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Abstract

For the full clinical exploitation of the ballistic advantages of proton beams for radiation
therapy, accurate knowledge of the location of dose deposition in tissue is necessary. A
dedicated tool for monitoring the dose deposition in-situ and in vivo is positron emission
tomography (PET). The implementation of this method requires a detailed Monte Carlo
model of the clinical proton beamline for the exact dose calculation and β+-activity pre-
diction. For the latter, reliable cross-section data of the β+-emitter production channels
is needed.

The purpose of this work was therefore to perform two fundamental steps towards
the implementation of offline PET monitoring at the Rinecker Proton Therapy Center
(RPTC). First, a correct modeling of the proton beam spot scanning and the absolute
dose output was established. This included a study of the influence of the low-dose en-
velope of scanned proton beams on the total dose output. Monoenergetic square fields,
as well as homogeneous dose spheres of different sizes were planned with the treatment
planning system (TPS) XiO R©, and its predicted dose compared to measurements and sim-
ulations. Simulated doses agreed nicely with measurements for all square and sphere sizes,
but for small squares and spheres the dose predicted by the TPS significantly differs. For
treatment plans including small fields it is therefore recommended to verify planned doses
by measurements or MC simulations prior to patient irradiation.

The second step towards offline PET monitoring was to validate an experimental cross-
section data set at the RPTC for the most relevant β+-production channels. For this
purpose, 3 phantom materials (PE, gelatine and PMMA) were irradiated and the proton-
induced activity was measured by a full-ring PET/CT scanner. Production yields were
extracted from the measured activities and compared to calculated yields from FLUKA
MC simulations and data from HIT and GSI. Integral positron emitter yields measured
at the RPTC are comparable to simulated yields using experimental cross-sections. Com-
parison to simulation results using the internal hadronic model of FLUKA for calculating
β+-emitter yields confirms the findings of previous publications, which recommend to use
experimental cross-sections instead. The largest difference to the data from HIT is 18.3%,
whereas yields are heavily overestimated at GSI. The scatter correction applied by the
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relatively old scanner during PET image reconstruction displaces a significant amount of
activity at locations far beyond the proton penetration depth. Therefore, no fine-tuning
of the production cross-sections could be performed due to the unreliability of the recon-
structed activity spatial distributions for the considered irradiation scenarios.

In order to check the linearity of the PET scanner with the activity level, further
irradiations and measurements were performed with different numbers of delivered pro-
tons. These data could confirm that due to dead time losses, the scanner underestimates
measured activities with increasing level of phantom activation. This resulted in an under-
estimation of production yields by up to 8% for the PE phantoms. Instead of delivering
as much protons as possible for the sake of good statistics in the dynamically evaluated
PET images, a trade-off between high count-rate and dead time losses has to be made
when performing thick phantom experiments to validate and fine-tune cross-sections for
PET monitoring.

Munich, December 2015
Matthias Würl
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1 Introduction

The idea to use ionizing radiation for cancer treatment is much older than commonly
thought. In 1896, few months after Wilhelm Conrad Röntgen published his discovery
of a new kind of rays [Röntgen, 1896], L. Freund and E. Schiff suggested to use these
rays in the treatment of disease [MacKee, 1921]. From this, biologists and physicians
started to investigate the biological effects of ionizing radiation. Physicists developed
methods to increase the energy of the x-rays and highly sophisticated delivery techniques.
Modern delivery techniques, namely Intensity-Modulated Radiation Therapy (IMRT) and
Volumetric Modulated Arc Therapy (VMAT) helped to tremendously reduce the dose
delivered to healthy tissue and thus reduce side effects of radiotherapy.

But nevertheless, there is one drawback when using high-energy x-rays for radiation
therapy. This is due to the underlying physics of photon interactions in matter and can
therefore not be eliminated. Photons get attenuated on their passage through tissue,
delivering the largest amount of their energy close to the surface of the tissue. For deep-
seated tumors this results in an undesired amount of deposited energy in the healthy tissue
around the target volume. One can easily imagine that this is especially undesirable if the
tumor is located close to a radiosensitive organ.

To overcome this disadvantage, a different type of radiation is necessary. It was Robert
R. Wilson, who in 1946 proposed that accelerated protons could be used for radiotherapy
[Wilson, 1946]. The main advantage of ions as compared to photons is their inverse depth-
dose distribution. Fast ions deposit less energy to the traversed medium than slow ions,
resulting in the so-called Bragg peak at the end of the particle’s range. The characteristic
depth-dose profile, compared to the profile of high-energy x-rays, can be seen in figure 1.1.
Thus, this results in a more accurate dose deposition inside the target volume, while sparing
the healthy tissue surrounding the tumor.

But in order to fully exploit these physical advantages, knowledge of the exact location
of the energy deposition in tissue is mandatory. If the proton range is not accurately
known, severe underdosage in the tumor, leading to bad tumor control, or overdosage
in the surrounding healthy tissue, leading to side effects of the therapy, is possible. To
overcome this problem, relatively large planning safety margins are applied around the
tumor volume [Testa et al., 2009]. One intrinsic reason for these safety margins is that x-
ray CT (computed tomography) images are used as patient model for dose planning. This

© Springer Fachmedien Wiesbaden 2016  
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2 1. Introduction

Figure 1.1: Depth-dose profiles of high-energy x-rays and proton beams. In contrast to x-rays (dashed
black line), proton beams deposit the largest amount of their energy at the end of their range in the Bragg
Peak (gray line). The tumor volume can be covered by superimposing several Bragg curves of different
proton beam energies - the spread-out Bragg Peak, SOBP (solid black line). Reprinted by permission from
Macmillan Publishers Ltd: Nature Clinical Practice Oncology [Yock and Tarbell, 2004], c© 2004.

introduces an uncertainty in ion range of about 1% to 3% [Parodi et al., 2007b] due to the
unambiguous conversion from CT number to ion stopping power. Furthermore, there are
additional sources of uncertainty due to patient positioning and organ motion. However,
the large extent of safety margins limits the therapeutic advantage of proton therapy and
it would therefore be of general interest to reduce their size. But this can only be done if
the ion range is known exactly. It is therefore highly desirable to have a method for ion
range verification.

The only clinically implemented method so far is range verification by means of positron
emission tomography (PET). Inelastic nuclear collisions of protons with target nuclei can
result in the production of β+-emitters. Fortunately, some of these positron emitters have
half-lives in the order of minutes and are thus perfect candidates to be measured with PET
scanners during or shortly after irradiation.

There are basically three approaches for treatment verification using PET, an online
and two offline concepts. Online dose verification means to monitor the irradiation-induced
β+-activity during irradiation, or more precisely in the short spill pauses during pulsed
beam delivery. This in-beam method of course requires that the PET scanner is integrated
in the treatment room. At GSI in Darmstadt, this was achieved by a dedicated double
head positron camera which was installed directly at the treatment site [Enghardt et al.,
2004].

For the two offline concepts, conventional PET or usually combined PET/CT scanners
are used to measure the proton-induced activity. The duration of the unavoidable time
delay between irradiation and PET acquisition is directly connected to the detectable β+-
emitting isotopes and the count rate. Locating the PET scanner inside the treatment room
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(in-room PET) guarantees high count rates. Hence, only few minutes acquisition time are
necessary due to the low time delay between irradiation and measurement. This however
prolongs the occupancy time of the treatment room, resulting in lower patient throughput
especially for single room facilities.

The other possibility is to measure the activity with a PET/CT scanner in a separate
room nearby. The resulting longer time delay between activation and acquisition, which is
due to patient transport and repositioning, requires a longer acquisition time of up to 30min
in order to compensate for the reduced activity intensity. This of course affects patient
comfort and increases the sensitivity to the degradation of the obtained images due to
biological washout processes [Fiedler et al., 2011]. On the other hand, the treatment room
is no longer occupied, which potentially allows more patients to be treated. Moreover, an
already existing PET/CT scanner acquired for diagnostic purposes can be used for offline
PET monitoring. Hence, it is the cheapest way to implement PET monitoring, because no
additional installation costs are necessary.

Yet, all these concepts have one thing in common. Since the location of the dose
deposition is not identical to the location of the proton-induced β+-activity, a method
that predicts the activity based on the planned dose is needed. For this purpose Monte
Carlo (MC) simulations, which are commonly regarded as the computational gold standard
for dose calculation in ion beam therapy [Parodi, 2011b], are the method of choice.

But the accuracy of the calculated proton-induced activity distribution strongly de-
pends on the implemented hadronic models of the Monte Carlo code. Several studies
indicate that the level of accuracy for activity calculations using the internal models is
rather poor for a wide variety of general purpose MC codes [Seravalli et al., 2012, Baum-
gartl, 2014]. It is therefore recommended to use experimental cross-sections for the MC
calculation of positron emitter yields [Parodi et al., 2007a]. However, available cross-section
data, e.g. from EXFOR database [Otuka et al., 2014], show large discrepancies between
independent data sets [Bauer et al., 2013]. Depending on the considered energy, differences
up to several tens of mb can be seen. In figure 1.2, independent data sets for two considered
nuclear reaction channels are shown and the non negligible differences between these data
sets are obvious. Before using these experimental cross-sections, it is therefore necessary
to validate them against measured activation data from the specific PET scanner and irra-
diated at the specific facility, which shall be used for PET monitoring [Seravalli et al., 2012].

One main ingredient for the implementation of PET monitoring in a proton therapy
facility is hence a validated and possibly facility-fine-tuned cross-section data set for the
most relevant β+-production channels. The other important ingredient is an accurate
Monte Carlo model of the clinical beamline, where absolute values of the three-dimensional
dose distribution in phantoms or patients can be predicted within clinical requirements for
any arbitrary treatment field.

The purpose of this study was therefore to establish the MC beam model of the Ri-
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Figure 1.2: Comparison of different cross-section data sets as a function of energy for two of the β+-
emitter production channels studied in this work: 12C(p,pn)11C and 16O(p,3p3n)11C [Bauer et al., 2013].
Their tuned production cross-sections (circles) are compared to the compilation of Parodi et al. [2007b]
(hexagons), which is based amongst others on an experimental data series of Iljinov et al. [1991] (squares),
and to the theoretical values according to ICRU [2000]. From Bauer et al. [2013], c© Institute of Physics
and Engineering in Medicine. Reproduced by permission of IOP Publishing. All rights reserved.

necker Proton Therapy Facility (RPTC) and to validate the production cross-sections of
positron emitters based on isotope production yield measurements at this cyclotron-based
facility.

The thesis is structured as follows. Chapter 2 provides the physical background of
both proton therapy and PET imaging. Moreover, the Rinecker Proton Therapy Center
(RPTC), the proton facility whose beamline was modeled in Monte Carlo and at which
PET activation experiments were conducted, is presented in section 2.3.

In chapter 3, the Monte Carlo setup used to model the RPTC beamline is shown. The
FLUKA Monte Carlo code and the user-routines used in this work are briefly presented in
section 3.1 and 3.2. In section 3.3, the conversion formalism from Monitor Units to number
of protons is shown and in section 3.4 the influence of the so-called low-dose envelope and
the field size on the dose output is analyzed.

The central investigations performed in this thesis, the PET activation experiments,
are presented in chapter 4. This chapter starts with the presentation of the materials and
methods (section 4.1), followed by quantitative results and studies on the lateral activity
profile (section 4.2 and 4.2.3, respectively). An analysis of the performance of the PET
scanner concerning its linearity over a wide range of activity concentrations is presented in
section 4.3. This chapter is concluded in section 4.4 with the discussion of the uncertainties
of the presented activation studies.

Chapter 5 then provides a brief summary of the main results and gives an outlook to
possible continuations of this project.



2 Theoretical background of proton
therapy and PET imaging

In this chapter, the physical background of radiation therapy with protons (section 2.1), as
well as the basics of positron emission tomography (section 2.2) are reviewed. Furthermore,
the proton therapy facility, where the activation experiments described in chapter 4 were
carried out, is briefly presented in section 2.3.

2.1 Principle of proton therapy

As already mentioned in the introduction (chapter 1), the main advantage of proton therapy
as compared to conventional radiotherapy using high-energy x-rays is the favorable depth
dose distribution. This is due to the different physical processes governing interaction of
radiation with matter. This section therefore gives an insight to the physics related to
radiotherapy with heavy charged particles.

2.1.1 Interaction of heavy charged particles with matter

On their passage through matter, heavy charged particle projectiles, like accelerated pro-
tons, interact with the traversed tissue via electromagnetic and hadronic interactions, de-
positing most of their energy at the end of their range in the Bragg peak (BP). The
average rate at which a charged particle with energy E loses energy per unit path length
dx is described by the linear stopping power

S = −dE

dx
. (2.1)

In practice, the stopping power is often expressed in units of mass thickness (MeVcm2/g).
It is therefore divided by the density of the traversed medium, ρ, resulting in the mass
stopping power which is not very different for a wide range of materials [Leo, 1994].

In the therapeutically relevant energy range, which is about 50MeV to 250MeV for pro-
tons, corresponding to a penetration depth of about 2 cm to 38 cm in water, the dominant
interaction with matter is via inelastic Coulomb interactions with the target electrons, as
it can be seen in figure 2.1. The resulting rate of average energy loss per unit path length
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Figure 2.1: Electronic, nuclear and total stopping power of protons in water, data from NIST [Berger
et al., 2005]. Energy loss is highly dominated by electromagnetic stopping power, nuclear stopping power
is negligible except for small, therapeutically not relevant energies.

for heavy charged particles, also known as electronic stopping power, is described by the
Bethe-Bloch formula [Bethe, 1930, Leo, 1994], valid at energies larger than about 1MeV:

−dE

dx
= 2πner

2
emec

2 z
2

β2

[
ln

(
2mec

2β2Wmax

I2(1− β2)

)
− 2β2 − δ − 2

C

Z

]
, (2.2)

where ne = NAρ
Z
A is the electron density of the target material, NA is the Avogadro

constant, ρ is the mass density, Z the atomic number and A the atomic mass number
of the target material. re and me are the classical electron radius and the electron rest
mass, respectively. z and β are the charge and the velocity of the projectile scaled by the
speed of light c, respectively. I is the ionization potential of the medium, whereas Wmax

is the maximum energy loss in a single collision with a free electron. Two corrections are
included in this formulation of the Bethe-Bloch formula - the density effect correction δ

which is important at high projectile energies and the shell correction C, important at low
energies. Both corrections also depend on the properties of the absorber material.

One can see from eq. (2.2) that the stopping power should increase with decreasing
speed β. However, at low energies (� 0.1MeV), the stopping power drops again, as it can
be seen in figure 2.1. In this energy range, recombination processes between the projectile
protons and electrons from target atoms occur, which consequently reduce the charge z in
eq. (2.2) to an effective charge zeff . The dependence of the effective charge on the particle
velocity is described by the semi-empirical formula [Barkas and Evans, 1963]:

zeff = z
(
1− exp(−125βz−

2
3 )
)

. (2.3)



2.1. Principle of proton therapy 7

0 50 100 150 200 250 300
Depth in Water [ mm ]

0.0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8
D

os
e 

pe
r 

P
rim

ar
y 

[ M
eV

/g
 ]

80 MeV
150 MeV
200 MeV

Figure 2.2: Depth-dose profiles of a 80MeV (black), 150MeV (dashed) and 200MeV (gray) proton beam
in water (FLUKA simulations). Range straggling increases with larger beam energy and hence penetration
depth.

Hence, for the depth-distribution of the ionization density of heavy charged particles, the
dominant 1/β2-dependence in eq. (2.2), combined with the decreasing effective charge of
eq. (2.3) at low energies, gives rise to an almost constant plateau, followed by the sharp
rise and fall at the end of the ion range, the Bragg-curve.

The most important quantity in radiotherapy is the absorbed dose, D. It is a macro-
scopic quantity, defined as the average energy dε imparted by ionizing radiation to matter
per unit mass,

D =
dε

dm
, (2.4)

and is usually expressed in Gray (1Gy = 1 J/kg). For a mono-energetic radiation field,
the absorbed dose can be linked to the stopping power via the primary particle fluence
Φ = dN/dA, which is the number of particles dN traversing a sphere of cross-sectional
area dA:

D =
Φ

ρ

dE

dx
. (2.5)

This relation only holds when there is secondary electron equilibrium. That means that the
amount of energy carried into a small volume of interest by secondary electrons generated
outside of the volume is on average equal to the amount of energy transported out of this
volume element by secondary electrons created in the volume.

2.1.2 Particle range and range straggling

Another quantity of interest is the range R of a charged particle, which is the expectation
value of the path length that the particle follows until it comes to rest [Attix, 1986].
Generally, one uses the continuous slowing down approximation (CSDA) to express this
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range. In this approximation, continuous energy loss is assumed instead of multiple discrete
losses. However, the difference between the actual range R and the CSDA-range RCSDA is
negligible [Attix, 1986]. For an initial energy E0, the range can be expressed in terms of
the stopping power:

R(E0) � RCSDA(E0) =

∫ 0

E0

(
dE

dx

)−1

dE . (2.6)

Due to multiple Coulomb scattering (cf section 2.1.3), the particles follow a zigzag path
through the absorber. A different definition of range is the so-called projected range Rp,
which is the average penetration depth in medium along the particle’s initial direction.
The projected range, defined as straight line, is therefore always smaller than the total
zigzag path length. However, the effect of lateral scattering is small for heavy charged
particles, so that Rp and RCSDA do not differ significantly [Leo, 1994].

Yet, the number of collisions experienced by each individual beam particle, as well as
the energy transferred at each collision are subject to statistical fluctuations. The small
range spread around the mean range caused by these fluctuations is called range straggling
or energy straggling. It is the reason for the increased width of the Bragg peak as compared
to calculations using the average energy loss of a single particle. For protons in tissue, the
difference is in the order of 1% of the mean range [Linz, 2011]. Range straggling therefore
becomes more significant for larger beam energies, which can be seen in figure 2.2.

The energy loss and range distribution can be assumed to be Gaussian for thick ab-
sorbers, with a width proportional to 1/

√
M , where M is the mass of the projectile [Schardt

et al., 2010]. The BP width for heavier ions is therefore smaller than for protons.

In practice, the BP is also broadened by the unavoidable momentum dispersion Δp/p

of the beam before entering the medium, due to the accelerator and beamline elements.
For clinically used accelerators and beamlines, this initial momentum spread is comparable
to the effect of range straggling in tissue, and is taken into account in the Monte Carlo
setup of the clinical beam model described in chapter 3.

2.1.3 Lateral scattering

In addition to the longitudinal spread discussed so far, the ion beams also broaden in lateral
direction. This is especially pronounced for lighter ions, like protons. The main reason for
lateral scattering is caused by elastic Coulomb interactions with the target nuclei [Schardt
et al., 2010]. In contrast, deflections of the primary beam due to interactions with the
target electrons are negligible due to the much smaller electron mass.

An analytical solution for multiple Coulomb scattering (MCS) was derived by Moliere
[1948]. Ignoring the small probability of large-angle single scattering (> 10◦), the angular
distribution of a large number of independent scattering events can be well approximated
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Figure 2.3: Sketch of the abrasion-ablation model for nuclear collisions of 12C (left) and proton (right)
projectiles with target nuclei. From Parodi [2011a], adapted from Schardt et al. [2010].

by a Gaussian distribution with a standard deviation [Highland, 1975]:

σθ[rad] =
14.1MeV

βpc
z

√
d

Lrad

[
1 +

1

9
log10

(
d

Lrad

)]
, (2.7)

where β and p are the incident particle velocity and momentum, respectively, and the
absorber material specific thickness d and radiation length Lrad. From the (βpc)−1 term
in eq. (2.7) it follows, that multiple Coulomb scattering increases with decreasing particle
energy.

2.1.4 Nuclear reactions and positron emitter production

Heavy charged particles can also interact with the target nuclei via the strong nuclear force.
These nuclear interactions do not have to be confused with the nuclear stopping power
briefly mentioned in section 2.1.1, which is due to interactions with the electromagnetic
field of the target nuclei.

These nuclear collisions may result in fragmentation of target nuclei and, if heavier
than protons, also of projectile nuclei. Peripheral collisions are the most frequent reactions
due to geometrical reasons and can be described as a two-step process by the so-called
abrasion-ablation model. Figure 2.3 illustrates the fragmentation reactions for 12C ions
(left) and protons (right). In a first step, the collision, partially excited prefragments are
produced, which then de-excite in a second step by nucleon evaporation or photon emission
(ablation).

Projectile fragments continue to penetrate with approximately the same velocity and
direction as before. While projectile fragments with the same charge number but a lower
mass number than the primary beam particles have shorter ranges than the initial particles,
fragments with lower charge number have longer ranges and deposit energy far behind the
Bragg peak of the initial particle species. In contrast, target fragments almost stay at rest
because of their heavy mass and reaction kinematics.
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Figure 2.4: Example of depth activity distributions for proton (left) and carbon (right) irradiation of a
PMMA sample. From Parodi [2004].

Because of the nuclear interactions, the initial particle fluence Φ0 reduces with increas-
ing depth x:

Φ(x) = Φ0 e
−NσRx . (2.8)

N is the nuclear density of the medium and σR is the total reaction cross section for nucleus-
nucleus collisions. According to eq. (2.5), this consequently reduces the dose delivered
by the primary ions with increasing depth, while secondary particles from these nuclear
reactions additionally contribute to the delivered dose. A negative consequence of nuclear
interactions is an increased lateral spread of narrow ion beams (cf section 3.4).

Part of the fragments produced in nuclear interactions may be β+-radioactive isotopes.
In the case of 12C-ion beams, positron-emitting projectile fragments like 11C and 10C may
be generated and penetrate the target until they stop shortly before the primary stable
beam particles, according to the ratio between their atomic mass number and the proton
number, A/Z2. The activity distribution due to these radioactive projectiles, namely the
β+-activity maximum shortly before the Bragg peak (cf figure 2.4, right), can be measured
by means of positron emission tomography [Parodi, 2004].

In the proton case, only target fragments may contribute to the β+-activation. They
are produced along the beam path until the projectile’s energy drops below the threshold
of nuclear reactions, which is around 10MeV to 20MeV, depending on the target nucleus.
This corresponds to a maximum of the activity distribution at a few millimeters before the
Bragg peak (cf figure 2.4, left).

Thus, the by-products of irradiation with heavy charged particles, namely the β+-
radioactive fragments of projectile and target nuclei, have the potential to be used for
non-invasive treatment verification, without increasing the dose to the patient’s healthy
tissue. The detection method used for monitoring the irradiation induced β+-activity is
positron emission tomography and will be presented in the following section.
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2.2 Principles of PET imaging

The original purpose of PET (positron emission tomography) in medicine is an imaging
technique used in nuclear medicine. It is a non-invasive method to image physiological
processes in living tissue. So-called radioactive tracers (e.g. 18F-FDG), are injected to
the patient and enrich in malignant tissue. The resulting activity distribution can then be
detected and allows volumetric imaging of the physiological function.

However, PET-scanners can in principle be used to measure any kind of β+-activity dis-
tribution, like irradiation-induced activity (cf section 2.1.4). They are therefore a promising
tool for dose monitoring in ion beam therapy. This section aims to give an insight to the
physical and technical background of PET imaging.

2.2.1 Physical background of PET imaging

The decay process making PET imaging possible is the β+-decay, or positron decay. In
unstable, neutron deficient nuclei, a proton is converted to a neutron under the emission
of a positron e+ and an electron neutrino νe in the following reaction:

A
ZX → A

Z−1Y + e+ + νe . (2.9)

Since the proton mass is lower than the neutron mass, this process cannot occur in isolated
protons. Due to conservation of energy, the binding energy of the daughter nucleus must
be higher than the binding energy of the mother isotope. Thus, the amount of energy
released by that reaction is

Q =
(
M(AZX)−M( A

Z−1Y )− 2me

)
c2 , (2.10)

where M(AZX) and M( A
Z−1Y ) are the atomic masses of the mother and the daughter iso-

topes, respectively, and me is the electron mass1. This energy goes into kinetic energy of
both positron and neutrino, resulting in a continuous energy spectrum of the positron to
the maximum possible energy values [Magill and Galy, 2004].

For the positron emitters studied in this work, 11C, 13N and 15O, the positron’s max-
imum possible energies are 0.97MeV, 1.20MeV and 1.74MeV, respectively. This corre-
sponds to a maximum positron range in water of 3.8mm, 5.0mm and 8.0mm, respectively.
The average β+- ranges in water are between 0.85mm and 1.80mm for these positron emit-
ters [Saha, G.B., 2010].

While the neutrino does not interact and escapes the system, the β+-particle loses
its energy in multiple Coulomb interactions with orbital electrons of the absorber atoms,
suffering several angular deflections. When it is almost at rest, it forms an unstable bound
state with an electron of the medium, the so-called positronium. Depending on the relative

1If the daughter nucleus is produced in an excited state, also the excitation energy E∗ has to be
subtracted from the right hand side of the eq. (2.10).
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Figure 2.5: True (left), random (middle) and scattered (right) coincidence events detected by two detec-
tors. The location of the annihilation is marked by the star, the solid lines show the real pathways of the
photons whereas the dashed lines indicate the lines-of-response (LORs) which is assigned by the detectors.
From Parodi [2004].

spin states of the two particles, the singlet state para-positronium or the triplet state ortho-
positronium are created. Para-positronium annihilates into two photons within 125 ps,
whereas ortho-positronium decays within 140 ns preferably into three gammas. Due to the
large difference in lifetime, the 3γ-emission can be neglected in practice [Parodi, 2004].
Thus, only the 2γ-emission is considered.

The two annihilation photons have an energy of 511 keV, corresponding to the electron
and positron rest mass, and are ejected in almost opposite direction according to momen-
tum conservation. However, the small residual momentum of the positron-electron system
before the annihilation process results in a small deviation from the exact 180◦ of at most
±0.25◦ [Saha, G.B., 2010].

The fundamental of PET is the detection of the 511 keV pairs, emitted isotropically
in 4π, by two opposite detectors within a given coincidence time window (typically a
few nanoseconds). The straight lines connecting the centers of the two detectors are called
lines-of-response (LORs) that can be understood as the lines, along which the annihilations
occurred. All coincidence events within this time window are called prompts and can be
classified as true, random and scattered events [Saha, G.B., 2010]. The three types of
coincidence events are illustrated in figure 2.5.

The favored coincidence events are of course true events. They arise, when two gam-
mas from the same annihilation event are detected along the LOR (figure 2.5, left). The
second type of events are random events. They are coincidences that occur, when two
gammas from two independent annihilation events are detected within the same time win-
dow (figure 2.5, middle). If one or both photons from one annihilation event suffer angular
deflection due to Compton scattering in the object and are detected within the same co-
incidence time window, one speaks of scattered events (figure 2.5, right). The energy loss
of the photons may not be to large, because otherwise it will not fall within the energy
window of the detector electronics.

Since the PET scanner cannot distinguish between the three types of coincidence event,
the latter two events raise the background of the reconstructed image, degrading the image
contrast [Saha, G.B., 2010]. There is still another physical process that worsens the image
quality. Photon attenuation due to absorption and scattering within the scanned object
results in a loss of detected events. There are several methods aiming to correct these
artifacts. In section 4.1.2.2, the correction methods used for image reconstruction in this
work are presented.
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2.2.2 PET scanning systems

Typical PET scanners are composed as follows. Several small inorganic scintillation de-
tectors are created by partially cutting a large block of detector crystal, forming so-called
block detectors. These block detectors are typically about 3 cm thick and coupled to photo-
multiplier tubes. These blocks are, together with the necessary electronics, arranged in
full-rings arrays, with diameter of 80 to 90 cm [Saha, G.B., 2010].

The choice of the scintillation detector material has a large influence on the quality of
the resulting image. First of all, a high stopping power of the detector material is desired.
Since the probability of the photoelectric effect is proportional to ∝ Z5/E3

γ , high Z and
high density materials are favorable. Moreover, the scintillation decay time of the crystal
should be short. The longer a scintillator crystal needs from the excitation by the 511 keV
photon until it decays to its ground state, emitting visible light, the larger the dead time of
the detector gets. Fast scintillation decay time is also important to reduce the coincidence
time window and thus, reduce random background. Further important characteristics are
a high photon yield (per keV) and the energy resolution of the detector. A low light output
results in poor energy resolution [Saha, G.B., 2010].

The commonly used detector materials are BGO (bismuth germinate), GSO (gadolin-
ium oxyorthosilicate), LSO (lutetium oxyorthosilicate) and LYSO (lutetium yttrium oxy-
orthosilicate). The latter two detectors combine a high photon attenuation and a high light
output, together with a short scintillation decay time (40 ns). However, this detector has
the disadvantage to contain the radioactive isotope 176Lu. This is typically not a problem
for imaging applications in nuclear medicine, because its photon energy ranges only up to
400 keV [Saha, G.B., 2010].

Due to the lack of anatomical information in functional imaging, it is beneficial to
combine PET scanners with computed tomography X-ray scanners (CT). In diagnostics
and radiation therapy planning, these PET/CT scanners have the advantage to provide
both anatomical and functional imaging. Another advantage is the possibility to use the
acquired CT image as a basis for the calculation of the attenuation and scattering correction
of the annihilation photons from the PET image.

2.3 The Rinecker Proton Therapy Center (RPTC)

The Rinecker Proton Therapy Center, RPTC, is a clinical proton therapy facility in Munich
which was opened for patient treatment in March 2009. A detailed Monte Carlo model of
the facility’s beamline is described in chapter 3 and in Englbrecht [2014]. The activation
experiments described in chapter 4 were performed in this treatment site as well. This
section shall therefore give a brief overview on the facility, highlighting the features relevant
for the presented studies.

The proton beam is created by a superconducting cyclotron (figure 2.6 (a)), where the
particles are accelerated up to 250MeV. Besides the much smaller size, a major advantage
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(a) Cyclotron (b) Energy selection system

(c) Proton gantry

Figure 2.6: Cyclotron, energy selection system and gantry (from the backside) of the RPTC. Reprinted
by permission from RPTC [rpt].
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Figure 2.7: Principle of pencil beam scanning. Two perpendicular magnets deflect the pencil-like proton
beam in horizontal and vertical direction and allow to scan across a thin slice of constant depth. Different
depth layers can be covered by changing the beam energy. Reprinted by permission from Macmillan
Publishers Ltd: Nature Reviews Clinical Oncology [Durante and Loeffler, 2010], c© 2010.

of this cyclotron as compared to synchrotrons is the quasi-continuous beam extraction with
steady intensity [Krischel, 2011]. This reduces irradiation time tremendously and therefore
has a positive impact on the PET activation experiments, as well as their data evaluation.

After leaving the cyclotron, the proton beam energy is degraded by graphite wedges in
the beam path (figure 2.6 (b)) to the desired treatment energy (75 to 245MeV) and then
guided to one of the treatment rooms. The beam is transported in vacuum, and magnetic
lenses keep the beam focused until it reaches the gantry. The four proton gantries (figure 2.6
(c)) can be rotated around their horizontal axis and provide 360◦ of beam coverage around
the patient [Jongen, 2011].

Dose is delivered via active spot-scanning (cf figure 2.7). Narrow, pencil-like proton
beams are deflected magnetically in both horizontal and vertical direction, covering thin
slices of the treatment volume. By successively reducing the beam energy from the max-
imum down to the lowest desired value, i.e. from the most distal to the most proximal
slice, respectively, target volumes of arbitrary shape can be irradiated. This demanding
technique allows position dependent dose variation resulting in better dose conformity in
the target volume while reducing the dose to the surrounding tissue. Moreover, there is less
material in the beam path as compared to passive beam shaping, where patient-specific
compensators and collimators are used. Consequently, less unwanted secondaries (mainly
neutrons) are generated upstream to the to patient [Schardt et al., 2010]. In section 3.2,
the Monte Carlo implementation of this pencil beam scanning system is described.

A commercial full-ring PET/CT scanner (Philips Gemini 16 Power2) is installed in
a separate nearby room at about 2min walking distance. 17 864 GSO crystals, each
4 × 6 × 20mm3 small, are coupled to 420 photo-multiplier tubes. The detector ring di-
ameter is 90 cm and the axial field-of-view (FOV) is 18 cm. The spatial resolution in the
center is 5.0mm and 4.9mm in axial and transverse direction, respectively. Since it is a
combined PET/CT scanner, it allows CT based attenuation and scattering correction of
the annihilation photons. Furthermore, for treatment verification, it offers the possibility

2Koniklijke Philips N.V., Eindhoven, The Netherlands
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to compare the combined PET/CT image with the CT image used for treatment planning.
Both treatment room and PET/CT scanner are equipped with a laser alignment system

indicating the location of the treatment isocenter. This is used for accurate phantom
positioning in the activation experiments described in chapter 4.

Due to the fact that the PET/CT scanner is not inside the treatment room, only offline
PET/CT treatment verification is possible. This has the drawback, that many short-lived
isotopes cannot be detected anymore, resulting in an overall worse signal as compared to
in-room, or in-beam PET [Parodi et al., 2008]. On the other hand, unlike custom-made in-
beam PET solutions, commercial PET/CT scanners are available at relatively low cost and
can be used for diagnostic purposes as well. Moreover, the offline PET concept does not
prolong the time the treatment room is occupied, resulting in a higher patient throughput
for irradiation.



3 Monte Carlo modeling of the
clinical proton beam

A detailed description of the Monte Carlo modeling of the clinical proton beam which is
used for the investigations in chapter 4 can be found in Englbrecht [2014]. However, there
are still two important aspects missing which need to be implemented before the Monte
Carlo beamline model can be used for simulations that can be compared to predictions
by the treatment planning system and measured data. Therefore, after a brief description
of the FLUKA Monte Carlo code, section 3.2 gives an insight on the implementation of
an improved geometrical characterization of the spot scanning system in the user-routine
source.f. The dose calibration of the Monte Carlo output is presented in section 3.3.
Finally, the influence of the so-called low-dose envelope of scanned proton beams is studied
in section 3.4.

3.1 The FLUKA Monte Carlo Code

FLUKA (FLUktuierende KAskade) is a multipurpose Monte Carlo (MC) code for the
calculation of particle transport and interaction with matter [Battistoni et al., 2007, Ferrari
et al., 2005]. While the original code was written in the sixties and its purpose was to design
shielding in high energy proton accelerators, FLUKA was gradually further developed and
covers nowadays a large variety of applications, including neutrino physics, cosmic ray
physics, calorimetry, radiation protection, dosimetry, hadron therapy, activation studies
and many more.

The current version, 2011.2b.6, supports interactions and transport of more than 60
different elementary particles and all kinds of heavy ions in a large energy range. Photons
and electrons can be simulated from 1 keV up to thousands of TeV, hadrons are supported
up to 20TeV and neutrons down to thermal energies [Battistoni et al., 2007].

Arbitrarily complex geometries can be handled using combinatorial geometry. One
feature that makes FLUKA particularly interesting for radiotherapy is its possibility to
handle voxel geometries1. CT images can be imported and converted to a voxel file where

1Any geometry can be described in terms of equally sized, small parallelepipeds (voxels) forming a
three-dimensional grid [FLU, 2013]. Voxel is a portmanteau word of the words volume and pixel.

© Springer Fachmedien Wiesbaden 2016  
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physical properties are attributed to each voxel, based on the corresponding Hounsfield
Unit (HU) of the CT image.

3.1.1 The FLUKA input file

To start a FLUKA simulation, an ASCII input file, containing several commands, each
consisting of one or more lines (= cards) has to be created. Each card contains one keyword,
followed by six floating point values (WHATs) and one character string (SDUM ). In this
input file, the user has to specify the geometry of the setup (GEOBEGIN, SPH, XYP,
VOXELS, REGION, ..., GEOEND cards), can define materials, their composition and
properties with the MATERIAL, COMPOUND, MAT-PROP and STERNHEI cards and
assign them to certain regions using the ASSIGNMA card. The particle type and energy, as
well as the source position has to be defined in the BEAM and BEAMPOS cards. The user
can add several detectors to the input files (e.g. USRBIN card) and specify, which physical
quantity should be scored and where. Moreover, some physics settings and production or
transport thresholds can be set and modified (PHYSICS, DELTARAY, ... cards). Different
types of biasing can also be activated but has not been necessary throughout this thesis.

The graphical user interface FLAIR [Vlachoudis, 2009], based on python and Tkinter,
facilitates editing error-free FLUKA input files by displaying the input file in an easily
readable way and allows to compile and start FLUKA jobs from a GUI environment.

3.1.2 FLUKA user-routines

For the purpose of this work, modifications in the input file were not sufficient. Therefore,
a number of user interface routines, all written in Fortran 77, can be modified by the user
in order to alter simulation input and output, and in limited cases even particle transport.
For activating these user-routines, they have to be compiled and linked to the FLUKA
library and have to be called by a special command in the FLUKA input file.

The following user-routines were used in this work:

source.f

This user-routine, activated by the SOURCE card, allows to sample primary particle prop-
erties from distributions in e.g. space and energy, which are too complex to be described
by the FLUKA cards [Battistoni et al., 2007]. This is essential for the setup of the clinical
proton beamline. In section 3.2, our adaptation of source.f is explained in detail.

fluscw.f

The user-routine fluscw.f allows the user to modify the simulation output and is ac-
tivated by the USERWEIG card. Any fluence, calculated with USRBIN can be altered
during runtime with user-specified functions. This makes it possible to weight the output
according to particle type, energy, generation etc. For the studies presented in chapter 4,
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Figure 3.1: FLUKA model of the RPTC beamline, as described in Englbrecht [2014]. The proton beam,
coming from the left, exits the vacuum (white) through the vacuum window (1), crosses the multi strip
ionization chamber (MSIC) and transmission ionization chamber (TIC) (2) and propagates through the
air-gap (3) between the nozzle and the patient table, where arbitrary phantoms can be placed (4).

this user-routine is used to compute the amount of produced positron emitters by combin-
ing the proton fluence with energy-dependent cross-sections for the desired proton-induced
nuclear reactions.

usrrnc.f, usrini.f, usrout.f

For calculating the positron emitter yield using FLUKA’s internal model, these three sub-
routines are necessary. If the USERWEIG card is used in the input file, the routine
usrrnc.f is called every time a residual nucleus is produced. The subroutines usrini.f

and usrout.f are called every time the USRICALL and USROCALL card are found in
the input stream, respectively. They are used to initialize estimators for the scoring of
requested positron emitter yields and write the corresponding data into these USRBINS.

3.1.3 FLUKA model of the beamline

The scope of this subsection is to recall the geometrical modeling of the clinical beamline,
which can be found in [Englbrecht, 2014, 4.1]. Figure 3.1 illustrates the components which
are permanently installed and explicitly included in the simulation, since these elements,
as well as the air-gap between nozzle and the patient table, have an influence on the spot
size and the proton range. The phantom in this figure represents one of the phantoms used
in the activation studies in chapter 4 and can be replaced by arbitrary other phantoms or
CT voxel geometries.

3.2 The spot scanning routine

A realistic clinical proton beam source cannot be described by a simple point source, as it
would be the default source in a FLUKA simulation. Hence, an extended proton source has
to be sampled, where the initial spot is described by a two-dimensional Gaussian with two
independent FWHMs. This resulting ellipsis can be tilted by a user-specified angle. The
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Figure 3.2: Sketch of the geometry of the spot scanning as it is implemented in the source.f routine. The
spot sampling point, which is located shortly before the origin of the coordinate system and the vacuum
window, as well as the focal point F are rotated by an angle α. The rotated spot sampling point and focal
point F’ thus define the direction cosine of the created particles.

corresponding values are based on measurements performed at the RPTC and are stored in
the data file spots. Moreover, the clinical proton source is not purely mono-energetic, thus
the introduction of a momentum spread Δp/p of the initial proton beam momentum is
required. The data for the momentum spread is stored in the file pspread. Also, the kinetic
energy of the initial proton beam has to be raised by a constant offset, corresponding to
a water equivalent path length of 0.162mm in order to match experimentally measured
beam ranges in water. This requires a table (dEdx) where the stopping powers in water
are saved for the complete clinical energy range.

For this purpose, the user routine source.f was programmed [Englbrecht, 2014, 3.2.4
and 4.2.2]. However, the source-routine did not include the possibility to deflect the initial
proton beam in a way to simulate spot scanning (cf section 2.3). It therefore had to be
extended by this feature. This section shall give an insight to the implemented geometrical
considerations.

By the time this user-routine was written, the effects of the focusing magnets on the
resulting proton beam in the vicinity of the isocenter have not fully been investigated yet.
As it turned out, beam focusing (in analogy to focusing in ray optics), can be neglected
in this present clinical model [Englbrecht, 2014, 4.4.3]. Nevertheless, the current version
of source.f still offers the possibility to account for focusing of the proton beam, and
the focal length can be read from the input table spots. In order to make beam focusing
negligible, as it is done throughout this work, the focusing parameter f is set to 108 cm.
A sketch of the relevant planes and coordinates can be seen in figure 3.2.

Since the origin of the coordinate system used in the FLUKA model is not the center
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of rotation but the location of the vacuum window, the coordinates of the sampling point,
the focal point and the isocenter have to be shifted in z-direction by a shift δ = zair−zSID.
Here, zair is the total length of traversed air between the vacuum window and the treatment
isocenter and zSID is the virtual source-to-isocenter distance, which is specified by the
facility.

After this translation, a rotation around a line through the origin of the coordinate
system is performed. Its direction and orientation is given by the normalized outer vector
product of the position of the isocenter relative to the virtual source position2 (0, 0, z)T

and the target position of the spot in the isocenter plane (x, y, z)T , resulting in the unit
vector


u =
1

z ·
√
x2 + y2

⎛
⎜⎝
−yz

xz

0

⎞
⎟⎠ . (3.1)

In case there is no deflection of the beam, this vector is replaced by a zero-vector in
order to prevent division by zero in the following calculations.

With this direction, the rotation matrix becomes

R�u(α) =

⎛
⎜⎝

2u21 sin
α
2 + cosα 2u1u2 sin

α
2 − u3 sinα 2u1u3 sin

α
2 + u2 sinα

2u2u1 sin
α
2 + u3 sinα 2u22 sin

α
2 + cosα 2u2u3 sin

α
2 − u1 sinα

2u3u1 sin
α
2 − u2 sinα 2u3u2 sin

α
2 + u1 sinα 2u23 sin

α
2 + cosα

⎞
⎟⎠ , (3.2)

where the cosine and the sine of the total deflection α with respect to the origin are

cosα =
z√

x2 + y2 + z2
and sinα =

√
x2 + y2√

x2 + y2 + z2
. (3.3)

Now, the rotation matrix is applied on the source point 
r0 of the particle 
r0
′ = R
r0, as

well as on the focal point 
f ′ = R
f . The direction cosines 
v of the particle3 is then the
normalized difference of the focal point and the source point:


v =
1√

|
f ′|2 + |
r0′|2
(
f ′ − 
r0

′) . (3.4)

In a last step, the z-coordinate of the new source point is translated back, using the shift
−δ.

2This virtual source-to-isocenter distance is the center of rotation of the deflected proton beam and is
given by the vendor. It must not be confused with the sampling point of the extended proton source of
the simulation, which is located 3 cm upstream of the vacuum window.

3In the FLUKA user routines, the variable names of the source coordinates of the I-th stack particle are
XFLK(I), YFLK(I) and ZFLK(I), whereas the direction cosines are called TXFLK(I), TYFLK(I) and TZFLK(I).
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3.3 Monitor Unit calibration

The output of a treatment machine is usually measured in so-called Monitor Units (MU).
For this purpose, monitor chambers (vented ionization chambers) are mounted in the
treatment head to measure the ionization induced by the proton beam and thus control
the amount of dose delivered to a phantom or a patient. The output dose per MU of the
clinical beam is well calibrated under certain conditions and depends on the beam energy.
However, this is only a relative quantity and the underlying physical quantity is the proton
fluence. This is the quantity of interest for this study, because FLUKA MC simulations
can calculate dose distributions and positron emitter yields only per primary beam particle.

Thus, accurate knowledge of the conversion between MU and number of delivered pro-
tons is essential for quantitative predictions from MC simulations. Unfortunately, the
number of protons cannot be calculated directly from monitor units, which made cali-
bration experiments necessary. The setup for these experiments is described in detail in
[Englbrecht, 2014, 5.2.2]. In the following subsection, a brief summary of the experiment
and the conversion formalism is given before in section 3.3.2 an improved calibration ap-
proach is presented.

3.3.1 MU calibration experiments, conversion formalism and validation

A Bragg peak (BP) chamber (type 34070, PTW-Freiburg, Germany) was placed prior to
a water tank and was irradiated by a single pencil-like proton beam at different energies,
covering the whole treatment energy range. For each energy, 100 MU were irradiated at
low dose rate in order to exclude saturation effects of the BP chamber. The measured
charge Q(E) at beam energy E can then be converted to the proton number per 100 MU,
N100MU

p (E):

N100MU
p (E) =

Q(E) ·We(
dE
dx

) |air,E4mm · d . (3.5)

We is the average energy that is required to produce an electron-ion pair in air by proton
irradiation. Following the recommendations of the ICRU 59 report [ICRU, 1998], the value
of humid air, We = 34.8 eV, has been used in Englbrecht [2014]. The geometrical thickness
of the chamber’s sensitive volume is d = 2mm.

(
dE
dx

) |air,E4mm is the stopping power of the
air in the BP chamber for a beam energy E. Since the protons have to traverse the entrance
window of the ionization chamber (IC) with a water equivalent path length (WEPL) of
4mm prior to the sensitive measurement volume, the beam energy E is degraded to the
energy E4mm. The corresponding new stopping powers in water,

(
dE
dx

) |water,E4mm have
been extracted from FLUKA MC simulations. To this aim, the dose at 4mm in water was
scored using a cylindrical USRBIN scoring volume with the radius r = 4.08 cm, which is
the radius of the sensitive volume of the BP chamber. With the density of water at room



3.3. Monitor Unit calibration 23

temperature in the treatment room, ρwater = 0.997 77 g/cm3, the stopping power becomes

(
dE

dx

)
|water,E4mm = D|4mm · r2πρwater . (3.6)

Now, either the thickness of the chamber’s sensitive volume has to be converted into its
water equivalent thickness, or the stopping-power in water has to be converted to stopping
power in air. Here, we used the latter approach:

(
dE

dx

)
|air,4mm =

(
dE

dx

)
|water,4mm · ρair

ρwater
· 1

Swater,air
, (3.7)

where ρair = 1.204 84 kg/m3 is the density of air in the vented IC and Swater,air = 1.137 is
the mass stopping power ratio from water to air for protons [IAEA, 2000], which in first
approximation does not depend on the energy.

Of course, the MU to proton number conversion has to be validated before usage. For
this purpose, a homogeneous spread out Bragg peak (SOBP) in a cubic PMMA phantom
was planned and optimized using the treatment planning software XiO R© (Elekta AB,
Stockholm, Sweden). The planned dose cube consisted of 10 different energy layers so
that the SOBP was ranging from 15 cm to 20 cm depth and had a lateral field size of
6×6 cm2. In the peak region, the comparison between the planned dose and the simulated
dose yielded a mean difference of 2.7%, which is not satisfactory for certain applications,
like re-calculating the absolute dose of a treatment plan or the PET activation experiments
described in the chapter 4. Therefore, in this work the existing calibration approach was
further improved and validated, as described in the following subsection.

3.3.2 Further improvement of the MU calibration

The main sources of uncertainties had been pointed out to be the We-value and the fluence
correction factors that had to be taken into account, because the dose cube is calculated
in PMMA [Englbrecht, 2014]. The latter source of uncertainty can be easily eliminated by
using water instead of PMMA. A dose cube with the same lateral and distal dimensions as
described above has therefore been planned in a water phantom. The dose in the SOBP
was planned to be 6Gy(RBE), corresponding to 5.455Gy4. The plan consisted of 12 energy
layers from 143.75MeV to 174.33MeV and the spot spacing between each spot was chosen
to be 3mm, totaling 2864 spots for the complete plan.

The plan was recalculated in FLUKA using different MU to proton number conver-
sion strategies. In a first approach, the same method as described for PMMA was used.
A second recalculation was performed with We = 34.23 eV for dry air near sea level,
as recommended by the TRS report 398 [IAEA, 2000]. Next, the mass stopping power

4In order to take into account the different biological effectiveness of proton irradiation as compared
to x-ray irradiation, the physical dose (Gy) is multiplied by the relative biological effectiveness of 1.1,
resulting in the equivalent dose GyE or Gy(RBE).
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Figure 3.3: The SOBP was planned using the planning software XiO (thick curve). The recalculated
plan using the mass stopping power ratio Swater,air = 1.137 is described by the thin gray curves, while the
black lines depict the recalculation using the energy dependent mass stopping power ratio, based on the
FLUKA output of the corresponding stopping powers. The We-value in the conversion is set to 34.23 eV
(solid lines) and to 34.8 eV (dashed lines). The doses are laterally integrated over 2 × 2 cm2 along the
central axis.

ratio Swater,air = 1.137 was questioned. This constant value was replaced by an energy-
dependent mass stopping power ratio

SFLUKA
water,air(E) =

ρair
ρwater

·
dE
dx |water(E)
dE
dx |air(E)

, (3.8)

with the same two densities ρwater and ρair as described above. By activating the option
PRINT in the FLUKA’s DELTARAY-card, the stopping power tables precalculated and
used by FLUKA are printed out to the simulation output file. Based on these stopping
powers, the mass stopping power ratio water-to-air, SFLUKA

water,air(E), takes values from 1.1322
up to 1.1348 in the clinical energy range.

In the peak region, excellent agreement between predicted and recalculated dose height
could be achieved using the energy dependent mass stopping power from eq. (3.8) and the
We-value for dry air, We = 34.23 eV (figure 3.3, solid black line). The mean dose in the
peak region differs by only 0.03%. Using We = 34.8 eV instead overestimates the mean
dose in the peak region by 1.7%. The difference is even larger when using the constant
mass stopping power ratio (figure 3.3, gray). Based on this results, the We-value for dry
air and the energy-dependent mass stopping power was used in the following.

However, when the plateau region of the depth dose profile is regarded, the perfect
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Figure 3.4: Complete depth-dose profile of the dose cube. The line scheme is the same as used in
figure 3.3.

agreement disappears. The dose predicted by XiO in the plateau region is larger than
the dose calculated in FLUKA, no matter which MU conversion was used (figure 3.4).
Although the maximal difference along the plateau region is still rather small (< 3% for
all cases), it is yet larger than the desired precision. The perfect agreement in the SOBP
region and the difference in the plateau region indicate, that there is a different effect play-
ing a role than the MU calibration itself. An explanation for this discrepancy can be found
when the lateral shape of individual pencil beams from the MC simulation and from the
TPS is analyzed in more detail. The following section therefore deals with the so-called
low-dose envelope of scanned proton beams.

Note, that for the evaluation the dose was laterally integrated over 2 × 2 cm2 along
the dose cube’s central axis. This has been done because on the one hand, comparing
single voxels or slices would not be robust against small binning effects. On the other
hand, integrating over a too large area would further increase the influence of the low-dose
envelope.

3.4 Low-dose envelope and Field Size Factor

Even several centimeters from a scanned proton pencil beam’s central axis, low doses
can be detected. This effect has been first described as beam halo [Pedroni et al., 2005]
and later as low-dose envelope [Sawakuchi et al., 2010a,b]. For scanned proton beams
with energies larger than about 150MeV, mainly secondary particles created in non-elastic
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nuclear interactions in the phantom are responsible for the low-dose envelope. At lower
energies, the probability for non-elastic nuclear interactions in the phantom is small. In this
case, the low-dose envelope is dominated by primary protons which have undergone large-
angle elastic scattering in the phantom and upstream beamline components [Sawakuchi
et al., 2010a].

Although the low-dose envelope of an individual pencil beam is orders of magnitude
smaller than the dose in the beam’s central axis, up to 15% of the total dose delivered in
a complete plan can be attributed to the low-dose envelope [Pedroni et al., 2005]. This
is because of the large number of individual pencil beams needed to irradiate the target
volume and the large extent of the pencil beam’s low-dose envelope.

In order to evaluate whether the influence of the low-dose envelope can explain the ob-
served discrepancies in the validation of the MU calibration (section 3.3.2), we compared
the lateral profiles of individual pencil beams calculated with the treatment planning soft-
ware XiO to the profiles of the simulated pencil beams. This is followed by a study of the
field size dependence of the output factor. In order to investigate the influence on clinically
more relevant cases, section 3.4.3 presents a comparison of TPS calculation, MC simulation
and measured dose for different sizes of homogeneous dose spheres. Final conclusions on
the accuracy of the MU calibration and beam modeling are drawn in section 3.4.4.

3.4.1 Lateral profile of a single pencil beam

Although not perfectly describing the lateral profile of a scanned proton beam, treatment
planning systems usually use Gaussian distributions to describe the lateral profile since it
is computationally efficient and therefore suitable for routine treatment planning. Pedroni
et al. [2005] proposed to parametrize the beam width by a so-called double Gaussian.
The first, narrow Gaussian component describes the primary beam. The second Gaussian
component, which is much broader and flatter, accounts for the low-dose envelope due to
large-angle scattering and inelastic collisions [Schwaab et al., 2011, Parodi et al., 2013].

In order to investigate the accuracy of a double Gaussian description, the lateral profiles
of a 180MeV single scanned proton beam, as exported from XiO and from a FLUKA
simulation are analyzed. Therefore, the function

D(E, z, x) = n(E, z)×
(
1− w(E, z)

2πσ2
1(E, z)

e
− x2

2σ2
1(E,z) +

w(E, z)

2πσ2
2(E, z)

e
− x2

2σ2
2(E,z)

)
(3.9)

was fitted to the data points from both XiO and FLUKA, using a MATLAB (The Math-
works Inc., USA) routine provided by Schwaab et al. [2011], Parodi et al. [2013]. n(E, z)

is a normalization factor, (1−w(E, z)) and w(E, z) are the relative weights of the narrow
and the broad Gaussian with their widths σ1 and σ2, respectively, and x is the lateral
distance to the beam’s main axis. Since the spots in our beam model are not rotationally
symmetric, only the central x-z-slice was chosen for the evaluation, for both TPS and MC.
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(a) Lateral profile at surface of water phantom.
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(b) Lateral profile at 100mm depth in water.
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(c) Beam widths σ1 and σ2 as a function of depth in water.
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(d) Relative weight w of the broad Gaussian.
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Figure 3.5: Semilogarithmic plot of the lateral profiles of a proton beam (180MeV) on the surface of the
water phantom (a) and in the plateau region, at 100mm depth in water (b). The symbols are the data
points extracted from MC simulation (dark gray triangles) and the TPS (light gray squares). The solid
lines are the fitted results according to eq. (3.9), the dotted and the dashed lines correspond to the fitted
narrow and the broad Gaussian, respectively.
The fitted widths σ1 (thin solid lines) and σ2 (dashed lines) of the two Gaussians as a function of depth
in water are shown in (c). At low penetration depths, the fitting routine was not able to find solutions for
σ2 of the TPS.
(d) shows the relative weight of the broad Gaussian, according to eq. (3.9). Again, MC and TPS are
plotted in dark gray and light gray, respectively.
The dotted black and thick gray lines in (c) and (d) correspond to the dose from the normalization of the
fit n(E, z) (cf eq. (3.9)) for MC and TPS, respectively.
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However, the other main axis of the elliptical spot can be studied in an analog way and
yields similar results.

In figure 3.5 (top), the lateral beam profile for the 180MeV pencil beam is plotted at
the surface of a water phantom (a) and in the plateau of the pencil beam at 100mm (b).
A semi-logarithmic scale is used and the dose heights are normalized to unity in order to
show clearly the contribution of the second, broad Gaussian.

On the surface of the water phantom, the profile extracted from the TPS is parametrized
by only a single Gaussian, while the contribution of large-angle scattered primaries and
secondaries in air and beamline elements is neglected. The simulation confirms, that the
halo is more than three orders of magnitude smaller than the central axis dose. Also,
at larger distances (±60mm) from the spot center, the doses are too low to sum up to
relevant contributions to the total dose, even for an extended field. The small difference
in the fitted σ1 can be explained by the fact, that in the TPS model assumption, the spot
ellipsis is not tilted [Ele, 2012], whereas for the input spot size of the FLUKA simulation,
the width of the main axes of the tilted ellipses were taken [Englbrecht, 2014].

At an intermediate depth at 100mm in water, the data points extracted from the TPS
can be well described by a double Gaussian distribution. The low-dose envelope here is
one order of magnitude larger than at the surface and thus can add up to a significant
amount of the total dose, if larger field sizes are considered. However, the comparison to
the results from FLUKA calculations shows large discrepancies. The width of the XiO’s
broad Gaussian is significantly smaller than the fit to the simulated data, where the low-
dose envelope extends over several centimeters. Furthermore, non-zero entries in the dose
exported from XiO can only be found between −25mm to 25mm. At larger distances to
the beam center, the predicted dose is therefore much smaller than the simulated dose.

The fitted widths σ1 and σ2 of the narrow and broad Gaussian, respectively, are plotted
for both MC and TPS, against depth in figure 3.5 (c). The depth dependence of the relative
width w of the broad Gaussian is shown in (d). It can be seen that the maximum of the low-
dose envelope is at an intermediate depth of the scanned proton beam. This is consistent
with the results published by [Sawakuchi et al., 2010b] and stresses the influence of the
low-dose envelope in the plateau region of scanned fields and SOBPs.

Compared to the relative weights of the broad Gaussian in Schwaab et al. [2011] and
Parodi et al. [2013], the relative weights in this study are quite small (< 0.1, neglecting
obvious outliers due to the fitting). In these two publications, the measured and simu-
lated doses were integrated over one direction and scored with radial binning, respectively.
Comparable weights (0.10 to 0.15) could be found when fitting eq. (3.9) to data sets, but
integrated over one axis instead of fitting to the central slices.

Especially a intermediate depths, the comparison of the lateral profile of a scanned
proton beam between XiO and MC simulation showed that differences can be seen at
larger distances from the beam’s central axis. In fact, it is essential to study the influence
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of these differences when a large number of single pencil beams sum up to an extended
field.

3.4.2 Field size dependence of the output factor for monoenergetic square
fields

As it has already been mentioned, the impact of the low-dose envelope will be more signifi-
cant if several individual pencil beams are superimposed. It is thus reasonable to compare
the dose at the center of monoenergetic quadratic layers of different field size. We investi-
gated the dependence of the dose output on field sizes between 2× 2 cm2 and 10× 10 cm2

and compared it among TPS calculation, FLUKA MC simulation and measurements. The
comparison also includes TPS and MC values for field sizes up to 13× 13 cm2.

3.4.2.1 Methods

The dose distribution for all monoenergetic square fields at a beam energy of 180MeV,
with lateral sizes ranging from 2 cm to 13 cm were calculated with the treatment planning
system XiO in a water phantom, with its proximal surface 150mm prior to the treatment
isocenter. The lateral spacing between two adjacent spots in the isocenter plane was 2.5mm
and hence much smaller than the FWHM of the individual pencil beams in the isocenter
plane5. This ensures that the pencil beams overlap forming a homogeneous dose region
in the center of the square fields. The weight of all spots was kept the same for all fields,
so no optimization by the TPS was performed. The calculated dose was then exported in
DICOM format6 in order to allow for comparison to the measured and simulated data.

The nine square fields up to 10 cm size were then irradiated in a water phantom, po-
sitioned as described above and as calculated in the TPS. A small cylindrical IC (type
31010, PTW-Freiburg, Germany) with radius 2.75mm and length 6.5mm, totaling a sen-
sitive volume of 0.125 cm3, was used to measure the dose on the central axis. The main
axis of the chamber was placed perpendicular to the beam direction, thus parallel to the
scanned field. The dosimetric uncertainty of the IC is 1.3% in this experiment. Since dose
measurements in the BP region are not robust against small depth variations, doses are
measured in the plateau region at 100mm depth, which is about half of the proton range
in water. Thus, the positioning uncertainty of the IC in depth, as well as in transversal
direction should have a negligible impact on the measured result, since a flat dose region
can be assumed around the central axis, due to the used spot spacing. In fact, from MC
simulations the dose error due to positioning errors of 0.5mm could be estimated to be
smaller than 0.1%. For the comparison with the TPS calculated and the MC simulated
doses, the WEPL of the entrance window of the IC is taken into account.

5The FWHMs of the spots in air at the isocenter plane are about FWHMx = 10.0mm and FWHMy =
8.5mm in x- and y-direction, respectively [Weick-Kleemann, 2013].

6DICOM (Digital imaging and communication in medicine) is a common file format for the storage of
medical data.
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Figure 3.6: Field size dependence of the output factor for monoenergetic square fields. The left plot
shows the field size factor (FSF) of the predicted dose (triangles), the measured dose (squares) and the
simulated dose (diamonds) for 180MeV at 100mm depth in water. On the right, predicted, simulated and
measured doses at 100mm depth in water are plotted against field size (left axis), as well as the relative
difference between predicted and measured dose (light gray, dashed line) and simulated and measured dose
(dark gray, dashed line), respectively (right axis).

The plans were then simulated with FLUKA, where dose was scored along the central
beam axis by a cylindrical USRBIN with a diameter of 5.5mm and a depth resolution of
0.5mm. Thus, the scoring size is comparable to the length of the IC’s sensitive volume.
The statistical uncertainty of the simulation (< 0.2%) is small compared to the expected
uncertainty of the MU calibration and the dosimetric uncertainty.

3.4.2.2 Results and discussion

Field size factor The field size factor (FSF) was defined as the dose at the center of
a given square field with a certain size f , divided by the dose at the center of a square
reference field with a size f = 10 cm [Sawakuchi et al., 2010b]. As expected, since the
contribution of the low-dose envelope increases with a larger number of spots, the FSF
decreases with decreasing field sizes (figure 3.6, left). Comparing the measured doses in
the center of the 10 cm and 2 cm square fields, results in a FSF of 0.915. This is in
perfect agreement with the FSFs deduced from FLUKA simulations. For all measured and
simulated field sizes, FSFs agree within 0.6%. The FSF predicted by the TPS is close to
the measured and the simulated FSF for large field sizes ( > 7 cm). Still, for smaller field
sizes, XiO overestimates the FSF by almost 5% as compared to measurements.

Sawakuchi et al. [2010b] determined the FSF for 148.8MeV and 221.8MeV at slightly
greater depths. Nevertheless, their FSFs are similar to our values for fields larger than 4 cm.
For smaller fields, their FSFs are noticeably smaller. These differences for small fields can
be explained when comparing the spot sizes of their facility to our spot sizes. The reported
spot sizes of their facility at the entrance of the water phantom are 12.4mm and 17.6mm
for the higher and the lower beam energy, respectively. According to the semi-empirical
formula presented in Sawakuchi et al. [2010b], a 180MeV proton pencil beam at their
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Table 3.1: Field size dependence of the output factor for a 180MeV square field. The measured Dmeas,
predicted DXiO and simulated dose DMC at 100mm depth in water are given for different field sizes.
Moreover, the relative differences between the predicted and the measured dose, ΔXiO

meas, as well as the
differences between the simulated and measured dose, ΔMC

meas, are given. The uncertainty of the measured
doses is 1.3%.

Size [ cm ] Dmeas [ mGy ] DXiO [ mGy ] ΔXiO
meas DMC [ mGy ] ΔMC

meas

2 602.6 626.3 +3.93% 605.0 +0.40%
3 618.4 645.2 +4.34% 621.0 +0.42%
4 630.0 653.9 +3.80% 634.1 +0.65%
5 637.0 655.9 +2.96% 642.4 +0.84%
6 643.1 655.9 +1.99% 646.9 +0.59%
7 649.6 655.9 +0.97% 650.3 +0.10%
8 653.3 655.9 +0.40% 655.8 +0.39%
9 656.3 655.9 −0.05% 657.5 +0.19%
10 658.9 655.9 −0.46% 660.8 +0.29%
11 - 655.9 - 661.2 -
12 - 655.9 - 663.9 -
13 - 655.9 - 663.0 -

treatment site has a FWHM of 14.9mm. Hence, our spot sizes in air (FWHMx = 10.0mm
and FWHMy = 8.5mm) are significantly smaller than their spot sizes. That means that
at their facility, direct dose deposition of nearby pencil beams plays a more important role
for small fields, despite the more narrow spot spacing used in our study.

Grevillot et al. [2011] used the same spot spacing as in our experiments and an ionization
chamber with a comparable sensitive volume. They also compared the measured FSFs with
the values obtained from GATE MC simulations and could achieve satisfactory agreement
within 2% for all but two points for 4 different beam energies in up to 3 measurement
positions. Our measured FSFs are in good agreement with the FSFs at 100mm depth for
the 180MeV square fields in Grevillot et al. [2011].

However, none of these studies compared measured and simulated FSFs to values pre-
dicted by treatment planning systems.

Absolute dose at 100 mm depth In table 3.1 the measured, predicted and simulated
doses at 100mm depth in water are summarized for the different square field sizes. Good
agreement can be found between the measured dose and the dose from MC simulations,
although the simulated doses are slightly higher for all field sizes. The mean difference is
0.43% with the largest difference of 0.84% at a field size of 5 cm. In order to judge whether
this small deviation is a systematic error in the MU calibration, further measurements at
a several depths and more energies would be necessary. However, the agreement is within
the estimated uncertainty of the IC measurement itself.

In contrast, the comparison to the dose values at 100mm, predicted by XiO clearly
shows deviations for small fields. About 3% difference and more could be observed for
fields smaller than 6 cm. Only at field sizes larger than 7 cm, the predicted dose agrees
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(b) 10 cm
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Figure 3.7: Depth dose profiles along the central axis for a 180MeV, 2 cm (a) and a 10 cm (b) square
field. Predicted dose profiles are plotted in light gray and the simulated profiles are plotted in dark gray.
The measures dose is illustrated by the circle. The left axes are the corresponding doses in mGy. The
black lines denote the relative differences between predicted and simulated dose on the corresponding right
axis.

with the measured and simulated doses within 0.5%. In figure 3.6 (right), the doses and
the relative differences are shown for the studied field sizes.

Depth dose profiles Dose differences due to different field sizes are certainly of interest
for the complete penetration depth and not only for one measurement position. Due to
the lack of measured data, the predicted dose from the TPS can only be compared to dose
output of FLUKA. Figure 3.7 shows two depth dose profiles along the central axis for a
2 cm and a 10 cm monoenergetic square field of 180MeV.

For small field sizes, XiO overestimates the dose in the plateau by up to 5.5% as
compared to simulation data. Differences become smaller in the vicinity of the Bragg
Peak. With increasing field sizes, the differences in the depth dose profiles become smaller.
At field sizes of 8× 8 cm2 and larger, TPS and FLUKA agree within 2%, except close to
the phantom surface.

Comparison XiO/FLUKA for a larger energy range For a field size of 8×8 cm2, the
difference between TPS and simulation was within 2% for almost all evaluated depths and
at the measurement position at 100mm, the agreement of the measured, the simulated and
the predicted dose is within 0.5%. Therefore this field size was chosen to validate the MU
calibration for a larger range of beam energies. The choice of this field size is reasonable,
since for the MU calibration of XiO, a field size of 8×8 cm2 or 10×10 cm2 is recommended
by the vendor [Ele, 2012]. In this part, only simulation and predicted dose profiles are
compared since no measured data was available. Energies were ranging from 90MeV up
to 230MeV in 10MeV-steps.

In more than 94% of all points in the depth dose profiles along the central axis, XiO
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and FLUKA agreed within 3% and the largest deviations could be observed around the BP,
where small misalignments between the two data sets and binning effects are the reason for
the large differences. The integral dose over the complete depth profile agrees within 1%
for all evaluated energies. The mean difference between the simulated and the predicted
depth dose profiles for all energies is 0.1% and therefore negligible. Only the slope of both
profiles is different, as it could already be seen in figure 3.7. This is due to the obvious
differences between TPS and MC in their way of calculating dose.

3.4.2.3 Conclusion

Measurements and detailed MC simulations indicate, that there is a strong dependence of
the output factor on the field size. The absolute dose in the center of a square field varies
by more than 8% in the plateau region, when comparing a 2 cm to a 10 cm square field.
Especially for small fields the treatment planning system XiO underestimates the influence
of the field size on the absolute dose output. In clinical cases implying such small fields,
it might therefore be recommendable to compare the predicted dose to measurements or
detailed MC simulations.

Still, further investigations are necessary, including measurements in a broader energy
spectrum and at more positions. Additionally, in the BP region measurements would be
helpful, although care has to be taken there because of the large effect of positioning errors
of the IC and the energy dependence of the stopping power ratio for translating dose in
air to dose to water.

3.4.3 Model validation for dose to spherical target volumes

Typical treatment plans consist of more than just one single energy layer. Thus, it makes
sense to study the influence of the size of the irradiated volume on the dose output. Instead
of a dose cube as in section 3.3.2, spheres with homogeneous dose and different sizes have
been planned in a water phantom to compare the predicted dose to measured and simulated
doses.

3.4.3.1 Methods

The dose spheres with diameters ranging from 2 cm up to 10 cm are planned in a water
phantom such that their center is always located in the treatment isocenter. The water
phantom starts 150mm upstream of the isocenter. The plans were optimized in order to
achieve a dose distribution which is as homogeneous as possible close to the central axis.
A spot spacing of 2.5mm was used for spheres with diameters up to 4 cm and 4.0mm was
used for the larger spheres. The total number of energy layers ranged from 10 (140.13MeV
to 151.97MeV) for the smallest dose sphere up to 29 (117.90MeV to 172.39MeV) for the
10 cm dose sphere.
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Figure 3.8: Depth dose profiles along central axis for two spherical target volumes with 2 cm (a) and a
10 cm (b) diameter. Predicted dose profiles are plotted in light gray and the simulated profiles are plotted
in dark gray. Measured doses are shown by circles.

The water phantom was irradiated according to the treatment plans and dose was
measured at the central axis in the plateau at 50 cm depth, as well as in the center of
the dose sphere, at 150 cm. The IC used for measurements is the same as described in
section 3.4.2.

Simulation and dose scoring were also performed in the same way as in section 3.4.2.

3.4.3.2 Results and Discussion

A summary of the resulting doses and their relative differences is given in table 3.2. In the
peak region at 150mm, measured, predicted and simulated dose nicely agree within 1%
for all sphere sizes. The largest differences are 0.83% between the XiO and the measured
dose and 0.56% between the simulated and the measured dose. In figure 3.8, a somewhat
larger deviation between FLUKA and TPS can be seen in the ripples of the SOBP. This
can easily be explained by the coarse grid of 2.6mm that has been used in TPS dose
calculation.

Also, the size of the spheres only marginally influences the dose in the peak region.
The largest difference from the mean dose is about 1.2%.

In contrast, large differences can be seen in the plateau. Like for small square fields,
the dose computed by the TPS is significantly higher than the measured dose. With larger
sphere sizes, the predicted dose approaches the measured dose until there is practically no
more difference for the 10 cm sphere.

Slightly larger differences in the plateau dose can be seen between the simulation and
measurement. FLUKA underestimates the plateau dose by up to 1.47% as compared
to measurement. However, the difference does not depend on the sphere size but remains
rather constant except for the smallest sphere. Since this means that the FLUKA modeling
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Table 3.2: The measured Dmeas, predicted DXiO and simulated dose DMC at 50mm and 150mm depth in
water are given for different dose sphere diameters. ΔXiO

meas and ΔMC
meas are the relative differences between

predicted and measured, as well as simulated and measured dose, respectively. The uncertainty of the dose
measurements is 1.3%.

Measurement Diameter Dmeas DXiO ΔXiO
meas DMC ΔMC

meas

Position [ cm ] [ Gy ] [ Gy ] [ Gy ]

50mm 2 0.919 0.962 4.68% 0.922 0.33%
(plateau) 3 1.081 1.103 2.07% 1.065 −1.45%

4 1.166 1.192 2.21% 1.158 −0.71%
5 1.247 1.268 1.68% 1.230 −1.37%
6 1.313 1.329 1.25% 1.294 −1.41%
7 1.381 1.392 0.77% 1.362 −1.40%
8 1.435 1.447 0.85% 1.420 −1.04%
9 1.482 1.490 0.55% 1.460 −1.47%
10 1.525 1.530 0.30% 1.504 −1.41%

150mm 2 1.796 1.810 0.76% 1.804 0.43%
(peak) 3 1.838 1.853 0.83% 1.847 0.50%

4 1.841 1.854 0.70% 1.849 0.43%
5 1.805 1.820 0.83% 1.810 0.27%
6 1.820 1.828 0.42% 1.829 0.48%
7 1.814 1.814 0.01% 1.824 0.56%
8 1.821 1.821 −0.02% 1.827 0.31%
9 1.829 1.821 −0.44% 1.833 0.21%
10 1.839 1.827 −0.65% 1.841 0.11%
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Figure 3.9: Plateau (a) and peak (b) region of the depth dose profile of a 180MeV single pencil beam.
The dose measured with a BP chamber (type 34070, PTW-Freiburg, Germany) is shown by circles. It has
been normalized to the area of the dose calculated by FLUKA (solid dark line), using the same scoring
radius as the BP chamber. Doses to water are given per primary beam particle. A difference in the
peak-to-plateau ratio between measurement and simulation is visible.
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of the low-dose envelope works rather well, the reason for this discrepancies has to be a
different one. We therefore compared the measured laterally integrated depth dose profile
of a single pencil beam to the simulation of the same beam.

In figure 3.9, the plateau and the peak region of the depth dose profile of a 180MeV
single pencil beam can be seen. The relative dose was measured in a water phantom using
a plane-parallel BP chamber (type 34070, PTW-Freiburg, Germany). The single pencil
beam was simulated in water and dose was scored cylindrically using the radius of the
BP chamber’s sensitive volume, r = 4.08 cm. The measured relative dose was normalized
by area to the simulated dose. It can be seen, that also for the single pencil beam, the
peak-to-plateau ratio is larger for the simulation than in the measurement. This can also
be seen for pencil beams at different energies, though not shown here. However, it has to
be stressed that the measurement of the BP chamber is more uncertain in the peak region.
This is due to the energy dependence of the stopping power ratio and possible saturation
effects of the chamber.

3.4.3.3 Conclusion

Overall good agreement between simulation and measured doses could be achieved for all
sphere sizes. The slightly larger differences in the plateau are consistent with independent
measurements and simulations of single pencil beams in water. Most likely, small inaccura-
cies in the physics models of FLUKA and the uncertainties in the measurement mentioned
before are the reasons for this difference. Furthermore, in the simulation geometry we did
not account for the exact BP chamber geometry but modeled it as water. This however,
should only have a small influence on the simulated depth dose profiles [Kurz et al., 2012].

It has to be stressed though, that differences of this order are clinically acceptable,
especially when considering that the differences were small even for such complex plans
like the large spheres with up to 11 000 individual spots and 29 energy layers.

Differences to the TPS for the small spheres indicate once again, that for small volumes
the predicted dose is not accurate and the dose distribution should be validated. However,
since the doses in the peak region agree within 0.83% and the measured dose in the plateau
is smaller than the planned dose, no severe changes in the effectiveness of the treatment
have to be suspected. Any discrepancies are hence in the safe direction i.e., the dose
delivered to healthy tissue could be much lower than tolerance doses set in treatment plan
optimization.

3.4.4 Final discussion on the accuracy of the MU calibration

The initial question, whether the low-dose envelope can be responsible for the discrepancies
discussed in section 3.3.2 could at least partially be affirmed. The lateral dimension of the
SOBP planned there was only 6×6 cm2. According to the studies performed in this section,
the difference in dose between FLUKA and TPS are about 1.5% for a 180MeV square field
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of this size. Assuming that the difference is similar for the lower energies used to form
the SOBP (143.75MeV - 174.33MeV), the low-dose envelope could indeed sum up to this
difference in dose. But to reliably proof this hypothesis, further analyses and measurements
for the corresponding beam energies would be necessary which would, however, go beyond
the scope of this thesis.

The simulation of a comparable volumetric plan, a sphere with 6 cm diameter, yielded
similar results. The dose predicted by XiO agrees perfectly with the simulated dose in the
center of the sphere. In the plateau at 50mm depth in water, the predicted dose is 2.7%
larger than the simulated dose. The findings are therefore consistent and can be explained
by the different lateral modeling of a pencil beam by the TPS.

The mean point-to-point dose difference of the MC proton pencil beam scanning model
described in Grevillot et al. [2011] was below 2% in most cases and therefore described as
clinically acceptable. The differences between measurements and simulations obtained in
our study are even smaller (< 1.5%) and can therefore without any doubt be regarded as
clinically acceptable.

These results confirm, that the approach described in section 3.3.2 is suitable to cor-
rectly convert Monitor Units to absolute proton numbers. Assuming an uncertainty of
1.5% for the conversion is therefore a conservative, but reasonable estimate which will be
used for analyses in the following chapter.



4 PET activation studies

The main purpose of this work was to quantify thick-target yields of positron-emitters
induced by proton irradiation in the therapeutic energy range. This is the necessary first
step towards a clinical implementation of offline PET monitoring. Although experimental
cross section values for quantification of proton-induced production of positron emitters
already exist, large differences of up to several tens of mb are reported among different data
sets [Beebe-Wang et al., 2003, Parodi et al., 2005]. It is therefore suggested to validate
cross-sections against measured activation data, taken at the specific PET scanner and
beamline that shall be used for PET-monitoring [Seravalli et al., 2012].

A further aspect which makes activation experiments at the RPTC interesting is the
proton accelerator used. In contrast to synchrotrons, the beam characteristics of cyclotrons,
namely the continuous beam extraction instead of a repetition of beam spills and pauses,
makes the assessment of cross-sections more reliable.

However, the accuracy of the measured results strongly depends on the performance
of the PET scanner. This study therefore also includes an evaluation of the scanner
performance and checks its usability for offline PET monitoring.

This chapter starts with an overview of the materials and methods used for experi-
ments, simulations and data evaluation (section 4.1). This is followed by the results. In
section 4.2.1 and section 4.2.2, the integral and depth dependent absolute isotope yields
are presented, respectively. Section 4.2.3 shows the findings concerning the lateral activity
profiles. In section 4.3 the scanner performance at high activity concentration levels is
investigated. Finally, the major uncertainties of these experimental studies are discussed
in section 4.4.

4.1 Materials and Methods

In all experiments, dedicated phantoms were β+-activated by a clinical proton beam and
the activity was then measured in list mode in the nearby PET/CT scanner. From this
measured data, the proton-induced positron emitter yields were extracted using least-
square fitting methods and a mathematical modeling of the activity build-up and decay.
The irradiation was also simulated in FLUKA using the updated beam model described in
chapter 3. To evaluate the performances of FLUKA’s internal models for hadronic frag-
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mentation, as well as for validating the experimental cross-sections used for the calculation
of β+-emitter yields, simulated data had to be processed to make them comparable to
experimental data.

The first section therefore provides an overview of the selected phantoms and describes
their physical properties. In section 4.1.2, the experimental setup is explained, including
both irradiation and PET measurement. This is followed by an outline of the simulation
setup in section 4.1.3. Finally, in section 4.1.4 the methods used for data evaluation are
explained.

4.1.1 Phantoms

About 98% of the atoms in human tissue are hydrogen, oxygen and carbon atoms [Latscha
et al., 2011]. Obviously, hydrogen nuclei can not fragmentate yielding positron emitters.
Therefore, oxygen-16 and carbon-12 (16O and 12C), totaling about one third of the isotopic
abundance in human tissue, are the most promising candidates as reaction partners for
positron emitter production reactions. Because of the unavoidable time delay between
irradiation and PET-measurement in the adopted offline imaging concept, only positron-
emitting isotopes with half-lives in the order of some minutes are expected to contribute
to the measured activity signal. Thus, the relevant isotopes are 11C, 13N and 15O with
half-lives of 1220.0 s, 597.9 s and 122.2 s, respectively [nud]. Despite the half-life of 70.6 s,
which is still large enough to allow a measurable signal within the first minutes of data
acquisition, 14O was not included in the data analysis, since the production cross-section is
more than one order of magnitude smaller than the production cross-section of 15O [Otuka
et al., 2014]. For 11C, the production channels are the 12C(p,pn)11C reaction, as well as
the oxygen channel, 16O(p,3p3n)11C. 13N and 15O are produced in the two proton-induced
reactions 16O(p,2p2n)13N and 16O(p,pn)15O, respectively.

4.1.1.1 Phantom choice

The choice of the actual phantom materials for the activation experiments was inspired by
Bauer et al. [2013]. The investigation of the production channels requires homogeneous
phantom materials with known chemical composition. In order to retrieve a signal that
can be clearly attributed to one, or only few production channels, the ideal phantom con-
sists of only one element in total or one element besides hydrogen. For more complex
atomic compositions, the observed activities are the sum of the contributions of all differ-
ent positron emitters and it becomes therefore more difficult to distinguish between the
individual contributions. Candidates for the study of the carbon production channel of 11C
would be graphite and polyethylene (PE, C2H4). Bauer et al. [2013] reported some issues
with the graphite phantom. The ionization potential of this material, which is essential for
correct simulations, could not be determined correctly because of its anisotropic structure.
Therefore, only the latter material, PE, was used for the 12C(p,pn)11C channel.
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Table 4.1: Overview of the phantoms and their sizes used in the subsequent experiments. Their chemical
compositions are given with their densities and ionization potentials, as they are used in the simulation
input.

Material Size [ cm3 ] Density [ g/cm3 ] Ip [ eV ]

PE (C2H4) 10× 10× 35 0.959 56.0
Gelatine (H66.2O33.1C0.7) 10× 10× 35 1.00 73.0
PMMA container (C5H8O2) 12× 11× 381 1.184 71.0
PMMA (C5H8O2) 10× 10× 35 1.184 71.0

For the study of the oxygen channels, water (H2O) would be the best phantom material
if only the chemical composition is regarded. But because of diffusion and motion due to
the phantom transport, liquid water can not be used for the investigation of the spatial
distribution of produced β+-emitters. To remedy this disadvantage, gelatine serves as
replacement for liquid water. Hence, 3.5 l of distilled water were boiled with 110 g of
Agar-Agar (an algae-based gelling agent) and filled into dedicated PMMA boxes where
the gelatine solidifies. According to Sommerer et al. [2009], the contamination due to the
addition of gelatine powder to water is negligible and changes the chemical composition to
H66.2O33.1C0.7.

The third phantom material used in this work is a block made of PMMA (C5H8O2).
This material is commonly used in clinical practice for quality assurance measurements.
Due to its chemical composition, all of the four investigated production channels can be
found and the material is therefore meant as consistency check for the derived isotope
yields of the other phantom materials.

In table 4.1 all the phantom materials are listed together with their geometrical dimen-
sions, densities and ionization potentials. The determination and the importance of the
latter two properties is described in the following subsection.

4.1.1.2 Determination of the phantom properties

The beam range in a medium is mainly determined by the medium density and its ionization
potential. Thus, accurate knowledge of these parameters is fundamental for correct simula-
tion of the range in the phantoms. Tabulated values of ionization potentials have generally
large uncertainties and material densities may vary for different fabricates. Therefore, it
is favored to determine them experimentally for the phantoms used in this study.

The density of PE and PMMA could be obtained in a straight-forward way by ac-
curately measuring the phantom dimensions and weights. This was not possible for the
gelatine, since filling the hot and liquid gelatine into the PMMA box deforms the contain-
ers’ walls by up to 1mm on each long side. That means, one can not draw conclusions for
the gelatine dimensions from measuring the inner dimensions of the empty boxes. But also
measuring the gelatine’s dimensions outside the box is not possible due to its flabby consis-

1outer dimensions
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(a) (b)

Figure 4.1: Setup for the WEPL determination of the phantoms, (a) without any phantom material in
the beam, (b) with one PE phantom in the beam.

tency. Therefore, the density of water at room-temperature is used as density of gelatine.
Comparing measured and simulated proton ranges in water and gelatine confirms that
for the chosen density and ionization potential, measured ranges could be reproduced by
simulations within 0.3mm.

The ionization potentials of the three materials can not be measured directly. Thus,
the WEPL of the materials were measured and the ionization potentials were deduced
as described in Kurz et al. [2012]. The setup for these measurements can be seen in
figure 4.1: the phantoms were placed with their short side along the beam direction between
the beam nozzle and the water column (figure 4.1 b). A water column equipped with a
movable BP chamber (PTW Peakfinder, modified by ACCEL, now VARIAN) and a fixed
reference ionization chamber at its entrance was used to record the depth dose profiles
for two different beam energies (158.53MeV and 178.01MeV) for each phantom material.
Two further depth dose profiles were acquired in absence of any phantom material. For
the gelatine phantom, two depth-dose-profiles were recorded for the filled boxes and two
additional profiles for the empty boxes.

A fourth-order polynomial was then fitted to all measured data sets including only
dose values larger than 75% of the maximum dose value, in order to precisely determine
the Bragg peak position. The shift of the Bragg peak position with and without phantom
material determines the WEPL of these materials. In an iterative trial-and-error process
the ionization potential of the materials was adjusted in the FLUKA input parameters
(MAT-PROP card) until the measured Bragg peak shifts could be reproduced by the simu-
lations within < 0.1mm for PE, PMMA and the PMMA container and within < 0.3mm
for gelatine.



4.1. Materials and Methods 43

(a) Irradiation (b) PET measurement

Figure 4.2: Experimental setup of the activation experiments. Using the laser alignment system, the
phantom (here: PE) is positioned on the treatment table such that its geometrical center is located in the
treatment isocenter (a). The beam is coming from the right.
After irradiation, the phantom (here: gelatine) is placed in the PET/CT scanner with its main axis
perpendicular to the scanner’s main axis (b).

Table 4.2: Summary of the phantom irradiation parameters: Day of the irradiation, phantom type, total
number of delivered protons (calculated from the recorded MUs as described in section 3.3), duration of
the irradiation, time delay between irradiation end and start of the PET acquisition, and PET acquisition
duration. The experimental data sets marked with an asterisk (*) were used for the evaluation of the
scanner performance.

Day Phantom Energy [ MeV ] Np tirr [ s ] tdel [ s ] tmeas [ min ]

05/16/14 PE 107.57 1.05× 1011 13.9 159.8 36
05/16/14 PE 158.53 1.05× 1011 4.2 183.9 36

08/20/14 * PE 158.53 2.10× 1011 8.3 186.1 36
08/20/14 * PE 158.53 3.15× 1011 13.4 176.7 36

05/19/14 Gelatine 126.53 1.05× 1011 8.5 207.4 34
05/22/14 Gelatine 178.01 1.11× 1011 5.0 176.5 34

09/09/14 * Gelatine 126.53 3.01× 1010 2.2 169.7 36
09/09/14 * Gelatine 178.01 3.03× 1010 1.6 190.8 36

06/26/14 PMMA 126.53 2.11× 1011 15.8 180.8 34
06/26/14 PMMA 178.01 1.11× 1011 5.1 173.0 34
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4.1.2 Experimental setup

4.1.2.1 Irradiation and PET acquisition

For the β+-activation, the phantoms were positioned on the treatment table with their
geometric center in the treatment isocenter, using the laser alignment system. This was
done such that the phantoms’ long side was coinciding with the beam direction (figure 4.2
a). The phantoms were irradiated with mono-energetic pencil beams along their central
axis. The beam energies were chosen to be comparable to the activation experiments
performed at HIT [Bauer et al., 2013] and GSI [Hildebrandt, 2012]. While the gelatine and
the PMMA phantoms were irradiated with 126.53MeV and 178.01MeV, the beam energies
for PE were slightly lower (107.57MeV and 158.53MeV). The activation experiments were
performed on six different mornings after daily QA and usually before patient treatment
started.

After the irradiation, the phantoms were transported to the room nearby, where the
PET/CT scanner is located. The phantoms were placed on the scanner table according
to markings that had been made before irradiation. This allowed accurate positioning
while keeping the time delay between irradiation and measurement short. They were
placed with the phantoms’ long axis perpendicular to the scanner’s main axis (figure 4.2
b). Alignment parallel to the scanner’s main axis was not possible, since the penetration
depth of the beams for the higher energies is larger than the axial FOV of the scanner.

PET acquisition started after the initial scout scan and was followed by a CT scan,
necessary for the attenuation and scatter correction of the PET image. The acquisition
time for the PET measurement was set to 34min or 36min. The total time delay between
end of irradiation and start of the PET acquisition was around 3min and was mainly due
to the time required for the initialization of the scanner and the scout scan.

Since accurate knowledge of the irradiation time tirr and the time delay between irra-
diation end and PET acquisition start, tdel, is crucial for correct data analysis, the whole
procedure was recorded with a camera. This allowed to determine the relevant times after-
wards by the analysis of the captured video, excluding errors due to reaction time. With
this method, sub-second accuracy could be achieved.

In table 4.2, the relevant irradiation and acquisition parameters are summarized. The
number of delivered particles has been computed from the prescribed MU using the con-
version presented in section 3.3.

4.1.2.2 PET image reconstruction

In contrast to frame mode acquisition which is commonly used in clinical routine, the PET
data of the experiments were acquired in list mode. This means, that each individual
coincidence event is stored with the location of the corresponding detector pair and time
mark in a *.list-file. After completing the acquisition, an offline sorter protocol can be
applied to the list mode data file. This protocol allows to bin list mode data into individual
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sinograms with user-defined frame duration. The sinograms are then saved in binary *.scn-
files and can be reconstructed using the scanner’s reconstruction program PetView (Philips
Healthcare, Eindhoven, The Netherlands). Different time frame schemes were tested for
the dynamic reconstruction in order to determine the dependency of the fit results on the
selection of time frames. The protocol used for reconstruction of the experimental data
is based on a clinical protocol with only minor modifications. It performs two dynamic
reconstructions, where the second reconstruction needs the reconstructed image of the
first reconstruction as input data. As reconstruction algorithm, the 3D-RAMLA (3D Row
Action Maximum Likelihood Algorithm) was chosen and the following corrections were
applied to the data:

• Attenuation Correction. The additional 120 kVp CT transmission scan acquired
after PET measurement was used to calculate the attenuation correction factors for
the 511 keV annihilation photons. The scanner internally converts the measured CT
Hounsfield units (HU) to the desired attenuation coefficients based on measured HU
of cortical bone, using a bilinear conversion curve as described in Bai et al. [2003].

• Randoms Correction. As already mentioned in section 2.2.1, random coincidence
events due to two unrelated 511 keV-photons from different positron annihilation
events raise the background of the image. Therefore, the sinograms were corrected
using the option subtract. During PET acquisition two data sets are acquired - one
normal data set with the standard (prompt) time window that contains both random
and true events, and a second data set with a delayed time window which contains
only random events. The true counts can then be obtained by subtracting the delayed
counts from the prompt counts.

• Scatter Correction. While passing through matter, the 511 keV-photons undergo
Compton scattering and may be detected by a detector pair (cf section 2.2.1). This
results in a blurring and an increased background of the image. In order to correct
for the scattered coincidences, the option Single Scatter Simulation was selected.
A Monte Carlo simulation based on a first reconstructed image, where no scatter
correction was applied, estimates the number of scattered events. The scatter data
is then subtracted from the emission sinogram.

• Decay Correction. When using PET scanners in diagnostics, one radioactive tracer
with a given half-life is injected to the patient. The scanner corrects the counts in
each frame for the decay of this radionuclide. But since in the activation experiments,
more than one radionuclide is present in the phantom and the half-life is the key to
distinguish between the different radionuclides, decay correction is not desired here.
However, the reconstruction only returns absolute activity concentrations if decay
corrections are applied. So, to keep the correction small, 22Na (T1/2 ≈ 2.6 a) was the
isotope selected for decay correction. Unlike in Bauer et al. [2013], no β+-branching
ratio correction had to be taken into account.
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• Normalization. PET scanners have thousands of detectors and the detection effi-
ciency of each detector pair varies from pair to pair. These efficiency variations have
to be taken into account and corrected for. To this aim, the option Efficiency was
chosen.

• Dead time correction. An internal correction that should account for the dead
time losses of the scanner was activated to correct the measured data.

After reconstruction, the images with absolute activity values in Bq/ml were exported in
standard DICOM format allowing for further analysis.

4.1.3 MC calculation of proton induced positron emitter distributions

For the Monte Carlo calculation of positron emitter yields, two independent approaches
were used. The first approach is based on the internal phenomenological models of the
FLUKA code. In order to get an output file storing the spatial distribution of residual
β+-emitting isotopes, which are produced in nuclear interactions between the transported
particles and the tissue nuclei, the user-routines usrini.f, usrrnc.f and usrout.f to-
gether with the RESNUCLEi card in the input file are needed (cf section 3.1.2). However,
the calculation using the internal models of the currently officially available FLUKA ver-
sion (2011.2b.6) has been reported not to be the most accurate method for calculating
positron emitter yields [Parodi et al., 2007a, Seravalli et al., 2012].

As long as newer releases with improved internal modeling are not available, it is
preferable to use experimental cross-sections for the β+-emitter yield calculation. For
this purpose, a modified version of the fluscw.f user-routine (cf section 3.1.2) was used to
combine the energy-dependent proton fluence Φ(E) during runtime with energy-dependent
reaction cross-sections σX→Y (E). Thus, the amount of β+-emitters Y produced in a
nuclear interaction between a proton and a nucleus X in a scoring bin of volume ΔV , is
[Parodi et al., 2007a]:

NY =

∫
dΦ(E)

dE

fXρNA

AX
σX→Y (E)ΔV dE . (4.1)

In this equation, ρ is the medium density, fX and AX are the fraction by weight and the
atomic weight of the nucleus X, respectively, and NA is the Avogadro number.

Using this approach, only positron emitters produced by protons are considered, while
the contribution by other secondaries like neutrons is omitted. However, it has been found
out that the latter contribution is indeed not significant, especially within the irradiation
area [Parodi et al., 2007a].

The cross-section data used in this study are fine-tuned values from the Heidelberg
Ion-Beam Therapy Center (HIT) [Bauer et al., 2013], which were based on cross-section
data from Parodi et al. [2007b].
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4.1.4 Data evaluation

The analysis of the measured and the simulated data sets were performed using self-written
Python routines using the packages NumPy, SciPy, pydicom and lmfit-py. The basic
functionalities of these routines are presented in this section.

4.1.4.1 Analysis of the measured PET data

In a first step, all DICOM files from one PET/CT acquisition, each corresponding to one
2-D slice of the PET or CT images, were imported by this routine and their pixel data
were sorted according to their measurement time frames (PET only) and their spatial
coordinates (PET and CT). Both images are then co-registered and the phantom location
in the PET image is determined by its location in the CT image. The part of the PET
image in which the phantom was placed, together with a margin of a few centimeters
around, is now cut out of the entire image and is used for further analysis. Thus, for
each reconstructed time frame there is one 3-D array of the measured activity distribution,
including only the measured activity at the phantom location and the small margin around.

Since the measured activity concentration in each voxel, A(
r, t), is the sum of the
contribution of the decays from all present β+-emitting isotopes i, it can be expressed for
each measurement time frame according to

A(
r, t) =
∑
i

A0,i(
r) · exp(−λit) (4.2)

[Bauer et al., 2013]. In this equation, t is the time between the end of the irradiation
and the center of each time frame, λi = ln 2/T1/2,i is the decay constant of isotope i with
half-life T1/2. For gelatine and PMMA, the expected isotopes i are 11C, 13N and 15O. For
PE, only the first radionuclide is expected. 10C is not included in the evaluation because
of its short half-life and its lower production cross-section. Hence, the initial activity after
irradiation end for a β+-emitter i in a voxel of interest, A0,i(
r), can be determined by
a weighted least square fit to the time-resolved decay curve of the measured activity in
this voxel [Bauer et al., 2013]. The fit package lmfit-py performs this least square fit and
additionally returns the uncertainty of the fit. In figure 4.3, a 2-D distribution fitted initial
activities for the three individual radionuclides are shown for the gelatine phantom after
irradiation with a 178.01MeV pencil beam.

Although the fit can be performed for each voxel individually, it is reasonable to inte-
grate the measured data laterally prior to the fit. This increases the data statistics and
therefore improves the quality of the fit results, yielding initial activities for each isotope
depending on the penetration depth of the proton beam [Bauer et al., 2013]. By integrating
the measured activity concentration over the complete phantom before fitting, the initial
proton-induced β+-activity contribution of each radionuclide can be retrieved for the whole
phantom.
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Figure 4.3: Overlay of the fitted initial activities of 11C, 13N and 15O (from top to bottom, respectively)
on the phantom CT image (gray-scale) for gelatine irradiated with a 178.01MeV proton beam.
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However, the quantities of interest in this study are the production rate and the pro-
duction yield of each radionuclide per proton. In this work, the production yield Ni refers
to the number of radionuclides of isotope i at the end of irradiation, if not specified differ-
ently. The production rate Pi is a quantity describing how many radionuclides of species
i are produced per unit time. The duration of the here presented irradiation experiments
is rather short. Thus, an error in the time measurement of 0.1 s would lead to an error
in the production rate of several percent. For this reason, final results are given as pro-
duction yields, which is the quantity less sensitive to uncertainties in the irradiation time
measurements.

In Parodi et al. [2002], the calculation of these quantities is performed for the more
complex synchrotron irradiation, where the dose is delivered in several spills. For cyclotron
irradiation, the dose is delivered in one single spill which makes the calculation easier.
Assuming constant beam current, the production rate Pi of isotope i is

Pi =
A0,i

1− exp(−λitirr)
, (4.3)

where tirr is the duration of the irradiation. With this equation, the yield of the i-th
radionuclide becomes

Ni =
Pi

λi
(1− exp(−λitirr)) =

A0,i

λi
. (4.4)

4.1.4.2 Analysis of the data from FLUKA

The format of the output of FLUKA MC simulations for the spatial distribution of β+-
emitter production yields is identical for both methods described in section 4.1.3. An
ASCII file is created for each USRBIN specified in the simulation input file, containing
the three-dimensional distributions of the production yields for the selected radionuclides
together with their statistical error. As already mentioned in chapter 3, the output is
normalized per primary beam particle.

The initial activity distribution at the end of irradiation can then be computed via the
simulated production rate [Bauer et al., 2013]

Pi(
r) =
RMC

i (
r) ·Np

tirr
, (4.5)

where RMC
i (
r) is the spatial production yield from the MC simulation and Np is the number

of protons. With this equation and again assuming a constant dose delivery, the activity
contribution of the i-th radionuclide, right after the irradiation is

A0,i(
r) = G(
r) ∗
[
Pi(
r) ·

(
1− e−λi·tirr

)]
. (4.6)

In order to account for the finite imaging resolution of the PET scanner, a Gaussian
convolution kernel G(
r) is applied to the 3-D data array. The standard deviation of the
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convolution kernel was varied until the proximal slope of the depth-activity profile from the
simulation fitted best the measured profile. The evaluation of all acquired profiles suggested
a standard deviation of σ = 4.0mm 2. The production yield can then be calculated as for
the measured PET data, using eq. (4.4).

For the comparison between the activity calculated with FLUKA and the activity
measured in an arbitrary time frame with duration tframe, the average activity concentration
in a voxel of volume Vvox can be calculated as:

〈A〉i(
r) = G(
r) ∗
[

1

Vvox
Pi(
r)

(
1− e−λi·tirr

) e−λi·tdel (1− e−λi·tframe
)

λi · tframe

]
. (4.7)

4.2 Results

A very important step towards the validation of the experimental cross-sections is the
quantification of the proton-induced positron emitter production yields. The integral iso-
tope yields for the three phantom materials are discussed in section 4.2.1. This is followed
by the analysis of the depth dependent isotope yields in section 4.2.2. Since not only
the distal, but also the lateral activity profile bears useful information for PET treatment
verification, in section 4.2.3 the lateral activity profiles are analyzed.

4.2.1 Integral absolute isotope yields

Two only slightly different approaches were used in this work to obtain the integrated iso-
tope yields. For the first method, the measured activity of each time frame was integrated
over the complete phantom. Using the fitting routine described in section 4.1.4, the initial
activity contribution of each expected radionuclide and thus the production yield in the
complete phantom was computed.

The second approach uses the same fitting routine, but laterally integrated activities
serve as input data. This method directly gives the depth-resolved distribution of the
production yield which will be discussed in section 4.2.2. Summing up the yields of all
depth slices, again results in the total production yield of the complete phantom.

The comparison of the calculated yields from both approaches can be used to check the
consistency of the fit results, since both approaches should give the same results. Indeed,
no significant differences in the calculated production yields between the two methods
could be found. Differences larger than 1% can only be found for 13N.

A compilation of all fitted β+-emitter production yields for the entire phantoms is
given in table 4.3. In figure 4.4, the measured activity, the total fitted activity and the
resolved contribution of each isotope is plotted against time for the PE phantom (a) and

2Taking a constant standard deviation of the Gaussian convolution kernel for the entire PET image is
only an approximation, since the spatial resolution of a PET scanner is better in the center of the FOV
than in the edges. Therefore, in the vicinity of the distal fall-off of the measured activity profiles, smaller
standard deviations would model the spatial resolution of the PET scanner better.
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Figure 4.4: Total proton-induced β+-activity as a function of the time delay from end of irradiation for
the PE (a) and gelatine (b) phantoms. The integrated activity measured by the PET scanner at each
time frame is displayed as bars. The lines correspond to the fitted activities of the individual isotopes, as
denoted in the figures legends. Additionally, the total fitted activity is plotted in black with diamonds in
figure (b). Due to dead time losses, the fit exceeds the measured data in the first time frames, while in
late time frames, the fit is lower than measurements. This is further discussed in section 4.3.
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the gelatine phantom (b) at 158.53MeV and 178.01MeV, respectively. Due to dead time
losses, the fit exceeds the measured data in the first time frames, while in late time frames,
the fit is lower than measurements. This is further discussed in section 4.3.

In section 4.2.1.1, the influence of the time frame choice on the fit results in analyzed,
before the measured yields are compared to simulated yields and to previous experimental
data in sections 4.2.1.2 and 4.2.1.3, respectively.

4.2.1.1 Influence of the time frame choice

It has been reported, that the choice of the time frames can lead to considerable de-
viations in the fitted radionuclide contributions when rebinning the list mode data (cf
section 4.1.2.2) [Bauer et al., 2013]. Therefore, reconstructions with different time schemes
were performed and used for fitting.

Gelatine and PMMA Because the half-lives of 11C and 15O differ by about a factor
of 10, it seems reasonable to use time frames of variable length for the gelatine and the
PMMA phantoms, in order to get comparable statistics in each frame. For these hereafter
simply referred to as variable time frames, the following sequence was chosen: 8×0.5min+
6 × 1min + 6 × 2min + 3 × 4min. Also, a constant binning scheme was used with 22 ×
1.5min frames, where the last minute of the 34min PET acquisition was ignored. For
the 178.01MeV irradiation of gelatine, an additional reconstruction has been done with
34× 1min.

In general, similar findings were obtained as reported in Bauer et al. [2013]. For the
high energy irradiation of gelatine, no noticeable effect on the fitted yields could be found
when using the two constant time schemes 22× 1.5min and 34× 1min (cf table 4.3). The
fitted yields of 11C and 15O agree within 0.4%. The only larger difference can be seen for
13N, where the resulting yield is about 7% larger. This is however still within the general
fit uncertainty of the 13N yield.

Using variable instead of constant time frames has a larger effect on the results and
the fit uncertainties. Differences in fitted isotope yields up to 18.8% for 11C and even
larger for 13N could be observed. Bauer et al. [2013] explained this by the fact that the
length of the time frames changes within the period of a half-life. This has a negative
effect on the convergence of the fit, which can be seen in the increased fit uncertainties as
compared to the fit over constant time frames (cf table 4.3). For gelatine, the fit uncertainty
of 11C exceeds 10% and is about twice as large when using variable instead of constant
time frames. For this reason, reconstructions from constant time frames were preferred to
variable time frames.

PE Different from the other considered phantoms, in PE phantoms 11C is the only ra-
dionuclide expected to be measured. Because of its relatively long half-life, only constant
time frame length was used for binning the list mode data. The two selected schemes were
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Table 4.3: Summary of all fitted positron emitter production yields after irradiation for the different
phantom materials (PE, GEL, PMMA). The numbers in the first column stand for the beam energies. In
the second column, the number of time frames and the frame duration is given. The two methods of fitting
- integrate laterally and fit each slice individually (L) and integrate over complete phantom and fit (A),
are written in parentheses. In the other columns, the production yields after irradiation of 11C, 13N and
15O are given with the calculated fit uncertainty, respectively. Yields are given per 106 delivered protons.

Phantom Frames/Method N(11C) ΔN N(13N) ΔN N(15O) ΔN

PE107 36× 1min (L) 20707 0.48% - - - -
36× 1min (A) 20766 0.19% - - - -
24× 1.5min (L) 20530 0.53% - - - -
24× 1.5min (A) 20567 0.25% - - - -

PE158 36× 1min (L) 37443 0.45% - - - -
36× 1min (A) 37487 0.19% - - - -
24× 1.5min (L) 37041 0.48% - - - -
24× 1.5min (A) 37073 0.23% - - - -

GEL126 variable (L) 6902 10.55% 3124 21.93% 22131 1.44%
variable (A) 6960 3.85% 3089 8.22% 22167 0.53%

22× 1.5min (L) 7720 5.52% 2422 18.74% 21537 1.45%
22× 1.5min (A) 7782 2.25% 2398 7.80% 21544 0.60%

GEL178 variable (L) 9879 10.99% 5640 18.12% 35692 1.19%
variable (A) 9883 5.96% 5654 9.80% 35703 0.64%

34× 1min (L) 11632 5.24% 4380 14.57% 35169 1.12%
34× 1min (A) 11716 2.01% 4340 5.67% 35177 0.43%
22× 1.5min (L) 11676 5.27% 4067 15.91% 35145 1.16%
22× 1.5min (A) 11743 2.15% 4034 6.59% 35149 0.48%

PMMA126 variable (L) 21552 3.08% 1310 44.43% 7540 2.51%
variable (A) 21543 1.23% 1333 17.33% 7540 0.98%

22× 1.5min (L) 22816 1.01% 332 70.18% 7218 1.57%
22× 1.5min (A) 23167 0.00% 0 0.00% 7321 0.00%

PMMA178 variable (L) 34038 4.02% 2334 50.86% 12390 3.03%
variable (A) 34044 1.73% 2351 21.86% 12392 1.30%

22× 1.5min (L) 36591 1.26% 346 128.03% 11864 2.03%
22× 1.5min (A) 36969 0.60% 0 0.00% 11963 0.86%
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24× 1.5min and 36× 1min frames. As it can be seen in table 4.3, the time frame choice
has a minor impact on the fitted yields. The largest deviation is about 1.1%. Also, fit
uncertainties are hardly affected by the time frame choice.

4.2.1.2 Comparison between measured and simulated data

In this subsection, fitted production yields assuming instantaneous production3, are com-
pared to yields calculated in FLUKA MC simulations for each phantom material. Both the
internal hadronic models and experimental cross-sections are included in the comparison.
All isotope yields are summarized in table 4.4.

PE In the PE phantom, measurable positron emitters are produced only in the
12C(p,pn)11C channel. The MC simulations using the experimental cross-sections are in
very good agreement with the measurements. The deviation from the measurements is
3.8% and 0.8% for 107.57MeV and 158.53MeV, respectively. On the other hand, yields
calculated using the FLUKA 2011 internal hadronic model are about 11.7% and 10.8%
lower than measured yields for the two energies, respectively.

Gelatine Larger differences can be seen for the gelatine phantoms. FLUKA simulation
results using external cross-sections systematically underestimate the amount of produced
positron emitters. The dominant radionuclide, 15O, is measured to be 8.7% and 9.7%
more abundant for the lower and the higher beam energy, respectively, than predicted
by the simulation using experimental cross-sections. The internal FLUKA models, on the
other hand, predicts 15O yields which are 11.4% for 126.53MeV and 19.9% for 178.01MeV
higher than our measurements.

Similar findings with comparable differences could be obtained for the 11C production
when comparing fitted yields from the measurement to the FLUKA simulation using ex-
perimental cross-sections. The internal FLUKA models overestimate production yields for
this radionuclide by almost 8%.

For the other production channel in the gelatine phantom, 16O(p,2p2n)13N, differences
between the RPTC data and the simulation results are difficult to judge because of the
large fit uncertainty of 18.7% and 14.6% for 126.53MeV and 178.01MeV, respectively.
Anyway, both FLUKA simulation approaches underestimate the amount of 13N. The in-
ternal models predict yields that are more than 50% lower than calculated by the fit based
on the measurements at RPTC. For the simulation using the external cross-sections, the
underestimation reduces to a 24% lower yield.

3In order to make fitted yields comparable amongst measurements at various facilities with different
beam structure and simulations, instantaneous production of β+-emitters is assumed. To this aim, pro-
duction rates calculated according to eq. (4.3) are multiplied by the corresponding beam delivery time.
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Table 4.4: Comparison of production yields assuming instantaneous production for all phantom materials
and beam energies amongst RPTC, HIT [Bauer], GSI [Hildebrandt] (where available) and the two FLUKA
simulation approaches. Yields are per 106 delivered protons.

Phantom Data set Energy [ MeV ] N(11C) N(13N) N(15O)

PE RPTC 107.57 20789 - -
FLUKA (int) 107.57 18353 - -
FLUKA (exp) 107.57 21569 - -

PE RPTC 158.53 37479 - -
FLUKA (int) 158.53 33419 - -
FLUKA (exp) 158.53 37164 - -

Gelatine RPTC 126.53 7739 2434 22060
HIT 126.58 6860 2412 23733
GSI 126.31 6777 2763 26643

FLUKA (int) 126.53 7935 1158 24584
FLUKA (exp) 126.53 7019 1841 20140

Gelatine RPTC 178.01 11649 4393 35670
HIT 178.04 10313 3868 38369
GSI 178.24 11234 5125 40769

FLUKA (int) 178.01 12573 2074 42760
FLUKA (exp) 178.01 10129 3358 32218

PMMA RPTC 126.53 22919 335 7546
HIT 126.58 22513 1451 8101
GSI 126.31 30908 1192 11997

FLUKA (int) 126.53 20386 461 9768
FLUKA (exp) 126.53 22620 733 7949

PMMA RPTC 178.01 36634 347 12036
HIT 178.04 36085 1564 14030
GSI 178.24 58535 2041 20707

FLUKA (int) 178.01 34289 794 16512
FLUKA (exp) 178.01 35811 1298 12317
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PMMA In terms of 15O production yield, the two phantom materials gelatine and
PMMA are comparable. Normalized to their 16O target nuclei density4, the experimental
15O production yields agree within 6.2%. For both irradiated energies, the fitted 15O yields
are lower in the PMMA phantom than in the gelatine phantom.

In contrast to the gelatine phantoms, FLUKA simulations using external cross-sections
slightly overestimate the production yields by 2.3% to 5.3% for the higher and the lower
beam energy, respectively. This difference would in principle be tolerable, but since the
trend of the discrepancy is in the opposite direction as for the gelatine phantom, an expla-
nation for this effect is desirable. A difference due to neutron-induced nuclear reactions,
that are not accounted for in the fluscw.f routine can be excluded. According to MC
simulations, the neutron fluence is even higher in the PMMA phantom than in gelatine.
It is therefore most likely, that this discrepancy occurs due to the general fit uncertainty
and the lower production of 15O in PMMA.

The highest radionuclide abundance in the PMMA phantom is given by 11C. For this
isotope the fitted yields are consistent with the findings from the other phantom materials.
Due to the chemical composition of PMMA, where the fraction by weight of carbon is
almost twice as high as the fraction by weight of oxygen, the largest amount of the total
11C yield results from the (p,pn)-reaction from 12C. Thus, the influence of uncertainties in
the 16O(p,3p3n)11C reaction cross-sections is only a second order effect. This is supported
by the only small underestimation of 2.3% at most by MC simulations using experimental
cross-sections.

The usage of the internal FLUKA models results in significant differences from the
measurements. For 11C and 15O, under- and overestimations of up to 11.1% and 37.2%
could be observed, respectively.

The third radionuclide, 13N is not considered in the analysis of this phantom material
due to its low production and the large fit uncertainties of 70% and 128% for 126.53MeV
and 178.01MeV, respectively.

4.2.1.3 Comparison to previous data

Similar PET activation experiments have been done at other facilities. The yields obtained
in the gelatine and PMMA phantoms at our facility are therefore compared to yields from
HIT [Bauer] and GSI [Hildebrandt]. The production yields of both facilities are listed
in table 4.4. It has to be stressed, that the experimental cross-sections used for FLUKA
simulations in this work are the fine-tuned cross-sections from the experiments at HIT
[Bauer et al., 2013]. However, differences between the published cross-section data and the
cross-sections used in this work could be found for the 15O production channel.

4According to Hildebrandt [2012], the fraction by weight of oxygen in PMMA is roughly 32%, while in
gelatine it is about 88.8%.
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HIT Interestingly, the experimental 15O yields from gelatine determined at HIT are
about 7.6% higher than the yields fitted at RPTC. They are thus almost 19% higher
than simulation results using these cross-sections (cf section 4.2.1.2). The major part of
this discrepancy can be explained by the different cross-section data for this production
channel. In contrast, the 11C yields from gelatine are about 11.5% lower as compared
to the RPTC data, but they agree with simulation results within 2.3%. The different
chemical composition of their gelatine used in their experiments as compared to ours can
only explain a few percent of this discrepancy (cf section 4.4.3). For 13N, RPTC and HIT
data agree within the large fit uncertainties. The largest difference between both fitted
yields is 12.0%.

For the PMMA phantoms, the comparison of the 15O production measured in this work
to data from HIT reveals similar findings as for the gelatine phantom, albeit the differences
are a bit larger. Up to 16.6% higher 15O production yields were measured there. On the
other hand, excellent agreement could be found for the 11C production. Both data sets
agree within 1.8%.

GSI The comparison to the in-beam data from GSI yields similar results as reported in
Hildebrandt [2012] for the comparison of those data with offline data from HIT. Also in
our experiments, an overall tendency of overestimation in the GSI analysis was observed.
Indeed, except for the 11C yield in the gelatine phantoms, where the difference is 12.4%
and 3.6% for 126.53MeV and 178.01MeV, respectively, significantly higher production
yields are extracted from in-beam PET measurements at GSI. A mean overestimation of
16.3% for the gelatine phantom and even 42.6% for the PMMA phantom could be found
as compared to the offline measurements at RPTC. Hildebrandt [2012] explains these high
discrepancies by uncertainties in the absolute calibration of the beam intensity and the
detector efficiency.

4.2.2 Depth dependent absolute isotope yields

The knowledge of integral isotope yields is not yet sufficient for treatment plan verification
by means of PET monitoring. Instead, the spatial distribution of the proton-induced β+-
activity is of major interest. Since a major issue in proton therapy is range uncertainty, a
quantification of depth dependent isotope yields is necessary.

4.2.2.1 Comparison of the depth dependent isotope yields for the individual
phantoms

Depth dependent isotope yields at the end of irradiation, extracted from the RPTC mea-
surements, are plotted in figures 4.5, 4.6 and 4.7 for the three phantom materials PE,
gelatine and PMMA, respectively. In order to compare the depth dependent isotope yields
of this work to experimentally deduced yields at HIT, the simulation results using the
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(b) PE (158.53MeV) - 11C
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Figure 4.5: Depth dependent isotope yield of 11C in the PE phantom: (a) corresponds to the irradiation
with 107.57MeV protons, (b) corresponds to 158.53MeV. The dashed line and the solid lines without
symbols correspond to the simulated isotope yields using FLUKA’s internal model and the experimental
cross-sections, respectively. The fit to the measured data is plotted by the triangles. The errorbars refer
only to fit uncertainties, other uncertainties are not considered in this plot.

cross-sections validated and fine-tuned at HIT [Bauer et al., 2013] generally serve as a
good substitution. Care has to be taken only for the 15O yields, where the absolute yield
determined at HIT and the FLUKA simulation using these cross-section data differ by up
to 19% (cf section 4.2.1.3).

PE While the integral number of fitted 11C-yield for the PE phantoms is in good agree-
ment with FLUKA simulations using external cross-sections, the depth dependent isotope
yield shows visible differences. The shapes of the depth profiles of measured and simulated
isotope yields using experimental cross-sections are very similar. Sub-millimeter agree-
ment of the distal fall-off can be seen for both energies. But the simulated profile exceeds
the measured profile by nearly 10% and 5% for the lower and the higher beam energy,
respectively.

On the other hand, a tail of isotope yield that ranges far beyond the penetration
depth of the proton beam can be observed in the measured data, which is not present in
the simulation results. For 107.57MeV, about 5.2% of the total fitted isotope yield can be
found in this tail. The fraction is a bit smaller for the higher energy, but still clearly visible.
The reasons for this unexpected isotope yields and its consequences will be discussed later
in this section.

Gelatine In the gelatine phantom, three different radionuclides are produced which ob-
viously results in larger errorbars of the fit results. The profile of the 11C production yield
shows a pronounced peak in the beginning. This peak is the result of the 1 cm PMMA
wall of the container into which the gelatine was filled. It is slightly lower than the peak
predicted by both MC simulations. This might be due to the so-called partial volume
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(a) Gelatine (126.53MeV) - 11C
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(b) Gelatine (178.01MeV) - 11C
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(c) Gelatine (126.53MeV) - 13N

0 20 40 60 80 100 120 140 160
Depth [ mm ]

0

5

10

15

20

25

30

35

40

Is
ot

op
e 

Y
ie

ld
 [ 
10

-6
 m

m
-1

 ]

FLUKA (int.)
FLUKA (exp.)

FIT

(d) Gelatine (178.01MeV) - 13N
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(e) Gelatine (126.53MeV) - 15O
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(f) Gelatine (178.01MeV) - 15O
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Figure 4.6: Depth dependent isotope yield of 11C (a,b), 13N (c,d) and 15O (e,f) in the gelatine phantom.
The left plots (a,c,e) correspond to the irradiation with 126.53MeV protons, the right plots (b,d,f) to
178.01MeV. The same color scheme as in figure 4.5 was used.
The strong fluctuation of the production yield in (c) and (d) is caused by low statistics and is further
explained in the text.



60 4. PET activation studies

(a) PMMA (126.53MeV) - 11C
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(b) PMMA (178.01MeV) - 11C
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(c) PMMA (126.53MeV) - 13N
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(d) PMMA (178.01MeV) - 13N
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(e) PMMA (126.53MeV) - 15O
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(f) PMMA (178.01MeV) - 15O
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Figure 4.7: Depth dependent isotope yield of 11C (a,b), 13N (c,d) and 15O (e,f) in the PMMA phantom.
The left plots (a,c,e) correspond to the irradiation with 126.53MeV protons, the right plots (b,d,f) to
178.01MeV. The same color scheme as in figure 4.5 was used.
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effect which occurs when a small, relatively high activity is measured next to a relatively
low activity background. The effect will be explained when discussing the uncertainties
in section 4.4. In gelatine, where 16O(p,3p3n)11C is the dominant production channel for
11, the measured isotope yield is clearly higher than the yield calculated by FLUKA using
experimental cross-sections. Concerning the distal fall-off, very good agreement could also
be observed for this production channel.

The 13N profile is strongly affected by bad statistics, since it is produced in the channel
with the lowest production cross-section from the isotope 16O. Moreover, because of its
half-life which is in between the half-lives of 15O and 11C, the fitting routine has difficulties
to accurately distinguish between 13N/15O and 13N/11C. This can for instance clearly be
seen at about 40mm and 65mm in the low-energy plots in figure 4.6, where the isotope
yield of 13N peaks and a corresponding valley can be observed in the 11C profile. The
characteristic peak of the 13N yield at the end of the proton range which was predicted by
simulations, could be reasonably well reproduced by measurements. This peak is already
beyond the 50% distal fall-off of the profiles of the other two isotopes and can therefore
unambiguously be attributed to 13N. However, slightly larger discrepancies of about 1mm
in the distal location of this peak, as compared to MC predictions, are measured here.
Nevertheless, this is still tolerable.

For the depth profile of the dominant 15O production yield, measurement agrees in
shape with FLUKA predictions using external cross-sections. But for both beam energies
and each depth, measured yields are higher than yields from the this MC simulation. This
is what one would already expect from integral isotope yields calculated in the previous
section.

The influence of the tail is a bit smaller than for the PE phantom but yet not negligible.
According to PET measurements, about 4.1% and 2.8% of all produced isotopes are
located in the tail for 126.53MeV and 178.01MeV, respectively.

PMMA All four production channels investigated in this study are combined in this
phantom material. The results from the two pure phantoms can therefore be checked for
consistency. For both beam energies, the 11C profile of the PMMA phantom shows similar
behavior as the PE profile. Yields calculated with FLUKA using experimental cross-
sections and the measured profile agree in shape, but the predicted yields are significantly
higher, while a relatively large fraction of 11C is located in the tail, according to PET
measurements. The small valley in the profile of the 126.53MeV activation at about 40mm
again coincides with a large peak in the 13N-profile and is therefore only a fit artifact.

For this phantom material, no conclusions can be drawn on the 13N-production. Bad
fit results due the relatively small fraction of produced 13N lead only to a random occur-
rence of this positron emitter throughout the whole proton penetration depth. Even the
characteristic peak at low proton energy could not be detected.

As already described in section 4.2.1, the calculated 15O yield from FLUKA using
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Figure 4.8: Logarithmic plot of the measured activity concentration of the gelatine phantom in the first
time frame, summed over the perpendicular axis exiting from the page. The phantom boundaries are
marked by the solid black lines. The PET scanner attributes a significant amount of activity to areas
where activity is physically impossible.

experimental cross-sections are larger than the actually measured yields. Only the shape
is similar, although the measurements might suggest a slightly smaller slope.

Similar to the gelatine phantom, the fraction of the produced isotopes in the tail is
smaller than in the PE phantom. For the lower and higher energy, 4.1% and 3.0% of all
radionuclides are located after the proton penetration depth, respectively.

4.2.2.2 FLUKA internal hadronic models

The well-known weakness of internal hadronic models of FLUKA 2011 can be seen in the
presented data sets. The total amount of produced isotope yields differs by up to 37% from
the measured values. Also, the general shape of the depth-activity distribution, which can
be seen in figures 4.5 - 4.7, is quite different from the experimental observations. These
findings therefore agree with Seravalli et al. [2012] and Baumgartl [2014], who recommend
to use experimental cross-sections instead of the internal models of MC codes, as already
proposed by Parodi et al. [2002] for a former FLUKA version. However, the new FLUKA
version which is announced to be released within the next few months should account for
these discrepancies and lead to better results [Ferrari, 2014].

4.2.2.3 Experimental isotope yield beyond the proton penetration depth

One issue that has already been mentioned is the non-zero β+-production yield found in
the measured data at depths where one would actually not expect many nuclear reactions,
since they are far beyond the penetration depth of the proton beam. A small fraction of
this measured β+-activity can be explained by nuclear reactions, induced by secondary
neutrons. But it is unlikely that this contribution adds up such a large amount of activity
(cf section 4.4.1). These tails, which can be seen in figures 4.5 - 4.7, carry up to 5.2% of
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the total induced production yield. This is much more pronounced than the activity tails
that can be seen in the depth-activity profiles in Bauer et al. [2013].

In figure 4.8, the measured activity concentration of the irradiated gelatine phantom
is shown for the first time frame, summed over one axis. Activity concentration values are
displayed using a logarithmic scale which helps to see even low activities. It can be seen,
that the PET scanner attributes activity to voxels far beyond the penetration depth of the
proton beam. But even in lateral positions outside the phantom, where there is only air,
activity is displayed. Because of this, it can be excluded that the activity is only due to
secondaries. It is rather likely an artifact introduced by the scatter correction of the PET
scanner. However, replacing the scatter correction method single scatter simulation, which
is according to the vendor the method of choice, by any of the other scatter correction
methods results in even worse spatial distributions with more pronounced tails. It is
therefore an additional source of uncertainty for the depth dependent isotope yields, which
makes reliable quantification and therefore a fine-tuning of the experimental cross-sections
difficult as it will be discussed in section 4.4.1.

4.2.3 Lateral activity profile

So far, only the depth activity profiles have been regarded. Nevertheless, also the lateral
proton-induced activity distribution is of interest for PET monitoring. Information on
the lateral spread of an irradiated field could be deduced from the measured transversal
activity profile. This is especially useful for treatments where the proton beam paths are
passing tangentially to organs at risk [Parodi, 2004].

Lateral widths of the β+-activity profiles along the penetration depth are shown in
figure 4.9 for three representative cases. For this analysis, two-dimensional Gaussians were
fitted to individual depth-slices of activity distributions measured in the first time frame
of PET acquisition, in order to determine both widths FWHMx and FWHMy. The same
was done for data sets derived from FLUKA simulations via eq. (4.7), corresponding to
the activity of the same time frame.

Although no severe discrepancies between widths determined from MC simulations and
from PET measurements could be seen, no clear conclusion on the overall agreement could
be drawn. Basically, three different types of results were obtained (cf figure 4.9), none of
them occurring more often than the other types. Also, no dependence on the phantom
material, the beam energy or the direction in the PET scanner could be found.

Figure 4.9 (a) shows one example where excellent agreement between the expected and
measured lateral dimensions of the activity distribution could be observed. In figure 4.9 (b),
small differences in the width of the lateral activity profile can be seen. However, mea-
surement and simulation show similar broadening with penetration depth. Figure 4.9 (c)
shows a completely different profile. The FWHM of the measured activity profile is convex
with the broadest width somewhere in the plateau, whereas it slightly decreases towards
the location of the Bragg peak. This kind of profile resembles a lot the depth-profile that
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Figure 4.9: Exemplary plots of the FWHM of the lateral β+-activity profiles along the penetration depth.
The solid lines are the widths calculated by FLUKA, the squares refer to the fits on the measured activity.
To guide the eye, the dotted black line is the depth-dose profile in arbitrary units.
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can be seen in figure 3.5 (c). For that plot, a double Gaussian was fitted to the lateral dose
profile of a single pencil beam at various depths. The broad Gaussian there is assumed
to correspond mainly to secondary particles produced inside the phantom in inelastic col-
lisions. This convex shape therefore indicates, that the single Gaussian approximation,
which was used here, is not the best method to describe the lateral activity profile. A bet-
ter description could probably be achieved by fitting a two-dimensional double Gaussian
distribution to the lateral profiles. However, deeper analyses would be beyond the purpose
of this work.

Finally, it has to be stressed that the agreement between simulation and measurement
in the upper plot of figure 4.9 strongly depends on the choice of the FWHM for the
Gaussian filter that was used to model the finite imaging resolution of the PET scanner
(cf section 4.1.4.2). This was assumed to be constant all across the FOV of the PET
scanner, which is only an approximation. More reliable results could be achieved by a
space-dependent FWHM for the Gaussian filter, since the imaging resolution of the PET
scanner is better in the center of the FOV than in the outer regions.

4.3 Additional investigation of the PET scanner performance

Within the time dependent analysis for the quantification of the isotope yields (cf sec-
tion 4.2.1), it could be observed that the fitted activity for a late time frame is lower than
the measured activity, while the opposite is found for the first time frames with high activ-
ity (cf figure 4.4). It therefore appeared that there is no stringent linearity of the measured
activity with the true activity, but rather that the PET scanner underestimates the activ-
ity at high activity concentrations. This assumption deserves to be investigated in more
detail to assess whether the scanner performance could have a non-negligible influence on
the reconstructed activities and the resulting production yield estimates.

4.3.1 Test experiments with FDG

In order to get a first insight on the PET scanner performance depending on the activity
level, a simple experimental setup that allows comparing the activity measured by the
PET scanner to the real activity, measured with an independent method, is desired. Of
course, calibration measurements concerning the absolute activity of the PET scanner
are performed on a regular basis, but the active volume used for these measurements is
significantly larger than the active volume in our activity measurements. It is therefore best
to design an experimental setup that has a similar activity concentration and distribution
as for the activation experiments

Thus, a small bottle was filled with 100ml NaCl solution and fluorodeoxyglucose (18F-
FDG, or FDG), which has a half-life of T1/2(FDG) = 109.77min. Before injecting the
FDG into the bottle, the activity of the syringe containing the FDG was measured with
an activimeter, calibrated for this kind of syringes. In order to account for the residual
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Figure 4.10: Setup of the FDG test measurement to evaluate the scanner performance depending on the
activity level. A small bottle filled with a known activity is placed in the water-filled PMMA container.
The PET scanner acquires the activity during 6 h measurement time.

activity which is left in the injection after adding the FDG into the bottle, its activity was
determined in the activimeter as well. The small bottle was then sticked to the bottom
of the PMMA container that was also used for the gelatine activation experiments. The
container was then filled with approximately 2.5 l of water in order to exclude differences
due to the different attenuation and scatter corrections. In figure 4.10 the setup of this
experiment is shown.

The true activity Atrue(t) can be determined accurately for any time by considering
the time delay between the two activimeter measurements Δt and the delay between the
second activimeter measurement and the time of the PET acquisition t:

Atrue(t) =

(
Aall · exp

(
− ln 2

T1/2(FDG)
Δt

)
−Aresidual

)
exp

(
− ln 2

T1/2
t

)
. (4.8)

Aall and Aresidual are the activities of the full and the empty syringe, respectively, measured
with the activimeter.

For the PET acquisition and reconstructions, the same parameters as described in
section 4.1.2 were used, except the acquisition time was set to 6 h, which allows comparison
of the activity over more than 3 half-lives of 18F. The comparison between expected activity
and activity measured with the PET scanner was done at three different delay times. To
this aim, three 1min long time frames were reconstructed (cf table 4.5). The total measured
activity for each of these time frames was obtained by integrating the reconstructed activity
distribution over the complete scanned volume, in contrast to the data analysis of the PET
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Table 4.5: True activity and integrated activity measured by the PET scanner for the FDG-sample at
3 different time points. The true activity was measured with a calibrated activimeter at tdel = 0. The
difference between true and measured activity is shown in the last column.

tdel [ min ] Atrue(tdel) [ MBq ] APET(tdel) [ MBq ] ΔA

13.5 18.50 15.23 17.7%
234.5 4.58 4.09 10.7%
372.5 1.92 1.78 7.3%

activation experiments, where only the phantom volume with a small margin around was
used for the evaluation (cf section 4.1.4.1).

In table 4.5 the activities and their relative differences are summarized. Although only
meant to give a first impression on the scanner performance, important results could be
obtained. The results indicate, that the scanner significantly underestimates the activity
for small volumes at high activity concentration. The difference decreases with decreasing
activity. The high activity discrepancy in the first evaluated time frame is, however, not of
concern for the activation measurements, because the activity concentrations determined in
the phantom experiments are always lower than in the beginning of the FDG-measurement.
Nevertheless, the activities in the second and third time frame reflect typical activities that
could be achieved in the first time frames of the activation experiments, especially for the
gelatine and the PMMA phantoms where the contribution of the short-lived 15O yields
high activities within the first few minutes of data acquisition.

Concerning the accuracy of this estimation, three sources of uncertainty have to be
evaluated. First of all, the time delay between activation measurement and PET acquisition
start was determined by the time stamp function of the activimeter, which is located in
the room next to the PET/CT scanner. Therefore, the uncertainty in the delay time is
assumed to be 0.5min. Moreover, the intrinsic uncertainty of the activimeter measurement
of the full and the empty syringe, as well as the error that can occur due to the injection
of FDG to the small bottle have to be taken into account. But even for a conservative
estimate of 5% for the uncertainty of the initial true activity and taking into account the
uncertainty of the time delay, Atrue would still be 5.8% and 2.3% larger than APET for the
second and the third time frame, respectively. A further source of uncertainty is due to
the attenuation and scattering correction for the bottle. This systematic error is constant
for all three evaluation time frames and might be large enough to explain the remaining
disagreement, at least in the last evaluated time frame.

Unfortunately, these results cannot directly be transferred to the activation experi-
ments. The activity distributions of both experiments are similar, yet there are still some
important differences. While the active volume of both experiments is comparable, the
length of the bottle is smaller and the diameter is larger than the typical distal and lateral
profile of the irradiation-induced activity. Also, the activity distribution inside the bottle
is homogeneous, in contrast to the distribution of the induced β+-activity.
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Therefore, in two further experimental sessions, we irradiated the PE and the gelatine
phantoms with different numbers of protons. In the following two sections, the results of
the experiments are presented.

4.3.2 PE

Due to the half-life of about 20min, the activity contribution within the complete PET
acquisition by 11C does not change as much as the contribution by 15O. In fact, after
36min, which was the duration of the PET acquisition for this phantom material, the
activity is still about 30% of its initial activity. This makes the PE phantom, where 11C
is the only detectable radionuclide produced by proton irradiation, a good candidate for
an evaluation of the influence of the dose level on the fitted isotope yield.

In a further experimental session, the PE phantoms were irradiated with a 158.53MeV
proton beam with twice and three times the proton number as compared to the initial
activation experiment (cf table 4.2). For the sake of clarity, the phantom irradiation with
the lowest amount of protons will be hereafter called PEx1, the irradiation with twice as
much protons PEx2 and the irradiation with the highest amount of protons PEx3.

Moreover, several new fit results were obtained for all 3 measurements by varying the
time frames selected for the fitting routine. In this way, irradiation with lower doses could
be simulated from existing data sets. Of course, the time delay between irradiation and the
first frame included for the fit cannot be increased arbitrarily. At an additional time delay
of about 22min, the statistics starts getting noticeably worse, resulting in increased fit
uncertainties. Also, this method can not be applied to the data sets of the other phantoms
because of the different half-lives of the different β+-emitters involved there. The time
frames for the reconstructions were 36 × 1min for PEx1 and 24 × 1.5min for PEx2 and
PEx3.

Before evaluating the results, the data sets from the three independent experiments
had to be checked to be consistent. Therefore the first 21min of the PEx2 data set were
skipped. The remaining 15min of this data can now be seen as a data set of a fictive
experiment, irradiated with about the same amount of particles as the PEx1 data set.
This has been also done similarly, but skipping only 12min, for the PEx3 data set to
be comparable to the PEx2 data set. It turns out, that PEx1 and PEx2 agree within
2.7% and PEx2 and PEx3 agree within 0.8%. Part of the difference between PEx1 and
PEx2 can be attributed to the different selection of time frames (cf section 4.2). Thus, the
reproducibility of the activation experiments could be shown.

The fitted 11C-production yields for the different irradiation parameters and different
delay times indicate, that there is a non-negligible dependence on the true activity. Since
the scanner tends to underestimate the activity at high activity concentrations (cf sec-
tion 4.3.1), the estimated yields become smaller when more particles are delivered to the
phantom. This can be seen in the depth-dependent profile of the isotope yield in figure 4.11.

In table 4.6, calculated yields for some frame selections are tabulated. When the
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Table 4.6: Influence of the true activity level on the scanner performance. The 3 data sets correspond to
3 activation experiments under the same conditions but different numbers of delivered protons. The second
column is the fitted total isotope production yield, including the whole acquisition time. The third and
the forth column are the fitted yields including only the first half and the second half of the measured data
set in the fitting procedure, respectively. In the last column, the differences between the the fitted yields
including the first and the last half of the data set is given. In the last row, the relative differences between
the fitted yields of PEx1 and PEx3 are shown. In order to eliminate the influence of the different durations
of the irradiations, the isotope yields given in this table are yields assuming instantaneous production.

Data Total production yield per 106 protons Difference
set all frames 1st half 2nd half 1st/2nd half

PEx1 37479 37264 37924 1.8%
PEx2 35860 35591 36424 2.3%
PEx3 35233 34965 35799 2.4%

Difference PEx1/PEx2 6.0% 6.2% 5.6%

measured data from the complete PET acquisition time (36min) is included in the fit, the
production yield of the PEx1 experiment is 6.0% larger than for the PEx3 experiment.
This is significantly larger than the differences in the consistency check between PEx1,
PEx2 and PEx3 as described above. But even within each experiment, the fitted yields
differ by up to 2.4%, depending whether the first 18min or the last 18min of the total
acquisition are included in the analysis. Thus, the data analysis of the first 18min of PEx3,
corresponding to a total delivery of 3.15× 1011 protons, results in a 11C production yield
that is 7.8% smaller than the yield obtained from the analysis of the last 18min of PEx1,
which corresponds to a delivery of 5.69× 1010 protons. The differences can also be seen in
the semi-logarithmic plot in figure 4.12.

These results carry an important message for the desired validation of cross-sections
against measurement for the implementation of PET monitoring. Generally, one is tempted
to keep the number of delivered protons as high as possible in order to get good statistics
and hence nice fit results. However, since the activated volume is rather small as compared
to the volumes usually investigated by means of PET, and the activity concentration is
generally high in the irradiated volume, dead time losses of the detectors can result in an
underestimation of the absolute isotope production yields, depending on the effectiveness
of the scanner dead time correction. In our specific activation experiments, differences
of 7.8% and possibly even more can be attributed to an improper choice of irradiation
parameters. It is therefore necessary to find an adequate a trade-off between increased fit
uncertainties due to low statistics and an increased error due to the scanner dead time
losses.

4.3.3 Gelatine

The trade-off mentioned in section 4.3.2 could be of special relevance for the choice of the
irradiation parameters for the gelatine activation. Due to the high fraction of produced 15O
in this phantom, measured activity varies within one order of magnitude within one PET
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Figure 4.11: Depth-dependent isotope yield for different numbers of delivered protons in PE. The dark
gray, light gray and the dashed black lines correspond to the irradiations PEx1, PEx2 and PEx3, re-
spectively. For the solid black line, only the second half of the time frames of PEx1 was included in the
fitting procedure. The proton numbers in the legend are the delivered protons, calculated as described in
section 3.3, except for the solid black line. In this case, the proton number of PEx1 was lowered taking the
additional decay of 18min into account. Again, the influence of the different durations of the irradiations
was eliminated by assuming instantaneous production.

acquisition. Especially the fitted production yield of 15O is expected to be underestimated
because the first few time frames with high activity, which are decisive for the results, are
affected most by dead time effects.

However, as reported in section 4.2, the fit uncertainties for the gelatine phantom
are already intrinsically large due to counting statistics. Hence, lowering the number of
delivered protons by a too high grade would eventually make the fit results useless. From
the previous analysis for PE and the measured activities in the first time frames of the
former gelatine measurement, the best would be to reduce the delivered dose to about 1/7-
th. However, assuming that the uncertainty scales with

√
N/N , this would increase the fit

uncertainties to over 10% for the 11C production yield. As a reasonable compromise, the
number of delivered protons was therefore lowered to about 30% of the initial value.

According to the findings in section 4.3.2, one would expect the largest differences
for the 15O production. This could be indeed confirmed by measurements. Using only
30% of the protons initially delivered in the activation experiments results in about 3.2%
and 0.8% higher 15O production yields for the 126.53MeV and 178.01MeV irradiation,
respectively. On the other hand, the difference in the fitted production yields of 11C and
13N are within the intrinsic fit uncertainties. The 11C production yield might be lower, but
actually no clear trend could be observed for these two isotopes. All fitted isotope yields
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Figure 4.12: Semilogarithmic plot of the activity versus time delay from the end of irradiation. Squares,
circles and diamonds correspond to the total measured activities in each time frame for the PEx1, PEx2
and PEx3 irradiation, respectively. The lines are the fitted activities for these three experiments. Only
filled symbols were included in the data set for the fit. The empty symbols are data points not included
in the fit. Thus, for the dark and the bright line, only the last and the first 18min of the data acquisition
were included in the fit, respectively.

and the difference between the yields of both irradiations can be found in table 4.7.
Concerning the low-activity tail described in section 4.2.2, only a minor increase of its

fractional contribution to the total activity could be detected as compared to the irradiation
with the higher number of protons. At 126.53MeV, the fraction of fitted activity in this tail
is raised from 3.9% to 4.8% of the total activity, whereas for the 178.01MeV irradiation,
the ratio stays almost constant (minor raise from 2.5% to 2.7%).

In conclusion, dead time effects of the scanner have a small, but non-negligible influence
on the fitted production yields of 15O. Up to 3.2% higher yields could be detected by a
reduction of the delivered proton number. Hence, it is desirable to keep the number of
delivered protons low enough to make dead time losses of the scanner negligible. This, of
course, significantly deteriorates the statistics and increases the fit uncertainty for the 11C
and 13N production yields. It might therefore be useful to determine the cross-sections
of the 16O(p,3p3n)11C and the 16O(p,2p2n)13N reactions separately by irradiating the
phantom with a higher number of protons and prolong the time delay between irradiation
and measurement to rule out the 15O contribution.

However, when offline PET monitoring is used in clinical practice, the time delay be-
tween irradiation and PET acquisition start would be increased as compared to the phan-
tom activation experiments. For the transport and especially repositioning of the patients,
10min delay, as assumed in the late-offline PET concept in Hildebrandt [2012], seems much
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Table 4.7: Fitted isotope production yields and their relative fit uncertainties for the gelatine phantoms at
both energies. High activity and low activity refer to the irradiations using 100% and ≈ 30% of the initial
amount of protons (cf section 4.2.2), respectively. The difference between the yields of both experiments
is shown in the last column. The influence of the different durations of the irradiations was eliminated by
assuming instantaneous production.

Energy [ MeV ] Isotope high activity low activity Difference high/low

126.53 11C 7739± 5.52% 7538± 8.36% −2.6%
13N 2434± 18.74% 2493± 25.98% 6.6%
15O 22060± 1.45% 22756± 1.91% 3.2%

178.01 11C 11649± 5.24% 11675± 8.42% 0.2%
13N 4393± 14.57% 4057± 26.47% −7.7%
15O 35670± 1.12% 35957± 2.12% 0.8%

more realistic than ≈ 3min needed for the phantom experiments. It is therefore likely, that
the influence of an underestimation of the 16O(p,pn)15O reaction cross-section would not
have any noticeable impact on the plan verification in offline PET monitoring. Yet, for
in-room PET monitoring where the delay is much shorter, the influence of the scanner
dead time should be taken into account when validating experimental cross-sections.

Moreover it has to be stressed, that in clinical applications the activity concentration
will be much lower. The delivered dose in one treatment fraction is typically about one
order of magnitude smaller and the irradiated volume is larger than in the presented
PET activation experiments. Furthermore, biological washout will additionally lower the
activity concentration.

4.4 Discussion of uncertainties

Before going to the conclusions, a brief analysis of the major uncertainties that belong
to the quantification of the fitted isotope yields is necessary. These several sources of
uncertainties can be classified in three groups: uncertainties due to the PET scanner, the
data analysis and further uncertainties.

4.4.1 Scanner performance

The largest uncertainties in the quantification of positron emitter yields are due to the
PET scanner itself. Apart from the relatively low spatial resolution which is an intrinsic
problem of PET imaging and is therefore not further discussed, the following sources of
uncertainties contribute to the total uncertainty:

Alignment of the phantom in the scanner. Both in axial as well as in trans-axial
direction, the spatial resolution of a PET scanner decreases with increasing distance to
the center of the FOV. One can therefore not exclude, that the alignment of the activated
phantom in the PET scanner has an influence on the measurement. Unfortunately, it
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was not possible throughout this work to test the influence of the phantom orientation
inside the FOV (axial / trans-axial). We therefore rely on the findings of Bauer et al.
[2013], where no orientation dependence could be observed at their PET scanner (Siemens
Biograph mCT).

Partial volume effect. Due to the limited spatial resolution of PET scanners, small
hot spots relative to cold background show partial loss of intensity, while their activity
is smeared out over a larger area [Saha, G.B., 2010]. This effect is commonly referred to
as partial volume effect. This effect is only relevant for the gelatine phantom, where the
beam passes through 1 cm PMMA before it enters the gelatine. In late time frames, the
activity of the gelatine is already much lower than the activity in the PMMA. The scanner
therefore underestimates the activity of the PMMA which leads to a lower predicted 11C
production yield in the PMMA entrance window (cf section 4.2.2).

Scatter correction. It has already been mentioned in section 4.2.2 that there are some
artifacts introduced in the PET image due to suboptimal performances of the scatter
correction method applied to the data. Up to 5.2% of the fitted β+-emitter yield is
beyond the actual penetration depth of the protons and a glowing in the image can be
observed at locations outside the phantom. A small fraction of the spatially uncorrelated
activity background can be explained by nuclear reactions induced by secondary neutrons.
According to FLUKA simulations using the internal hadronic model, up to 0.5% of the
total induced activity can be found in a tail beyond the penetration depth of the protons
and can thus be ascribed to secondary neutrons. However, neutron-induced β+-activity
cannot explain activity outside the phantom. But since these events were actually measured
and only attributed to wrong voxels, one cannot simply subtract them from the image as
it would lead to an underestimation of the production yields. This 5.2% is therefore a
spatially uncorrelated amount of positron emitter yields which has to be considered as
uncertainty for the depth dependent isotope yield.

CT attenuation correction. The CT attenuation correction for the annihilation phan-
toms is of course optimized for human tissue. But this bilinear calibration curve for the
conversion of CT number to attenuation coefficients for 511 keV photons assigns higher
attenuation coefficients to PE and PMMA, as compared to literature data from XCOM
photon cross-section database [Berger et al., 2010]. The attenuation correction method
therefore assumes, that annihilation photons in PE and PMMA are 4.1% and 6.8% more
attenuated, respectively. This then yields to a slight overestimation of the activity in PE
and PMMA. For gelatine, the attenuation coefficient of the PET scanner’s calibration curve
is in good agreement with data from XCOM database.

Dead time losses. This effect has been studied in detail in section 4.3 since it is probably
the major source of uncertainty of these activation studies. Up to 3.2% and 7.8% difference
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could be observed for the gelatine and the PE phantom, respectively. It is therefore
necessary to make a trade-off between high activity in order to get good fit results and low
activity in order to keep the effect of detector dead time losses small.

4.4.2 Fit uncertainties

There are basically two sources of uncertainties arising due to the data analysis. Since
22Na was selected for decay correction, the activities stored in the pixel values of the PET
DICOM files are the average activities of the time frame and are set to the midpoint of
the frame duration. But because of the exponential decay of the radionuclides, the time of
the average activity of a time frame, tav, is always sooner than the midpoint of the frame
duration tframe:

tav =
1

λ
ln

(
λtframe

1− e−λtframe

)
. (4.9)

One could account for this when there is only one radionuclide present, but if there is more
than just one isotope, the ratio of the initial activities of each isotope has to be known in
order to solve the equation. From eq. (4.9) one can estimate the uncertainty due to the
usage of the midpoint of each time frame for the fit. The error introduced is negligible
for the PE phantom, but it becomes larger for the gelatine and the PMMA phantoms,
especially during the first minutes of PET acquisition where 15O is the dominant β+-
emitter. For a frame duration of 1min, the time of the average activity in a time frame is
almost 1 s before the midpoint.

The other fit-related source of uncertainty is due to the selection of time frames, which
had already been discussed in section 4.2.1.1. Disregarding variable time frame lengths
because of their negative influence on the convergence of the fit [Bauer et al., 2013], the
largest difference in fitted yields due to the selection of time frame length is 1.1% in this
work.

4.4.3 Further uncertainties

There is still a large amount of further sources of uncertainties, although most of them are
rather small as compared to the major uncertainties mentioned before.

MU calibration. The exact number of protons delivered to the phantom is not known
but has to be calculated from the prescribed Monitor Units. In section 3.3, the conversion
formalism was presented and its uncertainty was estimated to be 1.5%.

Cutting out phantom. Only the part of the PET image where the phantom was located
and a small margin around was taken for data evaluation. However, due to the suboptimal
scattering correction, typically around 5% of the total activity that was measured by the
PET scanner was attributed to voxels outside the phantom and the small margin. This
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results in a spatially uncorrelated activity background that extends over the complete PET
acquisition volume.

Gelatine composition. Instead of water, gelatine was used for the analysis of the three
proton induced reaction channels with 16O as mother isotope. Introducing this agar-
agar powder into the water opens the additional isotope production channel 12C(p,pn)11C.
Sommerer et al. [2009] judged the impact to be negligible for in-beam PET measurements.
However, for offline measurements, where the fraction of activity due to the short-lived 15O
is much smaller, the impact might be larger. Therefore, in the material definition of the
simulation input, the chemical composition of gelatine is set to H66.2O33.1C0.7 as described
in Sommerer et al. [2009] and recalculated for the mixture used in the experiments. Ac-
cording to FLUKA simulations, about 8.9% of the total 11C yield in gelatine is produced
in 12C(p,pn)11C-reactions. Increasing the carbon content in the material definition by
10% changes the 11C production yield by less than 1%. The uncertainties in the chemical
composition of gelatine can thus be judged to be negligible as compared to other sources
of uncertainty.

Variation in beam delivery. In the data analysis, constant beam delivery is assumed
during activation. In reality, however, fluctuations in the beam intensity are unavoid-
able. But since the duration of the irradiation is much shorter than the half-lives of any
considered isotope, uncertainties due to these fluctuation can be neglected.

Time measurement. Also the measurement of beam-on time and delay between irra-
diation and measurement is a potential source of uncertainty. The method used in the
experiments, involving the video function of a camera and an offline video analysis for
extracting the times enables sub-second precision. An error in time measurement in the
order of several tenths of seconds is definitely negligible as compared to the uncertainties
of the other two groups.

For comparison, Bauer et al. [2013] evaluated the impact of a variation of ±5 s in the
time delay, which is much higher than the variations to be expected in the present work,
and finds a difference of 1.4% in isotope yield.
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In this work, two crucial steps towards an implementation of offline PET monitoring at the
Rinecker Proton Therapy Center were done. A Monte Carlo model of the clinical proton
beamline as described in Englbrecht [2014] was further developed regarding the correct
modeling of the proton beam spot scanning and the absolute dose output. The influence
of the field size on the dose output was investigated for measurements, MC simulations
and the predictions of a conventional, analytical dose calculation algorithm. Furthermore,
activation experiments for the validation of experimental cross-sections for the dominant
positron emitter production reactions were performed. The proton-induced β+-activity
of three different phantom materials with similar chemical composition as human tissue
was measured with a conventional full-ring PET/CT scanner, which is located close to the
treatment rooms. In this context also the performance of the PET scanner at high activity
concentrations was evaluated.

The first ingredient for PET monitoring could be successfully achieved. The MC model
of the clinical beamline works fine and results fulfill clinical requirements concerning the
agreement in range, spot size [Englbrecht, 2014] and absolute dose. The accuracy of the
absolute dose calibration can be specified to be within 1.5%, which is comparable to the
accuracy of about 1.0% with respect to standard geometry and dosimetric instrumentation
in the clinic. It is moreover possible to simulate arbitrary treatment plans due to the
implementation of gantry and table motions as described in Kopp [2014]. Valuable insights
could be found concerning the influence of the low-dose envelope of scanned proton beams.
Especially for small fields, significant discrepancies between the dose calculated with the
planning software and the delivered dose are possible. In contrast, dose calculated with
FLUKA was in good agreement with measurements. In critical cases involving small fields
it is therefore favorable to verify the predicted dose by measurements or MC simulations.
However, the findings of this work also showed that these differences generally tend into
directions that have no negative influence on the treatment. The real dose in healthy tissue
is thus lower than the predicted one whereas no significant differences could be detected
in the SOBP i.e., the tumor region.

The validation of experimental cross-sections could not be completed successfully. Al-
though the integral proton-induced production yields measured at the RPTC are similar
to findings at HIT, with mean differences of 8.5% for gelatine and 6.8% for PMMA, no
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clear results concerning the depth dependent yields could be found due to encountered
technical limitations of the PET/CT scanner used in this study. In fact, up to 5.2% of
the total measured activity was located beyond the penetration depth of the proton beam.
Even at positions outside the phantom, activity was measured by the PET scanner. This
is most likely due to problems of the intrinsic scatter correction methods. For this reason,
fine-tuning of the production cross-sections would be meaningless.

Anyway, an important finding could be obtained within this analysis. Care has to be
taken when performing the cross-section validation due to dead time losses of the PET
scanner. For activation experiments one is tempted to deliver a large number of protons
to the phantom in order to get good count-rates, leading to good fit results. It could
however be shown, that despite a relatively low integral induced activity, this results in
activity concentrations in the beam path which are higher than typical concentrations in
diagnostic cases. In that activity range, the dead time correction applied by the scanner
during reconstruction apparently does not work properly anymore. High activities are
therefore underestimated, which would lead to underestimations in the production yields
and consequently in the cross-sections. Up to 7.8% differences in the production yield
could be observed within this work. Since this effect is not constant over the acquisition
time and the volume, it cannot be corrected for by any global scaling. A careful trade-off
between high count-rate and dead time losses has therefore to be made when validating
cross-sections for PET monitoring. However, newer PET scanners based on LSO or LYSO
crystals could possibly show a less pronounced dependency on the strength of the activity
concentrations due to the shorter dead time of these scintillators.

In conclusion, the PET/CT scanner which was used in this work does not serve as an
optimal basis for offline PET monitoring. The issue of measured activity at locations where
induced activity is physically impossible must be solved before using this method in clinical
routine. But if one is only interested in the proton range and the shape of the activity
profile, while no quantitative information on the activity is needed, promising results can
be obtained in prospective studies. Instead of homogeneous phantoms as used in this work,
proton range and lateral profiles in heterogeneous or even anthropomorphic phantoms can
be studied in future investigations. The problem of dead time would probably not occur
at lower activity levels, comparable to the resulting activity levels in patient treatment.

For quantitative studies or for implementing offline PET monitoring in clinical routine,
enhanced technical specifications of a newer PET/CT scanner would be advantageous.
Phantom studies with the same homogeneous phantoms are then again necessary, but
considerably less time will be needed for this because of the know-how gained within
this present work. Like this, also different phantom materials for other β+-production
reactions have to be studied. After the successful validation and fine-tuning of all relevant
production cross-sections, another issue that has not been mentioned yet has to be solved -
the biologic washout when irradiating living tissue [Parodi et al., 2007, Bauer et al., 2013,
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Ammar et al., 2014]. But with all this solved, it may be possible to further improve proton
therapy and possibly decrease the size of the safety margins for the full exploitation of the
clinical benefits of proton therapy.
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