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stand. Von ihm konnte ich viel in Bezug auf wissenschaftliches Arbeiten lernen, aber
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Abstract

Background

Selective Internal Radiotherapy (SIRT) has become a popular treatment against non-

resective liver tumours. 90Y microspheres are used to deposit high energetic β− radiation

in the tumour cells, simultaneously cutting them off their blood supply. While studies

have shown an improvement in life expectancy with these patients, the efficiency related

to the radioactive impact on healthy human tissue is still not resolved. In the past,

Bremsstrahlung was used to examine the dose distribution in the liver, however it suffers

from a bad image resolution.

Besides β− decay, 90Y has also got a small branch to the 0+ first excited state of stable 90Zr,

which is followed by internal electron positron pair production. Per MBq of 90Y decay,

approximately 32 positrons are emitted [1, 2]. Therefore, positron emission tomography

(PET) imaging offers the potential for improved image quality, allowing a more detailed

examination of SIRT efficiency.

The aim of this diploma thesis is to design a computer based simulation model for 90Y

PET imaging for a PET system currently present at the MedUni Vienna. Additionally,

the impact of the settings for image reconstruction on the reconstructed image using

filtered back projection (FBP) and iterative reconstruction was examined.

Material and Methods

As a guideline for the PET set up, technical data from the Siemens TruePoint PET/CT

were used. The phantom simulated was, to a high extent, based on the NEMA IEC body

phantom which consists of 6 spherical sources of volumes 0.52, 1.15, 2.57, 5.58, 11.49 and

26.50 ml surrounded by a body shaped water phantom. This was approximated by a

cylindrical shaped phantom.

Geant 4 Application for Tomographic Emission (GATE) was used for the PET simulation,

including technical data of the PET device, information on the source and phantom, as

well as on the relevant physical interactions. The computationally intensive simulations

were executed in a computer grid present at the MedUni Vienna, combining the processor

powers of several computers.

For the subsequent image reconstruction the gained simulation raw data had to be modi-
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fied with a C++ source code, generously provided by a collaborating research group from

Jülich. The FBP as well as the iterative reconstruction method was handled with STIR

(Software for Tomographic Image Reconstruction). For visualisation and further image

processing ImageJ was used.

Results

The gained data from the 18F and 90Y simulation proofed the functionality of the PET

simulation set up, respective to the energy distribution of the coincidence photons and

the source location.

In this work no attenuation correction was applied in image reconstruction. The positron

energy distribution of the 90Y decay was approximated by a mean positron energy value

of 369 keV.
18F image reconstruction with a specific activity of 20 kBq/ml and a measurement time

of 30 minutes showed acceptable image results for FBP and good results for the iterative

reconstruction method (4 iterations, 12 subsets) leading to an excellent local resolution

of the single sources.
90Y image reconstruction exhibited an expected degradation in image quality compared

to 18F due to a decrease in sensitivity by a factor of 10−5 [3]. FBP showed bad results

for 4 MBq/ml and acceptable results for 40 MBq/ml. With iterative reconstruction and

a specific activity of 40 MBq/ml all the sources could be identified, leading to a good

image quality. Iterative reconstruction with a realistic specific activity of 4 MBq/ml and

a background activity of 0.5 MBq/ml led to a worse image quality. Still, 5 out of 6

sources could be identified. Real 90Y PET phantom measurements showed similar results

concerning image quality.

Conclusion and Outlook

The process of PET imaging and subsequent image reconstruction on the basis of a com-

puter simulation was set up, successfully completing both the 18F and 90Y PET simulation.

The results clearly showed the difference in image quality between these two nuclides, and

the potential of PET imaging for the determination of the 90Y biodistribution in SIRT.

Considering attenuation and scatter correction will improve image quality and must be in-

cluded in a further work. Measured CT and PET data could serve as basis for a simulation

in GATE, allowing the determination of the dose distribution in the liver.
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1 Introduction and Motivation

The field of nuclear medicine reveals a synergy between the sciences of physics and medi-

cine. Medical imaging and therapy profits from the consideration of physical mechanisms.

The combination of applied physics and medicine is the main topic in this diploma thesis.

Selective internal radiotherapy (SIRT) is a practical example for the benefit of phys-

ical know-how in medicine. This therapy form, that has been applied recently for non-

resectable liver tumours, uses the high energetic radioactive β− decay (2.28 MeV) of 90Y

microspheres to treat hepatocellular cancer.

Even though SIRT is applied successfully, the efficiency of this method is still under ex-

amination since the quantitative uptake and impact of the 90Y microspheres on healthy

human body cells is not completely resolved yet.

Bremsstrahlung detectable with SPECT (Single Photon Emission Computed Tomography)

is commonly used to image the 90Y uptake by the liver but suffers from a bad resolution.

A promising alternative to Bremsstrahlung, concerning image resolution, is PET imaging.
90Y, mainly a β− emitter, also has a small branch to the first excited state (0+) of 90Zr.

The electromagnetic transition from this excited state to the ground state (0+) is forbid-

den for quantum mechanical reasons since it is a spin-zero to spin-zero transition. As

an alternative process internal pair production may occur. The probability of electron

positron pair production in 90Y β− decay is 3.2 · 10−5 [1,2]. The generated positrons can

form a PET signal after an electron positron annihilation.

Several studies have shown the possible advantages of 90Y PET imaging in comparison to

Bremsstrahlung [2–7]. At the same noise level PET images show a higher contrast than

the corresponding SPECT images [2] (see figure 1.1).

The aim of this thesis is to set up a Monte Carlo model for a more detailed analysis

of the 90Y bio distribution on basis of PET imaging. Since research facilities and access-

ible devices in daily clinical routine are limited, computer simulations offer a promising

alternative for the examination of many technical issues in medicine. For this reason a
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1 Introduction and Motivation

computer model of a PET currently present at the MedUni Vienna was assembled. Fur-

thermore, different image reconstruction techniques were investigated and compared.

To give the reader an impression of the content and structure of this diploma thesis,

a short summary of the sections is given:

In chapter 2, a theoretical description of the most important topics in this thesis is presen-

ted. It gives a short introduction to nuclear medicine with a focus on SIRT. The basics

of nuclear physics are explained as well as the functionality of common nuclear imaging

techniques, especially PET, along with a brief discussion of different image reconstruction

methods.

Chapter 3 gives a comprehensive overview on the programs and methods used for the

simulation, data manipulation and image reconstruction.

In chapter 4, the individual steps starting from the simulation set up to the final image

are described. This contains detailed information about the simulation structure and the

process of reconstructing the image. The belonging source codes and further information

can be found on an external disk and in the appendix, respectively.

Results, together with a discussion on the used simulations are shown in chapter 5.

Phantom measurements performed by a research group at MedUni Vienna are presented

in chapter 6.

Chapter 7 serves as a summary of the most important results and gives an outlook on

further possible investigations based on this thesis.

Figure 1.1: Comparison of PET and SPECT image contrast and noise. The equal noise
(EQN) PET mode was reconstructed with SPECT-like noise level and shows
a higher contrast than the SPECT mode [2].
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2 Basics of Clinical Nuclear Imaging

2.1 Nuclear Medicine

Prospects of the interaction of physics and medicine reveal a multitude of technical oppor-

tunities concerning imaging and therapy forms like it is used for liver cancer treatment.

In this section, a short extract of some of the historical milestones in nuclear medicine

is given. Selective Internal Radiotherapy (SIRT) is explained in more detail since it is of

major importance in this diploma thesis. Commonly used imaging techniques in nuclear

medicine are described.

2.1.1 History

The history of nuclear medicine started with the discovery of radioactivity by Henri

Bequerel in 1896. Without knowing at this point, this turned out to be marking the

beginning of a rapidly growing field of research.

George de Hevesy was the first to use the tracer principle by injecting a radioactive iso-

tope into rats displaying their metabolic pathways in 1923.

A few years later, in 1926, Blumgart started to examine the blood flow in a human body

by injecting a tracer substance (212Bi) into the left arm of a patient and measuring the

elapsed time until the activity could be indicated in the other arm.

With the discovery of induced radioactivity by Irene and Frederic Joliot in 1934 the mod-

ern time of nuclear medicine began.

In 1938 the first investigations on thyroid diagnostics with 131I were carried out and the

first thyroid disorder treatment was performed in 1942.

The development of nuclear reactors in the early 1940’s and the production of several new

radioactive isotopes within these reactors in the 1950’s led to further inventions like the

Anger camera by Hal Anger in 1958.

Around 1970 the first mathematical algorithms used for image reconstructions were de-

3



2 Basics of Clinical Nuclear Imaging

veloped.

The effort in mathematical know-how concerning image reconstruction as well as ad-

vanced computation capacities led to the tomographic concepts of modern Single Photon

Emission Computed Tomography (SPECT) and Positron Emission Tomography (PET).

2.1.2 SIRT - Selective Internal Radiotherapy

Selective Internal Radiotherapy (SIRT) is a cancer treatment method for non-resectable

tumours like hepatocellular (HCC) cancer in the liver. SIRT has been introduced and

applied since other therapy forms using external beam radiation like chemotherapy did

not show great success in liver cancer treatment by reason of the poor tolerance of the

liver to external radiation.

In SIRT, 90Y microspheres with a diameter of approximately 35 µm are injected into the

hepatic artery which is the main blood supply for tumours present in the liver. In contrast

to this, the normal liver parenchyma is predominantely supplied by the portal vein. This

provides a selective uptake primarily into the hepatic tumours with only little penetration

into the healthy liver tissue. A visualization of SIRT is given in figure 2.1.

Figure 2.1: Visualization of SIRT. Left: The 90Y microspheres are injected into the
hepatic artery where they are transferred to the tumour cells in the liver.
Right: Microspheres get stuck in the tiny blood vessels, cutting the tumour
off the blood supply and deposit high energetic β− particles [8], [9].
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2.1 Nuclear Medicine

The functionality of 90Y microspheres is given by two main factors:

The 35 µm microspheres get stuck in the tiny blood vessels supplying the tumour.

Thereby, a large part of the tumour is cut off from the blood supply. The second factor

is based on the high energetic β− decay (2.28 MeV) of 90Y, meant to destroy the tumour

cells. This is also called radioembolisation. Since these β− particles have a range of about

10 mm, healthy liver tissue is not affected a lot. Despite this, the effective damage of

normal liver tissue is still under research.

2.1.3 Imaging Techniques

Imaging in nuclear medicine is essential since it provides an insight into the human body

and is therefore indispensable for diagnosis and further patient treatment.

On the basis of the importance of appropriate imaging methods in medicine, an over-

view of frequently used imaging techniques is given. For further information on imaging

techniques in the field of nuclear medicine the reader is referred to literature [10].

Gamma Camera This device is used, as the name reveals, to detect and locate electro-

magnetic radiation originating from γ decay. Radionuclides emitting gamma rays within

the energy range of 100 − 300 keV can be displayed efficiently with this method. This

includes the commonly used radioactive substances iodine and technetium.

In principle a gamma camera consists of a collimator, a scintillating crystal (commonly

Sodium Iodine (NaI(TI)) and photomultiplier tubes (see figure 2.2). The collimator en-

sures that only photons perpendicular or within a certain angle of acceptance to the

scintillating crystal are taken into consideration. The crystal converts the high energetic

photons into visible light, leading to a higher detection efficiency. The photons are then

passed on to the photomultiplier tubes where an electrical signal is formed and amplified.

Single Photon Emission Tomography Single Photon Emission Computed Tomography

(SPECT) uses the detection method of a gamma camera as its tomographic application.

For 3D imaging the gamma camera is rotated along a circle with different projection

planes. A rotation angle of 180 ◦ is sufficient for image reconstruction. 360 ◦ projection

data recording still has advantages in terms of resolution and attenuation correction. An

illustration of a SPECT system with corresponding projection planes can be found in

figure 2.3.
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2 Basics of Clinical Nuclear Imaging

Figure 2.2: Picture of a gamma camera present at the MedUni Vienna. The two gamma
camera blocks are rotated around the patient for 3D imaging [Figure: Cour-
tesy of A. Hirtl].

Figure 2.3: Schematic picture of a SPECT with corresponding projection planes [Figure:
Courtesy of A. Hirtl].
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2.2 Medical Radiation Physics

Positron Emission Tomography Positron Emission Tomography (PET) as a highly

sensitive nuclear imaging device detects photon pairs in coincidence originating from an

annihilation process to locate a radioactive source. Even though the principle of PET

imaging is very simple, the implementing in reality bares a lot of necessary and detailed

know-how. Due to the importance of PET in this diploma thesis, its basics are described

in more detail in section 2.3.

2.2 Medical Radiation Physics

The theoretical descriptions in this section are, to a high extent, based on the literature

Grundlagen der Strahlungsphysik und des Strahlenschutzes by Hanno Krieger [11].

Common physical processes one benefits from in the field of medical radiation physics

occur on an atomic level. An atom consists of a positively charged nucleus containing

protons and neutrons surrounded by a negatively charged electron cloud. Although the

nucleus is almost punctual compared to the atomic shell, the mass of an atom is basically

carried by the nucleus, since nucleons are about 2000 times heavier than electrons. The

electrons of an atom exist in discrete orbitals which correspond to their energetic state.

The attraction between the protons located in the nucleus and the electrons surrounding

the nucleus is based on the electromagnetic force, described by quantum electrodynamics

(QED).

The stability of the nucleus cannot be explained simply by the electromagnetic force, since

positively charged protons repel each other from an electrostatic point of view. Therefore

other forces have to be considered: The strong force, which is important for the binding

of the nucleus, and the weak force, which is responsible for the β decay. The quantum

field theory for describing the binding of the nucleons as well as the properties of their

sub-particles, the quarks, is called quantum chromodynamics (QCD).

A detailed quantum theoretical treatment of the interactions taking place in a nucleus

is very complicated and requires complex mathematical models which, in many cases,

cannot be solved analytically. Therefore numerical methods are needed.

Besides the theoretical description within quantum physics there exist other, more simple

methods to describe the stability of a nucleus. One of them is the semi-empirical Bethe-

Weizsäcker formula. Even though it cannot explain all characteristics of a nucleus, like

excited nucleus states, it provides good results for the calculation of the binding energy
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2 Basics of Clinical Nuclear Imaging

of a nucleus which is an indicator for the core stability.

The Bethe-Weizsäcker formula, also known as the liquid drop model, assumes that the

nucleons behave like particles in a liquid drop. It implies 5 terms adding up to the overall

binding energy:

1. The volume term:

ECond = aV · A ≈ 15.85 MeV · A.

In this term, ECond stands for the condensation energy of particles in a liquid with

given volume V . The volume is proportional to the number of particles A and aV

is an empirically determined proportional constant.

2. The surface term:

ESur = −aSur · A
2
3 ≈ −18.34 MeV · A

2
3 .

Nucleons on the surface of the nucleus are surrounded by less particles than the

ones inside. They are effectively less attracted by other nucleons. The reduction of

the binding energy is proportional to the surface area of the volume and the radius

is proportional to the third root of the number of nucleons A.

3. The Coulomb term:

ECoul = −aCoul · A
−1
3 · Z2 ≈ −0.67 MeV · A

−1
3 · Z2.

The electrostatic repulsion of the positively charged protons is taken into consider-

ation by this term. The Coulomb energy is inversely proportional to the radius of

a sphere and proportional to the square of the nuclear charge Z.

4. The asymmetry term:

EAsym = −aAsym ·
(N − Z)2

4A
≈ −92.86 MeV · (N − Z)2

4A
.

Empirical data show the dependence of the binding energy on the proton neutron

balance (N − Z) (in the asymmetry term, Z stands for the number of protons, not
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2.2 Medical Radiation Physics

for the nuclear charge). Asymmetrical nucleons with more neutrons than protons

are less stable than symmetrical nucleons with N = Z.

5. The pairing term:

EPair = aPair · A
−1
2 .

This term considers that an even number of protons and neutrons results in par-

ticularly stable nucleons. In the pairing term EPair, aPair varies between even-even

cores aPair = 11.46 MeV, even-odd/odd-even cores aPair = 0 and odd-odd cores

aPair = −11.46 MeV.

Figure 2.4: Illustration of the individual terms of the Bethe-Weizsäcker formula [12].

Summation of the 5 terms listed above leads to the Bethe-Weizsäcker formula, contributing

to the total binding energy of a nucleus:

ETot = ECond + ESur + ECoul + EAsym + EPair. (2.1)

2.2.1 Radioactive Decay

A nuclide undergoes radioactive decay if it spontaneously transforms into another more

stable nuclide by emitting radiation and decreasing its initial energy. By looking at Ein-

stein’s mass energy equivalence formula E = mc2 this refers to the fact that the sum of

the masses of all fractions is smaller than the mass of the mother nuclide. The rest of the

energy is preserved by the gain in binding energy.

Spontaneous radioactive decay is a statistical process. An event of decay cannot be pre-

dicted in time and cannot be influenced. The radioactive half life gives information about

the statistical probability of decay.
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2 Basics of Clinical Nuclear Imaging

Looking at the Bethe-Weizsäcker formula (2.1) it shows that there exists a ground state

for each nuclide with a constant number of nucleons, called isobar. Nuclides always tend

to transform until minimum energy is reached.

N

Z

Z
=
N Isotopes

Is
o
to

n
e
s

Isobars

β−

β+α

Mother nuclide

Figure 2.5: N -Z diagram. The arrows in the right diagram represent the different decay
forms. Nuclides above the continuous line have a proton excess. Nuclides
below the continuous line have a neutron excess. These nuclides tend to
transform to more stable cores [Figure: Courtesy of A.Hirtl].

Figure 2.5 shows the influence of the number of neutrons N and protons Z on the stability

of a core. The continuous line represents the stability valley, referring to nuclides with

a balanced number of neutrons and protons. In practice, cores with a large number of

protons tend to have a disproportionate high number of neutrons. The additional neutrons

are needed to compensate the Coulomb repulsion between the protons. For heavy nuclides,

the shift of the stability valley towards a higher number of neutrons compared to protons

can be seen.

The arrows in figure 2.5 show possible decay channels for nuclides deviating from the

line of stability: The β− decay, the β+ decay and the electron capture. These can either

happen to nuclides with a neutron excess (β− decay) or to nuclides with a proton excess

(β+ decay, electron capture). In all of these processes the number of nucleons inside the

core is conserved. The third arrow in figure 2.5 parallel to the stability valley stands for

the α decay where an α particle, consisting of 2 neutrons and 2 protons, is emitted from

the nucleus. In this process the number of nucleons within the core changes.
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2.2 Medical Radiation Physics

Besides the mentioned channels of radioactive decay there exist other important decay

forms. Spontaneous fission of an oscillating nucleus by splitting into two parts, inner

conversion and γ decay. The last two decay forms have the same origin. Whilst the

energy in the process of inner conversion is passed on to a shell electron leaving the atom,

the energy of a γ decay is transported by an emitted gamma quantum. In the following

section the α, β and γ decay are explained in more detail.

2.2.1.1 The α decay

When α decay takes place an α particle is emitted from the mother nucleus. As explained

in the previous chapter an α particle consists of 2 neutrons and 2 electrons, a double

ionised 4He atom. The mass number A of the initial core is reduced by 4:

A
ZX

∗
N ⇒A−4

Z−2 Y
∗
N−2 + α + Energy. (2.2)

X∗ stands for an initial excited nucleus whilst Y ∗ indicates a new, possibly excited element,

due to the loss of an α particle.

Since only hadrons participate in this decay form, the strong force is responsible for the α

decay. The quantum theoretical probability for an α particle leaving the nucleus depends

on its binding energy in the field of Coulomb force and strong force. In classical physics

this process would be prevented, quantum theoretically the α particle can tunnel through

the potential barrier with a certain probability. A higher energy state of the stationary

α particle leads to an increased probability for the particle to tunnel through the barrier

(see figure 2.6). An α decay from one mother nuclide in its ground state to a daughter

nuclide in its ground state can also take place if the mother nuclide has a higher mass

than the daughter nuclide and its α particle. This difference in energy is referred to as the

Q value (see equation (2.3)). Therefore Q has to be greater or equal to zero. In nature

this does not occur until turning to mass numbers around 150.

Q = [m(Z,N,A)−m(Z − 2, N − 2, A− 4)−m(4He)] · c2 (2.3)

The α decay energy spectrum is discrete since only one particle from a defined energy

state is emitted. Decay energies typically vary from Q = 4−9 MeV. Not all of the energy

is carried by the α particle due to a repulsion of the daughter nucleus.
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2 Basics of Clinical Nuclear Imaging

Figure 2.6: The energetic structure of a nucleus emitting an α particle. When forming
an α cluster positive energy states can be enhanced due to the gain in binding
energy. The α particle then can tunnel through the potential barrier with a
certain probability [11].

2.2.1.2 The β decay

If a nuclide has an isobar neighbour in a lower energy state, most likely β decay is going

to take place. Thereby, nucleons of the mother nuclide transform under the emission of

leptonic particles. The β− decay (see equation (2.4)) describes a neutron that is trans-

formed into a proton and an electron. Due to the conservation of leptonic particles,

another particle, an electron anti-neutrino is created.

In β+ decay (see equation (2.5)), a proton is transformed into a neutron and a positron

together with an electron neutrino.

The weak force is responsible for these decay processes since leptonic particles are gener-

ated. The hadron, subjected to the strong force, remains in the core whilst the leptons,

not influenced by the strong force, leave the nucleus.

β− : n⇒ p+ e− + ν + energy (2.4)

β+ : p⇒ n+ e+ + ν + energy (2.5)
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Regarding the Bethe-Weizsäcker formula (2.1) for isobars, the binding energy is pro-

portional to A2, A standing for the number of nucleons. The energy parables for the

corresponding isobars are shown in figure 2.7. There exists a state of minimum energy

for each isobar. Both odd/even and even/odd nuclides lead to the same parable as their

pairing term in formula (2.1) equals to zero. For these isobars only one stable nuclide ex-

ists. Unstable isobars experience β− or β+ decay to reach the ground state in the stability

valley depending on whether they have to increase or decrease their number of protons.

In comparison to that, nuclides with an odd/odd or even/even number of protons and

neutrons are located on different parables due to an energy gap resulting from the pair-

ing term. As previously explained, the pairing term for even/even nuclides results in an

increased binding energy whilst it leads to a decrease in binding energy for odd/odd nuc-

lides. The odd/odd nuclide in the lowest energy state can still decay into two even/even

nuclides. It can either undergo β− or β+ decay resulting in two different stable isobars.

This can be seen in figure 2.7.

Figure 2.7: Energy parables for a nuclide with an uneven (left picture) and even (right
picture) mass number A, resulting from the Bethe Weizsäcker formula [11].

At the beginning of the 20th century it was experimentally shown that the energy distribu-

tion of electrons emitted by a β− decaying nucleus is continuous. The kinetic energy gained

through β decay is split amongst the β particle, the (anti-)neutrino and the daughter nuc-

lide. The statistic kinetic energy distribution for the β particle and the (anti-)neutrino

results in a β particle with a possible kinetic energy from zero to the maximum available

energy. A correction concerning the Coulomb interaction between the daughter nuclide
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and the β particle leads to slightly shifted curves (figure 2.8). The negatively charged

electrons are attracted by the nucleus. To overcome the Coulomb barrier an amount of

energy is needed. Therefore the β− distribution is shifted towards lower energies. In

contrast to this, the positively charged positrons are repelled by the nucleus, leading to a

shift in the β+ distribution towards higher energies.

Figure 2.8: Kinetic energy distribution of β particles. The β decay represented by the
continuous line does not include the Coulomb force. This force is considered
by the spectra of the dotted (β+) and dashed (β−) lines [11].

Positron Annihilation Since a particle can annihilate with its anti-particle, a positron

can annihilate with an electron (the positron is the anti-particle of an electron). Regarding

mass and energy equivalence, two γ rays are emitted in an annihilation process. The

energy of these two γ rays is 511 keV each and corresponds to the rest energies of the

electron and the positron. If these two particles are at rest at the moment of annihilation

the γ rays are emitted in anti-parallel directions, contributing to the conservation of

momentum. γ rays originating from particles not completely at rest are emitted with

an angle slightly smaller than 180 ◦. This circumstance, called non-colinearity, is an

important limiting factor in PET image resolution (see section 2.3.5).

Positron annihilation can also take place in the opposite direction when a photon with an

energy higher or equal to the sum of the rest energies of a positron and an electron (1022

keV) generates these particles. This process is called pair production and is described in

more detail in section 2.2.3.

Positron annihilation is fundamental for the functionality of PET imaging.
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Figure 2.9: Positron annihilation. Left: At the annihilation point, positron and electron
are at rest. Right: v 6= 0 for positron and electron. The preservation of
momentum causes a deviation of the 180 ◦ angle between the two photons
[11].

2.2.1.3 The γ Decay

The transformation of a core to a less excited state of energy can also go along with γ

decay. In this form of radioactive decay no particles are emitted from the nucleus but a

highly energetic γ quantum. This can happen if the energy excess of the mother nuclide

is too small for particle emission. Like electrons in the shell of an atom, nucleons can be

in an excited state as well. Since γ rays are of electromagnetic nature the mass number

of the nuclide does not change. The released energy is expressed by the lower mass of the

daughter nuclide. With respect to Einstein’s energy mass equivalence this corresponds to

a state of lower energy and higher stability. Usually, γ rays are defined as electromagnetic

waves with energies higher than 200 keV.

2.2.2 Nuclide Production

Radioactive nuclide production is a main task in nuclear medicine since most of the

nuclides have a low natural appearance. The basic principle is to create unstable cores

by weakening the binding energy of an original nuclide.

One method is called neutron activation: A target atom gets bombarded with neutrons

that can be taken up by the atom. This leads to a β− emitter whilst proton bombardment

leads primarily to β+ emitters. The deranged neutron-proton ratio results in unstable

activated cores.

An example for this is the nuclide production of Fluorine 18 (18F), commonly used in
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PET imaging. It is created by proton bombardment of an Oxygen 18 (18O) target. The

nucleus takes up a proton an emits a neutron. The reaction equation can be seen below:

18O + p⇒18 F + n. (2.6)

90Y used in SIRT is produced in a high-purity separation from its mother nuclide Stron-

tium 90 (90Sr). 90Sr itself is a fission product of uranium in nuclear reactors. Figure

2.10 shows the decay scheme of 90Y. The 0+ → 0+ 90Zr transition is responsible for the

occurrence of inner pair production.

Figure 2.10: Decay scheme of 90Y [1].

2.2.3 Photon Interaction with Matter

There exist 5 major forms of interaction of radiation with matter. A photon can interact

with the shell of an atom as well as with the Coulomb field of the nucleus. This includes

absorption and scattering of the initial photon. Whilst the first 3 processes described

in this chapter (coherent scattering, Compton scattering and photoelectric effect) depict

interactions with the atomic shell, pair production and nuclear photo reaction occur in

the field of the nucleus (nuclear photo reaction is not important in PET imaging since

energies of several MeV are required). The sum of these 5 forms leads to the attenuation
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coefficient µ of a certain material.

Coherent Scattering In this process, which is also called Thomson scattering or, within

the range of visible light, Rayleigh scattering, the photon is scattered in the field of the

atomic shell without energy loss. The atomic shell therefore remains unchanged. In fact,

the initial photon induces the atomic shell to oscillate with the same frequency as the

incoming photon. The coherent oscillating shell acts like a transmitter and transfers the

energy back to the photon. This can be seen in figure 2.11.

Figure 2.11: Coherent Scattering. Left: The photon is scattered at an atomic shell’s
electron. The direction of photon propagation changes, the electron re-
mains in the atom. Right: Phase correlation between the incoming photon,
oscillation of the electronic shell and the scattered photon [11].

Coherent scattering broadens the initial beam but does not diminish its energy. No energy

is taken up by the absorber. The occurrence of this process is proportional to the density

of the absorber material ρ. This, together with the dependence on the photon energy

Eγ and the atomic number Z, leads to the overall coherent scattering coefficient σCl for

energies higher than 10 keV:

σCl ∝ ρ · Z
1.5

E2
γ

. (2.7)

Coherent scattering for low atomic numbers like in human tissue or water is therefore just

relevant for photon energies below 20 keV.

Compton Scattering This is the inelastic form of coherent scattering. A photon inter-

acts with a loosely bound outer shell electron, transmits some of its energy and momentum
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and the electron leaves the atom. This leads to a reduced photon energy and therefore a

larger wavelength.

The two body interaction can be treated like classical scattering by reason of the wave

particle duality. With the conservation of energy and momentum one can derive the en-

ergy transferred from the photon to the electron. Regarding an electron at rest this leads

to the energy of the scattered photon:

E
′

γ =
Eγ

1 + Eγ
m0·c2 · (1− cos(ϕ))

. (2.8)

The energy of the Compton scattered electron is the difference between the initial and

scattered photon energy together with the binding energy of the electron. Since the

electron is estimated to be bound loosely to the atom this term can be neglected:

Ekin = Eγ − E
′

γ − Eb ≈ Eγ − E
′

γ. (2.9)

Figure 2.12: Compton effect: Photon scattering with an outer shell electron. The elec-
tron leaves the atom and the photon energy and direction changes [11].

The probability of Compton scattering is represented by the Compton interaction coeffi-

cient σC. Because two particles appear in a Compton scattering process, the interaction
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coefficient σC is the sum of σscatt and σtr, where σscatt stands for the incoherent photon

scattering and σtr covers the energy transfer from the photon to the Compton electron.

Quantum physical analysis show that the probability of Compton scattering is propor-

tional to the ratio between the atomic number and the mass number of the absorber atom

Z/A. For most of the stable and light elements Z/A ≈ 1
2

and therefore the Compton

scattering coefficient is widely independent from the atomic number. Like other photon

interaction coefficients, Compton scattering is also proportional to the density ρ of the ab-

sorber material. There exist no simple relation for the energy dependence of the Compton

coefficient. Equation (2.10) shows an approximation for the Compton coefficient energy

dependence in the photon energy range from 0.2− 10 MeV where Compton scattering is

dominant.

σC ∝ ρ · Z
A
· 1

En
γ

(n = 0.5− 1) (2.10)

Photoelectric Effect A photon gets absorbed by an inner shell electron. With the

gained energy, the electron is able to leave the atom with a kinetic energy equal to the

photon energy minus the binding energy of the electron:

Ekin = Eγ − EB. (2.11)

Therefore, the photoelectric effect can only take place if the photon energy is higher than

the binding energy of the electron. For reasons of conservation of momentum a small

amount of energy is also transferred to the atom. Due to its high mass compared to the

electron this energy transfer can be neglected. The absent electron is replaced by an outer

shell electron reducing its energy by emitting characteristic γ rays.

The probability of this effect is given by the photo absorption coefficient τ . It depends

on the material density ρ and is proportional to the inner shell electronic density which

is proportional to Z3. More detailed theoretical and numerical examinations lead to the

following dependence of τ on the atomic number Z:

τ ∝ ρ · Z
n

A
≈ ρ · Z

4−4.5

A
. (2.12)

For low atomic numbers the exponent n of Z is approximately 4.5 and for heavier atoms

n is about 4.
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Figure 2.13: Photoelectric effect: The photon is absorbed by transferring its energy to
an inner shell electron which leaves the atom. The hole is filled by an outer
shell electron under the emission of characteristic x-rays [11].

Pair Production Photons can also interact in the electric field of charged particles like

atomic nuclei or electrons. When the photon energy exceeds the energy mass equivalence

for two electrons (2 ·511 keV), an electron positron pair can be formed in strong Coulomb

fields. The energy of the photon is transformed partly into the rest masses of the particles

as well as into their kinetic energies (see equation (2.13)). The photon is completely

absorbed in this process (see figure 2.14).

Ekin = Eγ − 2 ·m0 · c2 = Eγ − 1022 keV (2.13)

In equation (2.13), m0 stands for the rest mass of the electron and positron. It can be

seen that pair production is only possible for photon energies higher than 1022 keV and

does not occur at lower energies. The kinetic energy Ekin is split up between the electron

and the positron. Since the positron has got a positive charge and is rejected by the

atomic nucleus its kinetic energy, in general, is slightly higher than the kinetic energy of

the electron that gets attracted by the nucleus.

At high energies this process can also take place in the Coulomb field of an electron. Since

the mass of an electron is much smaller than the mass of a nucleus, the electron can leave

the atom by reason of the transferred momentum. Due to the fact that three particles

are emitted this process is called triplet production, with the corresponding interaction

coefficient κTripl.

The probability of pair production is proportional to the logarithm of the photon energy
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Figure 2.14: Pair production. Left: Schematic picture of pair production in the Cou-
lomb field of a nucleus. The created electron positron pair is emitted in
the direction of photon propagation because of momentum conservation.
Right: Triplet Production in the Coulomb field of an electron [11].

and the ratio Z2/A between the atomic number Z and the mass number A. For most

light elements this leads to an energy and atomic number dependence as follows:

κPair ∝ Z · ρ · log(Eγ). (2.14)

The reverse process occurs when the positron loses its energy through interactions with

the absorber material, comes to rest and recombines with an electron by sending out two

511 keV photons (see section 2.2.1.2).

2.2.4 Attenuation of Photons

In the previous chapter the different forms of photon interactions with matter were de-

scribed. The sum of the probability coefficients for each of these processes leads to the

linear attenuation coefficient µ which is an important characteristic for an absorber ma-

terial:

µ = τ + σC + σCl + κPair + κTripl. (2.15)

Since photons carry no charge they have quite low interaction probabilities in a certain

absorber material. The description of these probabilities can be found in the attenuation

law. It is credible for large numbers of particles but not for individual particles because

of statistical fluctuations.
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The transmission T (x) is the ratio between the number of photons N(x) behind an ab-

sorber with thickness x and the number of initial photons N :

T (x) =
N(x)

N
. (2.16)

If the changing number of initial particles dN is proportional to the number of particles

N at the beginning, the decrease of particles can be written as follows in the differential

form of the law of attenuation (equation (2.17)) where narrow beam geometry and mono

energetic photons are assumed:

dN = −µ ·N · dx. (2.17)

The common way of illustrating the law of attenuation is found in its integral form:

N(x) = N · e−µ·x. (2.18)

The law of attenuation does not apply to non-monoenergetic photons because of the en-

ergy dependent attenuation coefficient of uncharged particles. This can lead to beam

hardening, well known in several processes of radiation physics. High energetic photons

are being attenuated less than low energetic photons. The shift to higher energetic photons

results in a smaller linear attenuation coefficient.

Since the linear attenuation coefficient µ varies with the absorber density the mass atten-

uation coefficient µm can be used. It represents the linear attenuation coefficient divided

by the density of the absorber.

2.3 PET/CT - Positron Emission

Tomography/Computed Tomography

Positron Emission Tomography (PET) is a highly sensitive imaging technique in modern

nuclear medicine. Nowadays many PET systems are combined with Computer Tomo-

graphy (CT), resulting in an interaction of their individual advantages. Whilst PET

provides information on the human metabolism, CT results in a good spatial resolution.

Besides that, CT gives the possibility to measure human tissue densities and perform

attenuation correction (see section 2.3.6) which is important for PET imaging.
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2.3.1 Basic Functionality

Even though there exist several types of PET systems, all of them are based on the same

principles. A certain radioactive substance providing positrons is injected into the human

body. 18F, for example, is a commonly used β+ emitter for PET imaging. In PET, 511

keV photons originating from an annihilation process between a positron and an electron

from the absorber object are detected. A signal is formed when two γ rays are detected

within a predefined coincidence window.

Similar to the gamma camera, the scintillating crystal transforms the 511 keV photons

into visible light resulting in a higher detection efficiency. The photons then reach the

photomultiplier tubes where the signal is amplified.

2.3.2 Scanner Design

Divers scanner geometries are used to acquire 360 ◦ data sampling as it is necessary for

the detection of isotropic annihilation photons. The most common type is the full ring

circular PET with crystals arranged along a full circle. Another type is the partial ring

circular system with continuous rotation to provide 360 ◦ data sampling. Some devices

also use a flat detector design. An illustration of the mentioned scanner types can be

found in figure 2.15.

2.3.3 Detectors

Most of the modern PET scanners use detectors based on the block design by Casey

and Nutt [14]. It consists of a main block of scintillating material and photomultiplier

tubes. Common scintillating materials used are bismuth germanate (BGO) and lutetium

oxyorthosilicate (LSO). Major factors for choosing a scintillator are the stopping power

dependent on the density, the brightness (number of light photons produced per 511 keV

interaction), the wavelength of the emitted light or the time needed to produce the light.

In this diploma thesis LSO crystals were simulated.

The main scintillating block (typically 4× 4 cm with a depth of 3 cm) is segmented into

an array of smaller parts (typically 8 × 8). These parts are surrounded by an optical

reflective material to isolate the individual elements within the block. The depth of the

segmentation is dependent on the location of the block element (see figure 2.16). In the

block corner the cut filled with reflective material is deeper than in the middle of the block.
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Figure 2.15: Different PET detector types: a) non-rotating full ring circular system, b)
partial ring circular system with continuous rotation, c) non-rotating ring
with flat detectors, d) gamma camera PET (two gamma cameras are used
as a PET detector). The continuous lines in the pictures represent possible
lines of response (LORs) [13].

Scintillation light coming from the corner should be transmitted to the photomultiplier

right behind it whilst signals originating from the center should be spread roughly equal

amongst the photomultiplier tubes. Photomultiplier tubes, as they are frequently used in

several technical applications, form an amplified electrical signal out of the scintillation

light.

2.3.4 Types of Coincidences

There are 4 types of coincidences that occur and are detected by a PET system: True,

scattered, random and multiple coincidences. A description and a schematic picture (see

figure 2.17) of these 4 types of coincidences can be found below.
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Figure 2.16: Visualization of the block detector design. The segmented block of scintil-
lating crystal is followed by an array of photomultiplier tubes [15].

True Coincidences Detection of a photon pair originating from one electron positron

annihilation. An ideal true coincidence refers to two unscattered photons.

Scattered Coincidences At least one of the two photons originating from one event of

annihilation gets scattered on the way to the detector. Scattering leads to a shift in the

line of response (LOR) and causes the involved photon to lose some of its initial energy.

Random Coincidences Two photons emanating from different electron positron anni-

hilations detected within a certain time window lead to a random coincidence.

Multiple Coincidences This event is closely related to random coincidences. Multiples

occur when more than two photons are detected in coincidence.

Only true coincidences account for the real activity distribution of the radioactive source.

All the other types of coincidences lead to noise in the reconstructed image because of a

false LOR.

The acceptance of a pair of photons in coincidence is controlled by a system dependent

time window, the so called coincidence window. Only photons detected within this time

are interpreted as true coincidences. A predefined energy window is used to take photons

into account that have not or just slightly been scattered on their way to the detector
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crystal. Photons that have gone through more intense scattering processes and therefore

have lost a certain amount of energy are cut off by the energy filter.

Figure 2.17: Different types of coincidences. True (upper left), scattered (upper right),
random (lower left) and multiple coincidence (lower right) [13].

2.3.5 Spatial Resolution

Spatial resolution in a PET system depends on two factors, the positron range and the

non-colinearity (see figure 2.18).

The positron range depicts the distance between the place of origin of the positron and the

point of electron positron annihilation. Though one is interested in the place of radioact-

ive decay, the PET system can just detect the annihilation point with the corresponding

LOR. The extent of the positron range is energy dependent and therefore radionuclide

dependent since different nuclides have different β energies.

Annihilation of an electron positron pair perfectly at rest leads to two anti-parallel (180 ◦)

emitted photons due to the conservation of momentum. Non-colinearity takes into account
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Figure 2.18: Limiting factors for the spatial resolution: Positron range (upper picture)
and non-colinearity (lower picture) [15].

that the electron and the positron are not completely at rest at the time of annihilation.

This leads to two photons propagating with an angle slightly deviating from 180 ◦. This

effect is not energy dependent.

Besides the resolution limit reachable due to the physical properties of the positron decay,

the detector design as well as the system geometry also account for the final resolution.

The intrinsic detector resolution depends on two main components of geometric and phys-

ical nature.

The geometric component describes the best reachable resolution when regarding a de-

tection material with 100% detection efficiency.

The physical component includes all the non-ideal properties of the detector resulting in

a detection efficiency lower than 100%. A visualisation of the geometric resolution com-
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ponent can be seen in figure 2.19. The full width at half maximum (FWHM) in the center

of the field of view (FOV) equals one half of the detector width w and increases linearly

moving the source towards one detector where the FWHM is approximately equal to the

detector width w.

Figure 2.19: Geometric spatial resolution dependent on the location of a point source
between two detectors of widths w. The FWHM increases linearly when
moving the point source from the center towards one of the two detectors
[15].

The thickness of the scintillating crystals leads to another geometric effect called detector

parallax. It considers the fact that annihilation photons can interact at any depth inside

the scintillating crystal. Whilst a photon at the center of the FOV enters the crystal

perpendicular to its surface, this is not the case for photons with a radial offset. These

photons may penetrate the first crystal and be detected in the crystal next to the first

one. The two consequences of this effect are a broadening of the response function due

to a larger area of the LOR and a false location of the event towards the center of the

scanner (see figure 2.20).

2.3.6 Attenuation Correction

Attenuation of a 511 keV annihilation photon in a certain LOR takes place when it is

absorbed or scattered into another LOR. This means the annihilation event is not just

referred to the wrong LOR, but also removed from the true LOR.

As explained in section 2.2.4, photons follow an exponential attenuation law. The single

photon count rate C after travelling through an attenuating medium with depth a and

linear attenuation coefficient µ is

C = C0 · e−µa. (2.19)
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Figure 2.20: Detector parallax: The response function gets asymmatrical with an in-
creasing radial offset due to detector penetration and an unknown interac-
tion depth [15].

Considering the case of PET where two photons in coincidence are detected, the count

rate for detecting both photons is given by the product of the individual photon count

probabilities. These photons are emitted anti-parallel, leading to the following equation:

C = C0 · e−µa · C0 · e−µ(D−a) = C0 · e−µD. (2.20)

In equation (2.20), D stands for the overall thickness of the tissue in a certain LOR. It can

be seen that attenuation is just dependent on the total thickness but not on the source

depth along this LOR.

Attenuation correction is done by performing a LOR dependent blank scan B(LOR)

without the patient, and a LOR dependent transmission scan T (LOR). The attenuation

correction factor ACF for each LOR is then given by:

ACF (LOR) =
B(LOR)

T (LOR)
. (2.21)

2.3.7 Data Representation - Sinogram

The raw data of the detected annihilation photons gathered by a PET scanner is usually

depicted in a 2-D matrix S(s,Φ) which is called sinogram. The elements of this matrix

include all the events referring to different LORs, therefore to different detector pairs.
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The correlation between LORs and a sinogram is presented in figure 2.21.

Figure 2.21: Correlation between different lines of response (LORs) inside the scanner
and its sinogram, defined by the coordinates s and Φ [Figure: Courtesy of
A. Hirtl].

A sinogram matrix is characterized by its coordinates s and Φ, where each row represents

a projection (Φ is constant) and each column represents a fixed radial offset s from the

center of the scanner. The relation between the sinogram coordinates (s,Φ) and the object

space coordinates (x, y) is given by equation (2.22).

s = xcosΦ + ysinΦ (2.22)

2.4 Image Reconstruction

An important task in medical imaging is the 3D reconstruction of a measured object out

of the gained raw data.

There are two basic approaches of algorithms for image reconstruction. The first form

tries to generate an image with analytic mathematical reconstruction methods. The other

method iteratively reconstructs an appropriate image out of a data collection set using

reasonable criteria.
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2.4.1 Filtered Back Projection

Filtered back projection (FBP) is based on the mathematical correlation between an

object function f(x, y) and its measured projections Pθ(t) along the corresponding line

element ds, called the radon transform:

Pθ(t) =

∫
line(t,θ)

f(x, y)ds =

∫ ∞
−∞

∫ ∞
−∞

f(x, y)δ(xcosθ + ysinθ − t)dxdy. (2.23)

The FBP is given by:

f(x, y) ≈ π

K

K∑
i=0

∫ W

−W
Sθi(ω)|ω|e2πiωtidω. (2.24)

In equation (2.24) K stands for the number of projections, Sθi are the Fourier transformed

projections Pθ(t) and |ω| with its integral limits represents the ramp filter used in FBP to

suppress the occurring 1/r blurring. For a more detailed discussion of the given formulas

the reader is referred to literature [16].

Advantages of FBP are that it works very fast and does not need a lot of data storage

since each projection is only used once for image reconstruction.

FBP does not take into account the statistical nature of the imaging process and it is not

possible to imply scatter or geometry corrections directly into the reconstruction process

leading to image artefacts.

2.4.2 Iterative Reconstruction

A fundamentally different method is iterative image reconstruction. The basic idea is to

compare iteratively estimated images with the measured projection data until a certain

accuracy is reached.

In practice an initial guess of the activity ai in a certain pixel i is made. To get the

projection data sj of a detector pair j out of the radioactivity distribution of the initial

guess, the system matrix Mi,j is used:

sj =
I∑
i=1

Mi,jai. (2.25)

This process called forward projection is necessary to be able to compare the projection
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data of the image guess with the measured projection data.

The system matrix Mi,j can be seen as the probability that a decay in pixel i is detected

by the detector pair j and is normalized to an overall detection probability of 1 regarding

D detector pairs.

D∑
j=1

Mi,j = 1 (2.26)

The aim is to iteratively correct the guess of the activity distribution ai and repeat the

explained steps until a certain abort criteria is reached.

Figure 2.22: Basic structure of an iterative image reconstruction. An activity distribu-
tion is estimated, forward projected and compared to the measured pro-
jection data until a defined level of convergence is reached [15].

Advantages of iterative reconstruction can be found in the possible implementation of

geometric or scattering effects into the system matrix.

A possible disadvantage can be found in computation time. In general, the reconstruction

time is much higher than using FBP.
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2.4.2.1 OSEM Algorithm

A commonly used iterative method is the expectation maximization (EM) algorithm. The

method was developed by Shepp and Vardi in 1982 [17]. This maximum likelihood based

estimation iteratively calculates a new estimate an+1(i) from an old estimate an(i):

an+1(i) = an(i)
D∑
j=1

s(j)M(i, j)∑I
i′=1 an(i′)M(i′, j)

. (2.27)

In this procedure, the accordance of each new guess an+1(i) with the real activity a(i)

increases with every step of iteration. A Poisson activity distribution of the measured

data is assumed.

In 1994, Hudson and Larkin developed the ordered subset (OS) method [18], used to

shorten the computing time for image reconstruction. The projection data sj is split into

different subsets. By correcting just one subset, a new guess an+1(i) can be made. A run

through all subsets is referred to one iteration.

Using OSEM, the reduction in computing time is approximately equal to the number of

subsets s. The image quality of OSEM reconstruction with i iterations and s subsets is

determined by i× s. In most applications, values of i× s ≥ 50 are used.
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3 Materials and Methods

Common software programs for the computer modelling of nuclear imaging were used in

this thesis. The PET simulation of the 90Y source was executed with Geant 4 Application

for Tomographic Emission (GATE), an open source software specialised on the simulation

of nuclear imaging techniques.

Image reconstruction, on the basis of the simulation raw data, was accomplished using

the program STIR (Software for Tomographic Image Reconstruction). Further programs

were needed for data and image manipulation.

3.1 Siemens TruePoint PET/CT

To provide comparable data for prospective research and development, a PET device with

similar characteristics as the device located at the MedUni Vienna (Siemens TruePoint

PET/CT [19]) was modelled using GATE. Important parameters from the original data

sheet used for constructing the device can be found in table 3.1. A picture of the Siemens

TruePoint PET/CT at the MedUni Vienna can be found in figure 3.1.

3.2 Source and Phantom

For the executed simulations an adapted configuration of the standardized NEMA IEC

body phantom [20] was used. It consists of 6 spherical sources surrounded by a water-

filled cavity. The volumes of the sources are 0.52, 1.15, 2.57, 5.58, 11.49 and 26.50 ml

where 0.52 ml corresponds to a source diameter of 1 cm. The standardized NEMA IEC

phantom is a body shaped water tank, with a cylindrical styrofoam insert to simulate

the attenuation of the lung. In the phantom used within this work the lung insert was

neglected and the body shaped water tank was approximated by a cylindrical water tank

with a diameter of 25.6 cm and a height of 18 cm.
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3 Materials and Methods

Detector material Lutetium Oxyorthosilicate (LSO)
Crystal dimensions 4.0× 4.0× 20 mm
Crystals per detector block 169
Number of detector blocks 192
Photomultiplier tubes 4 per block
Detector ring diameter 842 mm
Detectors per ring 624
Number of detector rings 52
Total number of detectors 32448
Transaxial FOV 605 mm
Axial FOV 216 mm
Number of image planes 109
Plane spacing 2 mm
Coincidence window 4.1 nsec

Table 3.1: Extract from the Siemens TruePoint PET/CT data sheet [19].

Figure 3.1: Siemens TruePoint PET/CT at the MedUni Vienna [Figure: Courtesy of A.
Hirtl].
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3.3 PET Simulation

3.3 PET Simulation

In the field of nuclear medicine GATE is a useful method for simulating tomographic

emission like PET. With this software it is possible to build up a user defined system

with specific properties of the tomographic device. This includes, amongst others, PET

characteristics, definition of the source and phantom and the occurrence of physical pro-

cesses.

3.3.1 GATE

A simulation in GATE [21] is based on the stochastic method of Monte Carlo simulation.

Complex problems like the radioactive decay of a substance with a huge amount of decay

events are not to be solved analytically. The aim of this statistical model is to give

numerical solutions for mean values of corresponding microscopic quantities. In Monte

Carlo simulation the exact solution is approximated by a summation over a randomly

chosen subset.

The structure of GATE is divided into 3 levels: The core level, the application level and

the user level (see figure 3.2). The core level delivers all basic information needed for

the simulation. This includes the geometry of the system, the appearance of physical

processes and the visualisation of the simulation.

Figure 3.2: Structure of GATE. Simulation properties are defined in the developer layer.
The user layers computational language is transformed into the GATE in-
ternal used script language C++ [21].

In the application level basic classes of the core level can be specified. For instance one
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3 Materials and Methods

can set up the geometry of a radioactive source by defining volume in the core level. In

the application level this definition is specified to trapezoid, box, sphere or other types of

volumes. Movement and rotation of a predefined class are also defined within this level.

The user level provides the mechanism for the script language used in GATE to correspond

with the core level that uses C++. With this method the user effectively has to have no

knowledge of C++ computer-oriented language.

A simulation source code written and executed with GATE together with a detailed

description and visualisation can be found in chapter 5.

3.3.2 Grid

A computer grid present at the MedUni Vienna was used for the simulation due to the high

requirements on computing power. The mentioned grid is based on the MOCCAMED

(MOnte Carlo CAlculations in MEDicine) collaboration [22] used for computationally

intensive clinical relevant research projects.

The aim of a grid is to split up computing jobs along different processors available to

reduce computing time. A schematic picture of a grid with 4 nodes is given in figure 3.3.

A central server manages the job distribution within grid by feeding the individual nodes

and allocating storage space. Several computers present within the grid, including work

stations or student PCs, can provide defined parts of their computing power dependent on

their current requirements. This makes it possible to utilize unneeded computing power

of different processors.

3.4 Image Reconstruction

3.4.1 Data Manipulation

Prior to image reconstruction data manipulation had to be done to create processable data

types for image reconstruction in STIR. A C++ source code (see external disk) developed

by a research group from Jülich was used to read out the coincidence tree output from the

gained GATE simulation .root file (ROOT [23] is a data analysis framework developed at

CERN) and create the corresponding projection header files.

38



3.4 Image Reconstruction

Figure 3.3: Visualisation of the Grid operation mode. A simulation is split up into
different parts. The splits are being passed on to available processors within
the network [Figure: Courtesy of A. Hirtl].

3.4.2 STIR

Image reconstruction of the simulation raw data was done with the program STIR (Soft-

ware for Tomographic Image Reconstruction) [24], an open source software library for 3D

reconstruction of raw PET data. It originated from the PARAPET project, a cooperation

on 3D PET reconstruction funded by the European Union. This C++ library includes

the usage of several reconstruction algorithms, scanner geometries, filters and other cor-

rections.

FBP as well as iterative image reconstruction (OSEM), in this work, were executed with

STIR.

Besides the projection data, FBP in STIR requires information about the applied filter.

Furthermore arc correction is done. This refers to the fact that the space between LORs

in the center of the PET system is larger than for LORs on the periphery.

The OSEM algorithm, in STIR called OSMAPOSL, is based on input projection data, re-

constructed with predefined parameters like the number of iterations and subsets (further

information can be found in the parameter file on the external disk). The initial image
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3 Materials and Methods

used for the OSEM algorithm in STIR is usually 1 for all voxels (3-dimensional pixel).

Images are saved at predefined subiteration intervals.

3.5 Image Visualisation

3.5.1 ImageJ

For the visualisation of the reconstructed images, ImageJ, a java based open source tool

for several tasks in image processing was used. It can read all the popular image formats

as well as raw data like it was needed in this work. Summation of cross section images,

projection on a certain coordinate plane, contrast manipulation, sharpening, smoothing

or the creation and analysis of profile plots are a fractional amount of the facilities of this

tool.
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4 Simulation and Image Reconstruction

The following explanations should serve as a short instruction for the interested reader

to be able to comprehend and reconstruct the procedures within this work. The most

important steps and excerpts of some of the details of the executed simulation and image

reconstruction are given to provide an insight into the structure of a simulation in GATE

and accordingly into the operations of image reconstruction in STIR.

The entire source codes of the mentioned files in this chapter can be found on an external

disc (except .root and projection data due to file sizes of several GB).

4.1 PET Simulation - GATE

A source code excerpt of the main file My PET.mac of the GATE simulation can be seen

below. The individual parts of the main file are described subsequently:

# M y P E T

# V I S U A L I S A T I O N

/control/execute My visu.mac

/gate/geometry/setMaterialDatabase GateMaterials.db

# W O R L D

/gate/world/geometry/setXLength 100. cm

/gate/world/geometry/setYLength 100. cm

/gate/world/geometry/setZLength 100. cm
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4 Simulation and Image Reconstruction

# S Y S T E M

/control/execute My system.mac

# P H A N T O M

/control/execute My phantom.mac

# P H Y S I C S

/control/execute My physics.mac

# D I G I T I Z E R

/control/execute digitizer.mac

# S O U R C E

/control/execute Y source.mac

/control/execute backgroundsource.mac

# O U T P U T

/gate/output/root/enable

/gate/output/root/setFileName Ysource

# R A N D O M

/gate/random/setEngineName MersenneTwister

/gate/random/setEngineSeed auto

# S T A R T

/gate/application/setTimeStart 0.0 s

/gate/application/setTimeSlice 1 s

/gate/application/setTimeStop 1800 s

/gate/application/startDAQ
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4.1 PET Simulation - GATE

# V I S U A L I S A T I O N In this file the visualisation of the simulation can be

enabled and defined. This includes the zoom factor and angle of observation of the PET

system. Different steps of the visualisation of the simulation can be seen in the following

figures (4.1-4.4).

# W O R L D The world defines the volume where the simulation takes place (see

figure 4.1). All the simulated processes inside the volume are taken into consideration.

Photons leaving the world are not taken into account for the simulation anymore.

Figure 4.1: Visualisation of the world in GATE, where the simulation takes place.
Photons leaving this volume are not being tracked further on.

# S Y S T E M The geometry of the PET system is defined in this file. It contains

information about the radius and length of the system as well as about the number,

arrangement and material of the scintillating crystals. A visualisation of the individual

steps of setting up the PET system can be found in figure 4.2.

# P H A N T O M In the phantom module the surrounding of the source is defined.

Referring to in vivo PET imaging this would be the human body, mainly consisting of

water, bones and human tissue. These materials with their specific properties are present

in the material database of GATE. Furthermore, the form and size of the phantom is

defined. In figure 4.3 a cylindrical water phantom inside a PET system is shown.
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4 Simulation and Image Reconstruction

Figure 4.2: Progressive stages of building up a PET ring in GATE. At first, the defined
empty PET ring is built up. A box volume is created, together with a smaller
volume inside the box, corresponding to the crystal dimensions. The crystal
is repeated over the box volume. Finally, the box volume is repeated along
the ring.
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4.1 PET Simulation - GATE

# P H Y S I C S In this file all the physical interactions occurring in the simulation are

defined. This includes important photon matter interactions like the photoelectric effect,

Compton- and Rayleigh scattering as well as pair production and positron annihilation.

# D I G I T I Z E R The digitizer module is needed to define the way a hit in

the detector is transformed into an actual signal. It includes, amongst others, detector

properties like energy blurring, crystal light yield, quantum efficiency, energy window,

coincidence- and dead time. It is needed to provide a realistic simulation of a specific

PET system.

# S O U R C E All characteristics of the source are defined in this section. It includes

the quantity, size, location and movement of the source as well as properties like decay

form, half life and activity. A visualisation of a source configuration inside a simulated

PET system can be found in figure 4.4.

The background of a radioactive source, observable in real PET images, is also defined in

this section.

# O U T P U T The simulation data gained can be processed with several output

formats. Depending on the aim of data manipulation the specific outputs can be en-

abled. In this thesis, the ROOT output, developed at CERN [23], was used for further

investigation and image reconstruction using STIR.

# R A N D O M Within this file one can set up the starting point for the Monte

Carlo simulation. For statistical reasons a random starting point was chosen to provide

balanced results.

# S T A R T In this module the simulation is started. Furthermore, it inherits in-

formation on the simulation time and the number of splits. The simulation time can be

adjusted to the time window in practical PET imaging.
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4 Simulation and Image Reconstruction

Figure 4.3: Visualisation of a cylindrical water phantom (cyan) inside a PET system
(red/blue).

Figure 4.4: Left: Two sources (green, yellow) inside a water phantom (transparent cyl-
inder) surrounded by a PET system (red/blue). Right: Possible annihilation
photon paths due to scattering processes (green lines).
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4.2 Image Reconstruction - STIR

4.1.1 Submitting Simulation to Grid

The computational intensive simulations were sent to the grid with the command

sh submit2CondorGate62Short.sh

The submitting file includes the simulation file name and information about the number

of splits. The number of splits equals the number of jobs sent to different processors

within the grid, having a major impact on the duration of the simulation.

For example a simulation of a 10 minutes PET scan with 1 split is being executed by a

single processor. A fragmentation of the same PET scan simulation time into 600 splits

leads to 600 jobs being computed by different processors simultaneously, each inheriting

1 second of the PET scan simulation time. Theoretically, having sufficient processor

capacities, this would reduce the simulation running time by a factor of 600.

The submitting file also declares job priorities and requirements for the available working

stations.

4.2 Image Reconstruction - STIR

The simulation raw data was reconstructed with STIR, using FBP and an iterative

(OSEM) algorithm.

For compatible reconstruction data types, the ROOT output files had to be modified us-

ing the C++ program from the Jülich research group. The created data was then used as

an input for the implemented reconstruction algorithms in STIR. The execution files for

the different algorithms include detailed information about the scanner geometry, filters

and reconstruction properties.

For further information a detailed guideline on the individual steps mentioned is given in

the appendix of this thesis.
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5 Results and Discussion

5.1 Fluorine 18

Whilst 90Y is primarily used for cancer treatment due to a high deposition of energy,
18F is mainly used for PET imaging. Because of to the superior image quality of 18F

compared to 90Y PET imaging, an 18F simulation was executed to be able to test the

basic functionality of the set up.

5.1.1 Simulation

The 18F sources were simulated over a period of 30 minutes with a specific activity of

20 kBq/ml. A predefined positron energy distribution within GATE was used. No back-

ground activity was used in this simulation. The energy resolution of the detector was

set to 14% with a lower threshold of 380 keV and an upper threshold of 650 keV. No

attenuation correction was executed. The detailed detector characteristics taken into

consideration for the simulation can be found in the corresponding files on the external

disk. At first the simulation data was evaluated:

The energy distribution of the detected annihilation photons can be seen in figure 5.1.

It shows an expected maximum at the annihilation photon energy of 511 keV. A shift in

the energy distribution to lower energies can be seen, resulting in an energy mean value

of 498 keV. This can be explained by scattering events leading to a minimal loss of energy.

To verify and compare the individual source positions and sizes of the simulation data

and the reconstructed image, the activity distribution for different projection axes of the
18F source was examined. This is shown in figures 5.2, 5.3 and 5.4. They illustrate the

size and activity of the 18F sources along referring axes after the simulation. The activity

distribution of the different projections is in agreement with the simulation data input.
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5 Results and Discussion

Figure 5.1: Energy distribution of the detected 18F annihilation photons. The energy
cut off can be seen (specific activity: 20 kBq/ml, measurement time: 30
minutes).
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5.1 Fluorine 18

Figure 5.2: Source distribution of 18F sources along the x - axis (specific activity: 20
kBq/ml, measurement time: 30 minutes).

Figure 5.3: Source distribution of 18F sources on the y - axis with the corresponding
reconstructed image (specific activity: 20 kBq/ml, measurement time: 30
minutes). The y - projection is visualized by the white arrow.

Figure 5.4: Source distribution of 18F sources on the z - axis (specific activity: 20
kBq/ml, measurement time: 30 minutes).
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5 Results and Discussion

5.1.2 Image Reconstruction

The results of the 18F image reconstruction of the simulated raw data are shown in the

following sections.

5.1.2.1 Filtered Back Projection

At first, the FBP algorithm was carried out with a simple ramp filter. No further filters

were applied. The calculation time for image reconstruction using this method was in the

range of a few seconds. The reconstructed image is shown in figure 5.5 together with a

3D visualisation in figure 5.6. Each of the 6 defined sources can be identified clearly.

Figure 5.5: Reconstructed image of multiple 18F sources using FBP (specific activity:
20 kBq/ml, no background activity, measurement time: 30 minutes). All of
the sources can be identified.

Common disadvantages of this simple reconstruction method can be seen. Artefacts

resulting from individual LORs appear and would need to be eliminated by further filtering

methods. FBP is not the first choice for clinical image reconstruction based on a lack of

image quality.
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5.1 Fluorine 18

Figure 5.6: 3D visualisation of the FBP reconstructed 18F PET simulation using a color
filter (specific activity: 20 kBq/ml, no background activity, measurement
time: 30 minutes).
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5 Results and Discussion

5.1.2.2 Iterative Reconstruction

For the iterative reconstruction method the same simulation raw data was used as for

the FBP. 4 iterations and 12 subsets were executed for reconstructing the image. As this

method requires a large amount of computing power, the image reconstruction time was in

a range of approximately 30 minutes. Testing with a single subset led to a reconstruction

time of several hours.

The result of the iteratively reconstructed image and a 3D visualisation are shown in

figures 5.7 and 5.8, respectively. They reveal an enormous improvement in image quality

compared to the method of FBP. Although no attenuation correction was applied, the

location and contours of the single source volumes can be identified precisely. Even the

smallest source with a diameter of 10 mm is visible quite clearly.

Figure 5.7: Iteratively reconstructed image of multiple 18F sources using 4 iterations and
12 subsets. Light colours contribute to high activities whilst darker colours
contribute to lower activities (specific activity: 20 kBq/ml, no background
activity, measurement time: 30 minutes). Iterative image reconstruction
leads to an improvement in image quality compared to FBP.
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5.1 Fluorine 18

Figure 5.8: 3D visualisation of the iteratively reconstructed 18F PET simulation with
a specific activity of 20 kBq/ml and a measurement time of 30 minutes. 4
iterations and 12 subsets were used.
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Number of Iterations As described in the second chapter, the product of the number of

iterations and subsets has a major impact on the final image quality. In clinical practice

one has to find a compromise between an acceptable computing time and image quality.

The different image contrast concerning a diverse number of iterations can be seen in

figures 5.9 - 5.12. The grey values along a certain line of reference (yellow) for a defined

number of iterations (1-4) are shown. An increase in the number of iterations leads to

a better image contrast and higher grey values. The number of subsets (12) was not

changed.

Figure 5.9: Reconstructed image of 18F sources with 1 iteration and 12 subsets. Grey
values are shown for a certain line of reference (yellow). Image artefacts
result from just a single image guess after 1 iteration.

56



5.1 Fluorine 18

Figure 5.10: Reconstructed image of 18F sources with 2 iterations and 12 subsets. Grey
values are shown for a certain line of reference (yellow). Artefacts were
corrected using a second iteration. Contrast and grey values are enhanced.
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5 Results and Discussion

Figure 5.11: Reconstructed image of 18F sources with 3 iterations and 12 subsets. Grey
values are shown for a certain line of reference (yellow). Further increase
in the number of iteration leads to a better image contrast.

58
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Figure 5.12: Reconstructed image of 18F sources with 4 iterations and 12 subsets. In
comparison to lower iteration numbers the contrast and total gray value is
increased for the depicted line of reference (yellow).
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5 Results and Discussion

5.2 Yttrium 90

5.2.1 Simulation

Sensitivity in PET imaging is defined as S = C
t·A . C refers to the number of detected

photons, A stands for the source activity (kBq) and t stands for the time (seconds).

In 90Y PET imaging sensitivity is reduced by a factor of 10−5 compared to 18F PET

imaging [3]. For this reason 90Y measurements and simulations require higher specific

activities. Typical values are in a range of several MBq/ml.

In this thesis two simulation runs with 90Y were executed. The first one was carried

out with a specific activity of 40 MBq/ml. This specific activity is higher than the ones

used for clinical 90Y measurements. That was done to proof the general functionality of
90Y PET simulation. No background activity was used.

The second run was executed with a specific activity of 4 MBq/ml which is within the

previously explained activity range used for real 90Y PET phantom measurements. For a

realistic simulation of the 90Y distribution, the phantom background activity was set to

1/8 of the source activity, leading to 0.5 MBq/ml.

Both runs were carried out with a simulated measurement time of 30 minutes with no

attenuation correction applied in image reconstruction. The 90Y positron energy distri-

bution was approximated by mono energetic positrons with an energy of 369 keV. The

energy resolution of the detector was set to 14%, with a lower threshold of 380 keV and

an upper threshold of 650 keV.

The 90Y energy distributions of the detected coincidence photons from the 4 MBq/ml

and the 40 MBq/ml simulations can be seen in figures 5.13 and 5.14, respectively, show-

ing the same expected characteristics as the 18F energy distribution. The peak is located

at approximately 511 keV, corresponding to the energy of an annihilation photon. The

energy distribution is slightly shifted to lower energies by reasons of scattering processes

leading to a mean value of approximately 500 keV.

The total count rate for 90Y is much lower than for the 18F simulation even though 90Y

was simulated with a higher specific activity. This can be explained by the mentioned re-

duction in sensitivity based on the small branch ratio of 90Y leading to positron emission.

The activity distribution of the 4 MBq/ml simulation projected along the different co-
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5.2 Yttrium 90

ordinate axes can be seen in figures 5.15 - 5.17. The influence of the background on the

activity distribution can be seen since the sources are partly masked by the background

activity. In comparison to that, the activity distribution of the 40 MBq/ml simulation in

figures 5.18 - 5.20 shows no background activity.

Figure 5.13: Energy distribution of the detected 90Y annihilation photons (specific activ-
ity: 4 MBq/ml, measurement time: 30 minutes).

Figure 5.14: Energy distribution of the detected 90Y annihilation photons (specific activ-
ity: 40 MBq/ml, measurement time: 30 minutes).
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5 Results and Discussion

Figure 5.15: Distribution of 90Y sources along the x - axis (specific activity: 4 MBq/ml,
background activity: 0.5 MBq/ml, measurement time: 30 minutes).

Figure 5.16: Distribution of 90Y sources along the y - axis (specific activity: 4 MBq/ml,
background activity: 0.5 MBq/ml, measurement time: 30 minutes).

Figure 5.17: Distribution of 90Y sources along the z - axis (specific activity: 4 MBq/ml,
background activity: 0.5 MBq/ml, measurement time: 30 minutes).
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Figure 5.18: Distribution of 90Y sources along the x - axis (specific activity: 40 MBq/ml,
no background activity, measurement time: 30 minutes).

Figure 5.19: Distribution of 90Y sources along the y - axis (specific activity: 40 MBq/ml,
no background activity, measurement time: 30 minutes).

Figure 5.20: Distribution of 90Y sources along the z - axis (specific activity: 40 MBq/ml,
no background activity, measurement time: 30 minutes).
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5 Results and Discussion

5.2.2 Image Reconstruction

The resulting reconstructed images of 90Y based on the illustrated simulation data are

shown and analysed in the following sections.

5.2.2.1 Filtered Back Projection

As for 18F, a simple ramp filter was used for the FBP reconstruction method.

The reconstructed 90Y image with a specific activity of 40 MBq/ml, no background and a

PET scan simulation time of 30 minutes using FBP is shown in figure 5.21. Even though

the image suffers from uncorrelated artefacts due to the nature of FBP, all of the sources

are visible.

In figure 5.22, the reconstructed 90Y image for the realistic simulation with 4 MBq/ml,

a background activity of 0.5 MBq/ml and a PET scan simulation time of 30 minutes is

presented. It shows an enormous decrease in image quality compared to the 40 MBq/ml

simulation since only the largest source (26.5 ml) is partly visible. This can be explained

by the reduction of the specific activity by a factor of 10 and the implementation of

background activity resulting in a lower image contrast. The non-included attenuation

correction results in a highlighted phantom border and a lowered intensity in the center.

Photons coming from the center have to traverse a longer path through the phantom and

therefore are being attenuated more than photons from the outer regions of the phantom.
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5.2 Yttrium 90

Figure 5.21: Reconstructed 90Y image using FBP (specific activity: 40 MBq/ml, no
background activity, PET scan simulation time: 30 minutes). All the indi-
vidual sources can be identified.

Figure 5.22: Reconstructed 90Y image using FBP (specific activity: 4 MBq/ml, back-
ground activity: 0.5 MBq/ml, PET scan simulation time: 30 minutes). No
source can be identified clearly. The highlighted periphery compared to
the center of the phantom is based on the lack of attenuation correction.

65



5 Results and Discussion

5.2.2.2 Iterative Image Reconstruction

As for 18F, the iterative reconstruction of the 90Y PET simulation was executed with 4

iterations, using 12 subsets and no attenuation correction. The same simulation raw data

were used as for the FBP.

Iterative image reconstruction of the 40 MBq/ml simulation (see figure 5.23) leads to an

improvement in image quality compared to FBP (see figure 5.21). All of the individual

sources can be identified clearly. The functionality of the 90Y simulation and image

reconstruction can be confirmed.

The iteratively reconstructed image of the 4 MBq/ml simulation (figure 5.24) also shows

an improvement in image quality compared to FBP (see figure 5.22). 5 of the 6 sources

can be identified with this reconstruction method. The smallest source (diameter: 1

cm) is not visible clearly due to the influence of the background activity. The highlighted

phantom border compared to the center, resulting from the lack of attenuation correction,

is visible.

Figure 5.23: Iteratively reconstructed 90Y image using 4 iterations and 12 subsets (spe-
cific activity: 40 MBq/ml, no background activity, measurement time: 30
minutes). All of the sources can be identified clearly.
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5.2 Yttrium 90

Figure 5.24: Iteratively reconstructed 90Y image frame using 4 iterations and 12 subsets
(specific activity: 4 MBq/ml, background activity: 0.5 MBq/ml, measure-
ment time: 30 minutes). At least 5 of the 6 sources can be identified. The
periphery of the phantom is highlighted compared to the center since no
attenuation correction was applied.
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5 Results and Discussion

Number of Iterations An impressive improvement of the reconstructed image quality

using a higher number of iterations can be seen in figure 5.25. Just using 1 iteration leads

to a multiplicity of image artefacts. An increase in the number of iterations gradually

eliminates these artefacts.

Figure 5.25: 4 MBq/ml 90Y image dependent on the number of iterations and subsets
(12). 1 iteration (upper left), 2 iterations (upper right), 3 iterations (lower
image)
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6 Y90 - Phantom Measurements

Realistic 90Y phantom measurements are provided by the nuclear medical research group

at the MedUni Vienna and are based on the NEMA IEC body phantom. For these

measurements an overall activity of 3.6 GBq 90Y was mixed with 1000 ml of water,

leading to a specific activity of 3.6 MBq/ml. The 6 spheres were filled and the rest of the
90Y water mixture was added to the water filled phantom to simulate background activity

occurring in real patient measurements.

Figure 6.1: Sectional CT view of the phantom used for 90Y PET measurements.
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6 Y90 - Phantom Measurements

Figure 6.1 shows a sectional CT view of the used phantom. The 6 sphere reservoirs for

radionuclide source positioning are visible. A 3D image of the same phantom can be seen

in figure 6.2. The bed under the phantom is also displayed.

The 90Y phantom PET image with a specific activity of 3.6 MBq/ml can be seen in figure

6.3. It shows a sectional view of the activity distribution, revealing the poor image quality

of an 90Y PET scan. Still, 4 of the 6 sources can be identified. Due to rather low statistics

the smallest spheres cannot be seen in this image. The 90Y simulation (specific activity:

4 MBq/ml, background activity: 0.5 MBq/ml) within this thesis shows similar results

concerning image quality.

Figure 6.2: 3D visualisation of the used phantom based on NEMA IEC body phantom.
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Figure 6.3: Sectional PET image view of 90Y sources with a specific activity of 3.6
MBq/ml. At least 4 out of 6 sources can be seen.
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7 Summary and Outlook

Summary A complete PET model for the research on 90Y SIRT efficiency could be set

up. This includes the realistic simulation of a present PET device at the MedUni Vienna

with specific known data and characteristics as well as the process of image reconstruction

of the gained simulation data.

Simulation and image reconstruction using 18F (specific activity: 20 kBq/ml, measure-

ment time: 30 minutes), a suitable tracer for PET imaging, proofed the basic functionality

of the simulation and imaging process, achieving acceptable results for FBP and very good

results using iterative image reconstruction.

Besides that, the dependence of the image quality on the number of iterations was ex-

amined (1-4 iterations, 12 subsets) and revealed an increase in image contrast turning to

a higher number of iterations.

90Y simulations with specific activities of 4 and 40 MBq/ml and a measurement time

of 30 minutes were carried out. A background activity of 0.5 MBq/ml was implemented

in the 4 MBq/ml simulation.

Both simulations showed the difficulty for the usage of 90Y in PET imaging due to the

small probability for positron emission in radioactive decay of 90Y.

The simulation with a specific activity of 40 MBq/ml provided acceptable image results

for FBP and good results for the iteratively reconstructed image. All of the sources could

be identified.

The more realistic simulation with a specific activity of 4 MBq/ml and implemented

background activity showed bad results for FBP and acceptable results for the iterat-

ively reconstructed image. The image quality is comparable with real 90Y PET phantom

measurements.
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7 Summary and Outlook

Outlook In clinical routine several corrections for image reconstruction are performed.

The implementation of required image corrections, like attenuation and scatter correction,

that would have exceeded the complexity of this diploma thesis, will lead to an improve-

ment in image quality. Furthermore, the realistic energy distribution of the positrons in
90Y decay has to be implemented.

Besides that, the import of CT and PET data from real PET measurements serving as

basis for the simulation in GATE could play a role in the determination of the dose

distribution in the liver of patients undergoing SIRT.
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Appendix A

Image Reconstruction - STIR

A.1 User Manual

For image reconstruction two algorithms were used. The FBP and the iterative OSEM

algorithm.

As STIR works with sinogram data types the ROOT output files had to be modified. The

following commands were used to generate projection data files from the existing ROOT

files:

The C++ program from a collaborating research group from Jülich was compiled. In-

formation on the PET scanner has to be input into the source code in order to be able to

read in the data from the ROOT file:

g++ My Bin GATE v1.0.c ‘root-config –cflags –libs‘ -o Bin GATE MyPET

After this, the compiled C++ program was executed. The command line includes the

directory name of the ROOT file, the output file name and the wanted coincidence output

flag is quoted. The coincidence output flag is represented by the numbers 1 (all coincid-

ences), 2 (true unscattered coincidences) and 3 (scatter coincidences). In general one is

interested in true unscattered coincidences, so the coincidence output flag was set to 2:

./Bin GATE MyPET ’/.../Diplomarbeit/PET AKH/ ’Y90Sources’ output flag
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Appendix A Image Reconstruction - STIR

With the command line above, the projection data file Y90Sources.s was generated.

For the internal processing mode of the individual image reconstruction methods in STIR

a header file is required. It is pointing to the generated projection data file Y90Sources.s.

The header file Sinoheader janderl.hs was created with the following command:

create projdata template Sinoheader janderl

When executing this, STIR is asking for further information on the PET data, like the

number of detector rings or the maximum ring difference which stands for the largest space

between rings in potential coincidence (in 3D PET imaging the maximum ring difference

is N − 1, N standing for the number of detector rings, since all of the rings can be in

coincidence).

Filtered Back Projection The FBP in STIR was then conducted using the command:

FBP2D MyFBP2D.par

The input of the parameter file MyFBP2D.par is the previously generated header file

Sinoheader janderl.hs. Furthermore it contains information about FBP like the imple-

mentation of possible filters in the fourier transformation.

Iterative Reconstruction The intern command in STIR for executing the iterative re-

construction reads as follows:

OSMAPOSL My OSMAPOSL temp.par

The iterative reconstruction uses the same input file Sinoheader janderl.hs pointing to

the gained simulation data and user defined PET characteristics as it is used for the

FBP. More input in the parameter file My OSMAPOSL temp.par is needed concerning

the iteration adjustment like the number of iterations and the number of subsets.
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