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Today, particle therapy (PT) has become a widely accepted and promising option for tu-
mor treatments, next to surgery, chemotherapy, conventional radiotherapy and emerging
immunotherapy.
The characteristic dose distribution, culminating at the Bragg peak, is the main advantage
of charged particles over photons. However, the intrinsic precision of charged hadrons can
be a double-edged sword, as particle range is not exempted from uncertainties, which are
closely related to the imperfect knowledge on the patient morphology. For this reason, if
the beam is not well localized, it can result in a non-effective treatment of the pathology,
putting in danger nearby normal tissues, therefore making the advantageous feature of
hadrontherapy not fully exploitable.
Due to range uncertainties, safety margins are taken in the treatment planning and this
limits the full benefits of PT. To improve the precision and restrain the irradiation of nor-
mal tissues, range uncertainties must be reduced. Thus, efforts have been made to develop
instruments with the aim to verify the particle range in-vivo with an ideal precision of
few millimeters. Different approaches have been investigated to reduce range uncertainty
through in-vivo range verification. They can be distinguished in direct methods, based
on direct measurement of the depth-dose distribution, and indirect methods, which take
advantage of the secondary emission from the patient during treatment.
There exists a correlation between the secondary emission and the depth-dose distribu-
tion, so that different techniques have been developed in order to monitor the particle
range. Prompt emission of high-energy gamma-rays provides a direct and instantaneous
signature of the beam range in matter. The use of prompt-gamma (PG) detection to mon-
itor proton range has been already experimentally verified. A prompt gamma imaging
(PGI) knife-edge camera, developed by IBA in collaboration with Politecnico di Milano
and XGLab, has been applied for the first time clinically for a treatment of a head and
neck, with measured inter-fractional global range variations in the order of ± 2 mm.
In the recent years, there has been a substantial progress in the application of PGI mostly
for what concerns proton therapy. On the other hand, fewer studies have been made in
the use of PGI verification within carbon ion radiation therapy (CIRT). Indeed, even if
there are undoubted advantages of C-ion over proton and photon therapy, it is also true
that the very same factors that make C-ions such interesting may hinder the application
of PGI monitoring. For example, although C-ions have a higher yield of prompt gamma
production with respect to protons, they also have a higher neutron yield. In addition to
this, for ions heavier than protons, the number of incident projectiles needed to provide
a given physical dose is smaller than for protons, due to the 1

Z2 dependence of the en-
ergy loss (Z being the atomic number) and the lower multiple scattering angle of heavier
ions. Moreover, the Relative Biological Effectiveness (RBE) leads to a further reduction
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of the number of ions necessary to deliver the desired biological dose with higher-Z ions.
Therefore, the total number of generated PGs for a given pencil beam spot is lower when
considering heavier ions. This strongly affects the counting statistics of PGs.
In the present work, a numerical study was conducted to explore the feasibility of using
a knife-edge slit prompt-gamma camera with a beam of C-ions at clinical energies. The
main goal of this work was to investigate and quantify the PG fall-off retrieval capability
in CIRT with a well-established slit camera configuration, already tested clinically with
proton irradiation.

The current thesis is divided in five main chapters.
Chapter 1 discusses the current state-art-of-the-art of particle therapy, considering the
currently adopted particles in treatments and the ones which are supposed to have a bright
future, according to literature. Moreover, the main technologies for ion acceleration are
presented. Lastly, the Physics models on the interaction between charged hadrons and
matter are revised, along with a section concerning radiation detection.
Chapter 2 includes more specific topics to the problem faced in this thesis work. A review
of the most promising range verification methods are outlined, giving the preference to
the family of techniques to which the one chosen for this work belongs. From the sources
of range uncertainty, which is first cause moving this thesis, I will come to needs and
challenges in prompt gamma monitoring.
Chapter 3, the heart of the present work, includes, based on Monte Carlo simulations, a
preliminary study on secondary emission from an irradiated target and a detailed study
on the feasibility to apply the prompt gamma imaging technique in carbon ion radiation
therapy.
Chapter 4 will briefly describe the electronics design of a platform that will be part of
the experimental set-up, trying to prove the results obtained in chapter three. Finally,
Chapter 5 includes conclusions and future developments for the topics treated in this
thesis.
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Negli ultimi decenni, la terapia particellare è diventata un’opzione ampiamente accettata
e promettente per trattamenti tumorali, accanto alla chirurgia, alla chemioterapia, alla
radioterapia convenzionale e all’emergente immunoterapia.
La caratteristica distribuzione di dose, che culmina con il picco di Bragg, è il principale
vantaggio delle particelle cariche rispetto ai fotoni. Tuttavia, la precisione intrinseca degli
adroni carichi può essere un’arma a doppio taglio, poiché il range delle particelle usate nei
trattamenti non è esente da incertezze, strettamente correlate alla conoscenza imperfetta
della morfologia del paziente. Per questo motivo, se il fascio non è ben localizzato, il
trattamento potrebbe non essere efficace, mettendo in pericolo i tessuti sani vicini alla
zona tumorale perdendo, dunque, la caratteristica vantaggiosa degli adroni carichi.
A causa delle incertezze sul range, tipici margini di sicurezza sono considerati nella piani-
ficazione del trattamento, limitando i benefici della terapia. Per migliorare la precisione
e ridurre l’irraggiamento dei tessuti sani, numerevoli sforzi sono stati compiuti nel svilup-
pare strumenti con l’obiettivo di verificare in-vivo il range delle particelle di trattamento
con una precisione ideale di pochi millimetri. I diversi approcci studiati possono essere
distinti in metodi diretti, basati sulla misura della distribuzione della curva profondità-
dose, e metodi indiretti, che sfruttano l’emissione secondaria dal paziente durante il trat-
tamento. Esiste una correlazione tra l’emissione gamma secondaria e la distribuzione
profondità-dose, che ha dato il via allo sviluppo di diverse tecniche per monitorare il
range. L’emissione di raggi gamma ad alta energia fornisce una firma diretta e istantanea
sulla profondità raggiunta dal fascio nella materia. L’uso della rivelazione di gamma pronti
per monitorare il range di protoni è già stato verificato sperimentalmente. Un camera a
knife-edge, sviluppata da IBA in collaborazione con il Politecnico di Milano e XGLab, è
stata applicata per la prima volta in sede clinica per il trattamento di un tumore alla testa
e al collo, con variazioni del range globale per un frazione di dose nell’ordine di 2mm.
Negli ultimi anni si è registrato un notevole progresso nell’applicazione del prompt gamma
imaging soprattutto per quanto riguarda la terapia protonica. D’altra parte, sono stati
effettuati meno studi nell’uso della stessa tecnica nell’ambito della radioterapia con ioni
carbonio (CIRT). Infatti, anche se ci sono indubbi vantaggi di questi ioni rispetto a protoni
e fotoni, è anche vero che gli stessi fattori che rendono gli ioni carbonio così interessanti
ostacolano l’applicazione del monitoraggio attraverso imaging di gamma pronti. Ad esem-
pio, anche se gli ioni C hanno un resa di produzione gamma più elevata rispetto ai protoni,
hanno anche un resa neutronica più elevata. Inoltre, per ioni pesanti, il numero di parti-
celle incidenti necessari per fornire una data dose è più piccolo che per protoni, a causa
della dipendenza 1

Z2 della perdita di energia (dove Z è il numero atomico) e dell’angolo
di scattering multiplo inferiore per ioni più pesanti. Inoltre, all’aumentare del numero
atomico, l’efficacia biologica relativa (RBE) porta ad un’ulteriore riduzione del numero
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di ioni necessari a rilasciare la dose biologica desiderata. Pertanto, il numero totale di
gamma pronti generati per un dato pencil beam spot è inferiore se si considera ioni più
pesanti. Ciò influisce fortemente sulla statistica di conteggio dei gamma pronti.
In questo lavoro di tesi, uno studio numerico è stato condotto per esplorare la possibilità di
usare una camera per la rivelazione di gamma pronti a seguito dell’irraggiamento con ioni
carbonio ad energie cliniche. L’obiettivo principale era investigare la capacità di ricavare
e quantificare variazione del range nella CIRT, utilizzando una camera a configurazione
knife-edge, simile a quella già testata clinicamente per protoni.

La seguente tesi è divisa in cinque capitoli.
Il primo capitolo illustra l’attuale stato dell’arte della terapia particellare, considerando
le particelle attualmente adottate nei trattamenti e quelle che si suppone abbiano un
futuro brillante, secondo la letteratura scientifica. Vengono inoltre presentate le principali
tecnologie per l’accelerazione di ioni. Infine, i modelli di fisici sull’interazione tra adroni
carichi e materia sono riportati, insieme ad una sezione riguardante la rivelazione di
radiazioni.
Il capitolo include argomenti più specifici sul problema affrontato in questo lavoro di tesi.
Viene delineata una rassegna dei più promettenti metodi di verifica del range, dando
la precedenza alla famiglia di tecniche a cui appartiene quella scelta per questo lavoro.
Dalle sorgenti di incertezza, che è la prima causa che muove questa tesi, si considerano le
esigenze e le sfide nel monitoraggio di gamma pronti.
Il capitolo 3, cuore di questo lavoro, comprende, sulla base delle simulazioni Monte Carlo,
uno studio preliminare sull’emissione secondaria a seguito dell’irraggiamento di un target
e uno studio dettagliato sulla fattibilità di applicare la tecnica di prompt gamma imaging
nella radioterapia con ioni carbonio.
Il capitolo 4 descriverà brevemente la progettazione di una piattaforma elettronica che
farà parte del set-up sperimentale per dimostrare i risultati ottenuti nel terzo capitolo.
Infine, il capitolo 5 include conclusioni dei risultati ottenuti e sviluppi futuri che sono il
naturale continuo di questo lavoro di tesi.



Parole chiave: Prompt gamma imaging, ioni carbonio, studio di fattibilità, simulazioni
Monte Carlo, gamma camera, elettronica di lettura
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Chapter One will start from the cause which started the work�ow of particle therapy: the

burden of cancer. The historic reasons that brought to the present status of particle ther-

apy will be discussed. This thesis will focus on carbon ions and how to reduce their range

uncertainties; hence, carbon ion radiation therapy (CIRT) will be treated in detail. I will

introduce the main challenges in particle therapy and the state-of-the-art in CIRT.

The next section will be devoted to already used and most promising particles used in

hadrontherapy: I will distinguish them from a physical, radio-biological standpoint, com-

paring the protons and carbon ions to the new ions under investigation.

Then, the acceleration of ions will be considered: requirements and di�erent types of ac-

celerators will be treated.

I will also face the Physics of the interaction between particles and matter. The main

model describing the behaviour of charged hadrons in materials will be presented. I will

direct the discussion on how prompt gammas are born in matter and how this is correlated

to particle therapy. There will be also a small introduction to interaction of electromag-

netic radiation, which is of great important when considering a detection system.

The last section will be focused on radiation detection. In particular, I will generally con-

sider the scintillation detectors and, then, I will describe cerium-doped lutetium orthosil-

icate Lu2 � xYxSiO5:Ce (LYSO:Ce), which is an important part of the feasibility study

conducted in this thesis. For the same reason, the silicon photomultipliers will be intro-

duced, and the main �gure of merits described.

1.1. Introduction

1.1.1. Cancer and the role of particle therapy

Cancer is a disease in which some of the body's cells grow uncontrollably and spread to

other regions of the human body. Ordinarily, human cells grow and multiply through a

process called "cell division". When cells grow old or become damaged, they die, and

new cells take their place. Anyway, sometimes, this orderly process breaks down, and
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abnormal or damaged cells grow and multiply. This may happen almost anywhere in

the human body and may form tumors, which are lumps of tissue that can be cancerous

or not cancerous (also said "benign"). Cancerous tumors spread into, or invade, nearby

tissues, travelling to distant places in the body to form new cancerous sites, following a

process called "metastasis".

Today, cancer is a leading cause of death worldwide, accounting for nearly 10 million

deaths in 2020, or nearly one in six deaths. The most common types are breast, lung,

colon and rectum and prostate cancers; among them, lung cancer is the most dangerous

one (see Figure 1.1(b)).

Among the di�erent techniques that can be adopted to �ght cancer back, radiotherapy

is an essential component next to surgery, chemotherapy, and the emerging immunother-

apy. Radiation oncologists can use either photons (X-rays) produced by means of linear

electron accelerators (linacs), or charged particles, which include protons and heavy ions

(typically carbon ions). Approximately, out of the two-thirds of patients a�ected by can-

cer, under treatment with radiotherapy, more than 80% receive X-rays and only about

0.8% undergo radiation from high-energy charged particles [24]. Anyway, interest in new

radiotherapeutic techniques has recently risen to minimize dose deposition in proximal

normal structures of the target, with the goal of reducing acute and late adverse e�ects

of treatment: particle therapy with protons and heavy ions meets such criteria.

The dose deposition of carbon-ion beam, for instance, is low in the proximal region where

the normal tissue is exposed, but greatly enhanced at the end of their range where the

tumor is located and drops to near zero abruptly thereafter. The greater ionizing density

of charged hadrons induces within the targeted neoplasm a higher degree of irreversible

DNA lesions, which overwhelms cancer cells' repair capacity. The relative biologic e�ec-

tiveness (RBE) concept has been introduced to account for this increased e�ciency of cell

killing over photon therapy. At clinical institutions, an RBE value of 1.1 to 1.2 has been

documented for proton therapy, while the RBE distribution for the heavier carbon ions in

the targeted tissues varies between 2 and 5. The direct-killing e�ect of heavy ions main-

tains their ability to kill malignant cells irrespective of oxygen concentration. Therefore,

even hypoxic tumor tissues are signi�cantly sensitive to carbon ion therapy [71].

To sum up, charged particle therapy (CPT) is a radiotherapy modality showing promising

results, which could be a powerful weapon to tackle the burden of cancer.
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(a)

(b)

Figure 1.1: (a) Estimated number of new cases in 2020, worldwide, both sexes, all ages.;

(b) Estimated number of deaths in 2020, worldwide, both sexes, all ages.
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1.1.2. From Bragg discovery to therapy centers: Historic excur-

sus

It all began when Sir William Henry Bragg discovered a phenomenon in which a charged

particle released most of the energy at the end of its range, producing, in the depth�dose

curve along the beam direction in a medium, a prominent peak, which was then called

the "Bragg peak" (BP) [11]. Some years later, in 1946, Robert R. Wilson identi�ed the

clinical signi�cance of the BP for the treatment of cancer: custom dose distributions could

be generated to locate energy depositions within the tumor volume while sparing normal

tissues. He suggested the clinical use of protons and heavy ions for cancer treatment,

also proposing a method to cover the entire volume of tumors by stacking multiple pris-

tine Bragg peaks, what today is called "spread-out Bragg peak" (SOBP) [131]. Prior to

Wilson's proposal, Ernest O. Lawrence developed the �rst cyclotron at the University of

California Lawrence Berkeley Laboratory (LBL) in 1930. Later, Cornelius A. Tobias and

John H. Lawrence carried out the �rst use of proton beams for the treatment of human

patients and obtained favorable results in 1954, validating Wilson's proposal by using the

184-inch cyclotron [113].

In the late 1950s, Larsson and Leksel developed radio surgical techniques using proton

beams to treat brain tumors from the Gustaf Werner Institute cyclotron (Uppsala, Swe-

den) [65]. Not only that, but they were also the �rst to adopt range modulation along the

beam direction to generate SOBP and to use beam scanning to cover the tumor volumes

in the lateral direction. Having shown the superior characteristics for clinical radiation

therapy of protons, which resulted to be good candidates of oncology's historic search

for an optimum dose distribution, a complete facility for clinical proton radiation therapy

was designed for and built at Loma Linda University Medical Center, which began clinical

operations in October 1990.

The LBL group started a heavy-ion therapy program with the BEVELAC accelerator in

1975 [15] and the �rst helium-ion radiotherapy, carbon-ion radiotherapy (CIRT), neon-

ion radiotherapy, argon-ion radiotherapy, and silicon-ion radiotherapy were carried out in

1975, 1977, 1977, 1979, and 1982, respectively [101] [12].

In 1994, the �rst dedicated medical facility for heavy-ion radiotherapy in the world was

established in Japan, which was the Heavy Ion Medical Accelerator in Chiba (HIMAC) at

the National Institute of Radiological Sciences (NIRS), which is now called the National

Institute for Quantum and Radiological Science and Technology (QST/NIRS) [80] [50].

Based on extensive studies to optimize the ion species for heavy-ion radiotherapy, the

NIRS chose carbon ions, because showed optimal RBE and optimal oxygen enhancement

ratio (OER) [50]. For e�ective radiotherapy, high RBE and close to one OER are typically
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preferred [122]. Heavier ions have higher linear energy transfers (LETs) across the BP

than lighter ions [62]. However, for very large particles, such as argon, the increase in

LET occurs in the plateau region of the beam path, not only at the BP, which results in

excessive normal-tissue damage. Carbon ions, instead, show a favorable peak-to-plateau

ratio showing the maximum RBE at the Bragg peak region [1].

After the HIMAC, the Hyogo Ion Beam Medical Center (HIBMC) adopted CIRT as well

as PBT in Japan in 2002 [122]. In 2003, CIRT was approved as an advanced medical

technology by the Japanese government; therefore, carbon ion facilities have received re-

imbursement since 2003 [80]. In 2010, the NIRS collaborated with Gunma University

to develop a compact synchrotron with a diameter approximately half that of the syn-

chrotron of the HIMAC ( � 20m vs. � 40m) [80]. By reducing the building size, the cost

of establishing a CIRT facility could be reduced signi�cantly. In 2013, the SAGA Heavy

Ion Medical Accelerator in Tosu (SAGA-HIMAT) decided to start CIRT, and in 2015, the

same was done by the Kanagawa Cancer Center in Japan [122].

In Europe, the Gesellshaft fur Schwerionenforschung (GSI) in Germany adopted CIRT in

1997. In contrast to the NIRS, the GSI developed and employed the pencil-beam scanning

technique, instead of the passive beam irradiation with SOBP for beam delivery [61]. In

2009, the clinical service with carbon-ion beams provided by the GSI was succeeded by

the Heidelberg Ion-Beam Therapy Center (HIT), which is the �rst hospital-based particle-

therapy facility in the world treating patients with proton and carbon-ion beams, using

the pencil-beam scanning technique [17]. In 2012, the Centro Nazionale di Adronthera-

pia Oncologica (CNAO) in Italy started patient treatment with carbon-ion beams [122].

Since 2012, many other CIRT therapy centers have been started: up to now, more than a

hundred facilities all over the world can provide beams of protons, carbon, or other ions

for clinical treatments [90] and tens of therapy centers are under construction [89].

1.1.3. Carbon ion radiation therapy

Challenges in charged particle therapy

CPT has an essential prospective role in �ghting the growing burden of cancer on a global

scale, and its impact could be signi�cant [10]. Anyway, its full potential is yet to be re-

alized and improvements are needed following two main drivers: enhancement of e�cacy

and decrease of costs.

CPT o�ers bene�ts over and above standard radiotherapy for palliative or curative treat-

ments, o�ering not just physical dose escalation but also biological advantage. Yet in

terms of e�cacy, it is not possible to capitalize fully on increased radiobiological e�ective-

ness of charged particles at present, primarily due to limitations in knowledge. To �ll this
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gap, existing programmes of research are investigating the underlying mechanisms of CPT

in terms of fundamental chemical, biological and cellular processes to try to understand

the roles of these processes in determining clinical outcomes. A second reason the e�cacy

of CPT is not yet fully exploited is due to technological limitations. Advanced techniques

and technological improvements for CPT seek to deliver higher quality treatments with

increased conformity as these translate to long-term bene�ts. However, some of these

improvements would increase the cost of the treatment [138].

In terms of cost (or e�ciency) the gap between conventional X-ray photon radiotherapy

and CPT still exists due to the many challenges to be addressed: a�ordability, complex-

ity and limitations with current technology all restrict the utility of CPT. Developments

in accelerators and related technologies, beam delivery methods, veri�cation tools, and

increased clinical experience have seen growth in the number of facilities. Although avail-

ability has surged in recent years with several vendors o�ering competitive and commercial

turn-key solutions, high capital and operational costs are still a primary issue [138].

To conclude, the primary hurdle with CPT remains a question of cost; its availability and

accessibility is still driven by the balance between cost and bene�t: progressive improve-

ments will contribute to decrease the cost, but future growth will depend on the extent

of bene�t [69] [138].

State of the art

Radiation therapy is one of the most widely used therapies for malignancies. The ther-

apeutic use of heavy ions, such as carbon ions, has gained signi�cant interest due to

advantageous physical and radiobiologic properties compared to photon-based therapy.

The National Institute of Radiologic Sciences (NIRS) opened the �rst heavy ion acceler-

ator for clinical use in Chiba, Japan, in 1994 [49]. Since that time, over 20,000 patients

have been treated with CIRT [66]. Today, there are a total of 13 centers treating with

CIRT from all around the world distributed in �ve countries [90]. At NIRS, 22% of pa-

tients treated have had localized prostate cancer, with other common sites including bone

and soft tissue (13%) and head and neck (11%) [50]. To date, carbon ion radiotherapy

has been studied for almost every type of malignancy, including intracranial malignan-

cies, head and neck malignancies, primary and metastatic lung cancers, tumors of the

gastrointestinal tract, prostate and genitourinary cancers, sarcomas, cutaneous malignan-

cies, breast cancer, gynecologic malignancies, and pediatric cancers. Additionally, carbon

ion radiotherapy has been studied extensively in the setting of recurrent disease. Malou�

et al. provided a comprehensive review of the studies of each of these disease sites, with

a focus on the current trials using carbon ion radiotherapy [74].
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Nowadays, centers treating with CIRT can take advantage of two types of treatment

techniques to help conform the dose distribution to minimize dose to OARs. Like pro-

ton therapy, CIRT can be delivered either through passive scattering, using a collimator

to shape the beam in the lateral direction and a range compensator to shape the beam

distally; or through active scanning, using a narrow �pencil beam� avoiding the use of a

collimator or compensator [123]. Notably, use of active scanning, along with the physical

properties of the Bragg Peak and a slower treatment time, may lead to higher uncertainty

due to physiologic motion.

This introduces the �rst crucial point: one of the major concerns regarding CIRT, and

heavy ion radiotherapy in general, is dose uncertainty. With the Bragg-Peak and sharp

lateral penumbra, there is a higher susceptibility to intrafraction motion compared to

photon-based therapy, where the e�ect of motion can be mitigated due to the �dose

bath.� Further, there is higher likelihood that the Bragg-Peak may be in normal tissues

with intrafraction motion. Additionally, CIRT exhibits a fragmentation tail, where nu-

clear fragments contribute to an unwanted dose distal to the target, bringing to a greater

degree of uncertainty. The second main drawback is the cost of developing and maintain-

ing a heavy-ion center. For instance, Pomposet al. estimates that the cost of developing

a center with capacity of 1,000 patients per year is roughly twice as expensive as a pro-

ton center of the same size [98]. The estimated cost for multiple room centers treating

with multiple ions is around 200 million dollars [24]. Much of this cost comes from the

complexity of the system, such as the need for a synchrotron and additional shielding.

Due to the size and expense associated to CIRT, most of centers are treating exploiting

�xed-beam gantries, to limit the treatment positions available. Currently, there are two

centers adopting rotating gantries with the ability to irradiate from all angles [100].

Finally, based on the present state-of-the-art, heavy ion therapy is at a sensitive point: it

has an enormous potential due to physical and biological properties, but its clinical advan-

tage compared with protons and X-rays, which are both cheaper and smaller technologies,

remains to be demonstrated. However, outstanding results have been found in gastroin-

testinal cancers, sarcomas, and nasopharyngeal carcinomas, but randomized clinical trials

are ongoing. At the same time, research must continue to make the therapy cheaper and

more e�ective. From a technological standpoint, it is particularly important to build

smaller and cheaper accelerators and beam delivery systems, exploiting superconducting

magnets and gantry-less systems. For what concern Biology, it is essential to assess the

combination of heavy ions with molecular therapy and immunotherapy, in comparison

with X-rays and protons. In clinical research, it is necessary to test hypofractionated

regimes, combined protocols and to fully exploit the putative advantages by increasing

the LET in the tumor, which can require multi-ion irradiation. Therefore, rather than
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a single silver bullet, in the future, a combination of projectiles may become common to

sterilize aggressive, radioresistant malignancies.

1.2. From therapy particles to beam delivery systems

1.2.1. Particles used in therapy

Since the early days of radiation therapy, a fundamental research driver has been the

achievement of improved dose distributions (i.e., high dose to target volume, dose as

low as possible to healthy tissues), enhancing at the same time, as much as possible,

the selectivity in biological e�ectiveness, hence boosting the therapeutic ratio. The idea

of Robert Wilson to use charged particles for cancer treatment presented accelerated

ion beams as natural candidates to improve dose conformity through the BP. Not only

that, but it was also soon evident that the physics of radiation-matter interaction would

have o�ered the possibility of coupling the spatial selectivity of charged particles with

enhanced biological e�ectiveness. Indeed, after preliminary radiobiological experiments

had con�rmed these hypotheses, the development and di�usion of CPT started. According

to recently published statistics, there has been a continuous increase in the number of

patients treated with charged particles, as shown in Figure 1.2. By the end of 2020 more

than 290000 patients have been treated worldwide with Particle Therapy, close to 250.000

with protons, close to 40000 with C-ions and about 3.500 with He, pions and with other

ions.

So far, proton has been the most frequently used charged particle, so that proton therapy

has acquired the largest clinical experience. This is not casual. Infact, despite the physical

properties o�ered by heavier ions, the biological e�ectiveness of, for instance, carbon ions

is o�set by large uncertainties and this is a serious concern for clinicians.

New ions

In recent years, an intense discussion about the possibility of optimizing the clinical

potential of CPT by extending the spectrum of therapeutic ions beyond protons and

carbon ions has arisen in the literature. While this was hindered in the past by technical

issues, it is now possible to study and better exploit the peculiarities of di�erent ion

species [121]. For instance, helium and lithium ions have been proposed considering their

improved lateral dose distributions compared with protons; at the same time, they have

a lower RBE than that of carbon, and thus, they are easier to be adopted for clinical use.

The possible use of helium ions in hadrontherapy has recently gained more attention. Due
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Figure 1.2: Statistics of patients treated in particle therapy facilities worldwide: in 2020,

around 250.000 patients were treated with protons and close to 40000 with C-ions.

to its intermediate physical and radio-biological properties between proton and carbon ion

beams [117], helium ions may provide a streamlined economic steppingstone towards an

era of widespread use of di�erent particle approaches to light and heavy ion therapy. With

respect to the clinical proton beams, helium ions exhibit superior physical properties such

as reduced lateral scattering and range straggling with higher RBE and LET ranging

from � 4keV
�m to � 40keV

�m . In the frame of heavy ion therapy using carbon, oxygen or neon

ions, where LET increases beyond 100keV
�m , helium ions exhibit similar physical attributes

such as a sharp lateral penumbra, however, with reduced biological uncertainties and

without potentially spoiling dose distributions due to excess fragmentation of heavier ion

beams, particularly for higher penetration depths. This could make easier to adopt helium

ions for clinical use. For a complete roadmap which presents an overview of the current

state-of-the-art and future directions of helium ion therapy see Ref. [73].

Oxygen is also considered a good candidate [109] [3]: compared to carbon ions, oxygen

ions o�er a further reduced lateral scattering, which contributes favorably to the tumor

conformity, and a higher linear energy transfer, which might be of special interest for the

treatment of radio-resistant tumors, like Osteosarcomas. The high LET of oxygen ions,

associated with higher RBE than carbon ions, translates to better treatment e�ectiveness

when treating hypoxic tumors [108] [3]. On the other hand, nuclear fragmentation is

more pronounced for oxygen ions due to the overall higher inelastic cross sections in

nuclear interactions, bringing to a deeper decrease of the ion �uence and an enhanced
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fragmentation dose beyond the Bragg peak in comparison to carbon ions [106].

Kurz et al. published the results of the �rst experimental-based study of an oxygen ion

beam in 2012. They measured the depth-dose distributions of oxygen ions beams at

the HIT. Their work contributed to the development of a pre-clinical oxygen ion-beam

experimental database, which is already used in research purpose treatment planning

systems to support radiobiological experiments with oxygen ion beams at HIT [139].

Comparison studies of therapy particles

Many comparison studies were conducted about about di�erent types of particles that

can be considered for CPT.

Yu-Shen Lin et al. showed that12C beam had the narrowest longitudinal and lateral dose

pro�les and the highest RBE values, followed by4He and 1H beams. It was also found

that smaller di�erences in these comparisons were found between4He and12C than those

between1H and 4He, which indicates that4He beam is also a promising option for cancer

therapy [68].

Mattei et al. studied the prompt gamma-ray emission by the interaction of helium, car-

bon, and oxygen ion beams from a polymethyl methacrylate phantom (PMMA) [75]. In

their work, it is found that 4He and 16O beams, whose prompt-gamma production was

measured for the �rst time, were particularly relevant for future CPT applications: results

proved non-negligible prompt photon production in the interactions of4He and16O beams

of therapeutic energy with a PMMA target. Moreover, the measured yields were used

to compute the expected resolution in the beam range of a typical treatment scenario,

assuming the performance of the IBA slit camera documented in Smeetset al. [112].

Resolutions below 2� 3 mm were obtained in all the di�erent scenarios, supporting the

feasibility of a PG-based range monitoring approach using4He, 12C or 16O particle beams.

Lastly, Burigo et al. compared the dose distributions and cell survival fractions for dif-

ferent ion beams, using Monte Carlo simulations and the Microdosimetric Kinetic model.

One of the main challenges of ion therapy is the limitation of side e�ects related to damage

of healthy tissues surrounding cancer volume. The comparison of the impact of1H, 4He,
12C and 16O SOBP beams on healthy tissues in front of and behind the tumor in all these

cases led the authors to multiple conclusions that can be summarized in: the optimal ion

beam depends on the location of the tumor and on the radio-sensitivity of tissues under

irradiation [14].
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Multi-ion treatment

Even using ions heavier than carbon, it is challenging to deliver a high-LET treatment

to the entire tumor volume and only a relatively little tumor fraction is exposed to high

LET radiation.

Approaches to extend the high-LET regions with a single ion are hindered by increasing

toxicity. However, when multiple ions (from light to heavy) are used, it is possible to

increase the LET in the target region while maintaining a low toxicity in the normal tissue

[25]. A combination of proton, helium, carbon, and oxygen beams, produced from a single

synchrotron, may be provided to reach the goal LET distribution to the tumor volume,

exploiting the method known as "intensity-modulated composite particle therapy". This

method requires a multi-ion source synchrotron, like those available at the HIT or NIRS.

In addition, it would be necessary to implement a careful multi-angle dose simulation

and veri�cation system, along with a fast switching among the di�erent ion sources. For

applications to hypoxic tumors, multi-ion therapy could be a useful weapon, since it can

optimally increase the LET (decreasing the OER), or the dose in the low-oxygen sub-

volumes, resulting in highly e�ective treatments.

Finally, multi-ion therapy has several technical challenges which will be faced in future,

but the goal of increasing the LET in the tumor volume makes it a possible optimization

of heavy ion therapy.

1.2.2. Particle acceleration

In the last decades, hadrontherapy has made great advances passing from a stage of

pure research to a well-established treatment modality for solid tumors. The history of

hadrontherapy accelerators is strictly related to the development of therapy itself, starting

from the �rst cyclotrons used in the thirties for neutron therapy, moving to more modern

and �exible machines used nowadays (for an exhaustive review, see Ref. [21]).

Requirements

Introducing the problem of acceleration of particles, there are requirements dictated by

clinical treatment. Heavier ions and other species such as pions can give rise to a greater

RBE due in part to their higher LET. But their higher mass and charge means that sub-

stantially higher incident energies are required for the same treatment depths in patients,

necessitating larger accelerator equipment. Moreover, the planning treatment volume

(PTV) into which the dose must be administered places an additional requirement on

the accelerator: the larger the volume, the larger the number of particles that must be
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delivered. If the depth range of the PTV is, for instance, 10� 20 cm then it may be

covered by varying the incident particle energy such that the Bragg peaks for each en-

ergy occur at di�erent depths. This is the concept of the SOBP and may be achieved

either by interposing a suitable varying-thickness modulator wheel [58], or by adjusting

the particle energy in discrete steps by some other means. The latter method constitutes

the burgeoning method of spot scanning which is replacing the previous passive spreading

methods for a more e�cient coverage of PTV.

As well as the current and energy requirements one must also consider the requirements

on the transverse beam size and energy spread. As any heavy charged species such as a

proton traverses a solid material, it scatters and loses energy with statistical �uctuations.

The primary ionisation energy loss gives rise to a straggling of the range; the Bragg peak

has a �nite width which to a good approximation is about 1.1% of the range, in other

words about 1� 2 mm [86]. There is little point therefore in having a very small initial

energy spread as it will be smeared out by the straggling, and so a 0.4% energy spread

is generally adequate. Similarly, multiple Coulomb scattering will spread the protons out

transversely, and again an initial incident spot size of a few millimeters is adequate. These

beam speci�cations are readily achieved by conventional accelerator technology [16] [31].

The �nal requirement is to be able to vary the direction from which the administered

dose is delivered to the patient. In a very limited set of cases, patients themselves may

be moved somewhat, but in most treatments the patient is supine, and the incident par-

ticles must be directed from a variety of angles; this is done primarily to avoid dose to

critical structures but also to spread out the proximal dose. In this regard, the gantries

used in charged particle therapy serve a similar purpose to the smaller rotating electron

linacs that deliver photons for intensity-modulated radiotherapy. The most-used method

of achieving a varying �eld angle is to utilise a so-called "isocentric gantry", where the

beam is rotated around a stationary patient; this is shown schematically in Figure 1.3.

Whilst a full 360° of rotation means the patient would not have to rotate, recently it has

also been proposed to combine a narrower range of gantry rotation angles (around 180°)

with patient table rotation; the rationale for this is to restrict the �oor area required for

each treatment room.

Gantries may be used for heavier ions than protons, but, as those species become heavier,

the magnetic �elds required to de�ect them increase accordingly. The sti�ness of the ion

beam is described by its magnetic rigidity,B� = p
q, where the particle momentum, p,

and charge, q, determine the trade-o� between magnetic �eld, B, and resultant bending

radius � . It is worth to notice that 1.8T is about the largest �eld available from a resistive

(normal conducting) magnet, leading to a bending radius of 1.35m.
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Figure 1.3: Schematic illustration of a charged particle therapy facility with isocentric

gantry. The gantry consists of a number of dipole and quadrupole magnets that all rotate

around the patient; in this example the magnets that scan the spots across the treatment

�eld are located downstream of the �nal dipole, which is often but not always what is

implemented. Figure from Ref. [86].
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The only carbon-ion gantry currently in operation is at the Heidelberg Ion Beam Ther-

apy Center (HIT), where the maximum carbon-ion energy of 425MeV
u corresponds to a

magnetic rigidity of 6.57 Tm; the bend radius in their normal-conducting magnets is thus

nearly three times as large (3.65m), and to make it smaller requires the use of supercon-

ducting magnets that may deliver a larger magnetic �eld [86]. To conclude, a treatment

facility consists of an accelerator source and at least one treatment room, and in most

implementations today several treatment rooms are fed from a single accelerator source,

physically connected by a beam transport system that can direct the protons or heavier

ions into each treatment room. Since a treatment room only need take beam for a small

fraction of the time the patient is there (most of the time is spent for patient position-

ing and veri�cation) it is suitably e�cient to switch a single accelerator into multiple

treatment rooms.

The cyclotron

Despite being the �rst cyclic accelerator (invented in the early 1930s), the cyclotron re-

mains the e�cient workhorse of many accelerator applications including proton therapy.

At lower kinetic energies than 20MeV, the classical Lawrence cyclotron principle may be

used: an alternating dee voltage progressively accelerates the protons to a desired ex-

traction energy (see Figure 1.4). At higher kinetic energies needed for proton therapy,

the revolution frequency su�ciently varies so that it must be compensated either by in-

creasing the �eld with radius (isochronous cyclotron) or by changing the dee frequency

(synchrocyclotron, which is feasible because of the low requirement on average current).

Cyclotrons become progressively more complex as their extraction energy is increased

and are generally designed to deliver a single extracted energy, which is �xed and must

be degraded before impinging on the patient. This is usually performed with a pair of

absorbing wedges (typically graphite) that reduce the energy without undue scattering

and straggling [124]. Most existing treatment facilities utilise a single energy selection

system and then adjust the downstream beam transport system magnet.

Albeit 250 MeV proton energy is accessible from cyclotrons at ever-decreasing cost, they

struggle to achieve energies more than this. Experimental (nuclear physics-led) cyclotrons

like those at PSI and Gatchina have achieved higher energies than 250 MeV, but these

accelerators are by no means compact and are unlikely to be suitable for widespread hos-

pital use. Anyway, higher energies are interesting because they can �nd use for diagnostic

applications such as proton computed tomography.
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Figure 1.4: Illustration of the operation of a classical cyclotron. The generated dipole

�eld B is static, and within it the protons are gradually accelerated (after injection from

an ion source) within the vacuum vessel due to the alternating voltage applied across the

gap between the dees, which may be as much as 100 kV per turn or more.
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The synchrotron

The synchrotron is the other widely used technology for charged particle therapy.

In contrast with cyclotrons, the magnetic guide �eld varies as the particles are acceler-

ated such that the bend radius, hence the overall path, of the particles remains constant;

moreover, the revolution frequency and the accelerating cavity frequency also increase

through the acceleration cycle. This results in smaller magnets than in a cyclotron and in

their larger number (in particular, quadrupoles) to provide the necessary periodic strong

focusing. Since the magnetic �eld varies there can only be one pulse of protons circulating

in each acceleration cycle, di�erently from the isochronous cyclotron where many di�erent

bunches are simultaneously present with di�erent energies. To overcome this limit many

more protons are placed in each accelerated bunch, as much as 10 nC or more.

The principal advantage of the synchrotron is that the energy may be varied in each accel-

eration cycle avoiding the need for an energy degrader, which greatly reduces the average

current requirement. Coupling this with the higher proton bunch charge, it results in

a clinical treatment time which is much the same as from a cyclotron, about a minute.

Another advantage is that synchrotrons accelerate particles with larger magnetic rigidities

than is readily achieved from a cyclotron; so, at present, synchrotrons are the only accel-

erators used for carbon therapy (for instance, at HIT, CNAO, MedAustron and NIRS).

Even though some signi�cant design work has been performed to construct a supercon-

ducting cyclotron suitable for carbon therapy, there is no commercial product available

yet [48]. For synchrotrons, it is rather di�cult to adopt superconducting technology: the

challenge is the rapid �eld variation of a superconducting magnet. Consequently, it is

troublesome to signi�cantly reduce the footprint of a synchrotron other than to reduce

the number of magnetic cells as much as possible.

Other technology developments are today considered like �xed-�eld alternating-gradient

accelerator (FFAG), linacs, dielectric wall accelerators, or Laser proton acceleration (for

more details see Ref. [86]). In the future, it seems highly likely that superconducting

cyclotrons will become much more widespread. Several companies are developing high-

�eld cyclotron solutions, and the marketplace is likely to bene�t from the possible cost

reductions from the diminution in physical mass of such systems. Since cyclotrons give

an inherently stable, quasi-continuous output, they are favoured despite the relatively

large losses which must be incurred in their energy selection systems. Reducing their cost

will make it more challenging for new technology entrants such as linear accelerators to

compete: the market appears to be driven by the desire to reduce the treatment costs

rather than to introduce higher-capability technology.
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1.3. Beam delivery system

New proton therapy centers all deliver the beam using pencil beam scanning (PBS), in

which the whole tumor volume is scanned in 3D using a narrow pencil beam [23]. PBS

is also used in most of C-ion centers, with only a few centers in Japan still using the old

passive modulation systems. PBS provides an unsurpassed conformity, but is problematic

for moving targets, especially thoracic and abdominal tumors that move with breathing.

Accelerator beam distribution is vertically and horizontally scanned by magnets (Figure

1.5), while the beam range is controlled by modifying the beam energy. The time to change

the beam energy is around 2 seconds, or less, and the time to deliver the volumetric dose

is of the order of a minute.

A typical target volume is divided by the treatment planning system into 30� 100 slices

Figure 1.5: The CNAO horizontal beam line setup. The beam is de�ected by horizontal

and vertical scanning magnets to reach the desired spatial coordinates. Downstream the

magnets, a set of monitor chambers are used to measure the beam �uence and position.

Figure from Ref. [35].

along the beam axis; I will refer to these slices as "energy layers", as each layer is irradiated

by a corresponding beam energy. Each slice is then characterized by a sequence of spots

(typically, 1 � 1000), which are bunches of particles; in turn, each spot is characterized by

a certain energy, �ux (in terms of number of particles), displacement of the beam (� x,

� y) from the isocenter. When the required dose is reached on one spot, the beam is

quickly moved to the next spot without being turned o�.

There are di�erent types of scanning, as shown in Figure 1.6. In spot scanning, the beam is

online just in the represented dots, thus o�ine between them. This is the main di�erence

with respect to the raster scanning, in which the structure of spots is the same, but the

beam remains "on" during the whole treatment delivery. A di�erent concept applies to

continuous line scanning, where the dose is delivered across a linear path, rather than as
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spots, and the beam may be turned o� when moving to subsequent lines [138].

A cyclotron produces a high intensity, continuous beam, whose energy is �xed and can be

Figure 1.6: Schematic representation of spot, raster and continuous line scanning patterns

for PBS delivery. Spots and solid lines indicate beam-on irradiation and dashed lines

indicate movement with beam-o�. For spot scanning, the beam is turned o� between

movement to the next spot but remains on for the whole delivery in raster scanning. For

continuous line scanning, the dose is delivered across a linear path (rather than as spots)

and may be turned o� between movement to subsequent lines. Figure from Ref. [138].

degraded with passive absorbers in the energy selection system. Instead, in synchrotrons,

particles' extraction happens in cycles, spills, that last about 1 second each, while, in 2

seconds, beam energy can be varied from spill to spill without passive elements (Figure

1.7). A spill can cover an energy layer with di�erent number of spots.

Typically, the energy of a therapeutic proton beam ranges between 60� 250 MeV, for a

particle number per spill lower than1010 p
spill , which corresponds to a current of about

2nA. For carbon ions, the energy range used in therapeutic treatments is 120� 400 MeV
u ,

with an amount of particle lower than 4 � 108 C� ions
spill , to which a current of about 0.4nA

is associated.

1.4. Physics of the interaction between particles and

matter

In this section, electromagnetic and nuclear interactions of charged ions in matter are

reviewed. We will focus on particle types and energies currently used in hadrontherapy

centers, worldwide. This means to consider interactions of protons up to about 250 MeV

and carbon ions up to about 450MeV
u , i.e., penetrating into the human body up to about

40 cm.
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Figure 1.7: Beam current trend over time for a clinical treatment. A spill last about 1s

and covers energy layer with a certain number of spots. The time to change energy in

a synchrotron is about 2s. On the right, the time structure of a proton beam spill is

represented, and the �gure was taken from Ref. [13]

Before going into detail, let us �rst look at typical velocities. For a particle of kinetic

energyEkin , total energy E tot , rest massm0, and momentum p, the particle velocity�

normalized to velocity of light, c, is given by Eq. 1.1:

� =
v
c

=
pc

E tot
=

p
E 2

tot � m2
0c4

Ekin + m0c2
(1.1)

For a proton with kinetic energy, Ekin , of 250 MeV and given the proton rest mass, 938
MeV

c2 , we �nd � p � 0.6; while a carbon ion with energy 450MeV
u has � C � 0.7. Thus, in

radiotherapy, particles are moderately relativistic

1.4.1. Interaction of charged hadrons

Moderately relativistic charged particles interact with matter by electrical (Coulomb)

forces with the atomic electrons and nuclei. The particle loses energy primarily by inelastic

collisions with the atomic electrons, resulting in ionization and atomic excitation. These

are continuous energy losses. When the ejected electron is so energetic that it can cause

ionization itself, it is called "delta-ray". The amount of energy lost in each Coulomb

interaction with the material nuclei is very small. Indeed, the maximum energy that can

be transferred from a charged particle of massm with kinetic energy E to an electron of

massm0 in a single collision is 4Em0
m , � 1

500 of the particle energy per nucleon. However,

the particle interfaces itself with so many electrons that the net e�ect is the continuous

decrease of its velocity until it stops.
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Figure 1.8: a) Depth-dose distributions showing the Bragg peak for di�erent ions. The

X-ray depth�dose curve is calculated for a 21MeV linac, while the energies of the ions cor-

respond approximately to the same range: 148MeV for protons, 170MeV
u for 3He-ions and

270MeV
u for 12C-ions. b) Lateral broadening (full-width-at-half-maximum of the Gaussian

distribution) for the same ions. The widening of the beam should be compared with typ-

ical entrance spot sizes of proton and ion beams of� 5 � 10 mm. Figure from Ref. [25].

Except at their very end, the tracks tend to be quite straight because the particle is not

greatly de�ected, and interactions occur in all directions simultaneously. Charged particles

are therefore characterized by a de�nite range, which can be de�ned more precisely as

the distance beyond which no particles will penetrate in a given target. The Bragg peak

makes particles so appealing compared with X-rays, characterized by a depth-dose curve

that decreases exponentially after the initial build-up (Figure 3.3a).

Linear Energy Transfer

The energy loss per unit mass length is known as stopping power S in Physics and LET

in Radiobiology. It is described by the Bethe-Bloch equation in the framework of the

continuous slowing down approximation theory:

S =
4�N A e4

mc2

Z 2
p

� 2

ZT

AT
[ln(

2mc2� 2
 2

I
) � � 2 �

C(� )
ZT

+ ZpL1(� ) + Z 2
pL2(� ) + L3(� )] (1.2)

where e is the electronic charge,NA the Avogadro number,m the mass of the electron,

c the speed of light; Zp is the e�ective charge of the projectile,� its relative velocity

and 
 the Lorentz factor; ZT is the atomic number of the target material andAT is its

mass number. In the logarithmic term,I is the mean excitation energy, an experimentally

determined parameter for each element, which represents one of the main sources of range

uncertainty in particle therapy. Additional correction terms are the shell correction C,
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Barkas correctionL1, Bloch term L2, and Mott and density correctionsL3. S and LET

are expressed, respectively, asMeV cm 2

g in Physics and askeV
�m in water (density 1 g

cm3 ) in

Radiobiology.

Equation 1.2 is generally valid for di�erent types of charged particles, provided that their

velocity remains large compared with the velocities of the orbital electrons in the absorb-

ing atoms. For a given non-relativistic particle,S therefore varies as1
v2 , or inversely to the

particle energy. This behavior can be heuristically explained by noting that, because the

charged particle spends a greater time at low velocity in the vicinity of an electron, the

energy transfer will be the largest. Moreover, one can notice thatZT and AT , outside the

logarithmic term, rule the behavior of di�erent materials hit by external radiation. Hence,

high atomic number, high-density materials will consequently result in the greatest linear

stopping power. Equation 1.2 also shows the proportionality to the square of the ion

charge and, therefore, it can be much higher for heavy ions than for protons, depending

on the energy. This is the key to biological advantages of heavy ions: the RBE increases

with LET bringing to the production of more clustered DNA lesions, di�cult to repair.

For very low energies, when� becomes comparable or less than the velocity of the orbital

electrons, the so-called Lindhard region, Equation 1.2, is no longer valid. Then, the energy

loss becomes proportional to� [60]. In between the Bethe-Bloch and the Lindhard region,

energy losses can be described by the low energy model of Anderson and Ziegler [141].

The electronic stopping power as function of the kinetic energy of protons impinging on

a water target is shown in Figure 1.9.

Finally, charge exchange between the particle and matter becomes important. The posi-

tively charged particle will then tend to pick up electrons from the material, reducing its

charge and, consequently, its linear energy loss. At the end of the track, the particle has

accumulatedz electrons and becomes a neutral atom.

Scattering

Beyond inelastic collisions with the atomic electrons, a charged hadron also may undergo

numerous elastic Coulomb scatterings from nuclei themselves. Beam dispersion in the

longitudinal and lateral directions is an important feature in particle therapy. Longitudi-

nal straggling � R determines the width of the Bragg peak at a range R. For two particles

of di�erent mass M at the same range R, it can be shown that:

� R1

� R2
=

r
M 2

M 1
(1.3)
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Figure 1.9: Stopping power, S, inMeV cm 2

g , for protons in water as function of kinetic

energy. The total, electronic, and nuclear stopping power are shown, as well as the

characteristic regions. Figure from Ref. [60].

Equation 1.3 shows that longitudinal straggling is lower for heavy ions compared with

protons, resulting in a sharper and more precise Bragg peak (see Figure 3.3b).

Lateral scattering for thick targets is dominated by multiple Coulomb scattering and is

well described by Molière's theory. At small scattering angles, the theory approximates

the scattering distribution as a Gaussian with standard deviation� � that can be described

as:

� � =
14:1MeV

�pc
Zp

r
d

L rad
[1 +

1
9

log(
d

L rad
)] (1.4)

where d is the total mass thickness andL rad is the radiation length, which depends on

the atomic numberZ of the target material. � is relative velocity of the projectile, while

p is its momentum.

Equation 1.4 shows that multiple Coulomb scattering increases for thick and heavy targets

(since L rad � Z � 2), whereas it decreases with particle velocity and, for the same range,

with particle mass (Figure 3.3b). Quantitatively, protons have a lateral scattering that is

approximately three times greater than C ions at a depth of 15cm. However, at greater

depths, C-ion projectiles gain substantial contributions to the lateral dose from secondary

fragments produced by nuclear interactions, and the C-ion lateral dose distributions be-

come like those of protons.

Lateral scattering is responsible for the dose halo in treatment planning and makes dose

fall-o� sharper for heavy ion treatments. This property is attractive for sparing organs
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at risk (OAR), especially in hypofractionation, when the smooth fall-o� can produce

substantial doses to the OAR surrounding the tumor.

Fragmentation of heavy ions

Nuclear fragmentation is another major di�erence between protons and heavy ions. Both

induce fragmentation of target nuclei, which, in the body, are mostly16O, but protons

do not undergo fragmentation after nuclear interactions, whereas heavy ions break into

lighter projectile fragments. The nuclear fragmentation cross section,� f , at high energies

is well described by the geometric Bradt-Peters approximation:

� f = �r 2
0(A

1
3
p + A

1
3
T � b)2 (1.5)

where r0 is the nucleon radius (� 1fm), b the overlapping parameter;Ap and AT are,

respectively, the mass number of the projectile and the target nuclei.

Equation 1.5 shows that the cross section increases as� A
2
3
p and is, therefore, more sig-

ni�cant in heavier ions.

The projectile fragments have similar velocity and direction to the primary ion but lower

charge, and, consequently, have larger range. They generate a `dose tail' beyond the Bragg

peak, which is not observed in proton irradiation (Figure 3.3a). The mean free path for

350MeV
u carbon ions in water, whose computed range is 20cm, is approximately 25cm,

meaning that only about 50% of the accelerated12C-ions actually reach a deep-seated

tumor, the others undergoing nuclear fragmentation. However, in most practical cases,

the tail is within the planned high-dose region in the patient, because two parallel opposed

beams are often used. Treatments with single beams are, indeed, generally avoided be-

cause of the problem of the range uncertainty, which is the main physics problem limiting

the precision of particle therapy.

At the same time, fragmentation can be bene�cial for treatment monitoring and reducing

range uncertainty. Image guidance is essential for heavy ions, even more than for X-rays.

In fact, the sharp dose gradients in heavy ion therapy become a problem if the target

is missed and the Bragg peak occurs in an OAR. For this, in clinical particle therapy, a

substantial margin is added to the prescribed range in order to ensure tumor coverage,

sparing normal tissues. Anyway, wide margins jeopardize one of the main advantages of

the Bragg peak: the steep dose gradients and the potential high accuracy and precision.

It is, therefore, desirable to monitor heavy ion treatments precisely and, thereby, reduce

these margins.

Image guidance was originally developed for X-rays and is taking time to be fully exploited
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in particle therapy, where additional complications can occur. However, the physics of

charged particles o�ers unique opportunities for in vivo range veri�cation [57]. For in-

stance, in C-ion therapy, fragmentation of the primary ion generates positron-emitting

isotopes, above all11C. Positron annihilation with electrons produce two 511-keV
 -rays

emitted at 180° to each other that can be visualized by a PET system that is positioned

around the patient during the treatment. A similar approach can be used with heavier

ion beams, such as16O. Hence, in heavy ion therapy, the projectile fragments provide a

large part of the signal, whereas in proton therapy, only target fragments can be used for

imaging.

1.4.2. The origin of prompt gamma rays

Beyond inelastic collisions with the atomic electrons, charged particles can also su�er

nuclear interactions with the material nuclei, which contribute signi�cantly less to energy

losses than electromagnetic processes (see Figure 1.9). Still, they are highly relevant for

range veri�cation methods, as shown below. Contrary to electromagnetic interactions, no

rigorous models exist to describe them. In the following, the common approach to model

nuclear interactions is described, as adopted by most state-of-the-art MC codes.

To start, as a general aspect, we can say that nuclear interactions (collisions) can be

divided into:

ˆ Elastic collisions. Kinetic energy is conserved, and the nucleus stays intact. This

is similar to multiple Coulomb scattering, but now due to strong interaction rather

than electromagnetic ones. Such interactions are not occurring so frequently, but

still, they cause a certain amount of broadening of the beam.

ˆ Inelastic collisions. Reactions between projectile and target, where total kinetic

energy is not conserved. The projectile may knock out secondary particles (protons,

neutrons, deuterons,� s, etc.) from the nucleus and may break into fragments.

Nuclear Interactions of Protons

A proton hitting the atomic nucleus starts a series of nucleon-nucleon collisions, which

leads to emission of protons, neutrons, light fragments, and to equilibrium of the remain-

ing nucleus. First, the intranuclear cascade model (INC) has been applied successfully to

the study of heavy ion collisions for a beam energy ranging from 250MeV to 2GeV per

nucleon [28]. It was developed at the very beginning (the original ideas go back at the end

of the 40's) of the history of energetic nuclear interaction modelling, but it is still valid.

The model is intrinsically a Monte Carlo code, well suited for numerical applications,
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while no closed analytical expression can be derived without severe approximations. One

of the fundamental requirements for a model describing nuclear interactions to be applied

in practical calculations is speed. The best approach to the speed problem is to use a

Monte Carlo method, simulating at run time every interaction, which involves the ability

to model, in reasonable time, almost whichever target nucleus and whichever projectile,

with no or small need for external input information or preliminary calculations. The

speed of such model is a key feature, since large number of interactions can be simulated

within an acceptable time and most INC codes are fast enough so that they do not rep-

resent any signi�cant limitation to the CPU required.

Classical INC codes are based on more or less accurate treatment of hadron multiple colli-

sion processes in nuclei, with the target being assumed to be a cold Fermi gas of nucleons

in their potential well [36]. The hadron-nucleon cross section used in the calculations

are free hadron-nucleon cross sections. This �free� nucleon approach is justi�ed if the De

Broglie wavelength� h of the incident particle is much smaller than the average distance

dave between the nucleons in the material nucleus, and much smaller than the mean free

path � N inside the nucleus:

� h =
2� ~

p
� dave = (

3
4�� N

)
1
3 (1.6)

� h =
2� ~

p
� � N =

1
�� N

(1.7)

where � is the proton-nucleon cross section and� N is the intranuclear density (typically

0.17 nucleons
fm 3 at the center of nuclei).

Another requirement for this approach to be valid is that the time in which a collision

happens is smaller than the time between the collisions, so that they take place indepen-

dently. For radiotherapeutic energy ranges, it is not obvious the validity of this approach.

For instance, a proton of kinetic energy 250MeV has� h � 1fm, which is roughly the same

as dave, making invalid the condition in Equation 1.6.

The basic assumptions of INC models can be summarized as follow:

1. Hadrons propagate like free particles in the nuclear medium, with interaction prob-

ability per unit length given by free space cross sections, properly averaged over the

Fermi motion [8] of the target nucleons, times the local nuclear density.

2. The particle motion is formulated in a classical way. It can be subject to an average

nuclear mean potential, which must be added to the free particle kinetic energy
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when tracking through the nucleus. The radial and energy dependence of such �eld

are model and particle dependent.

3. The e�ect of the nuclear mean �eld on the particle motion can either be null or can

produce curved trajectories in a semiclassical approach, according to energy and

momentum conservation, depending on the model. The curvature e�ects induced

by the nuclear mean �eld are usually referred to as refraction and re�ection e�ects.

4. Interactions occur like in free space in the Center of Mass System of the two colliding

hadrons. Of course, because of the Fermi motion, the lab frame will not coincide

with the frame where the target nucleon is at rest, but suitable Lorentz boosts [28]

have to be applied to transform back the secondary particles in the lab frame.

5. Interactions occur in a completely incoherent and uncorrelated way. No coherence

or di�ractive e�ect is included. No multibody or cluster process is included, except

for pion absorption.

6. Quantum e�ects are mainly limited to Pauli blocking [28]: only few codes contain

further quantum e�ects.

7. Secondaries are treated exactly like primary particles, with the only di�erence that

they start their trajectory already inside the nucleus.

A typical INC code usually follows the following logic:

ˆ Target nucleus description, typically realized through a few concentric spheres of

di�erent density and Fermi energy.

ˆ Geometrical cross section, corresponding to the nuclear radius or to the maximum

possible impact parameter.

ˆ Impact parameter selection with a constant probability over the geometrical cross

section area. More than one selection can be required if the particle crosses the

nucleus without interacting.

ˆ Interaction point selection and projectile tracking through the nucleus, according

to Fermi motion averaged hadron-nucleon cross sections and possibly to the nuclear

mean �eld, including the Coulomb �eld.

ˆ Target nucleon selection according to� hp , � hn and local Fermi energy.

ˆ Interaction simulation according to free hadron-nucleus interactions, local Fermi

energy and Pauli blocking.

ˆ Secondary tracking into the nucleus, until interaction, escape, or energy cut-o�.
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ˆ (Possible) preequilibrium stage, whenever all excited nucleons are below a given

energy threshold (typically a few tens of MeV). This stage is included only in the

most recent developments.

ˆ Evaporation stage whenever the preequilibrium stage is �nished, or all particles are

below a given threshold (usually of the order of the binding energy), and the system

can be assumed to be equilibrated.

ˆ Final deexcitation stage when the excitation energy is below the threshold for par-

ticle emission and it is spent through photon emission.

A detailed description of the physics involved in all stages can be found in [28]. In the

following, we will brie�y describe the main passages.

The physical foundation of INC becomes approximate at low energies, resulting in a de-

crease of its accuracy. Moreover, it can be very time consuming since many particles must

be followed down to very low energies. Already in 1966 Gri�n described the spectra fol-

lowing nucleon-induced reactions in terms of a pre-equilibrium model, that is, a transition

between the �rst step of the reaction and the �nal thermalization [39]. Since then, many

models have been developed.

The pre-equilibrium stage begins when the energy of the particles in the cascade has

reached the lower limit of 50 MeV and the nucleus is not yet in thermal equilibrium. It is

commonly modeled in Monte Carlo codes according to the exciton model, a semi-classical

model introduced to explain high-energy emitted particles in nuclear reactions [7]. The

evolution of the nuclear reaction is also pictured as successive nucleon-nucleon collisions,

but within a particle-hole, or �exciton,� formalism, where nucleons are excited from the

Fermi sea leaving a hole. The nucleus proceeds in the chain of nucleon-nucleon collisions

which increase the exciton number by two units, thus if the probability of having an in-

teraction that decreases the exciton number or lets it unchanged can be neglected (the

so-called "never come back" approximation). The chain stops, and equilibrium is reached,

when either the exciton number is su�ciently high, or the excitation energy is below any

emission threshold.

At the end of the preequilibrium stage, a true compound nucleus is left with Zres and

Nres, moving with a given residual momentum vector, and with excitation energy U. The

de-excitation stage is then performed starting from this con�guration: depending on the

mass of the target nucleus and on the energy left, the nucleus can dissipate its remaining

energy in several ways such as evaporation, �ssion, or fragmentation.

Let us �rst consider the evaporation process. At the end of the exciton chain, or of the

INC part whenever no preequilibrium stage is included in the calculation, the residual
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nucleus is supposed to be left in an equilibrium state, in which the excitation energy U is

shared by a large number of nucleons. Such equilibrated compound nucleus is supposed

to be characterized by its mass, charge, and excitation energy with no further memory

of the steps which led to its formation. The excitation energy can be higher than the

separation energy, thus nucleons and light fragments (� , d, 3H, 3He) can still be emitted:

they constitute the low-energy (and most abundant) part of the emitted particles in the

rest system of the residual nucleus, having an average energy of few MeV. The emission

process can be well described as an evaporation from a hot system, as in the Weisskopf-

Ewing approach [129].

The evaporative process is in competition with another equilibrium process, that is �ssion.

A fraction of the excitation energy may be spent to induce a collective deformation. As

the nucleus shape departs from sphericity, the surface energy increases but the Coulomb

energy decreases. The potential energy reaches a maximum at a deformation stage that

is called "saddle point". The height of the potential energy over the ground state is the

�ssion barrier. Once a nucleus reaches the saddle point, the �ssion occurs, and the nucleus

separates, typically into two heavy fragments. The height of the �ssion barrier can be, as

�rst approximation, computed with the liquid drop model, incorporating shell e�ects. For

�ssion probability, a statistical method can be used: it will be equal to the probability of

reaching the saddle point, because this is a no-way-back point [9].

The initial nucleus excitation energy, U, will be divided between a relative kinetic energy

of the two fragments, E, and a residual excitation. After scission, the fragments acquire

kinetic energy from the Coulomb repulsion between them. Their mass distribution de-

pends on Z and on the excitation energy of the �ssioning nucleus (�ssion is negligible for

Z < 70): for low Z system, the mass distribution is centered around the half mass; while

for high Z nuclei, the mass distribution has a symmetric component and an asymmetric

one in which one of the fragments has always a mass around 140. The two fragments are,

then, treated like independent residual nuclei with their own excitation and can possibly

emit further particles.

For light nuclei, the statistical assumptions and the sequential emission scheme underlying

the classical evaporation models become less and less sound, because:

ˆ Already moderate excitation energies can represent a substantial fraction of the

(total) binding energy of such nuclei.

ˆ The level structure of such nuclei is usually highly speci�c and anyway level spacings

can be comparable with the excitation energy.

ˆ The "evaporation" of light fragments other than p or n becomes meaningless, since

the mass of the "evaporated" fragment can be comparable or even larger than the
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mass of the residual nucleus.

Therefore, other de-excitation mechanisms are more suitable for these light (typically

A < 17) residual nuclei. A possible choice for these calculations is the so called "Fermi

Break-up" model [27]: the excitation energy of the excited nucleus may be larger than the

binding energy of some fragmentation channels. In this case, nucleus disassembles in one

step into smaller fragments, with branching given by plain phase space considerations.

Fermi break-up is relevant for radiotherapy because the human body is mainly composed

of low-Z nuclei.

Finally, the evaporation stage ends when the nuclear excitation energy becomes lower

than all separation energies for nucleons and fragments. This residual excitation energy

is then dissipated through emission of gamma rays. Gamma emission occurs even dur-

ing the pre-equilibrium and evaporation stages, in competition with particle emission,

but its branching ratio is low, and it can safely be neglected in most practical applica-

tions. Gamma de-excitation proceeds through a cascade of consecutive emissions, until

the ground state is reached.

The whole process following nucleon-nucleus interactions is summarized in Figure 1.10.

Figure 1.10: Schematic display of stages in a nucleon-nucleus interaction relevant for

radiotherapy, together with time scale and energy of interacting particle. Figure from

Ref. [60].
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Nuclear Interactions of Heavy Ions

The fundamental di�erence between nucleus-nucleus and nucleon-nucleus reactions is that

the incoming nucleons are not free. Most models for nucleus-nucleus interactions are

variants of the �abrasion-ablation� model [43]. During the fast stage (abrasion, time scale

� 10� 22 � 10� 23s), the projectile and target nuclei overlap, resulting in a kind of reaction

zone. An excited quasi-projectile is formed with much of the initial velocity, a quasi-target

fragment at rest, and several excited light fragments. During the slow step (ablation, time

scale� 10� 18 � 10� 16s), the remaining projectile, target and light fragments de-excite by

evaporating light nuclei or fragments. It must be noted that in this case both target and

projectile-nuclei can fragment, as opposed to proton irradiation, where only the target-

like nuclei can fragment (see Figure 1.11). The projectile fragments travel further in the

forward direction, losing energy through ionization and undergoing further interactions.

These fragments have approximately the same velocities and directions as their mothers,

but larger ranges than the primary ions as range scales withAZ 2 . This leads to the

characteristic tail beyond the Bragg peak.

Figure 1.11: Top: sketch of a possible nucleon-nucleus reaction in proton therapy, whereby

a neutron is created. Bottom: sketch of nucleus-nucleus reaction in heavy ion therapy,

with creation of light fragments. Figure from Ref. [60].

The target fragments have short ranges and high stopping power, and their evaporation

products are evaporated isotropically in the reference frame of the target fragments. To
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describe the dynamics of these reactions, various models have been proposed, which are

mainly di�erent in the treatment of the nuclear �eld a�ecting the propagation of the

particles inside the nucleus. Examples are:

ˆ Intra-nuclear cascade model. For high-energy nuclei with energies above about 100
MeV

u , the description is similar to what was outlined above for protons.

ˆ Quantum molecular dynamics (QMD). Valid for energies from 50 to about 400MeV
u ,

this model can be seen as sophisticated form of the INC model. Here, each nucleon

is described by a gaussian wave packet, and all nucleons in the projectile and target

nuclei are participants in the collision process. By minimizing the Hamiltonian

describing nucleon-nucleon interactions when projectile and target nuclei overlap, it

predicts the formation of heavy or light nuclei and secondary protons and neutrons.

Because of their complexity, these models are generally much slower in MonteCarlo

codes than the normal INC model.

ˆ Boltzmann-Master-Equation (BME). It is a sophisticated model to simulate the pre-

equilibrium stage, describing the thermalization of composite nuclei for projectiles

with energies below 100MeV
u down to the evaporation/�ssion/break-up stage. Based

on a set of time-dependent transport equations, BME describes how a statistical

state far from equilibrium evolves to an equilibrium state, through a sequence of

two-body interactions and emission of unbound particles (neutrons/protons) and

clusters (heavy/light nuclei).

For the de-excitation phase in nucleus-nucleus interactions, the same models as those

already described for nucleon-nucleus interactions are used: evaporation, �ssion, Fermi-

breakup, and gamma emission.

Conclusions

Various types of secondary particles are produced, which can be used for particle range

veri�cation. All three stages of the nuclear reactions contribute to the production of

secondaries. The INC and pre-equilibrium stage mostly lead to production of high-energy

secondary particles (with energies that may exceed even a hundred MeV), emitted mostly

in the forward direction in the laboratory frame. The slow part of the nuclear interaction

leads to lower energy secondaries, emitted almost isotropically in the center-of-mass frame

of the parent nucleus. In the case of ion projectile emissions, this implies mostly forward in

the laboratory system due to the kinematic boost. Three types of secondaries are used for

range monitoring in hadron therapy: � + emitting isotopes, which can be measured with

a PET detection system, enabling to extract information about the beam path; prompt
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gammas, which accompany the nuclear reactions along much of the primary particle path

and are emitted with energies ranging from 0 to about 10 MeV; charged fragments are

produced, which can possibly be measured and used for verifying particle range.

1.4.3. Interaction of electromagnetic radiation with matter

Indirectly ionizing photons can be subdivided into multiple groups. Let us start from


 -rays, which have a discrete energy spectrum and are emitted during nuclear transitions.

Bremsstrahlung X-rays have, instead, a continuum energy spectrum and are generated

by the acceleration/deceleration of charged particle, mainly electrons. There exists also

characteristic X-rays, produced in transitions of electrons bound to atomic shells (K, L,

M, etc...) with a discrete energy spectrum. Then, annihilation
 -rays are generated fol-

lowing a positron annihilation with an electron.

The electromagnetic radiation is a useful tool for radiation therapy. Indeed, the
 emit-

ters 60Co and137Cs are currently employed in brachiterapy (seeds of various radionuclides

implanted locally into the tumor), while other gamma emitters incorporated in radio-

pharmaceuticals are employed in the Single Photon Emission Tomography (SPECT diag-

nostics). Then, bremsstrahlung X rays are generated by accelerated electrons impinging

on high Z materials (such as W, Pb) and are employed in radiation therapy and diagnos-

tics (radiography, CT, etc.). Not to think at the importance of annihilation 
 -rays, which

are widely exploited in Positron Emission Tomography (PET), where radiopharmaceuti-

cals loaded with� + emitters (generally18F) reach the organs to be examined.

While photons are interacting with matter, some partners play a part into the interac-

tions: atomic electrons, nuclei or nucleons, and nuclear electric �eld. The e�ect of the

interaction can be various, from a complete photon absorption to inelastic (incoherent)

or elastic (coherent) scattering. Among the full set of interactions with matter, some of

them are the most probable:

ˆ Photoelectric e�ect . It leads to the total absorption of the impinging photon from

an electron bound to its atom. This phenomenon cannot occur after the interaction

of a photon with a free electron, since energy and momentum conservation is not

ful�lled. Therefore, for �nite energies, the photoelectric e�ect occurs only if the

target electron is initially bound to an atom, since momentum is conserved by the

whole residual atom recoil. From this consideration it can be inferred that the

photoelectric e�ect possesses a higher probability of occurrence with highly bound

electrons. Experiments have demonstrated that about 80% of photoelectric e�ects

occur with K shell electrons. This e�ect is a threshold reaction which can occur only

if the impinging photon energy is higher than the electron binding energy. After the



1| Particle therapy 33

occurrence of the photoelectric e�ect, the residual atom is left into an excited state,

since the emitted electron left a free orbital which is �lled by less bound electrons

from more external shells: characteristic X-rays and Auger electrons are emitted

during this atomic de-excitation. It should be stressed that the photoelectric e�ect

is more probable the higher is the atomic number of the target, Z, material and

the lower is the impinging photon energy, E (staying, however, above its threshold

value) as shown by Eq. 1.8:

� ph /
Z n

E 3:5
(1.8)

where n ranges between 4 and 5.

For low impinging photon energies, photoelectrons tend to be emitted perpendicu-

larly to the photon incidence direction, while at higher energies their angular dis-

tribution tend to be forward-peaked.

ˆ Compton e�ect . When the photon energy is not negligible with respect the rest

electron energy, the incoherent scattering must be described through a relativistic

theory. The Compton e�ect describes photon scattering interactions with atomic

electrons; the model assumes that the impinging photon energy is higher than the

binding energy of the electron, which can be considered as free. For lower photon

energies, when the electron binding energy cannot be neglected, correction coe�-

cients should be accounted for.

The kinetic energy of an electron emitted by the Compton interaction is of primary

importance for the estimate of the absorbed dose in a radiation therapy treatment

since the dose is given by secondary electrons.

The Compton cross section is proportional to the atomic number, Z, of the target

material.

ˆ Rayleigh scattering . Rayleigh scattering is more probable at low energies, when

photon energy is smaller than the electron binding energy. In this process, photons

are scattered by the atomic electrons and the atom is neither ionized nor excited.

The impinging photons change their initial direction, and the atom absorbs the

recoil momentum, but the recoil kinetic energy is negligible, since the electron mass

is much lower than the atom one.

ˆ Pair production . At photon energies higher than2mec2 = 1022keV, the phe-

nomenon of pair production may occur. In this process, the impinging photon, �rst,

interacts with the Coulomb nuclear �eld; then, it is absorbed completely; �nally,



34 1| Particle therapy

an electron-positron pair is created. Pair creation can be modelled according to the

Dirac theory, by considering positrons as holes in negative energy states which are

initially �lled completely by electrons. These negative energy states come from the

negative square root of the fundamental relativistic relation (Eq. 1.9):

E = �
p

p2c2 + m0
2c4 (1.9)

The model of pair creation is strictly linked to Bremsstrahlung phenomenon. In

both processes, an interaction with the Coulomb nuclear �eld occurs; but, in the

latter, an electron undergoes a transition between two positive energy states and

a photon is emitted instead of being absorbed. Since both processes depend on

the square of the atomic number of materials, Z2, we will expect an intense line at

511keV in a suitable detection system, in presence of high energy photons and high

Z materials (like Pb, or W).

ˆ Positron annihilation . Positrons are not stable particles in matter. They interact

with electrons in the target material and give back the sum of electron and positron

rest masses (2mec2) as emission of electromagnetic radiation by the process called

"annihilation".

Positrons slow-down in matter by transferring their energy through atomic ion-

ization and excitation. While slowing-down, in-�ight annihilation with a bound

electron may occur (half-life 0.5 ns). But, when positron energy goes below about

10 eV, annihilation becomes more probable: the positron can bind with an elec-

tron extracted from an atom, by generating an unstable system, the "positronium",

whose binding energy is half the one of an hydrogen atom and its radius twice the

Bohr radius.

Positronium may be generated into two states, depending on the electron and

positron spins. In a para-positronium (p-Ps), the two particle spins are anti-parallel

and positronium is in a singlet state with angular momentum J=0~. The p-Ps

half-life in vacuo is 0.125 ns. In a ortho-positronium (o-Ps), spins are parallel and

therefore a triplet state is generated with angular momentum J=1~. The o-Ps half-

life in vacuo is 140 ns.

The positron from an o-Ps state can annihilate with another electron from an atom

in matter, hence conversion processes from o-Ps to p-Ps may occur, reducing the

o-Ps half-life down to a few nanoseconds. By assuming that the kinetic energy of

para-positronium (Erest= 2mec2) is negligible, since the photon angular momentum

is J=0~, energy and momentum conservation require that two opposing photons are
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emitted from annihilation, each one with energyh� = mec2. On the other hand,

o-Ps annihilation occurs by emitting an odd number of photons: typically, annihi-

lation occurs through the emission of three photons space by 120° one each other

with 1022
3 keV in energy.

To sum up, Figure 1.12 resumes the probability of occurrence of photon interaction with

matter. Photons are a fundamental part of this thesis, and it is important to have in mind

which is the most probable interaction in the considered energy range. Moreover, the

geometry of the simulation study will include components (target, collimator, detector)

with strong di�erences in the atomic number, so that the most likely e�ect may vary from

di�erent components.

Figure 1.12: Relative probability of the three major types of gamma-ray interaction in

matter as function of the impinging photon energy and the target atomic number. Figure

from Ref. [54].

1.5. Radiation detection

The detection of ionizing radiation by the scintillation light produced in certain materials

is one of the oldest techniques on record. The scintillation process remains one of the

most useful methods available for the detection and spectroscopy of a wide assortment of
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radiations. The ideal scintillation material should possess the following properties:

1. It should convert the kinetic energy of charged particles into detectable light with

a high scintillation e�ciency.

2. This conversion should be linear and the light yield should be proportional to de-

posited energy over as wide a range as possible.

3. The medium should be transparent to the wavelength of its own emission for good

light collection.

4. The decay time of the induced luminescence should be short so that fast signal

pulses can be generated.

5. The material should be of good optical quality and subject to manufacture in sizes

large enough to be of interest as a practical detector.

6. Its index of refraction should be near that of glass (� 1:5) to permit e�cient coupling

of the scintillation light to a photomultiplier tube or other light sensor.

No material simultaneously meets all these criteria, and the choice of a particular scin-

tillator is always a compromise among these and other factors. The most widely applied

scintillators include the inorganic alkali halide crystals, of which sodium iodide is the fa-

vorite, and organic based liquids and plastics. The inorganics tend to have the best light

output and linearity, but with several exceptions are relatively slow in their response time.

Organic scintillators are generally faster but yield less light. The intended application also

has a major in�uence on scintillator choice. The high Z-value of the constituents and high

density of inorganic crystals favor their choice for gamma-ray spectroscopy, whereas or-

ganics are often preferred for beta spectroscopy and fast neutron detection (because of

their hydrogen content).

1.5.1. Inorganic scintillators: LYSO

Scintillation is found in a wide variety of both organic and inorganic materials and is

de�ned as the e�cient conversion of incident ionizing particles into an optical response

of fast rise and/or decay times. This ability has made scintillators the cornerstone of

room temperature ionizing radiation spectroscopy and imaging. A high-performing fam-

ily of scintillation detectors is the cerium-doped lutetium orthosilicate Lu2 � xYxSiO5:Ce

(LYSO:Ce) crystals developed in the '90s, which have an exceptional high photon-emission

rate. This material has enabled the development of the current generation of time-of-�ight

positron emission tomography (TOF-PET) clinical scanners and is of high interest for
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reconstruction-free TOF-PET imaging and online monitoring of adaptive proton therapy

enabled by its high photon-emission rate [67] [29].

Figure 1.13: Band gap diagram for LYSO:Ce. (a) illustrates the scintillation process:

Ionizing radiation generates electrons and holes, which are subsequently trapped by Ce3+

centers with a life time of� 40ns and give rise to prompt light emission. (b) A fraction

of electrons are stored in auxiliary OSL traps, which are readout on request through the

same Ce3
+

centers using optical stimulation. Solid lines illustrate excitations, dashed lines

illustrate capture processes, dash-dotted lines illustrate radiative decays and wavy lines

illustrate optical photons.

Figure 1.13a [47] illustrates the scintillation process within the band gap of a LYSO:Ce

crystals. Upon interaction with ionizing radiation, electrons are excited across the band

gap, where they generate secondary electrons and holes that thermalize to the lowest

available energy in their respective bands. Energy from the thermalized charge carriers is

transferred to the Ce3
+

centers energetically located within the 6.8� 7.4 eV band-gap of

the insulating inorganic matrix [132]. The Ce3
+

centers function as recombination centers

through a 5d-4f optical transition characterized by a decay time around 40 ns, and are

responsible for the scintillation in this material, producing around 40000 optical photons

per deposited MeV. As illustrated in Figure 1.13a, capture to another more long-lived

trap state also occurs, allowing for storage of a fraction of the excited electrons. Electrons

captured and trapped in this metastable trap state can be excited post-irradiation using

low-energy optical stimulation allowing for radiative recombination through the Ce3
+

cen-

ters as illustrated in Figure 1.13b. Such optically stimulated luminescence (OSL) provides

a method to interrogate the OSL-traps and assess the number of trapped electrons, as

this correlates directly with the number of emitted OSL-photons.

Previous studies (such as [33]) of lutetium orthosilicate (LYSO) compounds using �lms,

powders, and structurally defective cerium doped single crystals have reported OSL prop-

erties in these compounds. These studies agree on the stability and dose-linearity of OSL

in the investigated LYSO compounds and the relevance of this energy-storage mecha-
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nism in radiation dosimetry. However, the study and application of OSL in commercial

LYSO:Ce samples used for current TOF-PET imaging remains to be explored [47].

1.5.2. Silicon photomultipliers

The visible photons generated by a scintillation crystal must be detected and converted

into detectable electronic signal by a photo-sensor. For this, the principle of the photo-

electric e�ect is exploited to convert photons into photoelectrons that can be ampli�ed

by the sensor and read out by the subsequent signal processing electronics.

When coupling the photo-sensor to the scintillation crystal, it is crucial to match the

optical index of refraction between these two components to avoid losing light at the

surface interface. There are di�erent types of photo-sensors, whose main requirement is

to provide a high photon detection e�ciency (PDE) in the wavelength region of interest.

The only technology of silicon photomultipliers is shown here, as they are an important

component in the discussion of Chapter 4.

Silicon photomultipliers (SiPM) are today more and more popular as an alternative to

standard photomultiplier tubes (PMTs), mainly because of their insensitivity to magnetic

�elds, compactness, and low voltage bias. A SiPM is a silicon-based photodetector that

uses multiple APD (Avalanche Photodiode) micropixels operating in Geiger mode. These

are called Single Photon Avalanche Diode (SPAD). To build up one SiPM module, several

hundreds, up to a few thousands, of these micro-cells are connected, sharing the same bias

and ground, in a parallel circuit. The pixels are electrically decoupled from each other by

polysilicon resistors located on the same substrate (Figure 1.14).

SiPMs operates in reverse bias, speci�cally slightly above the breakdown voltage (Vbd),

that is the bias for which the electrical �eld strength, in the depletion region, is su�cient

to create a Geiger discharge. Entering the photodiode in Geiger mode, photons generate

a self-sustaining avalanche current which is, then, quenched and reset by use of either

passive elements or active quenching circuits. A SPAD of the SiPM produces a pulse

signal when it detects one photon. The sum of all SPADs signals will generate the output

of the SiPM, whose gain, mainly determined by the overvoltage, is typically in the range

of 105 to 107. On the surface of a SiPM pixel an anti-re�ective layer is added to optimize

the e�ciency of the detector by increasing the number of photons reaching the depletion

region at the pn-junction.

In the following, I will introduce two of most important �gures of merit of SiPMs.
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Figure 1.14: Simpli�ed schematic representation of a silicon photomultiplier circuit. Each

micro-cell consists of a SPAD, quench resistor and fast output capacitor.

Photon Detection E�ciency

The Photon Detection E�ciency (PDE) is de�ned as the probability for an impinging

photon to produce an electron-hole pair. This quantity can be expressed as the joint

probability for a photon to impinge on the active area of the photodetector, to be absorbed

in silicon, and to e�ectively trigger the avalanche, as shown in Eq. 1.10:

PDE (�; V ) = � (� ) � P(V) � FF (1.10)

where� is the quantum e�ciency of silicon, P is the avalanche initiation probability and

FF is the �ll factor of the device, a geometrical parameter de�ned as the ratio between

the active area and the overall area of a micro-cell. The PDE, thus, indirectly depends

on the wavelength,� , and on the overvoltage that goes to the SiPM. Typical values can

be considered around 40% and 50%.

The dead area is mainly attributable to the quenching resistor and guard rings. Increasing

the size of the cell for the same dimensions of quenching resistor, the �ll factor improves,

as the relative weight of the dead area reduces; but a larger active area leads to a larger

depletion capacitance, hence to a slower response of the device. Moreover, in SiPM of

the same overall size, it is true that the larger the cells the lower the total number of
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them, which brings to a decrease of the dynamic range. Therefore, a trade-o� must be

considered during electronics design and the optimal condition must be found to obtain

the best performances for the target application.

The quantum e�ciency is the probability for an impinging photon to be absorbed in the

medium, generating an electron-hole pair. So, being related to the promotion of valence

electrons into the conduction band, it is dependent on the wavelength of the impinging

photon and on the absorption material, which is silicon in the present case. To properly

absorb the incident light, the material must be su�ciently thick. The quantum e�ciency

can reach values as high as 98% by means of proper anti-re�ecting coating layers deposited

over the SiPM active area.

Finally, the triggering probability depends on the capability of a carrier to trigger an

avalanche and can be expressed as in Eq. 1.11 [82]:

P = Pe + Ph + Pe � Ph (1.11)

wherePe and Ph are, respectively, the probability to trigger an avalanche for an electron

and a hole.

Being related to the electric �eld in the depletion region,P is a function of the SiPM bias

voltage. In silicon Pe > P h, but the respective probabilities also depend on the position

of generation of the electron-hole pair. 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.

Dynamic range

SiPMs are constituted by an array of elementary micro-cells. The maximum signal pro-

vided by a SiPM photodetector corresponds to the case in which all the cells are triggered,

while the minimum signal consists in an output of a single cell.

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 micro-cells. Therefore, the

output signal of a SiPM is in�uenced by the statistical �uctuations that more than one

photon hit the same cell. The average number of �ring micro-cellsN f ired as a function of

the number of impinging photonsNph, given a certain number of cellsNcell and PDE can

be computed as [85]:

N f ired = Ncell (1 � e�
P DF � N ph

N cell ) (1.12)
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According to Eq. 1.12, the output signal of a photodetector is proportional to the number

of impinging photons only whenNph � Ncell . Conversely, saturation e�ects are explained

for a number of photons comparable to the number of the micro-cells, when the probability

of multiple photons hitting the same cell becomes signi�cant. In Figure 1.15, experimental

results obtained for three SiPMs with di�erent number of cells are shown. The number

of �red micro-cells is represented as a function of the generated photoelectrons, found by

knowing the average number of impinging photons and the PDE of the SiPMs.

Figure 1.15: The SiPM output signal saturation for three di�erent numbers of micro-cells,

namely 576, 1024 and 4096. The number of �red micro-cells is proportional to the number

of impinging photons when this is well below the total number of cells; when this is not

the case, saturation of the output signal shows up. Figure from Ref. [85].
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2| Range uncertainties in particle

therapy

In this chapter, I will tackle the problem of range uncertainties in particle therapy, which

is one of the main limiting factor for the spreading of this technology. The most promising

solutions will also be shown.

The �rst section will be devoted to report the de�nition of range, to describe the sources

of range uncertainties and their in�uence on hadrontherapy.

Then, in the second section, I will classify in three categories the methods under investi-

gation to reduce the impact of the range uncertainties on particle therapy.

Finally, last section will focus on the family of techniques which exploits prompt gammas

generated by the interaction with matter of the therapeutic ion beam. Not only that, but I

will also consider the detection systems for range monitoring in particle therapy that are

already reported in literature, showing their performances, needs and challenges.

2.1. Introduction

The main challenge in radiotherapy is how to deliver high dose to the tumor region, while

minimizing the irradiation of healthy tissue. Proton and carbon ion beams o�er the pos-

sibility to accurately target tumors thanks to their rising dose distribution culminating

at the Bragg peak. However, treatments with charged particles are more sensitive to

uncertainties than conventional radiotherapy, because of their steep dose pro�le. Hence,

to avoid under-dosage to the tumor and unwanted dose to healthy tissues, large safety

margins around the tumor are employed, and/or robustly optimized conservative treat-

ment plans are used. Anyway, this way may not be the optimal for patient and may limit

the bene�cial e�ects of charged particle therapy.
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2.1.1. De�nition of range

Ideally, the range of a charged hadron is de�ned at the position where the dose has

decrease of the 80% of the maximum dose, i.e., at distal dose fall-o� [38]. The reason

behind this de�nition is that, considering a monoenergetic proton beam, the 80% fall-o�

position coincides with the mean projected range, which in turn is de�ned as the position

where the 50% of protons have stopped.

Due to range straggling, not all charged hadrons of the same energy have the same range.

It makes sense, though, to de�ne the range for a beam resulting in a SOBP.

The range de�nition is not unique: in most proton facilities, the prescribed range is de�ned

at the 90% fall-o� position in water.

2.1.2. Sources of uncertainty

Let us now dig into the causes of range uncertainty, which can be divided into two main

categories:

ˆ Dose calculation errors . The development of a treatment plan based on a spe-

cialized computerized tomography (CT) scan is a routine in radiation therapy. From

a CT scan, which can also be coupled with other diagnostic images, clinicians de-

termine the tumor location and plan the parameters of daily treatment (such as

the number of beams, the beam directions, the dose to deliver). An important part

of the planning process involves the computation of both the exact range of each

beam, needed to cover the whole tumor volume, and the associated beam energy

to produce the exact range. However, the accuracy of these calculations is compro-

mised by three main sources.

First, artifacts in the planning CT scan, such as uncertainty in highly inhomoge-

neous patient tissues, or in presence of metallic implants. Secondly, limitations

can be found in the algorithms used to determine the beam dose delivery rates in

di�erent tissues. The estimation of the tissue relative stopping powers is deduced

from X-ray CT, converting photon attenuation coe�cients to ion stopping powers:

CT numbers, represented in Houns�eld units (HU), re�ect the relative X-ray at-

tenuation of a given tissue in comparison to the attenuation in water. To get ion

ranges for treatment preparation, HU must �rst be converted to relative stopping

powers, where calibration curves are created using elaborate algorithms that involve

inevitable uncertainties; then, the actual conversion is based on the chemical struc-

ture of the material [107].

Lastly, another kind of uncertainty is often associated to the RBE: proton therapy
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has been focused on the use of a generalized RBE, but its dependencies on vari-

ous physical and biological properties are not considered. This uncertainty can be

quanti�ed as few millimeters in biological range [87].

ˆ Gap between treatment preparation and delivery . During the treatment

delivery, the patient must be immobilized and positioned on the treatment couch

in a way that matches the CT simulation. Due to setup errors, patient's misposi-

tioning is the most signi�cant source of uncertainty, especially when treating areas

with high density heterogeneities and patient non-planar surfaces along the beam

direction. A second not negligible uncertainty is given by internal organ motion,

such as breathing.

The positioning and alignment for each treatment session is performed by means of

a robotic couch and onboard CT imaging systems to ensure that the patient's bone

and soft-tissue landmarks are aligned as they were at the time of treatment planning;

however, the exact reproduction of the planned patient alignment is not possible,

for several reasons: �rst, the on-board imaging systems are limited in contrast and

resolution; then, over the course of radiotherapy, which can last 30 days or more,

patient anatomy can change due to weight loss, tumor shrinkage, or normal tissue

swelling; �nally, patients may wiggle, cough, scratch an itch, or shift position during

the several minutes between the end of the alignment process and the conclusion of

the daily treatment.

Table 2.1 resumes the sources of uncertainty in particle therapy, based on a systematic

study and classi�cation done by Paganetti [88], in which is also highlighted the importance

of Monte Carlo techniques that can reduce the range uncertainty by several millimeters.

2.1.3. Range uncertainty in�uence on particle therapy

Particle range uncertainty needs to be considered when designing the treatment plan with

practical consequences that compromise part of the bene�t of particle therapy. Thus, to

mitigate possible side-e�ects and to ensure that the clinical target volume is e�ectively

irradiated with the prescribed dose, safety margins are applied in the Planning Treatment

Volume (PTV).

A typical margin is chosen to be 2mm plus 3.5% of the beam range, so for deep-seated

tumors, 1cm or more of tissue might be added to the treated target volume [88]. In Figure

2.1, safety margins applied to the total uncertainty are reported for di�erent therapy

centers.

Nonetheless, adding range-uncertainty margins and using sub-optimal beam arrange-
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Table 2.1: Estimated proton range uncertainties and their sources and the potential of

Monte Carlo for reducing the uncertainty. The estimations are average numbers based

on 1.5 standard deviations. Extreme cases, such as lung treatments, might show bigger

uncertainties.

Range uncertainty source in patients Range uncertainty without Monte Carlo Range uncertainty with Monte Carlo

Independent of dose calculation

Measurement uncertainty in water for commissioning � 0.3mm � 0.3mm

Compensator design � 0.2mm � 0.2mm

Beam reproducibility � 0.2mm � 0.2mm

Patient setup � 0.7mm � 0.7mm

Dose calculation

Biology (always positive) (a) + � 0.8% + � 0.8%

CT imaging and calibration � 0.5% � 0.5%

CT conversion to tissue (excluding I-values) � 0.5% � 0.2%

CT grid size � 0.3% � 0.3%

Mean excitation energy (I-values) in tissues � 1.5% � 1.5%

Range degradation; complex inhomogeneities -0,70% � 0.1%

Range degradation; local lateral inhomogeneities (b) � 2.5% � 0.1%

Total (excluding a,b) 2.7% +1.2mm 2.4% +1.2mm

Total (excluding a) 4.6% +1.2mm 2.4% +1.2mm

Figure 2.1: Safety margins used in di�erent clinical proton therapy facilities: (3.5% +

3mm) at Loma Linda University Medical Center (LLUMC), (3.5% + 2mm) at Univer-

sitats Protonen Therapie Dresden (UPTD), (3.5% + 1mm) at Massachusetts General

Hospital (MGH) and (2.5% + 1.5mm) at University of Florida Health Proton Therapy

Institute (UFH). The term "range bonus" refers to the margin applied to the speci�ed

range to ensure maximum tumor coverage even in the case of an undershoot. Under cer-

tain treatment scenarios, these centers may use larger margins.
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ments, it often means losing the intrinsic advantage of charged hadrons depth-dose dis-

tribution.

A promising strategy that could limit beam-range uncertainty are either techniques able

to directly image the beam as it passes through the patient during treatment, or tech-

niques in which the secondary particles whose emission is correlated with the beam range

are properly detected. These methods would allow clinicians to verify that the treatment

fraction is delivered to cancer as planned. For instance, the detection and imaging of

secondary emissions outside the patient can provide a real-time visualization of the dose

distribution inside the patient. For this, many di�erent methods for in-vivo range veri�-

cation have been proposed and explored over the last years. The following section will be

devoted to an overview of state-of-the-art range veri�cation methods.

2.2. Range Veri�cation methods

To start, let us classify the various solutions under investigation to limit range uncertainty

in particle therapy. We can distinguish three distinct categories: �rst, methods that aim

at reducing uncertainties before treatment delivery; then, methods that operate during

delivery monitoring the treatment; lastly, the so-called post-treatment veri�cation meth-

ods.

Next subsections will summarize the most promising solutions in particle therapy and we

will be helped by the huge work done by J. Smeets in his PhD thesis [111].

2.2.1. Pre-treatment reduction of uncertainties

Reducing the di�erent sources of range uncertainties to a minimum before treatment

delivery is of course the best practice. Among the di�erent techniques, we can �nd:

ˆ Robust planning . Approach that aims at reducing uncertainties on the treatment

outcome. It takes range uncertainties into account at the treatment planning stage

to mitigate their potential consequences at the treatment delivery stage. E�orts

are focused on avoiding signi�cant under-dosage of the target volume or excessive

exposition of a critical healthy structure, because of range uncertainties. This is

commonly integrated by medical physicists who apply such principles as �eld patch-

ing, safety margins, the use of lateral penumbra rather than the distal one to avoid

critical structures, etc. These principles also need to be integrated in treatment

plan optimization software.

ˆ Proton radiography . Range uncertainties could be e�ciently reduced by perform-
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ing a proton radiography before the delivery of every treatment fraction, using the

therapeutic beam. A proton beam of su�cient energy to exit the patient would give

the possibility to measure the proton residual energy thanks to a position-sensitive

range telescope. Comparing the results to the computed predictions, physicists

could identify, for instance, setup errors and evolution of the cancer size causing

under- or overshoot.

Ideally, the treatment would even be planned using proton computed tomography

data, which would eliminate the present ambiguity in the conversion to proton stop-

ping powers of CT numbers from classical X-ray CT scans. Even tough radiography

and computed tomography via proton and heavy ion beams have been investigated

by di�erent groups who con�rmed the great potential of these approaches [97], they

are not yet used in clinical routine as both technical and �nancial di�culties are

still faced.

ˆ Dual-energy X-ray computed tomography . Dual-energy X-ray computed to-

mography is another option to reduce range uncertainties due to the ambiguity in

the conversion of CT numbers to proton stopping powers.

A dual-energy CT scanner uses two X-ray energy spectra, generated at a di�erent

voltage. The two sets of data and their energy dependence give the possibility to

simultaneously retrieve both the density and the e�ective atomic number Z of the

tissues. Yanget al. already concluded that, for the dual-energy CT, the combina-

tion of two X-ray spectra, one in the kV range, plus one in the MV range, could be

more e�ective in reducing errors than the more conventional combination of two kV

X-ray spectra. The reasons are to be found in random noise and beam hardening

e�ects [137].

ˆ Radioactive probing beam . For carbon ion therapy, a very e�cient concept

is the use of a radioactive beam. The stable12C isotope can be replaced by the

positron emitting isotopes, such as10C or 11C, with similar dose deposition curves.

The penetration depth can then be retrieved, as most of the radioactive C-ions

will stop at their mean projected range and emit positrons; annihilation photons,

escaping the patient will then be detected by a gamma camera.

This was �rst realized at the Lawrence Berkeley Laboratory in the 80's with a19Ne

beam and more recently at the Heavy-Ion Medical Accelerator (HIMAC) in Chiba

with beams of 10C and 11C [51]. Isekiet al. did not �nd 11C to be advantageous

because its long half-life (20.4min) results in low count rate and the measurement is

blurred by other positron emitters produced along the incident beam tracks. Thanks

to a shorter half-life (19.3s), beams of10C were preferred despite a lower production
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yield and deeper maximum range of the emitted positrons (up to 9.2mm for positrons

of 10C and up to 4.2mm for11C). Measurements were conducted with a10C beam

of 345.8MeV
u average energy, incident a PMMA target (PolyMethyl MethAcrylate,

(C5H8O2)n , 1:19 g
cm3 ) and a pair of Anger-type scintillation detectors operating in

time coincidence were used to collect the signal. The data analysis revealed that

the range could be measured with an uncertainty as low as 0.3mm for2:7� 105 ions

implanted, corresponding to a biological dose of only 9.6cGyE (gray-equivalent dose

taking into account a relative biological e�ectiveness of 4.1) [46].

2.2.2. Real-time treatment monitoring methods

Following the optimization of sources of the treatment planning uncertainties, real-time

monitoring would o�er powerful feedback during treatment delivery: the treatment could

be corrected before the whole fraction is delivered, if the measured range does not match

the prescribed one. Di�erent approaches have been investigated and can be distinguished

in direct methods, based on direct measurement of the depth-dose distribution, and in-

direct methods, which take advantage of the secondary emission from the patient during

treatment.

Time resolved diode dosimetry

An example of direct method is the "time resolved diode dosimetry". This is an extremely

promising approach for quality control with passive scattering delivery systems. It is

principally meant for prostate treatments where diodes are introduced in the rectum with

a rectal balloon as illustrated in Figure 2.2. This method could also be applied for other

treatments provided that diodes can be inserted in a body cavity.

Intra-cavity dosimeters are already used for quality control in conventional photon and

electron radiotherapy. One speci�c di�culty for proton therapy is the �atness of the dose

distribution before and beyond the BP, as the dosimeter cannot be placed right at the

dose distal fall-o�. If the dosimeter is placed before the BP in the plateau of the SOBP,

the dose distribution will give no indication on the residual range of protons. Beyond the

BP, the dose is almost zero and it cannot be accurately related to the average distance of

proton maximum penetration depth.

In the work of Lu, a solution to this di�culty is given by taking advantage of the time-

dependence of the signal measured by the diodes exposed to the plateau of a SOBP [70].

Passively scattered proton systems deliver SOBP by intercepting the incident beam with

a rotating wheel composed of segments of variable thickness: the range modulator. The
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Figure 2.2: Schematic view of anin-vivo range veri�cation with diode detectors (yellow

dots) for a patient whose prostate (red delineation) is treated by an anterior proton �eld

(yellow arrows) with an endorectal balloon (white curve). Figure from Ref. [116].

di�erent segments of the wheel cause the degradation of the beam producing di�erent

BP depths. As a consequence, the dose rate measured by a diode at a �xed depth varies

periodically as a function of time: even if the diode measures the same total dose at all

depths of the SOBP dose plateau, the time-dependence is di�erent and thus encodes the

residual range.

This method could be applied before and during a prostate treatment. When the patient

is positioned, a probing beam would �rst deliver a low dose (less than 1cGy) with a deeper

range than prescribed so that the diodes are exposed in the plateau of the SOBP. The

millisecond dose-time dependencies measured by the diodes are compared to a database of

reference dose-time functions (obtained by calibration measurements, or via Monte Carlo

simulations) to deduce the residual range at these points. If this residual range does

not match the expected value within a speci�ed margin (let us say less than 1mm), the

range is adjusted. After this pre-treatment veri�cation, the diodes measure the rectal dose

continuously during the actual treatment delivery with the adjusted prescription range:

protons are supposed to stop before the diodes to spare the anterior rectal wall. If for any

reason this rectum dose gets too high, the treatment could be immediately interrupted,

and resumed after a new range adjustment.
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Range veri�cation via prompt gammas

After collisions with charged hadrons many nuclei of the patient tissue are left excited and

decay by emitting neutrons or prompt gammas very quickly (10� 19 to 10� 9 s), as explained

in section 1.4). Prompt gammas have a wide energy spectrum with a few characteristic

rays of the nuclei that are present or produced in the target. Reproducing data from

Kozlovsky et al. [59], the cross section of gamma ray lines from proton reactions with12C

and 16O are plotted in Figure 2.3. It is expected that the most intense peaks will be the

4.44MeV due to16O and 12C; the 6.129MeV, 6.916MeV and 7.115MeV due to16O, and

the 0.718MeV due to12C.

In 2003, Stichelbaut and Jongen suggested that these PGs, leaving the patient, could be

used to deduce the particle range [115]. As PGs are produced along the proton tracks,

the path of a pencil beam within the patient could be imaged as a line source by an

adequate gamma camera: this technique was then called Prompt Gamma Imaging (PGI).

Thanks to Monte Carlo simulations, they predicted that the prompt gamma emission

pro�le should be correlated with the depth-dose distribution produced by the primary

beam. Prompt emission of high-energy gamma rays provides a direct and instantaneous

signature of the beam range in matter.

(a) (b)

Figure 2.3: Gamma production cross sections from proton reactions with12C (a) and 16O

(b). Cross sections are drawn in the same color when they use the same data multiplied by

di�erent factors. For 12C, the 4.438MeV and 4.444MeV peaks are merged as the 4.44MeV

peak. Figure from Ref. [111].

The use of PG detection to monitor proton range has been already experimentally veri�ed

(e.g., [76] [118]). As classical cameras used in nuclear medicine were not adapted to detect

high energy gammas, in the presence of an important neutron background, a knife-edge

camera was developed by IBA in collaboration with Politecnico di Milano and XGLAb

[94], has been applied for the �rst time clinically for a treatment of a head and neck
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tumor [102], with measured inter-fractional global range variations of the order of� 2mm.

Developments of Compton cameras for PG measurements are also ongoing (see, e.g., [120]

[114] [32]) although not yet with clinical trials. Prompt-gamma spectroscopy (PGS) [126]

[125] and timing (PGT) [37], based respectively on energy and timing (time-of-�ight)

measurements, are also under development and have been recently tested [19] [130] [72].

Proton vertex imaging

Interaction vertex imaging (IVI) is a proposed method which exploits prompt secondary

protons and other light ions (secondary particles) to reconstruct the positions of nuclear

reactions (the "interaction vertices") inside the patient body in heavy ion therapy [40].

These protons are mostly emitted after fragmentation reactions of the beam and tissue

along the trajectory of the beam. In an ideal implementation, the reconstruction of

interaction vertices could take place during the treatment to provide fast feedback on BP

position [44].

Secondary electron bremsstrahlung for carbon ion therapy

To assure in-beam quality of treatment applications, several techniques for therapeu-

tic carbon-ion beams are worldwide under study. A beam-monitoring technique which

involves the measurement of low-energy secondary electron bremsstrahlung (SEB), was

proposed and is under active investigation for therapeutic carbon beam applications [136].

The potential of this approach for beam-trajectory imaging using a pinhole camera was

investigated using therapeutic proton beams and the trajectories of these monochromatic

beams were appropriately imaged [2].

This technique has the potential to signi�cantly improve overall sensitivity, for the two

following reasons. The emission intensity of SEB is larger than that of high-energy PG

rays and of positron-annihilation gamma rays (including very short-lived nuclides). Sec-

ondly, collimators and detectors can be easily fabricated for low-energy photons, so that

simple and high-sensitivity imaging devices can be easily realized.

Positron emission tomography

Positron emission tomography (PET) imaging has been the most extensively investigated

method for noninvasive,in-vivo visualization of the delivered ion treatment. PET exploits

the detection of the coincident, anti-parallel 511 keV photon pairs following the annihila-

tion of the positron emitted in the � + decay of neutron de�cient nuclei. There are three

operational modalities for PET-based veri�cation in hadron therapy, the �rst of which is
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used during treatment and will be followed in this paragraph; the other two are classi�ed

as post treatment techniques and will be faced in the next subsection 2.2.3.

The operational modality exploited during the ion treatment is also known as "In-beam

PET" which has been already clinically applied at GSI [26] and at CNAO [6]. A limitation

of this method is that the signal can be considered intrinsically delayed with respect to

the beam delivery, following the half-life of� 2 � 20 min of the most abundant positron

emitting reaction products. Hence, In-beam PET does not o�er proper real-time mon-

itoring. Another limit is represented by biological washout and organ motion, which

a�ect PET excellent accuracy [79] [56] [41]. Nevertheless, researchers are working to de-

velop both modern in-beam PET instrumentation tailored toin-vivo range veri�cation

and computer-assisted tools for adjusting the treatment plan when PET detects an o�set

between the delivered and intended beam range.

At GSI in Darmstadt, a dedicated in-beam PET system was integrated in the treatment

unit to perform in-beam acquisitions during carbon ion therapy [30]. The scanner is com-

posed of two heads rather than a full ring not to limit patient positioning and handling.

For more than 440 patients, acquisitions were started with the irradiation and stopped

40s after the ion beam.

PET is still the most used technique for verifying range in hadron therapy, especially for

o�ine acquisition, for which commercial scanners are already available. State-of-the-art

on-line PET detectors are just entering the phase of clinical evaluation with the most

modern form of scanned proton beam delivery. At the combined proton and carbon ion

therapy facility of CNAO in Italy, a dual-head PET scanner based on modern scintillation

crystals (Lutetium �ne silicate) and photosensors (multi-pixel photon counters) is used to

dynamically (every � 10 s) reconstruct the irradiation induced activity during treatment,

with very promising initial clinical results [29] [93].

2.2.3. Post treatment veri�cation methods

Post treatment veri�cation methods estimate the beam penetration depth after the treat-

ment delivery. This information is still very valuable for three reasons. First, if an under-

or overshoot is detected after a treatment fraction, the cause can be investigated before

next fraction is delivered; moreover, positive range veri�cation after the �rst fraction

is enough to discard the risk related to uncertainties in the conversion of CT numbers.

Statistics on treatment outcomes are more reliable if we can distinguish treatments that

were delivered as planned from others that were a�ected by unacceptable range errors. At

last, the information obtained improves our knowledge about range uncertainties, which

is of capital importance to describe relevant scenarios in the robust planning approach.
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Positron emission tomography

PET was already encountered as useful tool for real-time range veri�cation. In-room and

o�-line PET, instead, are classi�ed as post-treatment veri�cation methods. The idea is

the same: to image� + emitting isotope distributions with a PET/CT scanner. Cross

sections for the reactions of proton and carbon ion beams with abundant tissue nuclei are

reproduced in Table 2.2 from Ref. [30].

Table 2.2: Partial cross sections� of the reactions of proton and carbon ion beams with

the most abundant nuclei of human tissue. From Ref. [111].

Projectile 12C Projectile 1H

Target atom Positron emitting fragment � (mb) E ( MeV
u ) � (mb) E (MeV)

12C 11C 55.97± 4.06 250 45 ± 2 150
10C 5.33± 0.81 250 2.6 ± 0.3 155

160 150 28.3± 0.2 290 38 ± 4 155
11C 16.3± 0.2 290 11 ± 1 155
10C 1.65± 0.02 290 1± 0.2 155
13N 6.09± 0.09 290 4.5 ± 1 155

14N 13N 13.3± 0.4 600 8.3 ± 0.5 155
11C 27.5± 0.4 600 15 ± 1 155
10C 2.1 ± 0.2 600 1.6 ± 0.3 155

Thus, acquisition can be realized (in-room) with a PET scanner in the treatment room,

or simply o�ine, in which case the patient is quickly transported to a PET facility close

to the therapy center where the treatment was given.

These methods have their own advantages and disadvantages. In-room and real-time

acquisition avoid delay between treatment and imaging, requiring shorter data acquisition

and, consequently, obtaining less wash-out, better statistics and less motion, but they

reduce patient throughput in the treatment room [55]. A disadvantage of real-time/online

imaging systems is also the exposure to PGs, neutrons, and scattered radiations.

O�ine PET allows to use commercially available and dedicated PET or PET/CT scan-

ners, initially designed for nuclear medicine imaging. Just after the treatment, the patient

is moved in a nearby room, where the scanner is found. This can result in delays of up

to 30 minutes between treatment and scan, with implications on the reconstructed PET

images due to signal losses from the short-lived� + emitters.

Another disadvantage is the occurrence of biological washout during patient transport,

which lowers activity in the target zone: the impact on relative activity distribution can

cause image blurring, especially in well-perfused areas like muscles. The di�ering half-
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lives of the related isotopes cause variations in emission rates for di�erent tissues over

time.

In-room PET adopts a stand-alone PET scanner placed in the treatment room. It can

be considered a compromise between in-beam and o�-line PET. The cost of a stand-

alone PET scanner is signi�cantly lower compared to the installation of a PET system

integrated into the beam delivery system and there is no geometrical constraint associated

with the beam delivery and the patient positioning. Moreover, there is still a delay between

treatment and PET scanning, but it is much shorter than in the o�ine PET situation

so that signal collection from15O (t 1
2
=2.04min) is still possible. Hence, the o�ine PET

complications such as biological washout, repositioning defects, anatomical modi�cations,

and so on are often signi�cantly minimized or removed.

In-room PET can be a cost-e�ective choice for most hospital-based proton centers that use

a cyclotron to generate proton beams, although the time taken for each patient treatment

is likely to be longer than for in-beam PET.

PET imaging has been shown in clinical trials to detect beam range inaccuracies in tumors

that are at high risk of treatment delivery error, such as deep-seated tumors requiring a

long beam range, those located in abdomen or pelvis; tumors positioned among multiple

interfaces between bone, soft tissue, and air cavities that complicate beam transmission,

like head or neck tumors.

Studies conducted with o�ine PET/CT after proton therapy at MGH in Boston found

that the spatial reproducibility of the measured activity distributions can be as good as

1mm [56]. Unfortunately, range veri�cation with an accuracy of 1� 2 mm is only feasible

for few particular positions and tumor sites, namely low-perfused bony structures of the

head and the neck patients.

Magnetic resonance imaging of the vertebral column

Krejcarek et al. proposed a very speci�c post-treatment range veri�cation technique for

craniospinal irradiation [63]. After irradiation, the vertebral bone marrow is replaced by

fatty marrow, which is visible through magnetic resonance imaging (MRI). Certain tumors

of the central nervous system present an important risk of subarachnoid dissemination

and metastases along the neuraxis: craniospinal irradiation is prescribed to reduce this

risk and proton beams give the opportunity to limit the radiation dose to the bowel, lungs,

and heart. Two di�erent approaches are adopted depending on the age of the patient.

For adult and adolescent patients who have reached maximal growth, full dose is only

prescribed to the thecal sac (surrounding the spinal cord and �lled with cerebral spinal
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�uid) and exiting nerve roots. But for younger patients, the entire vertebral body must

be exposed to the prescription dose to avoid a future asymmetric growth of the vertebrae

that would result in an abnormal curvature of the vertebral column.

Gensheimeret al. (2010) studied 10 patients who had completed vertebral growth and

thus received a dose distribution planned to fall o� in the vertebrae. Two or three postero-

anterior �elds were delivered in 1.8 to 2.0 Gy fractions for a total spine dose ranging from

23.4 to 50.4 Gy(RBE) (weighted by the relative biological e�ectiveness of 1.1) [34]. Using

spine MRIs, they investigated proton range errors and found an average over-penetration

in 8 patients and an average under-penetration in 2 patients. Range errors were of the

order of a few millimeters.

At last, the weakness of the method is that the fatty marrow replacement is only visible

after the end of the treatment. In case of over- or undershoot, the proton range cannot

be corrected before the whole treatment is delivered.

2.3. Prompt-gamma monitoring in charged particle

therapy

2.3.1. Prompt gamma techniques

Figure 2.4 show the longitudinal distributions of prompt secondary radiation emitted from

a phantom composed by a homogeneous water cylinder, which are the outputs of Monte

Carlo simulations reported in [64].

(a) (b)

Figure 2.4: (a) Emission vertices of secondaries with energies larger than 1MeV emerging

from a water target (cylinder with 15cm diameter, 40cm length) irradiated by a 160MeV

proton beam; (b) emission vertices of secondaries with energies larger than 1MeV emerging

from a water target (cylinder with 15cm diameter, 40cm length) irradiated by 310MeV
u

carbon ion beam. Figures from Ref. [64].
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The cylinder was irradiated axially by protons (Figure 2.4a ) and carbon ions (Figure

2.4b), whose energies were chosen to get the same range in both cases.

For both incident beams, what can be inferred is that the prompt-gamma generation

pro�les are well correlated to the particle range. If one regards the sharpness and position

of the emission fall-o� in the Bragg peak region, the correlation is better for carbon

ions than for protons. However, note that secondary particles generate, in turn, ternary

ones during secondary reactions, outside the primary beam path, and possibly beyond

the Bragg peak. As expected, the secondary-interaction production is more pronounced

for carbon than proton beams, the yield of secondary vertices increases with penetration

depth, and starts to decrease beyond the Bragg peak.

Prompt Gamma Imaging

The correlation between longitudinal PG emission and dose pro�les makes it possible

to use 1D PG imaging (PGI) as a tool to retrieve the Bragg peak position, for a given

beam energy and pencil beam spot distribution in case of active beam delivery, provided

that the available statistics is su�cient. The �rst gamma camera suitable for proton

range measurement at clinical beam currents was presented in [94], where a dedicated

slit-collimator design was chosen, and several parameters needed for PGI were optimized.

The measurements demonstrated the ability of the camera to detect millimetric shifts of

the target for high levels of dose. Acquired pro�les and simulations were compared and

showed good agreement, especially at 100 MeV: a precision of 4mm (2� ) was achieved for

0:5 � 108, 1:4 � 108 and 3:4 � 108 protons at 100MeV, 160MeV and 230MeV, respectively.

Richter et al. reported the �rst clinical application of a PG-based range veri�cation

system, in which the aforementioned knife-edge slit camera was used, after being continu-

ously improved [102]. In this work, the inter-fractional analysis of the PGI measurements

revealed minimal variation in PG pro�les of � 2 mm in the sum pro�les, consistent with

control CT-based evaluation of dosimetric variations: an important �nding as �rst clinical

application. The authors compared the inter-fractional variation with the absolute range

uncertainty assumed in their clinic, i.e., 6.7mm speci�cally for that beam energy (3.5% of

the nominal range plus 2mm) and the inter-fractional range variation analysis con�rmed

that the random contribution of the range uncertainty was well within the allowed range

variation window.

However, they also were conscious that it was too early to draw �nal conclusions on the

sensitivity of the method from a single clinical application. A systematic correlation was

concluded to be possible between measured PG pro�les and anatomical changes visible

in control CT, on the condition of more clinical data acquirement, in the near future, by
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the continuation of clinical study.

One year later, Xieet al. reported the �rst clinical results and value assessment of prompt

gamma imaging forin-vivo proton range veri�cation in pencil beam scanning mode. The

treatment was delivered with a PBS-dedicated nozzle on a �xed/horizontal beam line

[135]. The patient treatment plan consisted of 3 equally weighted �elds, which were com-

posed of 17 layers from 160 to 101 MeV, 17 layers from 155 to 100 MeV, and 18 layers

from 160 to 101 MeV. PGI was performed twice per week during the �nal 3 weeks of

treatment.

In this study, the absolute amplitude of the average shift resulted as 1 to 2 mm, which

was smaller than the �xed distal margin of 5mm clinically applied. The average shift

variation of 1.9mm, at 2 sigma over 6 days for the 3 �elds, was essentially attributed

to the uncertainty on the camera positioning: the variation was larger between fractions

than between layers within a given acquisition. Hence, they concluded that the retrieved

shift was sensitive to the camera positioning.

Another important point that they considered is linked to tissue composition. In this �rst

clinical PGI application in PBS mode the proton beams travelled through nearly homoge-

neous tissues, which made the spot-by-spot analysis and aggregation straightforward; in

a more complex target with greater tissue in-homogeneity, instead, they suggested range

mixing and spot selection for spot aggregation, in the analysis.

Finally, they proposed further optimizations for the precision retrieval. First, they consid-

ered the strongest weakness, camera positioning, proposing a real-time camera position

monitoring system to increase the overall precision; secondly, a nozzle-mounted range

shifter was suggested since it would allow the camera to be positioned closer to the beam,

increasing the detection statistics of PG signal; third, spot aggregation was recognized as

way to further improve the camera precision, especially in the low-dose spot regions, with

marginally compromised lateral resolution. Anyway, the aggregation of neighboring spots

brought to some doubts, because it would promote the range mixing in case of lateral

heterogeneities and, therefore, decrease the ability to identify local range shifts.

To conclude, all the studies that were presented concerned the PGI technique in proton

therapy. In this work�ow, carbon ions are not considered, and this represents a clear gap

in knowledge, which is the reason behind this present thesis. Starting from a simulation

study, it could be interesting to investigate this technique for heavy ions too.

Prompt Gamma Spectroscopy

The path of Prompt Gamma Spectroscopy (PGS) started with a simulation study [126]

about prompt gamma-ray emission, which resulted to be dominated by proton-induced
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nuclear reactions on12C, 16O and 14N when proton therapy is concerned. Knowledge of

these reactions, in presence of limited experimental data, has been the key to an accurate

simulation of potential range veri�cation methods employing prompt gammas, especially

in the design of detection systems.

PGS has several bene�ts for range veri�cation: as the discrete energies correspond to

speci�c nuclear transitions, the magnitude of
 -lines have unique correlations with the

proton energy and can be directly related to nuclear reaction cross sections; then, the

quanti�cation of these discrete lines also enables elemental analysis of tissue in the beam

path, providing a better prediction of PG-ray yields.

In 2013, Verburg et al. presented experimental results of a novel prompt gamma-ray

detector for proton beam range veri�cation [127]. They adopted a detection system com-

posed by an actively shielded cerium-doped lanthanum(III) bromide scintillator, coupled

to a digital data acquisition system. The acquisition was synchronized to the cyclotron

radio frequency to separate the prompt gamma-ray signals from the neutron background.

The detector was designed to provide high energy resolution with an e�ective reduction

of background events to resolve discrete proton-induced prompt gamma lines.

One year later, in a di�erent publication [125], J.M. Verburg and J. Seco proposed for

the �rst time the PGS method for proton range veri�cation, exploiting spectroscopy of

proton- induced PG-rays: in this work, the range of proton beams was obtained by directly

relating measured PG spectra with models of proton-nuclear interactions.

The proposed range veri�cation method was enabled by quantitative measurements of PG

emissions from speci�c nuclear reactions: discrete gamma lines were resolved and proton-

and neutron-induced contributions were separated. Derived from measured di�erential

cross sections, models were used to simultaneously determine the proton range, the oxygen

and carbon concentrations of the irradiated tissue (hence, the method is robust in the

presence of tissue with an unknown composition).

Furthermore, their results showed that it was possible to accurately verify the proton

range using a single detector acquiring data at a �xed position, during the delivery of

a few distal pencil beams. Although a single detector is necessary, they proposed an

idea dealing with the main problem of range veri�cation, statistics: multiple detectors

to improve statistical precision and to obtain simultaneous measurements at di�erent

positions along the beam path, which may be advantageous to ensure coverage of the

entire �eld when the distal surface of the tumor is highly curved.

Finally, they concluded reporting an interesting result of the experimental study. The

achieved statistical precision with their small-scale prototype detector was about 1mm

(standard deviation) for absolute range veri�cation and 0.4mm for relative veri�cation
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based on �ve pencil-beams delivering5 � 108 protons, which is the typical number for an

irradiation spill [13].

Taking the heritage of previous works, Hueso-Gonzálezet al. developed and evaluated a

new full-scale clinical prototype detection system for PGS [42]. They reported a mean

statistical precision of 1.1mm at a 95% con�dence level, delivering a dose of 0.9Gy and

aggregating data from several pencil beam spots. Hence, results showed that proton

range veri�cation with 1 millimeter precision was achievable in phantoms under clinically

realistic conditions.

For what concern helium ions, it is worth to mention the work done by Dal Belloet al.,

in which the �rst experimental results were presented for prompt gamma spectroscopy

applied to 4He beams at clinically relevant intensities and energies. The optimized detector

based on CeBr3 surrounded by BGO has been proven to provide an excellent performance,

especially for the low-energy component of the prompt-gamma energy spectrum [19].

To conclude, in 2020, Dal Belloet al. presented a small-scale prototype for absolute range

veri�cation of ion beams at synchrotron-based facilities [20]. The study was conducted

using clinically relevant beam energies and intensities using PGS technique, which was

already demonstrated for proton beams accelerated at a cyclotron-based facility [42]. The

authors extended the applicability of the technique to a synchrotron-based facility, for

heavier ions up to16O beams.

Using the small-scale prototype described in Ref. [20], they demonstrated for the �rst

time the possibility to measure the absolute BP position for12C beams accelerated by a

synchrotron: a submillimetric precision was found for the BP position measurement in

the experimental setup.

Prompt Gamma Timing

The introduction of time-of-�ight (TOF) techniques improved the signal to noise ratio

due to the separation of PG-rays from those produced in reactions of neutrons with the

target tissue, or with surrounding materials. Testaet al. reported a series of experiments

with carbon ions, in which they investigated whether a collimated set-up detecting single

photons by means of TOF measurements could also be used at the typical high energies of

ion therapy. Moreover, the possibility to extract the same information from fast neutrons

was also considered. The conclusion, based on the results of the described experiments,

was that single photon emission tomography, including a collimated set-up and TOF mea-

surements, could constitute a promising method to control, in-situ and in real-time, the

dose distribution during ion therapy treatments [119].
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Starting from this idea, Golnik et al. proposed a novel method for on-line range veri�ca-

tion based on PG-ray timing (PGT) spectroscopy [37]. The concept behind PGT utilizes

an elementary physical e�ect: therapy particles move very fast penetrating a tissue, but

they need a measurable time from entering the patient's body until they reach the tar-

get volume, i.e., the region of maximum energy deposition. This particle transit time

is about 1� 2 ns in case of protons with a range of 5� 20 cm. PG-rays may be emitted

along the particle track in tissue, while a detection system, situated outside of the target,

shall measure the time di�erence between the time when particle bunch passes a refer-

ence plane and the arrival time of the corresponding PG-ray at the detector. This time

di�erence incorporates the particle transit time through the material tp, as well as the

�ight time t 
T OF of the PG-ray to the detector (Figure 2.5). The authors de�ned this

time distribution as PG-ray time (PGT) spectrum.

Figure 2.5: A particle beam of given initial energy irradiates a target and, consequently,

a PG-ray is emitted along the beam track at positionxp. The time tp has elapsed from

the entrance of particle into the target up to the gamma emission, which is assumed to

be instantaneous. The PG-ray time of �ight, t 
T OF , is necessary for the radiation to

reach the detector, which is situated outside of the target and measures the whole time

di�erence between the time of the particle entering the target and the arrival time of the

PG-ray at the detector. The measured distribution is denoted as PG-ray timing (PGT)

spectrum. Figure from Ref. [37]

The particle transit time relation, tp(xp), is range dependent: particles with longer ranges

have to travel longer paths, which implies wider times. Also, longer periods of (potential)



62 2| Range uncertainties in particle therapy

PG-ray emission and, on average, delayed emission times are found in the corresponding

PGT spectrum, which produce a broader peak as well as a distinct peak shift. Hence,

PGT statistical moments, such as the distribution mean (� ) and the standard deviation

(� ), contain information on the particle transit time.

The PGT technique was then explored in �rst proof-of-principle experiments at clinical

proton therapy facilities but far o� treatment conditions [95]. Later, a clinically applicable

hardware solution for energy and timing spectroscopy of PG rays at high throughput rates

was developed by Pauschet al. [91].

Finally, Werner et al. questioned whether it was possible to detect few-millimeter range

deviations of individual proton pencil beams under clinical beam conditions by means of

PGT using detection units as described in Ref. [91]. An experiment was performed in

the gantry treatment room of the University Proton Therapy Dresden (UPTD), whose

results encouraged further experiments in more realistic clinical conditions [130].

2.3.2. Detection camera prototypes

PET, developed in the 1990s, was the �rst method ofin-vivo range veri�cation that has

ever been successfully applied in patient treatments with particle beams. As already men-

tioned, its main disadvantage is the signal delay of seconds to minutes in correspondence

with the respective decay times of the� + emitters. In-beam PET measurements, how-

ever, could only be performed with a scanner that does not interfere with the beam and is

not blinded by the PG-ray �ash during dose delivery. Even if dedicated instrumentation

was available, the prolonged measurement after beam delivery compromised the clinical

work�ow and reduced the patient throughput. That is why applications of in-beam PET

are restricted to clinical studies performed with non-commercial scanners, usually built

by research teams [26] [93].

The economically more e�cient solution �tting with the mentioned constraints, namely

measurements with a commercial PET scanner after moving the patient to another room,

su�ers from much lower statistics and the consecutive disturbance of the primary cor-

relation between� + activity distribution and spatial dose deposition in the patient due

to biological washout by metabolism, blood, and lymph circulation [56]. That is why

many research groups have focused their e�orts on a promising alternative, namely range

veri�cation based on PGs.

To detect this hard radiation, imaging systems with passive collimation by a pinhole, a

linear slit, or multiple slits, have been investigated. The following subsections will be

dedicated to the review of the most important detection systems reported in literature.
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Pinhole concept

An example of pinhole passive collimated system can be found in Ref. [110]. Seoet al.

designed a PG scanning system, called "Prompt Gamma Scanner", by means of a series

of Monte Carlo simulation studies.

The system was designed to keep high-energy neutrons away from the scintillation detec-

tor. For this, a layer of titanium hydride (T iH 2) was �rst used to moderate high-energy

neutrons. Then, borated carbon (B4C) was inserted to capture the low-energy neutrons

from the para�n layer. Also, lead was used to absorb the secondary gamma radiation

generated from neutron capture reactions in the borated carbon layer. Figure 2.6 shows

a schematic view of the designed scanner, together with the movement system.

The system has a small hole behind the scintillator for neutrons to escape without inter-

actions with the scanning system. An empty space is also intentionally provided around

the scintillation detector to reduce the neutron background while keeping the PG �eld at

the same level.

Figure 2.6: An example of a passive collimated system for PG detection is depicted. The

collimation hole gives the name to this particular set up, which is mounted on a moving

system. Figure from Ref. [76]

Kim et al. pursued an experiment with a 50MeV proton beam impinging on a water

target, after optimization through Monte Carlo simulations [53]. The PG-rays were ob-

served adopting a CsI(Tl) scintillation detector placed beyond a pinhole aperture to get

the range's endpoint. Unfortunately, the output pro�les did not show a clear spatial cor-

relation with the beam particle range. To the author's knowledge, this geometry is no



64 2| Range uncertainties in particle therapy

longer under investigation due to the low counting statistics of PG-rays going through

the pinhole aperture.

Knife-edge slit camera

An example of gamma camera with knife-edge slit was developed based on simulation

studies by Smeets [111] and constructed by Peraliet al. [94] with joint forces between Po-

litecnico di Milano and the company XGlab [134], as part of a project that also included

the manufacturer of proton accelerators, the Belgian company IBA [45].

The design was optimized using Monte Carlo simulations and experimentally tested ac-

quiring data with proton pencil beams of 100, 160 and 230 MeV on a PMMA target. In

Figure 2.7, a patient irradiation is depicted during a clinical treatment, in which PGs

are travelling through the knife-edge collimator and reaching the well-positioned gamma

camera. The designed camera was composed by 20 LYSO scintillator slabs (4 x 31.5 x 100

mm3 each, mounted in two rows behind the mechanical slit collimator), the photodetector

and the readout electronics.

Figure 2.7: The slit camera's conceptual design: a slit collimation produces a 1D projec-

tion of PG emissions along the beam path on a pixelated scintillation detector. Figure

from Ref. [94]

At the OncoRay treatment facility [83] of the Universitats Protonen Therapie Dresden,

the camera was �rst tested by irradiating water and head phantoms with proton pencil-

beams of di�erent energies; then, it was applied to real clinical cases [102], demonstrating
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that PGI-based range veri�cation is feasible in clinical proton therapy treatments. Fur-

ther experiments were conducted using both pencil beam scanning and passive double

scattering, and it was shown that global shifts of the depth-dose distribution fall-o� can

be detected with a precision of 1mm for both treatment modalities [81].

Multi slit camera

In 2008, Min et al. conducted a feasibility study of a multi-slit camera, which consisted

of an array of collimated scintillators, to detect prompt photons emitted at 90° along the

proton track (see Figure 2.8) [77]. As readout sensors, the device employed an array of

lead-collimated slots �lled with CsI(Tl) scintillators coupled to photodiodes.

Figure 2.8: Scheme of the array of collimated scintillators to detect PG rays emitted from

a water target after proton irradiation. Figure from Ref. [77].

Few years later, Min et al. performed an optimization study using the Monte Carlo

code MCNPX [78], to determine the optimal size of the scintillator blocks. The tests

were realized using a simpli�ed system composed of a single CsI(Tl) scintillator. Proton

irradiation of a water target at various beam energies produced the detected rays. An

energy window was set in the energy range between 4 and 10MeV and the fall-o� of

the detection pro�les around the Bragg peak was �tted with sigmoidal curves, whose

half-values were found to be within 4mm of the distal dose edge (Figure 2.9).

In 2014, Pinto et al. published about the optimization of a parallel multi-slit camera

[96]. The tool to get their goal were Monte Carlo simulations, whose accuracy was, then,

veri�ed with experimental data. In the optimization process, the TOF technique was used
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Figure 2.9: PG pro�les acquired with a multi-slit camera and �tted with a sigmoidal

curve for 80, 150, and 220 MeV proton beams. The measured proton dose distributions

are shown for comparison. Figure from Ref. [78].

in order to achieve a better camera performance due to the improved signal-to-background

ratio. The detector considered for simulations was a bismuth germanium oxide (BGO)

mono-block, while the collimator material was set to be tungsten alloy.

2.3.3. Needs and challenges

Detector load

In a PBS treatment, spatially resolved range veri�cation means assessing the individual

ranges of distinct PBS spots. Range veri�cation systems must, therefore, extract the

necessary information from statistics that can be collected during delivery of a single

spot, which means in a measuring period of 10ms or less. Furthermore, they must cope

with a detector load as de�ned by the maximum rate of proton delivery in the strongest

beam spots, which produce plenty of PG rays with a short time available for a range

measurement. The statistics of `usable' PG events per spot is, then, not essentially given

by the detector e�ciency, but rather by the acceptable detector load, by the achievable

system throughput, and �nally by the fraction of events passing the respective event �lter

criteria.

In all PG-based approaches to range veri�cation, the number of registered events is larger
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than the number of `valid' or `usable' events. Event �ltering is applied to suppress back-

ground and to select data comprising the range information. Typically, only events with

energy depositions in the detector between 3 and 7 MeV are considered to reduce the radi-

ation noise caused by uncorrelated gamma rays (such as the 511keV annihilation photons,

or 2.2MeV gamma ray following neutron capture on1H). This energy cut rejects about

90% of all events; a number that can be gradually improved by raising the trigger thresh-

old and fully exploiting the detector load capability, i.e., by shifting the bottleneck from

electronic throughput to constraints given by the detector physics. However, a noticeable

improvement of the statistics can only be achieved by using more detectors. It must be

emphasized that the statistics limit is not due to an insu�cient PG production per spot,

rather to the �nite event rates the detectors and electronics are able to process.

Drivers in design

For the design and construction of a detection system, clear needs are to use pixels of

fast and bright scintillator materials distinguished by excellent linearity and negligible

internal activity, to provide them with individual Si-based light sensors, and to arrange a

reasonable number of such pixels in arrays to form a detection module. The size of the

scintillator pixels has to be chosen as a compromise between cost (strongly a�ected by the

number of readout channels) and reasonable granularity. The pixel depth should �t with

the absorption length of 4� 5 MeV gamma rays. Hence, considering the active area of

available light sensors and an acceptable depth-to-pitch ratio of the scintillator crystals,

pixel pitches of 6� 10 mm and depths of 3� 5 cm seem reasonable cornerstones.

The di�erent PG-based techniques have also challenges to overcome. For instance, the

energy resolution of pixels must be good enough for PGS, while time resolution is a

critical parameter for what concern PGT. Not to mention, the tolerable detector load and

gain stability in presence of such energetic radiation: detection systems for PG rays are

exposed to frequent, abrupt, irregular load leaps challenging the stability of detectors and

electronics.

Conclusions

So far, the Knife-Edge Slit Camera [94] developed by IBA is the only system that has

ever been used for range monitoring in clinical treatments. This camera is capable of

detecting local range shifts down to 1� 2 mm. However, the massive and heavy collimator

may interfere with the patient's position and makes integration in a treatment facility

an expensive challenge. So, it seems obvious to use active collimation instead. Several

groups have tackled the challenge of Compton imaging in the PG energy domain (Ref.
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from 16 to 23 in Ref. [92]). Anyway, technical complexity, the huge detector load to

be handled, the low fraction of `valid' events and the remaining background after event

selection criteria are intrinsic hurdles that cast doubts on the applicability of Compton

imaging under therapy conditions, despite punctual encouraging results [22].
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of a prompt gamma slit camera

in carbon ion therapy

This third chapter constitutes the heart of the current thesis.

In the introduction section, I will start from considering the transport problem, focusing

on the solution proposed by the Monte Carlo method.

The second section will contain a preliminary study devoted at understanding the target

secondary emission downstream an irradiation with di�erent beams (protons, He-ions, C-

ions). The simulation features will be reported, and the results discussed.

The following section will include a Monte Carlo feasibility study for the application of the

prompt gamma imaging technique with a slit camera in carbon ion radiation therapy. The

possibility to �nd a correlation between the detection pro�le in a knife-edge con�guration

camera and the depth-dose distribution will be explored, in the high neutron background

of C-ion irradiation. Successively, I will investigate the sensitivity of the same detection

system in retrieving the shifts of the Bragg peak when the target is moved along its lon-

gitudinal axis. Finally, a simulation of C-ion irradiation in pencil beam scanning under

typical clinical conditions will be reported, both with a planar and inclined entering target

surface. The utilized Monte Carlo code, the simulation features and the data analysis will

be described in detail, along with the results in separated subsections (respectively, Methods

and Results).

3.1. Introduction

3.1.1. The transport problem

The transport equation determines the spatial and temporal evolution of a radiation �eld

of several particle species, with di�erent energies and directions in a small volume. To

solve it, di�erent strategies can be followed.
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Analytical solutions can be found only in restricted geometries and interaction models.

Its main drawback is computation time which may be enormous, being really accurate.

The spectral method exploits symmetries and appropriate basis functions, but it is not

a general solution. Then, the numerical quadrature integration is a general strategy, but

ine�cient for high-dimensional integrals.

Lastly, Monte Carlo method is a general, e�cient solution that can treat arbitrary radi-

ation �elds and geometries. It is a stochastic method, which exploits random numbers

to simulate ensembles of particle histories governed by known interaction cross sections,

tracking them in arbitrary geometries. The simulation outputs are the cumulative contri-

bution of each track to statistical estimator of desired physical observables.

3.1.2. Steps in Monte Carlo methods

Monte Carlo simulations are an e�ective method to compute macroscopic physical quan-

tities, such as energy deposition, displacement per atom, particle �uence, dose, activity,

etc.

The radiation transport problem is composed by three key passages:

1. Radiation source . Photons, leptons, hadrons, etc. can be chosen and simulated

as a monoenergetic beam, or with a custom energy, spatial and angular distribution,

according to the faced problem. Depending on the utilized code, particle energy can

typically vary from keV to PeV, down to thermal energies for neutrons.

2. Simulation geometry . An arbitrary geometry composed by bodies of di�erent

materials must be set up, in which transport equation will be solved following the

Monte Carlo method.

3. Propagation in matter . Best performing and e�cient Physics models will de-

scribe the interaction between radiation and matter. Moreover, transport thresholds

are set in order to stop the tracking of the particle at a given energy.

4. Scoring . There are several estimators to score the goal physical quantity inside a

Monte Carlo code, closely related to the scienti�c �eld of user application. Examples

are accelerator design, shielding design, radiation protection, dosimetry, radiation

damage, neutronics, and so forth.
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3.2. Secondary emission from an irradiated phantom:

A preliminary study

In this section, the simulation of4 the secondary emission from a tissue-equivalent target

bombarded by particle therapy beams at clinical energies was pursued. It constituted

a good starting point of the present thesis, helping to deeply understand the roots of

the PGI-technique and to verify some of the most important results, already reported

in literature (such as the higher yield of PG production of C-ions over protons, or the

quasi-isotropic emission of gamma radiation in contrast to the forward-peaked neutron

emission). Moreover, this preliminary study also helped to verify that PG emission is

taken into account by MC code FLUKA and the most important PG lines are included in

its library. This knowledge was certainly fundamental to compile the input of simulations

which constituted the main topic of this thesis and tried to answer the following question:

is it feasible to reconsider the application of PGI range veri�cation method for carbon ion

radiation therapy?

3.2.1. Methods and materials

The numerical simulations were realized using the general purpose Monte Carlo code

FLUKA for particle transport (version 4-1.1) [4]. The study compared the secondary

emission and the energy deposition of the most considered primary beams in particle

therapy, whose energy was selected inside the interval already adopted in clinical treatment

(see Section 1.2.1): 200MeV
u for protons and He-ions, 385MeV

u for C-ions. These energies

were correlated, in a sense that all the beams had the same theoretical particle range of

approximately 28cm.

The simulation geometry was composed by a target of tissue equivalent material (tissue

soft, ICRP), inside a room �lled by air surrounded by walls made of Portland cement.

As one can see in Figure 3.1, the target was cut in 16 slices to characterize the secondary

emission at di�erent depths along the beam direction, i.e., the z axis. These slices had

di�erent dimensions, 3cm in the proximal part of the depth-dose distribution and 1cm

around the Bragg peak.

The emission spectra of photons and neutrons following the target irradiation of primary

beams were obtained exploiting the FLUKA estimator "USRYIELD", which allowed to

score the double di�erential spectra in energy and solid angle. As shown in Figure 3.2, sec-

ondary photons and neutrons were scored only within an emission angle window between

85° and 95° with respect to the beam direction. The perpendicular emission strongly
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Figure 3.1: Representation of the simulation geometry for the investigation of the sec-

ondary emission from a tissue-equivalent target. The target was cut in 16 slices, 7 of

which were 3cm-thick while the remaining ones 1cm-thick (around the Bragg peak). The

room hosting the target was air-�lled and the walls were made of Portland cement.

reduced the neutron component, which is known to be mainly forward peaked. (The posi-

tioning of detection systems always exploits this physical feature, to minimize the neutron

background with respect to the useful PG signal, which, instead, follows an isotropic emis-

sion.)

On other hand, the energy deposition of the beams was scored by the FLUKA estimator

"USRBIN", which is a useful tool able to compute many di�erent physical quantities. In

particular, one can select a 3D mesh in which the energy deposition of particles inside

�nite volumes can be scored and then reported in an output �le.

Data analysis was performed by the multi-paradigm programming language and numeric

computing MATLAB. With a proper code, I imported the output �les, analyzed data

and, �nally, plotted in suitable graph to clearly show the results of simulations.

3.2.2. Results and Discussion

In Figure 3.3, one can see the depth-dose distribution curves generated by the energy

deposition of the aforementioned beams. As expected, the highest LET was attributed

C-ions, followed by He-ions and protons. For carbon and helium, it was also possible to

observe a tail in the distal region, which is a consequence of nucleus fragmentation in

ion-matter interactions: from theory, fragments have approximately the same velocities

and directions of their parent nucleus, but they travel larger paths than the primary ions
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Figure 3.2: Graphical representation of the scoring features for the investigation of sec-

ondary emission. Only photons and neutrons emitted within 85° and 90° with respect to

the beam axis were scored.

because range scales withAZ 2 , where A and Z are, respectively, the mass and the atomic

number. The tail was more pronounced for C-ions, which produced much more secondary

fragments owing to bigger nucleus dimensions than the other simulated particles. How-

ever, in the proximal region, the plateau is less intense for C-ions: from theory, the energy

deposition before the Bragg peak is strictly related to the multiple Coulomb scattering

which goes as� 1
Z 2 . Hence, carbon ions su�ered the lowest proximal dose deposition,

while protons had the highest one having the lowest atomic number. As usual, He-ions

placed themselves in the middle with respect to proton and C-ion behavior.

As already mentioned and depicted in Figure 3.1, the target was cut into slices around

the Bragg peak, which allowed to plot the total number of particles per unit of primary

emitted perpendicularly from each slice. Before that, since FLUKA produces double dif-

ferential spectra, preliminary manipulations on raw data were performed: the counts (or

better, particles perpendicularly emitted per unit of primary ion, energy and solid angle)

were integrated on the angle and energy, to obtain the spatial pro�le of the emission

along the target axis. In Figure 3.4, the depth-dose distribution (orange) of 385MeV C-

ions was compared to the photon (black) and neutron (blue) emission counts (per unit

of primary particle). A clear correlation was found between the emitted photon pro�le

and the depth-dose distribution, which would be more visible if only PGs were scored:

indeed, around the Bragg peak, the black curve started to fall where the production of
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Figure 3.3: The depth-dose distributions, determined by the FLUKA estimator "US-

RBIN", are here reported. In particular, one can distinguish:A) curves from all the

beams in a single plot for a direct comparison;B) 200MeV
u proton curve; C) 200MeV

u

He-ion curve;D) 385MeV
u C-ion curve.

prompt gammas rapidly suppressed. On the other hand, the neutron pro�le is almost

constant along the target axis. Moreover, less neutron counts per unit of primary par-

ticle were scored than photons, because just the normal emission of particles from the

target surface was considered (Figure 3.2). The explanation of this result was found in

the quasi-isotropic emission of prompt photons, mainly produced in the evaporation stage

following the INC when emitting nuclei forget the primary beam direction of irradiation.

Instead, the neutron component is dominated by the neutron production in �rst stage of

INC model, when the emission happens in the original direction of the beam.

From Figure 3.5 to Figure 3.8, the double di�erential spectra versus energy are depicted

only for slices around the Bragg peak. Both neutron and photon secondary emissions were

scored for the primary beams used in simulations: protons, He-ions, and C-ions. From

these graphical results, some important comments were drawn. All the beams produced

the same photon lines, more intense as the atomic number increases: the 511keV due

to positron annihilation; the 2.2MeV due to neutron capture on hydrogen, which is as

expected the most intense for a tissue-equivalent material; the most important lines for

PGI, namely:

- The 4.44MeV line due to16O and 12C.

- The 5.2MeV peak given by the superposition of 4 di�erent lines due to reactions
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Figure 3.4: From preliminary manipulations, the secondary particle counts per primary

following C-ion irradiation are summed for each slice from the 8th to the 16th . The photon

(black) and neutron (blue) pro�les are reported over the depth-dose curve.

with 16O.

- The 6.129MeV line due to16O.

Moreover, the Bragg peak placed in the 12th slice and the photon counts slightly increased

till 12 th slice, where they started to decrease heavily up to the 16th (to have a clear refer-

ence point, take a look at 4.4MeV peak). In this observation, the correlation between BP

and PGs is found.

For what concern neutrons, lethargy plots were reported, a natural choice to show both

the thermal peak and the one centered at 10MeV due to neutron emission during the

de-excitation stage at the end of INC (physically described by the Fermi break-up model,

Section 1.4). The 10MeV peak decreases from the 12th till the 16 th slice and shifts at

lower energies as the slice number increases. The thermal peak follows the same behavior

for what concern intensity, which continuously decreases till the 16th slice, but the peak

center results to be more stable.

3.3. Feasibility study on the application of PGI tech-

nique in CIRT
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Figure 3.5: Double di�erential photon spectra in energy and solid angle, plotted against

the energy. The secondary emissions from the 9th slice to the 12th are reported for the

three di�erent beams.

Figure 3.6: Double di�erential photon spectra in energy and solid angle, plotted against

the energy. The secondary emissions from the 13th slice to the 16th are reported for the

three di�erent beams.



3| Monte Carlo feasibility study of a prompt gamma slit camera in carbon
ion therapy 77

Figure 3.7: Lethargic double di�erential neutron spectra in energy and solid angle, plotted

against the energy. The secondary emissions from the 9th slice to the 12th are reported

for the three di�erent beams.

Figure 3.8: Lethargic double di�erential neutron spectra in energy and solid angle, plotted

against the energy. The secondary emissions from the 13th slice to the 16th are reported

for the three di�erent beams.
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3.3.1. Reasons

In recent years, there has been a substantial progress in the application of PGI mostly

for what concern proton therapy. On the other hand, fewer studies were made in the

range veri�cation exploiting prompt gammas for carbon ion radiation therapy. Indeed,

even if there are undoubted advantages of C-ion over proton and photon therapy [74],

it is also true that the very same factors that make C-ions such interesting may hinder

the application of PGI monitoring. For example, although C-ions have a higher yield of

PG production with respect to protons [140], they also have a higher neutron production

yield. In addition to this, the number of heavy ion projectiles needed to provide a given

physical dose is smaller than for protons, due to the1
Z 2 dependence of energy loss (Z

being the atomic number) and the lower multiple scattering angle of heavier ion. The

RBE leads to a further reduction of the number of ions necessary to deliver the desired

biological dose with higher-Z ions. Therefore, the total number of generated PGs for a

given pencil beam spot is lower when considering heavier ions [133]: this strongly a�ects

the counting statistics of PGs.

These factors make the optimization of detection e�ciency and gamma-neutron discrim-

ination even more critical for the application of PGI to CIRT. So far, the TOF discrim-

ination technique has been successfully applied to the observation of PGs in carbon ion

irradiation [118].

A feasibility study in the literature for the use of a pixelated slit camera in CIRT was

performed by Smeets [111]. The results of the Monte Carlo simulations showed a weak

correlation between PG and BP pro�les. Anyway, the author himself questioned whether

the MC code he used (MCNPX version 2.7.E) was mature enough for the simulation of

prompt gamma emission during carbon ion irradiation at clinical energies.

The present thesis work took the precious legacy of the work conducted by Smeets and had

the primary goal to investigate whether results come out di�erently with updated Physics

models inside the general purpose FLUKA MC code. A numerical study was conducted

to explore the feasibility of using a knife-edge slit prompt-gamma camera with a beam of

C-ions at clinical energies. Firstly, I simulated the response of the detector to the delivery

of a single pencil beam spot to a uniform soft-tissue phantom. The purpose was to test

the sensitivity of the camera to shifts of the Bragg peak. In the second part of the study,

I examined the cumulative signal obtained from the delivery of multiple spots within the

same energy layer, seeking the chance to still reconstruct the position of the BP. The �nal

goal of this work was to explore the PG fall-o� retrieval capability with a well-established

slit camera con�guration, already tested clinically with proton irradiation.
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3.3.2. Methods

Outline of Monte Carlo simulations

Three sets of numerical simulations were performed using the FLUKA general purpose

MC code for particle transport (version 4-1.1) [4]. Speci�cally, I scored the response of a

pixelated knife-edge slit camera to the secondary particles emitted by a phantom irradi-

ated with a C-ion beam.

Although the irradiation geometry was slightly varied for the last simulation set, the

generic setup is showed in Figure 3.9. A monoenergetic pencil beam of C-ions with a

150MeV
u energy was directed along the z-axis of the frame of reference towards one of the

faces of the phantom, a square cylinder of 30cm diameter made of ICRP soft tissue. The

energy of choice �ts within the interval of therapeutic energies used in CIRT (at CNAO

the beam energy range is 120� 400 MeV
u [84] [104]). The irradiated face of the phantom

was positioned at 5cm on the z-axis, so that the dose peak was almost centered on the

origin of the reference frame (see Figure 3.9 (a)). I labelled this as the �no-shift� position.

The detection system of reference for the simulations was a gamma camera similar to the

one already developed and characterized in previous studies for proton therapy [94]. Such

camera consists of a knife-edge collimator and a pixelated detector. The former is made

of a tungsten alloy, 4cm-thick on the radial direction and 30cm wide along the beam axis.

The knife-edge slit is 6mm-wide and has a 63° aperture angle. The detector is an array of

16 pixels made of Lu1.8Y0.2SiO5 (LYSO) scintillator, distributed along the beam axis with

a pixel pitch of 6mm. Each pixel is a 10cm-wide slab with a 3cm thickness. As shown

in Figure 3.9, the slit and the face of the detector were placed at a distance of 25cm and

50cm from the z-axis, respectively, giving a �eld-of-view of 10cm on the phantom. The

detector and the slit were centered on the origin of the frame of reference to maximize

the PG signal. The whole setup was de�ned inside a spherical room of 4m radius �lled

with air. See Table 3.1 for details about the materials.

I used the FLUKA �DETECT� estimator to score the spectrum of deposited energy in the

detector on an event-by-event basis, considering each pixel as an independent detector.

The spectrum was scored in 1024 energy bins, with a width of about 4 keV. Only the

energy deposition events in the interval 3� 7 MeV were scored, as the most probable PG

lines (reported in Section 3.2) are emitted within this energy window, as accounted by

Kozlovsky et al. in Ref. [59]. Not only that, but a reduced scoring energy interval also

brought to a lower simulation time.

For each pixel, the total number of events (or counts) in the scored energy interval was

considered as the detector signal. Since DETECT does not discriminate the type of par-

ticle interacting with the detector, and since no particle was discarded in the simulation,
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(a)

(b)

Figure 3.9: Schematic representation of the simulation geometry employed in this work:

(a) 2D representation on the xz-plane; the depicted position of the phantom is labelled

as the "no-shift" position; (b) 3D representation.
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the signal was due to all secondary particles able to reach the detector, i.e., mainly pho-

tons and neutrons. Anyway, the FLUKA subroutine called "mgdraw.f" allows to save

in a phase space �le all features of a particle (type, energy, position, direction and so

forth) crossing a certain geometry region. Exploiting "mgdraw.f", one MC simulation

was dedicated to record in a text �le all transport details about photons generated by

carbon ion irradiation entering the detector region and the same was carried out for neu-

trons in a second �le; in a second simulation, thanks to a second FLUKA subroutine

"source_newge.f", I separately transported photons and neutrons evaluating which were

the two distinct contributions to the total detection pro�le, both from a qualitative and

quantitative standpoint.

The transport of carbon ions takes much more time than simulations with protons as

primary particles. This is a consequence of higher production of secondary particles for

heavy ions, along with the possibility of the nucleus fragmentation, totally absent in pro-

ton simulations. Hence, simulating carbon ions implies a problem of speed: a typical

simulation carried out in this thesis could also take more than 15 days to achieve an ac-

ceptable MC statistical error. For this, speci�c transport and production thresholds were

introduced to cut o� useless particle histories without a�ecting the physics of the prob-

lem. In particular, transport thresholds inside air and collimator were set at 3MeV for

photons and electrons. Moreover, production thresholds of photons and electrons inside

the target were set at 3MeV. Furthermore, �uorescence was turned o� in the whole simu-

lation volume, except inside the detector. In the latter, the electron and photon transport

thresholds were set at 40keV. This energy is related to the K-shell of the element with the

highest Z inside the detector, which results in a mean free path of the particle (electron or

photon) considerably smaller than the pixel width of 6mm. Neutron generation by Fermi

break-up of nuclei in the phantom was also introduced. For the scope of the study, the

remaining characteristics of the detector (e.g., energy resolution) were considered ideal.

Particle range sensitivity determination by target longitudinal

shifts

For this �rst set of simulations, a 2D representation of the set-up is reproduced in Figure

3.9(b). The axis of the phantom and the beam lied along the z-axis.

The goal of the �rst set of simulations was twofold. First, I wanted to investigate whether

the spatial correlation between the BP position and the PG pro�le along the beam axis

could be identi�ed even in the high neutron background of CIRT. Secondly, I explored the

theoretical limits in the determination of PG fall-o� in C-ion irradiation with the delivery

of a single pencil beam spot to the phantom: indeed, I performed several simulations
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Region Material Composition
Density
(g/cm3)

Phantom ICRP soft tissue

10.4%H - 23.2%C - 2.4%N -
63.0%O - 0.1%Na - 0.01%Mg -
0.13%P - 0.19%S - 0.13%Cr -
0.19%K - 0.02%Ca - 0.005%Fe -
0.003%Zn

1.00

Collimator Tungsten alloy 90%W � 6%Ni 16.96
Detector LYSO Lu1.8Y0.2SiO5 7.40

Table 3.1: Composition and density of the materials assigned in FLUKA to the various

regions of the simulation volume. Percentages in the compositions refer to atomic per-

centage.

using the same described con�guration, but shifting the position of phantom along the

z-axis, to e�ectively shift the position of the BP. This is a typical procedure that was used

in experiments to characterize the sensitivity of a given PGI-system in determining the

particle range [94]. From the "no-shift" position, the phantom was translated with a 2mm

step both in the positive and negative direction of the z-axis, and the same simulation was

repeated. For each shift of the phantom, we found that4 � 109 primary particle histories

were enough to obtain a low Monte Carlo statistical error.

Delivery of multiple irradiation spots at constant energy

In the second set of simulations, I evaluated the response of the gamma camera to the

delivery of multiple irradiation spots within a single layer of the phantom, shifting the

beam axis along the xy-plane, but keeping its energy constant. This emulated what

happens in PBS systems of synchrotron-based treatment facilities, in which the spots of a

given layer are delivered in a single �spill� of the accelerator (Section 1.3). I thus referred

to this case as a �spill irradiation�.

As shown in Figure 3.10, the nine selected spots had the same z-coordinate but were

distributed on the xy-plane, covering a2 � 2 cm2 area centered around the axis of the

cylindrical phantom, which was place at the "no-shift" position.

Tilted target simulations to account for non-planar shape of pa-

tient surface

For the last set, the detector response to a spill irradiation was still examined. However, in

a real treatment, the covered spots do not have all necessarily the same distal coordinate.

Indeed, even though the beam energy is constant, the non-planar shape of the patient
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Figure 3.10: Illustration of the irradiation spots (red) selected for the second set of sim-

ulations. The spots have the same z-coordinate, and cover an2 � 2 cm2 area on the

xy-plane inside the soft-tissue phantom (yellow). The pitch between the spots is 1cm.
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surface and the inhomogeneities introduce a variation in the beam range for di�erent

spots. Instead of adopting an anthropomorphic phantom, the cylindrical phantom was

inclined with respect to the z-axis by a 22° angle (Figure 3.11). In this way, the spots had

a di�erent z-coordinate, and the geometry of the set-up could be easily replicated in an

experimental session. Moreover, the inclination angle of the phantom was chosen to be

conservative, since moving the beam of 1cm along the xy-plane, the particle range varies

of 4mm. Hence, good results for this kind of geometry would justify studies with a more

realistic one. The detector geometry and the selected spots were still those described in

the previous subsection.

Figure 3.11: Simulation geometry of the third set of simulations: the target was inclined

by a 22° angle with respect to the z-axis, so that the spots of Figure 3.10 have a di�erent

z-coordinate. This considers the variations of the beam range in a patient for the di�erent

selected spots, even with the beam at constant energy.

Range retrieval precision analysis

On the simulation output data, an analysis was performed to determine the theoretical

accuracy in the range retrieval of the PG camera, following an approach inspired by
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Roellingho� et al. [103]. The algorithm was composed by three autonomous parts.

In the �rst part, I obtained the signal curve from the FLUKA data. This curve represented

the total number of counts (or events) per unit C-ion in each pixel as a function of the

pixel position on the z-axis. I, then, chose a given number of incident C-ions, Ni , and,

by this number, I re-normalized the counts in the signal curve, which was labelled as

the �reference curve�. The reference curve represented the ideal signal curve numerically

calculated, only a�ected by the MC simulation error (both statistical and systematic).

In the second part, I performed a MC propagation of the error on the reference curve.

Namely, for each pixel I sampled a given number, Nc, of values from a Poisson distribution

having a mean value equal to the number of counts of the reference curve. In this way, I

obtained a given set of Nc noisy curves (Figure 3.12). Every noisy curve was interpolated

with smoothing spline method, to get a continuous curve.104 noisy curves were found to

be enough to have a good statistics in the �nal normal distribution for all methods.

The �nal step of data analysis was to determine the precision of the detection system

Figure 3.12: Graphical representation of the generated noisy curves for di�erent phantom

shifts and numbers of C-ions:A) 106, B) 107, C) 108, D) 1010.

in retrieving the position of the dose fall-o�, or its shift from the nominal position. To

do this, I compared the obtained noisy curves with the reference one by employing three

di�erent methods to quantify the closeness of the curves. The graphical explanation of

Method 1, which is similar to the one used by Roellingho�et al. [103], is shown in Figure

3.13. For each noisy curve, the associated reference curve is shifted from its original

position with a step of 0.02cm for a total path of 1cm, both in the positive and negative

direction of the z-axis. To retrieve the shift for which the reference and the selected noisy
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curves were superposed the most, a root mean square error (RMSE) is de�ned as �gure

of merit to quantify the degree of superposition. The optimal shift of the reference curve,

the one that resembles the most the noisy curve under analysis, is found by the algorithm

by minimizing the following RMSE (Eq. 3.1):

RMSE jk =

s P Np
i =0 (predictedij � actualik )2

Np
(3.1)

where predictedij represents the generic pointi of the reference curve with shiftj and

actualik is the point i of the generic noisy curvek. Np is the number of points which

constitute the reference curve and each noisy one.

Figure 3.13: Graphical explanation of Method 1: the signal curve (blue) obtained by MC

simulations is shifted up to 1cm, in 0.02cm steps, on the forward (green) and backward

(purple) direction of the z-axis. The shifted curves are then compared with the investi-

gated noisy curve, and the best match is found by a minimization of the RMSE.

The explained process is repeated for all generated noisy curves, obtaining a histogram of

the optimal shifts, which could be approximated to a normal distribution, according to

the central limit theorem. The precision in retrieving the BP fall-o� is de�ned as twice

the standard deviation of the resulting normal frequency distribution.

For Method 2, please refer to Figure 3.14. According to this method, each noisy curve (yel-

low) undergoes a linear interpolation (purple) in the fall-o� region. Then, the algorithm

is able to �nd the abscissa (green) of the intersection between the linear interpolation and

the ordinate (blue) of the in�ection point of the interpolated reference curve (red). The
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distance between the green and black line (x-coordinate of the in�ection point) is chosen

as the error in the resemblance between the speci�c noisy curve and the reference one.

Figure 3.14: Graphical explanation of the Method 2: a generic noisy curve (yellow) is

interpolated in the expected fall-o� region (purple line), which is then crossed by the

y-coordinate of the reference curve in�ection point (blue line). The di�erence between

the x-coordinates of the crossing point (green line) and of the in�ection point is chosen

as the error in the fall-o� estimation.

Repeating this procedure for each noisy curve, the code produces a frequency distribution

of positions in which the interception has occurred. As before, twice the standard devia-

tion of the resulting distribution gives the theoretical uncertainty on �nding the particle

range.

Method 3 is explained graphically in Figure 3.15. The idea behind the code is to �nd

the interception between the noisy curve (yellow) and the ordinate of the in�ection point

(blue) of the reference curve (red). The di�erence between the abscissas of the in�ection

point (black) and of the intersection point (pink) is chosen as the reconstruction error.

Repeating this procedure for all the noisy curves, a normal distribution is again obtained.

Finally, I performed the analysis of the �rst simulation set results using as number of

incident C-ions, Ni , 106; 107; 108 and 1010. Referring to typical values used in therapeutic

irradiation [13], the �rst N i is close to the number of C-ions used in an irradiation spot

and little lower than the minimum number of C-ions typically used in an irradiation spill

(about 4 � 106), while the second and the third are, respectively, in the middle of the

interval and of the order of the maximum number of C-ions used in a spill. The last
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Figure 3.15: Graphical explanation of Method 3: the algorithm �nds the x-coordinate

(pink) corresponding to the interception between a generic noisy curve (yellow) and the

y-coordinate (blue) of the in�ection point of the reference curve (red). The error in the

fall-o� estimation was de�ned as the distance between the x-coordinates of the interception

and of the reference curve in�ection point.

number is not found in a usual treatment, but it is considered as an upper bound inside

the evaluation, which may be of interest for future developments in FLASH therapy [128].

For the second and third set of simulations (respectively, subsections 3.3.2 and 3.3.2), I

performed the analysis using the average number of C-ions delivered in a spill, i.e.,5� 107.

3.3.3. Results

Particle range sensitivity determination by target longitudinal

shifts

Figure 3.16(a) shows the pro�le of the total counts per unit of incident C-ion for each

pixel, with the phantom in the �no-shift" position (see subsection 3.3.2). As for all the

signal curves presented in the Results section, the error bars refer to the MC statistical un-

certainty given by FLUKA. The signal curve (blue) is also compared with the inverted BP

pro�le (orange), still obtained with FLUKA for the same simulation geometry and beam

energy. The signal has a global maximum followed by a fall-o�, that is clearly correlated

to the BP. It is worth noticing that no discrimination was applied on the detector, so the

signal is mainly due to the superposition of the PGs and the neutron background. Indeed,
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Figure 3.16(b) separately shows the photon and the neutron contribution to the total de-

tection signal, thanks to the "mgdraw.f" subroutine coupled to "source_newgen.f". There

exists a correlation between dose distribution and photon pro�le, while neutron energy

deposition does not follow the steep decrease of dose distribution. Without considering

the possible losses due to the coupling between scintillator and readout in a real detector,

the expected detection e�ciency of the camera is of the order of3 � 10� 6 (Figure 3.16a).

(a)

(b)

Figure 3.16: Graphical representation of the correlation between the PG detection pro�le

and the Bragg peak pro�le (orange), obtained with FLUKA simulations for the phantom

in the "no-shift" position: (a) Total detection pro�le (blue); (b) Photon contribution to

the detection pro�le (black) and neutron contribution to the detection pro�le (blue).

The signal pro�les for the �no-shift" position and the symmetric translations of the phan-

tom by 2mm and 4mm along the z-axis are displayed in Figure 3.17. The curves are clearly

distinguishable, and both their maximum and fall-o� move together with the BP. Con-
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sidering that these are ideal curves, as they do not include the error due to the counting

statistics and other non-idealities, a 2mm shift in the range is theoretically distinguishable.

Figure 3.17: Range shift sensitivity: ideal signal curves obtained by MC simulations for

various shifts of the phantom along the z-axis.

Results of the data analysis algorithm applied to ideal curves are presented in the following

�gures and are summarized in Table 3.2.

The application of Method 1 to these noisy curves produced the distributions illustrated

in Figure 3.18, while Figure 3.19 refers to Method 2. Results of the Method 3 are not

shown, as they were qualitatively identical to those of Method 2 (see subsection 3.3.2 for

a description of the methods). An advantage of the latter two methods is the opportunity

to see how the frequency distributions associated to the sets of noisy curves are located

along the detector axis.

As expected, the precision in retrieving the fall-o� of dose distribution is strictly connected

to the number of incident C-ions. As reported in Table 3.2, the three methods gave

similar results, Method 1 being the most optimistic. Figure 3.20 shows the plot of the

precision retrieved by Method 1 versus the number of C-ions on a double logarithmic scale,

considering the averaged precision over the shifts. The linear interpolation of the data

produced a slope of about� 1=2, thus the theoretical accuracy was found to be inversely

proportional to
p

N i . Considering the average results given by the three methods (see

Table 3.3), a number of ions of about3 � 108 would be necessary to achieve a theoretical

accuracy of 2mm in a single spot irradiation. Finally, all Gaussian curves are perfectly

distinguishable at 1010, showing that with a very high number of particles even a sub-
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Figure 3.18: Results of Method 1. The frequency distributions pertaining to the various

shift of the phantom are presented for di�erent numbers of C-ions:A) 106; B) 107; C)

108; D) 1010.

Figure 3.19: Results of Method 2. The frequency distributions pertaining to the various

shift of the phantom are presented for di�erent numbers of C-ions:A) 106; B) 107; C)

108; D) 1010. Unlike for Method 1, the centroids of the Gaussian curves shift together

with the phantom position.
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Table 3.2: 2� of the Gaussian frequency distributions resulting from the data analysis

of the �rst set of simulations. Results are reported in mm, for the various numbers of

C-ions: A) 106; B) 107; C) 108; D) 1010.

A)

No shift 2mm shift -2mm shift 4mm shift -4mm shift

Method 1 30,571 29,515 28,666 30,865 27,858

Method 2 27,084 27,165 26,754 27,963 26,996

Method 3 26,691 27,147 27,355 26,529 27,897

B)

No shift 2 mm shift -2mm shift 4mm shift -4mm shift

Method 1 7,724 8,002 7,480 8,385 7,243

Method 2 13,571 13,295 13,347 13,070 13,614

Method 3 12,235 12,228 12,256 11,471 12,411

C)

No shift 2 mm shift -2mm shift 4mm shift -4mm shift

Method 1 2,320 2,491 2,311 2,518 2,238

Method 2 3,380 3,508 3,337 3,274 3,293

Method 3 3,484 3,668 3,509 3,470 3,415

D)

No shift 2mm shift -2mm shift 4mm shift -4mm shift

Method 1 0,261 0,271 0,258 0,273 0,252

Method 2 0,354 0,359 0,358 0,368 0,369

Method 3 0,361 0,373 0,367 0,364 0,352
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Figure 3.20: Range retrieval precision (blue) obtained by Method 1 plotted against the

number of incident C-ions on a log-log scale. The precision is averaged over the shifts of

the phantom. The linear interpolation (red) has a slope of about� 1=2.

millimeter precision is achievable.

Table 3.3: Linear trend-line �tting parameters of the retrieved precision for all the three

methods and di�erent amount of C-ions.

Slope Y-intercept R2

Method 1 -0,509 4,481 0,998

Method 2 -0,482 4,397 0,992

Method 3 -0,477 4,353 0,996

Global -0,498 4,495 0,996

Delivery of multiple irradiation spots at constant energy

Figure 3.21 illustrates the results of the second set of simulations. The pro�les of the

signal per unit of incident C-ion are represented for the nine selected spots. The curves

appear grouped in subsets of curves pertaining to a speci�c shift of the beam along

the x-axis. Indeed, since the detector was only pixelated on the z-axis, the signal was

almost independent on the shift of the beam along the y-axis. In contrast, moving the
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beam along the x-axis, the distance between the beam and detector was varied, thus

changing the geometric e�ciency without a�ecting too much the shape of the curve. This

is further demonstrated in Figure 3.22, in which the curves were compared after a peak

normalization, showing that the normalized pro�les are very similar for all the curves.

Figure 3.21: Graphical results of simulations for the nine selected spots (see Figure 3.10).

The signal is varied only by a shift in the x-direction.

As stated in Section 3.3.2, an aspect of interest was the signal coming from the delivery

of an accelerator spill, to study the feasibility of applying PGI on a layer-by-layer basis.

Thus, I summed the curves corresponding to the nine spots, obtaining a reference signal

curve for the whole spill. I, then, performed the analysis described in subsection 3.3.2 on

the reference curve with a total incident number of ions equal to5 � 107, assuming that

these ions were delivered homogeneously in the nine selected spots. The results of the

analysis are shown in Figure 3.23. The accuracy was given again by twice the standard

deviation of the frequency distribution. In this case, I could state that the accuracy was

referred to the capability of retrieving the range of a given energy layer covered by the

beam, in the simplifying hypothesis of a perfectly planar transverse layer. The estimated

theoretical accuracy given by the average of the three methods resulted of4:2 � 0:6mm.

Tilted target simulations to account for non-planar shape of pa-

tient surface

In this subsection, I present the results of the simulations of C-ion irradiation on the

tilted phantom. The detected pro�les are plotted in Figure 3.24. As for the previous set,
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Figure 3.22: Peak normalization of detection pro�les presented in Figure 3.21.

Figure 3.23: Results from range retrieval precision analysis. The Gaussian distributions

are found applying the aforementioned methods, whose precision is resumed in the legend.
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I calculated the integral signal of all the considered spots, for a total number of5 � 107

incident ions. I, then, performed the analysis, whose results are shown in Figure 3.25.

The frequency distributions of Method 2 and 3 are shifted with respect to the previous

case, because of the target tilt. However, the theoretical accuracy was not worsened in

the case of a tilted layer, as the average precision derived from the three methods was

4:4 � 0:5mm.

Figure 3.24: Signal curves obtained with FLUKA for the nine selected spots, in the case

of the tilted target.
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Figure 3.25: Results from range retrieval precision analysis in the case of the tilted phan-

tom. The Gaussian distributions are found applying the aforementioned methods, whose

precision is resumed in the legend.
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set-up for future measurements

The main purpose of this thesis was to investigate the possibility to apply the PGI-

technique in carbon ion irradiation. In Chapter Three, it was demonstrated that, at least

on a simulation level in case of a spill irradiation, it was feasible to consider prompt gam-

mas as a useful tool to retrieve the Bragg peak fall-o�, reducing range uncertainties. The

subsequent step is the experimental validation of what was obtained in numerical simu-

lations: indeed, Chapter Four will propose of an experimental set-up to prove the results

obtained in the previous Chapter.

In the �rst section, focusing on the electronics readout, I will show a general architecture

of the detection system that will take part in future measurements: starting from the fea-

tures of LYSO crystals, I will end up with the description of the data acquisition system.

Finally, in the second section, I will report the design choices of the front-end printed

circuit board (PCB), an important part of the readout chain, whose purpose is to transmit

the signal from the application-speci�c integrated circuits (ASICs) to the data acquisition

system. The components of this board will be described in detail and all the design choices

will be justi�ed.

4.1. The experimental set-up

Future measurements will consider as much as possible the simulation geometry of FLUKA

input �le: a cylindrical phantom of tissue equivalent material will be irradiated, inside

an air-�lled room, while a knife-edge collimator will be positioned before the detection

system.

What really misses to pursue this task is a novel detection system, under development

at Politecnico di Milano, which will allow the measurement of high energy gamma-rays,

produced downstream C-ion irradiation. The therapy center that will provide the C-ion

beam will be the CNAO, in Pavia [104].
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4.1.1. The architecture of the detection system

Detection stage

Due to the good properties described in Section 1.5, the scintillation crystal material cho-

sen for MC simulations was cerium cerium-doped lutetium orthosilicate Lu1:8Y0:2SiO5:Ce

(LYSO:Ce), which will also be employed in measurements. As depicted in Figure 4.1,

each LYSO crystal will be composed by a matrix of 16 pixels with side of 6.25mm, for the

total dimension of (1 � 1)in 2.

In the set-up, two of such crystals will be put one next to the other in the amount of 32

pixels. Each LYSO crystal will be read by a4� 4 tile of SiPM, which are supposed to col-

lect the gamma signal that was �rst converted into visible photons inside the scintillator.

The selected SiPM tiles will adopt a SPAD cell size of(15� 15)�m 2, a choice dictated by

two parameters characterizing the �nal performances of the readout chain: linearity and

speed. With such a high density of cells, the response of the system will be fast enough,

and saturation will not constitute a problem.

Figure 4.1: Schematic drawing of a single detection module of4 � 4 SiPMs followed

by a readout ASIC. A gamma-ray, interacting with a LYSO crystal, produces visible

photons which are collected by the represented tile of SiPM. Beyond the readout ASIC,

the signal reaches the data acquisition system which quantitatively takes track of photon

interactions.
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Readout electronics

The gamma-ray energy is �rstly split by means of the scintillation crystals into visible

photons, which are then converted into electronic charges inside the SiPM tiles consti-

tuting the useful analog signal. By a one-on-one coupling between the 16 pixels of a

SiPM tile and the 16 analog channels of an ASIC, signals are then managed by an FPGA

(�eld-programmable gate array) after being digitized through ADCs (analog to digital

converters) mounted on a front-end PCB. To cover the entire area of the gamma camera,

one FPGA is necessary. At last, the collected data will be sent to a host PC through

the USB 3.0 connection, as shown by a more complete representation of the readout

electronics in Figure 4.2.

Figure 4.2: Architecture of the readout electronics, including the motherboard with two

ASICs and a micro-controller for gain stabilization, a front-end PCB with a dedicated

MUX stage and ADCs; the inter-connection board puts in contact the front-end board

with the FPGA-based DAQ and a PC reached by a USB 3.0 connection.

Beyond the scintillator and SiPM layers, the chain will continue with the motherboard and

the so-called front-end (FE) board, up to the DAQ stage. The two SiPM tiles will provide

the signal to be processed to the motherboard, which will dispose of temperature sensors

and a dedicated high voltage power supply controlled by a micro-controller for gain sta-

bilization. Most importantly, the motherboard will contain two custom ASICs developed

at Politecnico di Milano, called "SITH" (Spectroscopy Imaging Timing Hadrontherapy).

SITH was designed to have 16 channels both for analog and trigger signals and will be

used to manage a SiPM tile of 16 pixels: it will read the current supplied by the photode-

tector; moreover, it will output both a trigger signal for the arrival time information and

an analog voltage signal representing the energy of the gamma-ray in a speci�c channel.
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