRLB on extracting SPR using a single-energy mea-
surement under the assumption that the SPR only depends on p,.. and under the assumption
of a fixed excitation energy, the expression for SPR would then be biased and the variance in-
troduced by the dependency on I would be neglected. Consequently, our methodology cannot
be used to compare the results based on spectral CBCT presented here to single-energy CBCT.
Furthermore, we cannot compare the CRLB values on SPR extraction we obtain with values re-
ported in literature, since the CRLB values depend linearly on the number of photons emitted
by the source. Without knowing this number precisely, a comparison to experimental values
of variance on SPR cannot be drawn. Moreover, values reported in literature are mostly ob-
tained using image-based methods and hence influenced by both the choice of reconstruction
algorithm and the conversion scheme from HU to SPR values. Similarly, we cannot quantify
the range uncertainty achievable with the setups investigated in this study. We therefore plan
a follow-up simulation study to compare our CRLB approach to image-based methods.
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3.4.3 Closing Remarks

One main difference between cone-beam CT and fan-beam CT is the increased scatterin CBCT.
To give an intuition for how this affects performance, a selection of results without any (cross-)
scatter can be found in Section 3.B.8 of the Appendix. While removing scatter approximately
halves the resulting CRLB values, we note that this is better than what even a fan-beam CT
could achieve.

Since the location of the optimum parameters weakly depends on the length of the ray travers-
ing the object (see Figure 3.B.1 in the Appendix), the threshold of PCDs should ideally be set on
a per-pixel basis, or even dynamically. However, this obviously necessitates more elaborate
reconstruction algorithms and calibration procedures.

We observe that the performance of the source ultimately determines whether a kVp-switching
or a dual-source setup performs better. In our simulation we assume an ideal kVp-switching
source capable of instant and perfect transitions between source voltages and mAs levels,
which in reality is not the case. However, we note that, first, we focus on gantry-mounted
CBCT with rotation times in the order of 6@ s, which therefore provides more time for switching
voltages and currents. Current ratios of 4:1, and therefore mAs ratios, for a rapid switching
source with a cycle frequency of 7.5 Hz were reported [9]. Second, a limited current-switching
capability of a source can be mitigated by using different duty cycles for the low and high en-
ergy levels, assuming that the acquisition time of the detector can be adjusted accordingly.
Using this technique, mAs ratios between 5.7:1 to 1:5.7 were reported for a clinical-grade
fan-beam CT switching source [38]. Third, novel X-ray sources, such as those based on carbon
nanotubes, could offer an alternative approach that also addresses the imperfect separation
of voltage levels, moreover, they might offer greater flexibility in designing the source by being
able to incorporate multiple focal spots into a compact housing with optional individual filtra-
tion [23, 64, 65]. This also offers the possibility of using an array of source focal spots to realise
a more fan-beam-like geometry, reducing scatter and limiting reconstruction artefacts due to
insufficient data [13, 44].

3.5 Conclusion

In this work, we compared different realisations of simulated spectral cone-beam CT with re-
spect to their suitability for extracting proton stopping power ratios. The investigated setups
were as follows:

A single X-ray source operating at a fixed voltage with a PCD,

= Asingle source operating at a fixed voltage with a dual-layer detector,
= Arapid voltage-switching source with an EID,

- Arapid voltage-switching source with a PCD,

» Two sources at different fixed voltages coupled with an EID each,

» Two sources at different fixed voltages coupled with a PCD each.

All setups were optimised with respect to their main operating parameters to allow for a fair
comparison between them. The figure of merit was the lowest possible variance on SPR as
given by the CRLB. We found that setups based on a single source benefit from the absence of
cross-scatter, that a higher source voltage or a larger energy separation appear beneficial for
the extraction of SPR, and that the effect of charge sharing in direct-conversion PCDs strongly
degrades the accuracy of SPR estimation. Assuming an ideal source and a realistic detector
response, a kVp-switching setup coupled with an EID performs best, and a single-source setup
based on a dual-layer detector performs worst.
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Appendix
3.A Supplementary Methodology

3.A.1 Details on CRLB Implementation
The partial derivatives 9m(0)/06, and 9%(0)/96, in Equation 3.5 are obtained by calculating
m and X for 6, 6, + Af, and 6, + 2A6,, changing one component at a time (electron density or

ionisation energy) while keeping the other fixed, and using the five-point method for calculating
the first derivative: Let h be a function of ¢,, then

B (0,) = (—h(6; + 20,) + 8h(0; + Ab,) — 8h(0;, — Ab,) + h(6; — 2A6,)) / (12 - AG,)
The variation of electron density and ionisation energy is described in detailin section 3.A.2.

For the given object composition, we first calculate the expected number of primary photons
arriving at the detector analytically based on the Lambert-Beer law, with attenuation coeffi-
cients extracted from the XRAYDB library [25] (version 4.4.7) on an energy grid with spacing of
1 keV. A (cross-)scatter component is then added as described in Section 3.2.7, resulting into
the spectrum @, of photons arriving at the detector. Applying a detector response function
as described in Section 3.2.8 and 3.A.3 yields the spectrum ¢ ,,, of events in a given pixel

n'.

With that, the mean m(6@) and the variance X(0)in case of a PCD can be calculated as fol-
lows:

m, = Y @R (3.A1)

E,gylgE’<Ekv2
3, =m, (3.A.2)
where k indicates the energy bin ranging from energy E; ; up to £ ,.

The expressions for the mean and variance in case of an energy-integrating detector are (see
Whiting et al [61] and Lasio et al [21]):

m, =Y B ot (3.A.3)
E/

S = > B oot (3.A.4)
E/

where k indicates either the spectrum (setup with multiple X-ray spectra) or the layer (dual-
layer detector setup).

In our case, the covariance is always zero. This also applies to the dual-layer detector: The
absorption of photons in a layer constitutes a binomial selection, which, however, does not
introduce a statistical dependence between the number of photons deposited in the top and
bottom layer. Hence, the covariance between the measurements in the top and bottom layer
is zero; see Section 11.1.3 in the book by Barrett and Myers [4].

As shown in this Appendix, Section 3.B.1, the optimum parameters resulting in the lowest CRLB
for a single ray depend on the length of the ray within the phantom. Hence, in order to optimise
the acquisition parameters for a specific object, ideally a combined CRLB should be calculated
using every pixel of the detector and for every projection angle. Since we use a rotationally
symmetric phantom (see Section 3.2.5), it is sufficient to optimise the CRLB for one projection
angle. Furthermore, due to the high computational cost of calculating the CRLB for every de-
tector pixel, we use a small subset of detector pixels. Due to the geometry of our setup with
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Figure 3.A.1: The figure indicates the sampled detector coordinates (red dots) used for the CRLB calcula-
tion in millimetres, with the centre of the detector as the origin of the coordinate system. The axes of the
coordinate system coincide with the symmetry axes of the phantom’s X-ray shadow on the detector.

its large source-to-detector distance (see Section 3.2.5), the length of the ray that lies within
the phantom barely changes along the y-direction of the detector; as a result, it is sufficient to
sample the detector coordinates only along the x-axis (see Figure 3.A.1). We choose a subsets
of coordinates on the detector along the x-axis such that the mean distance travelled by the
rays through the phantom and reaching this subset of coordinates is the same as the mean
for all detector pixels, within a margin of 5 %. The following x-coordinates are selected: [0,
+29, +59, +87, 115, +143, £173, +201, +229] mm; we exploit mirror symmetry whenever
possible.

Toarrive at the final CRLB value, we sum the CRLB values obtained for each individual pixel.

3.A.2 Details on Object and Material Definitions, Setup Geometry

The mass fractions of soft tissue mass and bone mass relative to the total body mass of humans
are taken from White et al [60]. For both the male and female specimen (total weights of 70 kg
and 58 kg, respectively) investigated by White et al, we add the weight of miscellaneous soft
tissues and body fluids (1013 g and 186 g, respectively) to the weight of soft tissues (62 658 g
and 52590 g, respectively). The mass fraction of soft tissue mass to total body mass is then
(averaged over both male and female specimen) 8.9098.

The elemental composition and mass density of soft tissue are set to the tissue definition of
"Group 1 (all soft tissues)’ in Table III by White et al, averaged for both the female and male
specimen (see Table 3.A.1).

The remaining tissue is defined as cortical bone (see Table 3.A.1), with properties similar to the
tissue "Skeleton cortical bone’ in Table 4.4 of the ICRU report 44 [59]. Deviating from the ICRU
publication, chlorine and potassium are omitted, and its mass density is set to 1.232 g/cm?3 in
order to yield a mass density of 1.041 g/cm?3 for the whole body; the latter value is calculated
based on the data presented by Heymsfield et al [10] assuming an equal ratio between the
number of male and female specimen.

In case of the MC simulation, the object is defined as a volume filled homogeneously with the
combined soft tissue/bone composition (lower half of Figure 3.A.2). For the calculation of line
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Table 3.A.1: Elemental compositions, mass densities and mass fractions of the tissues used in this work,
along with the mean ionisation energies calculated based on Equation 3.2. £, is the mass fraction of ele-
ment p for a given tissue, Af), is the change in mass fraction in order to calculate the partial derivative with
respect to the ionisation energy (for details see text).

Soft tissue Bone Combined
fi Af, Iy Af, Iy
Composition [%]:
Calcium 0.00 0.0 22.50 0.092 2.03
Carbon 28.55 0.2855 15.50 -0.106 27.37
Chlorine 0.15 0.0015 0.00 0.0 0.14
Hydrogen 10.55 -0.006 398 3.40 -0.029 9.90
Magnesium 0.00 0.0 0.20 0.0 0.02
Nitrogen 2.55 0.0255 4.20 0.003 2.70
Oxygen 57.45 -0.313602 | 43.50 -0.001 56.19
Phosphor 0.20 0.002 10.30 0.042 1.11
Potassium 0.20 0.002 0.00 0.0 0.18
Sodium 0.10 0.001 0.10 -0.001 0.10
Sulfur 0.25 0.002 0.30 0.0 0.25
Mass density pmass 1.025 1.232 1.041
[g/cm?]
Mass fraction r 0.9098 0.0902 1
Ionisation energy I [eV] | 71.43 112.0 74.21

integrals as part of the CRLB formalism, the volume is defined using two separate compart-
ments of soft tissue and bone (upper half of Figure 3.A.2). Based on the mass fractions r; and
r, of soft tissue and bone to total body mass, as well as the mass densities pp,es 1 aNd Pass. 2
of these tissues, the ratio of the ray length through soft tissue to the ray length through bone

is then equal to Tl/pmass, 1 Pmass, 2/T2-

To calculate the partial derivatives 9m(0)/96, and 93(6)/06, with respect to electron density
and ionisation energy, one of the parameters needs to be changed while keeping the other pa-
rameter fixed. The electron density is changed in steps of 1 % by changing the mass density.
The ionisation energy is changed in steps of (1.0000 + 0.0001) eV by changing the composi-
tion of the tissues: Let f, be the mass fraction of element p for a given tissue and let Af,
be its change in mass fraction, then the mass fractions of the altered tissue composition can
be calculated according to fp = f, —aAf,, with o € [0.51917, 0.26096, 0, -0.263787,
-0.530467] for the change in soft tissue composition and a € [-0.0836295, -0.042051, 9,
0.042532, 0.0855569] for the change in bone composition; Table 3.A.1 lists Af, for both soft
tissue and bone.

The elemental ionisation energies we use are as follows: Ca: 215.8 eV, C: 81.00 eV, Cl: 180.0
eV, H: 19.20 eV, Mg: 176.3 eV, N: 82.00 eV, 0: 106.0 eV, P: 195.5 eV, K: 214.7 eV, Na: 168.4
eV, S: 203.4 eV. For water, this results in a mean ionisation energy of 75.32 eV.

For the dimensions of the setup, we refer to Figure 3.A.2.
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Figure 3.A.2: Schematic of the spectral CBCT simulation, consisting of an X-ray source (1), a cylindrical
phantom (2) and a detector (5). For the analytical calculation of primary X-rays arriving at the detector (top
half, A), the phantom is assumed to consist of a mixture of soft tissue (blue) and bone (yellow) with a fixed
ratio of ray length through the two tissues (3). For the Monte-Carlo simulation of scatter and deposited
dose (bottom half, B), the phantom is defined as a homogeneous mixture of soft tissue and bone (4). (6)
indicates the position of a second detector in case a dual-source setup is simulated (second source and
X-ray beam not shown). Dimensions are given in millimetres; the drawing is not to scale.

3.A.3 Details on Detector Response Functions
X-ray transport
This section applies to both EIDs (including realistic dual-layer detectors) and PCDs.

In order to mimic a realistic detector, we calculate the spectrum <pde‘°°s, of deposited events of

energy E’ in a pixel of interest n” assuming an incoming spectrum of photons & ,, arriving at
the detector in pixel n.

We employ a simplified approach that assumes that the spectrum of photons is constant for
a small region IV around a given pixel n’, that is, ® ,, = const. V n # n’, n € V, which is
probably a good approximation in the case of our homogeneous cylindrical phantom. Further-
more, we assume that a variation of the line integral between source and pixel n’, either due
to a variation in electron density or composition to calculate the derivatives in Equation 3.5,
only influences @y, ,,, but not & ..., , and that without a variation &, ,,, equals @ ,,,, .
Hence, we set &g ,,/(0) = ®p 10 (0) = P sy (0 £ AO) = B ., (0 + 2A0) for a given
tissue parameter 6 for which the CRLB is determined, whereas @, ,,/(0) # ®5 ,, (0 £ A0) #
Py (0 £2A0).

Let us now denote Pp'xel, as the probability that a photon of energy E incident on a specific

pixel deposits a total energy E’ in that same pixel, and let us furthermore denote Pnelghb as the

average number of events with total deposited energy E’ in a given pixel caused by a photon
of energy E incident on any pixel in the neighbourhood of that given pixel.

Given & ,,, we can then calculate the spectrum of deposited events and the spectrum of
transmitted events (the latter only being relevant in case of dual-layer detectors) in the pixel
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Figure 3.A.3: Schematic illustration of the detector response function modelling, using (a) only X-ray trans-
port functions in the case of EIDs, or using (b) both X-ray transport and charge sharing transport functions
in the case of PCDs. The orange dots indicate the location where events are registered.

of interest n’:
depos __ pixel neighb
Pr'n = Z (‘I’E, w Ppp + ®pnm Ppp ) :
E
t _ t
PN =" B, PN (3.A.5)
E

(See Figure 3.A.3a forillustration.)

Considering the transmitted spectrum, please note that we do not take into account a widening
of the transmitted beam due to scatter.

Charge sharing
This section on charge sharing only applies to PCDs.

In order to obtain the spectrum of registered events due to charge sharing, we need to consider
events deposited in the pixel of interest n” with only part of their energy registered in n’ due
to charge sharing, photons incident on n’ but scattering into adjacent pixels causing charge
sharing eventsinn’, and all other events deposited in pixels directly adjacent to n” and causing
charge sharing events in n’.

The spectrum of deposited events Lp?;pf:/ in the pixel of interest n’ due to X-ray transport is

determined as described in the previous section.

The spectrum of deposited events ga‘?;?f%n, in pixels n #+ n’ directly adjacent to the pixel of

interest n’ is determined by the spectrum & ,,.,,, incident on n # n’ and the probability
that a photon deposits its energy in n £ n’, as well as photons scattering into n # n’. The
photons scattering into n # n’ directly adjacent to n’ originate from both n’ as well as all
other neighbouring pixels; since it is more likely that they originate from pixels n # n’ than
from n’, we assume for simplicity that all photons scattering into the pixels n # n’ directly
adjacent to n’ originate from neighbouring pixels with spectrum & .., .

Let us now denote the charge sharing response function by Q , where Q%X% specifies the prob-

ability that an energy deposition of energy FE leads to an accumulation of a charge correspond-

ing to an energy E’ in in the same pixel. QT;ig;/b specifies the average number of charge sharing
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events with an energy E’ in a given pixel caused by an energy deposition of energy E in any
pixel in the neighbourhood of that given pixel.

Combining X-ray transport and charge sharing leads to the following spectrum of registered
events in the pixel of interest n” :

reg _ j : pixel pixel
(PE/ = <¢En PE E’ QE,E’
E

By pn (PR - Qe + PR QY + PEEY - QFEP)) (3.A.6)
(See Figure 3.A.3b for illustration.)

3.A.4 X-ray Source Spectra

Figures 3.A.4 to 3.A.7 show the spectra emitted by the X-ray source employed in this work. X-
ray spectra are obtained from SPEKCALC [33] for a tungsten target and an anode angle of 7° with
energy steps of 1 keV. The intrinsic source filtration is assumed to be 8.8 mm Be and .89 mm
Ti. For further beam hardening, 0.2, 0.4, 0.6 and ©.8 mm of tin are investigated.

X-ray source spectra, 80 kVp

— 30KV

e 80kVp, 0.2 Sn
— 80kVp, 0.4 Sn
b ; 80kVp, 0.6 Sn
80kVp, 0.8 Sn

Intensity [a.u.]

Energy [keV]

Figure 3.A.4: X-ray source spectra for a source voltage of 80 kVp and optional source filtration using tin,
with thicknesses ranging between 0.2 and 6.8 mm tin.
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X-ray source spectra, 100 kVp

— 100KV

] L] 100kVp, 0.2 Sn

— 100kVp, 0.4 Sn
100kVp, 0.6 Sn

_ \ 100kVp, 0.8 Sn

Intensity [a.u.]

Energy [keV]

Figure 3.A.5: X-ray source spectra for a source voltage of 100 kVp and optional source filtration using tin,
with thicknesses ranging between 0.2 and 8.8 mm tin.

X-ray source spectra, 120 kVp

— 120kVp
e 120KkVp, 0.2 Sn
— 120kVp, 0.4 Sn

120KkVp, 0.6 Sn
120kVp, 0.8 Sn

Intensity [a.u.]

80 100 120
Energy [keV]

Figure 3.A.6: X-ray source spectra for a source voltage of 120 kVp and optional source filtration using tin,
with thicknesses ranging between 0.2 and 8.8 mm tin.

X-ray source spectra, 140 kVp
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— 140kVp, 0.4 Sn
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Figure 3.A.7: X-ray source spectra for a source voltage of 140 kVp and optional source filtration using tin,
with thicknesses ranging between 0.2 and 0.8 mm tin.
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3.B Supplementary Results
3.B.1 Dependence of Optimisation on Line Integral, on Number of Photons
and on Tissue

Here we show that the optimum parameters resulting in the minimum CRLB depend on the
length of the ray traversing the object (with fixed composition), as well as on whether one opti-
mises parameters to extract the SPR of either soft tissue or bone. However, it does not depend
on the number of photons used and hence not on the cumulative reference dose deposited in
the phantom.

Please note that the lines in the figures in this section are normalised by their minima in order
to allow for a convenient comparison.

Figure 3.B.1 shows normalised CRLB values for a kVp-switching setup coupled with an EID
(80/140 kVp spectrum combination, (a)) and a single source coupled with a PCD (140 kVp, 2
bins, (b)) for different distances that the ray traverses the phantom. The ratio of the line integral
over soft tissue to the line integral over bone is the same for all distances. As can be seen, the
optimum parameters to achieve the minimum variance depend on the length of the ray within
the phantom due to the change in the spectrum incident on the detector, caused by beam
hardening.

Figure 3.B.2 shows normalised CRLB values for extracting SPR of either soft tissue or bone for
the same setups and operating conditions as before, except that only the centre coordinate of
the detector is used. The kVp-switching setup with an EID achieves the minimum CRLB value
at a mAs ratio of mAs : mAs, = 4:1 if optimising for the SPR extraction of bone, and at
a mAs ratio of 5:1 if optimising for the SPR extraction of soft tissue. In case of the single-
source setup with a PCD, the minimum CRLB for SPR extraction is found at a threshold value
of 79 keV for the threshold between the LE and HE bin for both soft tissue and bone; however,
the optimisation of the bin threshold was performed using a step size of 1 keV, and the data
indicates that the minima are indeed distinct from each other with a difference smaller than
1 keV. Since the difference in the optimum parameters to achieve the minimum CRLB for either
soft tissue and bone is so small, we restrict ourselves in this work to the extraction of SPR of
soft tissue only.

Figure 3.B.3 shows normalised CRLB values for a single-source setup using a PCD with two
bins and using different numbers of photons emitted by the source. The normalised CRLB
values for different numbers of photons lie perfectly on top of each other, which indicates that
the number of photons emitted by the source, and hence the arbitrarily chosen cumulative
reference dose in the phantom, does not have an influence on the position of the minimum.
For our simulations, the reference dose and hence the number of emitted photons is chosen
such that the approximation of Poisson statistics by a normal distribution always holds.
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Figure 3.B.1: Normalised CRLB values for estimating SPR as achieved by the (a) kVp-switching setup with
an EID for different ratios between the mAs g of the low energy phase at 8@ kVp and the mAs, ¢ of the
high energy phase at 140 kVp, and as achieved by the (b) single-source setup with a PCD with two bins
for different locations of the threshold between the low and high energy bin and a 140 kVp spectrum. The
CRLB values are calculated for different lengths of the line segment of the ray within the phantom (see
legend). All lines are normalised by their minimum CRLB value to allow for a convenient comparison of the
position of their minima.
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Figure 3.B.2: Normalised CRLB values for estimating SPR as achieved by the (a) kVp-switching setup with
an EID for different ratios between the mAs ¢ of the low energy phase at 8@ kVp and the mAs, ¢ of the
high energy phase at 140 kVp, and as achieved by the (b) single-source setup with a PCD with two bins
for different locations of the threshold between the low and high energy bin and a 140 kVp spectrum. The
CRLB values are for extracting SPR of either soft tissue or bone. All lines are normalised by their minimum
CRLB value to allow for a convenient comparison of the position of their minima.
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Single source with ideal PCD
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Figure 3.B.3: Normalised CRLB values for estimating SPR as achieved by the single-source setup with a
PCD using two bins, for different locations of the threshold between the low and high energy bin, a 140 kVp
spectrum and a single pixel only. The CRLB values are based on different numbers of emitted photons due
to a reduction factor (see legend) applied to them. All lines are normalised by their minimum CRLB value
to allow for a convenient comparison of the position of their minima.
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3.B.2 Variance on MC-Generated Data, Influence on Reported CRLB Values
The number of primaries that is used in the MC simulations to obtain the (cross-)scatter com-
ponents in one quadrant of the setup is 3.6 - 10°. The (cross-)scatter data is then mirrored to
the remaining three quadrants, utilising the symmetry of the setup.

The variance of the (cross-)scatter component is the only source of statistical error on the CRLB.
We investigate the variance of the (cross-)scatter component and its influence on the CRLB re-
sults by repeating the MC simulation of a 140 kVp spectrum three times. Note that the smooth-
ing of the (cross-)scatter component reduces the resulting variance in each pixel compared to
that of the raw data.

We find that the maximum value for the relative standard deviation (standard deviation di-
vided by mean) on the (cross-)scattered number of photons in a pixel after applying Gaus-
sian smoothing is ©.38 % for the scatter component and 0.30 % for the cross-scatter compo-
nent.

Furthermore, we check the influence of the variance of the smoothed (cross-)scatter compo-
nent on the CRLB results for two cases, namely the single-source setup paired with an ideal
dual-layer detector and the single-source setup paired with an ideal PCD detector. Table 3.B.1
reports the relative standard deviation of the CRLB values (¢(CRLB)/CRLB) for these setups. It
shows that the variance on the resulting CRLB values due to the variance on the (cross-)scatter
component is negligibly small. Due to this, we do not investigate the variance on CRLB values
further, and we do not report the variance on obtained CRLB values.

Table 3.B.1: Variance of CRLB results for a single source paired with either an ideal dual-layer detector or
anideal PCD, reported as relative standard deviations (c(CRLB)/CRLB) based on three different realisations
of MC-generated (cross-)scatter data.

Setup Operating parameters o(CRLB)/CRLB
[%]

Single source with ideal dual-layer detector
140kVp, 0.16
16 keV filtration layer,
bin edges = [20, 68, 84, 140] keV
Single source with ideal PCD

PCD with 2 bins 140kVp, 0.19
bin edges =[20, 76, 140] keV

PCD with 3 bins  140kVp, 0.17
bin edges = [20, 70, 94, 140] keV

PCD with 4 bins  140kVp, 0.20
bin edges = [20, 60, 75, 95, 140] keV

PCD with bins of  140kVp, 0.14

1 keV width bin edges =[20, 23, 24, ---, 139, 140] keV
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3.B.3 Supplementary Results for Setup Optimisations Based on Ideal Detec-
tor Response Functions

Single source with PCD

Table 3.B.2: Results for the optimisation of the setup based on a single source with an ideal PCD using two
energy bins. The table states the minimum nCRLB values that are achieved and their respective parame-

ters.
Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp [20, 62, 80] 5.522
100 kVp [20, 68, 100] 2.755
120 kVp [20,74,120] 1.748
140 kVp [20, 76, 140] 1.309
140 kVp, 8.2 mm Sn [20, 84, 140] 1.458
140 kVp, 8.4 mm Sn [20, 90, 140] 1.976
140 kVp, 8.6 mm Sn [20, 96, 140] 2.782
140 kVp, 8.8 mm Sn [20, 100, 140] 3.787
Single-source setup with ideal PCD

I — 30KV

:' / ) s 100kVp

* 120kVp

nCRLB

140kVp
= 140kVp, 8.25n
s 140KVp, 0.45n
140kVp, 0.65n
140kVp, 0.85n

110 120 130 140

Threshold [keV]

Figure 3.B.4: nCRLB values for estimating SPR as achieved by a single-source setup using an ideal PCD
with two bins, for different locations of the threshold between the low and high energy bin and for different

spectra.
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Table 3.B.3: Results for the optimisation of the setup based on a single source with an ideal PCD using
three energy bins. The table states the minimum nCRLB values that are achieved and their respective

parameters.

Table 3.B.4: Results for the optimisation of the setup based on a single source with an ideal PCD using four
energy bins. The table states the minimum nCRLB values that are achieved and their respective parame-

ters.

Table 3.B.5: Results for the setup based on a single source with an ideal PCD using near-continuous energy
binning. The first bin is between 3 to 5 keV wide to prevent photon starvation, whereas all subsequent bins
have a width of 1 keV. The table states the resulting nCRLB values and their respective parameters. Please

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp [20, 56, 66, 80] 4.671
100 kVp [20, 62,76, 100] 2.338
120 kVp [20, 64, 82, 120] 1.536
140 kVp [20, 70, 94, 140] 1.158
140 kVp, 8.2 mm Sn [20, 74,98, 140] 1.274
140 kVp, 8.4 mm Sn [20, 82,104, 140] 1.717
140 kVp, 8.6 mm Sn [20, 88, 108, 140] 2.417
140 kVp, 8.8 mm Sn [20, 94,112, 140] 3.296

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp [20, 55, 60, 70, 80] 4.497
100 kVp [20, 60, 70, 80, 100] 2.246
120 kVp [20, 60, 75, 90, 120] 1.465
140 kVp [20, 60, 75, 95, 140] 1.111
140 kVp, 8.2 mm Sn [20, 55, 70, 95, 140] 1.197
140 kVp, 8.4 mm Sn [20, 55, 75, 100, 140] 1.559
140 kVp, 0.6 mm Sn [20, 55, 85, 105, 140] 2.168
140 kVp, 8.8 mm Sn [20, 55, 90, 110, 140] 2.965

note that the nCRLB value for 140 kVp and 0.2 mm Sn filtration equals one by definition.

Spectrum Thresholds [keV] min. nCRLB
80 kVp [20, 23, 24, ..., 79, 80] 4.092
100 kVp [20, 23, 24, ..., 99, 100] 2.068
120 kVp [20, 23, 24, ..., 119, 120] 1.341
140 kVp [20, 23, 24, ...,139, 140] 1.000
140 kVp, 0.2 mm Sn  [20, 25, 26, ..., 139, 140] 1.009
140 kVp, 8.4 mm Sn  [20, 25, 26, ..., 139, 140] 1.265
140 kVp, 0.6 mm Sn  [20, 25, 26, ..., 139, 140] 1.751
140 kVp, 8.8 mm Sn  [20, 25, 26, ..., 139, 140] 2.427
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Single source with dual-layer detector

Table 3.B.6: Results for the optimisation of the setup based on a single source with an ideal dual-layer
detector, for configurations with 2 bins (no filtration layer bin included) and three bins (filtration layer bin
included). The table states the minimum nCRLB values that are achieved and their respective parameters.

Spectrum Optimum thresholds ~ Optimum thresholds min.
B without a filtration with a filtration nCRLB
layer bin [keV] layer bin [keV]

80 kVp [20, 60, 80] - 5.580
— [20, 56, 66, 80] 4.738

100 kVp [20, 66, 100] — 2.716
— [20, 60,74, 100] 2.367

120 kVp [20, 70, 120] — 1.707
— [20, 64, 80, 120] 1.528

140 kVp [20, 72, 140] — 1.254
— [20, 68, 84, 140] 1.158

140 kVp, 8.2 mm Sn [20, 78, 140] - 1.395
— [20, 72,94, 140] 1.245

140 kVp, 0.4 mm Sn [20, 84, 140] — 1.924
— [20, 80, 102, 140] 1.692

140 kVp, 8.6 mm Sn [20, 90, 140] — 2.738
— [20, 86, 106, 140] 2.386

140 kVp, 8.8 mm Sn [20, 96, 140] — 3.712

[20,92,110, 140] 3.228
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Single-source setup with ideal dual-layer detector
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Figure 3.B.5: nCRLB values for estimating SPR as achieved by the ideal dual-layer detector for different
locations of the threshold between the low and high energy bin, that is, without using a filtration layer

bin, and spectra up to 140 kVp, with additional source filtration for the 140 kVp spectra. The filtration is
specified in millimetres of tin.

Single-source setup with ideal dual-layer detector

10% 4
Filtr. bin width [keV]
— — 14
n_:l — 4 — 18
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< 107 — 8 22
— 10 24
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60 70 80 90 100 110 120 130 140

Threshold [keV]

Figure 3.B.6: nCRLB values for estimating SPR as achieved by the ideal dual-layer detector with a spectrum
of 140 kVp and no additional source filtration. The horizontal axis denotes the upper threshold of the LE
bin. Each line corresponds to a different width of the filtration layer bin.
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Single rapid voltage-switching source with EID

Table 3.B.7: Results for the optimisation of the kVp-switching setup using an ideal EID, optimising the

ratio mAs g : mAs ¢ between the LE and HE phase. The table states the minimum nCRLB values that are

achieved and their respective parameters.

Spectrum mAs ratio min.
combination mAs :mAs,z nCRLB
80 kVp/100 kVp 2:1 20.88
80 kVp/120 kVp 3:1 6.487
80 kVp/140 kVp 45:1 3.484
LE & HE filtration
80 kVp, 8.2 mm Sn/140 kVp, 8.2 mm Sn 7.5:1 2.301
80 kVp, 0.4 mm Sn/140 kVp, 8.4 mm Sn 12:1 1.907
80 kVp, 8.6 mm Sn/140 kVp, 8.6 mm Sn 19:1 1.718
80 kVp, 0.8 mm Sn/140 kVp, 8.8 mm Sn 29:1 1.621
100 kVp/120 kVp 1.5:1 31.27
100 kVp/140 kVp 2.25:1 9.328
120 kVp/140 kVp 1.5:1 44.53
kVp-switching setup with ideal EID
10° _:_\ —
3 .~.-. — —_— A
-"-~.____-\ ':-_. 80kVp/100kVp
o i s 80KkVp/120kVp
= ] 80kVp/140kVp
LI Wt O Y
10" 5 --..--..,_s s e IO S ':.'-:_..'-----""" e 120KVP/140KVD

MAS ¢ : MAS ¢

Figure 3.B.7: nCRLB values for estimating SPR as achieved by a kVp-switching setup using an ideal EID
for different ratios mAs g : mAs g between the LE and HE phase, and different spectrum combinations

between 80 kVp and 140 kVp without additional source filtration.
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kVp-switching setup with ideal EID
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Figure 3.B.8: nCRLB values for estimating SPR as achieved by a kVp-switching setup using an ideal EID for
different ratios mAs g : mAs ;¢ between the LE and HE phase, using an 89/140 kVp spectrum combination
and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of tin.

Dual-source setup with two EIDs

Dual-source setup with ideal EIDs
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Figure 3.B.9: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for

different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, and different spectrum combinations
without additional source filtration.
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Table 3.B.8: Results for the optimisation of the dual-source setup using two ideal EIDs, optimising the ratio
mAs g : mAs e between the LE and HE spectrum. The table states the minimum nCRLB values that are
B achieved and their respective parameters.

Spectrum mAs ratio min.
combination MAS ¢ : MAS ¢ nCRLB
80 kVp/100 kVp 25:1 58.75
80 kVp/120 kVp 5:1 17.40
80 kVp/140 kVp 8:1 9.063
LE filtration only

80 kVp, 0.2 mm Sn/140 kVp 225:1 11.06
80 kVp, 0.4 mm Sn/140 kVp 50:1 45.10
HE filtration only

80 kVp/140 kVp, 0.2 mm Sn 45:1 5.137
80 kVp/140 kVp, 0.4 mm Sn 3:1 3.857
80 kVp/140 kVp, 0.6 mm Sn 2.25:1 3.254
80 kVp/140 kVp, 0.8 mm Sn 1.75:1 2.915
LE & HE filtration

80 kVp, 0.2 mm Sn/140 kVp, .2 mm Sn 13:1 5.352
80 kVp, 0.4 mm Sn/140 kVp, 8.4 mm Sn 20:1 4.229
80 kVp, 0.6 mm Sn/140 kVp, 8.6 mm Sn 30:1 3.717
80 kVp, 0.8 mm Sn/140 kVp, 8.8 mm Sn 50:1 3.420
100 kVp/120 kVp 2:1 73.84
100 kVp/140 kVp 3:1 21.08
LE filtration only

100 kVp, 8.2 mm Sn/140 kVp 6.5:1 52.04
100 kVp, 8.4 mm Sn/140 kVp 12:1 192.1
100 kVp, 8.6 mm Sn/140 kVp 20:1 3.785 - 10"
100 kVp, .8 mm Sn/140 kVp 35:1 2.343 -10*
HE filtration only

100 kVp/140 kVp, 0.2 mm Sn 1.75:1 8.788
100 kVp/140 kVp, 0.4 mm Sn 1.25:1 5.827
100 kVp/140 kVp, 0.6 mm Sn 1:1.25 4.637
100 kVp/140 kVp, .8 mm Sn 1:1.5 3.968
LE & HE filtration

100 kVp, 8.2 mm Sn/140 kVp, 8.2 mm Sn 4:1 13.52
100 kVp, 8.4 mm Sn/140 kVp, 8.4 mm Sn 5:1 11.22
100 kVp, 8.6 mm Sn/140 kVp, 8.6 mm Sn 6:1 10.25
100 kVp, 8.8 mm Sn/140 kVp, 8.8 mm Sn 7.5:1 9.846
120 kVp/140 kVp 1.5:1 93.24




Optimising SPR Prediction with Spectral CBCT

29

Dual-source setup with ideal EIDs
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Figure 3.B.10: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum combi-
nation and applying filtration to the LE spectrum only. The filtration is specified in millimetres of tin.

Dual-source setup with ideal EIDs
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Figure 3.B.11: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum combi-
nation and applying filtration to the HE spectrum only. The filtration is specified in millimetres of tin.
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Dual-source setup with ideal EIDs
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Figure 3.B.12: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum combi-
nation and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of

tin.
Dual-source setup with ideal EIDs
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Figure 3.B.13: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for
different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using a 100/140 kVp spectrum combi-
nation and applying filtration to the LE spectrum only. The filtration is specified in millimetres of tin.
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Dual-source setup with ideal EIDs
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Figure 3.B.14: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using a 100/140 kVp spectrum combi-
nation and applying filtration to the HE spectrum only. The filtration is specified in millimetres of tin.
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Figure 3.B.15: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using a 100/140 kVp spectrum combi-

nation and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of
tin.
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Single rapid voltage-switching source with PCD

Table 3.B.9: Results for the optimisation of the kVp-switching setup using an ideal PCD, optimising the ratio
mAs g : mAs e between the LE and HE phase, as well as optimising the thresholds of the PCD for both the
LE and HE phase independently (see Table 3.B.10 for the results when using the same thresholds for the
LE and HE phase). The table states the minimum nCRLB values that are achieved and their respective
parameters. The nCRLB in the limit of only using the HE phase deviates slightly from the results for a
single source with one PCD shown earlier due to the larger step size of bins used here (5 keV vs. 2 keV).

Spectrum mAs ratio Optimum Optimum min.
combination mAs :mAs, thresholds LE thresholds HE nCRLB
phase [keV] phase [keV]

80 kVp/100 kVp 1:100000 [20, 60, 80] [20,70,100] 2.781

80 kVp/120 kVp 1:200 [20, 60, 80] [20,75,120] 1.753

80 kVp/140 kVp 1:2 [20, 60, 80] [20,75,140] 1.303

LE & HE filtration

80 kVp, 8.2 mm Sn/ 3.5:1 [20, 65, 80] [20, 85,140] 1.228
140 kVp, 0.2 mm Sn

80 kVp, 8.4 mm Sn/ 8.75:1 [20, 70, 80] [20, 85,140] 1.263
140 kVp, 8.4 mm Sn

80 kVp, 8.6 mm Sn/ 14:1 [20, 50, 80] [20,90,140] 1.275
140 kVp, 8.6 mm Sn

80 kVp, 8.8 mm Sn/ 25:1 [20, 50, 80] [20,95,140] 1.283
140 kVp, 8.8 mm Sn

100 kVp/120 kVp 1:100000 [20,70,100] [20,75,120] 1.753

100 kVp/140 kVp 1100000  [20,70,100] [20,75,140] 1.312
120 kVp/140 kVp 1:100000 [20,75,120] [20,75,140] 1.312

[
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kVp-switching setup with ideal PCD
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Figure 3.B.16: nCRLB values for estimating SPR as achieved by a kVp-switching setup using an ideal PCD
for different ratios mAs ¢ : mAs ;¢ between the LE and HE phase, optimising the thresholds of the PCD for
both the LE and HE phase independently, and different spectrum combinations without additional source
filtration. For each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Figure 3.B.17: nCRLB values for estimating SPR as achieved by a kVp-switching setup using an ideal PCD
for different ratios mAs g : mAs ¢ between the LE and HE phase, optimising the thresholds of the PCD
for both the LE and HE phase independently, using an 80/140 kVp spectrum combination and applying
filtration to both the LE and HE spectrum. The filtration is specified in millimetres of tin. For each mAs
ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Table 3.B.10: Results for the optimisation of the kVp-switching setup using an ideal PCD, optimising the
ratio mAs g : mAs ¢ between the LE and HE phase. In contrast to the results shown in Table 3.B.9, the
threshold settings for the LE and HE phase are kept the same here. The table states the minimum nCRLB
values that are achieved and their respective parameters. The nCRLB in the limit of only using the HE phase
deviates slightly from the results for a single source with one PCD shown earlier due to the larger step size

of bins used here (5 keV vs. 2 keV).

Spectrum mAs ratio Optimum Optimum min.
combination mAs :mAs, thresholds LE thresholds HE nCRLB
phase [keV] phase [keV]

80 kVp/100 kVp 1:100000 [20,70,100] [20,70,100] 2.781

80 kVp/120 kVp 1:100000 [20,75,120] [20,75,120] 1.753

80 kVp/140 kVp 1:50 [20, 75, 140] [20, 75, 140] 1.312

LE & HE filtration

80 kVp, 8.2 mm Sn/ 3.5:1 [20,75,140] [20,75,140] 1.298
140 kVp, 8.2 mm Sn

80 kVp, 8.4 mm Sn/ 8.75:1 [20,75,140] [20,75,140] 1.371
140 kVp, 8.4 mm Sn

80 kVp, 8.6 mm Sn/ 18:1 [20,75,140] [20,75,140] 1.442
140 kVp, 0.6 mm Sn

80 kVp, 8.8 mm Sn/ 30:1 [20, 75, 140] [20, 75, 140] 1.495
140 kVp, 0.8 mm Sn

100 kVp/120 kVp 1:100000 [20,75,120] [20,75,120] 1.753

100 kVp/140 kVp 1:100000 [20, 75, 140] [20, 75, 140] 1.312

120 kVp/140 kVp 1:100000 [20, 75, 140] [20, 75, 140] 1.312
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Dual-source setup with two PCDs

We would like to note that the investigated range of mAs ¢ : mAs ¢ goes by default down to

1:100 000, however, due to photon starvation sometimes the investigated range has to be
reduced.

Dual-source setup with ideal PCDs
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Figure 3.B.18: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal PCDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, and different spectrum combinations

without additional source filtration. For each mAs ratio, the minimum nCRLB of all tested threshold com-
binations is plotted.
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Figure 3.B.19: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal PCDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum combi-
nation and applying filtration to the LE spectrum only. The filtration is specified in millimetres of tin. For
each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Table 3.B.11: Results for the optimisation of the dual-source setup with two ideal PCDs, optimising the
ratio mAs g : mAs ¢ between the LE and HE spectrum, as well as optimising the thresholds of both the
PCD facing the LE source and the PCD facing the HE source simultaneously and independently. The table
states the minimum nCRLB values that are achieved and their respective parameters. The nCRLB in the
limit of only using the HE source deviates slightly from the results for a single source with one PCD shown
earlier due to the larger step size of bins used here (5 keV vs. 2 keV).

Spectrum mAs ratio Optimum Optimum min.
combination MAS ¢ : MAS ¢ thresholds thresholds nCRLB
LE PCD [keV] HE PCD [keV]

80 kVp/100 kVp 1:100000 [20,25,80] [20,70,100] 2.781

80 kVp/120 kVp 1:100000 [20, 25,80] [20,75,120] 1.753

80 kVp/140 kVp 1:100000 [20,25,80] [20,75,140] 1.312

LE filtration only

80 kVp, 8.2 mm Sn/ 1:100000 [20, 25,80] [20,75,140] 1.312
140 kVp

80 kVp, 0.4 mm Sn/ 1:100000 [20,25,80] [20,75,140] 1.312
140 kVp

80 kVp, 0.6 mm Sn/ 1:100000 [20,25,80] [20,75,140] 1.312
140 kVp

80 kVp, .8 mm Sn/ 1:100000 [20,25,80] [20,75,140] 1.312
140 kVp

HE filtration only

80 kVp/ 1:100000 [20,35,80] [20,85,140] 1.462
140 kVp, 8.2 mm Sn

80 kVp/ 3.5:1 [20,60,80] [20,90,140] 1.638
140 kVp, 8.4 mm Sn

80 kVp/ 2:1 [20,60,80] [20,95,140] 1.435
140 kVp, 8.6 mm Sn

80 kVp/ 1.75:1 [20,60,80] [20,90,140] 1.295
140 kVp, 8.8 mm Sn

LE & HE filtration

80 kVp, .2 mm Sn/ 1:100000 [20,25,80] [20,85,140] 1.462
140 kVp, 8.2 mm Sn

80 kVp, 0.4 mm Sn/ 20:1 [20,50,80] [20,90,140] 1.904
140 kVp, 0.4 mm Sn

80 kVp, 8.6 mm Sn/ 30:1 [20,55,80] [20,95,140] 1.797
140 kVp, 8.6 mm Sn

80 kVp, .8 mm Sn/ 45:1 [20,55,80] [20,95,140] 1.735
140 kVp, 0.8 mm Sn

100 kVp/120 kVp 1:100000 [20,25,100] [20,75,120] 1.753

100 kVp/140 kVp 1:100000 [20, 25,100] [20,75,140] 1.312

120 kVp/140 kVp 1:100000 [20,25,120] [20,75,140] 1.312
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Dual-source setup with ideal PCDs
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Figure 3.B.2@: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal PCDs for
different ratios mAs g : mAs g between the LE and HE spectrum, using an 80/140 kVp spectrum combi-
nation and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of

tin. For each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.

Dual-source setup with ideal PCDs
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Figure 3.B.21: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal PCDs for
different ratios mAs g : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum combi-
nation and applying filtration to the HE spectrum only. The filtration is specified in millimetres of tin. For

each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Results as a function of photon number ratio

Here, selected results for setups using two distinct source spectra (i.e., kVp-switching and
dual-source setups) are plotted over the ratio of photon numbers n., instead of over the mAs
ratio. The photon number ratio n. ¢ :n. e specifies the ratio between the number of pho-
tons leaving the source, including source filtration, when using the low energy (n, ) and high
energy (n%HE) phase/source.

@) kVp-switching setup with EID (b) Dual-source setup with EIDs
A O
— 80kV/p/140kVp 0\ 7 O
. 80KkVp, 0.2 Sn/14@kVp, 0.2 Sn “ :’
101 | == 80KVp, 0.4 Sn/140KVp, 0.4 Sn 10 1 N K
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o o L o o*
c e, -* o~ c Aanr
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Figure 3.B.22: This figure is identical to Figure 3.4 except that the results are plotted over the photon num-
ber ratio n., | ¢ : n, g instead of over the mAs ratio.

This figure shows examples of the optimisation of spectral CBCT setups with respect to the extraction of
SPR, assuming an ideal detector response function. (a) kVp-switching setup with one EID and (b) dual-
source setup with two EIDs, optimising the ratio n., ¢ :n., e between the LE and HE spectra. (c) kVp-
switching setup with one PCD and (d) dual-source setup with two PCDs; for each n., ¢ : n., ye ratio, the
minimum nCRLB of all tested threshold combinations is plotted. All values are reported as normalised

CRLB values as stated in the text with the same nCRLB value range for all figures; source filtration is spec-
ified in millimetres of tin.
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3.B.4 Supplementary Results for Setup Optimisations Based on Realistic De-
tector Response Functions

Single source with PCD

Table 3.B.12: Results for the optimisation of the setup based on a single source with a realistic PCD us-

ing two energy bins. The table states the minimum nCRLB values that are achieved and their respective
parameters.

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp [20, 60, 80] 21.63
100 kVp [20, 64, 100] 9.202
120 kVp [20, 68, 120] 5.303
140 kVp [20, 70, 140] 3.955
140 kVp, 0.2 mm Sn [20, 74, 140] 4.800
140 kVp, 8.4 mm Sn [20, 82, 140] 7.062
140 kVp, 0.6 mm Sn [20, 88, 140] 10.65
140 kVp, 8.8 mm Sn [20,92, 140] 15.54

Single-source setup with realistic PCD

s /
2
107 A o /
y 4 / — 30KV
‘.' / s 100KkVp
0 .‘0 / & — 120kVp
&= 4 V4 P - 140kVp
&) . 7’ . wems ® 140kVp, 0.2Sn
< \ e > » > s 140KVp, 0.45n
Ll -
1 ., L - 140kVp, 0.65n
10° \ O-M ans?® > s
N 140kVp, 0.85n

60 70 80 90 100 110 120 130 140
Threshold [keV]

Figure 3.B.23: nCRLB values for estimating SPR as achieved by a single-source setup using a realistic PCD
with two bins, for different locations of the threshold between the low and high energy bin, and different
spectra.
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Table 3.B.13: Results for the optimisation of the setup based on a single source with a realistic PCD using
three energy bins. The table states the minimum nCRLB values that are achieved and their respective

parameters.

Spectrum Optimum thresholds [keV] min. nCRLB

B 80 kVp [20, 58, 66, 80] 19.37
100 kVp [20, 60, 74, 100] 7.910
120 kVp [20, 60, 76, 120] 4.744
140 kVp [20, 68, 88, 140] 3.616
140 kVp, 8.2 mm Sn [20, 70,92, 140] 4.238
140 kVp, 0.4 mm Sn [20, 72,94, 140] 6.207
140 kVp, 8.6 mm Sn [20, 80, 100, 140] 9.433
140 kVp, 0.8 mm Sn [20, 86, 106, 140] 13.80

Table 3.B.14: Results for the optimisation of the setup based on a single source with a realistic PCD us-
ing four energy bins. The table states the minimum nCRLB values that are achieved and their respective

parameters.

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp [20, 55, 60, 70, 80] 18.67
100 kVp [20, 60, 70, 80, 100] 7.634
120 kVp [20, 60, 70, 85, 120] 4,546
140 kVp [20, 60, 70, 90, 140] 3.447
140 kVp, 8.2 mm Sn [20, 70, 85, 105, 140] 4134
140 kVp, 0.4 mm Sn [20, 70, 85, 105, 140] 5.973
140 kVp, 8.6 mm Sn [20, 75, 90, 105, 140] 9.100
140 kVp, 8.8 mm Sn [20, 30, 80, 100, 140] 12.40

Table 3.B.15: Results for the setup based on a single source with a realistic PCD using near-continuous en-
ergy binning. The first bin is between 3 to 5 keV wide to prevent photon starvation, whereas all subsequent
bins have a width of 1 keV. The table states the resulting nCRLB values and their respective parameters.

Spectrum Thresholds [keV] min. nCRLB
80 kVp [20, 23, 24, ..., 79, 80] 17.46
100 kVp [20, 23, 24, ..., 99,100] 7.189
120 kVp [20, 23, 24, ..., 119, 120] 4218
140 kVp [20, 23, 24, ..., 139, 140] 3.136
140 kVp, 2.2 mm Sn  [20, 25, 26, ..., 139, 140] 3.571
140 kVp, 0.4 mmSn  [20, 25, 26, ..., 139, 140] 5.019
140 kVp, 2.6 mm Sn  [20, 25, 26, ..., 139, 140] 7.480

140 kVp, 0.8 mm Sn  [20, 25, 26, ..., 139, 140] 10.90
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Single source with dual-layer detector

Table 3.B.16: Results for the optimisation of the setup based on a single source with a realistic dual-layer
detector with and without a copper filtration layer, and with top and bottom layers consisting of CsI. The
table states the minimum nCRLB values that are achieved and their respective parameters.

Spectrum Optimumtop  Optimum bottom  Optimum filtration min.
layer thickness layer thickness layer thickness (if nCRLB a
[mm] [mm] applicable) [mm]
80 kVp 0.35 1.55 - 72.84
0.15 1.75 0.8 48.24
100 kVp 0.45 1.45 - 26.31
0.2 1.7 1.0 18.20
120 kVp 0.45 1.45 - 15.34
0.2 1.7 1.4 10.48
140 kVp 0.45 1.45 - 11.58
0.2 1.7 1.8 7.783
140 kVp, 8.2 mm Sn 0.5 1.4 — 16.45
0.25 1.65 2.0 10.62
140 kVp, 0.4 mm Sn 0.55 1.35 — 27.76
0.25 1.65 2.6 17.06
140 kVp, 8.6 mm Sn 0.55 1.35 - 48.90
0.3 1.6 3.0 28.19
140 kVp, 8.8 mm Sn 0.6 1.3 - 84.12

0.3 1.6 3.5 45.15
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Single-source setup with realistic dual-layer detector
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Figure 3.B.24: nCRLB values for estimating SPR as achieved by a realistic dual-layer detector for different
thicknesses of the CsI top and bottom detection layers, without using a copper filtration layer in between
the detection layers, and for spectra up to 140 kVp, with additional source filtration for the 140 kVp spectra.
The filtration is specified in millimetres of tin.

Single-source setup with realistic dual-layer detector
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Figure 3.B.25: nCRLB values for estimating SPR as achieved by a realistic dual-layer detector for different
thicknesses of the CsI top and bottom detection layers with a spectrum of 140 kVp and different thick-
nesses of the copper filtration layer in between the top and bottom detection layers.
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Single rapid voltage-switching source with EID

Table 3.B.17: Results for the optimisation of the kVp-switching setup using a realistic EID, optimising the
ratio mAs g : mAs ;¢ between the LE and HE phase. The table states the minimum nCRLB values that are
achieved and their respective parameters.

Spectrum mAs ratio min.
combination mAs :mAs,:  nCRLB a
80 kVp/100 kVp 2:1 30.29
80 kVp/120 kVp 3:1 10.38
80 kVp/140 kVp 45:1 6.202
LE & HE filtration

80 kVp, 8.2 mm Sn/140 kVp, 8.2 mm Sn 7.5:1 4,012
80 kVp, 0.4 mm Sn/140 kVp, 8.4 mm Sn 11:1 3.271
80 kVp, 8.6 mm Sn/140 kVp, 8.6 mm Sn 17:1 2.918
80 kVp, 0.8 mm Sn/140 kVp, 8.8 mm Sn 26:1 2.737
100 kVp/120 kVp 1.5:1 55.92
100 kVp/140 kVp 2.25:1 18.87
120 kVp/140 kVp 1.5:1 104.0

kVp-switching setup with realistic EID
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Figure 3.B.26: nCRLB values for estimating SPR as achieved by a kVp-switching setup using a realistic EID
for different ratios mAs ¢ : mAs g between the LE and HE phase, and different spectrum combinations
between 80 kVp and 140 kVp without additional source filtration.
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kVp-switching setup with realistic EID
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Figure 3.B.27: nCRLB values for estimating SPR as achieved by a kVp-switching setup using a realistic EID
for different ratios mAs ¢ : mAs ¢ between the LE and HE phase, using an 80/140 kVp spectrum combi-

tin.
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Figure 3.B.28: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs g : mAs ¢ between the LE and HE spectrum, and different spectrum combinations

without additional source filtration.
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ratio mAs g : mAs ;¢ between the LE and HE spectrum. The table states the minimum nCRLB values that

Table 3.B.18: Results for the optimisation of the dual-source setup using two realistic EIDs, optimising the
are achieved and their respective parameters. a

Spectrum mAs ratio min.
combination MAS ¢ : MAS ¢ nCRLB
80 kVp/100 kVp 2.5:1 85.51
80 kVp/120 kVp 5:1 28.29
80 kVp/140 kVp 7.5:1 16.57
LE filtration only

80 kVp, 8.2 mm Sn/140 kVp 20:1 20.96
80 kVp, 8.4 mm Sn/140 kVp 45:1 644.6
HE filtration only

80 kVp/140 kVp, 0.2 mm Sn 45:1 9.085
80 kVp/140 kVp, 0.4 mm Sn 2.75:1 6.675
80 kVp/140 kVp, 0.6 mm Sn 2:1 5.580
80 kVp/140 kVp, 8.8 mm Sn 1.5:1 4.971
LE & HE filtration

80 kVp, 8.2 mm Sn/140 kVp, 8.2 mm Sn 12:1 9.562
80 kVp, 0.4 mm Sn/140 kVp, 8.4 mm Sn 18:1 7.427
80 kVp, 8.6 mm Sn/140 kVp, 8.6 mm Sn 27.5:1 6.437
80 kVp, 8.8 mm Sn/140 kVp, 8.8 mm Sn 45:1 5.924
100 kVp/120 kVp 1.75:1 134.8
100 kVp/140 kVp 2.75:1 44.16
LE filtration only

100 kVp, 8.2 mm Sn/140 kVp 6:1 138.1
100 kVp, 8.4 mm Sn/140 kVp 12:1 1.094 - 103
HE filtration only

100 kVp/140 kVp, 8.2 mm Sn 1.75:1 16.61
100 kVp/140 kVp, 0.4 mm Sn 1:1 10.56
100 kVp/140 kVp, 8.6 mm Sn 1:1.25 8.127
100 kVp/140 kVp, .8 mm Sn 1:1.75 6.908
LE & HE filtration

100 kVp, 8.2 mm Sn/140 kVp, 8.2 mm Sn 3.5:1 27.37
100 kVp, 8.4 mm Sn/140 kVp, 8.4 mm Sn 45:1 22.10
100 kVp, 8.6 mm Sn/140 kVp, 8.6 mm Sn 5.5:1 19.85
100 kVp, 0.8 mm Sn/140 kVp, 8.8 mm Sn 6.5:1 18.86
120 kVp/140 kVp 1.5:1 228.0
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Dual-source setup with realistic EIDs
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Figure 3.B.29: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum com-
bination and applying filtration to the LE spectrum only. The filtration is specified in millimetres of tin.

Dual-source setup with realistic EIDs
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Figure 3.B.30: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using an 89/140 kVp spectrum com-
bination and applying filtration to the HE spectrum only. The filtration is specified in millimetres of tin.
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Dual-source setup with realistic EIDs
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Figure 3.B.31: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs ¢ : mAs . between the LE and HE spectrum, using an 80/140 kVp spectrum com-

bination and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of
tin.

Dual-source setup with realistic EIDs
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Figure 3.B.32: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using a 100/140 kVp spectrum com-
bination and applying filtration to the LE spectrum only. The filtration is specified in millimetres of tin.
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Dual-source setup with realistic EIDs
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Figure 3.B.33: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs ¢ : mAs g between the LE and HE spectrum, using a 100/140 kVp spectrum com-
bination and applying filtration to the HE spectrum only. The filtration is specified in millimetres of tin.

Dual-source setup with realistic EIDs

10° E

s 100KVp/140KVp

) L] 100kVp, 0.2 Sn/140kVp, 0.2 Sn

1 — 100KVp, 0.4 Sn/140kVp, 0.4 Sn
102 100kVp, 0.6 Sn/140kVp, 0.6 Sn

3 100kVp, 0.8 Sn/140kVp, 0.8 Sn

E Rl / '-““

E ] -~

el
.-...... -
P ——

nCRLB

"""":;'l—"“"’

T
o
~

10:1 o

1.5:1 o
1:1
1:1.5 o
1:2

mMAS ¢ : MAS ¢

Figure 3.B.34: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs
for different ratios mAs ¢ : mAs g between the LE and HE spectrum, using a 100/140 kVp spectrum com-

bination and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of
tin.



Optimising SPR Prediction with Spectral CBCT

119

Single rapid voltage-switching source with PCD

Table 3.B.19: Results for the optimisation of the kVp-switching setup using a realistic PCD, optimising the
ratio mAs g : mAs e between the LE and HE phase, as well as optimising the thresholds of the PCD for both
the LE and HE phase independently (see Table 3.B.20 for the results when using the same thresholds for
the LE and HE phase). The table states the minimum nCRLB values that are achieved and their respective
parameters. The nCRLB in the limit of only using the HE phase deviates slightly from the results for a single

source with one PCD shown earlier due to the larger step size of bins used here (5 keV vs. 2 keV).

Spectrum mAs ratio Optimum Optimum min.
combination mAs :mAs, thresholds LE thresholds HE nCRLB
phase [keV] phase [keV]

80 kVp/100 kVp 1:2 [20, 60, 80] [20, 65,100] 9.021

80 kVp/120 kVp 1:1 (20, 60, 80] [20,70,120] 5.015

80 kVp/140 kVp 1.5:1 [20, 65, 80] [20, 70, 140] 3.577

LE & HE filtration

80 kVp, 8.2 mm Sn/ 4.25:1 [20, 30, 80] [20,70,140] 3.068
140 kVp, 8.2 mm Sn

80 kVp, 0.4 mm Sn/ 8.75:1 [20, 30, 80] [20, 70, 140] 2.921
140 kVp, 8.4 mm Sn

80 kVp, 8.6 mm Sn/ 14:1 [20, 30, 80] [20,75,140] 2.840
140 kVp, 8.6 mm Sn

80 kVp, 8.8 mm Sn/ 20:1 [20, 30, 80] [20,80,140] 2.808
140 kVp, 8.8 mm Sn

100 kVp/120 kVp 1:100000  [20, 65,100] [20,70,120] 5.339

100 kVp/140 kVp 1:100000 [20,70,100] [20,70,140] 3.955

120 kVp/140 kVp 1:100000 [20,70,120] [20,70,140] 3.955




120 Chapter 3

kVp-switching setup with realistic PCD
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Figure 3.B.35: nCRLB values for estimating SPR as achieved by a kVp-switching setup using a realistic PCD
for different ratios mAs g : mAs ;¢ between the LE and HE phase, optimising the thresholds of the PCD for
both the LE and HE phase independently, and different spectrum combinations without additional source
filtration. For each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Figure 3.B.36: nCRLB values for estimating SPR as achieved by a kVp-switching setup using a realistic PCD
for different ratios mAs g : mAs g between the LE and HE phase, optimising the thresholds of the PCD
for both the LE and HE phase independently, using an 80/140 kVp spectrum combination and applying
filtration to both the LE and HE spectrum. The filtration is specified in millimetres of tin. For each mAs
ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Table 3.B.20: Results for the optimisation of the kVp-switching setup using a realistic PCD, optimising the
ratio mAs g : mAs ;¢ between the LE and HE phase. In contrast to the results shown in Table 3.B.19, the
threshold settings for the LE and HE phase are kept the same here. The table states the minimum nCRLB
values that are achieved and their respective parameters. The nCRLB in the limit of only using the HE phase
deviates slightly from the results for a single source with one PCD shown earlier due to the larger step size

of bins used here (5 keV vs. 2 keV).

Spectrum mAs ratio Optimum Optimum min.
combination mAs :mAs, thresholds LE thresholds HE nCRLB
phase [keV] phase [keV]

80 kVp/100 kVp 1:3.5 [20, 65,100] [20,65,100] 9.033

80 kVp/120 kVp 1:1 [20,65,120] [20,65,120] 5.048

80 kVp/140 kVp 1.5:1 [20,70,140] [20,70,140] 3.602

LE & HE filtration

80 kVp, 8.2 mm Sn/ 4.25:1 [20,70,140] [20,70,140] 3.084
140 kVp, 8.2 mm Sn

80 kVp, .4 mm Sn/ 8.75:1 [20,70,140] [20,70,140] 2.987
140 kVp, 0.4 mm Sn

80 kVp, 8.6 mm Sn/ 14:1 [20,75,140] [20,75,140] 2.966
140 kVp, 0.6 mm Sn

80 kVp, 8.8 mm Sn/ 25:1 [20, 75, 140] [20, 75, 140] 2.959
140 kVp, 8.8 mm Sn

100 kVp/120 kVp 1:100000 [20,70,120] [20,70,120] 5.339

100 kVp/140 kVp 1:100000 [20,70,140] [20,70,140] 3.955

120 kVp/140 kVp 1:100000 [20,70,140] [20,70,140] 3.955
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Dual-source setup with two PCDs

We would like to note that the investigated range of mAs ¢ : mAs; goes by default down to

1:10 000, however, due to photon starvation sometimes the investigated range has to be re-
duced.

Dual-source setup with realistic PCDs
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Figure 3.B.37: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic PCDs
for different ratios mAs ¢ : mAs ;¢ between the LE and HE spectrum, and different spectrum combinations

without additional source filtration. For each mAs ratio, the minimum nCRLB of all tested threshold com-
binations is plotted.
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Figure 3.B.38: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic PCDs
for different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using an 89/140 kVp spectrum com-
bination and applying filtration to the LE spectrum only. The filtration is specified in millimetres of tin. For
each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Table 3.B.21: Results for the optimisation of the dual-source setup with two realistic PCDs, optimising the
ratio mAs g : mAs ¢ between the LE and HE spectrum, as well as optimising the thresholds of both the
PCD facing the LE source and the PCD facing the HE source simultaneously and independently. The table
states the minimum nCRLB values that are achieved and their respective parameters. The nCRLB in the
limit of only using the HE source deviates slightly from the results for a single source with one PCD shown
earlier due to the larger step size of bins used here (5 keV vs. 2 keV).

Spectrum mAs ratio Optimum Optimum min.
combination MAS | : MAS ¢ thresholds thresholds nCRLB
LE PCD [keV] HE PCD [keV]

80 kVp/100 kVp 1:100000 [20, 25,80] [20, 65, 100] 9.218

80 kVp/120 kVp 1:100000 [20, 25,80] [20,70,120] 5.339

80 kVp/140 kVp 1:100000 [20, 25,80] [20, 70, 140] 3.955

LE filtration only

80 kVp, 0.2 mm Sn/ 1:100000 [20, 25,80] [20, 70, 140] 3.955
140 kVp

80 kVp, 0.4 mm Sn/ 1:50000 [20, 25,80] [20, 70, 140] 3.955
140 kVp

80 kVp, 0.6 mm Sn/ 1:20000 [20, 25,80] [20, 70, 140] 3.955
140 kVp

80 kVp, 0.8 mm Sn/ 1:10000 [20, 25,80] [20, 70, 140] 3.955
140 kVp

HE filtration only

80 kVp/ 1:100000 [20, 25,80] [20, 75, 140] 4.805
140 kVp, 8.2 mm Sn

80 kVp/ 2.75:1 [20, 65,80] [20, 70, 140] 4.030
140 kVp, 0.4 mm Sn

80 kVp/ 2:1 [20, 65,80] [20, 70, 140] 3.567
140 kVp, 8.6 mm Sn

80 kVp/ 1.5:1 [20, 65,80] [20, 70, 140] 3.267
140 kVp, 0.8 mm Sn

LE & HE filtration

80 kVp, 8.2 mm Sn/ 1:100000 [20, 25,80] [20, 75, 140] 4.805
140 kVp, 8.2 mm Sn

80 kVp, 8.4 mm Sn/ 18:1 [20,30,80] [20,75,140] 4.462
140 kVp, 8.4 mm Sn

80 kVp, 8.6 mm Sn/ 30:1 [20,30,80] [20, 75, 140] 4271
140 kVp, 8.6 mm Sn

80 kVp, .8 mm Sn/ 45:1 [20,30,80] [20,75,140] 4,181
140 kVp, 8.8 mm Sn

100 kVp/120 kVp 1:100000 [20, 25,100] [20, 790, 120] 5.339

100 kVp/140 kVp 1:100000 [20, 25,100] [20, 79, 140] 3.955

120 kVp/140 kVp 1:100000 [20, 25,120] [20, 790, 140] 3.956
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Dual-source setup with realistic PCDs

s 30KV/p/ 140KV
a " 80kVp, 0.2 Sn/14@kVp, 0.2 Sn
o 101 . — 80kVp, 0.4 Sn/140kVp, 0.4 Sn
Q S —————— 80kVp, 0.6 Sn/140KVp, 0.6 Sn
. e 80kVp, 0.8 Sn/140kVp, 0.8 Sn
;:’.NIIIIIIIIIIIIIII P P
1 1 1 1 1 1
I — L < <l N (S [
S S IS N 4 d o S
[S] S I I H
(S} I el
«

MAS g : MAS ¢

Figure 3.B.39: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic PCDs
for different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using an 80/140 kVp spectrum com-
bination and applying filtration to both the LE and HE spectrum. The filtration is specified in millimetres of
tin. For each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Figure 3.B.40: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic PCDs
for different ratios mAs ¢ : mAs ¢ between the LE and HE spectrum, using an 89/140 kVp spectrum com-
bination and applying filtration to the HE spectrum only. The filtration is specified in millimetres of tin. For
each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
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Results as a function of photon number ratio

Here, selected results for setups using two distinct source spectra (i.e., kVp-switching and
dual-source setups) are plotted over the ratio of photon numbers n., instead of over the mAs
ratio. The photon number ratio n. ¢ :n. ¢ Specifies the ratio between the number of pho-
tons leaving the source, including source filtration, when using the low energy (n., ¢) and high
energy (n%HE) phase/source.
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Figure 3.B.41: This figure is identical to Figure 3.4 except that the results are plotted over the photon num-
ber ratio n, g : 1., g instead of over the mAs ratio and except that a realistic detector response function
is assumed.

This figure shows the optimisation of spectral CBCT setups with respect to the extraction of SPR, assum-
ing a realistic detector response function. (a) kVp-switching setup with one EID and (b) dual-source setup
with two EIDs, optimising the ratio n, ¢ : n, ue between the LE and HE spectra. (c) kVp-switching setup
with one PCD and (d) dual-source setup with two PCDs; for each n., | ¢ : n., e ratio, the minimum nCRLB of
all tested threshold combinations is plotted. All values are reported as normalised CRLB values as stated

in the text, with the same nCRLB value range for all figures; source filtration is specified in millimetres of
tin.
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3.B.5 Supplementary Results for Comparison of kVp-Switching and Dual-Source
Setups
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Figure 3.B.42: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal EIDs (ds)
or a kVp-switching setup using one ideal EID (sw), for different ratios mAs ¢ : mAs ¢ between the LE and
HE spectrum/phase.
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Figure 3.B.43: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic EIDs

(ds) or a kVp-switching setup using one realistic EID (sw), for different ratios mAs ¢ : mAs ;¢ between the
LE and HE spectrum/phase.
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kVp-switching/dual-source setup with ideal PCDs
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Figure 3.B.44: nCRLB values for estimating SPR as achieved by a dual-source setup using ideal PCDs (ds) or
a kVp-switching setup using one ideal PCD (sw), for different ratios mAs ¢ : mAs ¢z between the LE and HE
spectrum/phase. For each mAs ratio, the minimum nCRLB of all tested threshold combinations is plotted.
In case of the kVp-switching setup, the thresholds are adjusted independently for each phase.
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Figure 3.B.45: nCRLB values for estimating SPR as achieved by a dual-source setup using realistic PCDs
(ds) or a kVp-switching setup using one realistic PCD (sw), for different ratios mAs g : mAs ;¢ between the
LE and HE spectrum/phase. For each mAs ratio, the minimum nCRLB of all tested threshold combinations
is plotted. In case of the kVp-switching setup, the thresholds are adjusted independently for each phase.
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3.B.6 Supplementary Results for Comparison of Detector Response Functions
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Figure 3.B.46: kVp-switching setup using one PCD with two bins optimised with respect to the extraction of
SPR, comparing ideal and realistic detector response functions. For each mAs ratio, the minimum nCRLB
of all tested threshold combinations is plotted (thresholds are adjusted independently for each phase);
source filtration is specified in millimetres of tin.
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Figure 3.B.47: Single-source setup using one PCD with two bins optimised with respect to the extraction
of SPR by optimising the threshold between the low and high energy bin. The figure compares an ideal
detector response function, a detector response function based solely on X-ray transport, and a realistic
detector response function comprised of both X-ray transport and charge sharing. Markers indicate the
position of optima; source filtration is specified in millimetres of tin.
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3.B.7 Supplementary Results for Different Detector Response Functions Ap-
plied to PCDs
This section presents the results for the optimisation of a single-source setup using one PCD,
with a detector response function that only incorporates X-ray transport while neglecting charge
sharing. For the results assuming an ideal detector response function or a realistic detector re-
sponse function (incorporating both X-ray transport and charge sharing) see Section 3.B.3 and
3.B.4, respectively. a

Table 3.B.22: Results for the optimisation of the setup based on a single source with a PCD using two
energy bins. The detector response function only incorporates X-ray transport, but not charge sharing.
The table states the minimum nCRLB values that are achieved and their respective parameters.

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp (20, 64, 80] 11.23
100 kVp [20, 68, 100] 5.470
120 kVp [20, 72, 120] 3.400
140 kVp [20, 74, 140] 2.707
140 kVp, 0.2 mm Sn [20, 82, 140] 3.135
140 kVp, 8.4 mm Sn [20, 88, 140] 4.424
140 kVp, 0.6 mm Sn [20, 94, 140] 6.488
140 kVp, 8.8 mm Sn [20, 98, 140] 9.259

Table 3.B.23: Results for the optimisation of the setup based on a single source with a PCD using three
energy bins. The detector response function only incorporates X-ray transport, but not charge sharing.
The table states the minimum nCRLB values that are achieved and their respective parameters.

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp [20, 60, 68, 80] 10.06
100 kVp [20, 64, 78, 100] 4,743
120 kVp [20, 68, 84, 120] 3.053
140 kVp [20, 70,92, 140] 2.416
140 kVp, 0.2 mm Sn [20, 74, 96, 140] 2.783
140 kVp, 8.4 mm Sn [20, 82,102, 140] 3.932
140 kVp, 0.6 mm Sn [20, 88, 106, 140] 5.781

140 kVp, ©.8 mm Sn [20, 32, 94, 140] 7.749
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energy bins. The detector response function only incorporates X-ray transport, but not charge sharing.

B Table 3.B.24: Results for the optimisation of the setup based on a single source with a PCD using four
The table states the minimum nCRLB values that are achieved and their respective parameters.

Spectrum Optimum thresholds [keV] min. nCRLB
80 kVp (20, 60, 65, 70, 80] 9.723
100 kVp [20, 60, 70, 80, 100] 4,565
120 kVp [20, 65, 75, 90, 120] 2.956
140 kVp [20, 30, 70, 90, 140] 2.243
140 kVp, 0.2 mm Sn [20, 30, 70, 95, 140] 2.397
140 kVp, 0.4 mm Sn [20, 55, 70, 95, 140] 3.398
140 kVp, 0.6 mm Sn [20, 55, 80, 100, 140] 4,980
140 kVp, 8.8 mm Sn [20, 55, 85, 105, 140] 7.008

Table 3.B.25: Results for the setup based on a single source with a PCD using near-continuous energy
binning. The first bin is between 3 to 5 keV wide to prevent photon starvation, whereas all subsequent bins
have a width of 1 keV. The detector response function only incorporates X-ray transport, but not charge
sharing. The table states the resulting nCRLB values and their respective parameters.

Spectrum Thresholds [keV] min. nCRLB
80 kVp [20, 23,24, ..., 79, 80] 8.232
100 kVp [20, 23, 24, ..., 99, 100] 3.913
120 kVp [20, 23, 24, ..., 119, 120] 2.458
140 kVp [20, 23, 24, ..., 139, 140] 1.911
140 kVp, 0.2 mm Sn  [20, 25, 26, ..., 139, 140] 1.952
140 kVp, 8.4 mm Sn  [20, 25, 26, ..., 139, 140] 2.543
140 kVp, 2.6 mm Sn  [20, 25, 26, ..., 139, 140] 3.707

140 kVp, 8.8 mm Sn  [20, 25, 26, ..., 139, 140] 5.433
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3.B.8 Supplementary Results Excluding (Cross-)Scatter

This section presents results when excluding scatter in the case of single-source setups (with
either a source of fixed voltage or a kVp-switching source) and when excluding both scatter and
cross-scatter in the case of dual-source setups. Please note that no optimisation is performed,
instead, the optimum operating parameters obtained for the case including (cross-)scatter are
used, as reported in Table 3.2 (ideal detector response) and Table 3.3 (realistic detector re-
sponse).

The results presented here are not equivalent to the performance that could be achieved by
a fan-beam CT. Firstly, (cross-)scatter is the main, but not the only difference between fan-
and cone-beam CT. Secondly, while fan-beam CT is less susceptible to (cross-)scatter than
CBCT, (cross-)scatter is not completely eliminated. Omitting (cross-)scatter entirely therefore
yields a performance that is even better than what is achievable using fan-beam CT, which is
especially true for modern fan-beam CT scanners featuring a larger detector coverage along
the z-axis (cranial-caudal direction of patients).
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Table 3.B.26: Results for the various spectral CBCT setups with respect to the extraction of SPR, assuming
an ideal detector response function but excluding (cross-)scatter. The operating parameters were kept the
same as in the case of included (cross-)scatter (see Table 3.2), without any further optimisation. Note that
the nCRLB value of the single-source setup with one PCD deviates slightly from the dual-source setup with
two PCDs, operated in the limit of using only the HE source-detector pair, due to the different step sizes
chosen for the optimisation of bins.

Setup Spectrum Parameters min.
(combination) (bins, mAs ;. : mAs ¢) nCRLB
Single-source 140 kVp [20, 76, 140] keV 0.552
setup with PCD 140 kVp [20, 70, 94, 140] keV 0.498
140 kVp [20, 60, 75, 95, 140] keV 0.431
140 kVp Continuous binning (0.341)2
Single source with | 140 kVp [20, 72, 140] keV 0.551
g”al'layer 140 kVp [20, 68, 84, 140] keV 0.533
etector
kVp-switching 80 kVp, .2 mm Sn/ 1:1 2.39
setup with EID 140 kVp, 8.2 mm Sn
80 kVp, 0.8 mm Sn/ 29:1 0.826
140 kVp, 8.8 mm Sn
Dual-source setup | 80kVp/ 1.75:1 0.654
with EIDs 140 kVp, .8 mm Sn
kVp-switching 80 kVp/140 kVp 1:1; 0.541
setup with PCD LE bins: [20, 60, 80] keV,
HE bins: [20, 75, 140] keV.
80kVp, .2 mm Sn/ 3.5:1; 0.540
140 kVp, 0.2 mm Sn LE bins: [20, 65, 80] keV,
HE bins: [20, 85, 140] keV.
Dual-source setup | 80kVp/140kVp HE only; 0.545
with PCDs HE bins: [20, 75, 140] keV.
80 kVp/ 1.75:1; 0.417

140 kVp, 8.8 mm Sn

LE bins: [20, 60, 80] keV,

HE bins: [20, 90, 140] keV.

2 The number of photons received by some bins was too low to allow for an approximation of the Poisson distribution by a

normal distribution.
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Table 3.B.27: Results for the various spectral CBCT setups with respect to the extraction of SPR, assuming
a realistic detector response function but excluding (cross-)scatter. The operating parameters were kept

the same as in the case of included (cross-)scatter (see Table 3.3), without any further optimisation.

Setup Spectrum Parameters min.
(combination) (bins, mAs  : MAS ¢, nCRLB
layer thicknesses)
Single-source 140 kVp [20, 70, 140] keV 1.92
setup with PCD 140 kVp [20, 68, 88, 140] keV 1.81
140 kVp [20, 60, 70, 90, 140] keV 1.66
140 kVp Continuous binning 1.55
Single source with Top layer: 0.45 mm Csl,
dual-layer 146kvp bottom layer: 1.45mm 5.62
detector Csl.
140 kVp Top layer: 8.2 mm Csl, 3.94
filtration layer: 1.8 mm Cu,
bottom layer: 1.7 mm Csl.
kVp-switching 80 kVp, 0.2 mm Sn/ 1:1 4.00
setup with EID 140 kVp, 8.2 mm Sn
80 kVp, 0.8 mm Sn/ 26:1 1.37
140 kVp, 8.8 mm Sn
Dual-source setup | 80 kVp/ 1.5:1 1.03
with EIDs 140 kVp, 8.8 mm Sn
kVp-switching 80 kVp/140kVp 1:1; 1.70
setup with PCD LE bins: [20, 65, 80] keV,
HE bins: [20, 70, 140] keV.
80 kVp, 8.8 mm Sn/ 20:1; 1.44
140 kVp, 0.8 mm Sn LE bins: [20, 30, 80] keV,
HE bins: [20, 80, 140] keV.
Dual-source setup | 80 kVp/140kVp HE only; 1.92
with PCDs HE bins: [20, 70, 140] keV.
80 kVp/ 1.5:1; 1.01

140 kVp, 8.8 mm Sn

LE bins: [20, 65, 80] keV,
HE bins: [20, 70, 140] keV.
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Chapter

Experimental Study on Clinical Dual-Energy
Cone-Beam CT for Proton Therapy Planning

Objective: To test the ability of dual-energy CBCT to extract proton stopping power ratio (SPR)
values for proton radiotherapy planning and to compare its performance to single-energy CBCT,
while optimising the operating parameters of both single- and dual-energy CBCT for SPR ex-
traction.

Methods: We scanned three phantoms with a clinical CBCT system installed in the gantry of a
proton therapy facility with a selection of different source voltage and current settings. Dual-
energy CBCT was emulated by combining scans from different kVps. A fair comparison be-
tween single- and dual-energy CBCT scans was ensured by using the same CT dose index.
We employed the Hiinemohr-Saito method to predict SPR values for dual-energy CBCT scans,
whereas we used a Hounsfield look-up table for predicting SPR values based on single-energy
CT scans. As a measure of the system’s ability to differentiate between tissues, we calculated
the overlap of CT number distributions of inserts mimicking adipose and soft tissues.
Results: For single-energy CBCT scans, 125 kVp was determined to be the optimum voltage,
yielding a relative mean error (RME), a relative mean absolute error (RMAE) and a relative root
mean square error (RRMSE) value of (1.5 +3.3) %, (3.4 £ 2.7) % and (7.1 * 6.9) %, respectively.
The optimum operating parameters for dual-energy CBCT scans were an 80/125 kVp combi-
nation with a low/high kVp dose ratio of 75/25. This resulted in a RME, RMAE and RRMSE value
of (0.1+1.2) %, (2.23 £0.87) % and (2.53 + 0.73) %, respectively. Furthermore, we found that
inserts could be differentiated better by dual-energy CBCT than by single-energy CBCT.
Conclusion: Although limited in scope and in need of further experiments, this study indicates
that dual-energy CBCT might perform better for SPR extraction than single-energy CBCT.

Parts of this chapter were submitted for presentation at the SPIE Medical Imaging conference 2026.

135



136

Chapter 4

4.1 Introduction

Proton radiotherapy is being investigated as a promising form of radiotherapy [3] in addition to
conventional X-ray photon radiotherapy. Its main appeal is the deposition of the highest dose
per traversed length at the end of a finite proton range [16]. At the same time, the susceptibility
of the proton range to changes in tissue density and composition makes it imperative to extract
proton stopping power ratio (SPR) values of the volume to be treated as precisely as possible
in order to ensure a dose delivery distributed as requested by the clinicians. The state-of-the-
art imaging modality for extracting SPR values for proton radiotherapy treatment planning is
fan-beam CT [2], since it achieves a contrast sufficiently high for anatomical delineation of soft
tissues, and since a relation between SPR and X-ray attenuation can be drawn. In contrast
to fan-beam CT, cone-beam CT (CBCT) is not used for treatment planning directly, but mostly
used as an in-room modality for patient positioning [11, 23] since its image quality is inferior
to that of fan-beam CT. This is mainly due to the influence of more pronounced scatter (flat-
panelinstead of line detector, see Figure 1.2) [25] and increased patient motion (longer rotation
times). In contrast to fan-beam CT, however, CBCT offers the advantage of integrating the
imaging modality isocentrically with the proton beam.

A possible route to enable direct utilisation of CBCT images in treatment planning could be
to enhance CBCT setups in such a way that they can extract spectral information from X-rays
instead of just measuring their intensity, which is the current standard. This hypothesisis based
on previous studies that have shown that a better accuracy and robustness can be achieved
when using spectral fan-beam CT instead of single-energy (SE) fan-beam CT [1, 13, 15, 19,
26,27,30,32,33l.

The aim of this study was to compare the accuracy and robustness of SPR extraction from
(emulated) dual-energy (DE) CBCT scans and SE CBCT scans, acquired with a clinical CBCT
system. We emulated DE CBCT scans by scanning three different phantoms subsequently at
different source voltages, and tested different combinations of low and high energy source
voltages as well as different ratios of dose assigned to the low and high energy scans. Similarly,
we tested different source voltages for SE CBCT. The total dose was kept the same for all DE
and SE scans. We applied the Hiinemohr-Saito (HS) method [12] and a Hounsfield look-up
table (HLUT) [18] for predicting SPRs based on DE and SE scans, respectively. Furthermore,
we investigated the ability of SE and DE CBCT systems to differentiate between adipose- and
soft tissue-like inserts with very similar CT numbers.

4.2 Methodology

4.2.1 Phantoms

We scanned a Catphan 700 phantom (diameter of 200 mm; THE PHANTOM LABORATORY), a CIRS
062 Electron Density Phantom body (diameter of 288 mm; SUN NUCLEAR CORP.) with a custom
selection of inserts, and a Gammex 467 phantom (diameter of 330 mm; the outer ring of in-
serts is arranged along a circle with 220 mm diameter; SUN NUCLEAR CORP.). Table 4.1 lists
the ground truth values for the relative electron density ., effective atomic numberZg;,
ionisation energy I and SPR values for the phantom inserts used in this study, based on el-
emental composition and mass density data, and calculated based on Equations 4.1 to 4.4;
for more information we refer to Section 4.2.4 and Section 4.A.3 in the Appendix. For the ele-
mental composition and physical mass density nominal values provided by the manufacturers
are used, with the exception of inserts of the Gammex and CIRS phantom for which specific
physical mass density values are provided by the manufacturers.

The phantom inserts are classified for the HLUT calibration as either soft tissue-like, bone tis-
sue-like, adipose tissue-like, lung tissue-like or others. The classification of CIRS and Gammex
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Table 4.1: Overview of the phantoms and their inserts used in this study. The table states the inserts’
names, their position as indicated in Figure 4.2, as well as their ground truth values for the relative electron
density prel , effective atomic number Z, ionisation energy I and SPR (calculated based on Equation

elec’

4.1, 4.2, 4.3 and 4.4, respectively), using the data on elemental composition and mass density provided

by the manufacturers. Inserts are color-coded depending on whether they try to mimic

_, lung tissue , m or others.

3

Phantom Insert Position pgiéc Zyw  I[eV]  SPR
Catphan  Acrylic 1 1.15 6.50 71 1.15
Air 0 - - - -
120 % bone 4 1.08 928 80  1.08
150 % bone 2 131 117 94  1.28
Delrin 7 136 698 77 136
LDPE 3 0.945 547 57  0.977
Lung foam 8 0.179 6.66 77 0.178
PMP 9 0.853 547 57  0.882
Polystyrene 6 0.998 5.71 66 1.01
Teflon 5 1.87 845 103  1.80
Vial (empty) 10 - — - -
CIRS 1 152 125 98 147
6 0.960 658 66  0.975
0 0.997 694 67 101
4 104 746 71  1.05
Lung (inhale) 2 0.201 7.33 69  0.203
7 104 732 75 104
Spinal cord 5 1.03 7.40 73 1.03
3 1.8 792 81  1.07
Gammex 2 0.933 6.12 66 0.948
1 104 612 65  1.05
7 0.963 675 67  0.976
13 111 997 80  1.10
5 1.27  10.6 84  1.25
1.46 122 96 142
1.68 134 108 161
10 110 997 80  1.09
12 1.06 749 69  1.07
LN300 lung 8 0.270 7.56 76  0.270
LN450 lung 14 0.444 753 76  0.443
Solid water (1-4) 4,9,11,15 0.989 7.49 69  0.999
Water 6 1.000 7.45 75  1.000
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Figure 4.1: Testing equivalency between phantom inserts and tabulated human tissues based on their
relative electron density, effective atomic number and ionisation energy. See Table 4.1 for the phantom
inserts’ position number as indicated in the figure, their assignment to tissue classes, as well as the values
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inserts follows the classification in Table S1.3 in the consensus guide by Peters, Taasti et al
[18] (see Supplementary Material therein) where possible. For all other inserts as well as for
the Catphan phantom, we follow the Evaluation box 2 in the aforementioned consensus guide
(Supplementary Material, p. 3) and compare the phantom inserts to tabulated human tissues
with respect to effective atomic number, relative electron density and ionisation energy. The
comparison is shown in Figure 4.1, with both human tissues as well as phantom tissues divided
into their corresponding tissue classes. The resulting classification of phantom inserts can be
found in Table 4.1.

For the tabulated human tissues used in this comparison, we use data on tabulated human
tissues listed in Peters, Taasti et al [18], which in turn is taken from Woodard and White [31].
Additionally, we show tissues tabulated in the ICRU report 44 [28] and in White et al [29], as
compiled by Yang et al [33]. For the HLUT calibration (see Section 4.2.5) Peters, Taasti et al ex-
cluded small volume tissues from their selection of tabulated human tissues and only included
the base tissues of the bone tissue class, since, as they point out, additional bone tissues listed
in White et al [29] are simply a mixture of a limited number of base tissues. We follow Peters,
Taasti et al. in their selection of tissues for the HLUT calibration, however, for the comparison
of phantom inserts to human tissues we use the extended selection, which allows to better
assess the spread of each class of human tissues.

We would like to note that Peters, Taasti et al classified the Gammex inserts '"HE Brain’, "HE
Liver’ and "HE CT Solid Water’ as soft tissues. We follow their classification for our correspond-
ing Gammex inserts, although our inserts differ in both mass density and elemental compo-
sition. When comparing the physical quantities of our Gammex inserts to tabulated human
tissues, our Gammex insert 'Brain’ is more similar to adipose tissue than to soft tissue, and
the Gammex inserts 'Liver’ and 'Solid water (1-4)’ are somewhere between soft and adipose
tissue.

4.2.2 Acquisition and Reconstruction of CBCT Scans

All CBCT scans in this study were acquired in a proton therapy treatment gantry (VARIAN PRO-
BEAM SYSTEM®, VARIAN MEDICAL SYSTEMS, Inc., Palo Alto, CA) of the Holland Proton Therapy
Center (HOLLANDPTC, Delft, The Netherlands), which features two orthogonal CBCT systems
per gantry. All scans evaluated in this study were acquired on the same CBCT system.

The phantoms were scanned with the three available X-ray source voltages of 89, 100 and 125
kVp. For a fair comparison between different combinations of scans from different voltages, we
adjusted the source current for each source voltage such that the maximum radiation output
by the system, as specified by the system through the so-called CT dose index (CTDI) value, is
the same for each given source voltage (CTDI, | 14y = 4.6 MGy). Inaddition to that, scans with
75 %, 50 % and 25 % of the maximum radiation output (100 %) were acquired. This allows
us to compare SE scans acquired with 100 % dose to DE scans composed of scans at different
kVps with the same total dose; for example, one can combine a low and a high voltage scan by
assigning 25 % and 75 %, 50 % and 50 %, or 75 % and 25 % radiation output to the low and
high voltage scan, respectively.

All scans were reconstructed with the default reconstruction software available on the clinical
system, which performs a reconstruction based on the Feldkamp-Davis-Kress (FDK) algorithm,
and which includes beam hardening correction as well as a kernel-based scatter correction al-
gorithm. The reconstructed volumes consist of 106 slices (stacked along the rotational axis of
the gantry) with a slice thickness of 1.99 mm; each slice consists of 512 x 512 pixels (dimen-
sions orthogonal to the rotational axis); the voxel size is 8.5655 x 0.5655 x 1.99 mm?3.

On our clinical system, scans at all three desired source voltages are only available in combina-
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Figure 4.2: Left column: mean images of the evaluated reconstructed slices. Right column: Insert loca-
tions, see Table 4.1 for insert names. First row: Catphan phantom. Second row: CIRS phantom. Third row:
Gammex phantom (only slices that excluded the phantom body were used). All reconstructed slices are
512 x 512 pixels (289.5 x 289.5 mm). Field-of-view is indicated via a yellow, dashed line.
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tion with a mode that is intended for head scans, featuring a limited field-of-view* (FOV) with a
diameter of 289.5 mm. The Gammex phantom’s body is wider than this FOV, which in principle
gives rise to severe reconstruction artefacts. However, its inserts protrude from the phantom
body and still fit inside the FOV. For evaluation pertaining to the Gammex phantom, we there-
fore used reconstructed slices devoid of the Gammex phantom body and only containing the
protruding inserts. Since the reconstruction software applies a beam hardening correction,
though, this means that the reconstructed attenuation values for the inserts will be off when
there is no water-like object present in the beam with a diameter similar to what was used to
calibrate the beam-hardening correction algorithm.

Figure 4.2 shows mean images of the reconstructed slices for the three phantoms, averaged
over all slices included in the CT number evaluation; please note that the averaging greatly
reduces the noise in these images.

4.2.3 Placement of ROIs

A cylindrical region-of-interest (ROI) is placed manually in each insert, with a diameter that
corresponds to 80 % of an insert’s diameter. Along the axial direction we include as many
slices as possible, while excluding as many slices as necessary in order to reduce the effect of
edge artefacts at the end of inserts or phantoms. Table 4.A.1 in the Appendix lists the number
of slices evaluated for each phantom and the number of voxels included in the ROI of each
insert. Tables 4.B.1 to 4.B.3 in the Appendix list the extracted Hounsfield unit values for each
insert and phantom.

The centralinsert of the CIRS phantom is a partially empty container, which is hence excluded
in the following. In case of the Catphan phantom, the insert containing only air (position @) and
the empty vial (position 10) are also excluded.

4.2.4 Calculation of Material Properties
The absolute electron density pg.. (number of electrons per unit volume) of a compound is
calculated according to

1 w, - 27,
pelec:pmassmiz pA £ ) (4.2)

u p P

with pp,ss @s the compound’s mass density, m,, as the unified atomic mass unit, w,, as the
mass fraction, A,as the atomic mass number and Z, as the atomic number of element p in the
compound. The relative electron density of a compound (mat) is defined as its electron density

i i rel  _
relative to water, i.e., Pelec = Pelec, mat/pelec, water *

The effective atomic number Z of a compound is calculated according to

1/n

Z %Zwrl
Zeff,n = ( - Z)p z ) (42)
Zp szp

with the exponent n having a value around 3. Since we do not have information about the
effective spectrum for a given source voltage, we cannot calculate n directly. As part of the
procedure to determine the free parameters of the HS method (see Section 4.2.6) we investi-
gated the quality of fits with respect to n as well as the error on predicted values of Z ,, with

1The mode with limited field-of-view is called the full-fan beam mode configuration, where the centre of the detector lies
on a line through the isocentre and the source. In contrast to this, the half-fan beam mode uses a configuration where
the detector is shifted such that the edge of the detector lies on a line through the isocentre and the source.
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respect to n, however, the results were inconclusive. We therefore chose n = 3.1, following
other authors [7]. In the following, we omit the subscript n in Zy ,, whenever n = 3.1.

The mean ionisation energy I of a compound is calculated based on the ionisation energies of
its elemental constituents using Bragg’s additivity rule, neglecting the influence of chemical

binding energies:
-1

In(7) = (Z“’Zzpln(zp)) ( w';lzp) : (4.3)

p P

with I, as the ionisation energy of element p. Values for the elemental ionisation energies are
taken from ICRU report 49 [10], while applying the rule by Seltzer and Berger[24] which is to
increase ionisation values by 13 % for elemental substances in the condensed phase (except
for the elements H, C, N, F and Cl). See Table 4.A.2 for the elemental values of Z,, A, and I,
used in this study.

According to the Bethe equation [17], the SPR relative to water can be determined as fol-

lows:
2mec?B? \ _ 2
SPR — Pelec, mat n (Imat‘(1*ﬂ2)> B

Pelec, water 1N (%) — 52

With pgiec , @nd I, as the electron density and the mean excitation energy, respectively, with
m as the index for the material under investigation (mat) or water, 3 as the proton velocity
relative to the speed of light in vacuum (not to be confused with the fitting parameter 3 in
Equation 4.9), m, as the electron mass (mecz = 510999 eV), and ignoring density and shell
corrections. We use 100 MeV as the proton energy in SPR calculations, following other authors
and the recommendations by Inaniwa et al [9].

(4.4)

4.2.5 Hounsfield Look-Up Table

We follow the conventional approach of using a HLUT to predict SPR values from SE CBCT
scans. A HLUT is a look-up table from CT numbers to SPR values, specified as a piecewise lin-
ear, continuous, monotonically increasing function. The CT number range commonly encoun-
tered in medical imaging is divided into four different intervals corresponding to lung tissues,
adipose tissues, soft tissues and bone tissues, for each of which a linear function is defined.
The CT number intervals of the four tissue classes need not be directly adjacent; in that case,
the end points of the linear functions for the four tissue classes are connected via linear func-
tions as well.

The phantom inserts mimicking human tissues are classified according to the four aforemen-
tioned tissue classes (based on Figure 4.1) and used to determine the regression line for each
corresponding CT number region based on the measured CT value and SPR of each insert,
where the latter is in our case calculated from the elemental composition (Equation 4.4). Usu-
ally, though, the available number of tissue-mimicking inserts in a phantom is limited. As a
remedy, Schneider et al [22] included tabulated human tissues in order to increase the robust-
ness of the fit, which, however, requires to calculate the theoretical CT number of tabulated
human tissues for the given scan protocol. To achieve this, Schneider et al introduced the
following parametrisation of the linear attenuation coefficient of a material with known com-
position [20, 22]:

w, - 7
B = Pmass * Va - Z pA P (KP" - (Zeff, 3.62) 307 + K- (Ze 186) % + K*V) . (4.5)

p P
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with N, as the Avogadro number. By determining the coefficients KPP, K" and K*N through
regression based on the available phantom inserts, the attenuation, and hence CT number, of
any material with known composition can be calculated; this is called the stoichiometric cali-
bration.

For details on the process of specifying a HLUT we refer the reader to the consensus guide
by Peters, Taasti et al [18], which provides reference implementations as well as a suggested
selection of tabulated human tissues to incorporate in the HLUT generation, based on a collec-
tion by Woodard and White [31]. Both are used in this study, and we follow their instructions on
choosing CT number intervals for the HLUT generation. However, due to the limited scope of
this study we did not follow all of the recommendations of the consensus guide. For example,
we did not acquire individual CT scans for each bone insert in the centre of the phantom while
filling all other insert positions with materials similar to water. Furthermore, we used 80 % of
the inserts’ diameter for the definition of ROIs to maximise the volume unaffected by density
gradients, whereas the consensus guide advises 70 %.

We would like to note that in case of the Catphan phantom, we include all inserts for the sto-
ichiometric calibration (Equation 4.5), however, for the specification of the HLUT, which by
its very definition revolves around the four main human tissue classes, only the human tissue-
mimicking inserts '20 % bone’, ’50 % bone’ and 'Lung foam’ are used. As is evident from Figure
4.1, the Catphan inserts classified in Table 4.1 as 'others’ do not resemble any human tissues
and are hence excluded from the HLUT specification.

In order to make the HS and the HLUT method as comparable as possible, the same inserts
that were excluded from evaluation by the HS method were also excluded from evaluation by
the HLUT approach:

« Catphan phantom: 'Lung foam’ and ’'polystyrene’,
« CIRS phantom: ’Lung (inhale)’,
- Gammex phantom: 'LN30@ lung’.

4.2.6 Hiinemohr-Saito Method

We implemented the HS method introduced by Li et al [12] to predict SPR values from DE CBCT
scans, which combines the methods introduced by Hiinemohr et al [7] and Saito et al [21]. It
assumes that there is a linear relationship between the relative electron density p'¢ _ and the
so-called subtracted CT number, which is a linear combination of the Hounsfield (HU) values

obtained at low and high energy:

A HU
Poec =" Togg T0 (4.6)
with the subtracted CT number A _ HU
A HU = (1+a)-HU, —a-HU,_ , 4.7

and with HU and HU,, being the HU values obtained at low and high energy, respectively, and
with «, a and b as free parameters.
Analogously, it is assumed that the product pgféc - Z %, With Z ¢ being the effective atomic num-
ber and n = 3.1 (see Section 4.2.4), behaves linearly with respect to a (dedicated) subtracted
CT number, that is,
rel n AﬂHU

Pelec Zeff =c- 1000

with the subtracted CT number AzHU

AgHU = (1+ B) - HUy — B-HUL , 4.9)

+d (4.8)
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and with 3, c and d as free parameters.

The free parameters are determined by fitting Equation 4.6 (Equation 4.8) to measured HU
values of materials with known electron density (and effective atomic number) over a range of
values for a (8), while maximising the coefficient of determination R? resulting from the fit.
Furthermore, in order to convert the effective atomic number obtained via Equation 4.8 to an
ionisation energy, we apply the approach by Yang et al [33] which assumes a linear relation
between Z; and the logarithm of the ionisation energy, In(I). A distinction is made between
soft and bone tissues based on their effective atomic number:

In(I) = {Cl'Zeff+62 for Zg; < 8.5

(4.10)
C3 - Zeff + Cy fOr Zeff 2 85 .

The scanner- and protocol-independent parameters ¢, to ¢, (listed Table 4.A.6) are determined
based on 34 tabulated human tissues, whose compositions are taken from the ICRU report 44
[28] and from the work by White et al [29], as listed in Table 1 in Yang et al [33]. Following Yang
et al [33], thyroid was not included in the data used for regression.

For the calibration of the HS method, that is, finding its free parameters in Equations 4.6 to
4.9, allinserts of all phantoms were used (including all four solid water inserts of the Gammex
phantom) regardless of their tissue class.

When applying the HS method to obtain predicted SPR values, it is possible that a negative
value for pge. - ZZ is predicted, in which case taking the n'" root to obtain Z yields a non-
physical complex value. This occurred for the following inserts for at least one set of parame-
ters:

» Catphan phantom: 'Lung foam’ and ’polystyrene’,
« CIRS phantom: ’'Lung (inhale)’,
» Gammex phantom: ’LN30@ lung’.

These four inserts are hence excluded from evaluation when comparing the results for different
source voltage combinations and dose ratios.

4.2.7 Error Metrics
In the following, we describe the error metrics used in this work to evaluate SPR values in the
case of using a single calibration phantom.

The relative mean error (RME) quantiﬁes the bias and is defined as

-5 Z Tati 7 Tpi @.11)

‘Tgt i

RME =

Igt

with z ; as the ground truth value of insert 7, z, ; as the predicted value of insert i, and Az,
as the difference between these two values. Note that for ground truth values on SPR, Ty > 0
always holds, with zy € [0.178, 1.80].

The standard deviation on RME is

2
a(RME)—\jN 12(“ —RME) . (4.12)

gtz

The relative mean absolute error (RMAE) quantifies the mean deviation between predicted and
ground truth values, and is defined as

1 Az,
RMAE = ¥ Z

Lt

Tgt,i — Tp,i

, (4.13)

1
:Nzi:

Lt
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the standard deviation on which is

o (RMAE) = \jN 12(

The relative root mean square error (RRMSE) is defined as

2
RMAE) . (4.14)

xgt 7

LE i T )
RRMSE = \/N gt TRl

, (4.15)
N E xgt i

the standard deviation on which is
\/N 12 xgtz_ p,i 2_%Zi($gt,i_$p,i)2)
N Z i Lat,i \/N mgt i xp,i)z

When we combine the results for several calibration phantoms, the reported RME, RMAE and
RRMSE values are the mean of the RME, RMAE and RRMSE values for the individual calibra-
tion phantoms; the 10 standard deviation reported on the mean is then calculated via uncer-
tainty propagation of the standard deviations on the results for the individual calibration phan-
toms.

2
(4.16)

o(RRMSE) =

4.2.8 Insert Differentiation Feasibility

As a measure for how well two inserts can be distinguished from each other, we calculate
the Bhattacharyya coefficient (BC) between their CT number probability distributions. The BC
quantifies the overlap between two probability distributions P and @, with BC(P, Q) = 0 indi-
cating no overlap and BC(P, @) = 1 indicating perfect overlap. For two probability distributions
P and @ of discrete CT numbers in the ROIs of two inserts, BC(P, Q) is calculated according

to

P,Q) =Y \P() Q) , (4.17)

zeH

where 7 is the set of CT numbers of a single voltage in the case of a SE CBCT scan, or a set of
tuples of CT numbers in the case of DE CBCT scans.
For creating CT number probability distributions, we used a bin size of 4 HU as a compromise
between reducing statistical noise and using the smallest possible bin size. We only included
inserts mimicking soft tissue or adipose tissue (CIRS and Gammex phantom only), since the
CT values of these inserts lie close together.

4.3 Results

4.3.1 Stopping Power Ratio Prediction

For both the HS and the HLUT method we use three different scenarios to evaluate SPR predic-
tion performance: We use one phantom for calibration, while for evaluation we use either (1)
the same phantom, or (2) all phantoms but the calibration phantom, or (3) all three phantoms
(including the calibration phantom).

We would like to point out that scenario (2), evaluated for all choices of calibration phantoms,
results in a leave-one-out cross validation, which makes it the scenario that is the most indica-
tive of how well the applied SPR extraction method is able to generalise, under the constraints
of using a similar phantom diameter, similar insert compositions and same scan settings. For
this reason, while we will also show results on scenarios (1) and (3) in the referenced figures
and tables, we will focus mainly on scenario (2).
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Figure 4.3: RME on SPR incl. 1o standard deviation for (a) dual-energy CBCT and (b) single-energy CBCT.
The results are grouped according to the scenario used for evaluation: evaluation using the same phantom
that was used for calibration (bottom row), evaluation using all phantoms except the calibration phantom
(centre row), and evaluation using all phantoms (top row). The dose ratio is given as the ratio between the
dose given to the low and high energy scan.

Results for the HLUT method

For the HLUT method applied to SE CBCT scans, we show results for each choice of kVp; the
dose is always kept at 100 % to enable a fair comparison with DE scans. Figures 4.3b to 4.5b
show RME, RMAE and RRMSE for the three scenarios used for evaluation (only calibration phan-
tom, all phantoms except calibration phantom, and all phantoms), averaged over all three pos-
sible calibration phantoms. For results for each calibration phantom separately we refer to
Section 4.B.2 in the Appendix.

The evaluation of scenario (2) (all phantoms used for evaluating SPR prediction bias except
the calibration phantom itself), depicted in the centre row of Figure 4.3b, shows that the low-



Experimental Study

147

() (b)
Hiinemohr-Saito method HLUT method

1.76

el _..

«

£

[=}

g 205 [ 187 38

o

Ed

25/75

c
S
2
g
z 75/25
5_:

g
538 2 3
w wE © o
B EELE 4 s0/50 2
v = 0 o
> 25 8 a
© aF

= O
EZ 25/75 -
=
[
T

75/25

Qo

- 100

Only calibration
phantom
1+

131 [ 078 ff 174 41 3.7 3.
50/50 ‘ +0.48 $32 129 2
132 f 107 | 17
25/75 - PRNEN ErE

1 1 1 1 1 1
&0 W e 80 100 125
Y o o
0 2l AQ0

kVp combination kVp

I 1 1

65 10 15 20 25 3.0 35 40 45
RMAE on SPR [%]

Figure 4.4: RMAE on SPRincl. 1o standard deviation for (a) dual-energy CBCT and (b) single-energy CBCT.
The results are grouped according to the scenario used for evaluation: evaluation using the same phantom
that was used for calibration (bottom row), evaluation using all phantoms except the calibration phantom
(centre row), and evaluation using all phantoms (top row). The dose ratio is given as the ratio between the
dose given to the low and high energy scan.

est RME value of 1.3 % is achieved for a source voltage of both 80 kVp (+ 3.8 %) and 100 kVp
(£ 3.5 %). The difference in RME for the a 125 kVp voltage, however, is small (a factor of 1.2).
Examining the results in terms of RMAE (Figure 4.4b) and RRMSE (Figure 4.5b), we find that
both these metrics are lowest for a 125 kVp source voltage, with a RMAE of (3.4 + 2.7) % and
a RRMSE of (7.1 + 6.9) %. For this optimum voltage of 125 kVp, the bias, that is, the RME, is
still low compared to 80 and 100 kVp, with a value of RME = (1.5 + 3.3) %. The minimum and
maximum values achieved for different choices of the source voltage differ by a factor of 1.2 for
both RMAE and RRMSE (see Appendix Section 4.A.4 for the best performing set of calibration
parameters for the HLUT method).
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Figure 4.5: RRMSE on SPRincl. 1o standard deviation for (a) dual-energy CBCT and (b) single-energy CBCT.
The results are grouped according to the scenario used for evaluation: evaluation using the same phantom
that was used for calibration (bottom row), evaluation using all phantoms except the calibration phantom
(centre row), and evaluation using all phantoms (top row). The dose ratio is given as the ratio between the
dose given to the low and high energy scan.

Results for the Hiinemohr-Saito Method

For the HS method applied to DE CBCT scans, we show results for each chosen kVp combina-
tion as well as for each dose ratio. Figures 4.3a to 4.5a show RME, RMAE and RRMSE for the
three scenarios used for evaluation (only calibration phantom, all phantoms except calibration
phantom, and all phantoms), averaged over all three possible calibration phantoms. For re-
sults for each calibration phantom separately we refer to Section 4.B.3 in the Appendix.

The evaluation of scenario (2) (all phantoms used for evaluating SPR prediction bias except
the calibration phantom itself), depicted in the centre row of Figure 4.3a, shows that the low-
est RME value, i.e., the smallest bias, is achieved in several instances: a 100/125 kVp voltage
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combination and either a 25/75 dose ratio (25 % of the dose assigned to the low energy scan,
75 % to the high energy scan) or a 50/50 dose ratio, and an 80/100 kVp voltage combination
and a 50/50 dose ratio, all resulting in a RME of 0.0 (within the given number of significant dig-
its).

Examining the results achieved by the HS method in terms of RMAE (Figure 4.4a) and RRMSE
(Figure 4.5a), we find that both these metrics are lowest for an 89/125 kVp combination and
a 75/25 dose ratio, with a RMAE of (2.23 + 0.87) % and a RRMSE of (2.53 + 0.73) %. For this
set of optimum parameters, the bias, that is, the RME, is still low compared to other choices
of operating parameters, with a value of RME = (0.1 + 1.2) %. The minimum and maximum
values achieved for different choices of operating parameters differ by a factor of 1.9 and 3.0
for the error metric of RMAE and RRMSE, respectively (see Appendix Section 4.A.5 for the best
performing set of calibration parameters for the HS method).

4.3.2 Insert Differentiation Results

Figure 4.6 depicts the distribution of SE CT numbers of inserts mimicking adipose and soft
tissues, either approximated as normal distributions or plotting the CT number of a limited
number of voxels. Analogously, Figures 4.7 and 4.8 show the same for DE CT numbers.

The results for the calculated overlap, based on the Bhattacharyya coefficient, are shown in
Table 4.2 and 4.3 as the mean value over all pairs of adipose- and soft tissue-mimicking in-
serts for SE and DE CBCT, respectively.

In the SE case, the lowest overlap between tissues is achieved for a 125 kVp voltage, reach-
ing a BC of 0.220. In the DE case, the lowest overlap is reached for an 80/125 kVp voltage
combination and a 25/75 dose ratio (BC = 0.193), which is lower than in the SE case.

Table 4.2: Mean BC values over all pairs of  Table4.3: Mean BC values over all pairs of adipose-

adipose- and soft tissue-mimicking inserts (lower  and soft tissue-mimicking inserts (lower is better),

is better), calculated for the case of SE CBCT for calculated for the case of DE CBCT for different

different source voltages, always using the full combinations of the low (kVp,) and high (kVp,)

dose. source voltage, and for different ratios of dose as-
signed to the low and high source voltage.

kVp, kVp, Doseratio | Mean BC

kVp | Mean BC value
value 80 100 25/75 0.285

80 0.315 50/50 0.276
100 0.354 75/25 0.271
125 0.220 80 125 25/75 0.193
50/50 0.212

75/25 0.233

100 125 25/75 0.196

50/50 0.223

75/25 0.255

4.4 Discussion

4.4.1 SPR Prediction Methods

Comparing the performance of SPR extraction based on DE CBCT scans with the HS method
to that based on SE CBCT scans applying a HLUT, we find that in terms of bias, the HS method
achieves a minimum RME of (0.0 + 2.9) %, whereas the HLUT achieves a best value of (1.3
+ 3.8) %. In terms of RMAE, the HS and HLUT methods achieve a lowest value of (2.23 +




150

Chapter 4

(@) 80 kVp (b) 100 kVp (© 125 kVp

: : 1)

5
S,
> ] ]
g | | |
g ] .l ] N\
fry
= - \ ] ] 1\
©
- ] \ i \
]
J L VN
0
1 1 1 1 1 1 1 1 1
-100 0 100 -100 0 100 -100 0 100
CT number [HU] CT number [HU] CT number [HU]
(d) 80 kVp (e) 100 kVp (f) 125 kVp
Water
-a,i’l:&--. Spinal cord -i&-’*;, ‘ﬂ;
e Solid water (1) -+ fuseed. =]
P Kidney fa—y -
s 30 % Saipose [t -
adip2sRky., 30 % gland/ ¢
i ’HH 70 % aglpose rﬁ

Breast

‘“‘Hﬁ { ph-‘:ﬁ { Brain ‘H'

Adipose

CT number [HU] CT number [HU] CT number [HU]

Figure 4.6: CT numbers of inserts mimicking soft tissue and adipose tissue (CIRS and Gammex) for the SE
case, plotted for different source voltages. First row: Approximation of CT numbers of each insert by nor-
mal distributions (areas under the curves normalised to 1). Second row: For each insert, the CT numbers of
100 randomly selected voxels are depicted; the (semi-transparent) errorbars indicate 10 (20) confidence
intervals; the spread in y-direction is merely for illustrative purposes and has no physical meaning.

0.87) % and (3.4 + 2.7) %, respectively, which differ by a factor of about 1.5. In terms of
RRMSE, they achieve values of (2.53 + 0.73) % and (7.1 + 6.9) %, respectively, which differ by
a factor of about 2.8. While this means that the HS-based method for DE CBCT scans yields
more favourable results, the values for both the HS and HLUT method agree within their error
margins.

Hence, additional research will be needed before definite conclusions can be drawn about the
performance of SE and DE CBCT for SPR extraction, as this study has several limitations: First,
differences in HU units due to different phantom sizes or even an absent phantom body, re-
sulting in a varying degree of beam hardening correction. Second, inserts of different material
classes being used for either calibration or evaluation, and third, relatively small phantom sizes,
limiting the amount of scatter and hence mitigating the most detrimental effect to image qual-
ity in CBCT. Each of these limitations is discussed in more detail in the following.
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Figure 4.7: CT numbers of inserts mimicking soft tissue and adipose tissue (CIRS and Gammex) for the
DE case, plotted for different combinations of LE and HE source voltages and dose ratios. The summed
histogram of all inserts is shown in the background, and the ellipses indicate the 10 (solid line) and 2o

(shaded area) confidence intervals, assuming a normal distribution.
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To address the first point of different phantom sizes or even an absent phantom body, we evalu-
ated the RRMSE for each phantom separately (see Tables 4.B.25 to 4.B.27 for the HS method).
We find that in most cases, using the Gammex phantom for calibration and performing the
evaluation using the remaining phantoms, or using either the Catphan or CIRS phantom for
calibration and using the Gammex phantom for evaluation, yields the largest RRMSE values.
We attribute this to the fact that only slices without the Gammex phantom’s body are used,
which leads to an over-correction by the beam hardening correction algorithm and hence in-
correct HU values. As a consequence, HU values for the same material would hypothetically
differ between the Gammex phantom and the Catphan & CIRS phantom, and hence, a HS cali-
bration performed on the Gammex phantom is not applicable to the Catphan & CIRS phantom
and vice versa. This behaviour is not limited to RRMSE, yet can also be observed for the RME
(Tables 4.B.13 to 4.B.15 for HS method) and RMAE (Tables 4.B.19 to 4.B.21 for HS method).
We observe this effect only in case of the HS method, though, which warrants further investi-
gation.

Concerning the second point of different material classes of inserts, we would like to point out
that the CIRS and Gammex phantom exclusively exhibit inserts designed to mimic human tis-
sues. In contrast, the Catphan phantom exhibits only three human tissue-like inserts of which
one was excluded from evaluation (see Sections 4.2.5 and 4.2.6), whereas its other inserts are
commercially available plastics which do not resemble any human tissue with respect to their
combination of electron density, effective atomic number or ionisation energy (Figure 4.1).
Hence, using the Catphan phantom for calibration and applying it to the CIRS phantom (and
vice versa) might lead to suboptimal results. Based on the available data we cannot assess
whether this is indeed the case, as confirmation would require another phantom with a simi-
lar diameter and inserts made of human tissue-like materials for evaluation; our scans of the
Gammex phantom are unsuitable for this assessment. An indication for this, however, might
be found in Tables 4.B.7 to 4.B.9 showing the evaluation results of the HLUT method split by
each phantom: Regardless of the phantom used for calibration, the evaluation using the Cat-
phan phantom performs consistently worst.

Concerning the third point, since we were able to use only a smaller FOV with our scanner and
hence only phantoms comparable in size to a human head, the conclusions in this work ap-
ply only to objects with a similar diameter. Although tumours in the head and neck region are
among the main indications for proton therapy, larger phantoms introduce a stronger scatter
contribution which is one of the main reasons for the inferior image quality of CBCT compared
to fan-beam CT. The influence of larger diameters of the object under investigation is therefore
yet to be determined and will be discussed in more detail in Section 4.4.3.

While a number of studies have been published comparing DE fan-beam CT (DECT) to SE fan-
beam CT (SECT), it is often difficult to directly compare these to the work presented here due
to differences in the study design, examples of which are the evaluation of SPR extraction al-
gorithms on fresh tissues vs. evaluation based on phantom inserts, or comparison of predicted
SPR values with measured values vs. comparison with values calculated based on elemental
composition, etc. A notable exception is the work by Moskvin et al [15], who evaluated both SE
and DE SPR estimation algorithms using a dual-layer fan-beam CT and a Gammex 467 phan-
tom for both calibration as well as evaluation. Based on their published data, we calculate a
RME of -1.8 % (0.14 %), a RMAE of 2.5 % (0.71 %), and a RRMSE of 2.2 % (0.65 %) for SECT
(DECT). In our case, the best values achieved when using the Gammex phantom for both cali-
bration and evaluation are a RME 0f -0.36 % (0.21 %), aRMAE of 1.37 % (0.72 %), and a RRMSE
value of 1.60 % (0.93 %) for SE CBCT (125 kVp) and DE CBCT (80/125 kVp, 75/25 dose ratio),
respectively. Hence, our results obtained via SE CBCT are consistently better than those re-
ported by Moskvin et al for SE fan-beam CT, which is unexpected due to the generally worse
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image quality of CBCT compared to fan-beam CT. For DE CBCT, our results are consistently
worse compared to Moskvin et al, which aligns with our expectations for the same reason. The
unexpected findings in case of SE acquisitions could be due to the fact that Moskvin et al also
used their dual-layer detector for acquiring SE images or due to different HLUT implementa-
tions, and requires a more thorough analysis.

See Table 4.4 for more results on SPR extraction reported in literature.

Table 4.4: Reported values in literature for SPR extraction using SE and DE fan-beam CT.

Publication Results

Hansen et al [5] RRMSE between 1.6 to 2.7 % for SECT, between 0.5 to 0.9 % for
DECT.

Hudobivnik et al [6] | RRMSE values between 1.6 to 3.6 % for SECT and 1.0 to 1.2 % for
DECT.

Mohler et al [13] RME of (-0.84 + 0.12) % for SECT and (-0.02 + 0.15) % for DECT, and
a RMAE of (1.27 £ 0.12) % for SECT and (0.10 + 0.15) % for DECT.

Taasti et al [26] RRMSE of 2.8 % for SECT and between 0.9 to 1.5 % for DECT.

This study RME, RMAE and RRMSE value of (1.46 + 3.3) %, (3.42 + 2.7) % and
(7.05 + 6.9) %, respectively, for SECT; (0.1 +1.2) %, (2.23 + 0.87) %
and (2.53 + 0.73) % for DECT.

4.4.2 Insert Differentiation

The fact that the attenuation coefficient can be approximately described by the sum of two
interaction mechanisms with different dependency on energy (see Section 1.2.6) is the basis
for the possibility of DE (CB)CT to distinguish between materials with different chemical com-
positions but with the same attenuation coefficient u(E) at a certain energy E. Our evaluation
corroborates this, with a lower overlap between CT number distributions in the DE CBCT case
(BC =0.193) compared to the SE CBCT case (BC = 0.220).

We note that while the reported BC value is the mean value of the BC over all pairs of tissues,
some pairs lie sufficiently apart to not have any overlap at all (for example, the Gammex inserts
"adipose’ and ’liver’). These sufficiently separated pairs of tissues yield a BC of @ and hence do
not influence the mean value of the BC over all pairs of tissues for different operating param-
eters. The absolute number of the mean BC value has no particular meaning, only its relative
change is insightful.

4.4.3 Recommendations for a Follow-Up Study

In our study, we scanned the CIRS phantom in a head configuration using a single arrangement
of inserts. While the body ring of the CIRS phantom does not fit inside the FOV and was hence
not used, it contains 8 additional removable inserts (16 CIRS inserts in total) not included in
this study. Furthermore, the Gammex inserts have a slightly smaller diameter than the CIRS
inserts and are removable as well. This might allow to place the Gammex inserts inside the
CIRS phantom (head configuration), at the expense of introducing air gaps. Placing the so far
unused 8 inserts of the CIRS phantom and the 16 inserts of the Gammex phantom? inside the
CIRS phantom (head configuration) would make for 4 phantom configurations with distinct sets
ofinserts. Furthermore, for each of the 4 sets of inserts their arrangement can be varied in order
to quantify the measurement uncertainty due to beam hardening, as recommended by Peters,

2The Gammex phantom features 16 inserts in total, with 4 of them being ’solid water’ inserts, which brings the total
number of unique inserts to 13. Please note that one insert is a water container.
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Taasti et al[18]. Furthermore, for calibration they recommend to scan bone inserts individually
to avoid highly attenuating inserts from influencing each other, using the centre position of the
phantom while filling all other insert positions with materials similar to water.

While in principle it is possible to acquire scans in half-fan beam mode, our clinical system
does not and will not for the foreseeable future support the half-fan beam mode for all three
kVp voltages, which excludes the use of the Gammex phantom in a configuration as intended
by its manufacturer. With the FOV of the full-fan beam mode featuring a diameter of 289.5
mm, it would be possible to add a ring to the CIRS phantom (180 mm diameter) or construct a
custom-made phantom such that the phantom’s diameter is increased, and, as a consequence
the scatter-to-primary ratio. This would then allow to conduct a study with a greater contri-
bution of scatter while still using the full-fan beam mode of our system, and it would allow to
compare the robustness of a chosen SPR extraction method with respect to the phantom di-
ameter.

If it is desired to conduct a study using a bigger phantom, either custom made or using an
extension ring, it is crucial to prepare it by first testing the acceptance range of the beam hard-
ening correction: Different disks made of water-like material with diameters between 180 mm
and up to around 289.5 mm should be scanned and analysed based on HU accuracy and the
presence of artefacts.

In this study we relied on the CTDI values as given by the CBCT’s user interface as an indi-
cation of the radiation output by the system. Ideally, though, one would validate these CTDI
values with an approved methodology® to make sure the scans emit indeed the radiation dose
as stated by the machine parameters.

Moreover, the significance of a future study could furthermore be enhanced by investigating a
larger selection of methods for SPR extraction, a comparison of which was published by Bar et
al[1], as well as by including a comparison between CBCT scans to fan-beam CT scans.

Finally, we would like to note that in our study we reconstructed the images for each voltage
independently using a standard FDK algorithm. However, more information can potentially be
extracted by reconstructing the images at two energies jointly. In theory, this allows to achieve
a better HU accuracy due to better beam-hardening correction [14].

4.5 Conclusion

In this study we investigated the use of dual-energy cone-beam CT for extraction of proton
stopping power ratios for proton therapy planning. We emulated a dual-energy CBCT setup
by sequentially scanning three phantoms at different tube voltages. SPR values from dual-
energy scans were extracted using the Hinemohr-Saito method, and compared to SPR values
extracted from single-energy scans using a Hounsfield look-up table.

Comparing the predicted SPR values by either HS and HLUT method based on the achieved
RME, RMAE and RRMSE values, the HS method consistently performed better in this study.
However, we pointed out that these results need to be considered cautiously, due to the large
measurement uncertainties, the use of phantoms with different diameters, different and some-
times incompatible material classes of inserts, and the small size of phantoms (comparable to
the size of a human head). This warrants further research before definitive conclusions can be
drawn about the performance of SE and DE CBCT for SPR extraction, and we laid down recom-
mendations for an improved follow-up study to overcome these limitations.

3An appropriate standard to measure CTDI values for CBCT might be the IEC 60601-2-68 standard [8].
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Finally, we would like to note that we compared the performance of DE and SE CBCT only with
respect to their ability to extract SPR values. If CBCT is to supplement or even replace fan-
beam CT in treatment planning for proton therapy, it is necessary to also examine the soft
tissue contrast achieved with CBCT.

Data Availability
The data used in this work can be found here: https://doi.org/10.4121/c90c9688-403a-4685-
9c4f-bf9854008616.
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Appendix
4.A Supplementary Methods
4.A.1 Number of Voxels per ROI

Table 4.A.1: Number of voxels per ROIL. The number of voxels is specified as the product of number of
voxels in one slice (same for all slices) times the number of evaluated slices.

Insert Number of voxels
Catphan

n Acrylic 242 x 16
Air 242 x 16
20 % Bone 242 x 16
50 % Bone 248 x 16
Delrin 242 x 16
LDPE 248 x 16
Lung Foam 241 x 16
PMP 241 x 16
Polystyrene 242 x 16
Teflon 248 x 16
Air (empty water container) 420 x 16
CIRS
70 % Cort./30 % Trab. Bone 1264 x 21
30 % Gland/70 % Adipose 1245 x 21
70 % Gland/30 % Adipose 1264 x 21
Kidney 1245 x 21
Lung (inhale) 1245 x 21
Prostate 1245 x 21
Spinal Cord 1252 x 21
Spinal Disk 1252 x 21
Gammeyx, inserts only
Adipose 1252 x 8
Brain 1264 x 8
Breast 1264 x 8
B200 Bone Mineral 1252 x 8
CB2-30 % CaCO; Bone 1264 x 8
CB2-50 % CaCO; Bone 1264 x 8
Cortical Bone 1252 x 8
Inner Bone 1252 x 8
Liver 1264 x 8
LN300 Lung 1245 x 8
LN450 Lung 1252 x 8
Solid Water (1-4) 1252 x 8
Water 880 x 8
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4.A.2 Elemental Data

Table 4.A.2: Atomic number Z, mass number A and ionisation energy I for each element used in this study.

Element | Z A I [eV]
H 1 1.008 19.20
C 6 12.011 81.00
N 7 14.007 82.00
0 8 15999 106.00
Na 11 22990 168.37
Mg 12 24.305 176.28
P 15 30.974 195.49
S 16 32.060 203.40
Cl 17 35.453 180.00
K 19 39.098 214.70
Ca 20 40.078 215.83
Fe 26 55.845 323.18
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4.A.3 Comparison Between Measured and Calculated SPR Values

Since SPR data measured at the HollandPTC proton treatment facility is only available for the
Gammex and CIRS phantom but not the Catphan phantom, we hence compare the predicted
SPR values to SPR values calculated based on the available elemental composition and mass
density data of phantom inserts, as this data is available for all three phantoms. Table 4.A.3
compares SPR values calculated based on composition and mass density to the measured val-
ues, and we observe a mean relative difference of (1.24 + 0.46) % for the CIRS and (1.50 *
2.26) % for the Gammex phantom.

Table 4.A.3: SPR values as calculated based on the elemental composition and electron density of the
inserts as specified by the manufacturers (SPR o, calculated based on Equation 4.4), and compared to

SPR values measured at HollandPTC (SPR,c55)- The table compares the relative and absolute differences
between SPR.omp and SPReqs, @nd the mean, standard deviation, minimum and maximum values for the

relative and absolute differences.

Insert SPReomp  SPRmess  relative diff.  absolute diff.
[%]
CIRS
70 % cort./30 % trab. bone 1.47 1.49 0.95 0.014
30 % gland/70 % adipose 0.975 0.987 1.17 0.011
70 % gland/30 % adipose 1.01 1.03 1.98 0.020
Kidney 1.05 1.05 0.52 0.005
Lung (inhale) 0.203 0.207 1.80 0.004
Prostate 1.04 1.05 1.14 0.012
Spinal cord 1.03 1.05 1.49 0.015
Spinal disk 1.07 1.08 0.85 0.009
Mean 1.24 0.011
Std 0.46 0.005
Min 0.52 0.004
Max 1.98 0.020
Gammex
Adipose 0.948 0.951 0.35 0.003
Brain 1.05 1.03 -2.13 -0.022
Breast 0.976 0.979 0.33 0.003
CB2-30 % CaCO; bone 1.25 1.29 2.94 0.037
CB2-50 % CaCO; bone 1.42 1.45 2.13 0.030
Cortical bone 1.61 1.58 -1.72 -0.028
Inner bone 1.09 1.11 1.86 0.020
Liver 1.07 1.09 1.82 0.020
LN30@0 lung 0.270 0.280 3.82 0.010
LN450 lung 0.443 0.468 5.59 0.025
Mean 1.50 0.010
Std 2.26 0.020
Min -2.13 -0.028
Max 5.59 0.037
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4.A.4 HLUT Calibration Parameters

Table 4.A.4 states the HLUT calibration parameters for each of the three calibration phantoms,
but only for the source voltage of 125 kVp that achieved the best results.

Table 4.A.4: HLUT calibration parameters for each of the calibration phantoms.

Phantom Stoichiometric calib. coeff. HLUT connection points
KPh Feoh KN | CT number SPR

Catphan | 2.434e-05 1.142e-4 0.4998 -1024 0.0011
-999 0.0011

-950 0.0663

-159 0.8416

-139 0.9301

-40 0.9972

0 0.9974

70 1.0660

158 1.0674

2000 1.7582

CIRS 2.089e-05 2.389%e-17 0.5027 -1024 0.0011
-999 0.0011

-950 0.0705

-153 0.8476

-133 0.9267

-34 0.9961

0 0.9968

68 1.0631

155 1.0878

2000 1.8304

Gammex | 2.448-05 2.913-18 0.5047 -1024 0.0011
-999 0.0011

-950 0.0796

-160 0.8426

-140 0.9228

-36 0.9964

0 0.9971

103 1.0966

235 1.0969

2000 1.7600
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4.A.5 HS Calibration Parameters
Table 4.A.5 states the HS calibration parameters for each of the three calibration phantoms, but
only for the optimum source voltage combination of 80/125 kVp and a 75/25 dose ratio.

Table 4.A.5: HS calibration parameters for each of the calibration phantoms.

Parameter Phantom

Catphan CIRS Gammex
o 216 +0.01 2.048 + 0.008 2.212 +0.004
a 0.9303 +0.0072 0.9184 +0.0036 0.8988 +0.0057
b 0.9829 +0.0034 0.9983 +0.0014 1.0036 +0.0020
3 -14.65 +0.05 -17.22 + 0.003 -18.3 £0.07
c 638 +13 617.3+5.1 535.7+5.1
d 447 + 15 413.0+6.7 362.4+9.2

Table 4.A.6 lists the calibration parameter for the conversion from effective atomic number to
ionisation potential for the same optimum parameters.

Table 4.A.6: HS calibration parameters for the conversion from effective atomic number to ionisation po-

tential.
Parameter Value
c1 0.1217 + 0.0054
cy 3.400 + 0.040
3 0.1022 + 0.0043
e 3.331+0.051
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4.B Supplementary Results

Please note that in this section, the number of digits (after the decimal point) for stated uncer-
tainties is kept constant and not adapted to the value it quantifies the uncertainty of; this is not
to be understood as an indication for the number of reliably known digits.

Furthermore, please note that uncertainties are specified as 1o standard deviation.

4.B.1 Hounsfield Unit Values for All Phantoms, Inserts, Voltages and Dose Per-

centages u
Table 4.B.1: HU values (mean = stdev.) for all inserts of the Catphan phantom, for all source voltages and
percentages of the maximum dose.

Insert kVp  Percentage of Attenuation
max. dose
[kV] [%] [HU]
Acrylic 80 25 129.9+40.1
80 50 125.1+27.5
80 75 122.3+22.9
80 100 121.4+19.3
100 25 140.4 + 40.3
100 50 135.7 £ 29.7
100 75 132.9+23.5
100 100 132.3+21.3
125 25 139.6 +20.3
125 50 139.4+14.8
125 75 137.3+11.9
125 100 136.8+10.6
Air 80 25 -995.4+10.7
80 50 -9959+ 84
80 75 -996.1+ 7.8
80 100 -996.8+ 6.4
100 25 -996.0+ 9.7
100 50 -997.0+ 6.8
100 75 -997.6+ 54
100 100 -997.7+ 5.1
125 25 -998.3+ 4.5
125 50 -999.0+ 3.3
125 75 -999.2+ 2.8
125 100 -999.3+ 24
Air (2) (empty water container) 80 25 -995.6+ 9.8
80 50 -996.0+ 7.8
80 75 -996.3+ 6.7
80 100 -997.0+ 5.8
100 25 -997.1+ 6.9
100 50 -997.8+ 4.9
100 75 -998.3+ 3.7
100 100 -998.7+ 2.5
125 25 -998.7+ 2.3
125 50 -999.1+ 1.4
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Table 4.B.1: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kV] [%] [HU]
125 75 -999.3+ 1.3
125 100 -999.3+ 1.2
20 % Bone 80 25 335.1+45.1
80 50 324.4+33.4
80 75 323.1+285
80 100 319.6+25.4
100 25 291.6 +46.4
100 50 285.9 £32.7
100 75 284.0 +28.1
100 100 283.5+25.6
125 25 262.0+23.8
125 50 261.8+17.6
125 75 260.1+16.1
125 100 257.3+14.7
50 % Bone 80 25 960.4 +49.4
80 50 938.3+34.4
80 75 931.7+29.1
80 100 927.4+26.1
100 25 840.5 +46.6
100 50 825.2+33.1
100 75 818.2 + 28.7
100 100 815.3+25.3
125 25 747.9 +23.5
125 50 747.7 +18.0
125 75 743.2+15.0
125 100 742.1+14.3
Delrin 80 25 380.2+41.5
80 50 373.9+28.38
80 75 364.6+23.4
80 100 368.0+20.3
100 25 389.5+42.2
100 50 377.9+30.2
100 75 379.4+24.8
100 100 371.6 +20.9
125 25 379.5+20.7
125 50 384.5+15.0
125 75 376.7+12.1
125 100 380.8+11.3
LDPE 80 25 -104.4 +39.3
80 50 -106.5+27.2
80 75 -107.0+21.8
80 100 -107.2+19.4
100 25 -91.8+41.4
100 50 -95.3+27.5
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Table 4.B.1: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kV] [%] [HU]
100 75 -95.0+23.3
100 100 -95.5+19.7
125 25 -86.4+20.5
125 50 -845+14.4
125 75 -87.6+11.9
125 100 -87.6 +10.5
Lung Foam 80 25 -852.2+35.7
80 50 -841.4+25.0
80 75 -837.2+19.8
80 100 -836.8+17.7
100 25 -856.7+37.2
100 50 -848.4+26.2
100 75 -845.4+21.1
100 100 -843.3+18.2
125 25 -849.2+19.2
125 50 -847.3+13.9
125 75 -847.6 +11.7
125 100 -847.7+10.8
PMP 80 25 -197.0+39.1
80 50 -194.8+26.0
80 75 -195.2+21.4
80 100 -194.7 +18.8
100 25 -182.5+39.3
100 50 -183.8 +28.2
100 75 -182.5+23.4
100 100 -183.8+19.5
125 25 -177.5+19.2
125 50 -175.0+14.0
125 75 -177.9+11.9
125 100 -177.4+10.2
Polystyrene 80 25 -42.0+39.6
80 50 -41.2+28.5
80 75 -45.0 +22.7
80 100 -43.1+19.6
100 25 -28.1+41.2
100 50 -33.6+28.9
100 75 -30.9+23.8
100 100 -34.2+20.0
125 25 -24.8+20.3
125 50 -21.4+145
125 75 -26.3+11.5
125 100 -24.2+10.6
Teflon 80 25 1060.3 +£45.9
80 50 1039.5+32.4
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Table 4.B.1: (continued)

Insert kVp  Percentage of Attenuation
max. dose

[kV] [%] [HU]
80 75 1027.7 £27.0
80 100 1026.0 £23.4
100 25 1037.0 +48.8
100 50 1016.3 £33.2

n 100 75 1013.1+27.8
100 100 1004.0 + 23.5
125 25 999.1+23.4
125 50 999.7 +17.5
125 75 992.8+13.8
125 100 994.1+13.0

Table 4.B.2: HU values (mean % stdev.) for all inserts of the CIRS phantom, for all source voltages and
percentages of the maximum dose.

Insert kVp  Percentage of Attenuation
max. dose

[kV] [%] [HU]

70 % Cort./30 % Trab. Bone | 80 25 1390.8 £52.5
80 50 1370.9 +£38.2
80 75 1360.9 +32.3
80 100 1363.0 £ 29.8
100 25 1232.7+49.4
100 50 1210.2 £35.9
100 75 1205.8 + 30.5
100 100 1196.2 £27.3
125 25 1100.5+24.9
125 50 1100.6 £ 20.1
125 75 1095.2+17.7
125 100 1100.7 £16.7

30 % Gland/70 % Adipose 80 25 -51.1+33.0
80 50 -53.0+23.0
80 75 -54.0+18.8
80 100 -54.8+16.3
100 25 -43.5+33.8
100 50 -47.5+24.3
100 75 -46.4£20.1
100 100 -48.8+17.9
125 25 -49.2+16.6
125 50 -48.4+11.9
125 75 -50.7+ 9.8
125 100 -50.3+ 8.6

70 % Gland/30 % Adipose 80 25 9.6 +35.0
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Table 4.B.2: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kV] [%] [HU]
80 50 4.2 +24.6
80 75 5.7 £20.7
80 100 1.3+17.6
100 25 11.9+35.4
100 50 10.8+25.4
100 75 7.9+21.4
100 100 8.8+19.1
125 25 48+17.8
125 50 3.1+13.0
125 75 2.6+11.0
125 100 0.1+ 9.9
Kidney 80 25 64.4+35.6
80 50 61.7£25.1
80 75 60.2 +20.2
80 100 60.2+17.4
100 25 62.2+36.1
100 50 57.7+£25.5
100 75 58.1+20.8
100 100 54.6 £18.1
125 25 53.4+17.6
125 50 53.8+13.0
125 75 53.2+10.6
125 100 53.2+ 9.4
Lung (inhale) 80 25 -820.1+29.0
80 50 -811.2+21.6
80 75 -813.0+17.7
80 100 -809.7 +16.4
100 25 -825.4+29.7
100 50 -824.1+21.6
100 75 -818.4+18.5
100 100 -821.2+16.3
125 25 -831.2+15.8
125 50 -825.8+13.0
125 75 -829.6+11.1
125 100 -828.5+10.8
Prostate 80 25 68.4+34.1
80 50 65.3+23.6
80 75 63.9+19.4
80 100 63.0+16.7
100 25 69.0 +34.6
100 50 64.3+24.7
100 75 64.5+20.5
100 100 62.0+£18.3
125 25 57.4+17.3
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Table 4.B.2: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kV] [%] [HU]
125 50 58.3+12.6
125 75 55.4+10.3
125 100 56.6+ 9.3
Spinal Cord 80 25 62.5+35.3
n 80 50 60.2+24.6
80 75 58.7+£19.9
80 100 58.6 +17.4
100 25 62.2+359
100 50 57.1+25.7
100 75 57.7 £20.9
100 100 54.6 +18.4
125 25 52.2+17.4
125 50 52.6 £12.7
125 75 51.0+£10.5
125 100 51.7+ 9.3
Spinal Disk 80 25 135.9+35.8
80 50 132.9+25.3
80 75 131.7+£20.4
80 100 131.6 +17.8
100 25 129.8+35.8
100 50 124.9 + 25.7
100 75 1249+21.1
100 100 121.5+18.6
125 25 118.5+17.9
125 50 119.3+13.2
125 75 118.6 +10.9
125 100 119.0+ 9.7

Table 4.B.3: HU values (mean % stdev.) for all inserts of the Gammex phantom (slices with inserts only),
for all source voltages and percentages of the maximum dose.

Insert kVp  Percentage of Attenuation
max. dose

[kv] [%] [HU]

Adipose 80 25 -102.4 £ 20.7
80 50 -102.5+18.6
80 75 -103.4£15.9
80 100 -103.1+17.4
100 25 -96.8 £ 20.8
100 50 -99.7+17.3
100 75 -99.8+17.3
100 100 -101.3+15.6
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Table 4.B.3: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kv] [%] [HU]
125 25 -98.1+15.0
125 50 -98.4+14.9
125 75 -96.3+11.9
125 100 -100.3 £12.8
Brain 80 25 12.5+21.5
80 50 16.2£22.2
80 75 9.1+18.0
80 100 10.7 £20.7
100 25 25.4+£22.2
100 50 18.9+18.6
100 75 20.6 £19.5
100 100 14.2+£17.3
125 25 19.0+17.6
125 50 21.5+18.9
125 75 17.4+15.0
125 100 21.3+£17.7
Breast 80 25 -28.2+18.8
80 50 -35.9+16.7
80 75 -31.9+15.6
80 100 -38.1+15.2
100 25 -33.2+18.2
100 50 -32.3+15.8
100 75 -37.9+15.9
100 100 -34.4+14.8
125 25 -36.0+14.4
125 50 -41.2+13.2
125 75 -38.5+11.9
125 100 -43.1+11.8
B200 Bone Mineral 80 25 377.0+26.4
80 50 380.9 £21.7
80 75 379.6 £20.4
80 100 382.5+18.7
100 25 331.3+24.8
100 50 326.0+21.1
100 75 328.0£18.5
100 100 323.0+18.2
125 25 296.1+15.1
125 50 301.8+13.0
125 75 300.4£14.2
125 100 297.9+12.2
CB2-30 % CaCO; Bone | 80 25 738.7+25.0
80 50 744.5 £ 23.6
80 75 740.4 +21.3
80 100 741.0+21.3
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Table 4.B.3: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kV] [%] [HU]
100 25 665.0 +24.2
100 50 660.5+20.7
100 75 661.7 +20.3
100 100 654.0 +18.2
125 25 606.5+17.5
125 50 603.5+17.2
125 75 598.9+17.2
125 100 603.2+14.9
CB2-50 % CaCO; Bone | 80 25 1332.0 +33.6
80 50 1337.2+30.4
80 75 1339.3+29.8
80 100 1336.5+27.6
100 25 1183.9+29.4
100 50 1182.9 + 26.8
100 75 1181.9 + 25.7
100 100 1177.1+24.8
125 25 1081.8 + 24.0
125 50 1073.6 +19.4
125 75 1072.9 +22.3
125 100 1070.8 +22.3
Cortical Bone 80 25 2022.3+41.9
80 50 2036.6 +42.5
80 75 2034.5+39.6
80 100 2040.3 +38.2
100 25 1801.0 + 38.6
100 50 1791.9 + 34.6
100 75 1798.7 + 34.6
100 100 1790.5 + 30.0
125 25 1633.9 +30.2
125 50 1632.1+27.5
125 75 1620.3+27.5
125 100 1624.3 +30.2
Inner Bone 80 25 369.6 £29.8
80 50 368.0+24.5
80 75 369.6 +22.7
80 100 368.2+21.1
100 25 314.4+26.9
100 50 315.7+23.2
100 75 312.5+21.5
100 100 313.5+20.7
125 25 282.4+19.3
125 50 281.5+17.1
125 75 284.3+19.2
125 100 278.3+15.9
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Table 4.B.3: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kv] [%] [HU]
Liver 80 25 110.7 + 27.0
80 50 111.3 £20.8
80 75 111.0+21.0
80 100 111.4£18.2
100 25 103.5+24.9
100 50 102.6 £22.1
100 75 103.8 +18.8
100 100 101.6 £ 20.0
125 25 96.5+17.8
125 50 97.9+13.9
125 75 95.7+15.4
125 100 93.2+13.9
LN300 Lung 80 25 -748.3 £+ 25.8
80 50 -748.9 £24.0
80 75 -747.5+221
80 100 -748.3£21.8
100 25 -762.7+26.1
100 50 -763.9+£23.4
100 75 -763.1+224
100 100 -765.2+22.1
125 25 -768.0+18.2
125 50 -768.9 £18.2
125 75 -766.3£16.9
125 100 -766.9+17.1
LN450 Lung 80 25 -556.0+24.4
80 50 -559.6 £ 20.9
80 75 -556.6 +20.8
80 100 -558.6 £19.1
100 25 -570.5+23.8
100 50 -570.5+£22.1
100 75 -571.6 +20.0
100 100 -570.1+£20.1
125 25 -576.5+17.3
125 50 -576.4£15.9
125 75 -578.9+15.8
125 100 -585.0 £14.7
Solid Water (1) 80 25 39.5+£19.1
80 50 445+171
80 75 38.5+£16.0
80 100 41.3+18.5
100 25 37.7+20.2
100 50 31.5+£16.6
100 75 33.8+18.5
100 100 28.4+16.4
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Table 4.B.3: (continued)

Insert kVp  Percentage of Attenuation
max. dose
[kv] [%] [HU]
125 25 25.0+15.6
125 50 25.2+16.6
125 75 22.4+11.4
125 100 27.4+£12.3
Solid Water (2) 80 25 21.3+22.7
80 50 19.5+20.0
80 75 19.4+£17.3
80 100 18.9+18.0
100 25 10.6 £23.1
100 50 12.1+18.8
100 75 10.9 £18.7
100 100 10.9£16.9
125 25 45+15.1
125 50 6.1+16.2
125 75 -2.4+13.9
125 100 -4.1+14.0
Solid Water (3) 80 25 27.8+25.7
80 50 35.0+24.2
80 75 29.3+20.2
80 100 34.9+21.0
100 25 25.9+26.7
100 50 20.1+21.6
100 75 25.4+21.3
100 100 18.7 +18.7
125 25 17.5+£16.7
125 50 22.0+17.5
125 75 17.0+16.5
125 100 18.6 £16.7
Solid Water (4) 80 25 26.6+254
80 50 29.2+19.8
80 75 27.7 £20.0
80 100 29.6+17.1
100 25 209+22.1
100 50 17.9+21.0
100 75 19.9+16.6
100 100 17.2+17.8
125 25 11.7+£17.0
125 50 17.3+12.6
125 75 7.2+16.5
125 100 5.8+11.8
Water 80 25 22.3+19.3
80 50 16.7£15.5
80 75 21.0+154
80 100 17.0+13.4




Experimental Study 175

Table 4.B.3: (continued)

Insert kVp  Percentage of Attenuation
max. dose

[kv] (%] [HU]

100 25 16.8+17.7
100 50 15.8+15.2
100 75 14.0£15.3
100 100 16.1+14.0
125 25 12.5+13.1 u
125 50 7.4+12.0
125 75 11.6+ 9.5
125 100 6.8+ 9.5
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Figure 4.B.1: CT numbers noise levels of both Gammex and CIRS inserts (soft tissue and adipose), for
different source voltages and dose ratios. The errorbars indicate 1o confidence intervals.
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4.B.2 Additional Results for the Hounsfield Look-Up Table Method

Table 4.B.4: Results for the HLUT method, using different values for the source voltage and different
choices of calibration phantom. Results are shown as the RME on SPR in percent, either including only
the calibration phantom in the calculation of the RME, or all phantoms except the calibration phantom, or

all phantoms.

kVp  Calibration Evaluation phantom(s)
[kV]  phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom

80  Catphan 8.4+10.6 -0.76 £2.07 1.44+6.55
CIRS -0.51+1.14 0.86 +7.38 0.53+6.44
Gammex -0.99 £ 2.08 3.84+8.61 1.34 £ 6.53

100 Catphan 7.74 £ 9.86 -0.40+1.82 1.56+5.99
CIRS -0.555+ 0.859 0.90+6.71 0.55+5.86
Gammex -0.69 £1.75 3.49+7.94 1.33+£5.95

125 Catphan 7.22£9.23 -0.07+£1.88 1.69+5.57
CIRS -0.317+ 0.966 1.08+6.21 0.74 £5.43
Gammex -0.36 £1.71 3.35+7.35 1.43 £5.49

Table 4.B.5: Results for the HLUT method, using different values for the source voltage and different
choices of calibration phantom. Results are shown as the RMAE on SPR in percent, either including only
the calibration phantom in the calculation of the RMAE, or all phantoms except the calibration phantom,

or all phantoms.

kVp  Calibration Evaluation phantom(s)
[kV]  phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom

80 Catphan 9.51+9.36 1.83+1.18 3.68+5.57
CIRS 0.998 £ 0.661 490 +5.49 3.96 £ 5.06
Gammex 1.88+1.26 5.52 +7.56 3.64+554

100 Catphan 8.85+8.71 1.53+1.00 3.30+5.21
CIRS 0.793 + 0.603 4.42 +5.05 3.54+4.66
Gammex 1.49 +1.09 5.06 £ 6.98 3.21+5.15

125 Catphan 8.28 £ 8.13 1.45+1.15 3.10+4.90
CIRS 0.775 +0.591 410+4.71 3.29+4.34
Gammex 1.37+1.04 4.73 £6.49 2.99 +4.80
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Table 4.B.6: Results for the HLUT method, using different values for the source voltage and different
choices of calibration phantom. Results are shown as the RRMSE on SPR in percent, either including only
the calibration phantom in the calculation of the RRMSE, or all phantoms except the calibration phantom,

or all phantoms.

kVp  Calibration Evaluation phantom(s)
[kv] phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom

80 Catphan 16.9+16.5 2.21+1.35 9.3+18.5
CIRS 1.096 + 0.509 10.0+16.1 8.8+16.3
Gammex 223+1.41 12.7 +18.0 9.3+18.7

100 Catphan 15.8+15.3 1.90+1.47 8.7+17.3
CIRS 0.910 £ 0.442 9.2+14.7 8.0+£14.8
Gammex 1.84+£1.29 11.7 +16.7 8.6+17.4

125 Catphan 14.7 £14.3 1.74 £1.32 81+16.1
CIRS 0.888 +0.436 8.5+13.7 7.4+13.8
Gammex 1.60+1.03 10.9 +15.5 8.0+£16.2

Table 4.B.7: Results for the HLUT method and different choices of calibration phantom. Results are shown

as the RME on SPR in percent, using only one phantom for evaluation at a time.

kVp  Calibration phantom Catphan CIRS Gammex

[kv]

80 Catphan 8.4+10.6 -0.09 £1.95 -1.07 £2.12
CIRS 7.0+10.5 -0.51+1.14  -1.99+2.59
Gammex 8.0+£10.7 -0.30£2.36 -0.99 £ 2.08

100 Catphan 7.74 £ 9.86 -0.07 £1.86 -0.56 £1.84
CIRS 6.19+9.77 -0.555+0.859 -1.57+247
Gammex 7.34+£9.89 -0.36+2.11 -0.69 +1.75

125 Catphan 7.22+£9.23 0.16 £1.72 -0.17 £1.99
CIRS 5.72+9.09 -0.317+0.966 -1.08+2.58
Gammex 6.85+9.21 -0.14+1.91 -0.36+1.71

Table 4.B.8: Results for the HLUT method and different choices of calibration phantom. Results are shown

as the RMAE on SPR in percent, using only one phantom for evaluation at a time.

kVp  Calibration phantom Catphan CIRS Gammex

(kv]

80 Catphan 9.51+9.36 1.558+0.989 1.95+1.27
CIRS 9.72+7.60 0.998 £0.661 2.64+1.86
Gammex 9.20+9.52 1.85+1.29 1.88+1.26

100 Catphan 8.85+8.71 1.37+1.13 1.611 +0.969
CIRS 8.92+6.89 0.793+0.603 2.32+1.73
Gammex 8.47 +8.76 1.64+1.20 1.49 +1.09

125 Catphan 8.28+8.13 1.29+1.03 1.52+1.23
CIRS 8.28+6.40 0.775+0.591 214 +1.72
Gammex 7.95+8.11 1.50+1.03 1.37+1.04
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Table 4.B.9: Results for the HLUT method and different choices of calibration phantom. Results are shown
as the RRMSE on SPR in percent, using only one phantom for evaluation at a time.

kVp  Calibration phantom Catphan CIRS Gammex

(kv]

80 Catphan 16.9 £16.5 2.07 £1.66 2.27£1.25
CIRS 15.5+14.8 1.096 +£0.509 3.61+236
Gammex 16.8+16.8 2.44 £1.66 2.23+1.41

100 Catphan 15.8 +15.3 2.05+1.91 1.83+1.19
CIRS 14.2+13.5 0.910+0.442 3.33+252
Gammex 15.6 £15.5 2.27+£1.74 1.84+1.29

125 Catphan 14.7 +14.3 1.90+1.78 1.647 £0.962
CIRS 13.2+125 0.888%0.436 3.00+224
Gammex 14.5+14.5 2.03 £1.57 1.60 +1.03
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4.B.3 Additional Results for the Hiinemohr-Saito Method
Results using RME as error metric
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Figure 4.B.2: RME on SPR for different kVp combinations, dose ratios, and phantoms used for calibration as
obtained by the HS method. The results are grouped by case: Evaluation of RME using the same phantom
that was used for calibration, evaluation using all phantoms except the calibration phantom, and evaluation
using all phantoms. See also Tables 4.B.10 to 4.B.12.
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Table 4.B.10: Results for the HS method using a kVp combination of 80/100 kVp and different choices of
calibration phantom. Results are shown as the RME on SPR in percent, either including only the calibration
phantom in the calculation of the RME, or all phantoms except the calibration phantom, or all phantoms.

Dose ratio  Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan -0.98 £ 1.69 -1.45+7.61 -1.33£6.64
CIRS 0.10£0.91 -0.96 £6.33 -0.70+5.52
Gammex 0.23 +2.15 1.23+6.33 0.71+4.60
50/50 Catphan -1.34+1.23 1.47 +2.70 0.79£2.70
CIRS 0.09 £1.34 0.54 £2.79 0.43+£2.50
Gammex 0.08 +2.07 -2.08+2.20 -0.96+2.36
75/25 Catphan -0.82+1.32 3.52+2.80 2.47 +3.13
CIRS 0.08 £1.06 2.28+4.22 1.75+3.81
Gammex 0.19 +2.29 -4.21+1.82 -1.93+3.03

Table 4.B.11: Results for the HS method using a kVp combination of 80/125 kVp and different choices of
calibration phantom. Results are shown as the RME on SPR in percent, either including only the calibration
phantom in the calculation of the RME, or all phantoms except the calibration phantom, or all phantoms.

Doseratio Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan -1.09 +1.40 0.69+4.70 0.26 £4.20
CIRS 0.14 £ 0.85 -1.36£3.49 -1.00x3.11
Gammex 0.32+1.71 0.03+3.34 0.18 £ 2.58
50/50 Catphan -1.05+1.28 2.39+2.54 1.56 £2.73
CIRS 0.12+0.71 -0.67+£245 -0.48+2.18
Gammex 0.15+0.97 -1.55+2.33 -0.67+1.93
75/25 Catphan -0.96 £1.39 2.41 +2.08 1.60+2.41
CIRS 0.11+0.61 -9.57+£228 -0.41x201
Gammex 0.21+0.93 -1.64+201 -0.68+1.79
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Table 4.B.12: Results for the HS method using a kVp combination of 100/125 kVp and different choices of
calibration phantom. Results are shown as the RME on SPR in percent, either including only the calibration
phantom in the calculation of the RME, or all phantoms except the calibration phantom, or all phantoms.

Dose ratio Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan -1.23 £2.34 0.98 £ 6.52 0.45 + 5.83
CIRS 0.22£1.63 -2.97+4.53 -2.20+4.23
Gammex 0.44 +3.31 1.96 +3.83 1.17 + 3.59
50/50 Catphan -0.73 £1.90 3.18+4.01 2.24 £3.96
CIRS 0.23 £2.05 -2.67+421 -197%3.98
Gammex 0.15+3.18 -90.39+3.38 -0.11+3.23
75/25 Catphan -1.16 £1.90 3.20+1.96 2.14 £2.69
CIRS 0.16 £ 1.00 -2.46£3.17 -1.83%3.00
Gammex 0.22 +2.07 -0.95+281 -0.34+2.48

Table 4.B.13: Results for the HS method using a kVp combination of 809/100 kVp and different choices
of calibration phantom. Results are shown as the RME on SPR in percent, using only one phantom for
evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan -0.98+1.69 -0.63+1.22 -1.83+9.26
CIRS -0.55£197 0.10+091 -1.16x7.64
Gammex 1.08+7.48 1.38+555 0.23+2.15
50/50 Catphan -1.34+£1.23 -0.16+1.94 224271
CIRS -1.16£1.80 0.09+1.34 133286
Gammex -246+181 -1.70+2.61 0.08+*2.07
75/25 Catphan -90.82+£1.32 1062101 4.66+2.62
CIRS -244+£233 0.08x106 449284
Gammex -5.24+1.67 -3.18+1.37 0.19%2.29

Table 4.B.14: Results for the HS method using a kVp combination of 80/125 kVp and different choices
of calibration phantom. Results are shown as the RME on SPR in percent, using only one phantom for
evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan -1.09+1.40 1.07+1.02 0.51+5.71
CIRS -211+1.47 0.14+0.85 -1.00+4.11
Gammex -0.99+3.47 1.06 +3.09 0.32+1.71
50/50 Catphan -1.05+1.28 1.97+0.77 2.59+3.05
CIRS -2.73+1.07 0.12+0.71 0.29+2.33
Gammex -2.93+199 -0.17+1.83 0.15%+0.97
75/25 Catphan -0.96+1.39 1.94+0.67 2.63+2.48
CIRS -2.71+1.00 0.11+0.61 0.42+2.00
Gammex -3.01+1.42 -0.27+1.53 0.21+0.93
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Table 4.B.15: Results for the HS method using a kVp combination of 100/125 kVp and different choices
of calibration phantom. Results are shown as the RME on SPR in percent, using only one phantom for

evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan -1.23+2.34 256+2.18 0.25+7.74
CIRS -3.01+2.74 0.22+1.63 -2.95%+5.25
Gammex 0.45+3.88 3.47+336 044+331
50/50 Catphan -0.73+1.90 4.18+2.27 2.71+4.60
CIRS -5.92+2.60 0.23+2.05 -1.15%4.00
Gammex -2.75+2.76 1.97+203 0.15+3.18
75/25 Catphan -1.16+1.90 3.64+1.43 299+2.18
CIRS -4.00+232 0.16+1.00 -1.74+3.31
Gammex -3.21+1.82 1.31+1.35 0.22+2.07
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Results using RMAE as error metric
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Figure 4.B.3: RMAE on SPR for different kVp combinations, dose ratios, and phantoms used for calibration
as obtained by the HS method. The results are grouped by case: Evaluation of RMAE using the same
phantom that was used for calibration, evaluation using all phantoms except the calibration phantom, and
evaluation using all phantoms. See also Tables 4.B.16 to 4.B.18.
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Table 4.B.16: Results for the HS method using a kVp combination of 80/100 kVp and different choices
of calibration phantom. Results are shown as the RMAE on SPR in percent, either including only the cal-
ibration phantom in the calculation of the RMAE, or all phantoms except the calibration phantom, or all
phantoms.

Dose ratio Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms u
phantom excl. calibr.
phantom
25/75 Catphan 1.62+0.96 4.60+6.16 3.88+551
CIRS 0.72 £0.48 4.07 £4.87 3.26+£4.46
Gammex 1.60+1.40 4.04+491 2.78+3.70
50/50 Catphan 1.46 +1.06 2.32+1.98 2.11+1.82
CIRS 0.89+0.93 2.36+1.49 2.01+1.51
Gammex 1.58 +1.26 2.51+1.65 2.03+1.51
75/25 Catphan 1.18 +0.95 3.61+2.67 3.02+258
CIRS 0.78 + 0.65 4.07 £2.43 3.28+2.56
Gammex 1.79 £1.37 4.21+£1.82 2.96 +2.00

Table 4.B.17: Results for the HS method using a kVp combination of 80/125 kVp and different choices
of calibration phantom. Results are shown as the RMAE on SPR in percent, either including only the cal-
ibration phantom in the calculation of the RMAE, or all phantoms except the calibration phantom, or all
phantoms.

Dose ratio Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan 1.34+1.12 3.26 £3.38 2.80 £ 3.09
CIRS 0.68 £ 0.46 2.76 £ 2.47 2.26 £2.33
Gammex 1.21+1.21 211 +2.52 1.64+1.97
50/50 Catphan 1.15+1.18 2.79+2.08 239+2.01
CIRS 0.49 £ 0.49 2.22+1.16 1.80 £1.27
Gammex 0.72+0.64 219 +1.69 1.43+1.45
75/25 Catphan 1.29+1.03 259+1.84 2.28+1.76
CIRS 0.43+0.41 2.00+1.16 1.62 £1.23
Gammex 0.72 £ 0.61 211+1.46 1.39+1.30
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Table 4.B.18: Results for the HS method using a kVp combination of 100/125 kVp and different choices
of calibration phantom. Results are shown as the RMAE on SPR in percent, either including only the cal-
ibration phantom in the calculation of the RMAE, or all phantoms except the calibration phantom, or all

phantoms.

Dose ratio  Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan 1.49£2.16 4.89+4.30 4.07 +4.13
CIRS 1.19+1.04 4.21+3.34 3.48+3.21
Gammex 2.52+£2.09 3.45+2.43 2.97 £2.27
50/50 Catphan 1.56 £+1.17 4.21+2.85 3.57+2.78
CIRS 1.28 +1.53 4.11+2.74 3.43+2.76
Gammex 2.36 +£2.03 2.62£2.05 2.49+2.01
75/25 Catphan 1.65+1.41 3.21+£1.94 2.83+1.93
CIRS 0.76 £ 0.59 3.14 +£2.45 2.57 +2.38
Gammex 1.92 +0.63 2.43 +£1.58 2.17+£1.19

Table 4.B.19: Results for the HS method using a kVp combination of 80/100 kVp and different choices
of calibration phantom. Results are shown as the RMAE on SPR in percent, using only one phantom for

evaluation at a time.

Dose ratio Calibration phantom Catphan CIRS Gammex
25/75 Catphan 1.62+0.96 1.16+0.63 6.20+6.93
CIRS 1.74+0.83 0.72+0.48 5.16+5.59
Gammex 5.12+5.17 296+478 1.60+1.40
50/50 Catphan 1.46+1.06 1.42+1.20 2.74+2.16
CIRS 1.76 +1.09 0.89+0.93 2.64+1.61
Gammex 246+181 255+1.61 158+1.26
75/25 Catphan 1.18+0.95 1.13+0.92 4.77+2.41
CIRS 2.47+2.30 0.78+0.65 4.82+216
Gammex 5.24+1.67 3.18+1.37 1.79+1.37

Table 4.B.20: Results for the HS method using a kVp combination of 80/125 kVp and different choices
of calibration phantom. Results are shown as the RMAE on SPR in percent, using only one phantom for

evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan 1.34+112 1.33+0.55 4.17+3.78
CIRS 211+1.47 0.68+0.46 3.06+2381
Gammex 2.55+237 1.66+2.77 121+121
50/50 Catphan 1.15+1.18 1.97+0.77 3.17+2.39
CIRS 2.73+1.07 0.49%+0.49 198+1.15
Gammex 3.01+1.83 136+1.11 0.72+0.64
75/25 Catphan 1.29+1.03 1.94+0.67 2.90+2.14
CIRS 2.71+1.00 0.43+0.41 1.67+1.10
Gammex 3.01+1.42 1.21+0.85 0.72+0.61
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Table 4.B.21: Results for the HS method using a kVp combination of 100/125 kVp and different choices
of calibration phantom. Results are shown as the RMAE on SPR in percent, using only one phantom for
evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan 1.49+216 3.04+1.27 575%£4.95
CIRS 3.23+£242 1.19+1.04 4.67+3.67
Gammex 3.29+1.63 3.61+3.18 252+2.09
50/50 Catphan 1.56+1.17 4.18+£2.27 4.22+3.16
CIRS 5.92+2.60 1.28+1.53 3.27+2.44
Gammex 3.01+242 223+1.70 2.36+2.03
75/25 Catphan 1.65+£1.41 3.64+1.43 3.00£2.16
CIRS 400+232 0.76+0.59 2.74+2.48
Gammex 3.21+1.82 1.65+0.80 1.92+0.63
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Results using RRMSE as error metric
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Figure 4.B.4: RRMSE on SPR for different kVp combinations, dose ratios, and phantoms used for calibration
as obtained by the HS method. The results are grouped by case: Evaluation of RRMSE using the same
phantom that was used for calibration, evaluation using all phantoms except the calibration phantom, and
evaluation using all phantoms. See also Tables 4.B.22 to 4.B.24.
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Table 4.B.22: Results for the HS method using a kVp combination of 80/100 kVp and different choices
of calibration phantom. Results are shown as the RRMSE on SPR in percent, either including only the
calibration phantom in the calculation of the RRMSE, or all phantoms except the calibration phantom, or
all phantoms.

Dose ratio Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan 1.89+0.87 9.00+13.28 7.66+12.84
CIRS 0.81 +0.55 7.22+10.41 6.32+10.53
Gammex 2.05+1.32 6.83 + 6.60 5.15+6.90
50/50 Catphan 1.83+0.99 2.53+1.50 2.35+1.39
CIRS 1.18+0.91 2.92+1.62 2.62+1.70
Gammex 1.76 £+1.13 2.73+1.27 2.32+1.36
75/25 Catphan 1.78+1.31 490 +3.43 4.25 + 3.37
CIRS 0.93+0.67 5.19+3.12 456 +3.35
Gammex 2.20+1.43 5.19 +3.01 4.05+3.29

Table 4.B.23: Results for the HS method using a kVp combination of 80/125 kVp and different choices
of calibration phantom. Results are shown as the RRMSE on SPR in percent, either including only the
calibration phantom in the calculation of the RRMSE, or all phantoms except the calibration phantom, or
all phantoms.

Dose ratio Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
25/75 Catphan 1.76 +1.12 443 + 457 3.86+4.35
CIRS 0.78 £ 0.51 4.30+4.48 3.78 £+ 4.57
Gammex 1.60+1.48 3.49+3.94 2.76 £3.87
50/50 Catphan 1.71+1.12 2.74+1.03 2.49 +1.06
CIRS 0.65 +0.45 2.66+1.84 2.35+1.93
Gammex 0.88+0.77 2.63+1.48 2.00+1.70
75/25 Catphan 1.77 +1.16 2.56 +1.07 2.36+1.08
CIRS 0.57 £ 0.39 2.46 £1.39 2.17 £1.50
Gammex 0.93+0.62 2.56 +1.28 1.97 £1.50
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Table 4.B.24: Results for the HS method using a kVp combination of 100/125 kVp and different choices
of calibration phantom. Results are shown as the RRMSE on SPR in percent, either including only the
calibration phantom in the calculation of the RRMSE, or all phantoms except the calibration phantom, or
all phantoms.

Dose ratio  Calibration Evaluation phantom(s)
phantom Only calibration  All phantoms  All phantoms
phantom excl. calibr.
phantom
n 25/75 Catphan 2.34+2.36 5.78 +3.98 5.04 +3.91
CIRS 1.46 +1.04 6.04 +5.29 5.33+5.43
Gammex 3.25+1.84 474 +4.70 4.10+4.24
50/50 Catphan 2.00+1.03 454 +234 3.98+2.33
CIRS 1.81+1.53 497 +2.75 443 +291
Gammex 2.92+212 3.08+1.69 3.01+1.87
75/25 Catphan 212+1.34 3.71+1.86 3.33+1.81
CIRS 0.91+0.63 3.38+1.87 2.99+2.01
Gammex 2.02 +0.58 2.92+1.76 2.53+1.63

Table 4.B.25: Results for the HS method using a kVp combination of 80/100 kVp and different choices
of calibration phantom. Results are shown as the RRMSE on SPR in percent, using only one phantom for
evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan 1.89+0.87 1.52+1.27 10.94+13.25
CIRS 2.07+1.30 0.81+0.55 9.00+10.92
Gammex 6.66+482 7.01+891 2.05+1.32
50/50 Catphan 1.83+0.99 1.95+1.32 2.77 +1.53
CIRS 226+1.47 1.18+0.91 3.25+1.71
Gammex 2.52+1.23 296+x1.41 1.76 £1.13
75/25 Catphan 1.78+1.31 1.41+0.95 5.91 +3.15
CIRS 4.09+3.20 0.93+0.67 5.75+3.18
Gammex 6.10+2.76 3.73+2.24 2.20+1.43
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Table 4.B.26: Results for the HS method using a kVp combination of 89/125 kVp and different choices
of calibration phantom. Results are shown as the RRMSE on SPR in percent, using only one phantom for
evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan 1.76 £1.12 1.37+0.43 5.33+4.51
CIRS 2.63+£1.77 0.78+0.51 5.04+4.97
Gammex 2931202 406524 1.60+1.48
50/50 Catphan 1.71+1.12 214+0.80 3.00+1.03
CIRS 2.79+1.02 0.65+0.45 257233
Gammex 299+101 209+216 0.8810.77
75/25 Catphan 1.77+£1.16 2.12+0.86 2.75+1.12
CIRS 2.89+1.08 0.57+0.39 214+151
Gammex 3.07+0.84 1.72+1.62 0.93+0.62

Table 4.B.27: Results for the HS method using a kVp combination of 100/125 kVp and different choices
of calibration phantom. Results are shown as the RRMSE on SPR in percent, using only one phantom for
evaluation at a time.

Dose ratio  Calibration phantom Catphan CIRS Gammex
25/75 Catphan 234+236 3.27+119 6.68+4.02
CIRS 3.54+242 1.46+1.04 7.13+5.75
Gammex 3.71+159 576615 3.25+1.84
50/50 Catphan 200+1.03 441+209 4.60+253
CIRS 6.05+195 181+153 4.15+298
Gammex 3.16+1.44 296+212 292+212
75/25 Catphan 212+134 4.08+191 351+1.85
CIRS 408+1.74 091+0.63 285+1.51
Gammex 3.47+158 2.01+135 202+0.58







Chapter

Conclusion and Outlook

193



194

Chapter 5

5.1 Conclusion

The purpose of this thesis was to investigate whether the performance of spectral cone-beam
computed tomography can be improved over conventional single-energy energy-integrating
CBCT, such that its images can be directly used for treatment plan updates or maybe even
for online adaptive radiotherapy. It was motivated by a range of studies that showed a better
performance of dual-energy fan-beam CT for proton stopping power ratio extraction compared
to single-energy fan-beam CT in the context of proton therapy [2, 18, 21, 22, 24, 35, 36, 43,
44, 46]. This thesis focused on hardware-based improvements, and investigated (1) which
figure(s) of merit can be used to compare spectral CBCT setups, (2) which spectral CBCT setup
is best suited for SPR extraction as well as to optimise the parameters of such a setup, and (3)
to test SPR extraction experimentally using a clinical CBCT system.

In order to address the first research question, we considered photon-counting detectors as
a way to implement spectral CBCT, for the assessment of which a quality metric is needed.
Typically, common quality metrics for detector performance assume a linear behaviour under
low fluence rate conditions and are not directly applicable to PCDs under pulse pile-up. Chap-
ter 2 proposes to adapt quality metrics for the non-linear case under pulse pile-up using a
small-signal analysis approach. It approximates the non-linear behaviour of PCDs by a linear
response around a given operating point, which is determined by the spectral shape and the
total fluence rate of the spectrum incident on the detector. The response around this operating
point is described by a so-called perturbation point spread function, which captures the spec-
tral and spatial response of a PCD around that operating point. Furthermore, we investigated
how this can be used to determine the contrast and contrast-to-noise ratio for an arbitrary le-
sion in the projection path, and we show how an increasing fluence rate can cause nonintuitive
effects such asinversion or cancellation of contrast and contrast-to-noise ratio between/within
energy bins. Our framework could be applied to adopt detector quality measures, such as the
modulation transfer function, to the case of non-linear PCDs.

While pile-up is relevant for detectors with a response time comparable to the rate of incom-
ing photons, Thomas Flohr, former Senior Principal Key Expert CT at SIEMENS HEALTHINEERS,
stated that pulse pile-upis not anissue in their SIEMENS photon-counting CT scanner under any
clinically relevant condition; as a consequence, their PCD CT scanner does not feature pulse
pile-up correction [7]. It is a reminder that, from the standpoint of building a detection system,
itis preferable to choose a detector with a fast enough characteristic response time and/or suf-
ficiently small pixels to avoid pile-up, instead of a detector suffering from pile-up that needs to
be accounted for.

Addressing the second research question, Chapter 3 compared a wide range of spectral CBCT
setups with respect to their performance of extracting SPR values, including, but not limited to,
PCD-based setups. Our Cramér-Rao Lower Bound-based approach is a powerful methodology
enabling a comparison based on the theoretically achievable performance limits in a simula-
tion study, without being influenced by the limitations of a particular reconstruction algorithm
or by the method of converting reconstructed images to SPR values. It should be noted that
within the scope of Chapter 3, PCD-based setups are assumed to operate in the linear regime.
We found that, assuming a realistic detector response, setups with a kVp-switching source per-
form best, with the kVp-switching setup paired with an energy-integrating detector performing
slightly better than the PCD-based kVp-switching setup. We attribute the worse performance
of the PCD-based setup to the degradation of the registered spectrum in the PCD. However,
the kVp-switching setup with an EID performs only best as long as the mAs ratio of the kVp-
switching source can assume any value; if it is fixed to a ratio of 1, the performance of the
kVp-switching setup with an EID is significantly degraded and outperformed by any PCD-based
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setup. Furthermore, we found that a higher source voltage or a greater separation between
source spectra in general yield better performance. Comparing PCDs with charge sharing to
such without, we find that the latter might offer substantially improved SPR extraction.

The main drawback of the CRLB approach is that it can only compare spectral CBCT setups
amongst themselves, hence, it can unfortunately not draw a comparison between spectral
CBCT and single-energy energy-integrating CBCT setups, since there exists no unbiased es-
timator for extracting SPR via electron density and ionisation potential from a single-energy
measurement.

While Chapter 3 resulted in a clear indication which setup performs best, based on either an
ideal or realistic detector response function, it did so only with respect to a setup’s ability of
extracting SPRs. While this is undeniably an important aspect for proton therapy planning,
another crucial aspect is the achievable soft tissue contrast necessary for the task of tissue
delineation (including the tumour and organs at risk), and which also benefits from spectral ca-
pabilities as shown by Bazalova et al [3]. Such an investigation into soft tissue contrast would
clearly go beyond the scope of Chapter 3 and is worthy of a dedicated study. We would like to
note, though, that the same CRLB-based approach can be adapted for the optimisation with
respect to soft tissue contrast instead of SPR extraction, as well as for otherimaging tasks such
as K-edge imaging of contrast agents, if desired. Based on our findings, we also recommend
considering to extend the investigated X-ray energy range to both larger spectral separation
(in case that two independent X-ray source spectra are used) or spectra with higher energy (in
case a single X-ray source spectrum is used), thus going beyond the X-ray energy range typi-
cally used in medical X-ray imaging.

Furthermore, the same CRLB optimisation for CBCT can also be repeated for fan-beam CT us-
ing an appropriate scatter model. Such a study would be able to relate CBCT performance to a
fan-beam CT reference.

While both extraction of SPR values and the achieved soft tissue contrast are important as-
pects in the choice of a spectral CBCT setup for proton therapy planning, the decision will also
need to consider economical aspects. For example, PCDs are at the moment still very expen-
sive, and a dual-source system is more costly than a single-source system. Our study indicates
that dual-layer detectors, while being relatively cost-effective due to their detector consisting
of two layers of conventional EIDs, perform worst with respect to dual-energy SPR extraction
and we therefore discourage their use in imaging for proton treatment planning.

The last research question is addressed via the experimental study in Chapter 4, comparing
single- and dual-energy CBCT. While the results indicate that dual-energy CBCT might perform
better than single-energy CBCT with respect to extracting SPR values, unfortunately, though,
due to limitations in the study design and the large uncertainties on the obtained figure of merit
values, no definite answer can be given. We outline improvements necessary for a future study
to yield more significant results; however, we would also like to caution the reader to accept
the results of a study with an improved design as final: Reconstruction algorithms are only as
good as the underlying model, and, for example, an algorithm reconstructing attenuation maps
for each energy separately will always perform suboptimal compared to an algorithm that in-
corporates data of both energies and hence all available information during the reconstruction
process.

To conclude, Chapter 4 is an indication that spectral CBCT might perform better than single-
energy energy-integrating CBCT, but more research is needed.
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5.2 Outlook

Proton tomography is an alternative to X-ray (CB)CT. Its appeal lies in the direct extraction of
proton SPR values [4, 23, 38], hence, circumventing the conversion methods necessary in the
case of X-ray-based SPR extraction. This might also allow for real-time online adaptive proton
therapy, for example by interleaving high energy proton beams for imaging with lower energy
proton beams for therapeutic dose deposition. Challenges for proton imaging are the higher
proton energies necessary, since the proton energies used for treatment are adjusted for the
beam to stop inside the patient. Moreover, due to scatter, proton tomography has lower spatial
resolution than X-ray imaging [5, 31]. Nonetheless, a study by DeJongh et al [6] on porcine
models as well as a study by Terakawa et al [37] on small animals compared single-energy
CT to proton CT, and in both cases found proton CT to deliver improved results over X-ray CT.
Furthermore, Dedes et al [4] compared proton CT to dual-energy CT, achieving a mean absolute
percent error of 0.55 % and 0.67 % for proton CT and dual-energy CT, respectively.

Ultimately, the goal is an imaging modality that allows to image the patient in treatment posi-
tion, perhaps even during proton beam delivery itself. This distinction is important, since one
can imagine a retractable imaging modality that is able to image the patient in treatment posi-
tion, but that would block the path of the proton beam during imaging. Based on the geometry
of the gantry in our proton therapy centre, a (fan-beam) CT or MRI scanner on rails does not fit
between patient couch and proton nozzle. In contrast to that, a CBCT system mounted onto a
proton therapy gantry would in principle allow simultaneous imaging of the patient, although
not independent of gantry rotation. An example of an imaging system independent of gantry
rotation and small enough to fit between patient couch and proton nozzle is a CBCT-like system
developed by the company MEDPHOTON [27, 48] with both the source and detector mounted
onto a ring instead of a C-arm. In the MedAustron ion therapy treatment facility, this system is
directly mounted onto the patient couch and can translate along it.

Future improvements of X-ray (spectral) CBCT are possible via improvements in software or
hardware, based on the conventional design of CBCT.

In terms of software, iterative algorithms [20] can incorporate in principle an arbitrarily com-
plex physics model and prior knowledge, and in principle also allow to reconstruct the atten-
uation maps at more than one energy simultaneously. VARIAN recently introduced an iterative
reconstruction software specifically for CBCT [9, 13, 15], being able to reduce image noise
and artefacts. Moreover, with graphics processing units (GPUs) becoming more powerful and
affordable, deep learning algorithms became feasible to be implemented for (CB)CT recon-
struction [28, 34, 39].

Progress in terms of hardware concerns the use of improved detectors, such as PCDs. Direct-
conversion PCDs have now reached technical maturity, as proven by their usage in the latest
clinical and commercially available fan-beam PCD CT by SIEMENS. However, PCDs are still pro-
hibitively expensive for their use in flat-panel detectors, although a stronger market penetra-
tion of PCDs could lead to a decrease in price.

Our results in Chapter 3 show that addressing the charge sharing in PCDs promises significant
performance gains in terms of SPR estimation. An alternative to direct-conversion PCDs might
be to use indirect-conversion PCDs [19, 40, 41] if the characteristic detector response time of
initial prototypes can be decreased by a factor of 0.8 to reach the same count rate capability
as direct-conversion PCDs [33], and if their pixel area can be reduced significantly.*

Since scatter is one of the primary effects that degrade CBCT image quality in comparison to

*Prototypes of indirect-conversion detectors featured a size of 1 x 1 mm?2. The current clinical PCD CT scanner by SIEMENS
features a pixel size of around 0.275 x ©.322 mm? [26, 16]; the pixel size of CBCT systems is comparable.
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fan-beam CT, much research has been devoted to reducing its influence. Both hardware- and
software-based methods or a combination thereof have been explored.

Instead of estimating the scatter field purely by software-based methods, Zhu et al [8, 51,
52] introduced a hybrid approach to estimate the scatter field. They proposed to insert a so-
called primary modulator, a chequerboard pattern of high and low attenuating fields, between
the source and the object. This technique makes use of the fact that the scatter field can be
sufficiently described with a set of low spatial frequencies only, and by reducing the number
of primaries transmitted by half of the fields of the chequerboard both primary and scatter
component can be extracted. This methodology was reported to decrease the CT number er-
ror from 222 to 15 HU in a Catphan phantom and from 278 to 4 HU in a Rando phantom, to
substantially reduce cupping artefacts,? and to increase contrast by a factor of 2 [51]. The
approach of primary modulators has the disadvantage of introducing additional scatter origi-
nating in the primary modulator itself, but it has the advantage that it modulates the primary
photon distribution before the object under the investigation, therefore avoiding the sacrifice
of primary photons at the detector side as in the case of anti-scatter grids. Moreover, this tech-
nigue is compatible with all spectral CBCT setups considered in this thesis, and allows to be
installed with only minor modifications to the hardware.

Anti-scatter grids might appear as an obvious choice for a hardware-based scatter solution.
However, earlier studies by Schafer et al [30] and Wiegert et al [42] concluded that anti-scatter
grids in the case of somewhat larger isocenter-to-detector distances, as common for, e.g., C-
arm CBCTs, lead to an unfavourable reduction in the number of primary photons, increasing
image noise. More recent studies, on the other hand, showed that better performance can be
achieved with two-dimensional anti-scatter grids [1, 11, 29]. In particular, we would like to
mention the study by Pyakurel et al [25] who mounted an anti-scatter grid to a CBCT in a pro-
ton treatment gantry. They report an increase in CT number uniformity from 134 to 45 HU,
an increase in contrast-to-noise ratio by a factor of 2.5, and a significant reduction in cupping
artefacts, outperforming their clinical software-based scatter correction in terms of HU unifor-
mity, CNR as well as cupping artefacts. As is the case with a primary modulator, anti-scatter
grids are compatible with all spectral CBCT setups we considered in this work.

The aforementioned techniques focus on reducing the influence of scatter based on the clas-
sic CBCT design of a single source and a flat-panel detector. More recently, some profoundly
different concepts have been developed.

For example, Yin et al [47] proposed the concept of using multiple sources or a moving source
combined with a stationary detector. The concept of arrays of X-ray sources became feasible
with carbon-nanotube (CNT) emitter-based X-ray tubes developed by O. Zhou et al [49, 50],
which allows to integrate multiple, individually addressable focal spots into a compact hous-
ing. Xu et al employed such a source array to create multiple narrowly collimated fan-beams in
combination with a conventional flat-panel detector [45], essentially replacing the X-ray cone-
beam by a stack of fan-beams, and they reported an improved soft tissue contrast-to-noise
ratio by 30 to 50 %. In the same study, they use the areas of the flat-panel detector that are
not directly illuminated by the currently active X-ray source beamlet to estimate the scatter
field and subtract it from the primary component. Due to their compact size, CNT-based X-ray
tubes allow to integrate multiple sources with different filtration into the same housing, there-
fore improving spectral separation for multi-energy imaging [12].

The small footprint of CNT-based X-ray sources offers the possibility to realise the concept of
an arc of sources proposed by Yin et al: Lopez-Montes et al [14] and McSkimming et al [17]

2Cupping artefacts are a result of beam hardening and of conventional reconstruction algorithms assuming a monoener-
getic X-ray beam. If beam hardening is not corrected for, the reconstructed attenuation coefficient of, e.g., a cylindrical,
homogeneous object decreases towards the centre of the object.
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report research on a mobile stroke unit with a stationary array of sources and a stationary de-
tector ring. While in their design the source array covers a limited angle of 160 degrees, a more
complete coverage might be achievable with reasonable added complexity. As mentioned be-
fore, the individual control of sources enables the simultaneous registration of scatter, and
could offer a way to reduce motion artefacts compared to CBCT. Furthermore, this setup could
be fitted with either a PCD panel and/or two sets of sources for different energies, and/or kVp-
switching sources to allow for spectral imaging.

Translating this concept to proton therapy, one could imagine the stationary ring mounted to
the patient couch. Moreover, it might be feasible to use a slit ring instead, which would allow
for isocentric imaging with the proton beam during treatment, and without a fast rotating CT
gantry. Sacrificing a small part of the angular coverage is feasible [32], even more so when a
prior planning CT scan is available [10].

In conclusion, there is still a plethora of interesting options to be explored to advance in-room
imaging for proton therapy, improving treatment workflow and patient outcome.
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