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Abstract

In the scope of the EndoTOFPET-US project, a novel multimodal device for ultrasound

(US) endoscopy and positron emission tomography (PET) is being developed. The project

aims at detecting and quantifying morphologic and functional biomarkers and develop-

ing new biomarkers for pancreas and prostate oncology. The detector system comprises

a small detector probe mounted on an ultrasound endoscope and an external detector

plate. The detection of the gamma rays is realised by scintillator crystals with Silicon

Photomultiplier (SiPM) read-out.

For the characterisation of over 4000 SiPMs for the external plate, an automatised

measurement and data analysis procedure is established. The key properties of the SiPMs

like breakdown voltage and dark count rate (DCR) are extracted. This knowledge is

needed both as a quality assurance as well as for the calibration of the detector. The

spread between minimum and maximum breakdown voltage within a SiPM array of 4× 4

is at maximum 0.43 V with a mean of 0.15 V and an RMS of 0.06 V. This assures the

optimal biasing of each SiPM at its individual operating voltage. The mean DCR amounts

to 1.49 MHz with an RMS of 0.54 MHz and is thus well below the acceptable threshold

of 3 MHz. Two spare modules from the external plate are re-measured and analysed

several years after the module assembly, revealing a potential alteration of the SiPM

noise properties over time. For the characterisation of SiPMs from di�erent vendors, a

software framework for the automatic extraction of performance parameters from pulse-

height spectra, including a �t of the entire spectrum, is developed and tested.

In order to facilitate the modelling of the response of the EndoTOFPET-US detec-

tor, a framework is developed which is built around the Geant4-based simulation toolkit

GAMOS, to simulate and reconstruct realistic imaging scenarios with this asymmetric

PET detector. The simulation studies are used to compare di�erent possible detector

designs, guide the development of the custom image reconstruction software, and assess

the image quality qualitatively and quantitatively. With the help of simple simulated

phantoms, the in�uence of the amount of probe rotation and acquisition time on the re-

sulting image quality and image resolution is investigated. It is shown that a scan time of

approximately 10 minutes and small rotation of around 10◦ yields a saturation in image

quality. Furthermore, studies using full-body patient data are presented. The results

suggest that the endoscopic approach is able to separate the prostatic lesion well from the
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background radiation from prostate and bladder.

After the assembly of the detector system, the �rst pre-clinical commissioning is pre-

sented, including data acquisition using simple phantoms as well as in-vivo examinations

of pigs. It is shown that data can be acquired and reconstructed in the freehand mode,

i.e. using a hand-held and moving probe. It is demonstrated that the entire data taking

and image reconstruction chain is functional, including slow control, tracking and ultra-

sound acquisition and that in-vivo acquisitions with the device are possible. However,

the acquired pig images do not show the desired results, and there are spatial distortions

in the reconstructed images of the phantoms, necessitating further pre-clinical trials once

the technical commissioning phase is completed.



Zusammenfassung

Im Rahmen des EndoTOFPET-US Projektes wird ein neuartiges multi-modales Gerät

für die Ultraschall-Endoskopie und Positronen-Emissions-Tomographie (PET) entwickelt.

Das Projekt zielt darauf ab, morphologische und funktionelle Biomarker zu detektieren

und quanti�zieren, sowie neue Biomarker für die Onkologie der Prostata und Bauch-

speicheldrüse zu entwickeln. Das Detektorsystem besteht aus einer kleinen Detektor-

probe, welche an einem Ultraschallendoskop befestigt wird, sowie einer externen Detek-

torplatte. Die Detektion der Gammastrahlen erfolgt mit Hilfe von Szintillationskristallen

und Silizium-Photomultiplier-Auslese.

Für die Charakterisierung von über 4000 SiPMs für die externe Platte wird eine au-

tomatische Mess- und Analyseprozedur entwickelt. Die Kerneigenschaften der SiPMs, wie

z.B. Durchbruchspannung und Dunkelrate (DCR) werden extrahiert. Diese Kenntnis wird

sowohl für die Qualitätssicherung als auch für die Kalibrierung des Detektors benötigt.

Die Streuung zwischen minimaler und maximaler Durchbruchspannung innerhalb eines

4× 4 SiPM-Arrays beträgt maximal 0.43 V mit einem Mittelwert von 0.15 V und einem

RMS von 0.06 V. Dies gewährleistet die optimale Versorgung jedes SiPMs mit seiner in-

dividuellen Versorgungsspannung. Die mittlere Dunkelrate beträgt 1.49 MHz mit einem

RMS von 0.54 MHz und liegt damit unterhalb der akzeptablen Schwelle von 3 MHz. Zwei

überschüssige Module der externen Platte werden einige Jahre später neu vermessen und

analysiert und enthüllen eine vermutliche Veränderung der Rauscheigenschaften mit der

Zeit. Für die Charakterisierung von SiPMs von unterschiedlichen Herstellern wird ein

Software-Framework für die automatische Parameter-Extrahierung von Pulshöhenspek-

tren entwickelt und getestet, inklusive eines Fits an die gesamten Daten.

Um die Modellierung des EndoTOFPET-US-Detektors zu ermöglichen wird ein Frame-

work für GAMOS, einem GEANT4-basierten Simulationsprogramm, entwickelt, mit dem

Ziel, realistische Bildgebungsszenarien mit diesem asymmetrischen Detektor zu simulieren

und zu rekonstruieren. Die Simulationsstudien werden benutzt, um verschiedene mögliche

Detektor-Entwürfe zu vergleichen, die Entwicklung der Bildrekonstruktionssoftware vo-

ranzutreiben, und um die Bildqualität qualitativ und quantitativ zu bewerten. Mit Hilfe

einfacher Phantome wird der Ein�uss von Detektorrotation und Aufnahmezeit auf die

resultierende Bildqualität und Bildau�ösung untersucht. Es wird gezeigt, dass eine Auf-

nahmezeit von etwa 10 Minuten und geringe Rotation von etwa 10◦ zu einer Sättigung
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der Bildqualität führt. Darüberhinaus werden Studien mit Ganzkörper-Patientendaten

präsentiert. Die Ergebnisse suggerieren, dass der endoskopische Ansatz in der Lage ist,

eine Prostataläsion vom Untergrund von Blase und Prostata zu trennen.

Nach der Montage des Detektorsystems werden erste präklinische Studien präsentiert,

inklusive der Datennahme mit einfachen Phantomen sowie Untersuchungen an Schweinen.

Es wird gezeigt, dass Daten im Freihandmodus, also mit einer in der Hand gehaltenen

und frei beweglichen Probe, genommen und rekonstruiert werden können. Es wird demon-

striert, dass die gesamte Kette der Datennahme und Bildrekonstruktion, inklusive Slow

Control, Tracking und Ultraschall funktionsfähig ist und dass In-Vivo-Untersuchungen

mit dem Gerät möglich sind. Dennoch zeigen die aufgenommenen Bilder der Schweine

nicht die erwünschten Resultate und räumliche Verzerrungen der Phantom-Bilder treten

auf. Dies macht weitere präklinische Studien nötig, sobald die technische Inbetriebnahme

abgeschlossen ist.
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Chapter 1

Introduction

Nuclear imaging, embracing planar scintigraphy, single photon emission computed tomog-

raphy (SPECT) and positron emission tomography (PET), is used to image the in-vivo

2D or 3D distribution of an injected radioactive tracer (radiotracer) in order to investi-

gate the functional properties of organisms. The concept of using radiotracers to study

physiology was �rst introduced in 1923 [1]. The �rst positron-based image of a brain

tumour was achieved in the 1950s [2]. Since its advent in the 1970s with the introduc-

tion of computer-aided image reconstruction [3], the advances in PET technology have

established this medical imaging modality as a widely-used clinical tool.

PET uses the characteristic properties of nuclides that decay via positron emission.

In a PET scanner, the pairs of 511 keV photons that are emitted through the electron-

positron annihilation, are detected. The detection requires the conversion of these photons

into visible photons by a scintillation crystal as well as a photo-detector.

Clinical PET devices are routinely equipped with photomultiplier tubes (PMTs) that

detect the scintillation light. Silicon photomultipliers (SiPMs) are promising alternative

photo-detectors for PET applications [4]. Also in many other applications such as high-

energy physics calorimetry, they are becoming the photo-detector of choice [5, 6]. They

have a high photo-detection e�ciency, achieve single-photon detection, operate at moder-

ate voltages and are robust and relatively inexpensive. They have the advantage of being

less bulky, allowing for endoscopic use. Besides, SiPMs are insensitive to magnetic �elds,

paving the way for combined PET/MR (magnetic resonance) imaging [7, 8, 9]. Disad-

vantages are their high dark count rate (DCR) and their excess noise due to inter-pixel

cross-talk and after-pulses.

With the advances in detector technology, time-of-�ight (TOF) information for PET,

i.e. the precise determination of the arrival times of the coincident photon pair, has

received increased attention in the past decades [10, 11]. It has the potential of providing

better signal-to-noise ratios, thus improving the image quality and lowering the acquisition

times.

Imaging of the pancreas and the prostate is usually limited to the acquisition of whole-
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body anatomical information with magnetic resonance imaging (MRI) or computer to-

mography (CT) as well as endoscopic ultrasound, e.g. to guide biopsy. The combination

with metabolic information from PET is often inconclusive due to the low image reso-

lution of whole-body PET and the low speci�city of the commonly utilised radiotracers

[12, 13]. Thus, pre-operative 3D tomographic imaging can only serve as a rough guidance

intra-operatively, also because of patient movement as well as anatomical changes such as

tumour growth since the time of the imaging.

The concept of radio-guided cancer surgery was �rst proposed in 1949, using radioac-

tive phosphorous that concentrates in brain tumour tissue and a Geiger counter probe to

detect that radiation [14]. Since the mid 1990s, several miniaturised detectors, directly

measuring the positrons arising from the decay of 18F have been proposed. Probes of

this type are proposed to be used for the detection of FDG-labelled tumours in various

contexts, including breast lesions, gastric, thyroid, colorectal as well as brain tumours

[15, 16]. However, these systems su�er from the very limited range of the positrons of

around 1 mm, requiring a direct contact between probe and tumour tissue while still only

being able to detect positrons emitted from the very surface of the tumour.

More advanced probes for interventional imaging can be designed using SPECT probes

to detect prompt photons from a γ-emitting radiotracer. Freehand SPECT is a 3D to-

mographic imaging modality based on data acquisition with a hand-held detector that

is moved freely, in contrast to conventional, �xed gamma-camera systems. This can be

used to reconstruct a 3D activity volume by synchronised acquisition of emission data

as well as position and orientation of the gamma probe intra-operatively, allowing a 3D

localisation of e.g. sentinel lymph nodes [17, 18].

High-resolution PET probes have been developed, that, in coincidence with a conven-

tional PET scanner, obtain improved spatial resolution and higher sensitivity in a speci�c

region of interest in the vicinity of the probe [19, 20]. However, freehand PET imaging,

providing intra-operative online monitoring while still delivering excellent spatial resolu-

tion and low noise is challenging due to several technological obstacles. Thus, there has

been very little research activity in the �eld of freehand PET probes. One approach is

the design of an endoscopic nuclear imaging tool that can be coupled to an endoscopic

ultrasound (US) probe for combined acquisitions [21]. Such a device can be used to

provide organ-speci�c metabolic information registered with the anatomic US picture,

both for diagnostic imaging purposes but also for targeted biopsy, seed placement and

research on tracer development. Besides the great advantage of using freehand probes

intra-operatively, they in principle also allow for a higher spatial resolution. This is due

to the vicinity of the probe to the organ under study as well as the reduced dimensions

which allow for a higher granularity than full-body systems [22, 23]. Recent advances

have the potential to establish procedures towards intra-operative 3D nuclear imaging

with precise localisation of functional information to facilitate less invasive, image-guided

intervention.
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Figure 1.1: EndoTOFPET-US design for the pancreatic use-case, including a PET head
mounted on a �exible US endoscope and an external plate (not to scale). Copyright by DESY

The prospect of the EndoTOFPET-US project1 [24] is the development of a novel

multimodal imaging device for ultrasound (US) and time-of-�ight PET for detecting and

quantifying morphologic and functional markers as well as establishing and testing new

biomarkers for pancreas and prostate carcinoma [25, 26, 27, 28]. At the same time, this

tool is supposed to provide an intra-operative guide for prostate and pancreas surgery. The

detector system consists of a miniaturised PET detector head mounted on an ultrasound

endoscope as well as an external detector plate being located next to the patient. The

detection of the coincident gamma rays is carried out with scintillation crystals read-

out by silicon photomultipliers (SiPMs). The �rst endoscopic prototype is developed for

prostate exams whereas the external plate can be utilised for both prostatic and pancreatic

exams. Sketches of the detector design and its use-cases for the pancreas and the prostate

application are shown in Fig. 1.1 and Fig. 1.2, respectively.

The relatively small size of the EndoTOFPET-US detector allows for pushing the

limits of currently achievable spatial and time resolutions which would not be possible for

whole-body scanners due to the increased costs. The targeted spatial resolution of the

reconstructed image is 1 mm, rendered possible by the high granularity of the probe. The

project aims at an unprecedented coincidence time resolution (CTR) of 200 ps FWHM

for improved TOF imaging.

The high level of miniaturisation and integration creates challenges in �elds such as

1The EndoTOFPET-US consortium consists of six universities, three hospitals as well as three com-
panies. See https://endotofpet-us.web.cern.ch/endotofpet-us/partners.html for a list of the
project partners.

https://endotofpet-us.web.cern.ch/endotofpet-us/partners.html
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Figure 1.2: Sketch of the male anatomy of the pelvis region, drawn together with the
EndoTOFPET-US detector.

scintillating crystals, ultra-fast photo-detection, compact low-noise electronics, cooling,

system integration, tracking and image reconstruction. The knowledge and technology

transfer from high-energy physics instrumentation facilitates the realisation of a new gen-

eration of medical imaging scanners.

The work of this thesis is two-fold. As part of the characterisation and quality-

assurance measurements of all single detector components, the SiPMs for the external

plate have been characterised in a major measurement campaign using pulse-height spec-

tra from low-light illumination. The knowledge of the key performance parameters of the

SiPMs is needed both as a quality assurance, as well as for the calibration of the detector.

Secondly, dynamic simulation studies of the detector system are performed, including

the use of simple phantoms as well as voxelised whole-body PET/CT data. Monte-Carlo

simulations of PET systems are a crucial tool in medical imaging research. At an early

stage, simulations can be very helpful to investigate various detector con�gurations prior

to constructing the system and thus guiding the design of the PET scanner. Many factors

in�uence and de�ne the resulting image and its quality. Simulation allows to isolate

a single factor of interest and study its impact on the measured data. Moreover, the

simulations serve to test the developed image reconstruction software and analyse typical

images created with the detector.

The detailed characterisation of the single components and the simulation of the de-

tector system is followed by its assembly and technical commissioning. With a prototype

of the EndoTOFPET-US device, �rst pre-clinical studies, including the acquisition and

image reconstruction of simple phantoms as well as �rst in-vivo examinations of pigs are

presented.
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The thesis is structured as follows: Chapter 2 presents the physical basics relevant

for PET, i.e. radioactive decay, electron-positron annihilation and interaction of radia-

tion with matter. Moreover, some medical background is given, followed by the basics of

tomographic image reconstruction. Chapter 3 is dedicated to fundamental SiPM charac-

terisation, starting with an introduction to the working principle and the properties of

SiPMs. For the characterisation of single-photo electron spectra, an automatised SiPM

pulse-height spectrum analysis is presented, including the determination of the basic SiPM

parameters and their re�nement by means of a detector-response model �t. This software

framework is meant as a tool to be applied also beyond the scope of the medical applica-

tion. The EndoTOFPET-US project is introduced in chapter 4, where the detector design

and some results from the single components characterisations are presented. Chapter 5

is devoted to the mass characterisation of the SiPMs for the external detector plate. This

includes the detailed description of measurement and analysis strategy, as well as the

presentation of the results. The chapter closes with a recent investigation of the time

dependence of the SiPM parameters, four years after the module assembly. The second

main topic of this thesis is the simulation of the EndoTOFPET detector and the image

reconstruction of the resulting coincidence data. The exploited and developed simulation

and reconstruction tools are introduced in chapter 6 while the simulation studies of the

EndoTOFPET detector are presented in chapter 7. The presented studies include the in-

vestigation of the reconstruction parameters, the comparison of di�erent detector designs,

the qualitative and quantitative inspection of image quality, also using real patient data

from full-body PET/CT scans, as well as an alternative approach of online coincidence

selection. Finally, chapter 8 presents the pre-clinical commissioning of the device. This

comprises the acquisition of phantom data as well as �rst trials on pigs. The thesis closes

with a conclusion and discussion of the results and an outlook of the potential bene�ts of

the project in general and the work of this thesis in particular.





Chapter 2

Positron Emission Tomography

The following chapter presents the physical basics relevant for PET. Emerging from a

radioactive β+ decay of a radio tracer, a positron annihilates with an electron into two

back-to-back photons. These photons undergo absorption or scattering in the surrounding

medium before being absorbed by the detector. After presenting the basic nuclear and

atomic processes and the principle of particle detection in PET, an outline of the medical

background relevant for the project as well as the fundamentals of tomographic image

reconstruction are given.

2.1 Radioactive Decay

Radioactivity is the process by which an unstable nucleus spontaneously emits radiation.

This radiation includes alpha, beta and gamma particles. The type and energy of the

emitted radiation is characteristic for the speci�c nuclide. This section is based on Refs.

[29, 30].

Radioactivity was discovered in 1896 by Henri Becquerel [31]. He was investigating

the phosphorescence of uranium salts and discovered that the silhouette of the substances

was visible on developed photo plates even though being covered light-tight. He concluded

later that the penetrating radiation came from the uranium itself. The term radioactivity

was �rst used by Marie and Pierre Curie in 1898 [32] who discovered several new radioac-

tive elements such as Radium and Polonium. Becquerel and the Curies were awarded

with the Nobel Price in Physics in 1903 for the discovery of radioactivity.

Stability of a nucleus requires an appropriate number of neutrons for a given number of

protons. Small nuclei of up to 20 protons are stable if the number of neutrons equals that

of the protons. For heavier nuclei, stability requires a larger number of neutrons. This can

be seen in the table of nuclides in Fig. 2.1 which shows the nuclides as a function of the

number of neutrons and the number of protons. Left and right to the valley of stability,

the unstable nuclei mostly undergo β decay and, for heavy nuclei, also α decay. Especially

for light nuclei with a big mismatch between proton and neutron number, spontaneous
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Figure 2.1: Table of nuclides (left). Orange and blue nuclides undergo β+ and β− decay,
respectively, while black nuclides are stable. Along the solid line the proton number matches the
neutron number. Zoom to 18F (right), decaying via β+ to 18O with a total energy release of
0.633 MeV.

proton or neutron emission can take place. Additionally, γ decay can occur if a nucleus

is in an excited state after a previous decay. At the transition to a energetically lower

state, the nucleus will emit a photon. β+ and γ decays have found applications in medical

physics, in a branch called nuclear medicine. It is relevant for this thesis to review these

nuclear decays.

The decay of an unstable nucleus is a random process. So, it is not possible to predict

the time at which a single nucleus will decay; it is equally likely to decay at any instant in

time. Instead, one is able to make statements about a large sample of an unstable nucleus.

The number of decays −dN expected to occur in an interval of time dt is proportional to

the number of nuclei present N , that is

− dN = Nλdt. (2.1)

The proportionality constant λ is also called decay constant. The solution to this �rst-

order di�erential equation is the decay law

N(t) = N0e
−λt (2.2)
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where N0 is the number of nuclei at time t = 0. So, the number of nuclei decreases

exponentially in time with a decay constant characteristic for each nucleus. The half-life

T1/2, i.e. the time in which the number of nuclei is halved is given by

T1/2 =
ln 2

λ
. (2.3)

The number of occurring decays per time unit is called activity and is given by

A = λN = −dN
dt

= λN0e
−λt. (2.4)

In honour of Henri Becquerel, the unit of the activity is the Becquerel : 1 Bq= 1 s−1.

2.1.1 β Decay

After Becquerel's discovery of radioactivity in 1896, it took only a few years until its

di�erent �avours were discovered. In 1899, Ernest Rutherford distinguished two types of

radiation, α and β (now β−) decay. Whereas alpha rays would be stopped by thin sheets

of paper or aluminium, beta rays could penetrate several millimetres of aluminium [33].

In 1900, Henri Becquerel showed that beta radiation was composed of particles which

have a charge-to-mass ratio consistent with that of electrons, which had been discovered

only a few years earlier by J. J. Thomson [34]. He thus concluded that the beta particle

would be in fact an electron.

At �rst, two particles were considered to be involved in the beta decay, namely the

recoiling nucleus and the electron. So, beta decay was supposed to be a two-body reaction,

with the electron carrying away all the released energy, similar to alpha and gamma decay,

leading to a narrow energy distribution. The electron spectrum of the beta decay was �rst

accurately measured by James Chadwick in 1914 [35], showing that the energy spectrum

was continuous, with an energy ranging from zero to a characteristic maximum energy.

The observed broad continuous spectrum suggested that energy was lost in the beta decay

process, thus the principle of energy conservation appeared to be in jeopardy. Some of

the leading physicists of that time, among them Niels Bohr, even suggested to abandon

the fundamental concept of energy conservation [30].

In 1930, Wolfgang Pauli instead postulated the existence of a new elementary particle,

later called neutrino. He proposed that this particle, being electrically neutral and of low

mass, would be emitted along with the electron without being observed by the detectors

[36]. The neutrino carries away parts of the energy released by the decay. In this way, the

electrons are able to have di�erent amounts of kinetic energy without violating energy

conservation. The introduction of that hypothetical particle enabled Enrico Fermi to

develop a quantitative theory of β decay, consistent with energy conservation [37]. It

took a quarter century before the neutrino's existence was actually veri�ed in 1956 at the

Cowan-Reines Neutrino experiment [38].
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Figure 2.2: Feynman diagram of β+ decay (left). An up quark u decays into a down quark
d by emitting a virtual W+ boson, which then decays leptonically into a positron (e+) and
an electron neutrino (νe): u → d + e+ + νe. Leading order Feynman diagram (t channel) of
two-quanta annihilation (e+e− → γγ) (right).

According to Fermi's theory of beta decay (that we now call negative beta or β−

decay), a neutron inside an unstable nucleus decays into a proton, emitting an electron

and an anti-neutrino. Thus, the decay results in a daughter nucleus whose proton number

is increased by one with respect to its parent while leaving the mass number unchanged.

In 1934, after the discovery of the positron, Irène and Frédéric Joliot-Curie realised that

some beta radiation is composed of positrons, rather than electrons, thereby discovering

β+ decay. In the positive beta (β+) decay, a proton in the parent nucleus decays into a

neutron, and the nucleus emits an electron-neutrino and a positron. Thus, positive beta

decay produces a daughter nucleus whose atomic number is reduced by one. In 1937, a

competing process, called electron capture was �rst observed [39]. Here, a proton of a

nucleus transforms into a neutron and an electron neutrino by capturing an inner electron

from the atom. β+ decay and electron capture will be treated with some more detail in

the following.

β+ Decay

PET imaging is based on the radioactive decay of isotopes through β+ decay. In general,

isotopes with an excess of protons can decay via electron capture or β+ decay. On a

fundamental level, the β+ decay corresponds to a weak interaction in which an up quark

u decays into a down quark d by emitting a virtual W+ boson (or absorbing a virtual W−

boson), which then decays leptonically into a positron (e+) and an electron neutrino (νe),

u→ d+ e+ + νe. (2.5)

The Feynman diagram for this process is shown in Fig. 2.2 (left).

By the decay of an up quark to a down quark, the proton (p) inside a nucleus converts
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into a neutron (n), so that the β+ decay can also be written as

p→ n+ e+ + νe. (2.6)

This leads to a conversion of a nucleus with atomic number Z and mass number A into a

nucleus with an atomic number decreased by one, displacing the element one position to

the left in the periodic system:

A
Z
X→ A

Z−1
X' + e+ + νe. (2.7)

Since the neutron has a higher mass than the proton, mp = 938.27 MeV and mn =

939.56 MeV1, β+ decay can only occur inside nuclei for which the daughter nucleus has

a greater binding energy than the mother nucleus. The energy released in the decay,

denoted as the Q value, is the sum of the kinetic energies of the emitted particles and the

recoiling nucleus. The latter can be neglected because of the large mass of the nucleus

compared to that of the e+ and the νe. The Q value for the β+ decay is

Q =
[
mN(A

Z
X)−mN( A

Z−1
X')−me −mνe

]
. (2.8)

The mass of the nucleus mN is related to the standard atomic mass m by

m(A
Z
X) = mN(A

Z
X) + Zme −

Z∑
i=1

Bi (2.9)

where Bi is the binding energy. Substituting (2.9) into (2.8), neglecting the almost-zero

and unknown neutrino mass as well as the di�erence in electron binding energy which is

very small for high-Z atoms, the Q value of the β+ decay reads as

Q =
[
m(A

Z
X)−m( A

Z−1
X')− 2me

]
. (2.10)

Because the reaction will proceed only when the Q-value is positive, β+ decay can occur

if the mass of the mother nucleus exceeds that of the daughter nucleus by at least twice

the mass of the electron, i.e. 1.022 MeV.

Electron Capture

A competing process to β+ decay is the so-called electron capture. Here, a proton of a

nucleus transforms into a neutron and an electron neutrino by capturing an inner electron

from the atom,

p+ e− → n+ νe. (2.11)

1Throughout this thesis, natural units (i.e. c = 1) are used for masses and momenta which implies
that masses and momenta have the unit of an energy.
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Most often the electron is captured from the innermost shell (called K shell) which is why

the process often is called K capture. This process can generally occur when positron

emission is possible, plus as a unique decay branch if the mass di�erence between mother

and daughter nucleus is smaller than twice the electron mass in which case the β+ decay

is energetically forbidden.

After capturing an electron the atom is left with a vacancy in an inner shell. The

vacancy can be �lled by an outer electron, resulting in the emission of a photon with

an energy corresponding to the di�erence between the two electron shells. Alternatively,

this energy di�erence can be transferred to a valence electron which is ejected from the

atom, leaving a positive ion. This process is called Auger e�ect. The characteristic X-ray

radiation or Auger electrons are emitted by the daughter nucleus with discrete energies,

overlaying the continuous beta spectrum [30].

2.2 Electron-Positron Annihilation

This section is based on [40, 30, 41]. The positron that is emitted in tissue due to β+ decay

rapidly looses its energy through inelastic scattering with atomic electrons (see the follow-

ing section), until it reaches thermal energies (characteristic energy 3/2kBT = 0.04 eV).

This is because the energy loss cross sections are signi�cantly larger than annihilation

cross sections at higher (non-thermal) energies, leading to an in-�ight annihilation in tis-

sue of about 2%. The thermalised positron can either directly annihilate with an electron

of opposite spin direction into two gammas, or it can form an intermediate metastable

system with an electron in which both particles revolve around their mutual centre of

gravity in a hydrogen-like state called positronium. The fraction of positrons forming

positronium is 38% in water for 4 MeV positrons and 70% in other organic solvents. For

lower energies this fraction is expected to be even higher.

If the spins of the two particles in the bound state are anti-parallel, they form a

singlet system called para-positronium (p-PS) which has a mean lifetime in vacuum of

125 ps. In case of parallel spins, the system is a triplet and is called ortho-positronium

(o-Ps) whose mean lifetime is appreciably longer (142 ns). Due to conservation of charge

parity, para-positronium decays into an even number of photons, with two being most

probable. On the other hand, the triplet con�guration yields an odd number of photons,

with three-quanta annihilation being four orders of magnitude more likely than �ve-quanta

annihilation. The two-quanta annihilation has a much higher probability to occur (shorter

lifetime of p-PS). The ratio of three-quanta and two-quanta annihilation is approximately

0.3%. It is given by the ratio of the decay rates (inverse mean lifetimes) of o-PS and

p-PS, taking into account the production ratio of o-Ps to p-Ps of approx. 3:1. In water

the observed mean lifetime of o-Ps is reduced to 1800 ps whereas p-Ps decays in liquids
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Isotope Emax [keV] Rmax [mm] Rmean [mm]
18F 635 2.6 0.6
11C 970 4.5 1.1
13N 1190 5.6 1.5
15O 1720 9.1 2.5
68Ga 1899 10.3 2.9
82Rb 3378 18.6 5.9

Table 2.1: Maximum energy and mean and maximum range of emitted positrons in water [42].

with its vacuum lifetime of 125 ps2. Consequently, in water, the three-quanta annihilation

makes up approx. 20% of the positronium decay, contributing in form of lower-energetic

background to the PET measurement.

For both direct annihilation and positronium two-quantum annihilation, the electron-

positron system decays electromagnetically into two photons,

e+e− → γγ. (2.12)

The leading order Feynman diagram for this process is shown in Fig. 2.2 (right). In case

of annihilation at rest, due to momentum conservation, the two photons annihilate back-

to-back, i.e. at an angle of 180◦ and carry an energy equal to the electron mass of 511 keV

(minus the negligible e+e− binding energy of 6.8 eV).

2.2.1 Positron Range

The average path length of the positron depends on its initial energy as well as the

composition of the tissue, particularly the tissue density [13]. The range of a 1 MeV

positron in tissue is almost 4 mm. This range deteriorates the resolution of the PET image.

Therefore, the choice of a low-energy radionuclide is crucial for high spatial resolution

PET. The initial energy of a given positron-emitting isotope is shared between the positron

and its neutrino with the positron receiving on average one-third of the total energy. The

decay energy (i.e. the maximum kinetic energy of the positron) as well as the average

range is listed in Tab. 2.1 for several commonly-used radionuclides. For example, the

decay energy of Fluorine-18 ( 18F) is 635 keV. This results in a range distribution with

a FWHM of approximately 0.6 mm. Fig. 2.3 (left) shows positron energy spectrum for

the decay of Gallium-68 (68Ga) and Fluorine-18 (18F). Di�erent positron tracks from the

decay of Gallium-68 and Fluorine-18 in human lung and soft tissues are depicted in Fig. 2.3

(right).

2The reduced lifetime of o-Ps in liquids is caused by pick-o� annihilation where a second electron with
opposed spin reacts with the positron of o-Ps, resulting in a two-photon annihilation [40].
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Figure 2.3: Positron energy spectrum for the decay of Gallium-68 (68Ga) and Fluorine-18 (18F)
(left). Monte Carlo simulation of di�erent positron tracks from the decay of 68Ga and 18F in
soft tissue (left) and human lung and soft tissues (right). Taken from Ref. [43].

ΘΘ

γ1γ2 d

Figure 2.4: Sketch of the acollinearity of the two annihilation photons caused by the residuum
momentum of the e−e+ system. d is the distance between the LOR (red dashed line) and the
true annihilation point at the centre of the FOV.

2.2.2 Acollinearity

The two annihilation photons are not exactly collinear. There is a slight angular deviation

due to the e+e− residual momentum [44]. For e+e− annihilations at rest, i.e. with

thermalised positrons, the momentum of the e+e− pair is generally determined by the

momentum of the bound electron (Doppler broadening) [41]. Fig. 2.4 shows a sketch of

the acollinearity of the two annihilation photons. The angular deviation was measured to

be 2Θ = 0.633± 0.008◦ [45]. This is notably larger than the conventional assumption of

0.5◦ [46]. This angular deviation results in a distance between the line of response (LOR)

and the true annihilation point (vertex) of d = (0.00243 ± 0.00014) ×D where D is the

detector ring diameter [45].
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Figure 2.5: Mass attenuation coe�cients for photons in water (left) and lead (right) as a
function of the photon energy. Taken from MIT OpenCourseWare; adapted from [49].

2.3 Interaction of Radiation with Matter

This section is based on Refs. [29, 30, 47, 48]. At the passage through matter, electromag-

netic radiation gets absorbed or scattered, leading to a reduction of intensity. The main

responsible physical processes are based on the interaction of photons with electrons of

the traversed medium, most prominently the photoelectric e�ect, the Compton scattering

as well as the pair creation. The latter process is not covered here since it is only relevant

in energy regimes well beyond the PET photon energy of 511 keV, i.e. above 1022 MeV.

These processes lead to a reduction of intensity I of a photon beam along the path x,

described by the absorption (Lambert-Beer) law

I = I0e
−µx (2.13)

where I0 is the initial intensity and µ is the attenuation coe�cient. The attenuation

coe�cient depends on the material (density) and the atomic numbers of the involved

elements as well as the photon energy. Fig. 2.5 shows the mass attenuation coe�cient for

the di�erent processes (photoelectric absorption, Compton scattering, Rayleigh scattering

and pair creation) for water (left) and lead (right). One can see that for a photon energy

of 511 keV, the predominant process in water, which is adequate to describe soft tissue, is

Compton scattering. On the other hand, for a high-Z material such as lead (Z = 82), the

photoelectric absorption has a much higher probability to occur than Compton scattering.

The relevant physical processes are presented in the following.
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2.3.1 Photoelectric E�ect

In the photoelectric e�ect, or total absorption, a photon interacts with an orbital electron

and transfers all of its energy to the electron,

Ee = hν − EB(ej) (2.14)

where EB(ej) denotes the binding energy of the electron in the j = K,L,M, . . . shell. The

recoil energy (several eV) is absorbed by the whole atom. This absorption is biggest in the

proximity of the nucleus. Thus, the interaction is most likely to occur with electrons of

the inner shells, as long as the photon energy is above the binding energy of the respective

shell. After the electron is ejected from the atom, the vacancy is typically �lled by an

electron from an outer shell, leading to the emission of characteristic X-rays. Alternatively,

the energy can be transferred to a secondary (Auger) electron within the atom with a

characteristic energy.

The cross section for photoelectric interaction in case of the K shell in non-relativistic

approximation is given by [30]

σKp.e. =

(
32

ε7

)1/2

α4Z5σeTh. (2.15)

Here, the energy ε = Eγ/mec
2 is the reduced photon energy, α = e2/(4πε0~c) is the �ne

structure constant and σeTh = 6.65 · 10−25 cm2 is the Thomson cross section. Evidently,

the cross section is a very strong function of the atomic number and the photon energy.

The probability of the photoelectric e�ect to occur is strongly enhanced if the photon's

energy corresponds to the shell's binding energy, leading to sharp edges in the absorption

spectra. For example, the absorption edge energy of Lutetium, the main component

of the scintillator material used in the EndoTOFPET-US detector, is 63.3 keV, which

corresponds to its Kα line. In soft tissue the photoelectric interaction is only signi�cant

at energies below 100 keV. For materials with a Z greater than 79, the photoelectric e�ect

is the dominant type of interaction for a photon energy of 511 keV [47]. Thus, a detector

material with a high Z is desirable so that the primary interaction type is photoelectric

interaction. This ensures that the photon energy is absorbed in a small detector volume.

2.3.2 Compton Scattering

At gamma energies above 100 keV, another interaction process occurs, the Compton

scattering. The Compton e�ect describes the elastic scattering of photons with outer-shell

(valence) electrons. An incident photon interacts with a valence shell electron that results

in the ejection of the electron and the simultaneous emission of a Compton scattered

photon with a reduced energy emerging at an angle θ relative to the trajectory of the

incident photon. The Feynman diagrams for Compton scattering are depicted in Fig. 2.6.
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Figure 2.6: Leading order Feynman diagrams for Compton scattering. Straight lines indicate
electrons, curved lines photons and dashed lines virtual electrons.

The valence electrons can be regarded as quasi-free since their binding energy is neg-

ligible compared to the incoming photon energy. Thus, because of energy conservation,

the energy of the incident photon Eγ must equal the sum of the energy of the scattered

photon E ′γ and the kinetic energy of the ejected electron E ′e:

Eγ = E ′γ + E ′e (2.16)

Using the kinematics of the elastic collision yields the energy of the scattered photon as

a function of the energy of the incident photon and the angle of the scattered photon θ

with respect to the incident trajectory:

E ′γ =
Eγ

1 + Eγ
mec2

(1− cos θ)
(2.17)

Thus, the energy loss of the photon increases with increasing scattering angle θ. The

maximum energy transfer to the electron (or the maximum energy loss of the photon) is

reached for a scattering angle of θ = 180◦. This maximum is called Compton edge. In

case of an incoming photon of 511 keV, the maximum electron energy results in E ′e,max =
2
3
Eγ = 340.7 keV. The minimum energy of the scattered photon for this case is E ′γ ≥
Eγ −E ′e,max = 1

3
Eγ = 170.3 keV, c.f. energy spectra in Sec. 6.1.2 (Fig. 6.4). It can further

be noted that at a photon energy of 511 keV, a relatively large scattering angle results in

a relatively small energy loss, e.g. 60 keV energy loss at an angle of 30◦.

If the energy of a photon is large compared to the electron binding energies of the

target atom, the di�erential cross section of Compton scattering within a solid angle dΩ

can be well described by the Klein-Nishina formula [50] which is valid for a free electron

at rest,
dσc
dΩ

=
r2

0

2

1 + cos2 θ

(1 + E(1− cos θ))3

(
1 +

E2(1− cos θ)2

(1 + cos2 θ)(1 + E(1− cos θ)

)
(2.18)

where r0 = α~/mec = 2.82 × 10−13 cm is the classical electron radius and E = hν/mec
2.

The cross section shows a distinct maximum at the Compton edge energy. Compared to

the Klein-Nishina cross section, measured Compton scattering cross sections in matter

exhibit features which can be attributed to the shell structure: Electron binding energies
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Figure 2.7: Polar plot of the di�erential Compton scattering cross section for an incoming
photon of 511 keV and a scattering angle of 21.5◦ The cross-section is expressed in units of r2

e

with a maximum value of dσ/dΩ = r2
e = 1 as shown by the light red circle. The direction of the

scattered photon is shown by a dashed red arrow, while the scattered electron follows the dashed
blue arrow. Numerical values are given for the photon di�erential and total cross sections, the
electron scattering angle φe and the electron kinetic energy KEe. Modi�ed from [51].

lead to a reaction suppression in case of low momentum transfers. Further, the motion

of the bound electrons causes a Doppler broadening of the scattered photon energy dis-

tribution [41]. For an incoming photon of 511 keV, the cross section is peaked in forward

direction: One third of the events scatter within 40◦ which corresponds to an energy loss

of 100 keV or less. Fig. 2.7 shows the polar distribution of the di�erential cross section of

Compton scattering for an incoming photon energy of 511 keV and a scattering angle of

21.5◦. This angle corresponds to an energy loss of 33 keV which is approximately half of

the expected FWHM energy resolution of the EndoTOFPET detector.

The probability of Compton scattering in a certain volume is approximately propor-

tional to the electron density of the material. And, with the exception of hydrogen due to

the absence of neutrons, the electron density is in good approximation independent of Z

[48]. Thus, in contrast to photoelectric absorption, the probability of Compton scattering

is nearly independent of Z.

The ejected electron looses its kinetic energy via excitation and ionisation of atoms in

the surrounding material near the scattering site. The Compton scattered photon may

traverse the medium without further interaction, or may undergo subsequent interactions

such as Compton scattering, photoelectric absorption or Rayleigh scattering.

2.3.3 Rayleigh Scattering

In Rayleigh scattering, the incident photon excites the electrons of an atom and induces

a dipole moment that oscillates in phase with the incident electromagnetic wave. The
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induced dipole moment acts as a dipole antenna and emits a photon of the same wave-

length as the incident photon but in a slightly di�erent direction. Thus, in contrast to

Compton scattering and photoelectric interaction, the incident photon interacts with and

excites the total atom. In soft tissue, Rayleigh scattering accounts for less that 5 % of

photon interactions above 70 keV and for less that 12 % of interactions at 30 keV.

2.4 Principle of Particle Detection in PET

For the detection of the two photons from the positron-electron annihilation, several

requirements need to be ful�lled: The two photons need to be detected in coincidence,

i.e. in two detector cells within a certain pre-de�ned time window of the order of several

ns. The energy measurement of the detector can be used to distinguish Compton events

from photoelectric events. Typical relative energy resolutions lie within 10-15 % FWHM

at an energy of 511 keV. The granularity of the detector, i.e. the size and pitch of the

single detector cells drive the spatial resolution of the reconstructed image. A small cell

size of a few millimetres is typically hindered by the costs to equip a full detector ring.

Common to all PET detectors is the absorption of the photons and the conversion to

scintillation light in the visible range by scintillators. The emitted light is then detected

by a photo detector that registers incoming photons and produces an electrical signal.

Subsequent electronics and logic register the hits and store the location, energy and time

(di�erence) of two coincidence events.

The EndoTOFPET-US detector exploits Silicon Photomultipliers (SiPMs) for the de-

tection of the scintillation light. The basic concept of inorganic scintillators is introduced

in this section, whereas the description of the working principle and properties of SiPMs

is done separately in Ch. 3.

2.4.1 Scintillator Crystals

Scintillators exploit the transition of electrons in an excited state due to an incoming

particle and the fast decay into the ground state under the emission of photons in the

visible range. The intensity of the emitted light, i.e. the number of scintillation photons

is proportional to the energy of the incident particle in the ideal case. Thus, by counting

the number of photons with a photo detector, one is able to infer the primary particle's

energy.

There are two types of scintillators, organic and inorganic. Organic scintillators are

hydrocarbon compounds with excellent time properties but a low density, thus not capable

of stopping high-energy particles. Inorganic scintillators on the other hand are typically

alkaline crystal lattices with a high atomic number Z. Therefore, they exhibit a high

stopping power and a more linear response. For PET, high density inorganic scintillators

are used and their basic working principle is brie�y explained here.
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Figure 2.8: Sketch of the energy levels of an inorganic scintillator.

In inorganic scintillators, small amounts of impurities, called activators, are added to

the scintillator crystal. This results in energy states within the band gap of the lattice

through which the electron can de-excite back to the valence band. A charged particle or

photon passing through the scintillator will create a large number of electron-hole pairs

through impact ionisation by exciting electrons from the valence to the conduction band

of the insulator. A hole drifts through the lattice to the location of the activator site and

ionises it. Simultaneously, the electron migrates through the crystal until the location of

the ionised activator. The electron can then drop into the impurity site, creating a neutral

impurity which may itself have several excited energy states. If the excited con�guration

has an allowed transition to ground state, a fast de-excitation to the ground state within

a half life of the order of 100 ns takes place. In other words, electrons and holes travel

through the crystal lattice until they are captured by luminescent centres and excite an

activator. The excited state then falls down to the ground state under the emission of

light [52]. The band structure of an inorganic scintillator is sketched in Fig. 2.8.

The competing process to the prompt �uorescence is phosphorescence where an elec-

tron creates an excited con�guration with a forbidden transition to the ground state.

Thus, additional energy, e.g. by means of thermal excitation, is needed to raise the elec-

tron to a higher state from which it can de-excite to an allowed ground state. This process

is also called afterglow and causes a source of background light which adds a slow com-

ponent to the decay constant. Moreover, the electron can be trapped or captured at an

activator site and fall back to the ground state by a non-radiative transition, i.e. by heat

emission. This so-called quenching (not to be mistaken by the quenching of an avalanche

in SiPMs) leads to a loss in the conversion of a particle's energy to the scintillation light.

Trapped electrons can also be released by means of delayed �uorescence which causes yet

another slow component to the scintillation light. The rise time of the scintillation light
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NaI(Tl) BGO LYSO:Ce LSO:Ce(0.4Ca)

Density [g/cm3] 3.67 7.13 7.4 7.4
Peak emission wavelength [nm] 410 480 420 420
Refractive index 1.85 2.15 1.82 1.82
Attenuation length for 511 keV [cm] 3.0 1.1 1.2 1.2
Light yield [ph/keV] 38 7.2 30 34.8
Rise time [ps] - - 100 100
Decay time [ns] 230 300 40 31

Table 2.2: Properties of selected inorganic scintillators.

pulse is governed by the details of the excitation process. The decay time exhibits a fast

and a slow component, where the fast component is determined by the de-excitation of

the luminescence centres whereas the slow component is due to phosphorescence.

Tab. 2.2 lists some key parameters of selected inorganic scintillators, such as de-

cay time, density and emission wavelength. The scintillation crystals installed in the

EndoTOFPET-US detector (Ch. 4) consist of LYSO:Ce, because of its excellent timing

properties, high light yield and emission wavelength compatible with the used SiPMs.

The emission spectrum is shifted to longer wavelengths and will not be a�ected by

the optical absorption band of the crystal. That is, the ionisation threshold of around

10 eV is not reachable by the emitted scintillation light which typically has an energy of

around 2-3 eV (which corresponds to wavelengths from 410 nm to 620 nm). Therefore,

the crystal is transparent to the scintillation light.

It is desirable to collect as much of the scintillation light as possible. Also one needs

to assure that a high-energy photon of a given energy creates the same light output, no

matter where in the crystal the interaction takes place. Since the scintillation light is

emitted isotropically, only a limited fraction of the light can travel directly to the surface

at which the photo-detector is located. All other photons are re�ected at the crystal

surface. Total internal re�ection is only possible for angles Θ > Θc = sin−1(n1/n0) where

n0 is the refractive index of the scintillator and n1 that of the surrounding. Otherwise,

partial transmission takes place, leading to a reduced number of scintillation photons.

Therefore, crystals are typically wrapped in re�ective foil (e.g. Te�on) to ensure re�ection

back into the crystal. At the same time, total internal re�ection is to be avoided at the

readout surface. The coupling agent between crystal and photo-detector is preferably a

transparent medium with a refractive index between that of the crystal and that of the

SiPM surface.

A high light yield and an e�cient collection and detection of the light has a major

impact on the time resolution [53]. Moreover, both rise and decay time are crucial in

enabling a fast initial light emission rate and thus improve the intrinsic time resolution

of the crystal. The theoretical limit of a scintillator's time resolution, its intrinsic time
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Figure 2.9: Lower bound on the timing resolution ∆tLB (left) based on single timestamps
(crosses) and �rst n timestamps (circles) as a function of the order statistic n. The solid line is
the intrinsic limit on the timing resolution [55]. Simulated coincidence time resolution (right)

as a function of light yield R of a scintillator read-out by a PMT for di�erent rise times τ1 and
for a �xed decay time of 40 ns [53].

resolution, is the time associated with the primary photoelectrons generated from the

photon-electron conversion inside a photo-detector. The probability density function of

the mean number of scintillation photons between time 0 and t is given by [53]

f(t) = a

∫ t

0

e−t/τd
(
1− e−t/τr

)
dt (2.19)

where τr and τd are the rise time and decay time of the scintillation process, respectively,

and a is a constant. Integration yields

f(t) = R
(

1− τr + τd
τd

e−t/τd +
τr
τd
e−t(τr+τd)/τrτd

)
(2.20)

where R ∝ τ2d
τr+τd

is the total light yield. The probability to generate N photons within a

time interval t is described by a Poisson distribution P (t)N with mean f(t) [54].

A signi�cant contribution to the timing resolution originates in the statistical �uctu-

ations of the times the individual scintillation photons are measured. These �uctuations

impose a lower limit on the timing resolution that can be achieved with a given scintillation

detector. The intrinsic timing resolution limit can be approached closely by registering

the timestamps from the �rst n photons emitted during the initial part of the scintillation

pulse [55]. This behaviour is shown in Fig. 2.9 (left).

It also follows that the choice of a scintillator material with short rise and decay times

as well as a high light yield and accompanied e�cient light collection is crucial for good

timing performance. Fig. 2.9 (right) shows the coincidence time resolution of typical

scintillators as a function of the total light yield.
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2.5 Medical Background

Nuclear imaging is used to image the in-vivo 2D or 3D distribution of an injected ra-

diotracer. Mostly, but not uniquely, nuclear imaging is used for the visualisation and

detection of cancer. In order to better understand the motivation for and application of

the developed detector, some medical background is given. First, the two applications,

prostatic and pancreas cancer and their established ways of detection and treatment are

reviewed, followed by a short introduction to PET and TOFPET. Medical image recon-

struction is introduced in the subsequent section.

2.5.1 Cancer & Radiotracers

A neoplasm is an abnormal growth of tissue. If this tissue forms a volume, it is also called

a tumour. Neoplasms can occur in any type of tissue. They can be benign or malignant.

The latter case is also referred to as cancer. Malignant neoplasms are characterised by

their uncontrolled growth and their capability of both invading into adjacent tissues as

well as spreading to distant tissues through the blood or the lymph system and form new

tumours far from the original tumour (metastases). 80 % of all malignant tumours are

so-called carcinoma that originate from cells of epithelial tissue.

Tumours need energy to sustain their growth. This energy is obtained through an

increased metabolism, mostly of glucose. The high uptake of glucose observed in many

tumours is the basis for standard PET imaging [56]. Fluodeoxyglucose (FDG) is a glucose-

analogue radiopharmaceutical where the positron-emitting radionuclide �uorine-18 (18F)

substitutes the normal hydroxyl group (OH) in the glucose molecule. Glucose is a key

substrate for all cells. In the process of metabolism, cells convert glucose to adenosine

triphosphate (ATP). The �uorinated analogue of glucose enters into the cells by a di�u-

sion mechanism using glucose transporters. It is phosphorilated by hexokinase to FDG-

phosphate which is a poor substrate for the next enzymatic step, and thus is entrapped

in the cell. Therefore, the FDG uptake in the cell correlates with the glycolytic activity.

Apart from tumours, also other tissue, especially organs, exhibit a high uptake of glucose,

making FDG PET imaging quite unspeci�c.

Besides FDG, also other radiopharmaceuticals are used for PET imaging, and the

search for novel radiotracers, or biomarkers, that are more speci�c to tumour cells in

general, or to dedicated tumour cells in particular, is an active �eld of research [56].

Examples are acetate or choline, marked with either 18F or 11C as well as certain antigenes,

labelled with e.g. 68Ga. Tab. 2.3 shows some common radionuclides, their production

method and their half-life. The following two paragraphs treat prostatic and pancreas

cancer as well as their imaging in some more detail.
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Radionuclide Production method Half-life [min]
18F cyclotron 110
68Ga generator 68
11C cyclotron 20

Table 2.3: Common radionuclides, their production method and half-life.

Figure 2.10: Anatomical sketch of the prostate (left) and the pancreas (right) [57].

Prostatic Cancer

Fig. 2.10 (left) shows an anatomical sketch of the prostate. Prostate cancer is the most

frequently diagnosed cancer and third most common cancer cause of death for males,

whereas survival rates are very good if diagnosed and treated su�ciently early. The risk

for a 75-year old male to get prostate cancer in the next ten years lies at around 6 %.

At the age of 35, this number is smaller than 0.1 %. The relative 5-year survival rate

for prostate cancer in Germany is currently around 93 % [58]. The two most common

forms of therapy are the surgical removal of the prostate and surrounding lymph nodes

(radical prostatectomy) as well as radiation therapy. The latter can be performed either

via external beam radiation or via brachytherapy where sealed radiation sources (so-called

seeds) are placed inside the prostate. Brachytherapy is assumed to be superior to other

forms of therapy [59].

The screening procedure in Germany for males above the age of 45 includes the ex-

amination of the genitals, the prostate and the lymph nodes. The diagnosis of prostatic

cancer can be performed via di�erent methods, either via palpation (physical examina-

tion by touching), tansrectal sonography (ultrasound), MRI or PET/CT [60]. Evidence

can only be achieved through bioptically extracted tissue samples of the prostate which

typically happens under the guide of transrectal ultrasound. However, prostate cancer is

often multifocal (occurring at multiple spots in the organ) so that standard 10-to-12 core

biopsy might miss 38 % of such cancers or under-represent high-grade tumour foci [61].
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Therefore, more accurate, non-invasive diagnosis methods are desirable.

Diagnostics have di�erent purposes: On the one hand, there is the primary tumour

detection itself. But also the local staging, i.e. the classi�cation of the tumour according

to its extent, the detection of bone metastases as well as post-treatment evaluation are

of paramount importance. The most common tracer for PET/CT imaging, 18F-FDG,

is not very e�ective for imaging of prostate cancer. This is �rstly because of a low

tumour uptake with respect to the standard prostate uptake. Secondly, large portions of

the FDG are excreted in the urine, leading to abundant activity in the urinary bladder

[13]. Because of the bladder's proximity to the prostate, this impedes precise FDG-PET

imaging of prostate tumours. In the past few years, other PET tracers such as 11C-

acetate, 11C-choline or 18F-choline have shown promising results. Choline shows a rapid

uptake in the prostate and a rapid blood clearance, enabling imaging as early as 3-5

min. after injection. These tracers show usefulness in the treatment optimization and re-

staging of recurrent prostate cancer after de�nitive therapy3. However, PET/CT imaging,

using the above-mentioned tracers, is not recommended for detection and local staging of

untreated prostate cancer [12]. For residual or local recurrent prostate cancer, PET/CT

or PET/MRI imaging using Choline tracers is only useful for prostate speci�c antigen

(PSA) values > 1 ng/ml because of its low detection rate and limited spatial resolution

[61].

In the past few years, other promising novel biomarkers for prostate carcinoma have

emerged. One is 68Ga-Bombesin (or 68Ga-NODAGA-MJ9). This receptor is mainly ex-

pressed at the cellular surface of prostate carcinoma. First studies suggest an improved

imaging with respect to the standard 11C-Choline in terms of sensitivity and speci�city.

An assessment of the utility of this class of tracers cannot be given yet [12].

Besides, ligands of the prostate speci�c membrane antigen (PSMA) have shown promis-

ing results. PSMA is a cell surface protein that is signi�cantly over-expressed in prostate

carcinoma cells when compared to other PSMA-expressing tissues such as kidneys, prox-

imal small intestine and salivary glands [62, 12]. This surface antigen is over-expressed in

most prostate carcinoma, independent of their grading. PSMA ligands labelled with 68Ga

show signi�cantly improved contrast with respect to choline-based PET/CT. Moreover,

it allows sensitive detection of lesions even at low PSA values, of even small lymph node

metastases (because of high radiotracer uptake) and of central bone and liver metastases

(due to low background signal) [62]. In the nuclear medicine department of one of the

EndoTOFPET-US medical partners, all 11C-Choline prostate PET examinations have

been replaced by the use of 68Ga-PSMA [63].

3A de�nitive therapy is any therapy generally accepted as a speci�c cure of a disease.
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Pancreatic Cancer

Fig. 2.10 (right) shows an anatomical sketch of the pancreas, together with parts of the

duodenum. Pancreatic tumours relatively often occur in the pancreas head, which is

the part close to the duodenum and the gall bladder. The risk for a 75-year old person

to get pancreatic cancer in the next ten years lies at around 0.7 %. At the age of 35,

this number is smaller than 0.1 %. Pancreatic cancer is practically symptom-free or of

unspeci�c symptoms during its early stage so that it often metastasised when discovered,

leading to highly adverse 5-year survival rates of around 8 % [58]. The therapy of choice

depends on the kind of pancreatic cancer, how far advanced the cancer is and on the age

and health situation of the individual patient. Operation is the most important therapy

form, with the aim of removing the tumour tissue as well as surrounding lymph nodes.

If the tumour is located in the pancreas head, typically the head of the pancreas as well

as gall bladder, duodenum and often parts of the stomach need to be removed. Chemo

therapy is often applied additional to the operation. Radiation therapy can accompany

chemo therapy in dedicated cases.

The most frequent non-invasive diagnostic methods used for evaluation of patients

with clinical suspicion for pancreatic cancer are abdominal US, CT, MRI and endoscopic

retrograde cholangiopancreatography (ERCP). However, these methods have di�culty in

e.g. distinguishing pancreatic cancer from an in�ammation of the pancreas (pancreatitis).

Biopsy or �ne-needle aspiration with CT or US guidance may also be inconclusive as

in�ammation and �brosis around the tumour may impede accurate sampling.

Pancreatic adenocarcinoma4 exhibit a high FDG uptake which is due to overexpres-

sion of Glut-1 in the pancreatic tumour. FDG PET is often used in preoperative diag-

nosis of pancreatic carcinoma in di�erentiating benign from malignant lesions. Various

studies have reported a sensitivity of 85-100 % and a speci�city of 67-99 % [13]. FDG

PET has been demonstrated to be useful in the evaluation of indeterminate pancreatic

masses, staging of pancreatic cancer, detection of metastatic disease, di�erentiation of vi-

able tumour from post-therapy changes, and in monitoring response to therapy. However,

false-negatives may occur with small lesions and in the presence of high blood sugar, while

false-positive results may be seen with chronic and acute pancreatitis [13]. To improve

the diagnosis of pancreatic ductal adenocarcinoma as compared to the standard 18F-FDG

tracer, new potential biomarkers have been identi�ed and are under investigation [64, 65].

2.5.2 PET

PET uses the characteristic properties of radionuclides that decay via positron emission

(c.f. Sec. 2.2). In a PET scanner, the photon pairs that are emitted through the electron-

positron annihilation, are detected (c.f. Fig. 2.11 and Sec. 2.1.1). The two photons are

detected in coincidence, i.e. two events are assigned to each other if they occur within a

4Malign tumours of epithelial tissue of glandular origin.
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Figure 2.11: Sketch of the β+ decay of a radioisotope and subsequent annihilation of the
positron with an electron under the emission of two γ quanta.

small time window (typically a few ns). The virtual line between the two detector cells

involved in the coincidence measurement is called line of response (LOR).

By using an image reconstruction software (c.f. Sec 2.6), a 3D image is created that

represents the distribution of the radiotracer in the subject (also called activity distribu-

tion). Depending on the characteristics of the radiotracer, the resulting activity distribu-

tion represents the physiological or metabolic uptake of the tracer. Therefore, PET, and

nuclear imaging in general, is a functional imaging method [66]. Apart from its wide use

in research, PET has become an important tool in oncology for diagnosis and staging [67].

It is most often used in combination with CT imaging, to allow for a combined image

of both anatomical and functional information. For this, dedicated full-body PET/CT

scanners have become a clinical standard. Most commercial PET/CT scanners consist of

basically unmodi�ed stand-alone PET and CT scanners mounted next to each other in a

common gantry. In the past years, the integration of PET and magnetic resonance imag-

ing (MRI) has received increasing attention. The main technical challenge to overcome is

the deterioration of the output signal of the standard photomultiplier tubes (PMT) by the

high magnetic �elds (0.5 T-10 T) of the MRI coils. The development of fully-integrated

PET/MRI scanners is only possible since the widespread availability of SiPMs that are

insensitive to magnetic �elds [7, 8, 9]. Due to the relative novelty and high costs of this

technology, full-body PET/MRI systems are not yet available. Rather, small-diameter

PET inserts for commercial MRI systems are being developed, e.g. to perform PET/MRI

scans of the brain, or for small-animal research [68]. For both PET/CT and PET/MRI

the separately-acquired images need to be combined to form one image that contains both

information. This process is denoted as image (co-)registration or image fusion. This mul-

timodal imaging is most often used with PET to combine the functional information with

anatomical images.

Whereas the spatial resolution of MRI images5 is mainly limited by the magnetic

5Typically slightly below 1 mm3 for standard MRI machines for humans.
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Figure 2.12: Sketch of true (left), scattered (centre) and random (right) coincidences in
PET.

�eld strength and gradient, the spatial resolution limits for PET are of very fundamental

nature. Most importantly, the non-negligible range of the positrons before annihilation

imposes a natural limit in the resolution power of PET. Besides, scattering in the tissue,

random and multiple coincidences as well as the acollinearity of the photons lead to a

degradation of image quality. Fig. 2.12 depicts true, scattered and random coincidences

in a PET acquisition. There are ways to estimate and correct for these e�ects but still

they a�ect the resulting image and degrade both spatial resolution and image quality due

to blurring e�ects.

2.5.3 Time of Flight Technique

The concept of time of �ight (TOF) is to measure the time di�erence between the two

emitted photons of an annihilation. The TOF information serves to localise the most

probable point of emission of a coincidence along the LOR, which can reduce propagation

of noise along the LOR and thus improve the image quality. Two detectors measure the

times of arrival (relative to some reference clock) of two photons, t1 and t2. The time

di�erence is

∆t = t1 − t2 =
d+ dA
c
− d− dA

c
=

2dA
c

(2.21)

where d is the half-length of the LOR or the half-distance between both detectors and

dA is the distance between the centre of the LOR and the annihilation point. This is

schematically depicted in Fig. 2.13. This time di�erence is compared to the coincidence

time window, typically at the order of a few nanoseconds. If the time di�erence of two

photons is smaller than that coincidence window, along with a possible energy window, the

two photons are considered to belong to the same annihilation, i.e. being in coincidence,

and are used to form an LOR which is processed by the reconstruction software. In

standard non-TOF PET, the time information is no longer taken into account as soon

as a LOR is identi�ed. The same probability of emission everywhere along this line is

assumed. By assuming a uniform probability of the event location along the full LOR

length, noise from di�erent emission events, e.g. from neighbouring organs, is forward-
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Figure 2.13: Sketch of the annihilation probability (red) for conventional PET (top) and TOF-
PET (bottom). d is the half-length of the LOR and dA is the distance between the centre of the
LOR and the annihilation point.

and backward-projected during image reconstruction over many image voxels, leading to

increased noise and thus reduced signal-to-noise ratio (SNR) when compared to TOF

PET.

In TOF PET, the precise knowledge of the time di�erence is used in the image recon-

struction to narrow down the LOR to the most probable emission point of the photon

pair. The TOF di�erence is proportional to the path length di�erence of the two photons.

This provides information on the position of the annihilation along the LOR. Noise from

di�erent events is now forward- and backward-projected over only a limited number of

image voxels which reduces the cross-dependencies of image voxels, which in turn results

in improved SNR and convergence rate [69]. The position information is blurred by time

resolution, leading to a Gaussian distribution whose width is de�ned as the coincidence

time resolution (CTR), typically expressed in FWHM. The time resolution depends on

several instrumental factors, most prominently the timing properties of the scintillator,

c.f. Sec. 2.4.1. The smaller the time resolution, the smaller the error on the localization

of the source. The position uncertainty σx is given by error propagation as a function of

the coincidence time resolution σt as

σx =
c

2
σt. (2.22)

Typical timing resolutions of clinical PET scanners of 1 ns result in a position uncertainty

along the LOR of 15 cm. A timing resolution of 7 ps would allow for a 1 mm spatial

resolution along the LOR. This would make image reconstruction essentially unnecessary

since the position of the emission along the LOR would be known with a su�ciently high

precision. Such a time resolution is far beyond current technological capabilities, though.

Most recent PET scanners possess CTRs of 500-600 ps FWHM. This already bene�ts to
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the image quality by reducing random and scattered events [70].

The overall e�ect of TOF is lower noise and higher contrast recovery, i.e. higher signal-

to-noise ratio (SNR). In some approximation, the SNR in a TOF image is proportional to

the non-TOF SNR and improves with decreasing time resolution (or the corresponding

spatial uncertainty σx) and for larger patients (given by the e�ective diameter D) [10],

SNRTOF =

√
D

σx
SNRnon-TOF. (2.23)

The ratio of TOF and non-TOF SNR is referred to as the TOF SNR gain. The SNR is

in �rst approximation proportional to the square root of the noise equivalent count rate

(NEC). Thus, a gain in SNR corresponds to a gain in count rate. So, a TOF image is

roughly the same as a non-TOF image that is acquired with a larger number of counts.

This model is a simpli�cation and does not hold for iterative reconstruction. However,

the statement that TOF leads to an increased SNR stays true for iterative reconstruction,

but it is not trivial to directly compare TOF and non-TOF images, since the convergence

(the number of iterations needed) is di�erent for TOF and non-TOF data [10]. Typically,

TOF information leads to a faster convergence to a speci�c contrast recovery coe�cient

(CRC) [70, 69]. In the backprojection step of iterative image reconstruction, the TOF

information is incorporated by a Gaussian probability function (also called TOF kernel)

along the LOR whose centre corresponds to the measured TOF di�erence and whose width

is determined by the time resolution of the scanner. The details of TOF reconstruction

implemented in the EndoTOFPET-US reconstruction software are described in Sec. 2.6.

Besides the improvement in image quality, which can in turn be exploited to reduce

either examination time or dose at equal image quality, one further bene�t from TOF-

PET is its capability to correct for inaccurate attenuation information, e.g. from an

independent CT image, that is inconsistent with the measured emission data. Moreover,

TOF-PET can compensate for information that is missing because of incomplete angular

coverage of the patient due to special scanner geometries. This is of particular importance

for the EndoTOFPET detector with its small angular coverage. Reviews of the bene�ts

of TOF with respect to image quality as well as lesion detectability in phantoms and in

clinical patients can be found e.g. in Refs. [70, 11, 71].

2.6 Tomographic Image Reconstruction

2.6.1 Introduction

This section is based on Refs. [72, 66, 73]. In medical imaging using X-ray or gamma

radiation, the aim is to produce cross-sectional images of the patient. The production

of those images is done with the help of tomographic image reconstruction. One can

distinguish between two types of tomography, emission and transmission tomography.
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In transmission tomography, with the most prominent example of computer tomography

(CT), the radiation source is located outside the patient. An X-ray tube rotates around

the patient and the X-rays propagate through a cross-section of the patient. The measured

quantity is the exit beam intensity, integrated along a line between the X-ray source and

the detector. The quantity to be reconstructed is the photon linear attenuation coe�cient

of the body. In emission tomography, the radiation source is inside the patient, namely

a γ- or e+-emitting radionuclide in case of SPECT and PET imaging, respectively. The

quantity to be reconstructed is the activity concentration of the radiopharmacon inside

the body. In both cases, tomographic image reconstruction is an inverse problem: The

measured data is known, and the physical processes (the attenuation coe�cient or the

activity distribution in the body) that lead to these measurements need to be inferred.

In principle, many techniques of image reconstruction can be applied to both emission

and transmission tomography data, i.e. for PET, SPECT and CT data. The inherent

di�erent physical processes involved lead to modi�cations and specialities in the three

di�erent tomography methods. This section focuses solely on PET image reconstruction.

Basic concepts presented in this section are common to all imaging modalities, though.

First, because of its conceptual and historic signi�cance, a short overview of analytic

image reconstruction is given. This technique is still the standard method for CT image

reconstruction due to the relatively low noise of the data. For emission tomography,

iterative techniques are now the clinical standard.

2.6.2 Analytical Image Reconstruction

The basis of analytical image reconstruction for all tomographic imaging modalities is

that the fundamental measured quantity is a 2D projection of the object onto a detector

plane. The measured quantity in each detector cell is a line integral of the activity or the

attenuation for PET/SPECT and CT, respectively. In PET, the straight line connecting

two �ring detector cells of a coincidence event is denoted as line of response (LOR).

The measured quantity for each coincidence is the integrated activity along this LOR.

Mathematically, this corresponds to a line integral.

To illustrate the concept of the projection, imagine a point source in the x-y plane

and let the detector be in the s-φ plane under a speci�c angle φ. The location s of the

spike on the 1D detector axis is then given by s + r sinφ, where r =
√
x2 + y2. Thus,

the projection of that point onto the detector plane, denoted by p(s, φ) is a sine function.

Therefore, the representation of the projections on the s-φ plane is called sinogram. This

is visualised in Fig. 2.14.

The Radon transform of a distribution f(x, y) is given by

p(s, φ) =

∫ ∞
−∞

∫ ∞
−∞

f(x, y) · δ(x cosφ+ y sinφ− s)dxdy (2.24)
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Figure 2.14: Visualisation of an image f(x, y), its projection p(s, φ) onto a detector plane s
along an angle φ as well as the sinogram of a point in the image. Taken from Ref. [74].

where the delta function assures the integrand to be zero everywhere except on the line

L(s, φ). The simple backprojected image

b(x, y) =

∫ π

0

p(s, φ)|s=x cosφ+y sinφdφ (2.25)

is blurred with respect to the original image f(x, y). This is because the backprojection

of a projection by asserting the same activity everywhere along the line causes an over-

sampling in the centre of the Fourier space [66]. The solution is to make use of the central

slice theorem (CST) which states that the one-dimensional (1D) Fourier transform (FT)

(F1) of a projection is equal to the two-dimensional (2D) Fourier transform of the image

at the corresponding angle, i.e.

F1{p(s, φ′)} = F2{f(x, y)}|φ=φ′ . (2.26)

The implications are that the following two operations are equivalent: 1) Project a 2D

function f(x, y) onto a line and perform a FT of that projection. 2) Perform a 2D FT

of f(x, y) and then take a slice through the origin, parallel to the projection angle. This

equivalence is explained visually in Fig. 2.15.

Re-writing the image f(x, y) via the inverse FT, switching to polar coordinates and

using the central slice theorem yields

f(x, y) =

∫ π

0

dφ

[∫ ∞
−∞

dω|ω|P (ω)e2πiωs

]
︸ ︷︷ ︸

=F−1{|ω|P (ω)}≡p′(s,φ)

=

∫ π

0

dφp′(s, φ) (2.27)
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Figure 2.15: Visualisation of the central slice theorem. p(s, φ) (upper left) is the measured pro-
jection while f(x, y) (lower left) is the true activity distribution. P and F are the corresponding
Fourier transforms. Taken from Ref. [74].

which resembles Eq. (2.25) with the signi�cant di�erence that p′(s, φ) is the original

projection, multiplied by a frequency �lter (also called ramp �lter) |ω| in the Fourier

space. Eq. (2.27) guides the procedure on how to reconstruct the image: Take a FT of

the projection, multiply it by the frequency �lter, inverse-transform this product to real

space, backproject this �ltered projection and �nally sum over all �ltered projections.

This analytical algorithm is called �ltered backprojection (FBP). A complete, continuous

set of projections allows to reconstruct the original image without loss of information.

The simplicity of the algorithm and its fast implementation using Fast Fourier Trans-

form (FFT) explains its wide use for image reconstruction over decades in both emission

and transmission tomography. Because of the low-noise nature of CT data, FBP is still

used as a clinical standard for CT image reconstruction.

2.6.3 Iterative Image Reconstruction

Analytic image reconstruction is based on the line integral model where the measured

data provides the projection of the image to be reconstructed. The direct inversion of this

model is obtained with the �ltered backprojection. However, the line integral model is an

idealisation of the scanning process. There are several attributes of the PET detection

process as well as the data itself that hamper the use of analytical image reconstruction.

First, the data is acquired from discrete angles whereas FBP assumes data from con-

tinuous angles. Also, the detector geometry might not provide complete data, which is

especially true for the EndoTOFPET-US detector with its asymmetric design. Another

aspect is that the detectors are subject to measurement errors such as mis-positioning of

photons. Besides these features of the detection process, there are features of the PET

data itself, i.e. the underlying physics, that a�ect the usability of analytic reconstruction
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methods. On the one hand, not all photons travel along straight lines due to scattering

and absorption. This is not considered by analytical techniques, thus deteriorating the

reconstructed image. And �nally, the emission data is noisy: The inherent property of the

radioactive decay is its Poissonian nature, leading to Poissonian noise in the detection.

The idea of iterative image reconstruction is to be able to incorporate prior knowledge

of the data and the detection process. Particularly, the noise structure of the emission

data is taken as a basis for the algorithm. This can vastly improve image quality with

respect to analytical techniques. Iterative algorithms are nowadays routinely used in PET

imaging.

The basic problem of tomography is to calculate from a set of measurements y the

causal factors that produce them, i.e. the activity distribution x. This makes it an inverse

problem. The emission tomographic problem is described mathematically as

y = S(x) + η (2.28)

where y is a vector containing the measured values, x is a vector containing the activity

values and S is the so-called system operator . η denotes additive noise.

The system operator S is in general a non-linear continuous (integral) transform. It is

commonly separated from x to represent a linear mapping of the physical quantity (the

image) to the observed data. That is, S is simpli�ed to a matrix of probabilities, called

the system matrix A. This linear approximation is crucial for the solving of the inverse

problem. The element Aij of the system matrix is the probability that an emission in

voxel i (xi) results in a detection in detector j (yj)6. In the linear approximation the

tomographic equation reads as

y = Ax (2.29)

or in index notation

yj =
∑
i

Aijxi. (2.30)

This implies that the image needs to be discretised or voxelised, as sketched in Fig. 2.16.

In order to solve the inverse problem (knowing yj and searching for xi) the straight-

forward approach would be to invert the system matrix,

x = A−1y. (2.31)

However, A is usually big and numerically unstable and cannot be inverted directly.

Thus, an optimisation method needs to be exploited to solve the inverse problem. That

is generally done by de�ning a so-called objective function for the inverse problem. It

measures how close the predicted data is to the observed data.

6Indices i and k are consistently used as a voxel indices, whereas j is used as a measurement index.
Vectors and matrices are denoted by bold symbols
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projection yj

voxel xi

matrix element Aij

Figure 2.16: Discretisation of the object for iterative image reconstruction. The system matrix
Aij gives the probability that an emission in voxel xi leads to a projection yj . Modi�ed from
Ref. [74].

Maximum Likelihood - Expectation Maximisation (ML-EM)

In the following, the Maximum Likelihood - Expectation Maximisation (ML-EM) method

is presented. The major feature of ML-EM is that it is speci�cally derived for emission

tomography, so it assumes Poisson noise on yj and is tolerant to this noise.

The basic idea of the objective function is the following: The measured data yi are

integer independent random variables that represent the number of detected coincidences

and follow a Poisson distribution. This is because both the radioactive decay as well as the

detection process follow a Poisson distribution with an expectation value λj =
∑

iAijxi.

The probability to measure k given λ is given by the Poisson probability

p(k|λ) =
e−λλk

k!
(2.32)

The likelihood function is the product of the probabilities for all measurements yj, i.e.

L(x) = p(y|x) =
∏
i

p(yi|x) =
∏
i

e−Ai·x(Ai · x)yi

yi!
(2.33)

The task is to �nd the image among all possible images x that maximises the probability

of producing the measured data. This is done by maximising the likelihood function, or

due to practical considerations, the log-likelihood function, i.e. log(p(y|x)). Therefore,

the objective function to maximise is the likelihood function.

The next step is to develop an algorithm to perform the maximisation. One of the

methods of choice is the so-called Expectation Maximisation (EM) [75]. This algorithm

was proposed for tomography by [76] and [77]. The key principle of the EM algorithm is

to maximise the expected log-likelihood, where the expectation is taken with respect to a

guess of the image (x(0)
i ). This is handy since the guess of the image provides a complete
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dataset whereas the measured (known) data y is incomplete, i.e. it su�ers from missing

values. The EM algorithm is decomposed in two steps: the calculation of the expectation

(E step) and its maximisation (M step) [72]. Both steps can be combined into a single

algorithm which for emission tomography reads as

x
(n+1)
i = x

(n)
i ·

1∑
j Aij

·
∑
j

Aij
yj∑

k Akjx
(n)
k

(2.34)

where x(n)
i is the activity of voxel i in the n-th iteration. One can see that the backprojec-

tion is a normalized sum of the ratios (Rj), weighted by Aij. That is, the image update

is given by the previous estimate, multiplied by a correction factor ci:

x
(n+1)
i = x

(n)
i · ci

ci =

∑
j AijRj∑
j Aij

(2.35)

In a simpli�ed way, the steps of the iterative ML-EM algorithm are

1. Find an initial guess x(0)
i (e.g. a uniform distribution)

2. Simulate measurements from the current activity (forward projection):

ysimj =
∑
k

Akjx
(n)
k

3. Compare this with the actual measured values: Compute the ratio between mea-

sured data and their expectation:

Rj =
yj
ysimj

4. Backproject the ratio:

x
(n+1)
i = x

(n)
i ·

1∑
j Aij

·
∑
j

AijRj

5. Update the current image/activity estimate

6. Go to next iteration: Repeat steps 2-5

This procedure is also schematically displayed in Fig. 2.17.
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Image Domain Projection Domain

Multiply by (i− 1)th
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Figure 2.17: Schematic description of the ML-EM algorithm. Modi�ed from Ref. [74].

2.6.4 System Model

As soon as the simulated measurements are su�ciently close to the actual measurements,

the true activity distribution should be close to the image estimate of the nth iteration:

Ax(n) → y ⇒ x(n) → x (2.36)

This will only be the case if the system matrix A is a good approximation of the system,

represented by the system operator S,

A ≈ S. (2.37)

In other words, the reconstruction algorithm can only be as good as the system model

agreement with reality. Thus, ideally, all physical e�ects governing the system need

to be estimated and incorporated into the model. The impact of modelling detector

imperfections in iterative image reconstruction as compared to analytical reconstruction

is sketched in Fig. 2.18. The most important e�ects to be modelled with respect to the

emission process are the positron range, the photon acollinearity as well as the occurrence

of random coincidences. During the passage of the photons through the body, scattering

and attenuation need to be incorporated for a precise system model. At the detection

process, the scattering and absorption of photons in the detector material as well as

dead time and resolution of the detector should be accounted for. The elements of the

system matrix can be determined in di�erent ways, either numerically [78], experimentally

measured using a point-like radioactive source [79] or estimated by simulations [80].
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LOR j

voxel i

Iterative Analytical

LOR j

f(x, y)

Figure 2.18: Sketch of how iterative image reconstruction can model detector imperfections as
compared to analytic reconstruction.

The details of the custom image reconstruction software for the EndoTOFPET-US

project are presented in Sec. 6.2



Chapter 3

SiPM Characterisation

In this chapter, �rst the basic working principle of a SiPM, and its key properties relevant

for an operation in reverse bias above breakdown, are presented. The following section

outlines a method for the automatised and robust characterisation of SiPM pulse-height

spectra, including a �t to the entire spectra, and the application to di�erent SiPMs.

3.1 Working Principle of a SiPM

A SiPM is a collection of binary cells, measuring the intensity of the incoming light by

counting the number of cells that experience an avalanche discharge simultaneously, i.e.

counting the number of �red pixels. This section is based on Refs. [52, 4, 81].

3.1.1 Pin Diode

A pin diode consists of a low-doped n or p region, framed by highly-doped p+ and n+

layers which also provide the ohmic contact. If the diode is biased with voltage in reverse

direction (reverse bias), the low-doped region gets depleted. In contrast to a conventional

pn diode, a pin diode has a deep low-doped ('intrinsic') region. By this, the probability

of an incoming photon to be absorbed in the depletion region is increased. The photon

produces an electron-hole pair as long as its energy is above the band gap of Silicon of

≈ 1.12 eV. In the presence of an electric �eld, the electrons and holes drift to the n

and the p side, respectively. During this drift time, a measurable current is generated at

the electrodes. If several photons impinge in the depletion region at the same time, the

generated current is proportional to the number of electron-hole pairs. Due to the noise

of the read-out and ampli�er electronics, the signal height of a single photon is typically

not high enough to be separable from the electronic noise.
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Figure 3.1: Schematic doping pro�le (cross-section) of a Hamamatsu SiPM pixel (n-on-p).
Modi�ed from Ref. [82].

3.1.2 Avalanche Photo Diode (APD)

An Avalanche Photo Diode (APD) is a pin diode operated at high voltages such that elec-

trons and holes are accelerated to energies at which they can produce secondary electron-

hole pairs by impact ionisation. This can generate an avalanche of secondary charge

carriers. Therefore, a primary photo-electron produces an ampli�ed current signal. In

proportional mode, the APD is biased slightly below breakdown and only the electrons

generate secondary electron-hole pairs. Due to the statistical nature of the multiplication

process, APDs su�er from a large excess noise factor (typically > 2) [81]. Thus, it is not

possible to distinguish the �rst photo-electron peak from the noise level (pedestal).

At su�ciently high applied bias and therefore electric �eld in the diode, secondary

charge carriers generate further charge carriers faster than they can drain o� at the elec-

trodes. In this case, the avalanche is self-sustaining and the number of charge carriers

grows exponentially in time. Due to the high electric �eld in the depletion zone, initial

charge carriers generated by an absorbed photon or by thermal e�ects trigger an exponen-

tial charge multiplication by impact ionization. This state is called avalanche breakdown.

APDs operated above breakdown are called Geiger-mode APDs (GM-APD), due to their

resemblance to a Geiger-Müller counter. Another commonly-used name is single photon

avalanche diodes (SPADs).

The avalanche process needs to be interrupted, otherwise it would continue forever

(until damaging the device) and no further incoming photons could be detected. This

can be realised by a high-ohmic resistor, called quenching resistor, that is connected in

series to the SPAD. The current spike across the quenching resistance induces a drop in

the operation voltage, thus stopping the avalanche.

Fig. 3.1 displays a schematic cross section of an APD. The doping pro�le consists of

an intrinsic area for the absorption of photons and a multiplication region where the high

electric �eld is generated. Guard rings are placed between the pixels to suppress undesired

high electrical �elds in the border regions.
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3.1.3 Silicon Photomultiplier (SiPM)

Silicon Photomultiplier (SiPMs) consist of a densely packed array or matrix of APDs (up

to 104 per mm2) connected in parallel on a common silicon substrate with common output.

Each APD is operated in Geiger mode above the breakdown voltage, thus also called

Geiger-mode APD or single photon avalanche diode (SPAD). Each SPAD is connected in

series with a quenching resistor in order to terminate the avalanche passively. A SPAD

plus its quenching resistor is henceforth called a pixel. The operation above breakdown

allows a gain of 105 − 107 and guarantees a high homogeneity in the response among

di�erent pixels. The output of the SiPM is the analogue sum of all �red pixels.

A SiPM can be represented by a simpli�ed equivalent electrical circuit which models

the process of an avalanche breakdown [83]. Fig. 3.2 (left) shows the equivalent circuit of

a single SPAD or pixel. The closing of the switch S models the Geiger discharge, i.e. the

turn-on by an incoming photon or a dark count. While S is open, the pixel capacitance

Cpix is charged to the bias voltage Vbias. When the switch is closed, the pixel capacitance

discharges over the resistance Rd. This resistance describes the series resistance of the

plasma channel (typically around 100 Ω − 1 kΩ). The time constant of the exponential

discharge is τq = Rd · Cpix which is typically of the order of several 100 ps. Once the

diode current drops below a minimal threshold current of a few µA, necessary to sustain

the avalanche process, the avalanche is quenched. This cut-o� is modelled by opening the

switch, leading to an instant drop of the diode current and a resulting decrease of the

voltage below Vbd. In order to decrease the voltage from Vbias to Vbd which typically is

a few volts, a high resistance of the quenching resistor of the order of a few 100 kΩ is

needed. Afterwards, the pixel capacitance is charged again to the bias voltage over the

quenching resistor Rq. The charging process has a time constant of τr = Rq ·Cpix which is

much larger than the discharge of the pixel. A SiPM is a parallel arrangement of SPADs,

as displayed in Fig. 3.2 (right). The diodes share a common substrate as anode and the

cathodes are connected over the quenching resistors Rq to a common bias line.

Because of the avalanche of secondary charge carriers, the information of the energy

of the incoming photon is lost. A pixel either �res (produces a Geiger discharge) or does

not �re. On the other hand, this gives rise to the counting of single photons, thus making

a SiPM a tool for low-light detection.

3.2 Properties of SiPMs

3.2.1 Gain

The gain G of a SiPM pixel depends on the charge accumulated by a cell and typically

ranges between 105 and 107. The gain of a SiPM depends linearly on the applied bias and

is given by
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Figure 3.2: Approximate equivalent circuit of a GM-APD with series quenching resistor Rq
and external bias (left). The switch models the turn-on and turn-o� probabilities. The parallel
arrangement of GM-APDs, displayed as diodes, with series quenching resistor Rq in a SiPM
(right).

G(V ) = (Cpix + Cq) · (V − Vbd)/e, (3.1)

where e is the electron charge and V − Vbd is the over-voltage, i.e. the di�erence between
applied bias voltage and breakdown voltage. Cpix is the pixel capacitance which is mainly

determined by the area of the depletion depth as well as the doping. The quenching

capacitance Cq is typically small compared to the pixel capacitance Cpix. The gain only

exhibits an indirect temperature dependence since it is a function of the breakdown voltage

which depends linearly on the temperature. The gain itself, however, when expressed as

a function of the over-voltage, is independent of temperature [84].

3.2.2 Breakdown Voltage

When illuminating a SiPM and measuring the current �ow as a function of the applied bias

voltage, one typically observes a constant current, followed by an increase which is caused

by avalanche multiplication. At a speci�c voltage, the current increases steeply. This

voltage, denoted by VIV , is the voltage at which the charge multiplication is su�ciently

high to form a plasma channel and turn on a Geiger discharge, thus also called turn-

on voltage [85]. The voltage drop across the plasma channel decreases with increasing

current �ow (negative resistance). Thus, a discharge that required a high voltage to

initiate an avalanche breakdown rapidly evolves into a lower-voltage arc if su�cient power

is delivered. The charge multiplication required to stop the plasma channel is denoted

as turn-o� voltage. It can be identi�ed as the voltage at which the gain of the SiPM

decreases to one, denoted by VG. Since the gain at the bias voltage Vbias is proportional to

∆V = Vbias−VG, the turn-o� voltage is the relevant quantity for the operation of a SiPM.

Therefore, this quantity is commonly denoted as the breakdown voltage Vbd. Throughout
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this thesis, if not stated di�erently, VG is referred to as Vbd,

Vbd := VG = V (G = 1). (3.2)

3.2.3 Photon Detection E�ciency (PDE)

The photon detection e�ciency (PDE) of a SiPM denotes its e�ciency to detect photons

and is de�ned as the number of photons generating a Geiger discharge divided by the

number of photons hitting the SiPM. It can be expressed as the product of the �ll factor

(FF), the quantum e�ciency (QE) and the avalanche triggering probability Ptr,

PDE = FF ·QE · Ptr. (3.3)

The �ll factor is the fraction of e�ective (photo-sensitive) area of the SiPM and the total

area of the SiPM. The size of the quenching resistor and the electric isolation between

the pixels as well as the bias line reduce the �ll factor of the SiPM. Larger pixel sizes are

bene�cial for increased �ll factor. However, this reduces the number of pixels and thus

the dynamic range. The quantum e�ciency denotes the probability for the conversion of

a photon into an electron-hole pair in the depletion layer. This depends on the photon

absorption coe�cient, which increases for shorter photon wavelengths. Because of this,

UV and blue light is absorbed closer to the detector surface while red light can penetrate

deeper into the bulk. Furthermore, losses at the entrance window (e.g. SiO2) of the SiPM

due to re�ection and absorption reduce the PDE. The avalanche trigger or breakdown

probability depends on the electric �eld strength at the p-n junction. Free charge carriers

can be generated at di�erent positions in the p-n junction depending on the position of

the photon absorption. Only those free carriers which drift through the multiplication

region have high probability to trigger the avalanche breakdown. This probability can be

increased by increasing the applied bias voltage.

3.2.4 Dynamic Range

When using a SiPM for detection of scintillation light, such as in PET, the SiPM needs to

be able to measure a very high photon �uence of tens of thousands of photons per 1 MeV.

Thus, SiPMs for PET application need a high dynamic range and linearity of response.

The response of a SiPM, i.e. the number of �red pixels N�red is often given by the

number of pixels Npix and the average number of scintillation photons Nph [81] by

N�red = Npix

(
1− e−PDE·

Nph
Npix

)
. (3.4)

However, this formula neglects optical cross-talk and after-pulses. Besides, it only holds

if the photons are uniformly distributed over the surface of the sensor and if the incoming
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light pulse is much shorter than the recovery time of the pixel. Cross-talk and after-pulsing

probabilities can be corrected for by using the relation

N�red = Npix

(
1− e−PDE(1−PCT)· Nph

Npix

)
+Nphe · PDE · (1− PCT) · PAP (3.5)

where PCT is the cross-talk probability and PAP is the after-pulse probability [86].

The dynamic range is dominated by the number of pixels of the SiPM. However, it is

also in�uenced by the applied bias voltage since PDE, cross-talk and after-pulsing depend

on the voltage.

The detector response is approximately linear for a small exponent, therefore a large

number of pixels is desired. Neglecting correlated noise, the output signal deviates > 20%

from linearity for Nphe > 0.5 · Npix, assuming a PDE of 50%, and > 40% for a PDE of

100%. However, increasing the number of pixels in a given volume typically reduces �ll

factor and thus PDE. Therefore, a compromise between high dynamic range and high

detector e�ciency needs to be found. In case of PET, this results in a potential non-

linearity between the detector signal and the energy deposited in the scintillator. Since

the knowledge of the energy of the incoming photon is crucial in order to allow rejection

of Compton-scattered events, one needs to correct for this non-linearity.

If the light pulse duration is similar to the pixel recovery time, the response of a SiPM

is more complicated. This is relevant e.g. for the detection of scintillation light. LYSO

crystals exhibit decay times of ≈ 40 ns which is of the same order of magnitude of typical

SiPM recovery time constants. Therefore, the e�ective dynamic range can be increased

by recovering pixels that are available for additional photons arriving at a later time.

3.2.5 Dark Count Rate (DCR)

Free charge carriers can also be generated in absence of light by thermal excitation or

tunnelling and produce an avalanche breakdown. The number of Geiger discharges in-

duced by these e�ects is called (primary) dark count rate (DCR). The resulting signal

is indistinguishable from a photon-induced signal and is thus a limiting factor for low

intensity photon detection. Besides, an excessive DCR limits the timing performance of

the detector as it impedes the triggering on the �rst few photons (c.f. Sec. 2.4.1).

At room temperature and above, the main contribution to dark counts, i.e. a dark

current, is the thermal generation of free charge carriers in the depletion region. The

presence of trap levels in the band gap, caused by impurities in the crystal lattice, facil-

itates the generation of charge carriers, that would otherwise be suppressed due to the

indirect band gap of silicon. The generation current increases with increasing depletion

region width (and thus with increasing applied reverse bias). It can be described by the
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Shockley-Read-Hall model [87] and is given by

I = e · |U | ·W · A (3.6)

where e is the elementary charge, U is the carrier recombination-generation net rate in

the silicon bulk, W is the width and A is the cross-sectional area of the depletion region.

Assuming the same capture cross-sections σ for electrons and holes, U is given by

U = − σvthNtni

2 cosh(Ei−Et
kBT

)
. (3.7)

Here, kB is the Boltzmann constant, Nt is the concentration of bulk recombination centres

per volume, Ei is the intrinsic Fermi level and Et is the energy level of the generation-

recombination centres. The thermal velocity vth exhibits a temperature dependence of

T 1/2, whereas the intrinsic carrier concentration ni scales with

ni(T ) ∝ T 3/2 · e−Eg/(2kBT ), (3.8)

with the band gap of silicon at room temperature Eg = 1.12 eV. Expressing the activation

energy as Ea = Eg/2 + |Ei − Et|, the generation current can thus be described as

I(T ) ∝ T 2e−Eg/(2kBT )

cosh
(Ea−Eg/2

kBT

) . (3.9)

This relation generally holds for reversely-biased diodes and neglects avalanche break-

down, so in principle is only valid below breakdown where G = 1. This current is propor-

tional to the DCR. Plotting the DCR on a logarithmic scale against 1/kBT (Arrhenius

plot), the activation energy Ea can be determined (c.f. Sec. 5.1) [88]. The DCR can be

measured by integrating the charge within a random trigger in absence of light. Fig. 3.3

shows three sample pulse-height spectra measured without illumination.

Dark counts occur random in time with a probability of occurrence p within a small

time interval ∆t proportional to the time interval itself (i.e. p → 0 for ∆t → 0), while

the number of occurrences within a certain acquisition time is large (n→∞). Therefore,

the product np converges to a �nite value µ. Thus, the dark count probability follows a

Poisson distribution [90] with mean µ and number of Geiger discharges k,

Pk(µ) =
µk

k!
e−µ. (3.10)

This assumption can be used to estimate the DCR: In the absence of light, the expected

number of Geiger discharges is µ = DCR · τgate. The probability to measure no Geiger

discharge is Pk=0(µ) = e−µ where Pk=0 is given by the number of events below half of a

single Geiger discharge N0, normalised to the total number of events Ntot, i.e. Pk=0 =
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Figure 3.3: Examples of dark pulse-height (PH) spectra for 3 SiPMs from Hamamatsu, MPPC
S13360-1350CS (sensor area 1.3 × 1.3 mm2), MPPC S13360-6050CS (6 × 6 mm2), and MPPC
S10362-33-050C (3 × 3 mm2). The measurements are performed with the CAEN Educational
Kit [89] at a temperature of around 23◦C using a gate length of 100 ns. The SiPMs are operated
approximately 2.5 V above their individual breakdown voltage. The histograms are normalised
to their maximum for easier comparison.

N0/Ntot ≡ f<0.5 [91]. The DCR can therefore be estimated by

DCR =
− ln(f<0.5)

τgate
. (3.11)

This assumption, however, ignores multiple dark pulses as well as prompt cross-talk.

The DCR is also often estimated by the fraction of events above one half of a single

Geiger discharge, denoted as f>0.5, divided by the gate length τgate,

DCR = f>0.5/τgate. (3.12)

This is the �rst-order Taylor expansion of Eq. (3.11), valid for small f<0.5. It only holds

if τgate � τSiPM ≈ Cpix · Rq, i.e. if the gate length is large compared to the decay time

constant of the SiPM. The DCRs in the example spectra above vary from around 60 kHz

(for MPPC S13360-1350CS) to around 1 MHz (for MPPC S13360-6050CS), where one

has to keep in mind that the DCR scales with the size of the sensor.

Dark counts can be reduced by moderate cooling, c.f. Sec. 5.1. Moreover, dark counts

can be discarded by setting a threshold above the single photo-electron signal. This is

a reasonable approach when the mean number of photons is much larger than one, e.g.

in the application of PET with a large number of generated scintillation photons for an

incoming 511 keV photon.
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3.2.6 Correlated Noise

During an avalanche breakdown, photons can be produced within a pixel via luminescence

(approximately 10−5 photons per electron in the junction). These photons can propagate

within the device and be absorbed in the sensitive volume of a neighbouring pixel, thus

triggering an additional Geiger discharge. These secondary avalanches occur almost si-

multaneous to the original avalanche. This e�ect is denoted as optical cross-talk. The

output pulses of optical cross-talk are therefore indistinguishable from true signals and can

result in two pixels �ring after a single primary Geiger discharge. The presence of cross-

talk shifts counts from a given peak of a pulse-height spectrum to higher photo-electron

(p.e.) peaks. Optical cross-talk can be reduced by optically isolating the pixels, which

can be either done by larger pitches between pixels or by introducing trenches between

pixels. Both solutions, however, reduce the �ll factor of the SiPM.

Another cause of noise and spurious pulses is the after-pulsing. Charge carriers

can be trapped during a Geiger discharge due to impurities and trap levels in the silicon

lattice. When released after a certain delay, they trigger a new avalanche. The after-pulse

probability varies with over-voltage typically between 0.3% and 10%, depending on the

SiPM [4]. After-pulses are responsible for the continuous background of a pulse-height

spectrum.

These two e�ects are also denoted as correlated noise. Geiger discharges originating

from correlated noise are visible in a dark spectrum as higher-order peaks as well as counts

in-between the peaks above the �rst p.e. peak (c.f. Fig. 3.3). The correlated noise ξ of

a SiPM can be estimated from a dark spectrum by the fraction of events above 1.5 of

a single Geiger discharge, f1.5, divided by the fraction of events above 0.5 of a Geiger

discharge, f>0.5,

ξ =
f>1.5

f>0.5

. (3.13)

This relation only holds if the DCR is small compared to the correlated noise. Otherwise,

it needs to be corrected for DCR contributions. Typical values for correlated noise lie at

the order of 10% to 20%, depending on the applied voltage as well as the design of the

SiPM. The in�uence of correlated noise on pulse-height spectra is also described in the

following section.

3.3 Characterisation of Single-Photo Electron Spectra

The characterisation of the single-photo-electron pulse-height (PH) spectra is elucidated

on the basis of example spectra. Therefore, the investigated SiPMs and the measurement

conditions are introduced �rst.
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Model E�. area Pixel size Pixels PDE Gain Typ. DCR Vbd
[mm] [µm] [%] [×106] [kHz/mm2] [V]

PM1125NS-SB0 1.2× 1.2 25 2304 25 1.5 210 27.3
S13360-1325PE 1.3× 1.3 25 2668 30 0.7 41 51.1

Table 3.1: Producer speci�cations of the investigated SiPMs KETEK PM1125NS-SB0 [92] and
Hamamatsu MPPC S13360-1325PE [93]. The given area refers to the e�ective photo-sensitive
area. The values for PDE, gain, DCR and Vbd refer to a measurement temperature of 25

◦C and
an over-voltage of 5 V and are typical values that may di�er among SiPMs. The photo-detection
e�ciency PDE refers to a wavelength of 430 nm and 450 nm for KETEK and Hamamatsu,
respectively.

3.3.1 Setup & Devices

For the establishment and testing of the analysis strategy and software, two SiPMs have

been used, a Hamamatsu S13360-1325PE sensor and a KETEK MP1125NS-SBO sensor.

Their key properties are summarised in Tab. 3.1.

The data is acquired with the CAEN educational kit [89]. It consists of a SP5600

CAEN Power Supply and a three-stage Ampli�cation Unit (PSAU), including a SiPM

embedding head unit. The PSAU incorporates a leading edge discriminator and coin-

cidence logic. The data from the PSAU is transferred to a DT5720A CAEN Desktop

Digitiser, with a sampling frequency of 250 MS/s over a 12 bit dynamic range. The

available �rmware enables the possibility to perform charge integration, pulse shape dis-

crimination and triggering. The ultra-fast LED (SP5601) driver emits pulses at 400 nm

with a FWHM of 14 nm. Pulses are characterised by an exponential time distribution

of the emitted photons with a rising edge at sub-nanosecond level and a trailing edge

with τ ≈ 5 ns. The driver is also providing a synchronization signal in NIM standard. A

picture of the setup is shown in Fig. A.1.

Example waveforms of the two SiPMs, illuminated with low-intensity LED light,

recorded with an oscilloscope, are displayed in Fig. 3.4. They show single pulses, cor-

responding to three �ring pixels. One can observe two components of the decay of the

signal, a fast one and a slow one. The fast component is caused by the implantation of

a capacitance of small capacity parallel to the quenching resistor, denoted as quenching

capacitance Cq.

3.3.2 Detector-Response Model

Typically, SiPM pulse-height spectra are analysed by �tting multiple Gauss functions

to the individual peaks. This approach evidently ignores any underlying background

distribution as well as the regions in-between the peaks. The choice of the �t region is

relatively arbitrary and it is di�cult to evaluate the impact of the ignored background.

As an alternative approach, a detector response model is proposed that describes the
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Figure 3.4: Typical waveforms (time vs. voltage) of Hamamatsu S13360-1325PE (left) and
KETEK MP1125NS-SBO (right). A dashed square corresponds to 10 ns in the horizontal and
20 mV in the vertical direction.

entire spectrum, including the region in-between the peaks. It is based on statistical

considerations of the photons initiating a Geiger discharge, the statistics of prompt cross-

talk and the statistics of after-pulses. In the following, this model is described brie�y,

closely following Ref. [91], where more details can be found.

Fig. 3.5 shows pulse-height spectra for low-intensity LED illumination for a range of

applied bias voltages for the Hamamatsu (top) and the KETEK (bottom) SiPM, respec-

tively. For comparison, Fig. A.2 shows pulse height spectra for di�erent light intensities,

recorded with a di�erent SiPM. The peak around zero is called pedestal (P0) and corre-

sponds to no Geiger discharge. The subsequent peaks correspond to i = 1, 2, . . . Geiger

discharges or pixels �red. On the linear scale (left) one can directly see the linear increase

in the gain G (i.e. the distance between the peaks). On the logarithmic scale (right),

one can observe the increasing contribution of counts in-between the peaks for increasing

voltage. The increase of the photon-detection e�ciency (PDE) with voltage can be ob-

served as the decrease of the fraction of events in the pedestal peak as compared to the

higher-order peaks. In the following, these e�ects are characterised in detail.

In the absence of noise, each peak k can be described by a Gaussian distribution as a

function of the pulse height PH,

GPH;k,σk =
1√

2πσk
· exp

(
−
(PH− (P0 + k · σk)

)2

2σ2
k

)
(3.14)

whose width σk increases with the square root of the number of prompt Geiger discharges

k as

σk =
√
σ2

0 + k · σ2
1,intr (3.15)

where σ0 is the width of the pedestal and σ1,intr =
√
σ2

1 − σ2
0 is the intrinsic width of the

�rst peak, excluding the contribution from the pedestal noise. The intrinsic width σ1,intr

originates from variations of the gain, both between pixels as well as within one pixel. The

origin of inter-pixel variations lies in di�erences in the pixel capacitance among pixels.

This results in a voltage-dependent increase of σ1,intr. The intra-pixel variation can be
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Figure 3.5: Pulse-height (PH) spectra of Hamamatsu S13360-1325PE (top) and KETEK
MP1125NS-SBO (bottom), illuminated by low-intensity LED light, for increasing bias voltage
(from dark to light colours) on a linear (left) and a logarithmic scale (right). For visualisation
purpose, the single spectra are normalised to their maximum and shifted vertically by multiples
of 0.5 for increasing voltage.

explained by changes in the electric �eld within a pixel, leading to a change in breakdown

voltage, which ultimately leads to an increase of σ1,intr which shows no or only a mild

voltage dependence [91].

The incidence of photons initiating a Geiger discharge is statistically independent and

the probability of occurrence within a time interval ∆t is equal to µ · ∆t. It follows

that in �rst approximation the heights of the peaks follow a Poisson distribution with

mean µ. This does not hold for higher photoelectron peaks, since each Geiger discharge

can produce secondary discharges, both prompt and delayed. For the prompt cross-talk

a Borel distribution with a branching fraction λ can be assumed [94]. This leads to a

generalised Poisson distribution for k = 0, 1, 2, . . . discharges [95]:

GPk,µ,λ =
µ · (µ+ λ · k)k−1 · e−(µ+λ·k)

k!
(3.16)

For the probability that k prompt Geiger discharges produce i correlated-noise dis-



3.3 Characterisation of Single-Photo Electron Spectra 51

charges, a binomial distribution is assumed:

Bk,i,α =

(
k

i

)
αi(1− α)k−i (3.17)

where α is the probability that a Geiger discharge causes a correlated-noise discharge. The

probability distribution for correlated noise itself is found empirically to be parametrisable

by an exponential function with an exponential slope β of the form

dpk,i
dPH

=
(PH− PHk)

i−1

(i− 1)!βi
· e−(PH−PHk)/β for PH > PHk (3.18)

where the index k refers to the number of prompt discharges and the index i for the

number of correlated-noise discharges. For i = 1 correlated discharge, an additional

smearing from the kth peak is applied to the probability distribution:

dp′k,1
dPH

=
dpk,1
dPH

· 1

2

(
1 + erf

(PH− PHk√
2σk

))
(3.19)

It is found that this smearing is in good agreement (< 1%) with the exact convolution for

σk/β < 0.2. The distributions for i > 1 are su�ciently smooth and do not need additional

smearing.

In total, the complete probability density distribution is given by [91]

dp
dPH

= GP0,µ,λ ·GPH;0,σ0︸ ︷︷ ︸
Pedestal (k=0)

+
kmax∑
k=1

(
GPk,µ,λ·

(
Bk,0,α ·GPH;k,σk︸ ︷︷ ︸

j=0 corr. disc.

+Bk,1,α ·
dp′k,1
dPH︸ ︷︷ ︸

j=1 corr. disc.

+Bk,i,α ·
dpk,i
dPH︸ ︷︷ ︸

j>1

))

(3.20)

The distribution is multiplied by a normalisation factor Ntot. The model thus has nine

free parameters that are listed in Tab. 3.2. In the following section, these parameters are

estimated from the peaks and the moments of the spectra, followed by a �t of the model

to the data.

3.3.3 First Approximation of SiPM Parameters

The aim of the work presented here is to establish universal and robust methods to extract

the parameters of a SiPM, including the �t of the entire spectrum with the detector

response model. For this, a python module is developed with the aim to be robust and

easy-to-use1.

First, the positions of the peaks need to be identi�ed. For this, a peak �nder algorithm

searches for local maxima in the spectrum. In order to prevent the algorithm to identify

1Thanks to Prof. R. Klanner for advise and guidance and T. Lösche who contributed signi�cantly to
the software development throughout his Bachelor thesis work in our group. The work of this section
has been accepted for a presentation at the IEEE NSS/MIC 2017 conference with the title 'On the
characterisation of SiPMs from pulse-height spectra'.
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Parameter Meaning

Ntot Total number of counts
P0 Pedestal position
σ0 Pedestal width
σ1,intr Intrinsic width of �rst p.e. peak
G Gain
µ Mean number of photons initiating a Geiger discharge
λ Branching probability for prompt cross-talk
α Correlated-noise probability
β Inverse of exponential slope of correlated noise distribution

Table 3.2: Free �t parameters of the probability density distribution of the detector response
model (Eq. (3.20)).

noise �uctuations as peaks, a �rst estimation for the gain, i.e. the distance of the peaks,

needs to be found. This is realised by the �rst harmonic of the absolute value of the

Fourier spectrum of the data. The Fourier spectrum is smoothed by a spline and the

inverse of the position of the �rst maximum determines the initial guess for the gain,

denoted as GFFT. Since GFFT can be determined very robustly, it is used for the gain

determination of the mass characterisation of the SiPMs for the external plate of the

EndoTOFPET-US detector (Sec. 5). The minimum peak distance for the peak �nder

is set to 0.9 · GFFT. An appropriate choice of the minimum peak height is 10% of the

maximum of the distribution. These parameters might need to be adapted for di�erent

SiPMs or excessive electronic noise. According to these constraints, the �rst k peaks of

the spectrum are identi�ed.

In the next step, individual Gauss functions are �tted to the �rst k photoelectron

peaks. The initial value for the mean of the ith Gaussian is taken as the peak position as

estimated by the peak �nder, while the initial value for the width σk is derived from the

full width half maximum (FWHM) of the peak. Especially for low bias voltages it can

happen, though, that the peaks overlap above the half-maximum level. In these cases,

the FWHM is only reached at lower and/or higher peaks, and half the gain is taken as a

rough estimate for the FWHM. For each peak, �rst a ±3σ environment is taken as the

�t range. If the �t does not converge, a ±2σ �t range is used. For very low excess bias

voltage, even a ±1σ �t range might be necessary. Each �t is repeated 7 times and the

resulting �t parameters are used as initial guess for the next iteration of the �t. Especially

for higher p.e. peaks for high excess bias voltage, this amount of iterations is necessary for

a stable parameter estimation, as shown exemplarily in Fig. A.3. As these �ts are very

fast, this does not impede the speed performance of the program.

Besides the mean and width of the peaks, also its integrals are determined from the

Gaussian �ts. Fig. 3.6 displays the number of counts under the Gaussian curves of pedestal

and �rst p.e. peak, normalised to the total number of events as a function of the excess
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Figure 3.6: Number of events in the pedestal (left) and in the �rst p.e. peak (right), normalised
to the total number of events Ntot as a function of the excess bias voltage Vex = Vop − Vbd.

bias voltage, i.e. the operation voltage above breakdown. The number of counts in the

pedestal decreases with increasing bias voltage. This is because of the increase in photon

detection e�ciency (PDE) which increases the probability for Geiger discharges and thus

shifts events from the pedestal to higher p.e. peaks. Therefore, the �rst p.e. peak gets

populated more with increasing bias voltage. At the same time, events move from the

�rst p.e. peak to higher-order peaks due to the increase in PDE, leading to a reduction of

events N1 at some point; for these speci�c SiPMs at the speci�c LED intensity, this point

is at around 3− 3.5 V excess bias.

The mean number of primary Geiger discharges (excluding cross-talk ) µ is propor-

tional to the PDE at the wavelength of the LED light. It follows a Poisson distribution

with a mean µ and is given by

µ = − ln
( N0

Ntot

)
(3.21)

which is derived from the probability to have no Geiger discharge. Assuming a generalised

Poisson distribution (see Eq. (3.16)) with a branching fraction λ accounting for prompt

cross talk, one can estimate the branching probability for prompt cross talk as

λ = ln
(
µ · GP0,µ,λ

GP1,µ,λ

)
= ln

(µN0

N1

)
. (3.22)

So, the two quantities µ and λ can be extracted from the number of events and thus the

Gaussian �ts of the pedestal and the �rst p.e. peak.

The gain is commonly de�ned as the (constant) distance between the peaks of the

pulse-height spectrum. It can be observed, though, that the distance between the peaks

is in fact not precisely constant. Especially, the distance between pedestal and �rst p.e.

peak is systematically lower than the other peak distances. This can be seen in Fig. A.4

where the gain is determined in two ways, via a �t of a constant through the �rst n peaks
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Figure 3.7: Gain in QDC channels as a function of the applied bias voltage for Hamamatsu
S13360-1325PE (left) and KETEK MP1125NS-SBO (right). The gain determined by a �t of
a constant of the di�erent peak distances excluding the pedestal. The red line is a linear �t to
the data. Its extrapolation to zero gain yields the breakdown voltage Vbd. The inlet states the
gain slope dG/dV , the breakdown voltage as well as the χ2 of the �t divided by the number of
degrees of freedom (ndof) which is 12 for the left case and 6 for the right case.

including the pedestal and excluding the pedestal. The ratio of both reveals a systematic

shift of the pedestal-determined gain towards lower values. This is a small e�ect of around

0.2 %, but still worth mentioning. It might well be that this shift is due to the Gaussian

�tting procedure, where the pedestal peak is not a�ected by correlated noise. Further

studies are required to examine this e�ect in detail. For now, the gain is determined

by a constant �t of the di�erent peak distances excluding the pedestal. Fig. 3.7 shows

the gain as a function of the applied bias voltage for the two investigated SiPMs. The

gain G is linearly proportional to the excess bias voltage Vex, i.e. the di�erence between

applied bias voltage V and breakdown voltage Vbd, according to Eq. (3.1). Therefore, the

breakdown voltage can be extracted as the voltage at which the gain G equals to 0:

G = a · Vbias + b

0 = a · Vbd + b

Vbd = − b
a

(3.23)

The breakdown voltage is determined by a linear �t to the data and extrapolation to zero

gain2 For the investigated SiPMs, the breakdown voltages amount to ≈ 51.6 V for the

Hamamatsu SiPM and ≈ 27.2 V for the KETEK SiPM.

The remaining parameters of the model, α and β, that parametrise the e�ect of cor-

related noise, cannot be derived directly from the moments or peaks of the distribution.

Their starting values are estimated as a function of the other parameters: β = G/3

and α = 0.9λ. The latter is motivated by the hypothesis that most of the contribution

2Technically, the breakdown voltage is the voltage at which the gain is equals to 1. Since this di�erence
is negligible when compared to the measured gain values of the order of 106, an extrapolation to G = 0
is used for simplicity.
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associated to prompt cross-talk is in fact caused by delayed cross-talk and after-pulses.

To summarise, the procedure to determine the relevant parameters and perform the

�t of the detector response model is the following: First, the gain is estimated via a

FFT of the spectrum. Then, the single p.e. peaks are identi�ed, where the Gain from

FFT prevents to detect local maxima caused by �uctuations. By this, the peak positions,

their widths and the number of peaks are estimated. These values are re�ned by �tting

individual Gaussian functions to the �rst k peaks. This enables a robust estimate of the

parameters of the detector response model. Because of the high number of free parameters,

their starting values are essential for the convergence and speed of the �t.

3.3.4 Detector-Response Fit

The detector-response model is incorporated into the above-mentioned python module.

The �t is executed by the migrad minimisation routine, provided by minuit [96]. It

minimises a χ2 function that takes the model, the data points (counts per pulse height)

as well as their uncertainties, which are assumed to be the square root of the counts. For

entries with ≤ 5 counts, the uncertainty is �xed to 5. After the determination of the

starting values for a range of pulse-height spectra taken at di�erent bias voltages, the �ts

of the detector-response model are executed. Due to an e�cient implementation, a single

�t converges after approximately 0.5− 1 second run time. The starting values as well as

the �t results of the di�erent parameters are shown in Fig. 3.8 and Fig. 3.9. The solid

lines indicate the initial values and the dashed line the results of the �t. Their ratios are

depicted in Fig. A.5 and Fig. A.6.

Evidently, the pedestal position is very stable over the voltage range, which is caused

by an internal pedestal subtraction in the utilised QDC. The �t does not alter the pedestal

position nor the gain with respect to their starting values. In case of the KETEK SiPM,

a non-constant shift of the gain is observed, but this is of the order of 5%�(Fig. A.5).

The starting values of σ0 and σ1,intr are corrected by the �t by 1% towards higher and

5% towards lower values, respectively. While σ0 only shows a mild increase with voltage,

σ1,intr increases by roughly a factor of 2 within the voltage range. The small increase of σ0

with voltage can be explained by an increase of DCR and gain as well as the DC coupling

of the readout. The increase of σ1,intr can be assigned to inter-pixel gain variations. The

fact that the KETEK SiPM exhibits a stronger voltage dependence than the Hamamatsu

SiPM suggests that the inter-pixel gain variations are higher.

The �t results for µ also only di�er from the initial values by 1 − 3%; µ is rising

logarithmically with increasing excess bias voltage as expected. The prompt cross-talk

branching fraction λ on the other hand shows larger discrepancies between initial and �t

values; there is a considerable over-estimation of the prompt cross-talk contribution to the

spectrum by a factor of around 5 in case of the KETEK SiPM and of around 10−20 in case

of the Hamamatsu SiPM. The reason is that the branching fraction λ of the generalised
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Figure 3.8: Pedestal position P0 and gain G (top row) and pedestal width σ0 and intrinsic
width of �rst p.e. peak (σintr =

√
σ2

1 − σ2
0) (bottom row). The solid lines indicate the initial

values and the dashed line the results of the �t. The corresponding ratios of initial and �t values
are displayed in Fig. A.5.

Poisson distribution assigns the shift in the mean number of photoelectrons solely on

prompt cross-talk, while in reality also delayed correlated noise contributions lead to an

increase of the mean. This indicates a major advantage of the detector response model

with respect to the conventional parameter determination. Moreover, the �t of the model

converges even though the initial value for λ is highly over-estimated. Besides, it can be

noted that the KETEK SiPM exhibits a signi�cantly higher λ than the Hamamatsu SiPM

and a steeper slope that could be explained by a stronger growth of the multiplication

region with excess bias voltage.

The initial value α = 0.9λ is a fairly good approximation for higher excess bias voltages.

The deviations between initial and �t value of α decrease with increasing voltage from

around 50% for the lowest voltage to a few % for higher voltage. β on the other hand

is over-estimated by a factor of 2− 2.5. The trend of linearly increasing β, however still

holds. The number of total events Ntot, used as a normalisation factor for the spectrum,

agrees with the measured value within less than 5%. The outliers at the highest excess

bias voltage for both SiPMs are caused by an artefact of the QDC.

Finally, the �ts to the data are shown for a low (left) and a high (right) excess bias
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Figure 3.9: α and β (top row), µ and λ (row 2) and total number of events Ntot (bottom)

as a function of the applied bias voltage. The solid lines indicate the initial values and the
dashed line the results of the �t. The corresponding ratios of initial and �t values are displayed
in Fig. A.6.

voltage in Fig. 3.10 for the Hamamatsu SiPM and in Fig. 3.11 for the KETEK SiPM.

The dark blue points are the data, the light blue line is the model (Eq. (3.20)) with the

initial values and the red line is the model with the resulting �t values. For low excess

bias voltage, the �t describes the data very well. An exception is the region between

pedestal and �rst photo-electron peak in case of the KETEK SiPM. For higher excess

bias voltages, the model demonstrates its true potential, also describing the contributions

in-between the peaks, caused by correlated noise. The region between pedestal and �rst
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Figure 3.10: Pulse-height (PH) spectra of Hamamatsu S13360-1325PE, illuminated by low-
intensity LED light (blue), initial parameters (cyan) and �t (red) of the detector response model
for an excess bias voltage of 1.9 V (left) and 8.4 V (right).

1000 1100 1200 1300 1400 1500

PH [QDC channels]

100

101

102

103

C
o
u
n
ts

χ2/ndof= 3578.24/410

Vex = 1.8 V

KETEK MP1125NS-SBO

Data

Fit

Initial values

1000 1500 2000 2500

PH [QDC channels]

100

101

102

103

C
o
u
n
ts

χ2/ndof= 8661.81/1367

Vex = 5.3 V

KETEK MP1125NS-SBO

Data

Fit

Initial values

Figure 3.11: Pulse-height (PH) spectra of KETEK MP1125NS-SBO, illuminated by low-
intensity LED light (blue), initial parameters (cyan) and �t (red) of the detector response model
for an excess bias voltage of 1.8 V (left) and 5.3 V (right).

photo-electron peak is not described by the model. It can be attributed to dark counts.

It could be demonstrated that a parametrisation of the DCR, however, leads to a good

description of this region as well.

The application of the �t to oscilloscope-based waveform data is shown in Fig. 3.12.

The details of the setup and data taking conditions are omitted here; the purpose of the

inclusion is to demonstrate the applicability of the automated parameter determination

and �t to di�erently acquired SiPM pulse-height spectra3.

3Thanks to D. Lomizde for the data taking and waveform analysis. This data is part of a study
accepted for a presentation at the IEEE NSS/MIC 2017 conference with the title 'Study of the radiation
damage of SiPMs by neutrons'.
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Figure 3.12: Pulse-height spectra of Hamamatsu SiPM HD-1025CN-SMPA (dark blue) together
with the detector-response model (Eq. (3.20)) using the initial values (light blue) and the �t
results (red) at around 2.5 V (left) and 7.5 V excess bias voltage (right). The data is acquired
with an oscilloscope where raw waveforms are stored and integrated o�ine.

3.3.5 Conclusion

A model has been developed [91] that incorporates the e�ects of prompt Geiger dis-

charges, prompt cross-talk as well as delayed cross-talk and after-pulses (correlated noise)

by a semi-empirical parametrisation to achieve a detector response model that is able to

describe the entire spectrum, including the regions in-between the peaks for a wide range

of excess bias voltages.

Less speci�c to the needs of the EndoTOFPET-US project, a software framework for

the extraction of SiPM properties from pulse-height spectra, including a �t of the entire

spectrum, is developed, applicable to a large class of SiPMs from di�erent vendors and

with di�erent properties. The parameter determination is designed and proven to be

robust for all investigated SiPM data, that has been acquired with di�erent setups and

methods (both QDC data and oscilloscope-based waveform data). The parameters are

used as starting values for the detector response �t. By a thorough determination of the

starting values and an e�cient implementation, a single spectrum can be �tted in less

than one second. The �t turns out to be applicable to all the investigated data, describing

the data relatively well, with the expected exceptions.

The �t shows that most of the initial values are rather accurate. This justi�es the

standard method to determine pedestal position, gain and mean number of primary Geiger

discharges µ of a SiPM by simple Gaussian �ts. The e�ects of prompt cross-talk and

correlated noise, on the other hand, are not described well by the starting values, thus the

�t is a signi�cant extension to the analysis of pulse-height spectra. As a next step, DCR

needs to be incorporated into the model in order to describe the region between pedestal

and �rst p.e. peak. Besides, e�orts can be made to try to improve the description of

correlated noise for a better parametrisation of the non-exponential contributions that

are visible in the spectrum.





Chapter 4

The EndoTOFPET-US Project

In the scope of the EndoTOFPET-US project, a novel multimodal device for Ultrasound

(US) Endoscopy and Positron Emission Tomography (PET) is being developed. This

chapter reviews the design of the detector system and summarises performance measure-

ments that are relevant for the scope of this thesis. See the references herein for further

details. Parts of this chapter have also been published in [26, 25].

4.1 Objectives of the Project

The key objectives of the EndoTOFPET-US project are the development of new biomark-

ers for pancreas and prostate carcinoma. For this, a novel multimodal time-of-�ight PET

detector is developed, combined with an ultrasound (US) endoscope. At the same time

this tool is supposed to provide an intra-operative guide for prostate and pancreas surgery.

The �rst prototype is developed for prostate exams. See also Ch. 1 for more details on

the objectives of the project. The challenges of the project involve

• the realisation of a coincidence time resolution of 200 ps FWHM using LYSO crys-

tals, SiPM read-out and fast timing ASICS,

• the miniaturisation of the detector probe, including highly integrated electronics

and cooling and the use of digital SiPMs,

• a fast custom image reconstruction algorithm for asymmetric freehand TOFPET,

• the simulation of the detector, including the development of new simulation tools

and the establishment of quantitative measures for limited �eld-of-view data.

4.2 Detector Design

The PET detector consists of two components operated in coincidence. One is an exten-

sion to an ultrasound probe which is placed inside the human body in close proximity to
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Figure 4.1: Sketch of the design of the endoscopic ultrasound endoscope with the PET head
extension (probe). The inlet shows a zoom of the PET head, depicting the crystal matrices,
MD-SiPMs, PCB and cooling pipes.

the organ under study. The other is a detector plate which is located next to the patient.

In the following, the two components are described in detail.

4.2.1 Endoscopic Detector

The endoscopic detector comes in two di�erent versions, one for the prostate exam and one

for the pancreatic exam. The �rst prototype is designed for the prostate case. In this case

the endoscopic PET detector is mounted on the trans-rectal ultrasound (US) endoscope

EUP-U533 from Hitachi. The PET head extension is clamped onto the endoscope without

altering the endoscope itself. The PET head must not exceed a volume of 23×23×40 mm3

due to anatomical constraints. Due to the immediate proximity of the detector to the

organ under study, a high granularity is crucial for an excellent spatial resolution. This is

realised by the use of two matrices of 9× 18 LYSO scintillator crystals from Proteus with

a size of 0.71×0.71×15 mm3. They are coupled with optical glue to two boards of multi-

channel digital SiPMs (MD-SiPMs). A front-end printed circuit board (PCB) provides

a digital output via an interconnection to the data acquisition (DAQ) card. Besides, a

water cooling circuit is embedded in the detector housing which is necessary to ensure a

low dark count rate (DCR) despite the heat generation by the electronics. A sketch of the

US endoscope and the PET extension is depicted in Fig. 4.1. The pancreatic endoscope

is equipped with one 9× 18 crystal matrix.

Multichannel Digital Silicon Photomultipliers

The photo-detectors of the internal probe are multi-channel digital Silicon photomultipli-

ers (MD-SiPMs) which have been custom developed within the collaboration [97, 98, 99].
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Figure 4.2: Photon detection e�ciency (PDE) of the 4× 4 MD-SiPM prototype as a function
of the dark count rate (DCR) for di�erent masking levels and for di�erent excess bias voltages
(left) and di�erent temperatures (right) [101].

The sensor has a size of 7.2× 14.4 mm2 and is composed of 9× 18 MD-SiPMs or clusters,

each of which contains of 16 × 26 single photon avalanche diode (SPAD) pixels with a

size of 30× 50 µm2. The SPADs are equipped with a one-bit counter which provides the

digital count of pixels �red. They are read-out column-wise with multiple time-to-digital

converters (TDCs) which enables independent photon time-of-arrival measurements. An

optimisation between �ll factor and number of time-over-threshold measurements leads

to a number of 48 TDCs per column of clusters and a �ll factor of 57%. Combining the

information of the di�erent timestamps statistically ensures that the lower bound of the

theoretically achievable coincidence time resolution (CTR) is always reached and thus

improves the CTR signi�cantly (c.p. Sec. 2.4.1) [100, 55, 99]. Digital SiPMs typically

su�er from high dark count rate (DCR) which, however, can be signi�cantly reduced by

cooling and by masking noisy pixels. This behaviour is shown in Fig. 4.2. As can be

seen, a DCR of 41 MHz without masking at a temperature of 20◦C and 3 V excess bias

can be reduced to 23 MHz with ≈ 10% masking. The photon detection e�ciency (PDE)

in this scenario is ≈ 12%. Fig. 4.2 (right) shows the bene�ts of additional cooling. The

single pixel time resolution of the prototype sensor has been determined to be 120 ± 13

ps FWHM excluding the laser and clock jitter [101].

The 9×18 MD-SiPM chip has been fabricated and tested. It features in-situ statistical

analysis of the gamma events, real-time noise rejection, a high-speed interface with the

DAQ as well as multi-channel timestamping.

Ultrasound Endoscope

The endoscopic PET detector is mounted on the trans-rectal ultrasound (US) endoscope

EUP-U533 from Hitachi. It is a simultaneous biplane intracavity transducer. The fre-

quency band of 4.5− 9 MHz enables high resolution in the near �eld and gives su�cient

penetration for deeper objects. The image has an extent of 200 mm in the transverse and
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Figure 4.3: Technical drawing of the Hamamatsu MPPC S12643-050CN array, along with the
samtec SS4 connector in front (left), side (centre) and backside (right) view. Also shown is
the numbering scheme of the single SiPMs.

64 mm in the longitudinal plane [102].

4.2.2 External Detector Plate

The photons impinging on the endoscopic probe are detected in coincidence with an

external detector plate which is located in the direct proximity of the patient. The outer

detector plate has an area of 23×23 cm2 and consists of 4096 LYSO crystals from Crystal

Photonics Inc. with a size of 3.5× 3.5× 15 mm3. The crystals are separated by a 100 µm

thick re�ector foil from Vikuiti 3MTM. They are coupled to arrays of 4× 4 single SiPMs

from Hamamatsu Photonics (MPPC S12643-050CN). They have an active chip size of

3.0 × 3.0 mm2 and an inter-chip gap of 0.6 mm, housing 3600 pixels of 50 × 50 µm2

size. The array is �tted with a samtec ST4 connector [103]. In contrast to monolithic

arrays, which share a common cathode, the arrays are discrete, i.e. they feature individual

cathodes, thus allowing di�erential read-out which reduces electronic cross talk as well

as improves the time resolution [104]. The SiPMs exploit the through-silicon vertical-

interconnect access technology, or through-silicon via (TSV), leading to less dead-space

and a reduced connection length as compared to conventional wire-bonded SiPMs. In

Fig. 4.3 the mechanical drawing of the MPPC array is shown, whereas Fig. 4.4 (left)

shows a photo of the array.

Dedicated fast 64-channel application-speci�c integrated circuits (ASICs) are mounted

directly on the detector plate in order to optimise the timing properties. Two cooling

plates are embedded in the detector housing which consist of aluminium plates with

integrated water pipes. The outer plate detector is mounted on a moveable and lockable

arm. The design of the outer plate is sketched in Fig. 4.5. The front-end system comprises

two types of boards, the board housing the ASICs (FEB/A) and the board interfacing to
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Figure 4.4: Photo of an array of 4× 4 MPPCs (S12643-050CN) with a size of 3× 3 mm3 and a
gap between the chips of 0.6 mm (left). The TSV connection is visible in the centre of each chip.
The chips are embedded in epoxy resin and mounted on a common PCB (green). Photo of the
crystal matrices (right) for the probe (left) (9× 18 crystals with a size of 0.71× 0.71× 15 mm3)
and the plate (right) (4× 4 crystals with a size of 3.5× 3.5× 15 mm3).

Figure 4.5: CAD drawing of the current design of the external PET detector plate. The green
plate underneath the detector depicts the front-end boards. Above that, an aluminium plate
(grey) houses the cooling and mechanically �xes the printed circuit boards (PCBs) on which the
ASICs are mounted. The uppermost structure symbolises the crystal matrices and the SiPM
arrays.

the DAQ (FEB/D). The FEB/A which is housing two 64-channel ASICs has one connector

for each MPPC matrix allowing for easy replacement of damaged components and take

care of the digitization of MPPC signals. The connectors between the FEB/A daughter

boards and the FEB/D motherboard provide connections for input voltages, MPPC bias

voltages, clocks, control bus and output links. 2 FEB/D boards are mounted on the

bottom of 2 cooling plates. Each FEB/D board is connected to 16 FEB/A boards.

ASICs

The aim is to develop a front-end TOF ASIC, being able to read out the time stamping

and energy measurements. Special requirements are the time binning of 50 ps and a linear

input bias range of 0.5 V as well as a low power consumption to minimise cooling. Two
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STiC TOFPET-ASIC

Jitter (at >5 pC) < 30 ps < 25 ps
Input bias lin. range 0.7 V 0.5 V
TDC time bin width 50 ps 50 ps
Power consumption 19 mW/ch. 8 mW/ch
Output rate 160 MBit/s 160 MBit/s

Table 4.1: Key parameters of the two ASICs, StiC and TOFPET.

dedicated fast ASIC prototypes have been developed, STiC and TOFPET ASIC. In both

cases, the ASICs provide a precise time measurement and a time-over-threshold (ToT)

measurement for each input pulse, where the latter one determines the pulse energy. The

ASIC inhibits a self-triggering mechanism based on a double-threshold system. For the

time measurement, the leading edge technique, using a low threshold is exploited, whereas

a higher threshold accommodates for dark count rejection and ToT measurement.

STiC [105, 106, 107, 108] is a mixed-mode 64-channel ASIC chip using UMC 0.18 µm

CMOS technology. It provides either di�erential or single-ended readout of the SiPMs.

Each channel consists of an analog front-end, a built-in TDC (time-to-digital converter)

module and a digital part. The time and charge information of the input signal is con-

verted into two time stamps which are digitized by an integrated TDC with a resolution of

less than 20 ps. A special linearised Time-over-Threshold method is implemented to pro-

vide a linear relation between the signal charge and the measured signal width, improving

the energy resolution. The trigger signals are digitized by an integrated TDC module The

digitised event information is stored in an internal memory and transmitted every 6.4 ns

to an external DAQ system using a 160 MBit/s serial link [109]. The chip provides an

input bias tuning in a range of around 0-700 mV to compensate the breakdown voltage

variation of individual SiPMs. The TDC jitter together with the digital part is around 37

ps. The medical commissioning and the measurements presented in Ch. 8 are performed

with an external plate equipped with STiC chips.

The circuit of TOFPET ASIC [110, 111] is designed in standard CMOS 110 nm tech-

nology and is optimized for time-of-�ight measurements. It features 64 independent chan-

nels. Each channel has quad-bu�ered analogue interpolation TDCs with a time binning

of 20 ps and charge integration ADCs with linear response at full scale (1500 pC). The

event rate is 600 kHz per channel, with up to 2 MHz dark counts rejection. Tab. 4.1

summarises some key parameters of the two ASICs.
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Figure 4.6: Flowchart of the EndoTOFPET-US data acquisition. Taken from [114].

4.2.3 DAQ & Software Environment

Data Acquisition (DAQ)

The two detectors send di�erent data streams that need to be handled by a custom data

acquisition (DAQ) system. An application-speci�c high-performance DAQ system has

been developed within the collaboration, able to control and read out data from di�erent

detectors [112, 113]. The DAQ back-end is implemented in a PCI-e board interfacing

directly to the DAQ computer. It includes a powerful Virtex FPGA (�eld programmable

gate array) suitable to implement the trigger and data acquisition �rmware. Four high

speed links to the external plate and up to two links to the endoscopic probe are available

on board. Links for control and con�guration of the frontend systems are also imple-

mented, as well as central distribution of clock and synchronisation signals. The �rmware

to communicate with and transmit the data from the external plate ASIC and the probe

to the data acquisition computer has been developed and fully tested. A �owchart of the

DAQ is sketched in Fig. 4.6. The data from the probe is transmitted to the DAQ board via

the on-board FPGA with a rate of up to 200 kHz. The signals from the analogue SiPMs
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of the external plate are read out by the ASICs and merged by the FEB/D boards. This

data is transmitted to the DAQ board with a rate of up to 40 MHz. The board merges the

data from plate and probe and performs a coarse pre-selection of coincidence events. This

reduces the data rate to 350 kHz which is then processed by the DAQ software. At this

stage, the exact time and energy information of the coincidence candidates is extracted

and the �nal coincidence selection is performed by imposing time and energy constraints.

The coincidence events are transferred to the image reconstruction in list-mode format.

Additionally, the image reconstruction receives the tracking information of both plate and

probe (and possibly a patient tracking). At a later stage, the resulting PET image can

be fused with the image from the ultrasound endoscope to form a 3D multimodal image

of the organ under study.

Slow Control, Tracking & Image Reconstruction

In order to control the communication between the multiple imaging and tracking devices,

CAMPCom, a communication framework for multimodal image-guided therapy, has been

developed within the project [115]. The communication framework involves the full mon-

itoring and quality control of all processes and enables the slow control. Moreover, a

graphical user interface for the medical doctor including the visualisation of the PET/US

image is available.

The external plate is held by a moveable and lockable arm so that it can be placed

within the �eld of view of the probe dynamically. Both the external plate and the trans-

rectal endoscope are tracked by an optical tracking system (Polaris Optical Tracking

System from NDI). Retro-re�ective spheres (markers) that are attached to the object

re�ect infrared light that is emitted by illuminators on the position sensor. The pattern

of the re�ective markers is identi�ed by 2D CCD cameras. The expected accuracy is ≈
0.5 mm and 0.5◦. This tracking technique requires a line of sight between camera and

markers, which has to be taken into account during operation. The pancreatic probe will

be tracked electromagnetically due to the lacking line of sight. However, electromagnetic

tracking is at present not able to provide a tracking accuracy of the order of 1 mm [116].

In order to facilitate the reconstruction of freehand TOF data acquired with the En-

doTOFPET detector, a custom reconstruction framework has been developed within the

collaboration [117]. The reconstruction uses the histogram ML-EM algorithm running on

multiple Graphics Processing Units (GPUs) to be able to provide real-time reconstructed

images to the physician. The reconstruction technique is presented in Sec. 6.2.
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4.3 Single Performance Characterisation

4.3.1 Crystals & Detector Modules

The key parameter of the scintillation crystals is their light yield (LY) since it in�uences

its time resolution. The average light yield of the crystal matrices for the external plate

is determined to be 32500 ± 2700 photons/MeV. It is measured for all crystal matrices

using a PMT with a setup that allows fast and reproducible data acquisition and rescaled

to the con�guration where the crystal matrices are glued to SiPM arrays and wrapped

in re�ector foil [118]. This high light yield ensures that a CTR of 200 ps FWHM can be

achieved [53]. The in-depth characterisation and quality assurance measurements of the

MPPCs is presented in chapter 5.

The gluing of the crystal matrices to the MPPC arrays is performed with the help of

an automatised alignment setup with additional visual inspection in order to assure the

alignment and absence of air bubbles. As an additional quality assurance test, current-

voltage (IV) measurements are performed before and after the gluing. After the gluing,

the crystals are wrapped with a re�ector foil and covered with a thin plastic cap. The

crystal matrices glued to MPPC arrays are henceforth denoted as modules.

For all modules, the number of �red pixels is determined, which is approximately

proportional to the light yield, thus also sometimes denoted as light output. Temperature

monitoring and correction is applied and every channel is operated at the same gain

(G = 1.25 · 106). Fig 4.7 (left) shows a typical 22Na spectrum of a speci�c channel. The

main peak corresponds to the full absorption of 511 keV photons, while the peak on the

right comes from the 1277 keV gamma emitted during the de-excitation of neon. The

number of �red pixels for a 511 keV photon is determined by �tting a Gaussian function

to the 511 keV peak and using the formula

Npix =
(Q− P )

G
(4.1)

where Q is the mean value of the Gaussian �t, P is the pedestal position and G is the

gain. The distribution of the number of �red pixels for the channels of all modules is

depicted in Fig. 4.7 (right). It exhibits a mean of around 1800 with an RMS of 119. Due

to the limited number of pixels, a SiPM has a non-linear response to di�erent gamma

energies. By measuring the number of �red pixels for di�erent gamma energies using

di�erent radioactive sources (Fig. 4.8 left), one is able to apply an energy calibration to

the QDC channels, and measure the energy resolution of all channels, as shown in Fig. 4.8

(right). The mean energy resolution at an energy of 511 keV is (13.28± 0.54) % [118].

The coincidence time resolution of the modules is measured by placing each module

opposite to a reference module and a 22Na source. It has been determined with the time-

over-threshold method using the ultra-fast ampli�er-discriminator chip NINO [119] and a
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Figure 4.7: Typical 22Na spectrum for one channel (left). Distribution of the number of �red
pixels for a 511 keV photon, denoted as LO511, for all channels of the external plate (right).
Plots taken from [118].
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Figure 4.8: Average number of �red pixels for di�erent gamma energies (left). The data
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�red pixels on the SiPM per unit of energy deposited in the crystal and E is the energy of the
detected gamma photon. Nmax corresponds to the maximum number of available pixels, taking
the recovery time of the crystal into account. Energy resolution at 511 keV for all channels of
the external plate (right). Plots taken from [118].

time-to-digital converter. ToT spectra are acquired and the FWHM of the time di�erence

between two channels in coincidence is taken as the CTR. The CTR as a function of

the applied bias voltage is shown in Fig. 4.9 (left) for two channels. The improvement

of CTR for increasing bias voltage is due to the increased PDE while a simultaneously

increasing DCR becomes predominant at some point, deteriorating the CTR again. The

CTR distribution for all channels of the external plate is depicted in Fig. 4.9 (right),

exhibiting a mean CTR of 239± 10 ps.

4.3.2 STiC Chip

The energy resolution determined using the STiC chip, two of the above de�ned detector

modules and a 22Na source amounts (15± 1.1) %. This result is consistent with the char-

acterization of the scintillating crystals described in the previous section and signi�cantly

exceeds the required resolution of 20 %. This also veri�es the good energy resolution pos-
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Figure 4.9: CTR as a function of bias voltage for two channels in coincidence with a reference
channel at a temperature of 19◦C (left). Distribution of the coincidence time resolution (CTR)
at a temperature of 19◦C and an excess bias of 2.5 V (right). Plots taken from [118]

Figure 4.10: Measured CTR of 213 ps FWHM at 18◦C after T-threshold optimisation for two
channels in coincidence [109].

sible with the linearised ToT method. A CTR of less than 250 ps FWHM can be achieved

by the STiC chip without temperature stabilization, parameter optimisation and in a

large range of bias voltages1. The best time resolution achieved after the optimisation

of the high voltage and T-threshold settings, is shown in Fig. 4.10. The measured CTR

amounts (213 ± 3) ps FWHM and is very close to the envisioned 200 ps FWHM of the

EndoTOFPET-US project [109].

1See also Ref. [120] for the investigation of the in�uence of key STiC parameters on the coincidence
time resolution, which is beyond the scope of this thesis.





Chapter 5

SiPMs for EndoTOFPET-US

As part of the characterisation and quality-assurance measurements of all single detector

components, the SiPMs for the external plate of the EndoTOFPET-US detector have

been characterised in a major measurement campaign using pulse-height spectra from

low-light illumination. The knowledge of the key performance parameters of the SiPMs

is needed both as a quality assurance, as well as for the calibration of the detector.

In the �rst section, the temperature dependence of the key SiPM properties, namely

breakdown voltage, DCR and correlated noise, is investigated. The results are applied to

the measurements of the SiPM mass characterisation, presented in detail in Sec. 5.2. The

chapter closes with a comparison of the results from the quality assurance measurements

with measurements performed several years after the module assembly.

5.1 Temperature Dependence of SiPM Parameters

The temperature dependence of the breakdown voltage, DCR and correlated noise is

investigated. This knowledge is crucial for the correction of the measurements for di�erent

temperatures during the data taking as well as to enable the direct comparison with

di�erent measurements. These measurements are performed for one channel of one speci�c

SiPM (serial number 640). A picture of the setup inside the climatic chamber is shown

in Fig. 5.1. The climate chamber (Espec LU-123) is light-tight and its temperature is

programmable. The MPPC is connected to a fan-out board that allows easy access to

the densely packaged pins on the MPPC connector. The signal is ampli�ed by a ×50

ampli�er and send to a QDC located outside the chamber. The temperature of the

chamber is measured by a sensor placed next to the SiPM. An LED illuminates the SiPM

with low light intensities allowing the measurement of single-photoelectron spectra. The

data taking and analysis procedure is described in detail in the following section.

The temperature is kept constant for around 1.5 hours during which both dark spectra

and LED spectra are recorded for up to 30 bias voltage settings. After this period the

temperature is ramped up by ≈ 5◦C (c.f. Fig A.7 (left)). The next measurement is started
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Figure 5.1: Setup for the measurement of the temperature dependence of the SiPM parameters
inside the programmable climatic chamber.
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Figure 5.2: Gain slope (left) and correlated noise (CN) probability (right) as a function of
the temperature at an excess bias voltage Vex = 2.5 V.

after a stable temperature is reached. The temperature �uctuation within one voltage

scan is below 0.5%, as can be seen exemplarily for one temperature in Fig. A.7 (right).

The slope of the gain shows a negligible increase with temperature as shown in Fig. 5.2

(left). The gain slope changes by around 2% over the scanned temperature range which

equals to around 1 %�/K. Thus, the gain �uctuation in the temperature range during the

characterisation measurements (20◦C to 25◦C) is below the system uncertainties. Also,

the correlated noise probability (c.f. Sec. 3.2) exhibits a temperature dependence, as seen

in Fig. 5.2 (right). The correlated noise rises by 33% within the investigated temperature

range. This equals to a 1.4% change per K, assuming a roughly linear rise. This could

be explained by a higher temperature leading to faster de-trapping of trapped electrons,

leading to a higher probability to observe after-pulses within the gate of 100 ns.

The breakdown voltage as a function of the temperature is displayed in Fig. 5.3 (left).
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for an activation energy Ea = 0.55 eV. The red line is a �t to the data, using the same function.

The uncertainties of both T and Vbd are included in the plot but too small to be displayed.

The breakdown voltage clearly exhibits a linear dependence on temperature. A linear �t to

the data reveals a slope of 70.23 mV/K. This result enables the scaling of the breakdown or

operation voltage from one temperature to another, for example when comparing results

of di�erent measurements. The increase in breakdown voltage with temperature is caused

by an energy loss of charge carriers due to scattering and the creation of phonons, leading

to a higher electric �eld necessary to sustain an avalanche. A higher bias voltage is needed

to supply this �eld, leading to an increase in breakdown voltage with temperature [88].

The DCR scales with temperature according to Eq. (3.9). Assuming |Ei−Et| � kBT

and neglecting the T 2 term, the DCR can be approximated by

DCR ∝ e−Ea/(kBT ), (5.1)

leading to an exponential rise of the DCR with temperature. Fig. 5.3 (right) shows the

Arrhenius plot of the DCR in logarithmic scale as a function of 1/kBT which results in

a linear behaviour. The data is �tted with Eq. 5.1 with the activation energy Ea as a

free parameter. The �t yields Ea = 0.617 ± 0.001 eV. Along with the �t line (red), also

the expected behaviour with an activation energy equal to half the band gap of silicon

(Ea = 0.56 eV) is plotted (green dashed). Both lines are scaled to the lowest temperature

sample. The activation energy determines the rate of carrier recombination-generation in

the silicon bulk of the SiPM [88]. An activation energy larger than the mid gap (half of

the band gap) suggests the existence of activation centres (acceptor states) above the mid

gap, caused by impurities in the silicon. Alternatively, also the wrong assumption of a

gain of one could lead to deviations of the activation energy from the mid gap energy. The

determined activation energy is used in the next section to scale the determined DCRs to
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the temperature of the reference values from the vendor of the SiPMs.

5.2 Mass Characterisation and Quality Assurance

The external plate for the EndoTOFPET-US detector needs to be equipped with a large

number (≈ 4000) of SiPMs (MPPCs). A mass characterisation for a large quantity of

MPPC arrays is performed for the following reasons: First of all, arrays with a perfor-

mance that do not meet the requirements are sent back to the producer. Second, the

properties of the single SiPMs need to be determined, among which the breakdown volt-

age is of major importance. For an optimal performance of the detector, every channel

needs to be operated at a �xed voltage above its individual breakdown voltage. This

assures the same PDE for all SiPMs and consequently the same light yield.

For each channel, single photo-electron spectra, both with and without illumination,

are recorded for around 30 di�erent bias voltages, and the gain, dark count rate (DCR)

and correlated noise (CN) are extracted. This leads to a total number of ≈ 2.5 ·105 single

runs (each of which contains ≈ 106 triggered events). Therefore, it is essential to design

a reliable, robust, reproducible and su�ciently fast experimental setup as well as data

acquisition and analysis software. This is realised by a well-tested measurement setup

and software as well as a long-term database storage.

In this section, the experimental setup, the data acquisition, the data storage and the

analysis methods for the mass characterisation of the MPPCs as well as the results are

presented.

The research of this section has been a collaborative work1. Parts of it have also been

published in [118]. See also Ref. [121] for comparison.

5.2.1 Hardware Setup

The experimental setup is realised inside a light-tight box in order to ensure the detection

of single photons and dark pulses. It enables to read out one MPPC matrix (16 channels)

at a time, either in the dark for DCR measurements or with blue laser light illumination.

The setup is designed such that it can be additionally exploited for measuring the response

of detector modules (crystals glued to the MPPCs) without altering the setup.

One MPPC is mounted on a custom-made printed circuit board (PCB) that incor-

porates the MPPC connector, a fan-out board, linear ampli�ers and high voltage �lters

for the 16 channels of the MPPC. Via this board, the high voltage for the 16 channels

is applied and the signals of the channels are read-out individually. The output of the

MPPCs are ampli�ed with a commercial hybrid SiGe component from In�neon (BGA614

for the �rst batch of delivered MPPCs and BGA612 for the second batch). The PCB

1Daniele Cortinovis, Alessandro Silenzi and Chen Xu, all formerly enrolled at DESY, contributed to
this research.
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Figure 5.4: PCB board with linear ampli�ers and MPPC connector (left). Experimental setup
in a light-tight box (right).

is shown in Fig. 5.4 (left). The schematics for one channel can be found in Fig. A.8.

The signal is further ampli�ed o�-board by a ×10 voltage ampli�er that is packaged in

a NIM module (CAEN N412). The ampli�ed signal is then read-out by a VME-based

charge-to-digital converter (QDC) (CAEN QDC965A [122]) which has a resolution of 25

fC per QDC bin. The heat generated by the active components of the board is dissipated

using a fan. The temperature of the board is recorded by a temperature sensor (Dallas

DS18B20) that is placed in the direct proximity of the board. The board is mounted on

a xyz moving stage, consisting of three linear stages and stepper motors (PI miCos SMC

pollux), along with a CCD camera and a photo diode, as can be seen in Fig. 5.4 (right).

A laser beam, together with optical components is positioned next to it.

All active components of the experimental setup (laser driver, drivers for the motors,

power supply and QDC) are placed outside the light-tight box in order to reduce noise.

Blue laser light with a wavelength of 451 nm (from Advanced laser diode systems) is

led into the box via an optical glass �bre. Single photo-electron spectra are acquired by

illuminating the 16 MPPC channels with di�used blue laser light, attenuated to low in-

tensity to ensure single-photon detection. The scheme of the hardware setup is illustrated

in Fig. 5.5.

Without di�usion, the beam optics provide a focussed beam with a size down to

10× 10 µm which can be used to precisely illuminate single crystals of a detector module

while scanning the crystal surface with the moving stage. The blue laser can easily be

replaced by a red laser in order to produce scintillation light at the surface of the crystals.

The results of these studies are not part of this thesis; see [118, 121] for more details.

For the mass characterisation of the MPPCs, data is acquired for each MPPC array

both without and with illumination for around 30 voltage levels. The acquisition without
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Figure 5.5: Sketch of the data acquisition setup for a single channel. The SiPM is illuminated
by di�used laser light in a light-tight box. The ampli�ed output is connected to a QDC input. A
pulse generator creates the trigger signal for the laser, synchronised with the QDC. A computer
steers the high voltage (HV) for the SiPM bias and other acquisition parameters and reads the
data of the QDC. Dashed lines indicate digital control, solid lines are the analogue signal paths.

illumination serves for the extraction of dark count rate (DCR) and correlated noise. The

acquisition with illumination enables the measurement of single photo-electron spectra

for the determination of the gain. The signal from the MPPC is integrated in a gate

with a length of 100 ns. During the gain measurement, the gate for charge integration

is synchronized with the laser pulse. During DCR measurement, the laser is turned o�.

For each voltage level, 200k events are collected for the laser response spectrum and 500k

events for the dark spectrum.

The full data taking and online analysis of one array (16 channels times 30 voltages

times two acquisition modes (illumination and dark run) = 960 single measurements)

takes less than 10 minutes. The temperature is assumed to be stable within the time

of the measurement. Variations in temperature from array to array are measured and

recorded in order to enable an o�ine correction.

5.2.2 Data Taking & Data Storage Strategy

The strategy for the automated data taking and online data analysis is that it requires lit-

tle human intervention while generating robust and reproducible results. A single python

program steers the hardware, acquires data, performs an automated online analysis, stores

the data and injects the extracted parameters in a database.

The script starts with creating the directories for local temporary storage as well as

long term storage on a remote server. Then, the acquisition parameters such as voltage

range, light intensity and gate length are set. For each voltage step, the trigger for the



5.2 Mass Characterisation and Quality Assurance 79

laser is turned on and a gain measurement is performed by executing a con�gurable read-

out program, initialises the QDC and reads the temperature from the temperature sensor.

Data is taken by reading the charge values stored in the bu�ers of the 16 QDC channels

and writing them in a ROOT tree. If this measurement succeeds, the laser is turned

o� and the measurement is repeated without illumination to enable the determination of

DCR and correlated noise. While the program continues taking data for the next voltage

step, an analysis executable is called as a parallel process (running on a di�erent core of

the CPU) so that the data taking does not need to wait for the completion of the analysis.

The analysis executable determines the gain of the previous LED measurement by means

of a fast Fourier transform (FFT) of the spectrum, as presented in Sec. 5.2.3.

After the successful data taking and spectrum analysis for each voltage step, the

power supply for the MPPC is turned o� and an online data analysis is performed on

the extracted parameters. The gain slope and the breakdown voltage are determined by

applying a linear �t to the extracted gain values as a function of the applied bias voltage.

Some of the data for each channel is plotted and is shown to the user for visual inspection.

The data is only further processed if the user con�rms a successful data taking. If this is

the case, the data, the derived results as well as the measurement conditions are stored

in a database.

Database

A mySQL database is set up to store the analysed data and keep track of the data

taking conditions of the di�erent measurements. Managing the data taking with an online

database integration allows a less error-prone storage of the measurement conditions and,

among other advantages, is designed to facilitate the access from multiple users. All the

writing to and reading from the database is done through python classes. The database

is designed in such a way that it enables to re-measure and store data for some MPPCs

or re-analyse some of the data, assuring not to over-writing existing data. A sketch of

the database scheme is depicted in Fig. A.9 in the appendix. Each MPPC channel gets

a unique identi�er that is referred to when storing the measurement conditions such as

voltage, temperature, gate length, location of the ROOT �le, software revision of DAQ and

analysis software, etc. The results of the analysis (gain, DCR, correlated noise probability)

are stored, keeping also track of the analysis method and software revision used. Then,

the aggregated results like the extracted breakdown voltage, the gain, the DCR and the

correlated noise probability at a 2.5 V over-voltage are stored. This database contains

the summary information that is used for the results shown in this section.

5.2.3 Data Analysis

In order to extract the features of the MPPC behaviour at a speci�c voltage point, the

laser response spectrum and the dark spectrum are analysed with the following approach.
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Figure 5.6: Example dark pulse-height (PH) spectra for three di�erent voltages from which
DCR and correlated noise are extracted.
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Figure 5.7: Pedestal position (left) and pedestal width (right) as a function of the applied
bias voltage, shown exemplarily for one speci�c channel (MPPC 612, Channel C2).

The pedestal position and width are extracted from a Gaussian �t to the pedestal of

the dark spectrum. Some pulse-height spectra measured without illumination are shown

exemplarily in Fig. 5.6.

In Fig. 5.7 the position and the width of the pedestal peak are shown as a function

of the applied bias voltage. The pedestal position decreases mildly with increasing bias

voltage. This shift is caused by the alternating-current (AC) coupling of the read-out

which implies that the integral of the charge pulse must equal to zero. This means that

the contributions above the baseline must be equal to those below, i.e. the pulse has a

long tail of opposite sign. A pulse following a previous one will thus experience a shift

in charge. The charge of the pulses is proportional to both the gain and the DCR (c.f.

Eq. 5.5). The gain is proportional to the applied bias voltage, and also the DCR scales

approximately linearly with the voltage. Therefore the charge has a quadratic dependence

on the voltage, leading to a quadratic dependence of the pedestal position on the voltage.



5.2 Mass Characterisation and Quality Assurance 81

10 12 14 16 18 20 22 24

PH [×106]

C
o
u
n
ts

[a
.u
.]

66.0V

67.0V

68.0V

0.00 0.02 0.04 0.06 0.08 0.10

1/PH

10−1

100

101

102

|F
F
T
(C

o
u
n
ts
)|

66.0 V

67.0 V

68.0 V

Figure 5.8: LED pulse-height spectra for three di�erent voltages (left) and their corresponding
Fourier spectra (absolute value) (right) for one speci�c channel of an MPPC array.

Due to the same reasons, the pedestal width increases approximately linearly with the

applied bias voltage, c.f. Sec. 3.3.3

The zero of the laser response spectrum is then translated to the position of the

pedestal. The translated laser response spectrum is projected into the frequency space

using a Fast Fourier Transform (FFT). Since the mean positions of the single peaks of

the pulse-height spectra are equally spaced (their distance is de�ned as the gain), the

period of the spectrum can easily be obtained via the position of the �rst harmonic of

the frequency (Fourier) transform of the spectrum. Typical pulse-height spectra and

corresponding spectra in the frequency space are shown for di�erent bias voltages in

Fig. 5.8.

In order to prevent a peak around zero to be misidenti�ed as the �rst harmonic, for

each bin i it is checked whether the bin contents of the following three bins are smaller

than that of bin i. If this is the case, it is assumed that the peak-�nding algorithm starts

searching at a negative gradient. The �rst occurring bin with maximum bin content is

considered as the �rst harmonic. As an additional safety check, the number of bins with

the same bin content left and right to the maximum are counted. Typically this number

is zero, due to su�cient statistics in the pedestal and the �rst photo-electron peak. The

number of bins with same maximum bin content, multiplied by the bin width in the

Fourier space, is considered as the uncertainty on the position of the �rst harmonic. The

inverse of the period of the �rst harmonic component h1 is taken as the Gain (in QDC

units), i.e.

GFFT =
1

h1

. (5.2)

It was shown that the FFT method provides results that are in very good agreement with

those obtained with a multi-Gauss (MG) �t that is commonly used in this kind of analysis

[114]. This method is much more robust than the MG method as it does not rely on initial

parameters and is therefore the preferred method for an automated data analysis.
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Figure 5.9: Gain G as a function of the applied bias voltage as extracted from the single
photo-electron spectra (left). The blue line is a straight line �t on the data points whose errors
are negligible on this scale. The dotted line is the extrapolation to zero gain. The breakdown
voltage (Vbd) and gain slope (dG/dV ), obtained from the �t, are given in the inlet. DCR (blue
circles) and f>1.5 (green stars) as well as correlated noise probability (red triangles & right axis)
as a function of the applied bias voltage as extracted from the dark spectra (right). f>1.5 is
used for the determination of the correlated noise probability.

Gain & Breakdown Voltage

The value of the gain in QDC bins is converted to a multiple of the electron charge using

the relation

G =
gmppc · gqdc

A

1

e
(5.3)

with the gain in QDC bins gmppc, the resolution of the QDC gqdc = 25fC per QDC bin,

the electron charge e and the ampli�cation factor of the readout board A = 19 dB ≈ 79

for the �rst ampli�er board and A = 17.5 dB ≈ 56 for the second one.

The voltage to the MPPC matrix is varied in steps of 0.1 V in a range of about 2.5−3 V

starting about ∼ 0.8 V above the breakdown voltage. The gain is plotted as a function of

the applied bias voltage exemplarily for one speci�c channel in Fig. 5.9 (left). A linear �t

is applied to the data points. Possible outliers at the extreme voltages that deviate from

linearity are removed from the �t. The gain is determined by the extrapolation of the �t

to a gain of one, as described in Ch. 3.

Dark Count Rate & Correlated Noise

Following the assumption of Poisson-distributed number of Geiger discharges in absence

of light, the DCR is calculated using Eq. (3.11).

The uncertainty of the extracted DCR is determined from a binomial distribution of

the number of events below and above 0.5 Geiger discharges2. An additional systematic

2The binomial distribution �nds application in the case of two possible outcomes of a measurement,
i.e. no Geiger discharge or Geiger discharge. Denoting the probability for a Geiger discharge with p, the
mean of the distribution is Np and the variance is σ2 = Np(1 − p). For p → 0 and Np =const., the
binomial distribution converges to a Poisson distribution with λ = Np.
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uncertainty of 5 %� is considered by repeating the measurement several times under

the same conditions. This method to calculate the DCR has been compared with the

measurements obtained with a low threshold discriminator and a VME scaler, leading to

compatible results.

The correlated noise probability, incorporating crosstalk and afterpulsing, is deter-

mined from the dark spectra by the fraction of counts with a pulse height above 1.5 of

a single Geiger discharge, f1.5, divided by the fraction of counts above 0.5 of a Geiger

discharge, f0.5, c.f. Eq. 3.13.

Fig. 5.9 (right) shows the DCR as well as the correlated noise probability as a function

of the applied bias voltage. Both DCR and correlated noise probability scale approxi-

mately linearly with the applied bias voltage, as expected [91].

5.2.4 Results

In the following, a collection of results from the full characterisation of 276 MPPC arrays

(4416 single SiPMs) is presented.

The di�erent batches delivered are colour-coded in 3 groups to signify potential sys-

tematic di�erences in properties and to indicate the two di�erent read-out systems. The

�rst batch is colour-coded in purple, the second batch in green and the third batch in

yellow. The latter one is measured with a second ampli�er board with the same design as

the �rst one. The total number of MPPCs in this study is 269 instead of 276 as delivered

and the total channel number is 4035 (269× 15) since the �rst generation of the ampli�er

board has a malfunctioning channel. In order not to bias the quantitative analysis, this

channel has been excluded from the results for all MPPC arrays.

The histogram in Fig. 5.10 (left) shows the distribution of the temperature during the

measuring process. The mean temperature of all measurements is 22.2◦C with an RMS

of 0.8◦C and a relatively large maximum di�erence ∆ ≈ 6◦C.

Gain & Breakdown Voltage

From the voltage-dependent gain determination (c.f. Fig. 5.9), the gain slope is extracted

by a linear �t. Fig. 5.10 (right) shows the distribution of the gain slope for all MPPCs

under study. The mean slope is 480·106/mV with an RMS of 100·106/mV and a minimum-

to-maximum di�erence of 1500 · 106/mV. For the gain slope, a constant temperature

throughout the 4 × 4 array is assumed. However, this assumption does not hold, as can

be seen in Fig. 5.11 which depicts the di�erence between the mean breakdown voltage

per channel and the overall mean breakdown voltage for all SiPMs under test. One can

see a clear trend of lower breakdown voltage for the lowest row (channels A4-D4) and

right column (channels D1-D4). This e�ect is not severe, the di�erence is at maximum

∼ 80 mV. But it is still well above the measurement uncertainty of 3 − 4 mV that can

be read o� from the distribution of the di�erences for each channel, shown in Fig. A.10.
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Figure 5.10: Distribution of the recorded temperature (left) for all measurements. Distribution
of the gain slope (gain per volt) (right) for all channels at the measurement temperature. The
di�erent colours indicate the delivery batch. The three di�erent contributions in the plot are
stacked, as also all other histograms in this section.

Since a systematic geometry-dependent e�ect in the production mechanism of the di�erent

channels is highly unlikely, the discrepancy can be easily explained by di�erent e�ective

temperatures at di�erent channels across the array, i.e. by the position of the connector

that conducts heat from the ampli�ers on the readout board to the MPPCs in the centre

of the array. The position of the cooling fan in the light-tight box also in�uences the heat

pro�le on the array.

Under the assumption that the deviation from the mean Vbd is caused by di�erent tem-

perature alone, the known temperature-dependence of the breakdown voltage of 70 mV/K

(c.f. Sec. 5.1) can be used to virtually scale all channels to the same temperature, using

Fig. 5.11.

The temperature correction for batches 1 and 2 is di�erent than for batch 3 since the

power consumption of the second ampli�er board has been reduced and the ampli�ers

are placed further away from the MPPC connector. The result of this correction can

be seen in Fig. 5.12 (right) as compared to the non-corrected distribution in Fig. 5.12

(left), showing the distribution of the di�erence between the maximum and the minimum

value of Vbd within one MPPC array. The distribution of the spread in Vbd is shifted

left with respect to the non-temperature-corrected plot, yielding a reduced mean spread

of ≈ 150 mV. This measurement is related to the voltage tuning feature of the ASICs.

The two ASICS, STiC and TOFPET, are able to tune the bias voltage within one matrix

up to ≈ 500 mV. Therefore, only MPPC arrays with a range smaller than that can be

accepted by the quality assurance procedure. As one can see, the arrays under study ful�l

this requirement; the maximum di�erence is 440 mV while the mean is much smaller with

190 mV with an RMS of 70 mV.

Fig. 5.13 shows the distribution of the breakdown voltages (left) and their uncertainties

(right). The mean breakdown voltage is 64.48 V with an RMS of 0.45 V. The uncertainty



5.2 Mass Characterisation and Quality Assurance 85

A B C D

1

2

3

4

22.4 33.8 1.8 -51.2

31.0 57.0 29.1 -30.0

45.6 30.2 -35.0

-23.1 -13.7 -33.2 -64.7

−60

−45

−30

−15

0

15

30

45

∆
V

[m
V

]

Figure 5.11: Di�erence between the mean breakdown voltage per channel and the overall mean
breakdown voltage of the MPPC array for each channel.

on the determined Vbd is 55 mV with an RMS of 58 mV. It is clearly visible that the three

di�erent batches possess quite di�erent breakdown voltages, with a min-to-max spread of

around 2 V.

Next, the determined breakdown voltage is compared to the nominal value of the

operating voltage Vop provided by the producer. It is de�ned as the voltage at which the

gain equals to 1.25 × 106, i.e. (G(Vop) = 1.25 × 106). Using Eq. (3.1) one can translate

Vbd to the operation voltage. Fig. 5.14 (left) shows the di�erence between the value of

Vop calculated from the measured Vbd and the value provided by the producer. Fig. 5.14

(right) is a 2-dimensional representation. The mean di�erence amounts 60 mV with an

RMS of 110 mV, i.e. the measured Vop is systematically slightly higher than the one

provided by the producer, while being in relatively good agreement. For this comparison,

the measured Vbd are scaled to the temperature of the reference values, taken at 25◦C.

Dark Count Rate & Correlated Noise Probability

The DCR is proportional the number of thermally generated charge carriers, c.f. Eq. 3.8.

This relation can be used to scale the measured DCR to a temperature of 25◦C, which is

the temperature at which the producer speci�es its reference values,

ni(Tmeas)

ni(Tlit)
=
(Tmeas
Tlit

)3/2

· exp
(
− Ea
kBTmeas

+
Ea
kBTlit

)
. (5.4)

Ea = 0.617 eV is the activation energy as determined from the DCR as a function of

temperature, c.f. Fig. 5.3 (right). This ratio is used to scale the measured DCR to a

temperature of 25◦C. Its distribution is shown in Fig. 5.15 (left).
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Vbd within one MPPC array without (left) and with (right) channel-dependent temperature
correction.
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Figure 5.13: Distribution of the extracted breakdown voltage Vbd (left) and its uncertainty
∆Vbd (right) for all channels.

The distribution of the DCR at 2.5 V excess bias, scaled to a temperature of 25◦C is

shown in Fig. 5.16 (left), together with its uncertainty (right). The mean DCR amounts to

1.49 MHz with an RMS of 0.54 MHz. The statistical uncertainty on the determined DCR

is 1.1 kHz with an RMS of 0.6 kHz. Obviously, the MPPCs from batch 1 (purple) exhibit

a higher DCR than the majority of MPPCs from batches 2 and 3. In Fig. 5.15 (right) the

maximum value of the DCR per array is depicted. The vertical line represents the limit of

acceptable DCR of 3 MHz. Arrays with a maximum DCR higher than 3 MHz are rejected.

The correlated noise probability, incorporating crosstalk and afterpulses, is calculated

from the dark spectra. Fig. 5.16 (bottom) shows the distribution of the correlated noise

probability at an excess bias of 2.5 V as obtained from the online calculation without any

temperature correction. It yields a mean of ≈ (29± 4)%.

The producer provides reference values for the dark current rather than the dark count

rate. The value of the DCR at the operating voltage can be converted to an estimated
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Figure 5.15: Ratio of intrinsic charge carriers at the measurement temperature and a temper-
ature of 25◦C, according to Eq. (5.4) (left). This ratio is used to scale the measured DCR to a
temperature of 25◦C. Distribution of the maximum DCR per array at 2.5 V excess bias voltage,
scaled to a temperature of 25◦C (right).

dark current using the relation

Id = DCR ·G ·
(

1

1− ξ

)
· e (5.5)

where Id is the dark current, G is the pixel Gain and ξ is the correlated noise probability3.

Fig. 5.17 shows the distribution of the dark currents extracted from the measured DCR

(left) and the ratio with the currents as provided by the producer (right). The mean

dark current is 0.5 µA with an RMS of 0.2 µA. The ratio distribution has a mean of

1.01, suggesting a very good agreement between measurement and reference values. It

also suggests that the dark current is essentially generated by pixel breakdown and that

3In the literature, one also �nds the correlated noise term (1+ ξ), which is the �rst order of the Taylor
expansion of the term 1/(1− ξ).
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Figure 5.17: Dark current calculated from the DCR measurement at 2.5 V excess bias voltage,
scaled to a temperature of 25◦C (left) and ratio of dark currents from measurements and from
nominal values by the producer (right).

surface currents that are relevant below breakdown can be neglected. The RMS is 0.27,

while the distribution has a relatively large min-to-max spread of 3.3. The outliers mainly

come from batches one and three.



5.3 Ageing 89

5.2.5 Summary

A robust and automatised measurement procedure and data analysis has been presented

that allows the extraction of the key �gures of merit of a large number of SiPMs. All

but few MPPCs ful�l the requirements, namely a DCR below 3 MHz and a maximum

di�erence in breakdown voltage within one array of below 500 mV. The spread between

minimum and maximum breakdown voltage within an array is at maximum 0.43 V with a

mean of 0.15 V and an RMS of 0.06 V. The mean DCR amounts 1.49 MHz with an RMS

of 0.54 MHz. The temperature correction provides an example of how the behaviour of

a SiPM array can be modelled with a relatively simple parametrization to mitigate the

e�ect of a non-uniform thermal pro�le. One lesson learned from this work is also that

great care has to be put in the design of the external plate in order to remove the heat

from the active elements of the front end electronics uniformly.

5.3 Ageing

In this section, the results of the quality assurance (QA) measurements are compared

to measurements of two spare modules, performed four years after the module assembly.

The analysis is performed with the software described in Sec. 3.3, extended by an analysis

of the dark spectra.

5.3.1 Setup & Devices

Pulse-height spectra are recorded for the modules at hand via QDC measurements. The

used setup consists of a temperature-controlled light-tight box in which a module is placed

and illuminated with di�use blue LED light. The SiPM signal is ampli�ed by a factor

10.25±0.2 using a pre-ampli�er and transmitted to a low-threshold discriminator, setting

a threshold of 35 mV. A digital delay generator sends a trigger signal to an OR logic. If

a signal from the delay generator or from the low threshold discriminator reaches the OR

logic, a pulse generator creates a gate of 100 ns length during which the data is acquired

and the signal is integrated. The data is acquired with a QDC (CAEN QDC965A [122]),

measuring four SiPM channels simultaneously. For more details, see [123].

The pulse-height spectra are recorded in the dark as well as with low light illumination

for di�erent applied bias voltages in the range of 66.9 V to 67.9 V for four channels

of the two modules, respectively. The temperature inside the box is between 22.4◦C

and 22.5◦C. The QA measurements of these SiPM arrays has been performed at 22.6◦C.

This temperature di�erence is within the measurement uncertainties and no temperature

correction is applied to the extracted quantities. The modules have been kept in the

light-tight box for 24 h before the measurement in order to avoid luminescence processes

inside the crystal, which have been observed to have a severe impact on the spectra
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Figure 5.18: Pulse-height spectra of one module, illuminated by low-intensity LED light (left)
and in the dark (right) for increasing bias voltage (from dark to light colours). For visualisation
purpose, the single spectra are normalised to their maximum and shifted vertically by multiples
of 0.5 for increasing voltage. Comparison of a QA ('old') dark spectrum and the spectrum from
the new measurement (bottom).

for some channels. Moreover, the dark measurements are performed prior to the LED

measurements. Fig. 5.18 (top) shows LED and dark spectra of one speci�c channel for

all analysed voltage levels. Evidently, the spectra su�er from a relatively large noise

of the setup, expressed in an increased pedestal width of around 12 QDC units and an

incremental sigma of 8-10 QDC units, as compared to a gain of around 40 QDC units

for low bias voltage and around 85 QDC units for the highest applied voltage. The QDC

values are transformed to multiples of the electron charge using Eq. 5.3. The pedestal

and incremental width are shown as a function of the bias voltage in Fig. A.11. Due to

the quality of the spectra, only a voltage range of 1 V could be analysed. The pulse-

height spectra under low-light illumination are analysed with the software presented in

Sec. 3.3. Fig. 5.18 (bottom) shows the dark spectrum of one channel together with the

corresponding spectrum of the QA measurement, normalised to the same pedestal height.

This comparison already suggests a severe increase in DCR and correlated noise, which

will be quanti�ed in the following.

Fig. 5.19 displays the voltage-dependent gain exemplarily for two channels, including
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Figure 5.19: Gain as a function of the applied bias voltage for two di�erent modules. The red
line is a linear �t to the data. Its extrapolation to zero gain yields the breakdown voltage Vbd.
The inlet states the gain slope dG/dV , the breakdown voltage as well as the χ2 of the �t divided
by the number of degrees of freedom (ndof) .
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Figure 5.20: Ratio of the extracted gains of the new and the old measurements for the di�erent
channels as a function of the applied bias voltage.

a linear �t, revealing the gain slope and the breakdown voltage. Despite the high noise

level and the consequent inaccuracies in the �tting of the individual peaks, the gain as a

function of voltage shows a linear behaviour with an adequate value for the χ2 over number

of degrees of freedom. The gain for each channel is compared to the results of the QA

measurements. Since the recorded voltage points do not coincide, the data is interpolated

by a cubic spline. The ratio of new and old measurements is shown in Fig. 5.20 for both

modules. The gain ratio is constant over the scanned voltage range and is at maximum

about 10% for the one and 5% for the other module. The breakdown voltages resulting

from the linear �ts are directly compared as well. Their ratios can be seen in Fig. 5.21 as

a function of the channel number. The breakdown voltages agree perfectly within 5%�,

which is surprising due to the poor quality of the spectra, the di�culties in accurate �tting

of the peaks as well as the small voltage range. The consistent results, however, suggest

that this level of accuracy is su�cient for a precise breakdown voltage extraction.

DCR and correlated noise (CN) probability are estimated from the dark spectra via
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Figure 5.21: Ratio of the extracted breakdown voltages of the new and the old measurements
for the di�erent channels. The error bars originate from the error propagation of the uncertainties
of the individual breakdown voltages.
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Figure 5.22: Ratio of the extracted DCRs of the new and the old measurements for the di�erent
channels as a function of the applied bias voltage for the two modules.

Eq. (3.11) and Eq. (3.13), respectively, analogously to the QA analysis. The 0.5 p.e.

level is taken as half the gain from the LED measurement at the corresponding bias

voltage. The fraction of events below that threshold, f<0.5, is taken as the number of

counts between P0 − 3σ and P0 + 0.5 × G, divided by the total number of counts in the

histogram. The resulting DCRs, along with the results from the QA measurements, are

shown in Fig. A.12. The ratio of new and old results reveals a considerable discrepancy in

the DCR, as can be seen in Fig. 5.22. The DCR of the QA measurements is around 1 MHz,

consistent with the speci�cations of the producer. This compares to a DCR of around 4

to 8 MHz for the recent measurements, depending on the channel. One of the modules

shows a factor 4 to 5 increase in DCR, independent of the applied bias voltage. The

other module inhibits a voltage-dependent DCR ratio, decreasing from around 6.5 − 7.5

to 5− 6.5. Also, the correlated noise probability increases, c.f. Fig. A.11 (bottom right).

However, a correction needs to be applied to the extracted correlated noise probability in

order to account for the increase in DCR.
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5.3.2 Discussion

A non-negligible change in the SiPM noise properties is observed when comparing mea-

surements from 2013 before the gluing of the crystals with measurements of 2017. While

the breakdown voltage stays constant within the measurement uncertainties, the noise

properties, i.e. the dark count rate and the correlated noise probability increase signif-

icantly. The electronic noise visible in the latest measurements is relatively high and

the scanned voltage range of 1 V is lower than in the previous measurements, impeding

a precise in-depth analysis. Besides, only eight channels of two modules were analysed.

However, the di�erences in the extracted DCR are well above the measurement uncertain-

ties and cannot be explained by systematic uncertainties. This dramatic increase in the

noise properties of the investigated SiPMs is not expected and this e�ect is not described

in literature. One attempt of an explanation could be the optical glue between crystal

and SiPM altering the electric �eld of the sensor. This would be surprising, however,

since the SiPM array is coated by a layer of epoxy resin to protect its surface. An ageing

e�ect of SiPMs is not known in the literature.

This inconclusive research needs to be backed up by further independent measure-

ments, possibly including the measurement of the naked SiPMs if it feasible to remove

the crystal matrix without damaging the SiPM.

5.4 Conclusion

For the characterisation of over 4000 SiPMs for the external plate of the EndoTOFPET-US

detector, an automatised measurement and data analysis procedure has been established.

It is optimised for this speci�c type of SiPM with a special attention to the speed of

the acquisition and online analysis as well as the reproducibility of the results. The key

properties of the SiPMs like breakdown voltage and DCR are extracted. The knowledge

of these parameters is needed both as a quality assurance as well as for the calibration of

the detector. The spread between minimum and maximum breakdown voltage within an

array is at maximum 0.43 V with a mean of 0.15 V and an RMS of 0.06 V. This assures

the optimal operation of each SiPM at its individual operating voltage, either determined

via its breakdown voltage or by its time resolution. The mean DCR amounts 1.49 MHz

with an RMS of 0.54 MHz and is thus well below the acceptable threshold of 3 MHz. This

information can be used for the design of the cooling.

Before the mass characterisation of the SiPM arrays, the temperature dependence of

the breakdown voltage, DCR and correlated noise was investigated. This information is

crucial for the correction of the measurements for di�erent temperatures during the data

taking as well as to enable the direct comparison of the results from these measurements

to future measurements. The breakdown voltage changes by approximately 70 mV/K.

A considerable increase in the SiPM noise properties is observed when comparing pre-
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gluing measurements from 2013 with post-gluing measurements of 2017. If the results can

be con�rmed, this would have strong implications on both the calibration and performance

of the EndoTOFPET detector as well as on the general understanding of the properties

of scintillator-coupled SiPMs.



Chapter 6

Simulation & Reconstruction Tools

The simulation of detector systems is a crucial tool in medical imaging research. While

the true underlying anatomy and physiology of a patient is unknown, many factors in�u-

ence and de�ne the resulting image and its quality. Among these factors are statistical

�uctuations, biological variability, patient motion, attenuation and scattering inside the

patient as well as artefacts from the detection system such as dead time, limited reso-

lution and electronic noise. In experiments it is often impossible to disentangle those

di�erent contributions, thus making it impossible to determine the response of a certain

e�ect. Simulation allows to isolate a single factor of interest and study its impact on

the measured data. Besides, simulations are extensively used as a tool to optimise the

design of a PET scanner or any other tomographic device. Moreover, simulations can

guide the development of data correction and image reconstruction methods as well as

the development of clinical imaging protocols [124, 125].

The chapter opens with a detailed description of the exploited simulation tools. Em-

phasis is put on the challenges that accompany large-scale simulations with an asymmetric

PET device and the presentation of the developed solutions1. Following, the custom im-

age reconstruction algorithm is described. The impact of di�erent reconstruction modes

and parameters are presented, and the di�erence between direct 2γ emission and positron

emission is highlighted.

6.1 Simulation Tools

6.1.1 Monte Carlo Simulations with Geant4

Geant4 (�GEometry ANd Tracking�) is a widely-used Monte Carlo platform for the sim-

ulation of the passage of particles through matter [126, 127]. It provides a set of generic

tools to model detector geometries and to transport particles through them, also called

tracking. This involves considering possible interactions and decay processes. When a

1The developed methods and the results of this section have been done in close collaboration with B.
Frisch, formerly enrolled at CERN and A. Cserkaszky, formerly enrolled at SurgicEye.
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particle passes through a detector volume, a detector response is modelled, approximat-

ing a real detector's response. In the following, the basic terminology of Geant4 is shortly

introduced, since also GATE and GAMOS, the two medical simulation toolkits exploited

in this thesis, inherit this nomenclature. This section is based on Ref. [128].

In Geant4, a Run is the largest unit of simulation, consisting of a set of events sharing

the same conditions, i.e. the same detector geometry and physics processes. An Event

is the basic simulation unit in Geant4. It includes the initial particles created by the

primary generator as well as the secondary tracks, their trajectories, and possibly the

collection of hits generated by sensitive detectors.

Geant4 models the processes of particle passage through matter by a �patchwork�

approach. Physics Processes describe how particles interact with matter, i.e. providing

cross sections and models for the di�erent processes, o�ering di�erent modelling algo-

rithms for di�erent energy domains. A so-called Physics List has to be chosen or built,

that selects for each particle which processes to chose depending on its energy. There, one

has to balance between accuracy and speed, as more precise physics lists require a longer

computation time. During the transportation of a particle through a volume, the current

attributes of the trajectory are temporarily stored. A Step is de�ned by two points in time

and space as well as the di�erential information such as energy deposition during that

step and time spent. A step is updated each time a physics process, i.e. an interaction

was invoked as well as when the particle reaches the boundary between two volumes. A

Track is a �snapshot� of the status of a particle after a step is completed, i.e. holding the

information of that step as well as of the initial state, e.g. the track ID and the primary

vertex. A track lives until it either escapes the world volume, decays or is absorbed, or

its kinetic energy goes to zero.

The Logical Volume is associated with detector elements represented by a given Solid

and Material, independently from its physical position in the detector. It is the mother

volume of Physical Volumes that are contained in it. A Logical Volume thus represents

a hierarchy of unpositioned volumes whose positions relative to one another are well

de�ned. Physical volumes represent the spatial positioning of the volumes describing the

detector elements. Detector elements need to consist of aMaterial, which can be described

by Isotopes, Elements and macroscopic properties of matter (Materials). The Sensitive

Detector has the task of creating Hits (deposits of energy) each time a track traverses a

sensitive volume and looses some energy. That is, a Hit is created by a Sensitive Detector

when a step goes through it. It is a snapshot of the physical interaction of a track in

the sensitive region of a detector. This information can be the position and time of the

step, the momentum and energy of the track, the energy deposition of the step as well as

geometrical information. A detector response is modelled by the Digitizer module, that

includes modelling of electronics response, readout, trigger logics and pile-up.
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6.1.2 The Simulation Toolkit GAMOS

Introduction to GAMOS

GAMOS ( �Geant4-based Architecture for Medicine-Oriented Simulations� ) [129, 130,

131] is a Monte Carlo simulation toolkit that is based on Geant4. GAMOS is composed

of a core software that covers the main functionality of a Geant4 simulation plus a set

of applications for speci�c medicine-oriented applications such as PET, SPECT, CT,

radiotherapy and dosimetry2. GAMOS is based on the plug-in concept. This means

that the main program runs without prede�ned components and the user tells it which

components are being loaded at run time by listing them in a text input �le.

Building the Detector Geometry

The detector geometry can be built by de�ning geometrical shapes, attributing them with

a certain material and arranging them in a mother volume. The EndoTOFPET detector

is modelled in a very simpli�ed way in order to accelerate the simulation. The detector

consists of scintillators only, the photo-detectors, the read-out electronics and the support

structure are not simulated here.

In case of the plate, the smallest detector unit is a LYSO crystal with a volume of

3.5× 3.5× 15 mm3. 4× 4 crystals are grouped together into a sub-module with a inter-

crystal gap of 0.1 mm. A module consists of 2× 2 sub-modules, arranged with a 0.4 mm

gap. The plate is made out of 8 × 8 modules, being separated by a gap of 0.4 mm as

well. By a simple repetition of the single units, the detector is build with little e�ort.

Analogously, the basic unit of the probe is a crystal of 0.71× 0.71× 15 mm3. A module

consists of 9× 18 crystals that are in direct contact. The probe consists of two modules,

being connected on their long side with a gap of 1 mm. The detectors reside in a �world�

volume consisting of air. A view of the detector design is shown in Fig. 6.1.

The right-handed coordinate system is chosen such that the positive z axis points

towards the plate and is perpendicular to its surface while the y axis points upwards.

Thus, the xy plane is parallel to the detector surface. The coordinate system is depicted

in Fig. 6.2 (left). The endoscope is typically centred at z = −40 mm and the plate at

z = +200 mm. Fig. 6.2 (left) shows how a voxelised emission phantom, here a XCAT

whole-body phantom [132] with FDG uptake, can be positioned along with the detectors3.

2For the studies performed here, some minor adaptions to the GAMOS source code had to be per-
formed. These changes mainly concern the coincidence output which by default does not hold the time
information of the event which is crucial for TOF PET simulations.

3Because only photon tracks can be visualised, not the phantom itself, for visualisation purposes, the
phantom is placed in a high-Z medium so that the photon tracks are attenuated after short distance,
revealing the regions of emission. The scatter phantom can only be visualised by its envelope, impeding
a precise placement of the probe in a voxelised scatter phantom.
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0.71 mm

Figure 6.1: GAMOS visualisation of the EndoTOFPET-US external plate, visible along with
the probe (left). In yellow, a 4 × 4 module with a size of 14 × 14 mm2 is marked. A zoom to
the probe (right) illustrates the two modules with 9× 18 crystals of 0.71× 0.71× 15 mm3.

Figure 6.2: GAMOS visualisation of the detector system and the coordinate system (left) and
the detector along with full-body activity phantom (right).

Overlapping Volumes

Normally, in Geant4, di�erent volumes are not allowed to overlap. Since the probe needs

to be positioned inside a voxelised scatter phantom and it is not possible for the probe to

displace the corresponding tissue, a di�erent approach has to be followed. Geant4 provides

the possibility to de�ne a parallel world, i.e. more than one world simultaneously and

GAMOS ports this functionality. Plate and phantom reside in the so-called mass geometry

and the probe in a parallel geometry, an emitted photon travels through the phantom and

as soon as it reaches the position where the probe is located in the parallel world, it is

shifted to the parallel geometry. There, it continues its path, most probably interacting

with the probe crystals, and, if not being absorbed, is shifted back to the other world as

soon as it reaches the border of the parallel geometry.
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Detector Movement

Thanks to the functionality of Geant4, GAMOS allows to displace or rotate volumes

during a run. The movement can be performed either after a certain number of events or

after a certain time elapsed. By specifying a volume and giving a displacement value and

axis or a rotating angle and axis, and repeating this instruction as many times as wanted,

for the same volume or for di�erent ones, one is able to perform an arbitrary detector

movement, independently for plate and probe. The movement description can be read

from a con�guration �le. This in principle also enables the incorporation of real tracking

data into the simulation, provided that the data format is adapted accordingly.

The Simulation Flow

Instead of a positron decay with subsequent electron annihilation, pairs of back-to-back

mono-energetic photons of an energy of 511 keV are simulated. This is a simpli�cation

and neglects the positron range until the annihilation with an electron into two photons

which can be as much as a few millimetres, depending on the radio-isotope. It further

disregards the possibility of acollinearity due to a residuum momentum of the electron-

positron system (c.f. Sec. 2.2). However, modelling the emission of positrons and tracking

them until thermalisation is very computationally expensive and thus not simulated here.

The primary generator in use produces gamma pairs distributed randomly along a full

solid angle of 4π and with a time distribution of a 18F source (T1/2 = 6586 s). The

comparison to the simulation of positron emission is presented in Sec. 6.5.

The GAMOS basic electromagnetic physics list (GmEMPhysics) is used, which acti-

vates the most common processes for gammas, electrons and positrons as well as optical

photons. It uses low energy models (based on Livermore data) for gammas and electrons

and standard models for positrons for which no low energy model exists. For example, for

Compton scattering, Livermore data is used for energies below 1 GeV and a parametrisa-

tion of the Klein-Nishina formula above.

In order to illustrate the simulation �ow, a point-like source is placed at the centre of

the coordinate system. A water cube with a side length of 8 cm is placed at (x, y, z) =

(0, 0,−2) cm (centre) to serve as a scatter phantom. This is visualised along with several

photons (green) in Fig. 6.3.

Fig. 6.4 (top) displays the energy spectrum of the emitted photons at entering the

sensitive detector (both plate and probe) after traversing the scattering phantom. One

can see a tall mono-energetic peak at 511 keV. The scattering in the body accounts for

the Compton background, where one can see a small bump at 170.33 keV which equals

1/3 of the energy of the 511 keV photon, c.f. Sec. 2.3.2.

When a particle deposits energy in a sensitive detector volume, a so-called hit is

produced with the position at the centre of the crystal. The scintillation process itself

is not modelled since it would be very time-consuming while not adding valuable extra
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Figure 6.3: Visualisation of the trajectories of the photons emitted by a point-source inside a
water cube.

information for these kind of studies. Monte-Carlo studies of the scintillating process

can e.g. be found in [114]. Besides, atomic de-excitation processes such as �uorescence

(production of characteristic X-rays or Auger electrons when atoms are excited after an

ionisation or photoelectric process) are not simulated here. They can be activated by

a simple command, though, should the need arise. If a track deposits energy multiple

times in the same crystal, instead of creating a new hit, the existing hit is updated, and

the di�erent energy depositions are added up. Fig. 6.4 (bottom left) shows the energy

distribution of the hits for plate and probe. Additionally to the 1/3×511 keV bump from

the scattering in the body, the Compton edge at 2/3× 511 keV appears, induced by the

scattering in the crystals. The implementation of scatter corrections [133, 134] as well as

inter-crystal Compton recovery schemes [135, 136] are an active �eld of research.

In the next step, the so-called reconstructed hits are created from the hits, incor-

porating detector e�ects. This step is meant to simulate the digitisation/reconstruction

process of the detector. Since there is no need for a detailed modelling of the electronics

of the detector, a simple reconstructed hit builder implemented in GAMOS is exploited.

It applies an energy and time resolution as well as a measuring time to the reconstruction

of the hits. The energy resolution only consists of the constant term σ/E = K where

K is set to 13% FWHM. Additional statistical �uctuations in the energy loss as well as

instrumentation e�ects such as noise or pedestal are not incorporated since the precise

scaling of these errors with energy are not known. The single time resolution (STR) is set

to 141.42 ps FWHM for both detectors by means of a Gaussian smearing, resulting in a

CTR of 200 ps FWHM. The data acquisition is modelled di�erently for plate and probe,

attempting to mimic the di�erent behaviour of the ASICs and the SPADs. Imitating the

time-over-threshold technique of the ASICs, the external plate electronics are modelled
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Figure 6.4: Energy spectrum of the gammas at entering the sensitive detector (SD) (both plate
and probe) after traversing a scattering phantom (top), Energy spectra of the hits (bottom
left) and the reconstructed hits (bottom right) on plate (orange) and probe (blue).

in a trigger mode. For the time in which the signal is larger than a given threshold, the

charge is integrated. This process is typically 500 ns. So, in the simulation, if two hits

appear in the same crystal in a time shorter than 500 ns, they are merged into one and

the energy of the summed reconstructed hit is the sum of both hits while the timestamp

of the merged hit corresponds to the time of the �rst arrival. The endoscopic detector,

on the other hand, works in a �xed interval mode with a length of 6.4 µs. Multiple

events arriving within this time on the same crystal are merged. When multiple hits are

produced in one event, the hit with the smallest timestamp triggers, and all hits of all

events that lie in the interval are merged. Obviously, each detector volume (each crystal)

has its own trigger as it is read out independently. The detector dead time is set to zero.

Fig. 6.4 (bottom right) shows the energy spectra for the reconstructed hits on plate and

probe. One can clearly see the smearing of the photo peak according to the chosen energy

resolution.

In the next step, coincidences are identi�ed. The �rst search criterion is the energy:

The PET event classi�er �rst selects those reconstructed hits that lie in the speci�ed

energy window. For the studies presented here, a narrow energy window of (511±33) keV

is chosen. It is motivated as a 1σ cut from an expected energy resolution of ∆E/E ≈ 13%

at an energy of 511 keV. Compton recovery in adjacent crystals is not performed, i.e. hits
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Figure 6.5: Time di�erence ∆t = tprobe − tplate (top), including a Gaussian �t (red line) and
energy spectra for plate (bottom left) and probe (bottom right) of coincidence hits between
probe and plate. The red lines indicate the energy window of (511± 33) keV.

in adjacent crystals are not merged, but utilities would be available in GAMOS. Then,

it is checked that the relative time di�erence between the candidates is smaller than the

coincidence time window, which for these studies is set to 3 ns. If more than two hits

are found matching the coincidence conditions, the two that are closer to 511 keV are

selected. This event is then stamped as a 'good' PET event and written to the output

in listmode format. It includes the IDs of the two crystals involved in the PET event

(combined to a unique crystal pair ID), their energy, the time of the �rst �ring detector

as well as the time di�erence between probe and plate. The geometrical description as

well as the coincidence �le are then provided to the reconstruction algorithm. The output

format is designed such that it emulates the output of the coincidence sorter that will be

implemented in the hardware data acquisition (DAQ) of EndoTOFPET-US.

Fig. 6.5 (bottom) shows the energy spectra of the coincidence events for plate and

probe. Apparently, the fraction of scattered events with respect to the photo-peak is

much more pronounced in case of the probe, where also an additional peak due to double

Compton scattering in the crystals emerge. The upper plot displays the distribution

of the time di�erence between probe and plate, ∆t = tprobe − tplate. It has a mean

of −549.7 ± 0.1 ps. The mean is negative since the probe is typically hit �rst. This
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corresponds to the �ight time di�erence of two photons at the origin of the coordinate

system travelling to the plate and the probe, respectively. The mean is shifted with

respect to the time corresponding to the distance of the detectors due to scattering. The

width of the distribution is 222.1± 0.3 ps FWHM which corresponds to the CTR of the

system, broadened by the scattering in both phantom and crystals.

6.1.3 Custom Simulation Framework

The large number of simulated particles, the high resolution of the voxelised phantoms as

well as the 20-50 Hz movement of the detectors in real applications creates a computational

complexity that cannot be tackled by a single computer within an acceptable time. Thus,

the simulation needs to be split in sub-simulations that can be executed on a computing

cluster. Moreover, tools need to be developed that conveniently automatise di�erent steps

of the simulation and its preparation. Among these are the manipulation of phantom and

tracking data and its conversion to a GAMOS-compliant format.

In order to facilitate these aspects of the simulation, a custom simulation framework

for novel medical applications (simwork) has been developed [137], that is both applicable

to PET and SPECT. It consists of a set of base classes as well as executable macros that

make use of these classes. The work�ow is sketched in Fig. 6.6. The �rst part of the

chain is the con�guration generator. The generator contains adaptable template elements

to create common simulation scenarios. Examples for these template elements are the

detector geometry and properties, its movement as well as source and scatter phantoms

(activity and material maps). A generic tracking converter allows to read detector poses

from either a canonical movement description �le or from real position tracking data. In

the next step, a job splitter takes care of splitting a single job into a certain number of sub-

jobs in order to be run on a computing cluster or grid. The job splitter takes a GAMOS job

and retrieves its con�guration �le, based on which the expected time of the simulation,

considering the total activity of all sources and the number of simulated particles, is

calculated. The simulation is split according to this time and for each time frame, an

individual job is created. Splitting the jobs purely by the number of simulated particles

and then merging the detector results would not allow to take pile-up and detector dead

time into account. Then, the jobs are submitted to a grid environment where their status

is being watched. Grids controlled by SLURM [138], SoGE [139] or Platform LSF [140]

are supported, where the framework ensures the compliance to some constraints such

as disk size or number of jobs. The simulations can also run locally or on a cluster of

SSH-accessible machines. Once the jobs are �nished, the listmode-based detector data

is collected and the time frames are merged into the �nal simulation result with their

respective time o�set. Due to the Poisson noise of the radioactive decay, the virtual

length of a job cannot be predetermined. As a consequence, some hits at the border of

time frames might overlap. This is solved by a minor scaling of the virtual length back
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Figure 6.6: Sketch of the work�ow of the simulation framework simwork.

to the expected value.

The parallel computing is performed with the Batch infrastructure resource at DESY

(BIRD) [141]. It uses the Son of Grid Engine (SoGE version 8) environment. It is a batch

system which takes care of fair-share resource management and job control. It currently

incorporates more than 5400 CPU cores, thus allowing a huge level of parallelisation. The

data is stored on a storage system called SONAS (Scale Out Network Attached Storage)

from IBM.

In case the user wants to reconstruct the simulated data, a SSH connection is es-

tablished to a local computer on which the CUDA-capable GPUs are installed. The

reconstruction software reads the data from the storage directory and stores the �nal im-

ages there. Moreover, some analysis routines are implemented that retrieve quantitative

information from the reconstructed images. Thus, in a single run, simwork is able to

perform di�erent GAMOS simulations, split and submit the jobs to a grid environment,

collect the output and perform the image reconstruction as well as some data analysis

of that data. This fully-automated approach allows �exible, fast and less error-prone

simulations of novel medical imaging systems such as the EndoTOFPET-US detector.

6.1.4 The Simulation Toolkit GATE

Some of the simulations of this chapter are based on GATE (Geant4 Application for

Emission Tomography), an open source toolkit for simulations in nuclear medical imaging

[142]. It is designed for symmetrical detector systems that can be modelled as a regular

repetition of a fundamental detector element. This framework has been used at an early

stage of the project to simulate the performance of varying detector con�gurations. Since

GATE does not allow overlapping volumes, needed for the simulation of realistic phantom

data, and does not support an intrinsic movement of the detectors during an acquisition,

it was decided at some point to move from GATE to GAMOS.
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Figure 6.7: Sketch of the simulation, reconstruction and evaluation work�ow. The GATE sim-
ulation produces single hits data with perfect information which is processed by the coincidence
sorter. The reconstruction algorithm reconstructs this data and produces images which can be
analysed with standard DICOM viewers.

Similarly to GAMOS, GATE is based on the plug-in concept. The building of the

detector geometry as well as the simulations itself are performed in concordance with

the procedure for GAMOS presented before. Di�erences arise from the fact that GATE

does not allow an asymmetric PET detector design. The asymmetric geometry of En-

doTOFPET is accommodated by simulating them as independent (SPECT-like) detectors

within the same simulation process. Fig. 6.7 summarizes the work�ow. A parallel pro-

cess manager splits the simulation into processes and schedules them on a multi-core and

multi-threaded computer or computing cluster. The movement of the detectors is sim-

ulated by varying their position in di�erent independent processes. The exact energy,

position and time of each single event in each detector is stored.

A custom-made o�ine digitiser has been developed to take care of the digitisation and

smearing of the hits and the coincidence selection4. It simulates the physical processes of

position, energy and timing uncertainty by applying Gaussian smearing to the position,

energy and timing information of the stored hits. It then creates pairs of coincident events

within a time window that are stored in an ASCII list-mode format. If multiple single hits

are found within a coincidence window, a conservative approach to discard all coincidences

within this window is chosen. The digitizer creates a descriptor of the detector geometry

and generates tracking information. It is based on the macro �les used by the GATE

simulation.

4The custom digitiser has been written by G. Cucciati and B. Frisch, both formerly enrolled at CERN.
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6.2 EndoTOFPET Image Reconstruction

A dedicated image reconstruction based on the ML-EM algorithm (c.f. Sec. 2.6) has been

developed within the project and accounts for the limited �eld of view and the freehand

nature of the acquisition that results in an unde�ned and continuously changing volume

of interest.

Standard listmode reconstruction algorithms are commonly used in PET due to their

ability to handle events individually, incorporating all information of the events, such

as TOF or depth-of-information (DOI). Because of the event-based approach, listmode

reconstruction omits lines of response (LORs) that acquired no detected events. However,

in limited-angle tomography these LORs with zero events contain crucial information

that constrain the reconstruction to regions of the image where there is activity. In order

to facilitate the reconstruction of freehand TOF data acquired with the EndoTOFPET

detector, a custom reconstruction framework has been developed within the collaboration

[117]. The reconstruction uses the histogram ML-EM algorithm running on multiple

Graphics Processing Units (GPUs) to be able to provide real-time reconstructed images

to the physician. In the following, the di�erent modes of the reconstruction software are

presented5.

6.2.1 Listmode Reconstruction & Ray Tracing

Listmode reconstruction is an event-based approach. For each coincidence event, the

location and orientation of the two crystals that were hit is determined based on the

tracking information. Then, a line is traced through the centres of the two detectors.

This is commonly referred to as ray tracing. In contrast to the well-established Siddon

ray tracing [143] that is also used in CT, the ray tracing used here is calculated on the �y

and thus does not require storing memory. The positions of interaction in the detectors are

chosen from a Gaussian quadrature sampling. Alternatively, for the precise modelling of

geometrical e�ects, four sample points are taken in both crystal segments and each sample

is connected to all samples on the opposite crystal, forming 44 = 256 LORs instead of one

(multi-ray tracing). This complex computation takes considerably longer, but results in

a smoother image.

Based on the length of the line segment in each detector cell, the probability of absorp-

tion is determined. Also, the length of the line segment inside the voxel, lv, is computed.

This is sketched in Fig. 6.8. Attenuation in the body can be considered by multiplying lv
with the attenuation coe�cient σ of the material in that voxel. The attenuation is then

given by

I = I0 · e−
∑
i σilv,i (6.1)

5The reconstruction software has been developed by Aron Cserkaszky (formerly enrolled at SurgicEye
Munich). This section is based on internal con�dential documentation written by him, private commu-
nication with him as well as studying the source code of the software.
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l1

l2lv

Figure 6.8: Sketch of the ray tracing (red line) through the crystal pair (blue) and the voxel
(green) involved in the event. The positions of detection (yellow stars) are chosen from Gaussian
quadrature sampling. The lengths l1, l2 and lv are the lengths of the line segments within the
corresponding volumes. This ray tracing and the corresponding probabilities for emission and
detection are used to determine the elements of the system matrix.

which is a modi�cation of Eq. 2.13 in case of a voxelised map of the materials in the

phantom or body. The probability of emission is considered as the ratio of the line

segment inside the voxel and the length of the LOR,

pemission = lv/ltot. (6.2)

The probability of detection is given by

pdetection = (1− e−lσtot)σabsorbed
σtot

. (6.3)

The probability of the coincidence is taken as the product of the detection probabili-

ties for the two detectors and the emission probability. This probability determines the

corresponding element of the system matrix Aij:

Aij = pemission · pdetection, plate · pdetection, probe (6.4)

So, in listmode reconstruction, the elements of the system matrix give the probability that

an emission from voxel i caused a coincidence j. Time-of-�ight (TOF) information can be

taken into account by projecting a Gaussian onto the rays with the FWHM corresponding

to the coincidence time resolution. This TOF weight modi�es the matrix elements to

A′ij = Aij · wTOF. (6.5)

The image is then created by a simple backprojection of the system matrix where the

contributions from all detected events are summed up into the image. By this, the image

will be blurred along the direction of the detectors.

The listmode reconstruction mode has been developed at an early stage of the project

to provide a simple reconstruction tool for assessing the impact of di�erent detector ge-

ometries on the resulting images.
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6.2.2 Histogram Reconstruction

The main idea of the histogram reconstruction is that events are not treated individually

as in listmode reconstruction, but are combined into crystal pairs. By this, the individual

information of the events such as energy and time information is lost. However, this

method allows for much better reconstruction in low sensitivity and limited �eld-of-view

scenarios since the crystal pairs that do not detect any event during the acquisition can be

used in the reconstruction as well. This additional information can be used to constrain

the reconstruction to regions of activity. In other words, LORs that run adjacent to

regions with activity but acquire no events can be used to de�ne the boundaries of active

regions.

In histogram reconstruction, the matrix element Aij gives the probability that an

emission from voxel i is detected in the detector pair j. It is given by the probability that

the photon pair originates from voxel i times the probability that the emission point is

consistent with the TOF information times the probability that the photon pair reaches

detector pair j times the probability that the photon pair is actually detected in detector

pair j. Otherwise, the computation of Aij is done analogously to the procedure described

above and the image is reconstructed using the ML-EM algorithm (Eq. 2.34)

6.2.3 Histogram-TOF Reconstruction

The ML-EM equation (Eq. 2.34) backprojects scalar values to the volume along the LORs.

With TOF information, instead, a vector quantity is backprojected that di�erentiates

between the voxels along the LOR. The distribution of events along the LOR can be

constructed from the TOF uncertainty distribution of the individual detected events as a

sum of Gaussian distributions,

yji =

events of j∑
e=1

Gj(i, e, σt) (6.6)

with

Gj(i, e, σt) =
1

σt
√

2π
exp

(
−
(dtij − dte√

2σt

)2)
(6.7)

where dtij is the TOF information of the emission in voxel i along the LOR j and σt is the

resolution of the timing information. In this formulation, analogously to the measurements

yij, also the forward-projected values ysimij are vectors. The line integral of the activity

needs to be multiplied by a weight factor of a Gaussian smearing kernel, such that both

measured data and the simulated data contain the same amount of information, i.e.

ysimij =
∑
k

Akjx
(n)
k Gj(i, k, σt). (6.8)
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Inserting these two relations into the ML-EM formula yields the following histogram-based

iterative ML-EM equation that takes TOF information into account, only dependent on

the time resolution as a parameter:

x
(n+1)
i = x

(n)
i

1∑
j Aij

∑
j

Aij

∑
eGj(i, e, σt)∑

k Akjx
(n)
k Gj(i, k, σt)

(6.9)

When the distance equivalent to the time resolution is far greater than the size of

the VOI, i.e. σt → ∞, the above equation must take the form of the original ML-

EM equation. By setting Gj(l,m,∞) ≡ 1, one can easily see that indeed Eq. (6.9)

becomes Eq. (2.34). The second boundary condition is the case of perfect timing resolution

(σt → 0). This creates a perfect decoupling of the activity of di�erent voxels. This

means that Gj(l,m, 0) = 1 if l = m and = 0 if l 6= m. Inserting this into Eq. (6.9)

yields x(n+1)
i =

∑
j yji∑
j Aij

. This result is in agreement with the fact that with perfect time

resolution, the iterative reconstruction is unnecessary and a simple backprojection of the

events results in the correct reconstructed image.

6.2.4 Freehand Reconstruction

In freehand PET scenarios, the detectors are moved freely during the acquisition in such

a way that the LORs cross the volume of interest (VOI), c.f. Fig. 6.9 (left). During the

acquisition, the position of the detectors and the detected coincidences are recorded in a

time-synchronised manner.

The reconstruction of such unstructured data is non-trivial: Assuming continuous

motion of the detectors in the EndoTOFPET-US scenario leads to 107 − 108 possible

unique LORs per second, which creates an unfeasibly large dataset. To solve this problem,

a method is developed that structures the measurements by introducing a �xed grid of

virtual detector pixels around the VOI and remapping the actual LORs onto the virtual

LORs, as sketched in Fig. 6.9 (centre). This yields detector-position-independent LORs.

So, when the detectors freely move out of the VOI, their LORs are piercing through

this virtual grid, and get remapped into these virtual LORs [144]. This enables to keep

the total number of processed LORs to an acceptable amount, even with the continuous

movement of the tracked detectors.

A di�erent way to construct the virtual pixels is to take a sphere around the VOI and

map its surface by the Euler angles into surface segments, with su�cient resolution in the

angles. This is visualised in Fig. 6.9 (right). The virtual LORs, constructed by the virtual

pixels, accumulate the number of detected counts and the total time when an actual LOR

corresponds to the virtual LOR. Taking into account this time is very important since the

freehand scanning leads to a very inhomogeneous sensitivity. In the reconstruction one

can correct for this e�ect by adding time weights to the rows of the system matrix.

The sphere-based reconstruction is faster and allows for a higher amount of tracking
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Figure 6.9: Sketch of the freehand reconstruction approach. Left: Free and independent
movement of the detectors around the volume of interest (VOI). Centre: Mapping of LORs to
virtual detector pixels. Right: Mapping of the LORs onto points on the surface of a sphere. α,
β are the Euler angles. Modi�ed from [144].

data per time unit than the planar case and is therefore the reconstruction mode of choice

for the �nal EndoTOFPET-US data acquisition. For the studies presented in this thesis,

the sphere-based reconstruction is not used, though.

6.2.5 Implementation on GPU

The EndoTOFPET image reconstruction software is implemented in C++, using Nvidia

CUDA [145] capabilities in order to run on graphical processing units (GPUs). The

computing requirements of the reconstruction method are vast, since a unique ratio of

measured and simulated values needs to be computed for every LOR and voxel combi-

nation on the �y. The computation is accelerated by not computing ysimji for an LOR

with zero events (when yji = 0), because the backprojected ratio will be zero in any case.

To realize this optimisation the TOF information of the detected events is stored in a

list, such that it is computationally easy to �nd the number of events in one detector

pair. The TOF information of those events can be accessed quickly and in sequence to

compute yji when needed. The activity values (x(n)
i ) are stored as a texture, which is a

cached memory space, speci�c to GPUs, that is very fast to access. This accelerates the

computing of forward projected values (ysimji ) by a great margin. Only the list of TOF

information of events and the activity of voxels is stored, while everything else, including

the elements of Aij are computed on-the-�y6, eliminating any bottlenecks in memory use

and allowing to run the algorithm on one single PC.

6.3 Image Analysis

The simulated coincidence output is reconstructed with the EndoTOFPET-US recon-

struction software. The resulting image is stored in the so-called inter�le format, where a

6107 valid coincidences would translate to a system matrix size of around 5 terabytes (TB), if it were
written down explicitly.
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header �le describes the structure of a corresponding binary �le. These �les can be opened

by any medical imaging viewer. The open-source and cross-platform software amide [146],

a tool for viewing, analysing and registering volumetric medical imaging datasets, was cho-

sen for this. The image �les can be converted to Dicom format via (X)MedCon [147].

Custom Python scripts can read the Dicom data and perform dedicated analyses on the

data.

6.4 Reconstruction Parameters

The reconstructed images depend on the mode and on the parameters of the reconstruc-

tion. The three main modes of the reconstruction are listmode, histogram and histof (c.f.

Sec. 6.2). Listmode reconstruction is basically a simple back-projection of the measured

projection data, but including detector e�ects. As a result, images reconstructed with list-

mode reconstruction will be blurred along the direction perpendicular to the detectors.

For all reconstruction modes, complex ray-tracing can be enabled, with the expected

result of a smoother image at the expense of increased runtime.

Fig. 6.10, Fig. 6.11 and Fig. 6.12 show reconstructed images of a point-like source

using the listmode reconstruction, the listmode reconstruction with multi-ray tracing

and 40 iterations of the histogram reconstruction, respectively. The detectors are rotated

around the origin in three distinct steps by 45◦ around the y axis (i.e. in the x-z plane, c.f.

Fig. 6.2). These steps can clearly be identi�ed on the reconstructed images in the coronal

(x-z) plane, as the reconstructed position is elongated in the direction of the detectors.

The listmode-reconstructed image, being a single back-projection, is heavily blurred with

respect to the histogram image. The multi-ray tracing can signi�cantly reduce the blurring

of the listmode image and enhance the spatial resolution. In the histogram-reconstructed

image, the activity is mainly distributed in the central voxel, with weak stripes visible

along the line connecting the two detectors. One can also observe a key feature of the

images acquired with the EndoTOFPET-US detector: The high resolution is only achieved

in the xy (transverse) plane, while in the z direction there is a signi�cant blurring due to

the limited rotation.

One key parameter of the algorithm is the number of ML-EM iterations. One can

compare di�erent images by calculating the cross correlation (CC) error which is obtained

from the covariance of two reconstructed images x1 and x2 by

CCerror(x1, x2) = 1−
∣∣∣∣∣ cov(x1, x2)√

cov(x1, x1) · cov(x2, x2)

∣∣∣∣∣ . (6.10)

Fig. 6.13 depicts the cross correlation error between images of successive iterations as

a �gure of merit for the relative changes between images as a function of the iteration

number. A simple point-like source as well as an extended object consisting of multiple
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Figure 6.10: Reconstructed image of a point-like source with a radius of 0.25 mm of the
listmode-mode algorithm with a voxel size of (1 mm)3. The normalised colour scale gives the
relative activity in arbitrary units.

transverse

x

y

1 mm

coronal

x

z

1 mm

sagittal

y

z

1 mm
0.0

0.2

0.4

0.6

0.8

1.0

Figure 6.11: Reconstructed image of a point-like source with a radius of 0.25 mm in vacuum
using the listmode-mode algorithm with multi-ray tracing and a voxel size of (1 mm)3. The
normalised colour scale gives the relative activity in arbitrary units.

sources on a warm scatter background are simulated and reconstructed. The histogram

reconstruction, both with and without multi-ray tracing achieves a CC error below 1%

after 5-6 iterations and below 0.1% after 10 iterations. After 20 iterations the CC error

is well below the 0.1 permille level. The single-ray histogram reconstruction seems to

converge to a constant level after around 30 iterations while the multi-ray histogram

reconstruction continues dropping exponentially. This is not surprising since the ML-

EM algorithm is known for its poor convergence behaviour. However, since the relative

changes are so low, it appears reasonable and save to stop iterating after 10 to 20 iterations,

depending on the desired accuracy.

The time needed for one iteration of the algorithm strongly depends on the size of the

�eld of view, i.e. the number of voxels to be reconstructed. Besides, the computer and the

utilised GPU in�uences the algorithm's time performance. As a result of the e�cient im-

plementation on GPUs (c.f. Sec. 6.2.5), also the reconstruction with the computationally

more expensive TOF-histogram method is feasible. As a benchmark, a point-like source

is simulated and reconstructed with a �eld of view consisting of 51×51×51 voxels with a
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Figure 6.12: Reconstructed image of a point-like source with a radius of 0.25 mm after 40
iterations of the histogram-mode ML-EM algorithm with a voxel size of (1 mm)3. The normalised
colour scale gives the relative activity in arbitrary units.

size of 1 mm3. For this case, 20 iterations of the histogram reconstruction, performed on a

GeForce GTX690 graphics card, take around 25 s. The multi-ray histogram mode takes a

factor 20 longer. The histof reconstruction with single-ray tracing of the extended phan-

tom takes approximately the same time as the multi-ray histogram reconstruction of the

point-like source (approximately 10 min). This performance can obviously be boosted by

the usage of more powerful GPUs. On the reconstruction machine of the EndoTOFPET

prototype device, four of the aforementioned GTX690 cards are installed (c.f. Sec 8).

The last important parameter of the reconstruction to be discussed here is the size of

the reconstructed voxels and its in�uence on the spatial image resolution.

The spatial resolution is assessed by simulating small spherical sources with diameters

of 0.5 mm and 1 mm, with an activity of 25 kBq. Both detectors are fully rotated around

the source in eight distinct steps, providing data in the ideal case where almost full angular

information is available. For each rotation step, the simulated acquisition time is 60 s.

The projection data is reconstructed with both the histogram-mode ML-EM algorithm

using 10 iterations and the listmode algorithm. A Gaussian �t through the line pro�le of

the reconstructed image along the x axis allows to estimate the FWHM size of the source.

An example pro�le is shown in Fig. 6.14.

Fig. 6.15 shows the image resolution as a function of the voxel size for spherical sources

of 0.5 mm and 1.0 mm diameter for both listmode and histogram-mode reconstruction.

For the histogram mode, the reconstructed spatial resolution with a source of 0.5 mm

diameter and a voxel size of the same value is around 0.67 mm FWHM. This spatial

resolution limit approximately corresponds to the granularity of the endoscopic detector.

A source with 1 mm diameter is reconstructed with a resolution of slightly below 1 mm

FWHM for voxel sizes below 0.85 mm and slightly above 1 mm above. Below a voxel

size of 0.4 mm, artefacts occur in the image that are caused by the lack of information

at these small scales. The resolution of the listmode images are 0.3 mm - 0.4 mm worse

than the histogram images, caused by the blurring as discussed before.
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Figure 6.13: Convergence behaviour of the di�erent reconstruction modes 'histogram' and
'histof' for two di�erent phantoms. The cross correlation (CC) error is determined between the
ith and (i+1)th iteration as a function of the iteration. Pointsource refers to the simulation and
reconstruction of a point-like source in vacuum at the origin of the coordinate system whereas
the phantom is an extended object consisting of multiple sources on a warm scatter background.

These are the best achievable image resolutions, obtained under ideal conditions. In

a noisy environment with limited view, the image quality degrades with respect to the

numbers quoted. In Sec. 7.3, a di�erent and more appropriate approach of estimating the

spatial image resolution is presented.

6.5 γγ Emission vs. e+e− Annihilation

For all simulations of this chapter, the particle sources generate two identical back-to-back

photons, i.e. with the same position, energy and time but opposite direction, as opposed

to simulating a positron emission and the subsequent annihilation with an electron to two

photons. This is done in order to save computation time. Especially in case of patient

simulation, where a large number of simulated particles is required, the simulation of the

positrons takes an unfeasibly long run time. The positrons need to be tracked through the

surrounding medium where they undergo many interactions at which they successively

loose their energy until reaching thermal energy and annihilating with an electron.

As a comparison to the default two-gamma emission, positrons are simulated for two

di�erent radio tracers, 18F and 68Ga. Positrons emitted from a 18F source have a maxi-

mum kinetic energy of 635 keV and a mean range of 0.6 mm, whereas positrons from a
68Ga source have a signi�cantly higher maximum kinetic energy of 1899 keV and thus a

considerably longer mean range of 2.9 mm (c.f. Tab 2.1 and Fig. 2.3).

The energy of the generated positrons is sampled following the energy distribution of

the e+ decay of the isotope, read from a �le generated via Ref. [148]. The particles are
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Figure 6.14: Pro�le of a point source along the x axis through the centre of the coordinate
system for histogram mode (HM, red), listmode (LM, green) and listmode with multi-ray tracing
(LM-MR, cyan) reconstruction. The respective FWHMs are determined as the FWHM of a spline
function of the data points and are given in the legend. The activities are normalised to each
other.

emitted from a point source surrounded by a 8×8×8 cm3 box �lled with water. Fig. 6.16

displays the reconstructed images (central slice in the transverse plane) for two-gamma,
18F and 68Ga positron emission. While in the image of the two-gamma emission only one

central voxel is visible, one can see some surrounding voxels in case of the 18F e+ emission.

In the image of the 68Ga e+ emission, the point is heavily blurred with a FWHM of around

2.8 mm, which can also be seen in the example pro�les along the y direction as depicted

in Fig. 6.17.

The origin of the blurring can be visualised when looking at the distance between

the LOR and the true vertex, which is shown in Fig. 6.18 for the three cases. Events

that underwent Compton scattering in the phantom or the detector crystals are labelled

as 'Scatter', events that did not undergo scattering are denoted as 'True'. For the 2γ

case, the non-scattered (blue) distribution shows a narrow peak at around 0.5 mm with

a maximum distance of around 2.2 mm. The tail until 25 mm is a feature of all three

distributions and can be assigned to scattering in the water phantom. The mean of the

peak position shifts slightly to approximately 0.7 mm for 18F with a maximum of around

4.8 mm. For 68Ga, the mean of the peak is shifted to ≈ 3 mm with a maximum of around

11 mm. The position and width of the two-gamma peak is possibly over-estimated due

to the low number of bins in the �t range. The positions of the 18F and 68Ga peaks

are well compatible with the mean free path lengths of the emitted positrons of 0.6 mm

and 2.9 mm, respectively. The maximum distance of the 18F distribution is slightly over-

estimated. The maximum distance of the 68Ga distribution, however, is well in line with

the literature value of the maximum free path length of the emitted positrons. The

increased width of the 68Ga peak with respect to 18F is due to the broader e+ energy
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Figure 6.15: Image resolution as a function of the voxel size for a point-like source of 0.5 mm
diameter (solid lines) and 1.0 mm diameter (dashed lines), for histogram (red circles) and listmode
(green triangles) reconstruction. Simulations performed with GATE.
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Figure 6.16: Reconstructed images using the histogram mode and a voxel size of 1 mm in the
transverse view for two-gamma emission (left), 18F positron decay (middle) and 68Ga positron
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spectrum.

Even though the simulation of prompt 2γ emission is unphysical and the spatial res-

olution worsens for di�erent tracers with respect to this scenario, the 2γ emission is still

used for the simulation. This is because it provides data that is independent of the radio

tracer and thus gives a lower limit on the spatial resolution and image quality, that can

later on be convoluted with the positron range of the radio-tracer of choice. In case of the

patient data simulations, the 2γ emission is even necessary, since the PET images that

serve as an input to the simulation have been taken using 68Ga-PSMA. Thus, the emitted

particles are already smeared according to the e+ range of 68Ga.



6.6 Conclusion 117

15 20 25 30 35

y [mm]

0.0

0.2

0.4

0.6

0.8

1.0

A
ct
iv
it
y
[a
.u
.]

2γ

F18

Ga68

Figure 6.17: Pro�les in the y direction for 2γ emission, 18F positron decay and 68Ga positron
decay. The activities are normalised to each other.

6.6 Conclusion

In order to facilitate the modelling of the response of the EndoTOFPET detector, two

GEANT4-based simulation tools are exploited, GATE and GAMOS. Since neither of them

provides all features necessary for the simulation of this novel asymmetric interventional

device, a custom framework is established. With its help, the functionalities of GAMOS

could be extended to pave the way for large scale simulations, including voxelised whole-

body phantoms. The di�culties in the visualisation of voxelised phantoms, however, is

a major limitation to these kind of endoscopic simulations where the probe needs to be

placed inside the phantom, in the direct proximity to the organ under study. The custom

image reconstruction software for the EndoTOFPET-US project was brie�y introduced

and the impact of di�erent reconstruction modes and parameters on the resulting image

was presented. Besides, the di�erences in prompt gamma and positron simulation were

highlighted.
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Figure 6.18: Distance of closest approach (DCA) between LOR and vertex of two-gamma
generation vs 18F and 68Ga positron emission. The �rst bins are under-represented due to a
binning e�ect.



Chapter 7

Full-System Simulations

On the basis of the simulation and image reconstruction tools introduced in the previous

chapter, this chapter presents simulation studies of the EndoTOFPET-US detector sys-

tem. The �rst studies compare di�erent possible detector designs in terms of sensitivity

and spatial resolution based on simulations of point-like sources. Then, qualitative results

regarding the in�uence of warm and scatter backgrounds as well as limited rotation on

the resulting images are presented. Sec. 7.3 assesses the image quality based on simple

phantoms whereas in Sec. 7.4 real patient whole-body data is simulated and reconstructed

for both qualitative and quantitative image analysis. The chapter closes with a study of

optimal energy and time cuts for coincidence selection.

7.1 Design Studies

During the early stage of the EndoTOFPET-US project, di�erent possible detector designs

have been under consideration, amongst them a curved external plate and the usage of

double-sided readout. Also the cross-section and length of the crystals was an open issue.

Besides, di�erent SiPM designs were proposed, having an impact on the size of the active

region of the detector. In the following, some studies are presented that conducted the

choice of the detector components and overall design. The two �gures of merit that are

exploited for this are the spatial image resolution as well as the sensitivity.

7.1.1 Spatial Resolution

The reconstructed spatial image resolution is a key parameter in the performance of

the detector. The in�uence of di�erent detector geometries on the spatial resolution is

investigated in order to guide the choice of the detector design.

As a reference, the asymmetric EndoTOFPET detector is compared to a hypothetical

system consisting of two identical external plates opposing each other. A point-like source

with a diameter of 1 mm is simulated and the detectors rotate around the source in 8

steps (45◦ steps). The images are reconstructed with the listmode reconstruction mode
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Figure 7.1: Image resolution in xy (lower points and dashed lines) and z (upper points and solid
lines) as a function of the crystal length for di�erent detector designs. The data points correspond
to simulated point-like sources of 1 mm diameter, performed using GATE, reconstructed with
the listmode reconstruction.

and the image resolution is estimated by the FWHM of a Gaussian �t of a pixel array at

y = 0 along the x axis. While the EndoTOFPET detector reconstructs the source with a

resolution of 1.84 mm, the two-plates system only yields a resolution of around 2.80 mm.

The quoted numbers are worse than those presented in the previous section because they

have been reconstructed with an earlier version of the reconstruction algorithm. However,

the relative increase of resolution is clearly visible. Thus, the asymmetric detector design

with a �nely segmented probe close to the source reveals a signi�cant gain in spatial image

resolution.

One question at an early stage of the project was whether depth-of-interaction (DOI)

correction by means of double-sided readout of the outer plate is bene�cial in terms of

spatial image resolution. Exploiting the depth of interaction (DOI) information, i.e. the

position of the interaction in the crystal in depth can possibly reduce the parallax e�ect

and thus improve the spatial resolution. In order to enhance the in�uence of a possible

parallax e�ect in simulation, the plate is inclined by 20◦ along the x axis, as sketched in

Fig. A.18 (right). A point-like source with a diameter of 1 mm is simulated and the de-

tectors rotate around the source in 8 steps (45◦ steps). The images are reconstructed with

the listmode reconstruction mode and the image resolution is estimated by the FWHM

of a Gaussian �t of a pixel array at y = 0 along the x and z axis, respectively. In Fig. 7.1

the image resolution is shown for di�erent detector designs as a function of the crystal

length. The di�erent scenarios correspond to di�erent SiPM array proposals whose only

di�erences for the simulation are their varying dimension and gaps between single SiPMs,

resulting in di�erent crystal cross-sections and inter-crystal gaps1. As expected, the res-

1For instance, the TSV discrete 3×3 mm2 has an inter-channel gap of 0.6 mm, while the S11064 SiPM
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Image resolution [mm] Sensitivity [cps/kBq]
w/o DOI w/ DOI

EndoTOFPET 1.84± 0.003 1.84± 0.003 6− 14
2 plates 2.80± 0.05 2.23± 0.04 ≈ 20

Table 7.1: Comparison of image resolution and sensitivity for the EndoTOFPET system and
the 2-plates system. Reconstruction performed with the listmode algorithm.

olution in the z direction is worse than that in the xy plane. The second observation

is that the di�erent designs have no signi�cant in�uence on the spatial resolution. Fur-

thermore, one can see that the resolution is nearly independent of the crystal length. An

existing parallax e�ect would deteriorate the resolution more severely for longer crystals.

Since this is not observed, DOI information would not improve the spatial resolution.

Thus, it can be concluded that double-sided readout is not necessary for the EndoTOF-

PET detector. This is because the �nely-segmented endoscopic detector which is close

to the organ under study totally dominates the positioning of the LORs. On the other

hand, in the case of two plates, the image resolution improves from 2.8 mm to 2.3 mm if

depth-of-interaction (DOI) information is available, as shown in Tab. 7.1.

7.1.2 Sensitivity

One of the key questions to be answered at an early stage of the detector development is

the sensitivity of the device. The sensitivity is de�ned as the number of true coincidences

per time unit detected by a device divided by the number of radioactive decays in the

source,

s =
Ncoinc

Ndecay
. (7.1)

It is typically expressed in counts per second per kBq [cps/kBq]. For the EndoTOFPET

detector, the sensitivity is expected to be very low because of the compactness of the

probe. While this is an inherent feature of the system that is the price for the endoscopic

approach, it is still desirable to push the sensitivity to its maximum in order to reduce

acquisition time. This can be especially realised via the length of the crystals.

In simulation, the sensitivity is simply calculated as the number of coincidences divided

by the number of simulated photon pairs. It can be evaluated for di�erent detector

scenarios. Fig. 7.2 (left) shows the sensitivity of di�erent detector designs as a function

of the crystal length. The statistical uncertainty is estimated as the standard deviation

of the mean of the sensitivities achieved by running the same simulations multiple times

and is of the order of 1%. It can be seen that the sensitivity increases roughly with the

square root of the crystal length. The comparison of a planar outer plate (red circles)

has an inter-channel gap of 0.1 mm at the cost of a reduced active area due to individual wire-bonding
of the chips.
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Figure 7.2: Simulated sensitivity for di�erent scenarios using GATE. Sensitivity as a function
of crystal length for a probe-source distance of 12.5 mm for di�erent detector designs (left):
The EndoTOFPET-US detector design with a planar plate ('ETP', red circles and solid line),
the EndoTOFPET-US detector design with a curved plate (green triangles), two planar plates
(yellow triangles) and two plates composed of small crystals (purple pentagons). Also shown are
the results of the toy Monte-Carlo simulation (blue dashed, c.f. Sec. A.2) Simulated sensitivity
for a crystal length of 15 mm as a function of the distance between the front of the endoscopic
detector and the point source (right). The uncertainties are the standard deviations of the mean
of eight independent simulations for each distance. The outer plate is placed 20 cm from the
source.

with a curved one (green triangles, c.f. sketch in Fig. A.17 (right)) shows that the curved

plate yields a slightly lower sensitivity. If the endoscopic probe is replaced by another

plate at the same distance to the source as the other one, the sensitivity can be increased

signi�cantly (yellow triangles). In the case of two outer plates composed of 0.71×0.71 cm2

crystals (purple pentagons), the sensitivity stays similar to the endoscopic approach. Due

to the high granularity, the probability of a photon to scatter into a neighbouring crystal

is higher so that fewer events are classi�ed as PET events which lowers the sensitivity

down to the level of the endoscopic detector system. The sensitivity curve labelled 'Toy

MC' is presented in the appendix (Sec. A.2).

While longer crystals are bene�cial in terms of sensitivity, the CTR decreases with

increasing crystal length [114]. As a trade-o� between sensitivity and CTR, a crystal

length of 15 mm was chosen for both plate and probe.

Fig. 7.2 (right) shows the sensitivity as a function of the distance between point source

and probe front face. For small distances below 3 mm, the sensitivity saturates to ≈ 14

cps/kBq. For distances above 10 mm, the sensitivity drops below 10 cps/kBq.

The reference detector system consisting of two outer plates yields a much higher

sensitivity. The spatial image resolution of the EndoTOFPET system, however, is more

than 50% higher than that of the reference system. The key numbers are summarised in

Tab. 7.1.

This proves that the approach to have a small but highly segmented detector close

to the organ under study is indeed bene�cial in terms of image quality. The EndoTOF-
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PET system yields a high spatial resolution as compared to two outer plates. Besides,

double-sided readout is not needed, reducing instrumentational complexity and costs. The

sensitivity is relatively low, but it is not a key issue in these kind of acquisitions. It is

shown in Sec. 7.3 that the low sensitivity does not hinder a reasonable acquisition time

of the order of 10 min.

Semi-Analytical Sensitivity Estimation

As an alternative to lengthy full-system simulations, it is tested whether a simple semi-

analytical approach can su�ciently approximate the sensitivity results from detailed sim-

ulations. The details are presented in the appendix (Sec. A.2). The sensitivity can be

described as the multiplication of a geometrical and a detection e�ciency term. The

geometrical sensitivity is determined by the solid angle covered by the detector(s) as well

as by the �ll factors (FF ) of the detectors. As a simpli�cation, the detection e�ciency

is assumed to be solely determined by the attenuation probability inside the scintillation

crystal. In order to determine the e�ective crystal length, i.e. the angle-dependent dis-

tance that the photon can travel through the crystal, a toy Monte Carlo experiment is

performed. The blue dashed curve ('Toy MC') of Fig. 7.2 displays the results from the

semi-analytical sensitivity estimation. While the estimated numbers for the sensitivity

are of the same order of magnitude as the simulation results, the shape of the sensitivity

as a function of the crystal length is di�erent. In order to get a rough estimate of the

sensitivity of a system, this approach might show some bene�ts, avoiding detailed sim-

ulations. For the precise determination of the sensitivity, however, full simulations are

inevitable.

7.2 Qualitative Image Quality

7.2.1 In�uence of Warm Background and Limited Rotation

Fig. 7.4 shows the reconstructed image of three point sources in vacuum with full angular

coverage of the detectors (full rotation in equidistant distinct steps). The three sources are

clearly identi�ed in the transverse image. The full rotation leads to a high resolution in

the z direction as well. On the other hand, the in�uence of no detector movement can be

observed in Fig. 7.4 where the sources are heavily elongated in z. Fig. 7.5 shows that point

sources with a radius of 1 mm can still be reconstructed with a resolution of below 1 mm

if surrounded by a background activity volume with a source-to-background activity-

concentration ratio of 8:1. The reconstructed image in Fig. 7.6 shows the degradation of

the image quality in the case of a limited rotation of a few degrees. Again, the resolution

in xy is compatible to the full-rotation scenario while the image is blurred in z.
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Figure 7.3: Reconstructed image of three point sources in vacuum with full angular coverage
(full rotation in 8 distinct steps). The normalised colour scale gives the relative activity in
arbitrary units. Simulated with GATE.
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Figure 7.4: Reconstructed image of three point sources in vacuum with limited angular in-
formation. The normalised colour scale gives the relative activity in arbitrary units. Simulated
with GATE
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Figure 7.5: Reconstructed image of three point sources in vacuum on a warm activity back-
ground with full angular coverage (full rotation in 8 distinct steps). The normalised colour scale
gives the relative activity in arbitrary units. Simulated with GATE.
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Figure 7.6: Reconstructed image of three point sources in vacuum on a warm activity back-
ground with limited angular information. The normalised colour scale gives the relative activity
in arbitrary units. Simulated with GATE.

7.2.2 Grid of Sources

A grid of point-like sources parallel to the detector planes is simulated at di�erent distances

in z to the probe in order to investigate the homogeneity of the reconstructed pattern2.

The grids consist of 7 × 7 point-like sources with an activity of 100 Bq each, located

2 mm apart, as sketched in Fig. A.19. Fig. A.20 shows the reconstructed image for the

three di�erent grid positions at z = −6 mm, z = 0 mm and z = +6 mm. Qualitatively,

one can observe that the sources, having all the same activity, are not reconstructed

homogeneously. The most homogeneous image is achieved for the grid that is closest

to the probe. Also, with higher distance to the probe, the spread in z becomes more

pronounced. However, for the grid that is closest to the probe, the sources of the �rst

and last row are not visible, since the �eld of view does not cover all sources.

In Fig. A.21, the in�uence of multi-ray tracing is seen for di�erent reconstruction voxel

sizes. The �rst two columns are reconstructed with a voxel size of 0.8 mm without (left)

and with (right) multi-ray tracing. Columns three and four are reconstructed with 0.5 mm

voxel size without (left) and with (right) multi-ray tracing. Without multi-ray tracing,

the grid structure gets more indistinct for decreasing voxel size; the single sources cannot

be separated correctly and an unregular pattern appears. This e�ect can be reduced with

the use of multi-ray tracing, as already observed in Sec. 6.4.

In summary, it can be noted that the regular pattern of equal point sources in the xy

plane cannot be reconstructed as a regular pattern and gets more indistinct for increased

distance to the probe. Decreasing the voxel size below 1 mm leads to a higher variability

of neighbouring voxels. This e�ect can be diminished by the use of multi-ray tracing.

2These results also appear in the Bachelor thesis of Bia Rosin, Universität zu Lübeck, Institute of
medical engineering [149].
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Figure 7.7: Sketch of the NEMA NU4 mouse phantom in side view (left), top view (middle)
and bottom view (right). The software phantom is designed according to these speci�cations.
Taken from [152].
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Figure 7.8: Reconstructed image of the hot rods (B-B side) of the NU4 phantom. The nor-
malised colour scale gives the relative activity in arbitrary units.

7.2.3 Small-Animal Phantom NU4

Because of the small �eld of view of the EndoTOFPET detector, the use of common PET

phantoms as used in whole-body PET scanners, is not useful. In order to still enable

the comparison to other detector systems, the simulation of well-established phantoms

is advisable. One phantom frequently used for small-animal PET research is the NEMA

small-animal phantom NU4 [150, 151] which can be utilised here due to its compactness.

The design is sketched in Fig. 7.7. It consists of a cylinder with a length of 63 mm and

a diameter of 33.5 mm. One half of it consists of �ve tubes of diameters from 1 mm to

5 mm embedded in PMMA (acrylic glass). They can be �lled with a liquid isotope and

thus serve as hod rods. The other half consists of a hollow tube that can be �lled with

the same liquid isotope. Inside, two tubes of 8 mm diameter are inserted that are �lled

with air and water, respectively, serving as a cold background.

The phantom is simulated in GAMOS and placed at the origin of the coordinate

system, parallel to the z axis with the rods facing the probe. The reconstructed image is

depicted in Fig. 7.8. In the transverse plane, the �ve rods are visible. The smallest rod

with a diameter of 1 mm can only be seen faintly with respect to the other rods. It is also

observable that the activity inside the rods is not homogeneous, best visible in the rod with

a diameter of 5 mm. The pro�les along the y axis of the �ve rods are depicted in Fig. 7.9.
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Figure 7.9: Normalised pro�les of the hot rods along the y axis, averaged over 5 positions along
z. The positions of the sources are shifted arbitrarily along the axis for better visualisation. The
vertical bars and the numbers to their right indicate the FWHM of the di�erent peaks, determined
with the help of cubic splines.

The plotted pro�les are averaged over �ve di�erent pro�les along the z axis, respectively.

The determination of the size of the reconstructed sources is ambiguous. Gaussian �ts are

not useful because of the non-Gaussian nature of the distributions as well as their high

�uctuation. Instead, their FWHM is determined, without making assumptions on their

shapes. For this, the data points are interpolated with cubic splines. This is also a weak

�gure of merit since activity below the arbitrarily chosen half maximum is not taken into

account. However, it can serve as a �rst rough estimation. The 1 mm rod is reconstructed

with a FWHM of 1.49 mm. This over-estimation can be explained by the chosen voxel

size of the reconstruction of 1 mm and the intrinsic spatial image resolution of the same

order. While the 2 mm rod is reconstructed with a FWHM close to the true diameter

(2.11 mm), the diameters of the thicker rods are under-estimated in the reconstructed

image. The results are summarised in Tab. 7.2, along with the full widths at quarter

maximum (FWQM) for comparison, revealing that the latter are a better approximation

of the true diameter, at least for the diameters > 2 mm. It has to be taken into account

that the pro�les are taken along the y axis only. Averaging over di�erent angles in the xy

plane would result in a more representative diameter estimation. Qualitatively, one can

state that the reconstructed image of the hot rods of the NEMA NU4 phantom looks as

expected. The di�erent rods are well separated and even the 1 mm rod is visible weakly.

By analysing the pro�les, it becomes apparent, however, that the reconstructed rods are

not precisely to scale. One reason could be the chosen voxel size of 1 mm.
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True [mm] FWHM [mm] ∆ [mm] FWQM [mm] ∆ [mm]

1 1.49 0.49 2.14 1.14
2 2.11 0.11 3.06 1.06
3 2.24 -0.76 3.15 0.15
4 3.60 -0.40 4.75 0.75
5 3.95 -1.05 4.91 -0.09

Table 7.2: True diameters of the hot rods of the NU4 phantom and reconstructed widths,
de�ned via the full width at half maximum (FWHM) and the full width at quarter maximum
(FWQM), and the di�erences (∆) with respect to the true diameter.

7.3 Quantitative Image Quality

This section has also been published in Ref. [137]. Until this point, the imaging capabilities

of the EndoTOFPET detector and its reconstruction technique have been mainly assessed

qualitatively. In order to quantitatively assess the image quality of the EndoTOFPET-US

detector and to propose scenarios for the medical exam, a multitude of di�erent scenarios

have to be simulated and the resulting images have to be compared. Varying parameters

are for example detection parameters such as the acquisition time, the movement of the

detectors as well as inaccuracies such as tracking, energy and time resolution. Moreover,

physiological parameters such as lesion and background uptakes as well as bones and

organ locations are varying.

Evaluating and comparing scans from such vast parameter space is not possible by

a human observer, therefore ways to numerically compare scans have to be established.

For this, also dedicated phantoms need to be constructed. Due to the freehand limited

�eld-of-view nature of the acquisition, standard methods to compute image resolution are

not applicable. Standard Derenzo or NEMA phantoms as used in many applications are

not applicable due to the small �eld of view and limited angular coverage of the detector

system. In the previous sections, the spatial image resolution was estimated from �ts to

reconstructed point-like sources. This however is a poor method since the voxels of the

image are of similar size as the objects to be reconstructed, hindering a �t-based approach.

7.3.1 Phantoms & Figues of Merit

In the following, some methods to assess the spatial resolution (in xy and in z) as well as

the overall image quality for limited �eld-of-view PET images are proposed.

For the xy resolution, the concept of a Derenzo phantom is modi�ed to �t the demands

of this detector, i.e. a small �eld of view and a voxel size of the same order as the resolution

power of the system. A 'chessboard' pattern is constructed that alternates tiles with and

without activity in a 2D slice parallel to the detector (in the x-y plane) with varying

voxel size, c.f. Fig. 7.10 (left). Due to the binary nature of the phantom, the activity can
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Figure 7.10: Example reconstructed images of the chessboard phantom in the x-y plane for a
voxel size of 1.3 mm (left), the (elongated) point source phantom in the x-z plane (centre) and
the hot rod phantom in the x-y plane (right). Here, the colour scale goes from black over blue
to red for increasing activity.

be chosen arbitrarily, assuring su�cient statistics. To avoid partial volume e�ects, the

reconstruction is performed with the same voxel size as the one of the respective phantom.

As a performance measure, the contrast recovery coe�cient (CRC) is utilised. The CRC

error is de�ned as follows: In the reconstructed image, the summed activity of the voxels

that correspond to no-activity tiles in the phantom is divided by the summed activity of

the tiles that correspond to activity tiles in the phantom, i.e.

CRCerror =

∑
empty tiles xi∑
full tiles xj

. (7.2)

This quantity is 0 when the chessboard pattern is perfectly reconstructed and 1 if a

homogeneous area is reconstructed. The CRC error is computed for a range of voxel sizes

to determine the point where the error drops below a threshold which is de�ned to be

10%, c.f. Fig. 7.11. Three example images for 0.5 mm, 1.3 mm and 3 mm voxel size are

depicted in Fig. A.22. The spatial image resolution in the xy plane is then de�ned as the

voxel size at this threshold. For this example scenario, the xy resolution is ≈ 1.3 mm.

In contrast to the xy plane, in the z direction, due to the elongation, it is possible to

determine the resolution from a simulated point source as the width from a Gaussian �t

along the elongation, c.f. Fig. 7.10 (centre).

Besides the image resolution, another �gure of merit is used to assess the impact of

di�erent scan scenarios on the overall image quality, which is the cross correlation between

reconstructed image and ground truth in order to get a measure for the overall image qual-

ity. The ground truth in this case is the phantom itself, which can be directly compared

to the reconstructed images due to its voxelised nature. The phantom designed for this

purpose is a cylindrical phantom �lled homogeneously with activity. Inside, two rods are

placed, a cold rod without activity and a hot rod with twice the activity concentration

of the background, c.f. Fig. 7.12 (left) and Fig. 7.10 (right). The phantom is placed with

one end being parallel to the detector front face. One can compare the reconstructed
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Figure 7.11: Contrast recovery coe�cient (CRC) error as a function of the voxel size for 106

simulated particles. The red line is an exponential �t to the data, the blue dashed line marks the
10 % threshold which de�nes the spatial resolution in the xy plane. The images are reconstructed
using 10 iterations of the histogram reconstruction.

image with the ground truth by calculating the cross correlation error (Eq. (6.10)) which

is obtained from the covariance of reconstructed image (x1) and ground truth (x2). Since

all those measures operate in image space, the con�guration parameters of the reconstruc-

tion in�uence the result. In order to eliminate them, the images are reconstructed with

di�erent parameter settings and the best available image is taken.

7.3.2 Parameter Scans

First, the dependency of the scan angle on the image quality and resolution is studied.

It is intuitive that full angular coverage, i.e. a rotation of 180◦ would be best for the

image, however, the patient's anatomy only allows small movement of the detectors. The

detectors are rotated around the y axis for di�erent angles. The movement procedure is

sketched in Fig. 7.12 (right).

Fig. 7.13 (left) shows the image resolution as a function of the scanning angle. It can

be seen that the resolution in xy is insensitive to additional angular coverage. This is

because the detectors are in parallel to the image's xy plane. The poor z resolution, on

the other hand, can be compensated by small sidewards movement and rotation, going

down from roughly 10 mm to 3 mm. The in�uence of the scan angle on the image quality

is depicted in Fig. 7.13 (right). The CC error drops from around 60 % for 1◦ rotation to

around 20 % for 20◦ rotation. One has to keep in mind that the CC error by construction

incorporates the xy and z resolution. So, since the z resolution is a strong function of the

rotation angle, also the behaviour of the CC error is correlated to the angle. The limited

resolution in z is the reason why the CC error does not go down to 0 %. It has to be

mentioned that the medical feasibility of the movement has not been considered and has
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Figure 7.12: Voxelised hot-rod phantom (left). Sketch of the rotation of plate and probe
along the y axis (in the xz plane), the centre of rotation being the centre of the probe/endoscope
(right).
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Figure 7.13: Image resolution (left) and cross-correlation (right) as a function of the rotation
angle for an acquisition time of 3 min.

to be thoroughly re�ned by doctors.

Another key parameter which is of great interest for the doctors is the needed acqui-

sition time. Fig. 7.14 (left) shows the resolution as a function of the acquisition time.

Both xy and z resolution are independent of the acquisition time. A linear �t to the data

reveals a slope compatible to zero. In this example of a 10◦ rotation, according to the

�t, the xy resolution amounts to 1.3 ± 0.008 mm and the z resolution is 5.3 ± 0.02 mm.

The CC error, however, is heavily in�uenced by the acquisition time, as can be seen in

Fig. 7.14 (right), shown for three di�erent rotation scenarios. Starting from around the

same CC error of 60 % for a 2 second acquisition time, the 5◦ rotation scenario only drops

to approx. 48 % after 100 min scan time. For 10◦ rotation, the CC error falls to approx.

37 %. For 15◦ rotation, the CC error goes down to approx. 27 %. The images for three

acquisition times are exemplarily shown in Fig. A.23. For the latter two cases one observes

a steep drop in the CC error at around 1 min acquisition time. After 2 min the decline

of the CC error is relatively mild. After 10 min the CC error saturates, leading to the

best available image quality. Such a short acquisition time is crucial for intra-operative

applications.
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Figure 7.14: Image resolution in XY (green circles) and Z (red triangles) (left) and cross-
correlation (right) as a function of the acquisition time.

To summarise, a set of studies on simple simulated phantoms quanti�es the in�uence

of acquisition time and detector movement on the spatial image resolution and overall

image quality. Using small rotation of around 10◦, after a scan time of approx. 10 min,

the image quality saturates and a longer acquisition time only adds minor improvements.

7.4 Patient Data Analysis

Simple activity and scatter phantoms are important means to study the in�uence of

di�erent acquisition and reconstruction parameters on the resulting image quality and

assess the images of a PET scanner qualitatively. However, they might be too simplistic

to evaluate the performance of a PET scanner and the reconstruction algorithm under

realistic conditions. A vital aspect of simulation is to have a realistic model of the patient

anatomy. Otherwise, the simulation might not be indicative of what would occur in real

patients and would therefore have limited practical value. Such realistic phantom data

can either come from digital phantoms or from patient data directly, as described in the

following.

7.4.1 PET/CT Patient Data

Being in a collaboration with medical hospitals, we have access to full-body PET/CT

DICOM data from patients su�ering from prostatic cancer. The utilised datasets include

PET/CT data using 68Ga-PSMA (Prostate-speci�c membrane antigen, c.f. Sec. 2.5.1) as

a tracer, acquired at TU München (Klinikum rechts der Isar). PSMA has the advantage

to be over-expressed in prostate carcinoma while showing only little uptake in the prostate

itself. However, large portions of the PSMA are excreted in the urine, leading to abundant

activity in the urinary bladder.

The volume and tracer uptake of prostate and bladder as well as of some other organs

are extracted from the data, as listed in Tab. 7.3. For the studies presented here, the
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Patient 1 Patient 2 Patient 3 Patient 4

Prostate volume [cm3] 44 52.8 54.2 44.2
Prostate uptake [kBq/cm3] 1.14 1.4 2.6 0.8

Prostatic lesion volume [cm3] 7.7 7.2 12.3 3.9
Prostatic lesion uptake [kBq/cm3] 3.53 4.5 7.5 1.6

Urinary bladder volume [cm3] 270 131.6 74.8
Urinary bladder uptake [kBq/cm3] 4.8 10.4 1.9

Spleen volume [cm3] 391.2 120.5
Spleen uptake [kBq/cm3] 3.5 2.1

Kidneys volume [cm3] 525.4 644.5
Kidnays uptake [kBq/cm3] 10.1 12.6

Liver volume [cm3] 1984.2 1237.5
Liver uptake [kBq/cm3] 2.2 1.8

Table 7.3: PSMA patient summary. For all 4 patients, PET/MR data is available, while
PET/CT is only available for patients 1-3. For blank �elds, no data is available. The numbers
are estimated from the original datasets by P. Mitsakis, CHUV.

data of patient 1 is utilised. The other datasets are shown for comparison. The �rst two

patients exhibit similar prostate, bladder and prostatic lesion volumes and uptakes. From

the volumes and uptakes per cubic centimetre, one can calculate the absolute uptakes,

which for patient 1 is around 50 % for prostatic lesion over prostate uptake and 2 % for

lesion over bladder uptake. Moreover, the following dimensions have been extracted from

the Patient 1 data: The pelvis dimension at the prostate level is 35.6 cm in the horizontal

plane and 21.4 cm in the vertical plane. The torso dimensions at that point are 36 cm

× 24 cm. The distance between the centre of the bladder to the centre of the prostate

amounts 5.7 cm and the minimum distance between both is 1.4 cm. The thickness of the

pelvic bone is estimated to 2.3 cm. This information can for example be used as an input

to a custom XCAT phantom, i.e. a voxelised whole-body phantom based on realistic

patient data.

This data is loaded into the simulation, with the PET image serving as an activity

phantom and the CT image as an attenuation/scatter phantom. In Fig. 7.15 the PSMA-

PET/CT image of a patient is shown. The same image with the sketched positioning of

probe and plate can be found in Fig. A.24. The full-body PET resolution is ≈ 6 mm

which thus limits the resolution of the reconstructed images acquired with the simulation.

Since the datasets are huge, they have to be downsized in order to ensure a tolerable

simulation time. In order to achieve this, multiple voxels are merged, resulting in voxel

sizes of 4× 4× 5 mm3 and a reduced image size of 32× 32× 51 ≈ 5.2× 104 voxels. The

downsized dataset is shown in Fig. 7.16 in the coronal plane for CT and PET separately.

The cross-hair points to the location of the prostatic lesion. The high-activity region
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Figure 7.15: Original PET/CT image of a patient (P1) with an injected activity of PSMA of
140 MBq. The bladder uptake is ≈ 20 MBq, that of the prostatic lesion ≈ 0.5 MBq.

(a) CT (b) PET

Figure 7.16: Downsized CT and PSMA-PET images (coronal view). The cross-hair points to
the location of the prostatic lesion.

above the prostate is the urinary bladder. On the CT image, one can see the pubic bone

surrounding the prostate and the bladder. The high-activity organs in the upper part of

the image can be associated to liver, kidneys, pancreas, gall bladder and spleen. Since the

upper body region is expected to contribute only a negligible amount to the �nal image
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Figure 7.17: Reconstructed image of the detector's �eld of view (FOV) in the transverse
(left), coronal (centre) and sagittal (right) plane with a lesion activity of 0.5 MBq and a
bladder activity of 20 MBq. The normalised colour scale gives the relative activity in arbitrary
units.

in terms of scattered and random events and the TOF information further reduces this

in�uence, the phantom can be constrained to the pelvis area without a signi�cant loss of

accuracy. The downsizing of the voxels and the cropping of the phantom dimensions are

performed with Amide. In the next step, the phantom has to be converted from DICOM

or Inter�le to a GAMOS-compliant format. For this, a dedicated inter�le reader and data

converter has been written and incorporated into the simulation framework simwork.

7.4.2 Reconstructed Images

The phantom is centred at the origin of the GAMOS coordinate system. The endoscope is

placed at the suspected position of the rectum with the detector head pointing towards the

lesion. The plate is positioned next to the patient at the corresponding position to assure

a matching �eld of view. As mentioned in Ch. 6, the correct placement of the detectors is

not easy due to missing appropriate visualisation tools. The detectors are rotated around

the long axis of the endoscope in three distinct positions at 0◦, 10◦ and −10◦, acquiring

data for 3.3 min. each. 3.3×108 pairs of 511 keV photons are simulated, yielding roughly

1.6×104 coincidence. The low sensitivity of ≈ 10−5 is caused by the signi�cant scattering

in the phantom. The simulated data obtained by the PSMA PET/CT patient data is

reconstructed in a 42× 42× 42 mm3 volume with a voxel size of 2 mm. 10 iterations are

used, since after that, the impact of more iterations on the image is negligible.

Fig. 7.17 shows the reconstructed image of the detector's �eld of view (FOV) in the xy

(left), xz (centre) and yz (right) plane. The coordinate system of the image refers to that

of the GAMOS reference system, and not that of the detectors. Therefore, in this image,

the elongation along the axis perpendicular to the detectors appears in the xy plane and

not along the z axis as it was in the previous sections.

The brightest volume in the images is the activity coming from the bladder, best visible

in the sagittal view (where again sagittal refers to the GAMOS coordinate system, not the
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Figure 7.18: Reconstructed image of the detector's �eld of view (FOV) in the transverse (left),
coronal (centre) and sagittal (right) plane with a lesion activity of 5 MBq (factor 10 higher that
in the patient data) and a bladder activity of 20 MBq. The normalised colour scale gives the
relative activity in arbitrary units.

one of the detectors.) The cross-hair is positioned at the suspected position of the lesion,

where one can see a slight increase in activity with respect to the surrounding voxels.

This can be noticed especially in the sagittal view, where a closed object is visible which

is separated by the bladder. However, the lesion is only visible very faintly, surrounded

by a huge activity region coming from the bladder. The low activity of the signal entails

that no clearly de�ned signal volume is visible, making it di�cult to distinguish the lesion

from the background.

In order to verify the suspected position of the lesion, the activity of the lesion voxels

is arti�cially increased by a factor of 10, from 0.5 MBq to 5 MBq. This results in the

image shown in Fig. 7.18. The reconstructed region as well as the chosen slices (positions

of the cross-hairs) is the same as in the previous image. One can notice that the back-

ground is heavily reduced and the lesion can be seen very clearly above the background,

at the assumed position. Besides serving as a proof of concept, the simulation of the in-

creased lesion uptake is a benchmark test to investigate the bene�ts of even more speci�c

tracers that might emerge in the future. Their development is one of the objectives of

the EndoTOFPET-US project. Besides, the major background comes from the nearby

bladder, whereas the prostate shows very little activity. By draining the urinary blad-

der completely before the exam, one could achieve an increased uptake in the lesion as

compared to the bladder, also for PSMA data.

In the above scenario, the detectors are placed such that the bladder is within their

FOV. By tilting the endoscope slightly, as sketched in Fig. A.24, one could additionally

reduce the bladder background signi�cantly by simply shifting the detector's FOV away

from the bladder. With the same increased lesion uptake as before, the resulting image

is presented in Fig 7.19. As expected, no background from the bladder is visible anymore

and on this colour scale, the image is literally free of background. It is assumed that this

amount of tilting of the endoscope is feasible during a medical intervention. However, this

needs to be re�ned in close collaboration with physicians, possibly using an anatomically
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Figure 7.19: Reconstructed image of the detector's �eld of view (FOV) in the transverse (left),
coronal (centre) and sagittal (right) plane for a tilted endoscope with a lesion activity of 5 MBq
and a bladder activity of 20 MBq. The normalised colour scale gives the relative activity in
arbitrary units.

correct male pelvis phantom along with the tracking capabilities of the endoscope.

In summary, these three scenarios reveal that the prostatic lesion can only be seen

very faintly in the original dataset (of the speci�c patient investigated). By increasing the

activity of the lesion by a factor of 10, which might be realistic with a drained urinary

bladder, or with future improved prostate-speci�c tracers, the lesion is clearly visible and

well separated from the background. It is shown that a tilting of the probe away from the

bladder is highly bene�cial. A tilting of the probe head with respect to the ultrasound

endoscope brings the additional bene�t of overlapping FOV of PET and ultrasound image,

which is crucial for interventional imaging and to guide the positioning of the probe. The

presented patient data analysis is only a �rst step of simulation studies using PET/CT

whole-body data. More realistic scenarios have to be de�ned and studied systematically,

and the study needs to be extended to additional patients.

7.4.3 Quantitative Analysis

In order to study the in�uence of the lesion activity, or the signal-to-background ratio, on

the image quality as well as investigate whether a low lesion uptake can be compensated by

longer acquisition time, a two-dimensional scan of the lesion activity and the acquisition

time is performed.

First, the con�guration and tracking �les are modi�ed for a given acquisition time.

Then, in order to simulate di�erent lesion activities, the emission phantom datasets are

modi�ed, i.e. the mean value of the voxels associated to the prostatic lesion are adapted.

A simulation is performed with the resulting phantom on the cluster. The resulting

coincidence �le is reconstructed on the local GPU machine and the images are analysed.

These steps are automatically repeated for di�erent simulated acquisition times. For

this study, the injected dose amounts 555 kBq, leading to 109 simulated particles for

an acquisition time of 1 min. The images are reconstructed with 10 iterations of the
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Figure 7.20: Image quality in terms of signal over signal plus background (left) and cross
correlation error (right) as a function of the lesion uptake (relative lesion activity) for di�erent
acquisition times.

histogram mode with a �eld of view of 50× 50× 50 mm3 using a voxel size of 2 mm.

In order to quantify the image quality, two �gures of merit are utilised. The �rst entity

is the ratio of the number of signal events and the total number of events, S/(S + B).

A signal region S is de�ned around the lesion, which is taken as the estimated central

voxel of the lesion and the voxels in the direct proximity. In the elongated direction, 10

voxels are chosen. A signal-plus-background region (S + B) is de�ned accordingly, with

a surrounding of three additional voxels in all directions. This is sketched on top of an

example reconstructed image in Fig. A.25.

Fig. 7.20 (left) displays S/(S + B) as a function of the lesion activity, normalised to

the original lesion activity, for di�erent acquisition times. It roughly shows a square root

dependency on the lesion activity. The fact that the scan time only has a negligible in�u-

ence on the purity can be explained by the concurrent increase of signal and background

activity with increased acquisition time.

An alternative �gure of merit is the cross-correlation (CC) error, as previously de�ned

(Eq. (6.10)) and utilised (Sec. 7.3.1). It is obtained from the covariance of reconstructed

image and ground truth. The ground truth is the voxelised activity phantom, cut to

the �eld of view of the reconstructed image, so that both images have the same number

and size of voxels. For the di�erent lesion activities and acquisition times, the CC error

of the di�erent images with respect to this ground truth is determined. The CC error

is shown as a function of the (relative) lesion activity for di�erent acquisition times in

Fig. 7.20 (right). The CC error decreases for increasing acquisition time, as expected. The

di�erence between 9 and 15 min acquisition time is statistically not signi�cant, supporting

the conclusion from the previous section that the image quality saturates at ≈ 10 min.

The increased lesion activity, on the other hand only has a mild in�uence on the CC error.

While S/(S + B) is not sensitive to di�erent acquisition times, the CC error is not

sensitive to increased lesion activity. This suggests that di�erent �gures of merit for image
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quality need to be investigated, e.g. those suggested in Ref. [20].

7.5 Outlook on Time of Flight (TOF)

The scope of the EndoTOFPET-US project is to utilise TOF to reduce background from

nearby organs, c.f. Sec. 2.5.3. The organ under study is surrounded by organs with a

high metabolic uptake, such as liver, duodenum and gall bladder in case of the pancreas,

and the bladder in case of the prostate.

In the scope of this thesis, attempts were made to investigate the e�ect of TOF in

background reduction for the prostate case. Directly comparing the images of PSMA

data simulated with a CTR of 1000 ps and with a CTR of 200 ps did not show signi�cant

qualitative di�erence in the images. A detailed study using patient data is hindered by

excessive run times of the simulations. The negligible in�uence of TOF information for

the prostate data can be explained when considering the distance between prostatic lesion

and bladder. As described in Sec. 7.4.1, the anatomy of one patient was investigated with

the help of a CT image, revealing an estimated distance between the centre of the bladder

and the centre of the prostate of about 6 cm. The minimum distance between both is as

short as 1.4 cm. The exact shortest distance between lesion and bladder is not provided,

but is expected to be around 3−4 cm. Hence, at these distances, a CTR of 200 ps FWHM,

corresponding to a distance along the LOR of around 3 cm, does not have a signi�cant

impact.

For the pancreas application, on the other hand, a considerable bene�t from TOF is

expected, due to the close proximity of several high-uptake organs. In order to investigate

the bene�ts of TOF for the imaging of pancreatic lesions, either patient data or voxelised

whole-body phantoms with injected realistic uptake values are needed. Neither of them

is available at this time. The pancreas application has not been covered in detail by the

EndoTOFPET-US collaboration, yet, and is therefore not subject of this thesis.

In order to study the impact of TOF systematically, dedicated simple phantoms were

designed and simulated within the scope of the project. Analogously to Sec. 7.4.3 it be-

came apparent that the employed �gures of merit are inconclusive and that more indicative

�gures of merit need to be established. This is work in progress.

7.6 Online Coincidence Selection

The commonly used approach to de�ne coincidence events is to �rst impose the constraint

that two events of di�erent detectors need to lie within a time window, typically of the

order of 1 to 3 ns. Then, in order to suppress Compton events, an energy window of

around 511 keV ±(1 − 2)σ is applied to the coincidence candidates. This is a reason-

able approach. However, due to the energy-angle relation of Compton scattering (c.f.
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Sec. 2.3.2), this approach discards valuable events that lost enough energy to escape the

coincidence selection but only experienced a small change in direction. At the same time,

a small energy loss can still lead to a relatively large scattering angle, e.g. 60 keV energy

loss at an angle of 30◦ (c.f. Sec. 2.3.2). So, in principle, the more advanced approach

would be to de�ne a coincidence via a photon pair whose LOR is close to the true vertex

(point of emission). This information is obviously only available in simulated data, not in

real data. Simulations can be used, though, to study the impact of this selection on the

data and infer attributes of the measurable quantities that can be used for a coincidence

selection of measured data.

The aim of this study is to �rst identify coincidence candidates by their time di�erence

to lie within a window of 3 ns and then to separate coincidence candidates by their distance

between the LOR and the true vertex. Coincidence candidates whose LOR is close to the

vertex are treated as signal (coincidence event) whereas the other candidates are discarded.

A line joining the position of the two reconstructed hits is built and the distance of closest

approach (DCA) to the origin of the emission is calculated; the events are classi�ed as

�close� or �far� if the DCA is smaller or bigger than a pre-de�ned value. By this, one is

able to study the impact of di�erent cuts on the number of coincidence and background

events.

The selected dataset of choice is the PSMA-PET/CT data introduced in the previous

section. This assures that the texture of the coincidence data, especially its scattering

pro�le resembles the one of measured patient data.

7.6.1 Distance between LOR and Vertex

The distance of closest approach (DCA) between the line of response (LOR) and the vertex

of emission is shown in Fig. 7.21. In the simulation, an event is classi�ed as scattered

if any of the 511-keV gammas has su�ered an interaction (Compton or Rayleigh). The

distribution of the non-scattered (true) coincidences is peaked at around 0.5 mm and falls

o� signi�cantly after ≈2 mm. The scattered events inhibit a long tail to high distances of

up to 150 mm, caused by the scattering in the body. However, in the low-distance region

between 0 mm and 5 mm they show a similar shape than the non-scattered events.

Fig. 7.22 (left) depicts the number of events for true and scattered events as a function

of the cut on the distance d between LOR and vertex. A cut of d = 1 mm means that

coincidence candidates below 1 mm are treated as signal whereas events above 1 mm

are treated as background. In order to guide the de�nition of the cut on the distance

distribution which separates signal from background events, one can de�ne di�erent �gures

of merit. The signal e�ciency εS is the number of close events in the sample (signal region)

divided by the number of all close events. The signal purity πS is the number of close

events in the sample divided by the number of all events in the sample. So, the e�ciency

compares the number of signal events in the signal region to the total number of signal
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Figure 7.21: Simulated distribution of the distance of closest approach between LOR and true
vertex. The inset is a zoom to the low distance region.
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Figure 7.22: Di�erent �gures of merit describing the relation of signal to background events as
a function of the cut on the distribution of the distance between LOR and vertex.

events while the purity compares the signal events in the signal region to the background

events in the signal region. Background e�ciency and background purity (also known

as background contamination) are de�ned accordingly by replacing near with far. The

overall sensitivity is de�ned as the number of all events in the sample divided by the

number of all events. Those �gures of merit are shown in Fig. 7.22 (right) as a function

of the cut on the distance d.

Both signal and background purity are almost �at as a function of the cut. The signal

purity decreases mildly after around 1.5 mm while the background purity (contamination)

increases slightly. Unfortunately, both signal and background e�ciency have a very similar

behaviour; they have a high slope before 1.5 mm and only increase very mildly afterwards.

This makes the choice of the optimal cut di�cult. A second consideration that can guide

the choice of the cut is a geometrical one. Cutting signal events at a distance of 1.3 mm

allows a photon impinging on the plate to be detected in the neighbouring crystal to the
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Figure 7.23: Energy spectra (top) for plate (left) and probe (right) and distribution of ∆t
(bottom) for PSMA dataset 1. The di�erent colours indicate true close, true far, scattered close
and scattered far from dark to light, respectively.

one associated to the true LOR while rejecting photons that travel away more than one

crystal width. From these considerations, a distance of 1.3 mm is chosen to separate

signal from background events.

With this cut, one can now de�ne signal (close) and background (far) events. The

energy and time distributions for these contributions for plate and probe are presented

in Fig 7.23, where the di�erent contributions from scattered and non-scattered as well

as close and far from the vertex are added on top of each other. Whereas the photo-

peak of the probe mainly consists of non-scattered close events, there are signi�cant

contributions from both far scattered and close scattered events in the photo-peak of the

plate energy distribution. The di�erence can be explained by the di�erent distances of

plate and probe to the points of emission and the resulting length of the traversed scatter

medium. Fig. 7.24 shows the 2-dimensional distribution of the number of coincidence

candidates as a function of the energy of the plate and the time di�erence ∆t for close non-

scattered events (left) and far scattered events (right). The far scattered events feature

a signi�cantly broader time distribution. However, cutting on the time distribution is

dangerous, since the information of the spatial position of the emission points is encoded

in the time distribution. Therefore, the time di�erence is not used as a discriminating
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Figure 7.24: 2-dimensional distribution of the number of events as a function of the energy of
the plate and the time di�erence ∆t.
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Figure 7.25: Di�erent �gures of merit describing the relation of signal to background events as
a function of the cut on the energy of plate (left) and probe (right).

variable here. In the future, it might be interesting to investigate this, assuring not to

cut away viable signal.

7.6.2 Cut-based Selection

First, the in�uence of di�erent independent cuts on the energy of plate and probe on the

signal purity and e�ciency is examined. In Fig. 7.25, the di�erent �gures of merit as

de�ned above are shown as a function of the energy cut for plate (left) and probe (right).

A cut of e.g. 100 keV means that photons with an energy below 100 keV are discarded

while treating the remaining coincidence events as signal. The signal purity increases for

higher energy cuts while the signal e�ciency decreases softly and then drops when cutting

into the photo peak, starting at about 450 keV.

A quantity that is often used to de�ne a cut is the maximum of the signal e�ciency

times signal purity, εS × πS, which gives the purest sample while discarding as few signal

events as possible. A similar �gure of merit that follows a similar shape is S/
√
S +B.

Both distributions as a function of the cut value are depicted in Fig. 7.26.
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Figure 7.26: S/
√
S +B (left axis) and signal e�ciency εS times signal purity πS (right axis)

as a function of the cut on the energy distribution. The solid lines refer to the plate energy, the
dashed lines to the probe energy.

These results suggest to cut at a low energy of around 250 keV for both plate and

probe. In order to quantify the success of a classi�cation, a quantity called accuracy is

often utilised. Is is de�ned as the number of events where the classi�cation predicted the

correct distinction between signal and background, divided by the number of samples, i.e.

A =
∑
i

ytest,i == ypred,i
#ytest

. (7.3)

Cutting at an energy of 250 keV for both plate and probe yields an accuracy of approx-

imately 66 %. A cut at an energy of 400 keV, where the distributions of S/
√
S +B and

εS × πS exhibit a plateau, results in an accuracy of about 64 % for this speci�c dataset.

The conventionally used narrow energy window of 511 keV ±1σ, where σ = 33 keV in this

case, yields an accuracy of ≈ 61 %.

7.6.3 Multivariate Selection

The following section presents an approach to de�ne PET events based on a higher-

dimensional classi�cation, i.e. by means of multivariate analysis (MVA), also denoted as

supervised machine learning. In doing this, the selection of signal events does not rely

on independent one-dimensional cuts on the discriminating variables, but on a separating

function that is in general a non-linear function of the discriminating variables. While

adding complexity, it would still be possible to implement such a separating function at

the FPGA level on the DAQ for online coincidence selection.

The basic idea is to start with a set of data that is already classi�ed in two or more

categories (also called labels). This can be done with Monte Carlo data. After de�ning
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separating variables, or 'features', a machine learning algorithm �nds a discriminating

function that provides an optimal separation between the two categories. This is called the

training phase. In a testing phase, the goodness of the trained classi�cation is evaluated

with a statistically independent sample. Finally, this classi�cation can be applied to

unlabelled (measured) data to determine the expected labels.

The classi�cation is performed with the python package scikit-learn [153], where di�er-

ent machine learning algorithms are implemented. In this study, two multivariate analysis

(MVA) methods are exploited, the decision tree and the support vector machine (SVM).

The input to both methods is a 2d array holding the data as well as a 1d array holding

the associated class labels (i.e. the two labels signal and background). First, the data is

normalised, i.e. transformed to zero mean and unit variance, which is a common require-

ment for many machine learning estimators. Moreover, the data is shu�ed in order to

avoid a bias in the selection. Then, the data is split into a training and a testing sample

of variable lengths. For both methods, a 10-fold cross validation is performed, meaning

that the MVA is executed 10 times with di�erent training and testing sample sizes. The

mean value of the results is taken as the result3.

Decision Tree Classi�cation

For the performance of the decision tree, both the depth of the tree, i.e. the number of

splits of the original sample into the two categories, as well as the minimum number of

samples per leaf are of importance. Fig. 7.27 shows the accuracy of the decision tree as

a function of the allowed depth of the tree. A remarkably good accuracy of above 85%

(optimisable to 92% mean accuracy after a 10-fold cross validation) can be achieved if

the minimum number of samples per leaf is not constrained (purple curve). However, in

this case, the data is overtrained, which means that the classi�cation is very speci�c to

the tested dataset and is not generalisable to di�erent data, e.g. a di�erent patient. In

case of the blue and green curve, it is required that each leaf contains at least 50 and 100

samples, respectively. This constraint favours that a classi�cation is general enough so

that it can be applied to di�erent data with a similar accuracy. For the case of minimum

100 samples per leaf, an accuracy of up to 71 % can be achieved.

The upper energy histogram of Fig. 7.28 shows the data of the plate energy used for

the training of the decision tree. The two labels 'near' and 'far' are coloured in green

and purple, respectively. The energy scale is normalised since this is required by the

classi�cation algorithm. In Fig. A.26, the results for the probe energy are shown. The

lower histogram shows the result of the classi�cation, i.e. the predicted labels on an

independent sample of the same dataset. Since both distributions are stacked, their sum

is the same for training and predicted data. The ratio plot at the bottom displays the

ratio of near and far events in the training sample, divided by the same ratio of the

3Thanks to Michael Kamp, Fraunhofer IAIS, Knowledge Discovery, 53757 Sankt Augustin, Germany
for advise & guidance.
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Figure 7.27: Accuracy of the decision tree as a function of the allowed depth of the tree. In
case of the green curve it is required that each leaf contains at least 100 samples. For the purple
curve, there is no constraint on the minimum number of samples per leaf.

100
200
300
400
500
600
700
800

E
ve
n
ts

Training
N training = 14382
N testing = 14382

Decision Tree Classi�cation Dataset 1

Far

Near

100
200
300
400
500
600
700
800

E
ve
n
ts

Prediction
Accuracy = 0.698

−2.0 −1.5 −1.0 −0.5 0.0 0.5 1.0 1.5 2.0

E plate (normalised)

0
2
4
6

tr
a
in
/
p
re
d

Figure 7.28: Training data of the decision tree for dataset 1 for the energy distribution of the
plate (top histogram) and the application to the test data (prediction) (bottom histogram). The
energy is normalised to mean 0 and variance 1, as required by the classi�cation algorithm. The
ratio plot displays the ratio of near and far events in the training sample, divided by the same
ratio of the predicted data.

predicted data. The prediction for the energy region around the photo-peak is relatively

good, while in the lower energy region, there are large deviations between the predicted

and the true ratio of near and far events. Especially, there are some regions, where the

contribution from near events is predicted to be zero, as opposed to the training data.

This artefact can also be assigned to the low statistics in these bins. The acquisition of

a higher number of coincidence candidates is hindered by the huge computation time of

patient data simulations, though. The classi�cation yields an accuracy of approximately
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70 %, which is higher than the accuracy achieved by the cut-based selection.

The next step is to apply the classi�cation to a di�erent dataset. For this, a second

PSMA-PET/CT dataset from patient 2 is utilised. The procedure for the data preparation

and simulation is analogous to the one described in Sec. 7.4. The probe is positioned in

the pelvis area of the phantom, close to the bladder. A precise positioning of the detector

is not crucial in this case, as no images of the prostatic lesion need to be reconstructed.

Instead, the scatter pro�le of the detected photons is of interest. The classi�cation of

dataset 2 shows a 3 % lower mean accuracy, which can be explained by the fact that the

parameters of the decision tree are optimised for dataset 1. Fig. A.27 exemplarily shows

the application of the classi�cation to the unlabelled data of the second patient (dataset

2) for the plate. The application of the classi�cation of dataset 1 to dataset 2 yields a

mean accuracy of 66.4 ± 0.6, showing that the classi�cation is generalisable to di�erent

data.

Support Vector Machine (SVM) Classi�cation

A support vector machine (SVM) is an algorithm that transforms two-dimensional data

that is not linearly separable into a higher dimension where a linearly separable function

can be found. This is realised by constructing a hyper-plane in a high-dimensional space,

which can be used for classi�cation. Intuitively, a good separation is achieved by the

hyper-plane that has the largest distance to the nearest training data points of any class.

More information about this technique can be found e.g. in Ref. [154].

The proper choice of the free parameters of the SVM classi�cation are critical for its

performance. The �rst parameter, often referred to as C trades-o� a mis-classi�cation

of training examples against the simplicity of the decision surface. A low C makes the

decision surface smooth while with a high C, the algorithm aims at classifying all training

examples correctly, often resulting in an overtraining. The other parameter, often called

γ, de�nes how much in�uence a single training example has. The larger γ is, the closer

other examples must be to be a�ected. C and γ are scanned in the following range:

C = 0.0001, 0.001, 0.01, 0.1, 0.5, 1.0, 1.5, 2.0, 3.0, 5.0, 10.0

γ = 0.01, 0.1, 0.5, 1.0, 1.5, 2.0, 2.5, 3.0, 5.0

The optimal parameters in terms of accuracy for dataset 1 are found to be C = 0.5 and

γ = 5.0. This parameter optimisation takes several hours to run, since a classi�cation for

non-optimal parameters is very time consuming. For these optimal parameters, a 10-fold

cross validation is performed. The result yields a mean accuracy of (69.7± 0.4) %.

The energy histograms for the plate for the SVM classi�cation of dataset 1 is depicted

in Fig. 7.29, while the histograms for the probe can be found in Fig. A.28. As for the

decision tree classi�cation, the prediction for the energy region around the photo-peak is

relatively good, while in the lower energy region, there are large deviations between the
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Figure 7.29: Training data of the SVM for dataset 1 for the energy distribution of the plate (top
histogram) and the application to the test data (prediction) (bottom histogram). The energy is
normalised to mean 0 and variance 1, as required by the classi�cation algorithm. The ratio plot
displays the ratio of near and far events in the training sample, divided by the same ratio of the
predicted data.

predicted and the true ratio of near and far events. The classi�cation of dataset 2 shows

a slightly lower accuracy, which again can be assigned to the optimisation of the SVM

parameters for dataset 1. The application of the SVM classi�cation of dataset 1 to the

second dataset is shown in Fig. A.29 and yields an accuracy of about 66.4 %.

7.6.4 Summary

The basic idea of these studies is to perform the coincidence selection based on the distance

between the LOR and the emission vertex, instead of the conventional selection of events

from the photo peak. One way to do this is to de�ne coincidence windows, i.e. cuts on

the plate and probe energy, that maximise the number of 'close' events in the sample.

An alternative approach is to use an MVA to perform the classi�cation of signal and

background events.

The accuracies gained from the di�erent methods and cuts are summarised in Tab. 7.4.

A random guessing of class labels by de�nition converges to 50 % for large samples. A

decision tree can provide an accuracy above 90 %, but overtrains. The constrained decision

tree and the SVM perform similarly, yielding a mean accuracy of around 70 % for dataset

1 (P1) and around 67 % for dataset 2 (P2). The application of the classi�cation on dataset

1 to dataset 2 gives a mean accuracy of about 66 %. On the other hand, the classical

energy window gives an accuracy between 64 % and 66 %, depending on the position of

the cut at either 250 keV or 400 keV. The conventionally used narrow energy window of

511 keV ±1σ, where σ = 33 keV in this case, yields an accuracy of ≈ 61 %. In summary,
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Method Acc P1 [%] Acc P2 [%] Acc P1→P2 [%]

Random guess 50 50 -
Conv. cut at (511± 33) keV 61.4 63.1 -
Cut at 400 keV 64.2 64.3 -
Cut at 250 keV 65.9 61.7 -

Decision Tree 69.3± 0.2 66.7± 0.5 66.4± 0.6
SVM 69.7± 0.4 67.4± 0.8 66.4± 0.5

Table 7.4: Accuracies of di�erent separating conditions and methods. For decision tree and
support vector machine (SVM), the given accuracies are the mean and standard deviation of 10
classi�cations with varying training sample size.

there is an improvement of the MVA classi�cation with respect to a cut-based selection

by only a few percent; at maximum 9 %.

The remaining question is whether this increase is worth the e�ort to implement the

results of the MVA at the DAQ level. The MVA approach bears some danger, as the

coincidence selection is not directly visualisable. Moreover, it is inferred from simulations

and has to be applied to di�erent kinds of measured data. Before applying this technique

to measured data, further simulation-driven tests are necessary, to assure the applicability

to a wide range of di�erent scenarios. Using the time di�erence as a third discriminat-

ing variable might be interesting to investigate, assuring not to cut away viable signal.

Also, the studies have to be repeated by a signi�cantly increased number of coincidence

candidates, in order not to be in�uenced by statistical �uctuations in the data.

So, in total, it can be stated that the expected bene�ts of the MVA approach do not

justify the complexity of the method and the needed additional tests; the MVA approach

is not useful for this application.

7.7 Conclusion

Di�erent possible detector designs were compared in terms of sensitivity and spatial res-

olution. Several scenarios were presented to qualitatively assess the general features of

the reconstructed images. With the help of simple simulated phantoms, the in�uence

of the amount of detector rotation and acquisition time on the resulting image quality

and image resolution was investigated. The image resolution in xy is neither a�ected by

rotation nor by longer acquisition time. The overall image quality, expressed in terms

of cross correlation between reconstructed image and ground truth, on the other side,

bene�ts from rotation and longer acquisition time. A scan time of approximately 10

min. and small rotation of around 10◦ yields a saturation in image quality. Furthermore,

studies on the expected performance of the EndoTOFPET-US detector using full-body

patient data were presented. The results are promising and suggest that the endoscopic
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approach of the EndoTOFPET-US detector is able to separate the prostatic lesion from

the background radiation from prostate and bladder. An additional tilting of the probe is

highly recommended in order to geometrically suppress the background from the bladder.

However, re�ned simulations of medically-relevant scenarios are needed and should be

planned in close collaboration with physicians. Finally, a study of optimal energy cuts for

the coincidence selection was presented. It is proposed to use the distance of the line of

response (LOR) to the true vertex and its implications for the energies of plate and probe

detectors as a criterion for de�ning signal events for the coincidence selection. Inferring

the results gained from simulations with known LOR-vertex distance to unclassi�ed data

reveals that with an accuracy of around 70 % the correct classi�cation can be done. This

is opposed to a slightly lower accuracy of around 64 % when using conventional energy

cuts to de�ne coincidence events.



Chapter 8

Pre-Clinical Commissioning

This chapter presents the commissioning of the �rst prototype of the EndoTOFPET-US

device. A focus is laid on the �rst pre-clinical studies, including the acquisition and image

reconstruction of simple phantoms as well as �rst in-vivo examinations1. The assembly

and electronic commissioning of the device is described thoroughly in Ref. [121] and shall

not be repeated here.

The aim of the pre-clinical commissioning is to demonstrate that the entire data taking

and image reconstruction chain is functional, including slow control, tracking and ultra-

sound acquisition. The demonstration of the general feasibility of in-vivo acquisitions on

living animals is of key importance to the success of the project.

8.1 Materials & Methods

8.1.1 EndoTOFPET-US Prototype

The �rst prototype of the EndoTOFPET-US detector system consists of the external plate

equipped with STiC chips as well as a provisional probe consisting of two modules of the

plate production batch. This means that the resolution of the system is limited by the

crystal size of 3× 3 mm2. The provisional probe is used since the envisioned probe using

MD-SiPMs is not ready at the time of the study. The plate is mounted on a moveable arm

that is attached to a cart. The cart accommodates the chiller for the water cooling, the

low and high voltage power supply, as well as three computers, one for the tracking (with

a Windows operating system), one for the DAQ (CentOS operating system) and one for

the image reconstruction (Ubuntu operating system). The latter is equipped with four

GTX690 graphics cards. Since the acquired coincidence data as well as the tracking data

require some minor post-processing, the images are not reconstructed online but after

1The studies have been performed at CERIMED, Marseille, France (http://www.cerimed-web.eu).
The team consisted of R. Laugier (CHUV, Marseille) B. Fisch (CERN & TU München), D. Cortinovis
(DESY, Hamburg), A. Cserkaszky (SurgicEye, München), H. Chen (KIP, Heidelberg) and MZ (DESY
Hamburg).

http://www.cerimed-web.eu
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Figure 8.1: The provisional PET head consists of two modules of 4× 4 crystals, attached to a
PCB (left). Closed PET head, clamped to the endoscopic ultrasound (right).

Figure 8.2: Setup of the �rst data taking using FDG sources.

the acquisition on a di�erent computer. The PET head is attached to the trans-rectal

ultrasound endoscope, assuring an undisturbed �eld of view (FOV) of the US transducer,

as seen in Fig. 8.1. Both plate and probe are connected to the DAQ PC. The endoscope

can moreover be connected to an AVIUS Hitachi US echograph.

8.1.2 Setup

A picture of the setup is shown in Fig. 8.2 with a zoom to the detectors on the right. The

cart with chiller, power supplies and computers is seen on the right-hand side. On a table

next to the cart, multiple FDG-�lled tubes are positioned on a rotation stage that itself

is placed on a xyz moving stage. The plate is positioned next to it via the moveable and

lockable arm. The probe is placed on the other side of the object under study; in this

picture it is �xed to a support structure for static acquisitions. Due to the re�ections of

the �ash light, one can easily identify the tracking balls attached to the plate, the probe

as well as the object under study. An undisturbed line of sight to the position sensor

assures the tracking of these devices. Moreover, on the left hand side of the picture, a CT

scanner as well as the US echograph can be seen.
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Figure 8.3: Hollow tubes inside a plastic holder that can be �lled with a liquid radio isotope.

8.1.3 Sources & Data Acquisition

For the phantom acquisitions, several small tubes are �lled with a liquid 18F-FDG solution,

produced at CHUV. The tubes, shown in Fig. 8.3 can ingest a volume of 0.2 ml and have

an inner diameter of 5.3 mm. Several of the tubes are �lled with the radiopharmacon

and are arranged in di�erent shapes, rectangular or L-shaped, with the help of a suitable

holder. For one of the acquisitions, two tubes are �lled with ≈ 5 MBq and three �lled

with ≈ 16 MBq. Data has also been acquired using a homogeneously �lled hollow plate

as a continuous background source. This plate had an activity of ≈ 50 MBq. The

measurements are performed approximately three hours after the injection, lowering their

activity by ≈ 70%.

Three di�erent source acquisition modes are performed, static acquisition without any

movement, dynamic acquisition with a static probe and plate but with rotating phantom

and freehand acquisition with rotating phantom as well as a hand-held endoscope. In the

freehand acquisition, the probe can be moved freely around the phantom by the operator,

assuring to keep it in coincidence with the plate and in line of sight with the tracker.

The frequency of the rotating stage is approximately 8 mHz (1 turn in 2 min). The data

acquisition is typically about 10 min.

Only three out of four FEB/Ds of the external plate can be used, since the DAQ

can only read four FEB/D streams and one FEB/D is used for the provisional probe.

Therefore, one quarter of the plate is not active during the acquisition. Moreover, the

plate su�ered from severe electronic instabilities, making it necessary to switch o� several

chips. Two example hit maps of the number of coincidences on the plate can be seen in

Fig. A.30. The large number of disabled channels poses a very harsh condition for the

data taking and will have an impact on the quality of the reconstructed images.

8.1.4 Tracking

The plate and the probe as well as the phantom are tracked. For the source acquisition,

this allows the rotation of the sources instead of the detector which would not be feasible.
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Figure 8.4: Tracked path of the plate relative to the source rotation in xy (left), xz (right,
left axis) and yz (right, right axis).
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Figure 8.5: Tracked path of the rigid probe relative to the source rotation in xy (left), xz
(right, left axis) and yz (right, right axis).

Fig. 8.4 and 8.5 show the tracking of the plate and rigid probe, respectively, for one speci�c

acquisition. This tracking is superimposed with the continuous rotation of the patient's

tracking reference (i.e. the sources). Fig. 8.6 shows the tracking of the freehand probe.

8.1.5 Data Preparation & Processing

The input to the reconstruction are the coincidence �le from the DAQ, the tracking �le

as well as the relative channel maps for plate and probe. These �les contain the IDs and

relative positions of the crystals with respect to the tracking target. The channel map of

the plate is adapted to hold the information which channel of the plate has been turned

o�.

The used reconstruction mode is Histogram. This is a non-TOF mode, which is

adequate for this kind of data where the expected improvement of TOF information is

negligible. The Histofmode which includes TOF is useable as well but typically produces

noisier images in cases where TOF information is not adding more information to the data.
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Figure 8.6: Tracked path of the hand-held probe relative to the source rotation in xy (left),
xz (right, left axis) and yz (right, right axis).

Sphere reconstruction, the mode that can cope with the high tracking accuracy, had a

bug and is not useable during the time of the data analysis. In order to be able to use the

Histogram mode, the number of tracking points has to be reduced to < 300 (depending

on the RAM). Since the tracking has a time binning of 50 ms, which is more than needed,

given the spatial uncertainty, this procedure is expected to have a negligible in�uence on

the reconstructed images.

A loose time cut is applied o�ine to each dataset to remove outliers that come from

outside the region-of-interest, thus removing some random coincidences from the data.

Some outliers in energy are removed as well. Due to the fact that no energy calibration

has been performed at that stage, a more sophisticated cut in energy is not possible.

In the reconstruction, the region of interest is found by �rst selecting a large volume

(e.g. 10 mm voxel size, 51 voxels). In the reconstructed image, the centre of the region of

interest is selected, then the image is reconstructed with small voxels around that volume

centre. All images shown here are reconstructed with a voxel size of 1× 1× 1 mm3.

8.2 Results

Among all the data acquired with the EndoTOFPET system, three examples are shown

and analysed here. The �rst is an acquisition with a static probe and continuous rotation

of the phantom. This scenario is opposed to an acquisition with a hand-held freely moving

probe. The third scenario is an acquisition where additionally to the rotating sources, a

homogeneously FDG-�lled plate is placed in front of the external plate, serving as a warm

background. Miscellaneous images are shown in the appendix for a qualitative appraisal

of the achieved image quality.

In Fig. 8.7, a reconstructed image of four tubes with equal activity in an L-shaped

arrangement is shown. The data is acquired while continuously rotating the sources. The

voxel size of the image is 1 mm, the image size is 5.1 × 5.1 × 5.1 cm3. The transverse
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Figure 8.7: Reconstructed image of four tubes with equal activity in an L-shaped arrangement.
The data is acquired with a static probe while continuously rotating the sources. The voxel size
of the image is 1 mm, the image size is 5.1 × 5.1 × 5.1 cm3. The normalised colour scale gives
the relative activity in arbitrary units.
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Figure 8.8: Reconstructed image of three tubes with equal activity on a line. The data is
acquired with a hand-held probe while continuously rotating the sources. The voxel size of the
image is 1 mm, the image size is 5.1 × 5.1 × 5.1 cm3. The normalised colour scale gives the
relative activity in arbitrary units.

plane clearly visualises the cross-section of the four tubes that can be well separated from

each other. Fig. 8.8 shows the reconstructed image of three tubes on a line. The data is

acquired with a hand-held probe. The operator moves the probe slightly around, always

trying to assure a matching �eld of view between probe and plate. The movement as

well as the shaking of the operator's hand in�uence the image with respect to a static

probe acquisition. As before, the voxel size of the image is 1 mm and the image size is

5.1× 5.1× 5.1 cm3. Qualitatively, one can already recognise some degree of blurring with

respect to the static probe acquisition.

In order to quantify the spatial image resolution of both scenarios, line pro�les are

taken at di�erent positions through the centres of the tubes. The line pro�les of the static

probe acquisition are depicted in Fig. 8.9. On the left-hand side, pro�les are taken along

the y axis (along the vertical cross-hairs in the transverse view) for three di�erent slices

in z, i.e. at three di�erent depths of the tubes around its centre. On the right-hand side,

pro�les are taken along the x axis (along the vertical cross-hairs in the transverse view)
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Figure 8.9: Pro�les along di�erent lines of the image in Fig. 8.7. The pro�les are taken along
the y axis for three di�erent slices in z, i.e. at three di�erent depths of the tubes around its
centre (left). Pro�les are taken along the x axis for the same three values of z (right).
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Figure 8.10: Pro�les of the freehand acquisition. Pro�les in the xy plane through the centres
of the three sources (at an angle of 15◦ with respect to the y axis) for three di�erent z values
(left). Three neighbouring pro�les in the xy plane are taken, all going through the centre voxels
of the distributions (right).

for the same three values of z, thus showing the pro�les of two activity regions. Ideally,

with a spatial image resolution well below the object size, one would expect a rectangular-

shaped activity pro�le with a �at plateau and Gaussian-smeared edges. Evidently, this

is not the case; there are �uctuations of up to 20% between neighbouring pixels. With

a spatial resolution compatible to the size of the studied object, one would expect a

Gaussian activity distribution. This is also not the case. The strong �uctuations within

the peaks and the low number of pixels within a peak prohibit the �tting of a function to

the peaks. Instead, the data points are interpolated with a cubic spline and the full width

at half maximum (FWHM) is determined. This approach has the advantage that it is not

based on any assumptions on the shape of the signal. As a downside, one cannot estimate

an uncertainty to this width. The �uctuation, however, can be assessed by comparing

pro�les of neighbouring slices.

Fig. 8.10 shows the pro�les of the image of the hand-held acquisition. The left-hand
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Figure 8.11: FWHMs of static (left) and hand-held probe (right). The blue circles refer to
the pro�les of Fig. 8.9a and Fig. 8.10a, respectively, while the purple triangles refer to the pro�les
of Fig. 8.9b and Fig. 8.10b, respectively. The red lines indicate the mean over all points.

side displays pro�les in the xy plane through the centres of the three sources (at an

angle of 15◦ with respect to the y axis) for three di�erent z values. On the right-hand

side, three neighbouring pro�les in the xy plane are taken, all going through the centre

voxels of the distributions. The resulting widths of the pro�les are shown for the static

(left) and freehand (right) scenarios in Fig. 8.11. The blue circles refer to the pro�les of

Fig. 8.9a and Fig. 8.10a, while the purple triangles refer to the pro�les on the right-hand

side (b), respectively. The red lines indicate the mean over all points. The plot exhibits

a mean width of around 3.4 mm for the static probe and around 4.4 mm for the freehand

probe, with a relatively large standard deviation of 0.6 mm, respectively. This allows

several conclusions. First, one can directly see the blurring of the freehand images with

respect to the static probe images with a width increase of around 1 mm. Second, even

more important, the reconstructed cross-sectional size of the tubes is lower than the inner

diameter of the tubes of 5.3 mm.

A second important check to assess the resolving power of the system is to estimate

the distance between the reconstructed tubes. A precise determination is hindered by

the �uctuations within the peaks. A rough estimation of all peak distances yields a mean

distance of 8.6±0.6 mm. The true distance between the holes of the tube holder is 6.5 mm.

Thus, the reconstructed distance between the tubes is signi�cantly over-estimated.

These two �ndings, the too low size and the too high distance of the reconstructed

tubes, contradict each other. The most plausible reason is a mis-alignment of the tracking

system: The positions of the centres of the crystal fronts needed to be estimated relative

to the position of the three tracking spheres. Since both are not located in the same

plane, the relative distance is a function of the three space dimensions as well as three

rotation angles. The measurements had to be performed with a conventional ruler due

to missing equipment in the clinical environment. It may well be that even a slight mis-

alignment and thus a defective tracking information can lead to non-linear distortions in

the image. Another possibility might be an incorrect information of the precise position
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Figure 8.12: Reconstructed image of �ve sources (three strong and two weak ones) in front
of a homogeneous background activity plate. The data is acquired with a static probe while
continuously rotating the sources. The voxel size of the image is 1 mm, the image size is
5.1× 5.1× 5.1 cm3. The normalised colour scale gives the relative activity in arbitrary units.

of the individual crystals relative to the tracking coordinate system. Instead of deriving

solid numbers from these acquisitions, the gain of knowledge is that great care has to

be put on the spatial alignment of the system prior to data acquisition. With the help

of simulations, one could iteratively converge measurement and expectation and thereby

correct for the mis-alignment.

Finally, the previous results are compared to a scenario where a plate homogeneously

�lled with FDG is placed in front of the external detector plate along with the rotating

sources. The reconstructed image is shown in Fig. 8.12. The background activity is

not directly visible on the image; the tubes are clearly separated from each other over a

negligible background activity, compatible to that of the aforementioned images.

Despite the limitations in the quanti�cation of the spatial resolution, one can conclude

qualitatively, that the image quality is su�ciently good, given the high number of missing

channels of the external plate and the fact that the probe only consists of 16 channels

with a size of 3.6× 3.6 mm. The reconstruction of freehand data is well possible, at least

for objects of the investigated size.

8.3 In Vivo Acquisition

The second step in the pre-clinical commissioning is the in-vivo acquisition at pigs. The

motivation for these trials is two-fold: First, the testing of the entire acquisition chain,

including the simultaneous data taking of freehand PET and ultrasound in a medical

environment is of paramount importance. After the careful inspection of the detector's

single components as well as the testing of the acquisition chain in a laboratory environ-

ment, it must be shown that data can be acquired in a medical environment in vivo, that

is on living pigs. Second, apart from the proof of the general feasibility, the aim is to take

medically relevant images of the porcine prostatic lesion. For the animal testing, primary
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(a) Transverse (b) Coronal (c) Sagittal

Figure 8.13: Whole-body PET/CT image of a pig. The grey scale corresponds to the CT
image, the colour scale to the PET image. The cross-hair is positioned on the right prostatic
lobe. In the sagittal view one can see the probe that was inserted during the intervention.

human prostatic carcinoma tissue was implanted and grown in a pig by the physicians

of the consortium (CHUV). To manage the implantations of primary human carcinoma,

a great e�ort has been paid to inhibit the porcine hyper-active immune rejection of the

grafted carcinoma. Fig. A.31 shows the PET/CT image of a successfully implanted and

grown human prostate carcinoma in a pig, using 18F-choline as a radiotracer. Fig. 8.13

depicts a whole-body PET/CT image of the pig, with a zoom to the abdomen. The

image has been taken with the probe being inserted into the rectum. The probe can be

seen in the sagittal view with the two crystal matrices on top, pointing to the right (left

to the centre of the cross-hair). Due to their high density, the crystals produce 'metal

artefacts' in the CT image, mainly visible in the transverse view. One can identify parts

of the prostate, including the prostatic lesion as a weak blue spot, at the position of the

cross-hair. The brighter activity above, most prominently visible in the coronal view, can

be identi�ed as the bladder.

Following these prior visual inspections, the pig is being imaged with the EndoTOFPET-

US system. Fig. 8.14 (left) shows the setup of the intervention and data acquisition with

the EndoTOFPET-US detector. The probe is connected to both the DAQ of the PET

system as well as to the US cart. The optical tracking system and the PET cart are

placed next to the bedside. In the background of the image, the PET/CT gantry with

the sedated pig is visible. Fig. 8.14 (right) displays an example ultrasound image of the

abdomen, acquired in the described con�guration, immediately prior to acquiring PET

coincidence data. The design of the provisional probe does not allow a simultaneous

PET-US visualisation of the prostate since the �elds of view of both modalities do not

overlap.

In total, the pig has been examined three times with the EndoTOFPET-US system.

The anaesthetised pig is lying sideways during the approximately 10 minute intervention.

The probe is held by a physician and is slightly moved back and forth as well as rotated
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Figure 8.14: Exemplary picture of a data acquisition on a pig (left). Example ultrasound
image of the abdomen region of a pig, acquired with EndoTOFPET-US probe (right).

(a) Transverse (b) Coronal (c) Sagittal

Figure 8.15: Reconstructed image of pig data (March session), zoom to a randomly chosen area
in the uniform image. The voxel size of the image is 1 mm, the image size is 5.1× 5.1× 5.1 cm3.

by some degrees. The plate is positioned and �xed such that the estimated position of the

prostate is matched by its FOV. Unfortunately, the reconstructed images of all acquisitions

only show indistinct noise, as shown exemplarily in Fig. 8.15. Due to a missing online

monitoring system that would show the number of coincidences per time frame or even

self-updating reconstructed images to guide the positioning of the detectors, it could not be

assured that the lesion was inside the detector's FOV. So, it might be that those detector

poses with the lesion inside the detector's FOV did not gather enough coincidences with

respect to a much longer data acquisition of uninteresting regions of the body. Another

reason can be that the used radiotracer (18F-choline) is not speci�c enough to the lesion

itself, instead accumulating in one entire lobe of the prostate (c.f. Fig. A.31). This would

lead to a more or less uniform emission of positrons from the entire prostatic lobe. If the

probe is positioned inappropriately, this could lead to emissions from within the entire

FOV, leading to an image where di�erent features cannot be distinguished any more.
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8.4 Conclusion & Lessons Learned

In case of the data taking with FDG-�lled tubes, the quality of the reconstructed images

is remarkably good, given the high number of missing channels on the external plate and

the low channel density and granularity of the provisional probe. Besides, neither an

energy nor time calibration have been performed prior to the pre-clinical commissioning.

It could be shown that data can be acquired and reconstructed in the freehand mode, i.e.

using a hand-held and moving probe. The quantitative analysis of the images reveals,

however, that there are spatial distortions in the reconstructed images, possibly caused

by a mis-calibration of the detector positions relative to the tracking system.

Unfortunately, the pig data does not hold enough information to reconstruct an image

of the prostatic lesion. In case further of these acquisitions will be performed, a more

speci�c tracer has to be used, e.g. PSMA, along with a more careful positioning of the

probe as well as some kind of online monitoring. Otherwise, one is literally shooting

in the dark. The challenge of this asymmetric detector with its small �eld of view is

that one needs to know precisely where the detector is looking. Since the simultaneous

acquisition of PET and US data was not possible due to a non-overlapping FOV, there

was no guidance on the positioning of the probe.

However, a major milestone of the project could be reached, which is to demonstrate

that the entire data taking and image reconstruction chain is functional, including slow

control, tracking and ultrasound acquisition and that it can be used in a clinical environ-

ment. Even though the acquired pig images do not show the desired results, it could still

be shown that in-vivo acquisitions of the device are in principle possible.



Chapter 9

Conclusion & Outlook

In the scope of the EndoTOFPET-US project, a novel multimodal device for ultrasound

(US) endoscopy and positron emission tomography (PET) has been developed. The

project aims at detecting and quantifying morphologic and functional markers and devel-

oping new biomarkers for pancreas and prostate oncology. Both pancreas and prostate

cancer feature an almost asymptomatic development and in case of pancreatic cancer,

very low survival rates if not detected and treated at an early stage. Exploiting the Time-

of-Flight (TOF) information of the emitted gamma rays allows for a more sensitive, more

precise and lower radiation-dose imaging, and for the intervention on small lesions. The

detection of the gamma rays is realised via scintillator crystals with Silicon Photomul-

tiplier (SiPM) read-out, aiming at a coincidence time resolution of 200 ps and a spatial

resolution of 1 mm. The asymmetric detector consists of a miniaturised PET detector

head (probe), mounted on an ultrasound endoscope, as well as an external detector plate

being located next to the patient, opposite to the probe.

The research for this project is accompanied by the development of cutting-edge tech-

nological advancements, such as unprecedented time resolution for improved TOF PET,

high spatial resolution of the reconstructed images as well as novel multi-digital SiPMs

for the probe.

As part of the characterisation and quality-assurance measurements of all single de-

tector components, the SiPMs for the external plate have been characterised with an au-

tomated procedure using pulse-height spectra from low-light illumination. The knowledge

of the key performance parameters of the SiPMs is needed both as a quality assurance, as

well as for the calibration of the detector. The spread between minimum and maximum

breakdown voltage within an array is at maximum 0.43 V with a mean of 0.15± 0.06 V.

This assures the optimal operation of each SiPM at its individual voltage, given the chip

bias voltage adjustment range of approx. 700 mV. The mean dark count rate (DCR) was

determined to be 1.49 ± 0.54 MHz and is thus well below the acceptable threshold of

3 MHz. A too high DCR is detrimental for excellent time resolution.
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SiPMs have experienced great improvements in the past years. Comparing the spectra

and noise properties of the SiPMs of the project purchased 4 years ago with latest sensors

shows an impressive reduction in dark count rate and correlated noise, thus getting at-

tractive for more and more applications where they can ultimately replace other detector

technologies such as photomultiplier tubes.

An procedure was established to standardise the analysis of pulse-height spectra, in-

cluding the determination of gain and mean number of detected photons. All relevant

parameters of the spectra are extracted in a fully-automatic and robust way. A detector

response model, incorporating cross-talk and after-pulsing, was implemented that can ro-

bustly describe spectra from di�erent types of SiPMs over a broad range of excess bias

voltage. The remaining task is the incorporation of the DCR in the model as well as a

better description of after-pulsing based on a fully physics-driven parametrisation. Some

of the properties of these relatively young semiconductor detectors are still not understood

in all their detail. The research of the SiPMs for the external plate thus led to a deeper

understanding of these devices as well.

Monte-Carlo simulations of PET systems are a crucial tool in medical imaging re-

search. At an early stage, simulations can be very helpful to investigate various detector

con�gurations prior to constructing the system and thus optimising the design of the

PET scanner. While the true underlying anatomy and physiology of a patient is un-

known, many factors in�uence and de�ne the resulting image and its quality. Simulation

allows to isolate a single factor of interest and study its impact on the measured data.

In order to facilitate the computationally expensive simulations of the detector using

voxelised phantoms, a software framework for GAMOS has been developed that enables

the dynamic simulation of nuclear-imaging devices, including detector movement, on a

computing cluster. Still, it needs to be pointed out that there is no simulation tool avail-

able that ful�ls all requirements of freehand PET. With the increasing interest in novel

nuclear-imaging scenarios deviating from the conventional full-body PET/CT concept,

advances in �exibility and performance of Monte-Carlo simulation tools are indispens-

able.

The simulations have been excessively used for the testing and debugging of the re-

construction algorithm and thus have been a substantial and valuable tool for its devel-

opment. Moreover, they guided the design of the detector by investigating the impact of

crystal dimensions, double-sided readout and geometry of the plate. The advantages of

the endoscopic approach were elaborated: While providing a low sensitivity due to the

small solid angle coverage, the detector system provides an excellent spatial resolution of

≈ 1 mm in the plane parallel to the detectors and yields su�cient image quality even with

little rotation of a few degrees around the object under study after less than 10 minutes

acquisition. So, the low sensitivity is not adverse in terms of image quality and spatial

resolution, thus legitimating the approach of freehand interventional PET imaging that
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can be used intra-operatively.

A vital aspect of simulation is to have a realistic model of the patient's anatomy.

Therefore, full-body PET/CT data, using the promising novel tracer PSMA, of patients

su�ering from prostate cancer was used as an input to simulations. The results are rather

promising and suggest that the endoscopic approach of the EndoTOFPET-US detector

is able to separate the prostatic lesion from the background radiation from prostate and

bladder. This research is inconclusive, as only one patient dataset was analysed so far.

It would be interesting to study the PET/CT data of more patients, with a focus on the

movement of the detectors according to medically feasible procedures. However, because

of the intrinsically low spatial resolution of the full-body PET data, the deduction of

quantitative statements is only of limited use. As an alternative, voxelised whole-body

phantoms, e.g. XCAT phantoms [132], should be employed to simulate both prostate and

pancreas acquisitions with arbitrarily high spatial resolution and easy manipulations of

lesion size, activity and position. The technical prerequisites for this have been established

so that suitable simulations could be performed with relatively little e�ort in the future.

Besides, simulations using full-body PET/CT data were exploited to investigate whether

it is possible to infer information on optimal coincidence selection from the data. While

the improvement with respect to conventional energy-cut-based selection only amounts

≈ 10 − 15 %, the approach of feature extraction using machine learning techniques is

still a promising concept that is worth investigating further. The detection of features in

either coincidence data or medical images, also known as radiomics, is an emerging �eld

in quantitative imaging with potential predictive power for patient treatment outcomes

[155].

The impact of TOF on the resulting images is a crucial question that was not treated

could within this thesis. This is because the work of this thesis concentrates on the

prostate scenario where the impact of TOF is negligible. For the pancreas case, TOF is

expected to have a major impact. But in order to study that thoroughly, either patient

data or dedicated phantoms are vital. While the �rst was not available, the latter was

hindered by technical challenges. So, one key question that still needs to be answered is

the bene�ts of improved TOF for the EndoTOFPET-US detector. The next step would be

to develop procedures to study the in�uence of TOF on limited �eld of view freehand data.

The detector system has been assembled and commissioned technically. Two external

plates have been assembled, one using the STiC ASIC and one using the TOFPET ASIC.

Due to delays in the completion of the very ambitious probe using multi-digital SiPMs,

several provisional probes have been developed for the use of �rst pre-clinical and phantom

trials. The data acquisition of plate and probe and the subsequent coincidence selection

is established. A custom image reconstruction software has been developed, dedicated to

the special requirements of an asymmetric freehand time-of-�ight PET device. A slow

control and monitoring system for the steering and monitoring of power supply, cooling
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and tracking has been established. Besides, a graphical user interface for the physicians,

including the visualisation of the fused PET/US image has beed developed.

As a preparation for the pre-clinical commissioning, prostate tumours were success-

fully implanted in the prostate of pigs. The lesions could subsequently be identi�ed

using conventional state-of-the-art PET/CT investigations. A major milestone of the

project could be reached, which was to demonstrate that the entire data-taking and

image-reconstruction chain is functional, including slow control, tracking and ultrasound

acquisition, and that it can be used in a clinical environment. Even though the acquired

pig images do not show the desired results, it could still be shown that in-vivo acquisitions

with the device are possible.

Minimally invasive surgery can potentially gain from the new procedures created by

introducing novel endoscopic tools, allowing to perform image-guided interventions based

on PET functional imaging, co-registered with an ultrasound anatomical image. Thera-

peutic oncology can bene�t from the improved ability to obtain cancerous tissue material

during biopsies or help tumour resection with an improved de�nition of tumour mar-

gins. The introduction of highly speci�c PET biomarkers for early cancer detection is

constrained due to the low resolution of clinical PET scanners. The EndoTOFPET-US

detector has the potential to be able to distinguish even small accumulations of biomarkers

and distinguish them from the background, thus allowing a better validation of such new

biomarkers. The introduction of improved TOF information as well as the development

of more speci�c biomarkers can eventually lead to dose reduction to both patients and

medical personnel. Besides the bene�ts in interventional imaging, the developed technolo-

gies using SiPM read-out and high time resolution can also be employed for the design of

conventional PET systems as well as for hybrid PET/MR scanners.

As one can see from the SiPM characterisation studies, advances in this medical �eld

directly recoil to fundamental research such as high energy physics. Vice versa, the

expertise of the working group in high-energy physics detector R&D as well as under-

standing the fundamental properties of these semi-conductor devices directly did bene�t

to the development of the EndoTOFPET-US detector. The research in the scope of

the EndoTOFPET-US project has mutually pro�ted from the experience in high-energy

physics instrumentation as well as bred knowledge that can bene�t both other �elds of

physics instrumentation and medical research.

This being said, there is still a list of issues that need to be solved. The time calibration

and time alignment of the external plate is ongoing. Once the detector system has been

fully calibrated and is working up to speci�cations in a laboratory environment, further

tests with dedicated prostate phantoms are needed, where the spatial resolution as well

as the in�uence of TOF need to be examined. A planned provisional probe equipped

with a matrix of 8 × 8 crystals with a cross-sectional size of around 1.1 × 1.1 mm2 and

corresponding SiPM read-out could be a good intermediate solution to acquire images with
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a high-granularity probe. Other technical challenges involve the cooling of both plate and

probe as well as introducing a tilting of the probe head with respect to the endoscope to

enable an overlapping �eld of view of PET and US. And �nally, the pancreatic probe needs

to be developed with all the technical challenges accompanying it. This is demanding due

to the even higher miniaturisation of detector, read-out electronics and cooling, as well as

electromagnetic tracking of the non-rigid endoscope. The realisation of the probe using

multi-digital SiPMs is very challenging and thus still not completed.

The pilot clinical evaluation of the EndoTOFPET-US system is foreseen in a follow-

up project, where especially the clinical bene�ts of the system as compared to existing

clinical routines need to be investigated thoroughly. Only after that has been achieved, the

system is ready for systematic investigations of novel biomarkers such as 68Ga-PSMA and
68Ga-Bombesin for prostate cancer, as well as a newly developed antibody for pancreas

applications. So, the work presented in this thesis is still only the beginning of the road

towards intra-operative PET imaging.





Nomenclature

APD . . . . . . . . . Avalanche photo diode

ASIC . . . . . . . . Application speci�c integrated circuit

CC . . . . . . . . . . . Cross correlation

CRC . . . . . . . . . Contrast recovery coe�cient

CT . . . . . . . . . . . Computer tomography

CTR . . . . . . . . . Coincidence time resolution

DAQ . . . . . . . . . Data acquisition

DCA . . . . . . . . . Distance of closest approach

DCR . . . . . . . . . Dark count rate

DOI . . . . . . . . . . Depth-of-interaction

FBP . . . . . . . . . Filtered back-projection

FEB/A . . . . . . Analogue front-end board

FEB/D . . . . . . Digital front-end board

FFT . . . . . . . . . Fast Fourier transform

FOV . . . . . . . . . Field of view

FPGA . . . . . . . Field programmable gate array

GAMOS . . . . . Geant4-based Architecture for Medicine-Oriented Simulations

GPU . . . . . . . . . Graphical processing unit

LOR . . . . . . . . . Line of response

ML-EM . . . . . . Maximum likelihood - expectation maximisation

MPPC . . . . . . . Multi-pixel photon counter

MRI . . . . . . . . . Magnetic resonance imaging

MVA . . . . . . . . . Multivariate analysis

PCB . . . . . . . . . Printed circuit board

PDE . . . . . . . . . Photon detection e�ciency

PET . . . . . . . . . Positron emission tomography

PMT . . . . . . . . . Photomultiplier tube

QDC . . . . . . . . . Charge-to-digital converter

SiPM . . . . . . . . Silicon photomultiplier

SNR . . . . . . . . . signal-to-noise ratio

SPECT . . . . . . Single photon emission computed tomography
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SVM . . . . . . . . . Support vector machine

TDC . . . . . . . . . Time-to-digital converter

TOF . . . . . . . . . Time of �ight

US . . . . . . . . . . . Ultrasound

VOI . . . . . . . . . . Volume of interest



Appendix A

Miscellaneous Material

A.1 SiPM Characterisation

Figure A.1: Picture of the CAEN educational kit [89].
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Figure A.2: Examples of LED pulse-height (PH) spectra for Hamamatsu MPPC S13360-
6050CS for low and medium LED intensity (left) and high LED intensity (right). The measure-
ments are performed with the CAEN Educational Kit [89] at a temperature of around 23◦C using
a gate length of 100 ns. The SiPM is operated at around 3 V above breakdown. The histograms
are normalised to their maximum for easier comparison.

Figure A.3: Position µ (left) and width σ (right) for the 3rd p.e. peak of KETEK MP1125NS-
SBO for an applied bias voltage of 33 V (5.8 V excess voltage) as a function of iteration of the
Gaussian �t.
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Figure A.4: Gain determined via a �t of a constant through the �rst n peaks including the
pedestal (green) and via a �t of a constant through the �rst n peaks excluding the pedestal (red).
The lower plot displays the ratio of both.
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Figure A.6: Ratios of initial values and �t values for α and β (top row) and total number of
events (bottom).
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(a) Temperature as a function of time. Each
voltage scan is performed within a constant
time plateau.
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Figure A.7: Temperature as a function of time (left) and gain and temperature as a function
of voltage (right). The temperature variation within one measurement is below 0.5%.
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Figure A.8: Schematics of 1 channel of the PCB board used for the mass characterization.

Figure A.9: Scheme of the MPPC QA database. The boxes represent tables with the listed
columns and the lines mark the references to other tables.
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Figure A.10: Di�erence between the breakdown voltage and the mean breakdown voltage of
the MPPC array for each channel.
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Figure A.11: Pedestal position and gain (top row), pedestal and incremental width (mid-
dle row) and DCR and correlated noise probability (bottom row) for module 03180. The CN
probability is not corrected for the increase in DCR.
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Figure A.12: DCR of QA measurements (circles) and of new measurements (triangles) for
module 03183 (left) and module 03180 (right).
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Figure A.13: Sketches of the solid angle covered by an area of size wxwy in the distance l′ from
the origin (left) and the e�ective crystal length x as a function of the angle φ, the length of the
crystal l and the distance to the origin l′ (right).

A.2 Semi-Analytical Sensitivity Estimation

In order to determine the sensitivity and study the e�ect of di�erent crystal lengths, no

reconstruction of the acquired data is needed. As an alternative to lengthy full-system

simulations, it is tested whether a simple semi-analytical approach can su�ciently ap-

proximate the sensitivity results from detailed simulations.

The sensitivity can be described as the multiplication of a geometrical and a detection

e�ciency term. The geometrical sensitivity is determined by the solid angle covered by

the detector(s) as well as by the �ll factors (FF ) of the detectors. As a simpli�cation,

the detection e�ciency is assumed to be solely determined by the attenuation probability

inside the scintillation crystal. The analytical approximation takes only photoelectric

events into account. Compton events inside the crystal are ignored. This leads to a

globally lower sensitivity since it suppresses multiple Compton events within one crystal,

whose total energy deposition could be equal to that of a photoelectric event.

A.2.1 Solid Angle & Fill Factor

Assuming a single point of emission in the centre of the coordinate system, one can

estimate the solid angle covered by the plate as the solid angle of a pyramid which is

given by

Ω = 4 arctan
wxwy

2l′
√

4l′2 + w2
x + w2

y

(A.1)

with wx and wy being the side lengths of the base of the pyramid and l′ the distance from

the centre of the base rectangle to the apex of the pyramid, cf. Fig. A.13a.

The full solid angle of any sphere is Ωfull = 4π = 12.57 sr. The dimensions of the outer

plate are wx = wy = 234.8 mm with a distance h = 200 mm from the origin (i.e. from

the pointsource). This results in a solid angle of Ω = 1.03663 sr, and thus in a spatial

coverage of

sgeo = Ω/4π = 8.25%.
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In general, probe and plate do not cover the same solid angle. In that case, the smaller

solid angle is used for the calculation. Indeed, a coincidence can only happen if the

detector that covers the smaller solid angle was hit. In order to achieve approximately

the same solid angle for plate and probe, for a given plate-source distance of x2 = 200 mm

, the front side of the probe should be placed at x1 = − r1
tan θ

= − r1
r2
x2 = −13.78

234.8
·200 mm =

−11.74 mm.

The total area of the outer plate is 234.8× 234.8 mm2. The area actually covered by

crystals is 3.5 × 3.5 mm2 multiplied by the number of crystals, i.e. 4096. This yields a

plate �ll factor of FFplate = 91.01%. The probe has an area of 13.78 × 12.78 mm2. The

area actually covered by crystals is 0.71×0.71 mm2 multiplied by the number of crystals,

i.e. 9× 18× 2 = 324. This gives a probe �ll factor of FFprobe = 92.74%.

A.2.2 Attenuation Length

The probability that a photon has not interacted after travelling a distance x in a scin-

tillator crystal with attenuation length λ is P (x) = exp(−x/λ). The fraction of photons

that interacted is thus given by

η(x) = 1− P (x) = 1− e−x/λ. (A.2)

The total attenuation, including coherent scattering of LSO (Lu2SiO5) at an energy of

511 keV is 0.1173 cm2/g. The photoelectric absorption is 3.791× 10−2 cm2/g, which is a

fraction of 32 % [156]. With a density of 7.4 g/cm3, one gets a photoelectric attenuation

length of λ = 35.65 mm. This yields an interaction fraction for photo events in a crystal

of 15 mm length of η(15mm) = 34.3%. In other words, only 34.3 % of the impinging

photons actually are absorbed by the crystal. For this calculation Compton-scattered

events are ignored.

E�ective Crystal Length

The statement above is only valid for photons that enter the crystal perpendicular to the

surface. Photons not perpendicular to the surface have a di�erent �e�ective" crystal length

(c.f. parallax e�ect). For simpli�cation, it is assumed that the photon can �y through the

whole detector volume as if it were a homogeneous crystal block. This approximation is

fairly realistic for the probe because it consists of 2 matrices of 9×18 crystals which are not

wrapped with a re�ector foil, so that the photons can easily traverse many crystals before

their �rst interaction. Moreover, in the coordinate system of choice, the two matrices are

located symmetrically around the origin so that the separating wall between both matrices

has a negligible in�uence. For the outer plate, each 4 × 4 matrix is separated from its

neighbours by a plastic wall. The single crystals are wrapped with a thin Te�on re�ector

foil. Since these materials have a rather low absorption coe�cient, the approximation of
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a homogeneous crystal block should still be valid. Additionally, due to the distance of the

plate to the source, most gamma photons hit the plate at an almost perpendicular angle

and thus �y through only one crystal, leading to a very low number of photons who see

an e�ective crystal length di�erent from the real crystal length.

Toy Monte Carlo Method

In order to determine the e�ective crystal length, i.e. the angle-dependent distance that

the photon can travel through the crystal, a toy Monte Carlo experiment is performed1.

To simulate an isotropically emitting point source, random numbers are picked from

a unit sphere surface. The straight lines going through the coordinate origin and the

corresponding point on the virtual sphere surface de�ne the photon trajectories.

The 6 di�erent planes of the detector cuboid are parametrised and the intercepts of the

straight line that the photon travels with the di�erent planes are calculated. The distance

between the two intercepts is the e�ective crystal length. This distance is exemplarily

displayed in Fig. A.14 as a three-dimensional distribution for the probe (left) and the plate

(right). The probe is located 12 mm from the source and the plate is placed 200 mm from

the source.

Fig. A.15 shows the corresponding histograms of the e�ective crystal length. For

this, 106 points are simulated on the unit sphere surface and the �ight length of the

corresponding trajectories through the crystal block are calculated. For both probe and

plate, there is a long tail from 0 mm to the crystal length of 15 mm which is �at in case

of the plate and exponentially decreasing for the probe. At around the crystal length,

the distribution rises instantly and then falling o� slowly, followed by a steep exponential

drop. Fig. A.16 depicts the corresponding plots for the interaction probability η.

The mean e�ective path length and the mean e�ective interaction probability of the

photons are obtained as the mean of these distributions. For the plate, the mean �ight

length is 15.46 mm with a σ of 2.97 mm which leads to a mean η of 0.35 (σ = 0.06). So,

the e�ective crystal length is very close to the crystal length in case of the plate. For the

probe, on the other hand, the mean �ight length is 7.91 mm with a σ of 5.56 mm, leading

to a mean η of 0.19 with σ = 0.12. Due to the proximity of the probe to the source, the

e�ective crystal length is signi�cantly lower than the real crystal length of 15 mm.

Using the mean interaction probability η(x̄) for both plate and probe, one can calculate

the sensitivity of the detector system as

s =
Ω

4π
× FFplate × FFprobe × η(x̄plate)× η(x̄probe). (A.3)

1Thanks to Paul V. Gwozdz, Institut für angewandte Physik, Uni Hamburg, for his signi�cant contri-
butions to this.
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Figure A.14: Three-dimensional distribution of the pair of hits of the photon on the detector
planes from a toy Monte Carlo simulation. Units are given in mm.
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Figure A.15: Histogram of the e�ective crystal length x from a toy Monte Carlo simulation for
106 simulated points over 4π.

A.2.3 Comparison to Simulation

Fig. 7.2 shows the sensitivity of di�erent detector designs as a function of the crystal

length. The red dashed curve ('Toy MC') displays the results from the semi-analytical

sensitivity estimation. While the estimated numbers for the sensitivity are of the same

order of magnitude as the simulation results, the shape of the sensitivity as a function

of the crystal length is di�erent. The simulated results show a square-root behaviour,

whereas the semi-analytical approach roughly exhibits a linear increase. The reasons

might be that the semi-analytical approach is based on several simpli�cations. E�ects

like inter-crystal scattering are not taken into account. In order to get a rough estimate

of the sensitivity of a system, this approach might show some bene�ts, avoiding detailed

simulations. For the precise determination of the sensitivity, however, full simulations are

inevitable.
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Figure A.16: Histogram of the e�ective interaction probability η from a toy Monte Carlo
simulation for 106 simulated points over 4π.

A.3 Simulation

Figure A.17: GATE visualisation of the EndoTOFPET-US detector system with planar (left)
and curved (right) outer plate.



184 Miscellaneous Material

Figure A.18: Visualisation of the detector positions for the full rotation scenario without (left)
and with (right) tilted plate. Visualisation of the detector positions for the limited rotation
scenario (bottom).

Figure A.19: Sketch of the grid of point-sources. Taken from [149].
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Figure A.20: Reconstructed images of the grid of sources in xy (left), xz (centre) and yz
(right) for the three di�erent grid positions at z = −6 mm (top row), z = 0 mm (centre row)
and z = +6 mm (bottom row). The images are reconstructed with a voxel size of 1 mm3 using
the histogram mode. Taken from [149].
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Figure A.21: Reconstructed images of the grid of sources in xy for the three di�erent grid
positions at z = −6 mm (top row), z = 0 mm (centre row) and z = −6 mm (bottom row). The
�rst two columns are reconstructed with a voxel size of 0.8 mm without (left) and with (right)
multi-ray tracing. Columns three and four are reconstructed with 0.5 mm voxel size without
(left) and with (right) multi-ray tracing. Taken from [149].

Figure A.22: Reconstructed images of three example chessboard phantoms with 0.5 mm (left),
1.3 mm (centre) and 3 mm (right) voxel size and corresponding CRC errors of 84%, 11% and
1.5%, respectively.
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Figure A.23: Examples for the reconstructed hot rod phantom for an acquisition time and
resulting cross-correlation (CC) error of 20 s and 60% (left), 2 min and 48% (centre) and 30 min
and 39% (right), acquired for an angle of 10◦.
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Figure A.24: PET/CT image of patient P1 with a sketched positioning of plate and probe for
rigid (left) and a tiled (right) probe head.

Figure A.25: Reconstructed image of a simulated PSMA PET/CT dataset, along with the
de�ned signal region (red) and signal-plus-background region (yellow and red).
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Figure A.26: Resulting energy spectra of the probe for the decision tree classi�cation of dataset
1. The upper histogram shows the training data (known classi�cation), whereas the lower his-
togram shows the predicted data. The energy is normalised to mean 0 and variance 1, as required
by the classi�cation algorithm. The points at the bottom are the ratio of trained and predicted
data.
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Figure A.27: True distribution of near and far coincidence candidates of dataset 2 (top his-
togram) and decision tree classi�cation result based on the training on dataset 1 (bottom his-
togram). The energy is normalised to mean 0 and variance 1, as required by the classi�cation
algorithm. The ratio plot displays the ratio of true near and far events, divided by the same
ratio of the predicted data.
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Figure A.28: Training data of the SVM for dataset 1 for the energy distribution of the probe
(top histogram) and the application to the testing data (bottom histogram). The energy is
normalised to mean 0 and variance 1, as required by the classi�cation algorithm. The ratio plot
displays the ratio of near and far events in the training sample, divided by the same ratio of the
predicted data.
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Figure A.29: True distribution of near and far coincidence candidates of dataset 2 (top his-
togram) and SVM classi�cation result based on the training on dataset 1 (bottom histogram).
The energy is normalised to mean 0 and variance 1, as required by the classi�cation algorithm.
The ratio plot displays the ratio of true near and far events, divided by the same ratio of the
predicted data.
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A.4 Commissioning

Figure A.30: Number of coincidences per channel in the external plate for two di�erent acqui-
sitions.

Figure A.31: CT (left) and PET/CT (right) image of the pelvis of a pig after the implantation
of a human prostate carcinoma in the right prostatic lobe. The radio tracer is 18F-Choline. One
can recognise the labelling of the prostatic tumor in right prostatic lobe, while the left lobe is
labelled very weakly. Courtesy of René Laugier, CHUV.
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