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Sommario

Al giorno d'oggi, l'uso di strumenti di machine learning e deep learning e
stato esteso a innumerevoli applicazioni, grazie anche al progresso tecno-
logico e al conseguente aumento della potenza di calcolo disponibile, che
rende possibile elaborare grandi quantita di dati in un tempo notevolmente
ridotto.

La new wave del machine learning ha investito anche il mondo dell'i-
maging medico, dimostrando di rappresentare un potente strumento per
diverse applicazioni; in particolare, nel caso delle tecniche di gamma ima-
ging come PET e SPECT, i principali campi di applicazione sono stati
la Computer-aided Detection (CAD), dove il machine learning € coinvolto
come strumento di supporto decisionale per i medici al ne di eseguire dia-
gnosi precoci e piu accurate a partire da immagini mediche, I'elaborazione
di immagini, principalmente come strumento per la riduzione del rumore,
e, in ne, la localizzazione della posizione di scintillazione di fotoni per
rivelatori monolitici e pixelati.

Questo progetto di tesi pud essere collocato esattamente nell'ultimo
contesto; il lavoro e consistito nell'implementazione e nella valutazione
di due diversi approcci basati sul machine learning per la stima delle
coordinate di interazione dei fotoni in una gamma camera per SPECT
imaging.

Il primo approccio e consistito in una tecnica di unsupervised lear-
ning, denominata Principal Component Analysis (PCA). La PCA e una
tecnica di riduzione della dimensionalita, che consiste nell'eseguire una
trasformazione lineare dello spazio originale dei dati in un nuovo spazio
con dimensionalita ridotta. Questa trasformazione e eseguita in modo

Xl
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tale che l'informazione contenuta nei dati originali venga mantenuta pres-
soché invariata. La riduzione con PCA é stata integrata all'interno di due
metodi di ricostruzione statistica gia in uso per la ricostruzione di even-
ti gamma, il metodo della Maximum Likelihood (ML) e il metodo Least
Squares (LS); tuttavia, a di erenza di questi ultimi, i metodi proposti,
ML-PCA e LS-PCA, non operano nello spazio originario dei dati, ovvero
guello costituito dai segnali dei fotorivelatori, ma in uno spazio a bassa
dimensionalita ottenuto dopo la riduzione con PCA.

Il secondo metodo ha utilizzato un'altra tecnica di machine learning,
costituita dai Decision Trees. | Decision Trees sono una tecnica di super-
vised learning utilizzata per risolvere problemi di classi cazione e regres-
sione. In particolare, nell'ambito del progetto di tesi, il problema della
localizzazione delle coordinate di scintillazione (x,y) del fotone gamma
all'interno dello scintillatore € stato risolto dopo un‘opportuna conversio-
ne in un problema di classi cazione discreto, che e stato poi a rontato
implementando una cascata di Decision Trees.

Le misure di validazione simulate e sperimentali per le due tecniche
sono state eseguite su una gamma camera continua, disponibile presso il
Politecnico di Milano e sviluppata nell'ambito di un precedente progetto
di ricerca, denominato INSERT.

INSERT € un progetto di ricerca nanziato dal "Seventh Framework
Program " della Commissione Europea e avviato I'L Marzo del 2013; I'o-
biettivo era lo sviluppo di un compatto inserto SPECT da integrare al-
I'interno di scanner commerciali per la risonanza magnetica, al ne di una
migliore strati cazione del tumore al cervello e una precoce valutazione
dell'e cacia del trattamento. Nel contesto del progetto INSERT, il grup-
po del Politecnico di Milano é stato incaricato dello sviluppo dei moduli
di rilevamento gamma dello scanner SPECT e della relativa elettronica
di lettura. Sono stati sviluppati due tipi di sistemi di rilevamento per di-
verse applicazioni: un sistema preclinico, destinato all'imaging di piccoli
animali, e uno clinico, con dimensioni superiori al preclinico e utilizzato
per l'imaging della testa e del collo nell'uomo.

In questo lavoro di tesi, € stato utilizzato il modulo clinico di INSERT,
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sia per le misure simulate che per quelle sperimentali.

La discussione e organizzata in sei capitoli.

Il primo capitolo fornira una panoramica sulle radiazioni gamma, le
loro caratteristiche e le loro applicazioni nell'imaging medico. Inoltre,
verranno descritte le caratteristiche e i componenti di una gamma camera,
con un focus particolare sullo scanner INSERT SPECT.

Il secondo capitolo sara incentrato sui SiPMs, i fotorilevatori imple-
mentati nel modulo INSERT, i loro principi di funzionamento e le loro
principali cifre di merito. Nell'ultima parte del capitolo, verra fornita una
breve descrizione delle modalita di lettura dei SiPMs e, in particolare,
della strategia utilizzata in INSERT.

Il terzo capitolo descrivera i principali metodi di ricostruzione che
sono comunemente utilizzati per la ricostruzione planare dell'immagine
SPECT, sottolineando i corrispondenti vantaggi e limiti. Inoltre, verranno
descritti i metodi di ricostruzione implementati nel sistema INSERT.

Il quarto e il quinto capitolo, invece, introdurranno rispettivamente
il metodo di ricostruzione basato sulla PCA e quello basato sui DT; in
entrambi i capitoli, inizialmente, verranno introdotti i principi teorici e le
applicazioni di questi due metodi nel campo dell'imaging medico. Succes-
sivamente, verra descritto il processo utilizzato per implementare i due me-
todi di ricostruzione e, in ne, verranno mostrati i corrispondenti risultati
ottenuti sulle simulazioni e sulle misure sperimentali.

L'ultimo capitolo, invece, trarra alcune conclusioni nali sul lavoro e
possibili sviluppi futuri.






Abstract

Nowadays, the use of machine learning and deep learning tools has been
extended to innumerable applications, accomplished by the advancement

in technologies and the consequent increase in the available computational

power, which makes possible to process big amount of data in a reduced
time.

The wave of machine learning invested medical imaging world too,
proving to represent a powerful instrument for di erent applications; in
particular, in the case of -ray imaging techniques like PET and SPECT,
the main elds of application have been Computer-aided Detection (CAD),
where machine learning is involved as a decisional support for physicians
in order to perform early or more accurate diagnosis from medical images,
image processing, mostly as tool for the reduction of noise in the image,
and, nally, the localization of the scintillation position of photons for
both monolithic and pixelated detectors.

This thesis project can be placed exactly in the last framework; the
work consisted in the implementation and evaluation of two di erent ma-
chine learning-based approaches for the estimation of the interaction co-
ordinates of photons in a gamma camera for SPECT imaging.

The rst approach consisted in a unsupervised learning technique,
called Principal Component Analysis (PCA). PCA is a dimensionality
reduction technique, which consists in performing a linear transformation
of the original data space into a new space with lower dimensionality.
This transformation is implemented in a way that the information con-
tained in the original data is mostly preserved. PCA reduction has been
integrated within two statistical reconstruction methods already in use

XV
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for event reconstruction, Maximum Likelihood (ML) and Least Square
(LS); however, di erently from these latter, the proposed methods, ML-
PCA and LS-PCA, do not operate in the original space, that is the one
constituted by the photodetectors signals, but in a low-dimensional space
obtained after the PCA reduction.

The second method made use of another machine learning technique,
which is represented by Decision Trees. Decision Trees are a supervised
learning method, which is used in order to solve classication and re-
gression problems. In particular, in the framework of the current thesis
project, the problem of localization of the (x,y) scintillation coordinates
of the gamma photon inside the scintillator has been solved by converting
it into a discrete classi cation problem, which has been then addressed by
implementing a cascade of decision trees.

The simulated and experimental validation measurements for the two
techniques have been carried out on a continuous gamma camera available
at Politecnico di Milano and developed in the framework of a previous
research project, called INSERT.

INSERT is a research project funded by the Seventh Framework Pro-
gram of the European Commission and started on March 1st, 2013; the
goal was the development of a compact SPECT insert to be integrated
inside commercial MR scanners for enhanced strati cation of brain tumor
and early assessment of treatment e cacy. In the context of INSERT
project, Politecnico di Milano group was responsible for the development
of the gamma ray detection modules of the SPECT scanner and the related
readout electronics. Two types of detection systems have been developed
for di erent applications: a preclinical system, aimed at small animals
imaging, and a clinical one, with higher dimensions than the preclinical
and used for human head/neck imaging. In this work, the clinical IN-
SERT detection module has been used for running both simulated and
experimental measurements.

The discussion is organized into six chapters.

The rst one will provide an overview on gamma radiations, their
characteristics and their applications in medical imaging. Furthermore,



ABSTRACT XVII

the characteristics and components of a gamma camera will be described,
with a particular focus on INSERT SPECT scanner.

The second chapter will focus on SiPMs, the photodetectors imple-
mented in INSERT module, their working principles and gures of merit.
In the last part of the chapter, a brief description of the SiPMs readout
strategy implemented in INSERT will be also provided.

The third chapter will describe the main reconstruction methods that
are commonly used for the planar reconstruction of the image in SPECT,
showing their strengths and limitations. Furthermore, the reconstruction
methods implemented in INSERT system will be highlighted.

The fourth and fth chapters, instead, will introduce respectively the
PCA-based reconstruction and the DT-based reconstruction; in both chap-
ters, in the rst place, the theoretical principles and the applications of
these two methods in medical imaging will be introduced. Successively,
the process followed in order to implement the two reconstruction meth-
ods will be described and, nally, the corresponding results on simulations
and experimental measurements will be shown.

The last chapter, instead, will draw some nal conclusions about the
work and possible future developments.






Chapter 1
Gamma imaging and INSERT

Functional imaging techniques, like PET and SPECT, constitute nowa-
days a major instrument in the eld of nuclear medicine and diagnostics.
Both of them are based on the detection of gamma radiations, in order to
image body tissues. This introductory chapter will provide an overview of
gamma radiation characteristics, their detection modalities and their main
applications in the imaging eld. Moreover, the concept of multimodality
will be addressed, with a particular attention on INSERT project, the mul-
timodal imaging system on which the proposed reconstruction methods have
been validated.

1.1 Gamma rays

Gamma (or ) radiations are a type of electromagnetic radiation, whose
energy range is tipically higher than tens of keV. Looking at the elec-
tromagnetic spectrum (gure 1.1), it is possible to observe that there is
a region where -rays and x-rays, the other type of radiation commonly
used in medical imaging, coexist: indeed,-radiations which are emitted
by radioactive decay usually possess energies between some keV to tens of
MeV. However, both the mechanisms of generation and interaction with
the matter of these two radiations are substantially di erent.

-rays can originate by two phenomenons: the rst one is the decay

1



2 CHAPTER 1. GAMMA IMAGING AND INSERT

of the nucleus of a radionuclide, while the other one is represented by
positron annihilation.

x-rays, instead, are emitted by electrons outside the nucleus via uo-
rescence, Bremsstrahlung phenomenon and synchrotron light.

Figure 1.1: Electromagnetic spectrum

1.1.1 Mechanisms of generation
-radiations can be generated by di erent phenomena:

emission from the nucleus of a radionuclide after radioactive decay

generation of two -rays, travelling in opposite directions, caused by
positron annihilation

The rst phenomenon consists in the emission of radiations from
radioactive isotopes, which are atoms whose inner core, their nucleus, is
unstable. By decaying, the nuclei of these atoms change their composi-
tion and properties to reach a less energetic and more stable state, and
simultaneously they emit radiations (not only , but also and ).

The positron annihilation, instead, consists in the emission of two op-
posite -radiations, following the interaction between an electron and a
positron. In * (positron) decay, a nuclide transforms one of its core pro-
tons (p) into a neutron (n) and emits a positron ( * ), which is a particle
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with the same identical mass of an electron but positively charged [1], and
a neutrino ( ):

P on+ T+ (1.1)

The average positron range in matter depends on the positron's energy
and material characteristics, such as the density and the atomic number.
At the end of its path, the positron, being anti-matter to electrons, will
recombine with an atomic electron, giving rise to the annihilation phe-
nomenon. By annihilating, the electron and the positron convert their
mass into energy and produce a pair of 511 keV annihilation photons
traveling in (almost) opposite directions. The 511 keV photon energyE()
comes from Einstein's famous equation:

E = mc? (1.2)

wherem is the mass of the electron or positron andis the speed of light.

Figure 1.2: Annihilation mechanism

1.1.2 Interactions of gamma-rays with matter

In general, there are three main phenomena in nature which allow the
absorption of a radiation by a material [2]:

a) Photoelectric absorption  consists in the interaction between an
incident photon and an inner shell electron in the atom. The electron
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acquires energy from the photon, and so it reaches an energetic level
which allows it to be removed from its shell.

Figure 1.3: Photoelectric absorption

It is important to underline that the incident photon is completely
absorbed in the process; this explains how the photoelectric e ect
contributes to the attenuation of the radiations beam as it passes
through matter.

The kinetic energy possessed by the photoelectron, which is equal
to the amount of energy lost by the beam, is given by the following
equation:

Eloss = Ex = Eph Ebind (1.3)

where E, is the energy of the incident photon, whileEying is the
binding energy of the shell. Indeed, when the electron is kicked
out from its shell, it leaves a vacancy (a positive charge), which is
quickly occupied by an electron from a close more energetic shell;
this phenomenon can be accompanied by the emission of a radiation
(uorescence) or not. The x-rays emitted by uorescence are usually
reabsorbed by photoelectric interactions, but, if their energy is too
high, they can escape the material, thus appearing subsequently in
the reconstructed emission spectrum.
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b) Compton scattering is an interaction process characterized by the
fact that not all the energy of the incoming photon is released during
the interaction. Indeed, in this case, the photon does not kick out
an internal electron; it just interacts with a weakly bound electron,
loosing part of its energy and deviating from its original trajectory
(scattering).

Figure 1.4: Compton scattering

More precisely, the residual energy after the scattering is given by
the di erence between the energy of the impinging photon and the
energy of the emitted electron. Since not only energy but also mo-
mentum has to be conserved, the amount of energy loss during the
interaction and the interaction probability itself, depend on the an-
gle of collision, according to the Klein-Nishina formula [3]:
]
1

Foo = B b R T cos) -

moc2

Note that a particular case of Compton interaction isRayleigh scat-
tering or elastic scattering, which is characterized by a de ection of
the original photon with no loss of energy; this happens because the
energy possessed by the photon is not su ciently high to kick-out
an electron.

This phenomenon is particularly "dangerous” in medical imaging
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techniques like PET and SPECT. Indeed, elastic scattering can also
happen inside the body of the patient; when the elastically scat-
tered photons leave the body of the patient, they are detected by
the camera, which is not able to discriminate an unscattered pho-
ton from a photon which has been elastically scattered, being their
corresponding energies equal.

Thus, elastically scattered photons are associated to a wrong scin-
tillation position, and this phenomenon usually worsens the quality
of the image.

c) Pair production is an interaction process which happens generally
at higher energy than the other two: indeed, in pair production,
the impinging radiation is absorbed through the generation of an
electron-positron pair. In other words, if the gamma photon has a
energy at least equal to 1,022 MeV (twice the energy of an electron,
which is given by 2myc?) and if it's located in the coulomb eld
of a nucleus, it loses the previously mentioned amount of energy,
generating a electron-positron pair. Of course this phenomenon can
happen also at energy higher than 1,022 MeV.

Figure 1.5: Pair production

Each of the three mechanisms described above gives its contribution
to the overall attenuation coe cient, which is obtained by the following
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Figure 1.6: Attenuation coe cient of iron

relationship:

+ pairs (1-5)

photoelectric + compton

Photon attenuation coe cient has a crucial importance in the absorp-
tion process, because it de nes the rate of the exponential decay of elec-
tromagnetic radiation intensity as a function of the depth of penetration,
according to the Beer-Lambert equation:

I(X)= 1o € * (1.6)

wherex is the depth of penetration andl is the intensity of the incident
beam.

In gure 1.6, by way of an example, the attenuation coe cient of iron
is plotted in a log-log scale, in function of the energy of the radiation.
It can be noticed how, at lower energies, the predominant contribution
to the total attenuation coe cient comes from photoelectric interactions,
while at higher energy values Compton and pair productions become more
signi cant. Since the attenuation coe cient depends also on the atomic
number of the absorbing material, this plot is characteristic of each ma-
terial.
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1.2 Gamma imaging

Throughout the years, the interest of the scienti c community in radia-
tion detectors has grown more and more, since they have proved to have
applications in di erent elds, from nuclear physics to medical imaging.
In the eld of nuclear physics, the main application is spectroscopy, which
consists in measuring the emission spectrum of a sample, in order to char-
acterize it by individuating, for example, the type of present -emitter, or
estimating its concentration.

Another major application of -rays is medical diagnostic. Indeed,
x-rays imaging techniques like CT or radiography provide informations
about the morphology and anatomy of a tissue, which, often, are not
su cient in order to obtain a complete clinical framework required for
diagnosing and staging a disease. Many times, functional or metabolic
changes can happen independently from anatomical ones.

The introduction of -rays in medical imaging made possible to individ-
uate and monitor functional and metabolic changes of a tissue, with high
resolution [4]. The principle exploited by both PET and SPECT, which
are the two main medical imaging techniques employing-radiations, is
to obtain images representing the distribution of -rays emitters inside
the body of the patient: a substance containing speci c receptors, tagged
with a radionuclide is injected in the patient's body and then the tracer
spreads and accumulates in di erent regions proportionally to the rate of
delivery of nutrients to tissues.

1.2.1 PET/SPECT

Nowadays, SPECT (Single-Photon Emission Computed Tomography) and
PET (Positron Emission Tomography ) represent the most used functional
imaging techniques. Even if they are both based on the detection of
radiations and, consequently, they both exploit a gamma camera, their
working principle is quite di erent.

In SPECT, spatial resolution is introduced in the system by the use
of collimators, that absorb -photons not coming from a speci c direction
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Figure 1.7: Dierent types of collimators that accept photons incoming from
di erent directions

[5]. As aresult, only photons emitted from a speci ¢ direction are detected
by the system and the emission position can be ascertained. The main
drawback of using a collimator is the reduced e ciency of the detector,
since many emitted photons are absorbed by the collimator itself and not
detected. The consequence of the e ciency reduction is that, in order to
collect a signi cant amount of signal, the dose injected into the patient
has to be be increased, thus limiting SPECT application to children or
at-risk subjects.

Furthermore, when using a collimator, a trade-o between the geo-
metrical e ciency of the collimator and the achievable spatial resolution
is introduced; in order to improve the spatial resolution, geometrical e -
ciency unavoidably has to be decreased.

Di erently from SPECT, PET detects the interaction position of the
two annihilation photons that are produced back-to-back after positron
emission from a radionuclide tagged tracer molecule, which is chosen to
mark a speci c function in the body on a biochemistry level. Due to the
positron annihilation, we expect to observe two photons at roughly the
same time (in coincidence) in the detector ring; the annihilation event,
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i.e. the radioactive tracer, will be then located somewhere on the line
connecting the two photon-detection points.

This "electronic collimation” represents an advantage respect to SPECT,
since the knowledge of the photon direction prevents from the use of colli-
mators in order to restrict all the possible directions of the photons reach-
ing the detectors; this leads to an improvement of the detection e ciency,
reducing also the dose to be injected.

The reasons why photons detections do not happen at the exact same
time are di erent. The rst is that the annihilation event may occur closer
to one detector surface than the other, leading to a slight but measurable
delay of one photon respect to the other. Another crucial factor which
causes the temporal delay between the two detections is the nite timing
resolution of the detector, i.e. its timing uncertainty, which arises from
the decay time of the scintillation in the crystal and the processing time
of the photodetectors signals.

These e ects lead to the use of a coincidence time window on the order
of 6-10 ns [5]. If the two detections of the photons happen within each
other's coincidence window, they are assumed to be originating from the
same annihilation event, which is attributed to the line-of-response (LOR)
that connects the two detection points.

The problem of measuring the temporal delay between the two detec-
tions with a high accuracy becomes central in the Time-of- ight (TOF)
PET: with TOF-PET imaging the relative time di erence between the
detection of the two annihilation photons is used to determine the most
likely location of the annihilation event along the LOR [6].

A second important di erence between SPECT and PET is the type
of radioactive tracers used for the two techniques. Tracers consist in ra-
diolabelled biomarkers that are introduced into the patient's organism,
mainly to examine his organ or tissues functions. The labelling procedure
consists in chemical linking of a radionuclide to the speci ¢ structure of a
biomarker [7].

The main gures of merit to consider when dealing with radioactive
sources are:
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Activity:  is de ned as the number of decaying atoms per unit time
in a radioactive sample and measured in Becquersl {], equivalent
to one disintegration per second.

The activity of a radioactive source decreases exponentially, in ac-
cordance to the exponential-decay law:

A(t)= Age 1 (1.7)

where A, is the number of decaying atoms per unit time at the
starting time to, A(t) is the decays rate at timet and [s ] is the
decay constant of the radioactive source.

Therefore, the initial population of atoms decays exponentially at
a rate that depends on the decay constant. A low activity leads to
measurements that last for a long time, but it is less stressful for the
acquisition system.

" Half life: is the time required by half of the original population
of radioactive nuclides to decay or, referring to activity, the time
required by the starting activity Ay to decrease by half. The rela-
tionship between the half-life and the decay constant of a radioactive
source can be described by the equation:

_In2

1=

(1.8)

where 15, [9] is the half-life.

Energy: is characteristic of each radioactive source. The emitted
-rays interact with the patient's tissues before leaving the body;
the type of interaction is mainly Compton scattering. This results
in a broadening of the energy spectrum before they reach the de-
tector. The energy spectrum constitutes a unique signature of the
radioactive element: there is a one-to-one correlation between them.

For what regards SPECT applications, lots of radiopharmaceuticals
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SPECT Radionuclide Half-life Principal emission [ keV]
9mTe 6.01 h 140
123) 13.27 h 159
*Ga 3.26d 93.3 - 184.6
1R 2.80 d 171.3 - 245.4
2017 3.04d 167.4
155Th 5.32 d 86.5 - 105.3

Table 1.1: Main SPECT radioisotopes: half-life and energy of emitted gam-
mas [8].

are available: indeed, radioactive isotopes emitting single photons can
be bound to a high number of biomarkers. A list of the more common
radioactive sources employed for SPECT is showed in table 1.1. Radio-
tracers commonly used in SPECT are characterized by a good trade-o
between half-life and energy of the emitted photons. For Technetium,
which is the most widely used radio-tracer for SPECT, half life is equal
to about 6 hours, thus providing enough time to be able to transport the
source and perform examinations but also keeping the patient exposure
limited. The decay curve for Technetium is depicted in gure 1.8.

Figure 1.8: Radioactive decay law for Technetium-99m. At the beginning the
activity is equal to 1 MBq; after 6 hours (half-life) it decreases to0:5MBq.
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Radioisotopes for SPECT, however, may modify the biological proper-
ties of biomarkers they are bounded to, since they are atoms not naturally
present in biological compounds. If radioisotopes for SPECT are charac-
terized by a relatively long half-time and a low inertia towards biomarkers,
the ones employed in PET show opposite characteristics. The main ra-
diotracers for PET are derived by carbon ¥'C ), nitrogen (**N) , and
oxygen (°0), and so, being elements commonly present in biological sys-
tems, they can be bound to speci ¢ molecules without altering them. On
the other side, they are characterized by very short half-lives and, thus,
require cyclotrons on site to be produced.

Finally, one of SPECT useful properties is the possibility of imaging
more than one radionuclide simultaneously [9]. In order to be performed,
this so-called dual-isotope imaging requires su cient energy resolution of
the scanner to separately identify the energies of each employed radionu-
clide. In this way, events produced by di erent sources can be employed
to create separate images. The clinical relevance of this imaging modality
consists in the possibility to simultaneously assess more than one func-
tional biological property.

Dual-isotope imaging is not possible in PET, since all positrons emitted
by radionuclides produce a couple of 511 keV during annihilation with
electrons.

1.2.2 Gamma camera

The key component of a system for gamma imaging is the gamma camera,
that is the module aimed to detect single -rays and then convert them
into electronic signals to be processed, in order to nally estimate the
position and the energy of the interaction between eachphoton and the
module itself.

The conversion from radiation to electronic signals can be executed
following two main strategies:

direct conversion: in a direct conversion device, the radiations
are absorbed and directly converted into a number of electrons pro-
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portional to the energy of the incident beam.

indirect conversion : the problem of the conversion from -photons

to electric signals is decoupled. The rst step, which consists in ab-
sorbing the radiation, is performed by inorganic scintillators, dense
crystals made by elements at high atomic number, which, for this
reason, have a high capability to absorb the radiation. When excited
by -rays, they undergo a "scintillation”, namely they emit optical
photons, which isotropically spread inside the crystal. The following
step consists, instead, in converting the released optical photons in
charge carriers, which can be subsequently processed by a read-out
circuitry.

The indirect conversion is characterized by a greater detection e -
ciency, thanks to the use of scintillation crystals, but the decoupling of
the detection process ampli es the error on output signals. The indirect-
type conversion is usually preferred over the direct one, because of its
exibility and the possibility to optimize the absorption e ciency using
materials at high atomic number.

In general, depending on how the scintillator crystals and the photode-
tectors are coupled, two di erent families of gamma-cameras, illustrated
in gure 1.9, can be distinguished:

pixelated camera: a pixelated camera is constituted by an array
of photodetectors, each one individually coupled with its own scin-
tillation crystal, forming an independent detection unit, which is
de ned as pixel, and whose dimension de nes the spatial resolution
of the camera.

Anger camera: this type of con guration is based on a single,
continuous, monolithic scintillator crystal, which is coupled to an
array of photodetectors, which provide an output current propor-
tional to the number of incident photons [10]. In this case, the
spatial resolution is no longer limited to the dimension of the pixel;
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indeed, considering the same detection surface, it is possible to ob-
tain the same spatial resolution using a lower number of photodetec-
tors. Furthermore, using less photodetectors implies of course less
readout electronics channels to be implemented, and consequently,
less costs.

Figure 1.9: Pixelated and Anger cameras

While for pixelated detectors each pixel works as an independent detection
module and is coupled with its proper scintillation crystal, in the case
of Anger cameras, a photon interacting inside the continuous scintillator
activates simultaneously di erent photodetectors; for this reason, Anger
cameras require dedicated reconstruction algorithms in order to estimate
the exact position of interaction with the crystal, on the basis of the signal
detected by each photodetector.

Hereby, the following discussion will focus on continous detection mod-
ules rather than pixelated detectors.

The key elements composing a continuous gamma camera are:

~  Scintillation crystal
Re ective coverings

Optical coupling

Photodetectors
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Scintillation crystal

The scintillator is the component designated to the absorption and con-
version of the -radiations into a bundle of lower energy photons (typically
in the UV or visible range).

Scintillators can be divided in two main categories: inorganic scintil-
lators, that have a high conversion e ciency but are generally slow, and
organic ones, that have opposite characteristics. Inorganic scintillators
are the most widely used in nuclear medicine; they are solid crystals com-
posed of two or more atoms with high atomic number, thus providing
dense material, with a high absorption probability. Lambert-Beer law,
already de ned in equation 1.6 describes the probability for a certain ma-
terial to absorb radiations at a xed energy, with dependence to the depth
of penetration.

The main physical parameters to account for, when dealing with scin-
tillation crystals, are:

A

Density: it gives an indication of the gamma radiation absorption
capability of the scintillator. Since -rays interact primarily with
atomic electrons, the attenuation coe cient is proportional to the
electron density, which, in turn, is proportional to the bulk density of
the absorbing material. As a consequence, the higher the density of
the material, the higher will be its capability to absorb the radiation.

" Photon Yield: it de nes the average number of photons generated
in a scintillation process as function of the impinging gamma ray en-
ergy. Therefore, it represents the conversion e ciency of the crystal
and its unit of measure is number of photons over kev%). Since
scintillation photons represent the useful signal to be read, higher
values for this parameter allow better sensitivity and SNR (Signal
to Noise Ratio).

Refractive index: it is an optical characteristic of the medium,
expressed as a dimensionless number, describing light propagation
in a medium. Considering the interface of two objects with di erent
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refractive indexes, it is possible to calculate the re ection probability
of an impinging photon knowing its energy and the incidence angle
with respect to the interface plane. For what concern scintillators,
ideally, one would like the refractive index to be as close as possi-
ble to the value of the materials which are optically coupled to the
scintillator itself. In such a way, collection of light from the crystal
to the photodetector array is not a ected by re ection phenomena.

Scintillation decay time: generation of photons in the crystal
exhibits an exponential time distribution, which is related to the
cascade of processes involved in scintillation.

Therefore, this characteristic is described by a decay time constant,
which ranges from few tens of nanoseconds to tens of microseconds.
In some cases, the time distribution is better described by a com-
bination of two or more exponentials, with an equivalent number of
time decay constants.

Decay time a ects signal collection by the readout electronics; in-
deed, in order to correctly acquire all the charge generated by a
certain event, an integration of the photodetectors signal is needed.

Maximum wavelength:  this parameter resumes a more complex
characteristic of scintillators, that is the light emission spectrum.
Visible photons generated during the scintillation show wavelengths
continuously distributed around a value corresponding to the maxi-
mum probability of emission. This value is considered as maximum
wavelength or peak wavelength. When developing a gamma-camera,
the emission spectrum of the scintillator must be matched with the
absorption spectrum of the employed photodetectors, in order to
optimize the detection e ciency.

Intrinsic Energy Resolution: it is expressed in terms of percent-
age and represents the intrinsic scintillator crystal contribution to
the energy resolution capability of a radiation detector. Indeed, lo-
cal variations in the provided scintillation light output can be caused
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by material inhomogeneities, non-proportional response to energy or
non-uniform re ectivity of the re ecting covering.

Re ective coverings

The amount of scintillation light collected on photodetectors is a crucial
parameter for both imaging and energy resolution performances, since it
represents the signal of interest. Light produced in a scintillation event
spreads in all directions inside the crystal from the gamma interaction site:
the dispersion of these photons bundle is isotropic and only a percentage
of them, roughly estimated by a solid angle calculation, directly hits the
photodetection array. The optimization of the gamma detector requires to
enhance the light collection also for those photons whose initial trajectory
is not directed to the photodetection plane. For this reason, re ective
materials are employed, with the objective to redirect photons towards the
sensitive array. However, it has to be noticed that, although the presence
of re ective coverings on the lateral walls is important for improving the
energy resolution of the detector, it introduces some distorsions in the
reconstruction of events interacting along the borders of the scintillator.
The most important parameters for re ectors are:

Refractive index: it is fundamental to calculate the amount of
re ected light at an interface between two media as function of the
incident angle.

Re ectivity:  itis the average percentage of light re ected by a ma-
terial given a light bundle with uniform angular impact direction.
For light collection applications in scintillators, a high value of re ec-
tivity is required from the covering materials to increase collection
e ciency of photons.

Optical coupling

Di erently from the lateral sides, where re ection is enhanced to improve
energy resolution, re ection phenomenon must be minimized at the sur-
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face from which the scintillator is coupled to photodetectors to prevent
internal trapping of the light. For this reason, the crystal is coupled to
the photodetectors array by means of materials with particular optical
properties, generally a transparent grease or glue (resin).

Photodetectors

An indirect conversion detector has to convert optical photons into elec-
tric signals. The principles which can allow this conversion are di erent,
depending on the type of detector, but, in general, each photodetector can
be evaluated by some key parameters:

N

Photodetection e ciency: represents the conversion e ciency,
namely the percentage of incident photons which are actually con-
verted into charge carriers.

This characteristic depends on several factors:

the physical conversion process laying for the speci ¢ photode-
tector

geometrical features of the photodetector, such as the Fill Fac-
tor (FF), namely the ratio between the active sensitive area of
a photodetector and its total area

the wavelength of the impinging photon

the Quantum E ciency (QE) of the composing material, de-
ned as the ratio between the number of photoelectrons gener-
ated and the number of incident photons (which ideally should
be 100 % )

" DCR (Dark Count Rate): it expresses, inHz=mm?, the number
of electron-hole pairs spontaneously generated in photodetectors be-
cause of temperature.

This phenomenon introduces a random noise contribution that adds
to useful output signals.
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Gain: a photodetector has to possess a certain internal gain, in
order to create appreciable output electrical signals even in presence
of few incoming optical photons.

Response time: the conversion of photons into carriers and the
following collection of charges at the electrodes present a time de-
velopment that depends on the physics and on the geometry of the
detector. The ideal detector would have a short pulse duration, close
to a Dirac's delta impulse response.

Temperature stability: it is necessary to ensure a proper func-
tioning of the detector in di erent environmental conditions.

Bias voltages: lower values of biasing volage are desirable, meaning
less power dissipation and heat.

1.2.3 Figures of merit

In order to quantify the detection and imaging performances of the global

system, several meaningful parameters are usually employed:

Spatial resolution: itis de ned as the minimum distance required
between two distinct sources of gamma radiation to visualize them
as distinct objects on the output image.

Spatial resolution is associated to the concept of Point Spread Func-
tion (PSF), representing the spatial response of the gamma imaging
system to a point source. PSF is usually described in the image
plane with a Gaussian distribution; hence, spatial resolution is fre-
qguently measured as the full width at half maximum (FWHM) of
the PSF characterizing an imaging device.

Sensitivity: it is de ned as the ratio between the number of events
acquired by the instrument in the unit of time and the activity of
the source (expressed in Bg). The sensitivity is closely related to
the Count Rate (CR) , which is the maximum temporal frequency
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of radioactive decays that the instrument is able to acquire. Pulses
pileup, namely the superposition of light ashes produced by distin-
guished events, represents the main bottleneck for the count rate,
preventing the gamma camera to have satisfactory performances
when the activity of the radioactive source is increased.

Energy resolution: it is de ned as the minimum energy gap exist-
ing between two gamma-sources which can be distinguished by the
detection system. Even if a population of detected monoenergetic

photons is considered, the resulting energy distribution measured
by a gamma camera is well represented by a Gaussian fuction. The
reason for this is attributable to the intrinsic stochastic processes
regarding scintillation and electric signal production.

" Fields of view (FOV): it is de ned as the extent of the active
detection surface of the system able to detect gamma events.

Usually, two sub-sections of this area are de ned:

Useful FOV (UFOV), which is the portion where events are
reconstructed without showing particular non-linear e ects.

Central FOV (CFQOV), which corresponds to the more central
area of the detector usually providing better spatial resolution.

1.3 Multimodal imaging and INSERT

1.3.1 Multimodality

Today, medical imaging technologies are expected to provide an adequate
grade of correlated information between anatomical structure and func-

tional processes. Indeed, anatomical imaging does not always provide the
complete clinical framework required for diagnosing and staging diseases
or monitoring response to therapies, since functional or metabolic changes
can occur independently of anatomical ones. This new paradigm regarding
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combination of functional and anatomical information in medical images
found its actualization in multimodal techniques

This expression is employed referring to the development of technolog-
ical systems or computational approaches allowing to merge images from
di erent medical modalities by performing their co-registration in space
and time.

Many attempts of developing multimodal imaging systems have taken
place during the years.

Initially, multimodality was intended just like retrospective software
registration of volumetric datasets of patient's body districts [11]. Of
course, this approach presents many unconvenients to face; changes in pa-
tients positioning passing from an imaging devices to the other, or simply
organ motions during the acquisitions make the precise overlapping of the
two recordings particularly challenging.

In order to cope with these problems, the attention of the research
moved to the development of systems, which integrate on a hardware
basis the two types of imaging modalities.

In the early 2000s, the rst commercial implementations of devices
allowing multimodality on a hardware basis were introduced. These were
SPECT/CT and PET/CT scanners, in which nuclear medicine provided
functional information by using radioactive tracers and gamma-photon
detectors whereas CT was employed to image anatomical structures.

The introduction of combination of modalities through dedicated hard-
ware instruments proved to possess the ability to address scienti ¢ or clin-
ical questions that would be impossible on separate systems.

Di erent approaches can be used in order to design the architecture of
a multimodal scanner [12]:

separate system approach : the two imaging scanners are placed
in two separate adjacent rooms, the patient is positioned on a imag-
ing table which move from one scanner to the other, through two
separate gantries. In this way, the time interval between the two
acquisitions is reduced, and, being the two imaging systems inde-
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(a) Sequential approach (b) Integrated approach

Figure 1.10:  Scanner architectures of two types of multimodal systems.

pendent, their imaging performances are preserved and no redesign
of the system is needed.

sequential approach : di erently from separate-systems approach,

the two imaging systems are placed one next to the other, further
minimizing the possibility of patient movements from one recording

to the other. In these type of systems, a xed coordinate transfor-
mation between the two imaging devices is applied, in order to allow
the spatial-overlapping of the two images.

integrated approach : even if it is undoubtedly the more chal-
lenging, integrated approach is also the more promising and precise
multimodal technique, since it allows a direct co-registration, thus
preventing errors due to the non simultaneous recording of the im-
ages. The main problem is the need to re-adapt the design of the
two imaging systems, in order to prevent mutual interferences and
to cope with geometrical and encumbrance constraints.

1.3.2 INSERT project

The present thesis project has been aimed at the exploration of new ma-
chine learning-based image reconstruction methods, whose validity may
be extended, in principle, to any type of gamma camera.

The simulated and experimental validation of these techniques has
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been performed on a multimodal imaging system, which has been devel-
oped by a previous research project, called INSERT [13].

INSERT project has been funded by the Seventh Framework Program
of the European Commission and started on March 1st, 2013 (INSERT -
development of an integrated SPECT/MRI system, s.d.). The acronym
refers to the project aim of developing compact SPECT insert to be t
inside commercial MR scanners for enhanced strati cation of brain tumor
and early assessment of treatment e cacy.

In particular, the project wanted to address the need of a more power-
ful tool for the diagnosis and therapy of gliomas, a common type of brain
and spine tumor, occurring in the 33 % of the overall central nervous
system tumors and representing the 80 % of all malignant brain tumors.
Indeed, one of the techniques producing outstanding results in terms of
brain cancer treatment is radiotherapy, which requires a precise identi -
cation and localization of the tumor and its environment. Therefore, the
integration of a new SPECT system in an existent MRI scanner, allow-
ing the two imaging modalities to operate simultaneous acquisitions, gives
the possibility to obtain multiple parameters to better de ne not only the
tumor position inside the patient-speci ¢ anatomy, but also its biological
characteristics.

1.3.3 INSERT clinical scanner architecture

In the framework of INSERT project, two di erent imaging system have
been designed and implemented: a clinical scanner, for human neck imag-
ing, and a pre-clinical, which has smaller dimension and it is nalized to
small animals imaging.

The experimental measurements which will be introduced in the fol-
lowing chapters have been collected by using one of the detection modules
of the Clinical system, which will be now brie y described in order to
provide a better understanding of the functioning of the whole detection
system.

Clinical INSERT SPECT/MRI system, depicted in gure 1.11, has
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Figure 1.11: Clinical INSERT SPECT Scanner

been designed to obtain 3D images of the distribution of radiotracers in
the whole human brain.
The system consists in three main components:

N

SPECT scanner: composed by 20 detection modules (namely 20
Anger cameras each one featuring 72 channels), the collimator and
ancillary systems (laptop, cooling unit, electronic boards for com-

munication and power supply).

RF coil: a RF coil designed in order to be inserted in the rear part

of the SPECT ring. The transmitter coil generates the oscillating

magnetic eld necessary to bring the nuclear spins to the excited
state. The receiver coil measures the radiofrequency (RF) electro-
magnetic radiation produced by the spontaneous relaxation of the
nuclear spins orientation inside the subject.

Commercial MRI:  a standard magnetic resonance scanner.
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Figure 1.12: INSERT system

The three components are illustrated in gure 1.12

1.3.4 SPECT scanner

In order to form a 3D tomographic volume, providing functional informa-
tion about the patient, it is necessary to build 2D projections and then to
combine them together by dedicated algorithms.

In general, there are the main possible approaches to obtain multiple
planes acquisitions:

A

Rotational approach: a set of gamma cameras (typically 4) are
located around the region to be imaged and mechanically connected
to a rotational engine that changes their angular position in order
to acquire subsequent projection planes along a circular trajectory.

Stationary approach: several gamma cameras are orientated around
the longitudinal axis of the scanner in a ring con guration. The
number of projection planes covered corresponds to the number of
gamma cameras employed. The nal geometry of the system can
be a closed or open ring. The planar images are recorded within
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the same time interval, opening the possibility for dynamic track-
ing of radionuclides and reducing the total examination time at the
expense of a higher cost.

In order to be MR-compatible, INSERT clinical system adopts a sta-
tionary approach with an open ring geometry , as depicted in gure
1.13.

(a) Clinical INSERT geometric (b) Clinical INSERT ring, real pic-
schematic ture

Figure 1.13: INSERT SPECT scanner adopts a partial (or open) ring ge-
ometry: the bottom part of the ring is not covered by sensitive elements. (a)
Conceptual draw showing the 20 detector modules disposition inside the instru-
ment. (b) Real picture of the scanner, only the collimator is visible from the
outside, while the 20 gamma cameras are hidden behind it.

Collimator

Collimators are made of materials with high density and high attenuation
coe cients; INSERT clinical scanner uses a Multi-mini Slit-Slat collima-
tor (MSS) made of Tungsten. This type of collimator, illustrated in gure
1.14, is made of slits orientated along the axial direction and thus in u-
encing the transaxial resolution of the detector, and slats, orientated in
the opposite direction in a way to in uence the axial resolution [14].

Scintillation crystal

Clinical INSERT single module has aCsl(Tl) (Thallium-doped Ce-
sium lodide) scintillation crystal. The crystal, depicted in gure 1.15



28 CHAPTER 1. GAMMA IMAGING AND INSERT

Figure 1.14: MSS collimator

has base dimensions approximately equal to 1200 mm x 50 mm, while its
thickness is 8 mm. Thickness choice derives from a compromise between
absorption e ciency, directly proportional to thickness, and intrinsic spa-

tial resolution, which instead improves for thinner scintillators. The reason
for that is related to the distribution of scintillation light on the photode-
tection plane. As described by Lambert-Beer law (eq. 1.7), scintillation
light is likely generated in the rst millimeters of the material, then it is
seen by the photodetectors through a solid angle.

(a) Clinical crystal, geometry (b) Clinical Csl crystal, photo

Figure 1.15: Clinical INSERT crystal. Two edges of the scintillator are
slanted in order to x the detector modules in the nal SPECT architecture in
a ring shape.

How it is possible to observe from gure 1.16, the distribution of light
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on the detection plane is sharper when the crystal is thin, while the spread
increases for thick scintillators.

CslI(TI) has high conversion e ciency (yield), which is important for
low gamma energy detection (froml00 keVto 200 ke\), but the time dis-
tribution of the emitted light photons is described by a slow bi-exponential
function. The crystal is slightly hygroscopic, therefore it has to work in
a dry environment but it does not require encapsulation (unlike Nal),
making it easier to obtain a compact SPECT scanner.

Figure 1.16: Light distribution for a generic gamma event in a thin crystal
(left) and in a thicker one (right).

Parameter Value for Csl
Density [g=cm®] 4,52
Light Yield [photons/keV] 65
Refractive Index 1.79
Decay Time [us] (room temperature) 0.68 64%) 3.34 (36%
of max. emission [nm] 540

Table 1.2:  Csl parameters regarding interaction with gamma rays and optical
behaviour [3].

The described properties of the scintillation crystal are listed in table
1.2.

Re ective Covering

In order to preserve as much as possible the amount of scintillation light
reaching the photodetectors, INSERT CsI(Tl) crystal is covered with a
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4-layers Te on re ective covering, with the exception of the lower photo-
sensitive plane. The choice of Te on as re ective covering material derived
from its high re ectivity ( 94 %) and its di usive re ection properties.

Optical Coupling

In INSERT detection module the coupling between the scintillator and the
array of photodetectors is provided by Meltmount, a transparent mount-
ing media similar to a resin. When heated up, the viscosity of the mate-
rial decreases and the photodetectors can be glued to the crystal surface.
The target refractive index for the coupling material was chosen as an
intermediate value between the refractive index of the scintillator crys-
tal (neystar = 1:79) and the one of the optical protection resin covering
the photodetectors Qresin = 1:51). However, Meltmount can have dif-
ferent refractive indexes corresponding to di erent mechanical properties;
it was choosemyeimount = 1:539 because of the appropriateness of the
corresponding mechanical properties [15].

Photodetectors

Photodetectors used in INSERT scanner are Silicon photomultipliers (SiPMs),
which, how it will be described in the next chapter, present some impor-
tant advantages in terms of low-voltage operation (with respect to PMTS),
insensitivity to magnetic elds, mechanical robustness and compactness.
A further description of the characteristics of SiPMs detector used in IN-
SERT will be provided in the following chapter.



Chapter 2

INSERT photodetectors and
signals readout

Within this chapter, the photodetector used in INSERT detection mod-
ule, the Silicon Photomultiplier or SiPM, will be described in terms of

structure, working principle and gures of merit. In the second part of

the chapter, the SiPMs signals readout strategy implemented in INSERT
clinical module will be addressed.

2.1 Photodetectors for gamma detection

Recent research and technological advancement has allowed to o er a wide
variety of photodetectors for gamma radiations, each characterized by a
di erent structure and working principle.

One of the most common is thePIN photodiode ; it consists of a
reverse p-n junction, where theg* and n* doped regions are separated
by an intrinsic region, as shown in gure 2.1. This type of p-n junction is
reversely biased with a biasing voltage in the order of 70 V.

The principle exploited by a PIN photodiode is the following: given
the wide gap between thg" and n* regions, the optical photons are sup-
posed to be absorbed mostly into the intrinsic depleted region, which is
subjected to a strong electrical eld. Consequently, photoelectrons gen-
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Figure 2.1: PIN photodiode

erated by absorption will migrate towards the n-region (the holes will do
the opposite).

PIN photodiodes allow to obtain high resolution images, being possi-
ble to implement highly dense detector pixellation. On the other hand,
substancial limits of the PIN photodiode are the absence of a multipli-
cation stage, which introduces the need of designing a proper electronic
amplifying stage, and the high dark current, due to thermal generation of
carriers in the depletion layer.

Another family of detectors commonly employed is the one @&ilicon
Drift Detectors (SDDs). In SDDs, the depletion of the silicon bulk
is achieved exploiting the sideward depletion principle; in addition, an
electric eld parallel to the surface of the wafer is superimposed in order
to let the electrons to drift towards a small collecting anode ( gure 2.2).

This additional electric eld is obtained by means of segmentation of
one or both of thep” electrodes at the wafer's surface and by suitably
biasing these electrodes with a voltage gradient[16]. Like a PIN diode,
an SDD does not provide internal multiplication, but it is charachterized
by a very low anode capacitance, which is independent on the active area
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Figure 2.2: SDD con guration

size; thus, dark current is reduced respect to PIN [17].

Avalanche Photodiodes (APDSs) are, instead, a particular type of
photodiodes, where an high intensity electric eld region (in the range
of 5 1 % is added between the p and n regions (gure 2.3). This
region is obtained reverse-biasing the junction at a voltage slightly below
the breakdown voltage, that is the value beyond which the current in the
diode increases exponentially.

This strong electrical eld represents an internal gain for the signal.
Indeed, when a photon is absorbed inside the depletion region, an electron-
hole pair is created; the hole is collected at the anode, while the electron
Is accelerated by the electric eld acquiring enough energy to create an-
other electron-hole pair by ionization. Then, the primary and secondary
electrons are accelerated again and generate other e-h pairs. Also holes
can produce pairs by impact, generating a positive feedback e ect.

Thanks to the fact that the device is biased just below breakdown
voltage, the output current signal is proportional to the number of incident
photons through a multiplication factor, which is function of the applied
voltage, that ranges from 50 to 300 V. Quantum E ciency of APDs is
generally higher than 80% in the visible region. The main drawbacks
are the high ENF (Excess Noise Factor), due to the cascade of ionizing
collisions, their low stability to temperature, and their low gain, which
make them unusable for single photons detection applications. For this
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Figure 2.3: APDs con guration

last reason, they are chosen much more in spectroscopy than imaging.

Another type of detector commonly used for gamma imaging is the
Photomultiplier Tube (PMT). PMTs are typically made of an evacu-
ated glass housing which contains a photocathode, several electrodes and
an anode as depicted in g 2.4. The incoming optical photons are ab-
sorbed by the photocatode, which is covered with a thin photosensitive
layer, and converted in low energy electrons by photoelectric e ect. These
so called photoelectrons are directed by the focusing electrode toward the
multiplying stage which consists of a number of electrodes, called dynodes,
each one held at more positive potential than the preceding one.

Each of the dynodes exploits the energy of the incoming electron (pri-
mary electron) to generate several secondary electrons. The gain M (typ-
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Figure 2.4. PMT con guration

ically in the order of 1> 6 1C® ) of a PMT with N dynodes is the total
number of electrons produced by a single incident photon which can be

expressed as:
M= N (2.1)

where is the multiplication factor of each dynode.

The main strength of PMTs is the presence of a signi cative mul-
tiplication factor, which relaxes the constraints on the electronic noise.
Furthermore, the time response of SDDs is very fast (shorther than 1ns).
On the other hand, PMTs are very bulky, they require high biasing volt-
age (generally between 300 V and 2000V, depending on the number of
dynodes), they usually have a low quantum e ciency (< 30%) and they
are sensitive to the presence of magnetic elds.

2.2 Silicon Photo-multiplier

The Silicon Photomultipliers (SiPMs), rstly developed in 1997 [18], at-
tracted more and more the attention of researchers, in particular for nu-
clear and medical applications, because of their benets compared to
PMTs, mainly in terms of magnetic compatibility and reduced biasing
voltages.

2.2.1 SiPM structure

A SiPM is constituted by a parallel array of photon counting micro-
cells. Each microcell consists of a Geiger-Mode Avalanche Photodiode
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(GMAPD) (also called Single Photon Avalanche Photodiode (SPAD)),
with an integrated quenching element, as represented in gure 2.5.

Figure 2.5: SiPM con guration

As already explained previously, APDs are biased below the break-
down voltage and thus they feature a much smaller gain than SPADs or
PMTs, since the devices are operated to have a linear ampli cation gen-
erated by the multiplication of free carriers. The multiplication process
is related to subsequent ionizing collisions, originated by both electrons
and holes. This cause a high Excess Noise Factor (ENF) and, together
with the small ampli cation provided, prevents the device from being able
to detect single photons. However, the current signal provided from an
APD is proportional to the number of triggered avalanches, therefore the
output current is proportional to the number of absorbed photons.

On the contrary, SPADs are devices which operate above the breakdown
voltage: an electron-hole pair can be generated in the depleted region
through the absorption of a photon, and these free carriers, accelerated
by a strong electric eld, originate a self-sustaining current by means of
impact ionization. In order to stop the avalanche, the approach used in
a SiPM consists in implementing, in series to the avalanche diode, a pas-
sive quenching resistor, that produces a voltage drop proportional to the
avalanche current and thus reduces the voltage across the junction be-
low the breakdown voltage, quenching the avalanche. As no more current
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ows, the diode depletion capacitance is recharged to the bias voltage,
and a new avalanche can be triggered.

This behaviour can be modeled at rst order with a simple equivalent
circuit, depicted in gure 2.6, along with its operation cycle; the main
parameters are the voltage across the junctiow , the photodetector series
resistanceRs, the photodetector depletion capacitanc€pep , in the order
of tens of fF, the breakdown voltagevsp , the quenching resistancdRq,
typically in the order of hundreds of RVto some MW[19][20], and the bias
voltage Vg as , higher than Vgp , that generates the high electric eld that
sustains the avalanche.

(&) SiPM microcell equivalent model

(b) SiPM microcell operating cycle view

Figure 2.6: Equivalent model of SiPM single cell (top) and operating cycle
(bottom).

With no incoming photons, the switch is open, the voltage across the
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depletion capacitanceCpep is equal toVgas and no current ows.

When the microcell absorbs a photon, an electron-hole pair forms; one
of the charge carriers drifts to the avalanche region, where it can initiate
an avalanche. As soon as the avalanche is triggered, the switch closes
causingCpep to be discharging throughRs (beingRqg  Rs), sustained
by a current I pgt .

In particular, from the moment of triggering of the avalanche, the
current I pgt rises exponentially with a time constant ,ise given by:

rise = Cpep (RskRg) Cpep Rs (2.2)
The peak value of the currentiper IS given by:

| DET peak w (2.3)

The quantity Vgias  Vep is commonly referred to agxcess voltage
Vex , Or overvoltage

The junction voltage Vp, which before the avalanche was almost equal
to Vep (beingRqg  Rs), after the avalanche drops, following the same
time constant se de ned in equation 2.2. As the electric eld across
the junction decreases, due to the voltage drop oRq that reducesVp,
the avalanche extinguishes and no more current ows. This behaviour is
modelled by opening the switch, and the voltag¥p is reset toVgas with
the slower time constant:

reset = Cpep RQ (2-4)

Only when Vp reachesVgias the microcell is ready to trigger another
avalanche. The current pulse supplied by the photodetector, according to
the model, is represented in gure 2.7.

Each microcell features a bi-stable behaviour, as the avalanche itself is
not proportional to the number of absorbed photons, since the cell is no
more sensitive till the bias voltage has been restored on the photodetector
depletion capacitance, and no further events will generate signals. The
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Figure 2.7: Graph of the current owing through the terminals of the SiPM
from the start of the triggering to the recovery of the bias voltageCp in the
gure is equal to Cpgp .

principle exploited by SiPMs is triggering an avalanche breakdown when
an incident photon generates an Electron-Hole Pair (EHP) inside the de-
pleted region; pulses which are triggered by non-photo-generated carriers
constitute noise sources.

Common noise sources are thermal generation of EHPs or generation
of electrons by tunnelling e ect; these e ects are undesired and referred
to as dark counts

The typical response of a silicon photomultiplier is shown in gure
2.8, together with the distribution of the acquired signal amplitudes. The
signal is quantized, and the contributions of single photons are clearly
visible.

Figure 2.8: Typical SiPM response (on the left) and spectrum (on the right)
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2.2.2 Figures of merit of a SIiPM
Photodetection e ciency

The Photon Detection E ciency (PDE) is de ned as the probability for
an impinging photon to develop an electrical signal. It is intuitive to
express this quantity as the joint probability for a photon to be impinging
on the active area of the photodetector, to be absorbed in silicon, and to
e ectively trigger the avalanche, leading to the following expression:

where QE( ) represents the Quantum E ciency, FF the Fill Factor
and Pyigger (V) the avalanche triggering probability.

The Fill Factor is a geometrical parameter, which depends on the
layout of the microcell, de ned as the ratio between the active area and
the overall area of a microcell. Indeed, not the entire area of the detector is
able to be activated: the dead area is mainly attributable to the quenching
resistor and guard rings. However, increasing the size of the cell, for the
same quenching resistor the |l factor improves, as the relative weight of
the dead area reduces, but a larger active area lead to a larger depletion
capacitance, thus to a slower response of the device.

Moreover, for SiPMs of the same overall size, larger cells lead to a
lower total number of cells, thus decreasing the dynamic range of the
photodetector.

The Quantum E ciency is the probability for a photon impinging on
the active area to be absorbed generating an electron-hole pair in the
medium. This quantity is related to the promotion of valence electrons
in conduction band and therefore is a function of the wavelength of the
impinging photon and the absorption material (Silicon in this case).

In order to absorb the incident light, the absorbing material has to
be su ciently thick, according to the Beer-Lambert equation. Quantum
e ciency in SiPMs can be maximized, until reaching values as high as
98%, by depositing proper anti-re ecting coating layers over the SiPM
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active area.

The Triggering probability depends on how likely is for a carrier to
trigger an avalanche and it can be expressed as [21] :

I:)trigger = Pe+ P Pe Ph (2.6)

where P, and P, are the probability to trigger an avalanche for an
electron and a hole respectively.

Figure 2.9: Avalanche triggering probability as a function of the position of the

free carrier generation: if the generation of e-h pairs occurs deeply in the high
eld region, only electrons can generate an avalanche, if instead the generation
occurs near the n + region, the avalanche is triggered only by holes.

Being related to the electric eld in the depletion region, this quantity
is a function of the SiPM biasing voltage. In siliconP, > Py, but the
respective probabilities also depend on the position of generation of the
electron-hole pair, as represented in gure 2.9.

For instance, if an electron-hole pair is generated close to thé region,
the electron will be accelerated for a very small time, and reaching a rela-
tively small speed, it will have a small probability to trigger an avalanche,
while the opposite holds for an hole. The electron avalanche triggering
probability is maximized if the electron is generated at the limit of the
depletion region, so that the electric eld will accelerate the electron for
the longest possible time.



CHAPTER 2. INSERT PHOTODETECTORS AND SIGNALS
42 READOUT

Dynamic Range and Linearity

As previously explained, SiPMs are constituted by an array of elementary
microcells.

The maximum signal that can be provided by a SiPM photodetector
corresponds to the case in which every cell has been triggered, while the
minimum signal consists in the output signal of a single cell. However the
detection of photons is a statistical process, based on the probability of
detecting a certain number of photons by a limited number of sensitive
microcells. For this reason, the output signal of a SiPM is in uenced by
the statistical uctuations that two or more photons hit the same cell.

The average number of ring microcellsNseq , @s a function of the
number of impinging photonsN,,, given a certain number of celldNgg
and PDE, can be computed as [22] :

|

PDE Npp

Nfired = Neet 1 €  Neel (2.7)

According to this formula, it is evident that the output signal of a
photodetector is proportional to the number of impinging photons only as
far asNpn << N ¢y -

Saturation e ects are explained from the fact that for a large number
of photons, comparable to the number of the microcells, the probability
of multiple photons hitting the same cell becomes signi cant.

In gure 2.10 are shown experimental results obtained with three dif-
ferent SiPMs with 576, 1024 and 4096 cells respectively, that shows the
number of red microcells as a function of the generated photo-electrons
(obtained by knowing the emitted optical power, thus the average number
of impinging photons and theP DE of the SiPMs) [22].

Gain

The gain of a SIPM sensor is de ned as the number of carriers involved
in the avalanche current for a single microcell. SiPMs generate a highly
uniform number of carriers each time an avalanche event happens.
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Figure 2.10: The SiPM output signal saturation for three di erent numbers
of microcells (576, 1024, 4096): the number of red microcells is proportional
to the number of incident photons if this is well below the number of cells,
otherwise the output signal shows saturation. Figure taken from [22].

The average gain can be computed as the charge delivered from the
photodetector with respect to the elementary electron charge, according
to [23]:

G = Coer (Veias  Vep) _ Coep  Vex (2.8)
q q

whereCpep VEx represents the amount of charge needed to discharge
the single cell to the voltageVg as , namely the voltage corresponding to
absence of triggering.

The gain of a SiPM can be enhanced by increasing the overvoltage
or using large microcell photodetectors, which feature larger depletion
capacitance. Typical available gain values for commercial SiPMs are larger
than 1 1C° [23][24], even larger than that of some high quality PMT.

Usually gainis in trade-o with response speed and noise performances,
as increasing the photodetector depletion capacitance will cause a slower
response, and increasing the overvoltage leads to a higher Dark Count
Rate, as will be discussed in 2.2.2. The dependence of the gain on cell size
(capacitance) at di erent overvoltages is shown in gure 2.11 [25].
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Figure 2.11: Dependence of NUV-HD SiPM gain on cell size at di erent
overvoltages

SiPM gain strongly depends on temperature through the Breakdown
Voltage (Vzp ) [26]: if temperature increases, alsbgp increases, leading
to a reduction of SiPM gain if Vgjas is kept constant. It is therefore of
utmost importance to operate SiPM at stable temperature or compensate
for temperature variations by changing the biasing voltage.

Typical values of temperature coe cient (@V=@ Tof commercially
available SiPMs are in the order of 20 m\C to 30 mV/°C [23][24]. In
gure 2.12 are reported experimental data from FBK NUV SiPMs [27]
and for Hamamatsu S13360-3050CS SiPMs [19].

Dark Count

In parallel with photon absorption, also thermal agitation and tunnelling

e ect can generate free carriers by promoting them from valence to con-
duction band, which, accelerated by the electric eld, can eventually trig-
ger the avalanche [28]. All the processes cause the same output signals
and hence they are not distinguishable. Thermal promotion and eld-
assisted charge generation by tunneling are distributed in time following
the Poisson statistic, and are independent on the irradiation condition of
the photodetector.
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Figure 2.12: Dependence of gain on temperature and overvoltage in FBK 50
umO50 um NUV SiPMs (on the left) and Hamamatsu S13360-3050CS SiPMs
(on the right)

Usually, datasheets refer to these e ects as Dark Count Rate (DCR),
which is the mean frequency at which avalanches are randomly triggered
without light sources, and it is quoted inkHz=mm?. The two e ects
depend respectively on temperature and on the overvoltage applied to the
photodetector, as it can be seen from gure 2.13.

Correlated Noise

Along with dark count, optical crosstalk and afterpulses are phenomena
contributing to the overall noise of SiPMs. They are referred to as corre-
lated noise, since they happen with a certain probability when a photon is
absorbed in silicon, and so they are correlated with the signal. In particu-
lar, optical crosstalk is caused by the nite probability of photon emission
during the avalanche breakdown, and can take place through two di erent
mechanisms: Direct Crosstalk (DiCT) and Delayed Crosstalk (DeCT).

The former happens when the generated photon moves directly towards
the depletion region of an adjacent microcell and triggers new avalanches,
almost simultaneously to the signal generated one, thus a single photon
can lead to an erroneous output signal, equivalent to a number of photons
greater than one.

Delayed crosstalk happens, instead, when the generated photon cre-
ates an electron-hole pair outside the depletion region (the substrate for
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Figure 2.13: Dark Count Rate as function of the overvoltage at di erent
temperatures in a FBK SiPM.

example) of an adjacent microcell. This electron-hole pair can trigger an
avalanche only if it reaches the active region of the cell by di usion; there-
fore, delayed crosstalk leads to the appearance of a succession delayed
pulses, randomly distributed in time.

Optical crosstalk can be reduced increasing the distance between mi-
crocells (but at the cost of reducing the Fill Factor) or inserting optical
insulators between them (trenches) [29].

A third source of correlated noise are afterpulses. Afterpulses are
caused by impurities in the lattice that introduce trapping states cor-
responding to energy level close to the valence and conduction band, so
that free carrier can be trapped in these states and released after a cer-
tain time proportional to the state energy. These carriers can then trigger
other avalanches and thus, afterpulses ( gure 2.14).

They can also occur as a consequence of the generation of an electron-
hole pair in the substrate by a photon emitted during the avalanche that
di uses toward the substrate: if the generated carrier reaches the same
microcell active region by di usion, a new avalanche is triggered and an
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Figure 2.14: Afterpulse waveform amplitude depend on the delay between the
afterpulse and the original avalanche: if the cell is not completely restored, the
second avalanche is characterized by a lower amplitude

afterpulse is produced (in DeCT, instead, the avalanche is produced in a
di erent cell). This phenomenon is referred to as Di usive Afterpulsing.
The delay of afterpulse generation is usually less than 100 ns and the
amplitude is always lower than the one of the primary pulse, due to the
fact that cell has not yet fully recharged.

All these e ects are clearly visible through an oscilloscope, as reported
in gure 2.15.

Excess Noise Factor

In photodetectors with internal multiplication, like APDs and PMTs, the
internal gain is obtained by a multiplication mechanism, which is a sta-
tistical process: it is characterized by a mean value, i.e. the nominal
gain, and a variance. Gain uctuations enhances the noise on the overall
measurement as they add uncertainty in the measure.

The ENF parameter is used to account for a uctuation in the charge
of the output signal. Despite having an internal multiplication process,
SiPMs provide a highly uniform and quantized amount of charge in re-
sponse to the absorption of a photon, leading to ENF very close to unity
and mainly limited by optical crosstalk and afterpulses [30].
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Figure 2.15: Correlated noise waveforms acquired with an oscilloscope.

2

ENF =1+ S;e" (2.9)

cell

where 2, is the variance in gain between di erent cells (pixels) and
S2,, is the average output signal from a single cell, and their ratio is
smaller than 0.1 [31].

2.3 SiPMs readout

In literature, three are the most common approaches for SiPMs read-out
[32]:

A

voltage mode: the current signal coming from the SiPMs is con-
verted into a voltage signal, by means of a small resistance, typi-
cally 50 . The voltage signal is then ampli ed and Itered through

a shaper to optimize the signal to noise ratio and to perform the
charge measurement.

charge mode: this approach consists in connecting one of the de-
tector terminals directly on the virtual ground of an operational
ampli er; the charge is obtained by direct integration of the current
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signal coming from the detectors.

current mode: it can be considered a development of the charge
mode input stage, that adds a current scaling circuit in order to re-
duce the capacitance required to integrate the whole charge delivered
from the detector.

The last method o ers some important advantages respect to the
charge mode. First of all, the use of a current feedback allows to provide
a small input impedance and, consequently, a large bandwidth. Further-
more, the current mode approach does not su er from possible voltage
limitations due to deep submicron implementations; this enhances the
dynamic range, allowing to exploit the whole SiPM signal [33].

2.3.1 SiPMs readout in INSERT

Clinical INSERT gamma module implements 8 tiles of SiPMs mounted
on supporting PCBs (g. 2.16). Each tile is constituted by 6x6 RGB-
HD SiPMs (FBK, Trento). The bias is directly carried to all the SiPMs
cathodes through bridge bondings between neighbouring photodetectors.
The output anodes of four neighbouring SiPMs are connected together
to form a merged channel, therefore, each acquisition channel reads the
current signal provided by the sum of four SiPMs. The active area of
the virtual SiPM (obtained by the merging) is 8 mm x 8 mm. Technical
characteristics are reported in table 2.1.

Figure 2.16:  Single SiPM tile. 6x6 SiPMs, each one with an active area of 4
2
mm=.
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