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Abstract

The development of novel PET imaging systems plays a key role in advancing in-beam
range verification techniques for particle therapy. Within the ERC-funded SIRMIO
project at LMU (www.lmu.de/sirmio), a compact, high-resolution PET scanner has
been developed to accurately monitor dose delivery in preclinical proton irradiation
studies. This thesis contributes to optimizing this technology by modeling and charac-
terizing the depth-of-interaction (DOI) detector response of a single detection module,
utilizing both experimental data and Geant4-based Monte Carlo simulations.

Experimental measurements were performed using a micro Derenzo phantom (Medi-
Lumine, Canada) filled with F-FDG, supplemented by acquisitions with a 22Na source.
A dedicated analysis pipeline, combining ROOT frameworks and custom Python scripts,
was developed to extract precise spatial and spectral response parameters for each detec-
tor pixel. Parameters analyzed include pixel positions, spatial spread, and per-channel
energy distributions.

The generated pixel-wise database provides detailed insights into the detector’s re-
sponse, significantly advancing the understanding of spectral and spatial features at the
pixel level. Although this pixel-wise model has not yet been implemented for event-level
filtering, it represents a critical step toward advanced classification methods aimed at
selectively retaining true 511 keV single-interaction events. Ultimately, this founda-
tional modeling work is expected to improve the overall spatial resolution, localization

accuracy, and imaging performance of the SIRMIO PET scanner.
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Chapter 1
Introduction

Cancer is a group of diseases characterized by uncontrolled cell growth, with the po-
tential to invade surrounding tissues or metastasize to distant organs. It remains a
leading cause of mortality worldwide, placing immense pressure on global health sys-
tems. In 2022, the European Union reported 2.74 million new cancer cases, leading to
approximately 1.3 million cancer-related deaths [1]

The incidence and mortality rates of cancer in Europe are projected to rise signi -
cantly by 2040, primarily due to an aging population. Estimates suggest a 19% increase
in cancer diagnoses and a 27% rise in mortality compared to 2022, highlighting the dis-
proportionate impact of demographic changes and emphasizing the need for e ective
intervention strategies [1].

The treatment of cancer involves several strategies, including chemotherapy, surgery,
radiotherapy, and immunotherapy. Radiotherapy, especially ion beam therapy, has
become notable for its accuracy in targeting tumors while reducing harm to nearby
healthy tissues. Progress in this area continues to in uence current oncology practices,
tackling the di culties presented by the rising incidence of cancer.

This chapter provides an overview of radiation therapy, including a comparative
analysis of photon and ion beam therapy, emphasizing their respective advantages and
challenges. Building on these considerations, it explores range veri cation techniques,
which form the basis for the motivation and objectives of this thesis. Additionally, the
chapter introduces the SIRMIO project, to which this thesis contributes, outlining its
role within this research framework. The chapter concludes by presenting the thesis
structure and objectives.

1.1 Radiotherapy and lon Beam Therapy

The fundamental idea of Radiotherapy and lon beam therapy lies in the controlled
deposition of energy within tumor cells to eliminate them or halt their replication.

1



Chapter 1. Introduction

Ideally, energy should be deposited only in the tumor region, minimizing exposure to
healthy tissue (Figure 1.1). For deep-seated tumors, this can be achieved using di erent
types of radiation, the most common are electromagnetic radiatiorX(-rays or -rays)
and charged particles (such as protons or carbon ions). Each type of radiation interacts
with matter through di erent physical interactions, explained in detail in Chapter 2,
leasing to a di erent energy deposited shape as shown in Figure (1.1)

Radiation-induced damage to cancer cells occurs via two primary mechanisms: di-
rect DNA ionization and indirect damage through reactive oxygen species. The cellular
response to radiation depends on biological factors (e.g., repair mechanisms) and ra-
diation parameters (e.g., type, energy, dose rate). While some cells successfully repair
damage and continue functioning, others undergo apoptosis or mitotic catastrophe if
the damage is irreparable.

Figure 1.1: Simpli ed depth dose distributions of photons and heavier charged particles
compared with the ideal dose distribution [2]

1.1.1 Radiotherapy

Radiotherapy originated in the late 19' century following Wilhelm Rentgen's discovery
of X -rays in 1895 and Henri Becquerel and Marie Curie's research on radioactivity.
The rst reported cancer treatment using X -rays occurred in 1899 [3]. Subsequent
advancements, such as the introduction of linear accelerators (LINACSs) in the 1950s,
enabled deeper tissue penetration while reducing collateral exposure [4].

Despite technological advancements, photon therapy's dose deposition pro le re-
mains a fundamental limitation. As shown in Figure 1.1, photon beams deposit energy
both before and beyond the tumor, increasing the risk of damage to healthy tissues and
secondary malignancies. To address these limitations, modern radiotherapy techniques
optimize dose distribution and tumor targeting through advanced imaging and beam

2



Chapter 1. Introduction

modulation methods:

Intensity-Modulated Radiation Therapy (IMRT): Modulates photon beam inten-
sity across multiple angles to conform to tumor geometry [5].

Volumetric Modulated Arc Therapy (VMAT): Delivers radiation in a continuous
arc, reducing treatment time while maintaining precision [6].

Stereotactic Body Radiotherapy (SBRT): High-dose, image-guided therapy en-
abling precise targeting of small tumors [7].

While these methods enhance precision and optimize dose distribution, the inherent
limitations of photon therapy have led the scienti c community to explore alternative
modalities, such as ion beam therapy, which o ers distinct physical and biological ad-
vantages for treating deep-seated and radioresistant tumors.

1.1.2 lon Beam Therapy

lon beam therapy utilizes charged particles such as protons and carbon ions, which
interact with matter di erently from photons, allowing for superior dose localization.
As illustrated in Figure 1.1, ion beams deposit most of their energy at a well-de ned
depth, known as the Bragg peak, with a rapid dose fallo beyond this point. This
characteristic signi cantly reduces damage to surrounding healthy tissues [8].

This feature has profound clinical implications, enabling greater tumor control while
reducing normal tissue toxicity. lon therapy is particularly e ective for treating radiore-
sistant tumors [9]. Additionally, heavier ions such as carbon interact with biological
tissue in a way that leads to enhanced biological e ectiveness, resulting in more lethal
DNA damage to tumor cells compared to conventional photon therapy.

Due to the well-de ned depth-dose distribution of ion beams and their complete ab-
sorption within the target medium (unlike photons), precise localization of the Bragg
peak is crucial. Even slight deviations on the millimeter scale can result in signi cant
dose misplacement, potentially reducing tumor coverage or increasing exposure to sur-
rounding healthy tissues. Consequently, range uncertainties remain a major challenge
in ion beam therapy, arising from various factors:

" Houns eld Unit (HU) to Relative Stopping Power (RSP) Conversion: Treatment
planning in ion therapy relies onX -ray CT imaging, which provides tissue infor-
mation in terms of Houns eld Units (HU). However, converting HU to Relative
Stopping Power (RSP) is nontrivial, as it depends on tissue composition, density,
and imaging artifacts. Errors in this conversion introduce range uncertainties of

3



Chapter 1. Introduction

3{5%, which can translate typically to millimeter-scale deviations in dose deposi-
tion, particularly in heterogeneous tissues such as lung or bone [10].

Patient Positioning and Anatomical Variations: The precise localization of the
Bragg peak is further complicated by patient-speci ¢ anatomical changes. Vari-
ations in organ lling, respiration, cardiac motion, and even weight loss over the
course of treatment can lead to shifts in the beam range [11].

Statistical E ects and Nuclear Interactions: While ions primarily lose energy
through electromagnetic interactions, nuclear reactions and multiple Coulomb
scattering introduce additional complexities. Multiple Coulomb scattering broad-
ens the beam, reducing spatial precision, while nuclear interactions generate sec-
ondary particles, which can deposit dose beyond the intended treatment region.
These e ects are particularly pronounced in heavier ions such as carbon, where
nuclear fragmentation can lead to increased dose uncertainties and unwanted bi-
ological e ects in surrounding tissues [12].

To enhance treatment precision, in vivo range veri cation techniques such as PET
imaging, prompt gamma detection, and MRI images are actively being developed.
These methods leverage treatment plan simulations, quasi-real time imaging, and post
treatment validation to ensure accurate dose delivery [13].

1.2 Range Veri cation using PET

Among the variousin vivo techniques developed for range veri cation in particle ther-
apy, Positron Emission Tomography (PET) has gained signi cant attention due to
its capacity to indirectly assess the beam range by imaging the distribution of positron-
emitting radionuclides generated during irradiation. Unlike other methods, PET does
not require additional radiation exposure and allows for post-treatment imaging, mak-
ing it clinically attractive.

When therapeutic ion beams such as protons or carbon ions interact with atomic
nuclei in tissue, they induce nuclear fragmentation reactions that produce unstable iso-
topes. Among thesel®O, 'C, and 3N are the primary contributors to the PET signal.
These nuclides undergo* decay, emitting positrons that subsequently annihilate with
electrons, producing two 511 keV photons emitted approximately 180 degrees apart.
The detection of these coincident photons by PET scanners allows for three-dimensional
reconstruction of the annihilation sites, indirectly re ecting the spatial distribution of
the activated nuclei [11].

A fundamental challenge in PET-based range veri cation is that the spatial distri-
bution of the activity does not directly coincide with the physical dose distribution.

4
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IH irradiation 12C irradiation 160 irradiation

Figure 1.2: Measured positron emission activity (solid line) and physical dose distribu-
tion (dashed line) in PMMA for di erent projectiles. The spatial mismatch between
activity and dose depends on ion species and their fragmentation behavior [14].

This is due to both the physical processes of radionuclide production and physiological
processes such as biological washout, in which metabolic activity and blood perfusion
cause the redistribution of positron-emitting isotopes away from their production sites.
These e ects in uence the accuracy of the measured PET signal in relation to the actual
dose administered to the target.

The correlation between PET signal and physical dose depends signi cantly on the
projectile type. For instance, protons only produce positron emitters through target
fragmentation, resulting in an activity distribution that is poorly correlated spatially
with the Bragg peak. In contrast, heavier ions such a¥C or %0 produce positron
emitters from both target and projectile fragmentation, leading to better correlated
activity pro les with respect to the Bragg peak position, as illustrated in Figure 1.2.
This discrepancy complicates the direct translation of PET signals into dose maps,
necessitating the integration of predictive models such as Monte Carlo simulations. By
leveraging these models and simulations, PET-based veri cation provides a non-invasive
means to assess ion beam range and verify dose delivery accuracy [13].

Figure 1.3: From left to right: Planned Dose, Monte Carlo predicted dose, Monte Carlo
predicted PET activity distribution, measured PET activity distribution [15].

Figure 1.3 illustrates a typical PET-based range veri cation work ow. By comparing

5



Chapter 1. Introduction

the measured PET activity distribution with Monte Carlo predictions based on the
treatment plan, deviations in beam range or unexpected anatomical changes can be
detected.

PET Imaging Modalities for lon Beam Therapy

PET-based range veri cation can be performed using di erent imaging strategies:

" In-beam PET : Imaging is carried out during irradiation, enabling quasi-real-
time monitoring of beam range and minimizing the impact of biological washout.
Despite its advantages, this modality presents signi cant technical challenges
due to interference from prompt gamma radiation and the need for specialized,
radiation-hardened detector systems [13].

In-room PET : Imaging is performed immediately after irradiation, allowing
acquisition of activity distributions before prolonged physiological redistribution
occurs. This approach requires the installation of dedicated PET scanners in the
treatment room [11].

" Oine PET :Imaging is typically initiated within minutes after irradiation, us-
ing standard PET/CT scanners located outside the treatment room. While this
approach is widely accessible, it is more susceptible to biological washout and pa-
tient repositioning, potentially compromising the accuracy of the reconstructed
activity distributions [13].

Despite the clinical feasibility and non-invasive nature of PET-based range veri ca-
tion, its accuracy remains limited by physiological and physical factors such as biological
washout, tissue heterogeneity, and the complexity of nuclear fragmentation pathways.
Continued development of predictive models, improved detector technology, and opti-
mized acquisition protocols are essential to enhance the reliability and clinical adoption
of this method in particle therapy.

1.3 SIRMIO Project

Building upon the discussion of ion beam therapy and its associated challenges, it
becomes evident that improving range veri cation techniques is essential to maximiz-
ing its clinical e cacy. Addressing these limitations in preclinical studies is a critical
step towards re ning treatment strategies and enhancing therapeutic precision. The
SIRMIO project (Small Animal Proton Irradiator for Research in Molecular Image-
guided Radiation-Oncology) at LMU was established with this goal in mind. As stated

6



Chapter 1. Introduction

Figure 1.4: Outline of the work-packages (WPs) of the SIRMIO project: (1) beam-
line degrading and focusing the incoming clinical proton beam, (2) pre-treatment ion
transmission imaging (WP2-a), (3) ionoacoustics/US (WP2-b), and (4) PET systems
for in-vivo treatment veri cation (WP2-c), (5) system integration for treatment adap-
tation relying on pre-treatment proton CT images [16].

in [16], "SIRMIO aims at realizing and demonstrating an innovative portable prototype

system for precision image-guided small animal proton irradiation, suitable for installa-
tion at existing clinical treatment facilities.” The project integrates precise dose delivery
with advanced anatomical image guidance and in vivo treatment veri cation, leveraging
proton computed tomography (pCT) and ultrasound imaging for anatomical mapping,

and ionoacoustics and positron emission tomography (PET) for range veri cation.

The project is structured into ve interconnected work-packages, illustrated in Fig-
ure 1.4, each addressing key aspects of the system development. The main focus of this
thesis is the PET scanner component, emphasizing its current state of the art and the
challenges it seeks to overcome within the SIRMIO framework.

The project consists of ve interdependent work-packages, detailed below:

" Beamline: This work package focuses on adapting and ne-tuning a clinical
proton beamline for small animal irradiation. It ensures precise control of beam
energy degradation, focusing, and monitoring to meet the spatial accuracy re-
quirements for preclinical studies.

" Mouse Holder: A specialized positioning system that guarantees reproducible
placement and immobilization of the subject during irradiation.

" Pre-Treatment Imaging: This includes proton radiography and computed to-
mography (pCT) imaging to acquire anatomical and tissue composition informa-

7
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tion before irradiation. These modalities improve range accuracy by providing
essential input for treatment planning.

Treatment Planning:  Based on pre-treatment imaging, this package is respon-
sible for optimizing dose delivery, ensuring accurate treatment plans that account
for tissue heterogeneities and anatomical variations.

In-Vivo Range Veri cation: This package integrates PET and ionoacoustic
imaging to monitor beam range in quasi-real time. By detecting positron-emitting
isotopes generated within irradiated tissues, PET provides a non-invasive means
of assessing ion beam range.

Among these, the PET scanner is the primary focus of this thesis and will be

explored in detail in Chapters 3 and 4, covering its design, data acquisition methods,

and performance evaluation.

1.4 Objective and Structure of the Thesis

This thesis focuses on the modeling and characterization of the detector response of an
in-beam PET scanner developed within the SIRMIO project. The main objective is to
analyze the detector behavior at the pixel level, using both experimental and simulation
data, to support improvements in image quality and reconstruction accuracy.

The structure of the thesis is as follows:

A

Chapter 2: Theoretical Background
Provides an overview of fundamental physical principles relevant to photon de-
tection and PET imaging.

Chapter 3: SIRMIO PET Scanner Overview
Introduces the PET scanner and its role in the SIRMIO project.

Chapter 4: Materials and Methods
Describes the experimental setup and basic simulation tools used.

Chapter 5: Data Processing
Outlines the main data analysis and pixel modeling strategies.

Chapter 6: Data Analysis, Results and Discussion
Presents the results of the detector characterization and evaluates the model's
performance.

Chapter 7: Conclusions
Summarizes the ndings and discusses future perspectives.




Chapter 2
Theoretical Background

This chapter explores the fundamental physical principles that govern photon interac-
tions with matter, with a particular emphasis on -ray detection mechanisms. Given
the focus of this research on modeling the PET detector response, the discussion will
not cover the interaction of charged particles with matter. While such interactions are
relevant to PET-based range veri cation, they fall beyond the direct scope of this study.
Readers seeking a more comprehensive treatment of such topics could refer to [17].

2.1 Photon Interaction with Matter

The interaction of photons with matter is a fundamental process in medical imaging
and radiation physics. In particular, X -rays and -rays play a crucial role in nuclear
reactions and diagnostic imaging techniques. In the context of this research, the focus
lies on -ray production and its interaction with matter, as these phenomena are central
to PET-based imaging. -radiation is de ned as high-energy electromagnetic radiation
emitted from nuclear processes, in contrast tX -rays, which originate from atomic
transitions. These emissions predominantly arise from nuclear de-excitation events or
positron-electron annihilation, with energies typically ranging from 100 keV to several
tens of MeV [15].

Photon Attenuation Description

The propagation of photons through matter is governed by probabilistic interactions.
Unlike charged particles, which lose energy continuously along their path via multiple
small interactions, photons undergo discrete stochastic events that result in abrupt
changes in their energy and direction. These interactions lead to attenuation of the
photon beam as it traverses a medium, following an exponential decay law:
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N(x) = Nge (E @) (2.1)

where N (x) is the number of photons remaining after traveling a distanc®, Ng is
the initial number of photons, and (E ;Z) is the linear attenuation coe cient, which
depends on the photon energig and the atomic numberZ of the material.

The linear attenuation coe cient quanti es the probability of interaction per unit
path length and is in uenced by:

" The microscopic cross-section, which characterizes the probability of photon
interaction per target nucleus.

" The nuclear density, expressed as = NTA, where is the mass density of the
material, N5 is Avogadro's number, andA is the atomic mass number.

These lead to the relationship:

Na
T’

where s the total microscopic cross-section for photon interactions. In the energy
range relevant to medical imaging and therapy (typically 10 keV to several MeV), the
dominant photon interaction processes are:

(2.2)

= photoelectric + Compton + pair: (2-3)

Here:

N

photoelectriic COrresponds to the photoelectric e ect, dominant at low photon ener-
gies and in highZ materials.

A

compton describes incoherent scattering with atomic electrons, which predomi-
nates at intermediate energies.

pair @ccounts for pair production, relevant at energies above 1.022 MeV in the
eld of a nucleus.

For completeness, other interaction mechanisms such &ayleigh (coherent)
scattering andphotonuclear reactions also contribute to photon attenuation. Rayleigh
scattering involves elastic interactions with bound electrons and is signi cant mainly
at low photon energies and small-angle scattering, but its contribution to energy depo-
sition is negligible. Photonuclear interactions, in which the photon is absorbed by the
nucleus causing nuclear excitation or particle emission, occur at higher energies (typi-
cally above 10 MeV) and are thus not relevant within the standard PET and diagnostic
imaging energy range.

10



Chapter 2. Theoretical Background

To account for variations in material density and facilitate comparisons across dif-
ferent substances, the attenuation coe cient is often normalized to yield themass
attenuation coe cient

mass = (2.4)

which expresses attenuation per unit mass and allows a more universal description
of photon interaction behavior in matter.

2.1.1 Photon Interaction Mechanisms

Photons interact with matter through di erent mechanisms depending primarily on
their energy and the atomic number (2) of the absorbing material. The three principal
interaction mechanisms within the energy range relevant to radiation physics and med-
ical applications are the photoelectric e ect, Compton scattering, and pair production.

Photoelectric E ect

The photoelectric e ect is a fundamental photon interaction mechanism that dominates
at low photon energies, particularly in materials with a high atomic numberZ). In
this process, an incident photon is completely absorbed by an atom, transferring all
its energy to an electron, which is subsequently ejected from the atom, leading to
ionization, as illustrated in Figure 2.1).

The photoelectric e ect occurs when the energy of the incident photon exceeds the
binding energy of the electron in one of the atomic shells. This interaction occurs
predominantly for inner shell electrons (e.g., K and L shells), as their higher binding
energies increase the likelihood of photon absorption. The probability of absorption is
further enhanced for highZ materials due to their higher electron density and stronger
electromagnetic interaction [17] with incident photons, as shown in Figure 2.7. A char-
acteristic of this process is the sharp increase in absorption probability when the photon
energy exceeds the binding energy of an atomic shell, for K-shell interaction known as
the K-edge e ect, as illustrated in Figure 2.8.

Following the ejection of a core electron, the atom remains in an excited ionized state
and undergoes electronic rearrangement to restore equilibrium. This process results in
the emission of secondary radiation in one of two forms:

" Characteristic X-ray Emission: The vacancy left in the inner shell is lled by
an electron from a higher energy shell. The excess energy from this transition
is emitted as a characteristic X-ray, with energy corresponding to the di erence
between the two electron shells.

11
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Figure 2.1: lllustration of the photoelectric e ect, where the incident photon is fully
absorbed and an electron is ejected [15].

" Auger Electron Emission : Instead of emitting an X-ray, the transition energy
can be transferred to another bound electron, which is subsequently ejected from
the atom as an Auger electron. This process can initiate a cascade of further
Auger emissions, leaving the atom in a multiply ionized state.

The kinetic energy of the emitted photoelectron is given by:

Ee=E Ep (2.5)

where Ey is the binding energy of the electron. The probability of photoelectric
absorption follows an approximate empirical relationship:

(2)"
e
wheren 4 5andm  3:5. This dependency highlights the strong preference
for photoelectric absorption in highZ materials, making it a crucial process in photon
detection. A key advantage of the photoelectric e ect is the precise localization of
energy deposition, as the emitted photoelectron remains near the photon interaction
point. This contrasts with other process like Compton scattering, where the scattered
photon may travel further before depositing energy. This characteristic enhances spatial
resolution in photon detectors, making the photoelectric e ect particularly valuable for
imaging applications.

(2.6)

Compton Scattering

Compton scattering is a fundamental photon interaction mechanism in the MeV en-
ergy range, making it especially relevant in medical photon detector. As illustrated in

12
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Figure 2.2, this process occurs when an incident photon undergoes an inelastic collision
with an atomic electron, transferring part of its energy to the electron, which is ejected
from the atom. The photon is scattered at an angle | with reduced energy, while the
remaining energy is carried by the scattered electron.

Figure 2.2: Schematic representation of Compton scattering [15].

The extent of energy transfer depends on the scattering angle, in uencing the pho-
ton's trajectory and the kinetic energy of the ejected electron. The energy of the
scattered photonE? is given by the Compton formula:

E

E®=
1+ =51 cos)

2.7)

where E is the initial photon energy, m. is the mass of the electron and is the
scattering angle. From Eq. (2.7), the kinetic energy of the recoiling electron, derived
from energy conservation, is:

E
—— (1 cos)
E.=E E°=fF — ™ 2.8)
1+ =5 (1 cos)

MeC?

In this formulation, the electron binding energy is neglected, as it is small compared
to the photon and electron kinetic energies.

The electron kinetic energy varies from O (when = 0) to a maximum at =
(backscatter). However, the maximum kinetic energy never equals the incident photon
energy, meaning complete photon absorption does not occur [18]. This characteristic
results in the distinctive shape of the electron energy spectrum, terminating at what is
known as theCompton edgecorresponding to the maximum energy transferable to the
electron, as reported in Figure 2.3.

The Klein-Nishina formula describes how the probability of photon scattering varies
with angle and photon energy. As shown in Figure 2.4, forward scattering becomes

13
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Figure 2.3: Energy distribution of recoil electrons showing the characteristic Compton
Edge [14].

increasingly probable with higher photon energies [17].

The di erential cross-section for Compton scattering is given by:

d _r2 1 (1 cos)®
d. 2 (1+ (1 cos))? 1+ cos’ Iy (1 cos) ' (2:9)

wherer. is the classical electron radius and = E =m.c?. Integrating this formula
overd vyields the total probability per electron for a Compton scattering event.

The Compton cross-section varies strongly with photon energy, particularly in the
100 keV to several MeV range. While conventional PET primarily involves 511 keV
photons from positron annihilation, in-beam PET systems must also account for high-
energy background from prompt gamma radiation, which can reach several MeV and
signi cantly in uence Compton scattering contributions.

The total Compton cross-section © consists of two components: the Compton scat-
tered ° and the Compton absorption 2 cross-sections. The Compton scattered cross-
section represents the fraction of total energy contained in the scattered photon, whereas
the absorption cross-section corresponds to the average energy transferred to the recoll
electron, which is absorbed by the material as the electron is stopped within it [14].

The absorbed cross-section can be determined from the Klein-Nishina formula as:

14
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Figure 2.4: Polar plot of the number of photons (incident from the left) Compton
scattered into a unit solid angle at the scattering angle. The curves correspond to
di erent initial photon energies [17].

Z Z
d d E E°
&= —d. .= ———d 2.1
. d . S d (2.10)
The shape of the cross-section as a function of the energy of the incident photon
is illustrated in Figure 2.5. Compton scattering dominates at photon energies of the

order of E MeV.

Figure 2.5: Total Compton e ect cross-section given by the sum of the Compton scat-
tered ° and Compton absorbed 2 cross-sections [18] [14].

Following its initial interaction, the scattered photon often undergoes subsequent
Compton scattering interactions with nearby atoms, continuing this process until it ei-
ther loses all its energy or undergoes photoelectric absorption. This sequential scatter-
ing signi cantly a ects photon transport in matter, in uencing the design of radiation
detectors and shielding materials.
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Unlike the photoelectric e ect, where energy deposition is localized, Compton scat-
tering results in a distributed energy transfer, as the scattered photon may travel further
before depositing additional energy. This characteristic in uences spatial resolution in
photon detectors, often necessitating corrections in imaging applications.

Pair Production

Pair production is the third principal interaction mechanism between gamma rays and
matter. As illustrated in Figure 2.6, this process occurs in the intense Coulomb eld of
an atomic nucleus and becomes energetically possible when the incident photon energy
exceeds the threshold of twice the electron rest mass energy:

E > 2mec® = 1:022 MeV (2.11)

Above this threshold, a pair production process could happen in which the photon
is completely absorbed and converted into an electron-positron pair, satisfying both en-
ergy and momentum conservation. However, the probability of this process occurring
is relatively low until the incident -ray energy reaches several MeV, as shown in Fig-
ure 2.7. The excess energy beyond 1.022 MeV is distributed as kinetic energy between
the produced particles [17]:

Ee + Ec- = E  2m (2.12)

Since a free photon cannot simultaneously satisfy both energy and momentum con-
servation, the presence of a nucleus is required to absorb the recoil momentum. This
process is more probable in higd- materials due to their stronger electromagnetic
elds, which facilitate momentum conservation [17].

In addition to pair production in the eld of a nucleus, the process can also oc-
cur|though with much lower probability|in the Coulomb eld of an atomic electron.

This variant, known as triplet production, results in the photon being converted into
an electron-positron pair, while the recoil is absorbed by the interacting electron it-
self. Because three particles are present in the nal state, the threshold energy for this
process is higher:

E > 4m.c = 2:044 MeV (2.13)

Triplet production is less probable due to the smaller mass and lower binding of the
electron compared to the nucleus, but becomes non-negligible at high photon energies.
The positron produced in the pair production process is not a stable particle. After
losing its kinetic energy in the absorbing medium, it undergoes annihilation with a
nearby electron. This results in the emission of two back-to-back annihilation photons,

each carrying an energy of 0.511 MeV:
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Figure 2.6: Pair production mechanism: a high-energy photon creates an electron-
positron pair in the presence of a nucleus [15].

eg"+e ! 2 (0:511 MeV each) (2.14)

Due to the short thermalization time of the positron, the annihilation radiation is
emitted nearly simultaneously with the original pair production interaction, making
this a rapid two-step process.

The probability of pair production increases with both photon energy and the atomic
number Z of the absorbing material. At photon energies just above 1.022 MeV, the
process is relatively rare compared to Compton scattering and the photoelectric e ect.
However, as photon energy increases, pair production becomes increasingly dominant,
surpassing the other interaction mechanisms at approximately 6 MeV [15]. The ap-
proximate dependence of the pair production cross-section is given by:

oair I Z%IN(E ): (2.15)

This energy dependency indicates that pair production is particularly signi cant in
high-energy radiation interactions, in uencing detector design, shielding materials, and
applications such as high-energy radiotherapy.

2.1.2 Total cross-section and Interaction Dominance

The relative importance of photoelectric absorption, Compton scattering, and pair pro-
duction varies signi cantly depending on the energy of the incident photon and the
atomic number (Z) of the absorbing material. As illustrated in Figure 2.7, di erent
interaction mechanisms dominate across distinct energy ranges, de ning three principal
regions of photon interaction.
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At low photon energies, photoelectric absorption dominates, especially in high-
materials, as its probability scales strongly with atomic humber. As energy increases,
its likelihood decreases, giving way to Compton scattering, which prevails in the MeV
range, where photons undergo inelastic collisions with atomic electrons, transferring
partial energy. At high photon energies & > 1:022\ieV), pair production becomes
signi cant, occurring in the Coulomb eld of the nucleus and increasing rapidly with
photon energy, particularly in highZ materials due to stronger nuclear elds. These
transitions between interaction mechanisms are clearly indicated in Figure 2.7.

Figure 2.7: Relative importance among photoelectric absorption, Compton scattering,
and pair production as a function of the absorber atomic number and photon energy
[17].

Since photon interactions with matter are probabilistic, the total cross-section for
photon attenuation in a given material is the sum of contributions from all three pro-
cesses. The total mass attenuation coe cient,= , is given by:

_ NaX

N

(2.16)

where N, is the Avogadro number,A is the atomic mass, and ; represents the
individual cross-sections of each interaction process.

The variation of the total mass attenuation coe cient as a function of photon energy
is shown in Figure 2.8. The plot highlights the characteristic K-edges where photoelec-
tric absorption increases sharply, as well as the energy-dependent transitions between
dominant interaction mechanisms.

In summary, photon interactions are governed by a combination of energy-dependent
mechanisms, understanding these processes is crucial for applications in radiation de-
tection, medical imaging, and medical treatment.
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Figure 2.8: Total mass attenuation coe cient in lead as a function of the energy of the
incoming photon [19].

2.2  -ray Detection Systems

-ray detection is fundamental in medical imaging and nuclear physics, particularly
in applications such as Positron Emission Tomography (PET). Since gamma rays are
uncharged and interact indirectly with matter, their detection relies on the generation of
secondary ionizing particles, primarily electrons. This necessitates the use of specialized
detectors capable of converting -ray energy into measurable signals.

An e ective -ray detection system must ful Il two primary functions:

1. Ensuring su cient interaction probability between incoming photons and the de-
tector medium to generate detectable secondary signals (electrons)

2. e ciently capturing and processing these electrons for subsequent collection and
signal analysis

The performance of a -ray detector is evaluated based on several key parameters,
including resolution, accuracy, sensitivity, and e ciency.
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2.2.1 Key Characteristics of -ray Detectors
Resolution

Resolution refers to a detector's ability to di erentiate between similar measurement
values. In -ray detection, resolution is categorized into three main types:

" Energy Resolution: Determines the detector's capability to distinguish gamma
rays of dierent energies. It is often quanti ed using the Full Width at Half
Maximum (FWHM) of a detected energy peak. A lower FWHM indicates superior
resolution, which is essential for spectroscopic applications.

Spatial Resolution: De nes the minimum distance at which two separate-ray
interactions can be distinguished. This parameter is critical for imaging applica-
tions such as PET, where precise localization of radiation sources is required.

Time Resolution: Represents the ability to di erentiate events occurring within

short time intervals. In coincidence detection methods, such as those used in

PET imaging, superior time resolution enables more precise reconstruction of
-ray emission points.

Accuracy

The accuracy of a -ray detector describes how closely the measured values match
the actual physical parameters of the radiation being observed. Unlike resolution,
which pertains to distinguishing similar values, accuracy ensures that the recorded
data reliably re ect the true characteristics of the radiation source. Detector calibra-
tion, electronic noise reduction, and signal processing techniques signi cantly in uence
measurement accuracy.

Sensitivity

Sensitivity de nes the detector's ability to register -ray interactions across a given
energy spectrum. Several factors contribute to sensitivity:

" The composition and thickness of the detector material, which determine the
probability of photon interaction.

" The e ciency of signal conversion processes, such as light emission in scintillators
or charge generation in semiconductor detectors.

~ Background noise suppression techniques, which enhance the signal-to-noise ratio
and improve detection capability.
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High sensitivity is particularly advantageous in low-dose imaging applications, where
maximizing photon detection while minimizing radiation exposure is crucial.

E ciency

E ciency in  -ray detection refers to the fraction of incident photons that successfully
interact with the detector and contribute to measurable signals. It is typically divided
into:

" Intrinsic E ciency: The probability that an incoming gamma photon will undergo
an interaction within the detector medium, generating a measurable response.

" Geometric E ciency: The proportion of emitted gamma rays that reach the de-
tector, in uenced by the detector's size, shape, and positioning relative to the
radiation source.

The total e ciency of a -ray detector can be expressed as [18]:
tot = intr geom- (2.17)

Moreover, the energy deposition pattern can be used to classify detected events. While
some photons are fully absorbed (resulting in a distinct photopeak), others undergo
scattering and deposit only partial energy. A crucial metric in many applications is the
photopeak e ciency, de ned as the fraction of events in which the full -ray energy is
absorbed.

As illustrated in Figure 2.9, the energy spectrum of photons interacting within a
detector reveals a distinct photopeak on the right side of the distribution. The area
under this peak represents the photopeak e ciency, which accounts for events where
the full -ray energy is absorbed. In contrast, the total e ciency encompasses all de-
tected events, including those where photons undergo partial energy deposition due to
scattering.

In this thesis, we primarily focus on -ray detection systems that couple scintillators
with photodetectors. The scintillator transforms -ray energy into light, which the
photodetector subsequently converts into an electrical signal. Two commonly used
photodetector technologies are:

" Photomultiplier Tubes (PMTSs) { These devices use a series of dynodes to
amplify weak light signals, o ering high sensitivity and fast response times. PMTs
are introduced in this work to illustrate the fundamental principles of photon-
to-electrical signal conversion, providing a basis for comparison with alternative
technologies.
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Figure 2.9: Full-energy peak for event discrimination [17]

" Silicon Photomultipliers (SiPMs) { Compact, semiconductor-based alterna-
tives to PMTs that provide enhanced e ciency, robustness, and higher spatial
resolution. Their smaller size makes them particularly suitable for applications
with limited space, as in this thesis.

The selection of a suitable photodetector depends on application-speci ¢ require-
ments such as spatial resolution, timing accuracy, and operational constraints. In
this work, PMTs are introduced to illustrate the fundamental principles of photon-
to-electrical signal conversion, providing a basis for understanding SiPMs. SiPMs are
ultimately chosen for this project due to their compact design, which is crucial given
the spatial limitations of our setup, as well as their superior e ciency and resolution.

2.2.2 Scintillators Detectors

Scintillators are materials that emit light upon interaction with ionizing radiation, mak-

ing them essential for radiation detection across various elds, including medical imag-
ing, particle physics, and security screening. Their functionality is based on the ab-
sorption of high-energy radiation, followed by de-excitation processes that result in the
emission of visible or ultraviolet photons. These photons are subsequently detected
using photomultiplier tubes (PMTSs) or silicon photomultipliers (SiPMs), which convert
the optical signal into an electrical pulse for further analysis [18].

Properties of Scintillators

An ideal scintillator should exhibit several key properties to ensure optimal perfor-
mance:

A

Light Yield: The number of scintillation photons emitted per unit of deposited
energy. A high light yield enhances energy resolution [15].

" Energy Linearity: The light output should be directly proportional to the energy
deposited by ionizing radiation.
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" Transparency: Optical transparency at the emission wavelength is crucial for
e cient photon collection.

" Decay Time: Short decay times enable rapid response and high count-rate capa-
bility.

~ Mechanical and Chemical Stability: Scintillators must be durable and chemically
stable under operational conditions [18].

Scintillators can be broadly classi ed based on their composition:

" Organic Scintillators: These rely on molecular transitions to emit light upon
excitation. They exist in solid, liquid, or vapor forms and are known for their fast
response times (1{2 ns). Plastic scintillators, a subcategory, are widely used due
to their mechanical robustness and ease of fabrication.

Inorganic Scintillators: These function through electronic transitions within a

crystalline lattice. Compared to organic scintillators, they have a higher density
and atomic number, providing greater stopping power and higher light yield.
However, they exhibit longer decay times (hundreds of nanoseconds) but o er
superior energy resolution, making them ideal for-ray spectroscopy.

An example of Inorganic scintillator is Lutetium-Yttrium Oxyorthosilicate (LYSO:Ce)
it is the scintillator used in the PET scanner discussed in this thesis. LYSO is favored
for its high density ( 7.1 g/cm?), fast decay time ( 40 ns), and excellent radiation hard-
ness, making it ideal for detecting gamma rays in medical imaging applications [18].
Its superior timing resolution and light yield contribute to enhanced spatial and energy
resolution in PET systems, ensuring precise detection of annihilation photons. A more
detailed discussion of its implementation in the PET scanner used in this research is
provided in Chapter 4.

2.2.3 Photomultiplier Tubes Detector

Photomultiplier tubes (PMTs) are critical components in radiation detection systems,
particularly in applications requiring high sensitivity to low-light levels. They convert
scintillation photons into electrical signals through the photoelectric e ect, followed by
electron ampli cation via a cascade process.

A PMT functions by converting incident photons into photoelectrons at a photo-
sensitive cathode, known as th@hotocathode These photoelectrons are subsequently
multiplied through a series of dynodes, leading to a substantial electrical signal [17].
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A schematic representation of a typical PMT structure is shown in Figure 2.10,
illustrating the sequential electron multiplication process. The essential components of
a PMT include:

~ Input Window: Allows incident photons to reach the photocathode.
Photocathode: Converts photons into electrons via the photoelectric e ect.
Focusing Electrodes: Direct the emitted electrons toward the dynodes.

Electron Multiplier (Dynodes): A series of electrodes at progressively higher volt-
ages that amplify the electron signal through secondary emission.

Anode: Collects the ampli ed electrons and converts them into an output current
for further processing.

Figure 2.10: lllustration of the internal structure of a photomultiplier tube, adapted
from [17].

The performance of PMTs is primarily characterized by two fundamental parame-
ters: quantum e ciency and gain.

Quantum e ciency ( ) represents the probability of photoelectron emission per
incident photon and is de ned as:

1

=@ RP o

Ps (2.18)
where:

" R is the re ection coe cient of the photocathode,

" P represents the probability of photon absorption,

" kL accounts for the escape length and absorption coe cient of excited electrons,

" Ps is the probability of electron emission.
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Higher quantum e ciency improves detector sensitivity, particularly in applications
such as PET imaging and scintillation detection in ion beam therapy [15].
The ampli cation factor, or gain, of a PMT is achieved through secondary electron
emission at each dynode stage. If each dynode ampli es the electron count by a factor
, and there aren dynodes, the total gain G) is expressed as:

G= " (2.19)

Typical PMTs achieve gains ranging from 10to 10’, depending on the applied
voltage and the number of dynodes [17].

From the gain and the number of dynodes, the initial number of emitted photo-
electrons can be determined. Given the quantum e ciency, the number of scintillation
photons can be estimated, which directly correlates with the energy deposited in the
scintillator. Let ni be the initial number of photoelectrons; then, the number of elec-
trons outgoing from the last dynode will ben, ™, wherem is the number of dynodes.
These electrons are collected by an anode and transmitted to an external circuit for
readout.

PMTs play a crucial role in medical imaging and radiation therapy monitoring. In
PET scanners, they are coupled with scintillation crystals such as LYSO or LaBCe)
to detect 511 keV annihilation photons with high temporal resolution. In ion beam ther-
apy, PMTs are used in Compton camera systems to detect prompt gamma emissions,
enabling real-time range veri cation [15].

Despite their advantages, PMTs have limitations, including sensitivity to magnetic
elds, relatively large size, and mechanical fragility. Recent advancements in solid-
state alternatives, such as silicon photomultipliers (SiPMs), o er potential solutions
while maintaining similar detection capabilities [17].

2.2.4 Semiconducting detectors

Semiconductors are materials with electrical conductivity between conductors and in-
sulators. Their electronic properties are de ned by the presence of a bandgap, which
separates the valence band (where electrons remain bound to atoms) from the conduc-
tion band (where free electrons contribute to electrical current).

Semiconductor detectors play a pivotal role in radiation detection due to their high
energy resolution, compactness, and e ciency. They function by converting incident
radiation into electrical signals through electron-hole pair generation in semiconductor
materials, predominantly silicon (Si) and germanium (Ge). Compared to traditional
photomultiplier tubes (PMTs), semiconductor detectors o er superior quantum e -
ciency, better scalability, and improved signal-to-noise ratios [18].
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Semiconductors are classi ed into intrinsic and extrinsic types. Intrinsic semicon-
ductors, such as high-purity silicon, have a natural equilibrium between electrons and
holes but exhibit high electrical resistance, limiting charge collection e ciency. To en-
hance conductivity, semiconductors are doped with external elements to form extrinsic
semiconductors.

Doping is achieved through::

" N-type doping: Incorporating group V elements (e.g., phosphorus, arsenic) intro-
duces extra electrons, enhancing conductivity.

~

P-type doping: Using group Il elements (e.g., boron, aluminum) increases hole
concentration, forming a positively charged material.

The junction of p-type and n-type materials results in a PN junction, the fundamental
structure of most semiconductor detectors [15].

The PN Junction and Depletion Region

At the interface of p-type and n-type materials, electrons from the n-region di use
into the p-region, while holes move in the opposite direction. This di usion depletes
the adjacent region of mobile charge carriers, forming a depletion layer that consists
of immobile ionized dopant atoms. Figure 2.11 shows the resulting built-in electric
eld across this region prevents further di usion and creates a potential barrier that
in uences charge carrier motion [18].

Applying an external reverse bias voltage increases the depletion width, further
reducing capacitance and enhancing charge collection e ciency. This concept is central
to PIN photodiodes, where an intrinsic (undoped) layer is introduced between the p-
and n-regions to optimize carrier transport and improve bandwidth [20].

Semiconductor detectors operate based on the photoelectric e ect and the generation
of electron-hole pairs when ionizing radiation interacts with the material. The process
unfolds as follows:

1. Energy deposition: Incident radiation (e.g., a photon or charged patrticle) interacts
with the semiconductor, transferring energy to bound electrons.

2. Electron excitation: The imparted energy promotes electrons from the valence
band to the conduction band, generating electron-hole pairs.

3. Charge separation: The built-in electric eld in the depletion region accelerates
the free electrons toward the n-region and holes toward the p-region, preventing
recombination.
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Figure 2.11: Equilibrium condition of a PN junction, depicting charge separation and
electric eld formation [18, 20].

4. Signal formation: The movement of charge carriers induces a current, which is
subsequently ampli ed and processed for analysis.

Avalanche Photodiodes (APDs)

Avalanche Photodiodes (APDs) are highly sensitive semiconductor devices that operate
under a strong reverse-bias voltage, creating an intense electric eld within their deple-
tion region. When an incident photon generates an electron-hole pair, the carriers are
accelerated by the electric eld, acquiring su cient kinetic energy to undergo impact
ionization.his process leads to an avalanche multiplication e ect, amplifying the initial
signal and thereby increasing the detector's sensitivity[20], as illustrated in Figure 2.12.
A key performance characteristic of APDs is their internal gain, which refers to the
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Figure 2.12: Structure of an avalanche photodiode, illustrating impact ionization and
charge multiplication [20].

ampli cation factor of the generated charge carriers. However, this gain is not constant
but depends on several factors, including the applied bias voltage, the incident light
wavelength, and temperature variations. Additionally, the random nature of carrier
collisions in the multiplication process introduces statistical uctuations, leading to an
excess noise factor that degrades the signal-to-noise ratio [17].

The gain-voltage response of an APD exhibits distinct operational regimes. At mod-
erate bias voltages, the device operates in linear mode, where the gain increases steadily
with voltage [20], as shown in Figure 2.13. However, as the bias voltage approaches the
breakdown threshold, the device transitions into Geiger mode. In this regime, a sin-
gle incident photon can trigger a self-sustaining avalanche, making Geiger-mode APDs
particularly suited for single-photon detection. This property underlies the working
principle of Silicon Photomultipliers (SiPMs), which consist of arrays of micro-APDs
operating in Geiger mode.

Despite their high sensitivity, Geiger-mode APDs face a fundamental limitation:
once an avalanche is triggered, the carrier density surges to levels that sustain a contin-
uous current ow, rendering the device incapable of resolving discrete photon events. To
address this issue, an external quenching circuit is employed. This circuit momentarily
reduces the bias voltage below the breakdown threshold, suppressing the avalanche and
restoring the APD to its initial state. However, during the quenching and recovery
period, the APD remains inactive, leading to a dead time in detection. This limitation
must be considered in applications requiring high photon count rates.

Silicon Photomultipliers (SiPMs)

Silicon Photomultipliers (SiPMs) were introduced to overcome the inherent limitations
of Geiger-mode APDs|namely, dead time and lack of proportionality in output signal.
SiPMs consist of an array of microcells, each functioning as an independent G-APD
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Figure 2.13: Plot of gain dependence on voltage [20].

with integrated quenching, allowing for high-resolution, high-e ciency photon counting

in compact geometries-These microcells serve as independent photon counters: when
a photon interacts with a microcell, it initiates an avalanche multiplication process,
producing a fast, high-gain electrical pulse. As shown in Figure 2.14, all microcells are
connected in parallel, enabling a collective output [15].

A key advantage of SiPMs is their ability to sum the signals from the individual
microcells, creating a linear relationship between the output pulse amplitude and the
number of detected photons. Although each microcell generates a xed pulse regardless
of the number of photons it absorbs, the total SiPM response re ects the number
of simultaneously triggered microcells. Careful optimization of microcell dimensions
is crucial to reduce the probability of multiple photon interactions within the same
cell, preserving the SiPM's single-photon counting capability and ensuring excellent
performance even in high- ux environments.

When coupled with scintillators, SiPMs can be used to reconstruct the energy of
incident radiation. Scintillators convert the energy of incoming photons into a pro-
portional number of visible photons, the yield of which depends on the scintillation
material. By analyzing the number of activated microcells in an SiPM, the energy of
the detected event can be inferred, making SiPMs particularly suitable for applications
requiring precise energy resolution, such as positron emission tomography (PET) and
time-of- ight PET (TOF-PET).

SiPMs o er several advantages over traditional photodetectors, including:

A

High photon detection e ciency (PDE), enhancing sensitivity.

" Excellent timing resolution, crucial for fast photon counting applications.
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Figure 2.14: illustration of the SiPM circuit, consisting of a matrix of GAPD pixels
connected in parallel [20].

~ Immunity to magnetic elds, making them ideal for PET and TOF-PET applica-
tions [20].

These properties, combined with their compact size and robustness, have established
SiPMs as a leading technology in modern photodetection systems, for this reason was
selected for SIRMIO PET detector, as presented better in Chapter 4.

2.3 Radioactive Decay and Activity

Radioactive decay is a fundamental process wherein unstable atomic nuclei transition
to more stable states by emitting energy in the form of particles or electromagnetic ra-
diation. The number of undecayed nucleiN (t), at a given timet follows an exponential
decay law:

N(t) = Noe ! (2.20)

where Ny is the initial number of nuclei, and is the decay constant, representing
the probability per unit time that a nucleus undergoes decay. The half-lifet;-,, the
time required for half of a given sample to decay, is given by:

tiop = —= (2.21)

A key parameter in radioactive decay is activity A), de ned as the number of
disintegration per unit time, is expressed as:

A= N (2.22)

The Sl unit of activity is the Becquerel (Bq), de ned as one nuclear disintegration
per second. A more traditional unit, the Curie (Ci), is still commonly used in medical
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and industrial applications, where

1Ci=3:7 10“Bq (2.23)

2.4 T Decay

Beta-plus decay ( " -decay) is a type of radioactive decay in which a proton inside the
nucleus is converted into a neutron, emitting a positrond’ ) and a neutrino ( ):

p! n+e" + (2.24)

This process occurs in proton-rich nuclei when the mass-energy di erence between
the parent and daughter nucleus is greater than 1.022 MeV, the combined rest energy
of an electron and a positron. Unlike beta-minus decay, which results in an electron
emission, beta-plus decay decreases the atomic number by one while conserving the
total nucleon count [17].

The energy released in *-decay is shared between the emitted positron and the
neutrino, leading to a continuous energy spectrum. The maximum positron energy
varies depending on the isotope, ranging from hundreds of keV to several MeV. Because
neutrinos escape detection due to their weak interaction with matter, only the positron
energy can be measured experimentally [17].

Once emitted, positrons lose kinetic energy via interactions with surrounding elec-
trons, ultimately leading to annihilation. This process produces two gamma photons:

g+e ! 2 (2.25)

Each annihilation photon has an energy of 511 keV and is emitted nearly 80
apart, a property that is fundamental to positron emission tomography (PET) imaging
[17]. PET scanners detect these coincident gamma rays, enabling precise localization
of positron-emitting tracers, such as®F (uorine-18) and *'C (carbon-11), which are
widely used in metabolic imaging and oncological diagnostics. The detection and re-
construction of these annihilation photons provide critical three-dimensional insights
into biochemical processes in the body [15].
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Chapter 3

SIRMIO PET work-package

The SIRMIO project (Small Animal Proton Irradiator for Research in Molecular
Image-guided Radiation-Oncology), introduced in Section 1.3, is a multidisciplinary
initiative aimed at developing a compact and versatile platform for precision proton
irradiation in small animal models [16]. By combining advanced irradiation and imag-
ing technologies, SIRMIO seeks to bridge the gap between preclinical radiobiological
studies and clinical practice, enabling translational research under highly controlled
conditions.

At the core of SIRMIO's design philosophy is the integration of high-resolution
imaging modalities to support accurate, image-guided treatment delivery. Among these,
Positron Emission Tomography (PET) plays a central role, as it is designed to
meet the stringent requirements for in-beam treatment veri cation in small animal
proton therapy. These include the ability to provide high spatial resolution, sensitivity
to low levels of activity, and compatibility with real-time or quasi-real-time acquisition
during irradiation [13, 18].

This chapter is dedicated to the PET work package of SIRMIO. It begins with a
review of the fundamental principles of PET imaging and its role in ion beam range
monitoring. Subsequently, it explores the specic challenges of implementing PET
in an in-beam, small-animal context, focusing on technical limitations such as spatial
resolution, detector design, and inter-crystal scattering. The chapter concludes by
outlining the objectives of this thesis, which aims to develop and validate pixel-level
characterization methods for PET detectors, thereby contributing to more accurate and
robust range veri cation in proton therapy.

3.1 PET working principle

Positron Emission Tomography (PET) is a non-invasive imaging modality that enables
visualization of metabolic and molecular processes by detecting the annihilation photons
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resulting from positron-emitting radionuclides. These radionuclides, such as Fluorine-
18, can either be injected into the subject as part of a radiotracer (as in conventional
clinical PET imaging) or can originate from secondary radiation induced by external
beams, such as protons or photons, as described in Chapter 2.

The fundamental physical process underlying PET imaging is the detection of two
511 keV photons emitted in nearly opposite directions (18@part) following the annihi-
lation of a positron with an electron. If these two photons are detected simultaneously
(i.e., in coincidence) by opposing detectors, the annihilation event is assumed to have
occurred somewhere along the line connecting the detectors. This line is known as the
Line of Response (LOR). The spatial localization of the event is limited to the LOR,
without precise knowledge of the position along it [18].

Figure 3.1 illustrates the schematic representation of+ decay, which is detected
by the PET detector ring, forming a LOR.

Figure 3.1: (a) Schematic of the positron annihilation process: a positron emitted from
a radioactive nucleus annihilates with an electron, producing two 511 keV photons
emitted nearly 180 apart. (b) Principle of PET detection: the annihilation photons
are detected in coincidence by detectors arranged in a ring, de ning a line of response
(LOR) used for image reconstruction. [21].

PET scanners therefore consist of multiple detector elements arranged in rings to
maximize the number of available LORs. This con guration allows simultaneous acqui-
sition of many coincidence events across di erent angles and planes. The sensitivity and
spatial resolution of PET strongly depend on the number of LORs within the scanner's
Field of View (FOV), since more LORs lead to better sampling and lower statistical
uncertainty in the reconstructed image [22].

To further improve axial sampling and sensitivity, multiple detector rings are often
used, and coincidences can be detected not only within the same ring (direct coinci-
dences) but also across rings (cross coincidences). The scanner con guration (e.g., the
number of rings and the maximum ring di erence allowed in coincidence detection)
directly in uences whether the acquisition is performed in 2D or 3D mode. In 2D PET,
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axial septa are used to restrict coincidences to within single planes, limiting scatter
and random events, whereas in 3D PET, these septa are removed, allowing for more
coincidence detections and hence higher sensitivity, at the cost of increased scatter and
more complex image reconstruction algorithms [22].

3.1.1 Image reconstruction

The raw data stream from the detectors includes all coincidence events, including
true coincidences (from the same annihilation), random coincidences (from unrelated
events), and scattered coincidences (where photons are de ected before detection).
These events are time-stamped and mapped to detector pairs, producing massive datasets
requiring systematic organization. The data are rst sorted into sinograms, two-
dimensional matrices where each pixel corresponds to a specic LOR de ned by its
angular orientation and displacement from the scanner center [23].

Before reconstruction, the raw sinogram data undergoes several critical preprocess-
ing steps:

A

Normalization correction accounts for variations in individual detector sensitivity
and geometry.

Attenuation correction compensates for the absorption or scattering of photons
within the body, often using a transmission scan or CT data.

Scatter correction removes scattered coincidences that falsely contribute to the
image signal.

Random coincidence correction subtracts the contribution from accidental (non-
true) coincidences, often estimated using delayed coincidence window techniques.

Dead-time and pile-up corrections adjust for detector performance limitations at
high count rates [18].

Once corrections are applied, the sinograms are ready for image reconstruction.
Early PET scanners employed analytical methods like Itered back projection (FBP),
where each projection is mathematically back-projected across the image space, and a
Iter is applied to counteract the inherent blurring of the method. While fast, FBP
is sensitive to noise and assumes idealized conditions, limiting its accuracy in complex
scenarios.

Modern PET reconstruction relies on iterative algorithms, particularly Maximum
Likelihood Expectation Maximization (ML-EM) and its accelerated form, Ordered Sub-
sets Expectation Maximization (OSEM). These methods start with an initial estimate
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of the radio-tracer distribution and iteratively re ne it by comparing the measured
sinograms with forward projections of the current estimate, using a system matrix that
models the physical and geometric characteristics of the scanner. Each iteration updates
the image estimate to maximize the likelihood of observing the measured data. Regu-
larization techniques (such as smoothing constraints) and optimized stopping criteria
are applied to prevent noise ampli cation and improve image stability [23].

Figure 3.2 shows the work ow of iterative image reconstruction, where the estimated
tracer distribution is repeatedly updated by comparing simulated and measured data.
Figure 3.3 illustrates how image quality improves with each iteration, though excessive
iterations may introduce noise without proper regularization [18, 24].

Figure 3.2: Iterative image reconstruction ow chart [24]

Figure 3.3: An example of iterative reconstruction. From left to right, the iteration
number is increased, so that the noise [18, 24]

3.1.2 Problems and Limitations

Despite its high sensitivity and functional imaging capability, PET is subject to several
physical and technological limitations that constrain spatial resolution and quantitative
accuracy:

A

Detector size: The resolution is primarily limited by the width of the scintilla-
tion crystals. The full width at half maximum (FWHM) blurring is approximately
d=2, whered is the detector width. Reducing crystal size improves resolution but
increases manufacturing complexity and the number of readout channels, raising
cost and reducing detector e ciency due to the proportionally larger re ector
volume [22].
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Positron range: Positron before annihilation travel for some millimiter depend-
ing on the positron energy and the materieale causing blurring [22].

Acollinearity:  Due to the residual momentum of positronium, annihilation pho-
tons deviate slightly from 180, introducing additional blur. The e ect increases
with the diameter of the detector ring [22].

Decoding errors: In systems using multiplexed readout electronics, some pho-
tons may be incorrectly assigned to adjacent crystals, lowering spatial precision
[22].

Penetration e ects: High-energy photons may travel through several layers
of the detector before interacting, particularly at oblique incidence angles. This
e ect, known as depth-of-interaction uncertainty, causes radial elongation of the
image [22].

Sampling error:  Incomplete angular coverage or non-uniform detector geometry
can result in poor image sampling, especially near the center of the eld-of-view.
This limits accurate quanti cation and introduces aliasing [22].

Statistical noise: PET relies on stochastic decay events; low activity or short
acquisition times yield noisy images. Iterative algorithms may amplify this noise
unless carefully constrained [22].

Overall, while many of these limitations are rooted in fundamental physics (e.g.,
positron range, acollinearity), others can be reduced through improved hardware de-
sign, sophisticated reconstruction algorithms, and advanced correction methods. How-
ever, each improvement often comes with trade-o s in cost, complexity, or practicality,
making careful optimization essential for clinical and preclinical PET systems.

3.1.3 Introduction to Inter-crystal Scattering (ICS)

After discussing the numerous challenges a ecting the performance of PET imaging
systems, one advanced strategy to overcome spatial resolution limitations is the use
of multi-layer, pixelated detectors with depth-of-interaction (DOI) capability. This
is a core design feature of the SIRMIO PET scanner. Broadly, the layered detector
architecture improves the resolution and overall performance of the detector system by
providing better event localization, making it essential for achieving the sub-millimeter
resolution demanded in SIRMIO project.

However, even with DOI capability, an important physical challenge remains: the
phenomenon of inter-crystal scattering (ICS). When a 511 keV annihilation photon en-
ters the scintillator, it may undergo two main types of interactions. In the ideal case,
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the photon is fully absorbed via the photoelectric e ect, creating a single point of scin-
tillation light that can be accurately localized. In practice, however, a large fraction of
events undergo Compton scattering, where the photon deposits part of its energy in one
crystal and is de ected into neighboring crystals before being absorbed. Studies report
that, particularly in high-density, high-Z scintillators like LYSO, approximately 68% of
interactions are Compton scatterings. These scattered photons can cross crystal bound-
aries, producing light in multiple detector elements and causing spatial misplacement
of the event in the detector [25].

This leads to image blurring, reduced contrast recovery, and ultimately a degrada-
tion of spatial resolution. Recent research has quanti ed the impact of ICS on image
contrast, showing reductions of up to 20% in hot-rod phantom studies [25].

Figure 3.4 shows how di erent photon interactions a ect event localization. While
photoelectric absorption enables accurate positioning, Compton scatteringlespecially
across crystals|can mislead the event assignment and degrade spatial resolution [26].

Figure 3.4: lllustration of interaction mechanisms a ecting event localization in PET

detectors. (Left) In the photoelectric e ect, full energy absorption leads to correct
crystal assignment. (Center) In Compton scattering (inter-crystal scatter, ICS), lat-

eral shifts cause the Anger calculation to misattribute the event to the wrong crystal.
(Right) In complex scatter cases, the Anger calculation cannot con dently assign the
event to a speci c crystal, leading to uncertainty [26].

To mitigate the impact of ICS, PET systems currently employ a combination of
hardware and software strategies. Energy discrimination - applying a narrow energy
window around the 511 keV photopeak - helps to reject events where the scattered pho-
ton escapes detection or deposits insu cient energy. Geometric Itering further limits
accepted events to those consistent with physically plausible coincidence geometries.
However, both strategies come with a tradeo : by lItering out ICS events, a signif-
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icant portion of total detected events (sometimes over 25%) is discarded [26]. These
strategies are indeed used in our PET detector of the SIRMIO project to manage scat-
tered events. While they help improve data quality, they also reduce system sensitivity,
increase acquisition times, and limit the statistical power available for reconstruction.

Despite these e orts, it is increasingly recognized that energy and geometric ltering
alone are insu cient to fully correct for ICS e ects. This leads to the motivation for
more sophisticated approaches: by better understanding the underlying physics and the
detector response, we can develop methods to compensate for ICS rather than simply
reject it. For example, advanced modeling and correction algorithms could recover the
true interaction position even for scattered events, improving spatial resolution without
sacri cing sensitivity.

3.2 Thesis Scope and Objectives

The aim of this thesis is to perform a detailed characterization of the SIRMIO PET
detector response to 511 keV photons, with a specic focus on understanding and
mitigating the e ects of inter-crystal scattering (ICS). ICS represents a major source
of spatial uncertainty and image degradation in PET systems, particularly under the
demanding conditions of small-animal study.

This work combines Monte Carlo simulations, experimental measurements, and
data-driven analysis to investigate the frequency, spatial signatures, and energy char-
acteristics of 511 keV events. A key objective is to develop methods to distinguish
ICS-induced signals from direct interactions, thereby enabling the suppression or cor-
rection of their impact on reconstructed images.

By advancing the modeling of the detector response at the pixel level and integrating
this knowledge into event ltering strategies, the project aims to improve image quality,
enhance spatial accuracy, and support the implementation of reliable PET-based range
veri cation in proton therapy.
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Chapter 4
Materials and Methods

This chapter details the experimental setup, instrumentation, and materials utilized for
the modeling and characterization of the SIRMIO PET scanner. Building upon the
foundational principles and limitations of PET imaging discussed in the previous chap-
ter, the focus here is on the technical implementation of the system. Speci cally, we
describe the detector geometry, component layout, readout electronics, and radioactive
sources employed in experimental measurements. In addition, we present the Monte
Carlo simulation framework developed to model photon interactions within the detec-
tor system, which serves as a complementary tool to interpret experimental data and
evaluate detector performance under controlled conditions.

4.1 SIRMIO PET Scanner

Design Objectives and Constraints

These requirements re ect the core goals of the PET in SIRMIO project: enabling
precise treatment veri cation and biological imaging guidance during preclinical inves-
tigations.

Geometrical Con guration of the PET Ring

The SIRMIO PET scanner employs a spherical geometry with an inner radius of 72 mm,
selected to maximize solid angle coverage while preserving su cient clearance for beam-
line components and the integration of animal positioning systems. This con guration
achieves approximately 44% solid angle coverage of the eld of view (FOV), thereby
ensuring enhanced angular sampling crucial for attaining high spatial resolution and
detection sensitivity [27].

The geometry of the PET system is illustrated in Figure 4.1, which highlights the
spherical arrangement and the compact integration with the beamline.
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Figure 4.1. Schematic of the SIRMIO PET scanner geometry. [28]

Modular Detector Architecture

The scanner integrates 56 depth-of-interaction (DOI)-capable detector modules ar-
ranged in a pyramidal-step con guration. This staggered, multi-layer design minimizes
interstitial dead space and facilitates compact, conformal placement of detectors along
the spherical surface, improving geometric e ciency. The architectural exibility of this
layout enables not only optimized detection performance but also facilitates integration
with auxiliary imaging modalities and a motorized mouse holder, which allows precise
positioning of the animal during irradiation. Each detector module is identical and
independent, allowing individual replacement or maintenance without compromising
overall scanner functionality.

Monte Carlo simulations predict a central sensitivity in the range of 7{12%, with
spatial resolution spanning from 0.4 mm to 1 mm full width at half maximum (FWHM),
depending on the speci ¢ location within the FOV [27].

4.2 Detector Components

A detailed schematic of the detector electronics, from SiPM coupling to the digitizer
module, is shown in Figure 4.2.
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Figure 4.2: Schematic representation of the experimental set-up used: a) Scintillator
blocks coupled with SiPMs; b) Charged division circuit for channels number reduction;
c) Ampli cation board circuit; d) Digitizer module; e) Block diagram of the readout
system. Image Courtesy of Dr. Munetaka Nitta, LMU. [18]

4.2.1 Scintillator

The scintillator material is a central component in determining the overall performance
of a PET system, directly a ecting its sensitivity, spatial resolution, and noise character-
istics. For the SIRMIO PET scanner, cerium-doped lutetium-yttrium oxyorthosilicate
(LYSO:Ce) was selected following a detailed simulation-based optimization study [27].
Alternatives such as GAGG were evaluated and compared across key performance met-
rics, including detection e ciency and signal-to-noise ratio in low-activity environments,
which are typical in preclinical in-beam PET applications. LYSO consistently demon-
strated superior sensitivity and lower statistical noise, justifying its selection as the
optimal scintillator [27, 18].

Although LYSO contains a small fraction (about 2.6%) of the naturally radioactive
isotope 1"®Lu, simulations showed that the intrinsic background activity introduced
by its -decay and associated-ray emissions can be e ectively mitigated. Through
the application of optimized energy windows and geometrical Itering strategies for
lines of response (LORS), these background contributions become negligible in the nal
image reconstruction. Figure 4.3 illustrates the decay schemedfLu, and Figure 4.4
compares the energy spectra in isolated and embedded detector con gurations.

From a physical standpoint, LYSO o ers an excellent combination of properties
tailored for PET: high density (7.1 g/cm®), high light yield ( 32,000 photons/MeV),
short decay time (40 ns), and strong resistance to radiation damage [18]. These features
enable e ective stopping of 511 keV annihilation photons and facilitate high count-rate
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Figure 4.3: (a) Decay scheme of®Lu and (b) energy spectrum of emitted electrons.
Adapted from [18].

Figure 4.4: Energy spectrum of’5Lu background in (a) an isolated detector and (b)
the integrated PET scanner. Adapted from [18].

operation with minimal signal degradation.

Each detector module integrates a pixelated LYSO crystal block arranged in a
pyramidal-step con guration composed of three staggered layers. The pixel size is
09 mm 09 mm 6:67 mm, with layer-speci ¢ matrices of 20 23, 23 23, and
24 24 pixels. The o set between layers corresponds to half a pixel pitch, enabling
depth-of-interaction (DOI) encoding by resolving the axial coordinate of photon interac-
tion. This con guration reduces parallax errors due to the incidence of oblique photons
and enhances spatial resolution [18]. The mechanical layout is depicted in Figure 4.5.

To further optimize light con nement and signal clarity, each pixel is optically iso-
lated by BaSQ, re ectors, and the surface of the scintillator block is wrapped with
Te on tape, as shown in Figure 4.6. This shielding minimizes external light interfer-
ence and enhances signal-to-noise performance.
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Figure 4.5: Left: Pyramidal-step con guration of a pixelated LYSO detector block.
Right: Integration into the spherical PET scanner. Image adapted from [27].

Figure 4.6: Shell used to embed the detector module, including the taped scintillator
block, MPPC array, and Charge Division Circuit (CDC), into the PET scanner. Image
courtesy of Dr. Munetaka Nitta, LMU [18].
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4.2.2 Photodetector: SiPM Array

In the SIRMIO PET system, e cient conversion of scintillation light into electrical
signals is realized by coupling each pixelated LYSO:Ce scintillator block to a sili-
con photomultiplier (SiPM) array via a 1 mm thick optical light guide (dimensions:
25.8 mmO 25.8 mmO 1 mm). The SiPM used is the Hamamatsu S14161-3050HS-08
model, consisting of an & 8 matrix of 64 individual pixels, each measuring 3 mr® 3 mm
with 0.2 mm gaps between pixels. The compact structure of the SiPM, coupled with its
high Il factor, ensures precise spatial resolution, which is crucial for the small animal
in-beam PET application.

This SiPM model comprises 3531 microcells per pixel, providing a typical gain on the
order of 1¢ and a photon detection e ciency (PDE) of up to 50% at 450 nm, aligning
well with the LYSO emission peak. Its low operational voltage of approximately 41 V
enhances stability and minimizes noise, making it particularly suitable for the low-
activity environment of in-beam PET scanning[18, 20].

Figure 4.7 illustrates the SiPM array (left) and its integration with the scintillator
block and charge division circuit (right), forming a compact and high-performance
detector module tailored to the SIRMIO scanner.

4.2.3 Readout Electronics: CDC and Ampli er Board

To reduce the number of readout channels while preserving spatial information, a
Charge Division Circuit (CDC) (Figure 4.7) is employed directly behind the MPPC.
The CDC aggregates the 64 individual pixel outputs into four analog signals using
a resistive network. These four signals retain the positional encoding necessary for
subsequent Anger logic-based event reconstruction [18].

The analog signals are routed via at exible cables (FFC) to custom-designed am-
pli er boards. These boards serve a dual function: they convert the single-ended analog
signals to di erential mode to suppress transmission noise, and they amplify the signals
to match the dynamic range required by the digitization stage. The ampli er board
used in the SIRMIO system, capable of handling four detector modules simultaneously,
is shown in Figure 4.8.

4.2.4 Digitization Module

Signal digitization is carried out using CAEN R5560 modules, which support up to 128
input channels and operate at a sampling rate of 125 MHz. Each module includes eld-
programmable gate arrays (FPGAS) that implement real-time digital signal processing
algorithms. For the SIRMIO PET application, a trapezoidal shaping lter is applied
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Figure 4.7: Top: Schematic of the Hamamatsu S14161-3050HS-08 SiPM [29]. Bottom
left: Photograph of the SiPM array [18]. Bottom right: Integrated detector block
including scintillator array, SiPM, and Charge Division Circuit (CDC). Images courtesy

of Dr. Munetaka Nitta, LMU [18].

Figure 4.8: Ampli er board used for di erential conversion and analog signal ampli -
cation. Image courtesy of Dr. Munetaka Nitta, LMU [18].
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Figure 4.9: Trapezoidal shaping Iter implemented in the CAEN R5560 digitizer for
real-time energy extraction [18].

to extract the energy, timing, and spatial features of each signal.

This Iter converts the exponentially decaying signals into trapezoidal waveforms
whose at-top amplitude correlates with the deposited energy. The Iter parameters|
including peaking time, at-top duration, and decay constants|are con gurable to
optimize performance under di erent experimental conditions [18].

The digitized signals exhibit a timing resolution of 8 ns, su cient to support coin-
cidence event reconstruction. Output data are recorded in list-mode, enabling o ine
analysis and image reconstruction, presented in 5. The Itering principle is illustrated
in Figure 4.9.

4.3 Interaction Position Reconstruction

4.3.1 Pixel Encoding via Geometric O sets

To achieve the sub-millimeter spatial resolution required for in-beam small animal PET
imaging, the SIRMIO scanner employs a nely pixelated LYSO:Ce scintillator array ar-
ranged in a three-layer pyramidal-step con guration. As presented above, each succes-
sive layer is laterally shifted by half a pixel pitch, introducing a geometric asymmetry
along the depth (z) axis. This design ensures that interactions occurring at di erent
depths produce unique light distribution patterns.

Consequently, each gamma interaction can theoretically be localized in three dimen-
sions: the transverseX;y) coordinates and the depth (z), corresponding to the layer
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in which the interaction occurred. The lateral o set between layers acts as an intrin-
sic geometric encoder, enabling the identi cation of both the scintillation pixel and its
depth.

When a 511 keV annihilation photon interacts within the LYSO block, it produces
scintillation light that propagates through a 1 mm thick optical light guide to a Multi-
Pixel Photon Counter (MPPC) array. This MPPC consists of 64 individual pixels, and
the resulting signals are processed by a Charge Division Circuit (CDC), which condenses
the 64 channels into four analog outputs &, to S;). This compression supports a
compact and cost-e cient readout architecture while preserving spatial sensitivity.

Figure 4.10: Sketch of the four-channel output signal routing from the CDC used for
planar interaction position reconstruction. Courtesy of Dr. Munetaka Nitta, LMU.

4.3.2 Planar Localization using Anger Logic

The planar coordinates of the interaction point are reconstructed using the Anger logic
method:

4.1)

w= 523 (St Sy _ (St S3) (S5t Ss).
= f 4 S ; y = t 4 S .
i=1 i=1 -

These expressions yield a weighted centroid of the light distribution, serving as
an estimate of the transverse interaction position. Figure 4.10 illustrates the signal
routing implemented in the CDC. This layout supports the Anger logic algorithm for
(x,y) position reconstruction, as described by Equation 4.1.

4.3.3 Flood Map Analysis and Layer Separation

The depth of interaction (DOI) is inferred indirectly through the spatial patterns ob-
served in the ood maps. As shown in Figure 4.11, each layer's lateral displacement
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results in a characteristic shift in the reconstructedx; y) distribution. Events originat-
ing from di erent layers cluster into distinguishable patterns in these 2D histograms
(see Figure 4.11), allowing identi cation of the originating scintillator pixel and its
corresponding layer.

Figure 4.11: Schematic representation of layer shifts in the pyramidal crystal block.
The o set between layers enables DOI discrimination. Image courtesy of Dr. Munetaka
Nitta, LMU.

It should be noted, however, that this reconstruction method assumes ideal condi-
tions. In practice, e ects such as optical crosstalk, variations in crystal response, and
inter-crystal scatter introduce deviations from the idealized patterns. Thus, accurate
DOI determination ultimately relies on experimental calibration and correction proce-
dures that account for these perturbations. The performance and limitations of this
approach under realistic experimental conditions are presented and discussed in detalil
in Chapter 5.

4.4 Irradiation Sources and Data Acquisition

4.4.1 Micro Derenzo Phantom with FDG

To assess the spatial resolution and imaging capabilities of the SIRMIO PET scanner
in a preclinical setting, a micro Derenzo phantom (MediLumine, Canada [30]) was
employed. This phantom comprises six clusters of capillary rods with diameters of
1.5, 1.2, 1.0, 0.9, 0.8, and 0.7 mm, each arranged with inter-rod spacing equal to its
respective diameter and a height of 10 mm. With an overall external diameter of
27 mm, the phantom is widely used for benchmarking high-resolution performance in

50






	Abstract
	Introduction
	Radiotherapy and Ion Beam Therapy
	Radiotherapy
	Ion Beam Therapy

	Range Verification using PET
	SIRMIO Project
	Objective and Structure of the Thesis

	Theoretical Background
	Photon Interaction with Matter
	Photon Interaction Mechanisms
	Total cross-section and Interaction Dominance

	gamma-ray Detection Systems
	Key Characteristics of gamma-ray Detectors
	Scintillators Detectors
	Photomultiplier Tubes Detector
	Semiconducting detectors

	Radioactive Decay and Activity
	Beta+ Decay

	SIRMIO PET work-package
	PET working principle
	Image reconstruction
	Problems and Limitations
	Introduction to Inter-crystal Scattering (ICS)

	Thesis Scope and Objectives

	Materials and Methods
	SIRMIO PET Scanner
	Detector Components
	Scintillator
	Photodetector: SiPM Array
	Readout Electronics: CDC and Amplifier Board
	Digitization Module

	Interaction Position Reconstruction
	Pixel Encoding via Geometric Offsets
	Planar Localization using Anger Logic
	Flood Map Analysis and Layer Separation

	Irradiation Sources and Data Acquisition
	Micro Derenzo Phantom with FDG
	22Na Point Sources

	Monte Carlo Simulation Framework

	Data processing
	FDG Data Pre-Processing
	Sorting

	Energy and Spatial Calibration
	Energy Spectra Analysis
	Flood maps Generation
	Look-up table (LUT) Definition

	FDG Data Processing
	Coincidence Grouping and Geometric Constraint
	Energy Filter
	Pixel Assignation Filter
	Pixel Spatial Characterization
	Pixel-Level Spectral Characterization
	Limitations in Spectral Characterization and the Role of Back-Irradiation


	Data Analysis and Results
	Detector Pixel-wise Characterization: Workflow, Results, and Limitations
	Spatial Pixel Characterization Analysis
	Spectral Parameter Analysis
	Comparison with Back Irradiation Using Na-22

	Detector Response Simulation
	Interaction Multiplicity
	Energy Deposition Analysis
	Spatial Distribution and Inter-Layer Analysis
	Discussion

	Evaluations of Pixel-wise Channel Parametrization and Filtering Efficiency Using Simulated Data
	Synthetic Signal Generation Using Pixel Parameters
	Filtering Based on Pixel Spatial and Spectral Parameters


	Conclusion and Outlook
	Bibliography
	List of Figures
	List of Tables

