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“You miss 100% of the shots you don’t take - Wayne Gretsky.”

-Michael Scott
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ABSTRACT

Positron emission tomography (PET) is a nuclear medicine imaging modality used to

acquire functional images. When several images are acquired at different time frames,

the scan is considered dynamic, and the result is a movie showing where and how the

imaging agents accumulated inside the patient. Dynamic PET is a valuable tool for

staging and diagnosing of cancer, cerebral injuries and neurological disorders. To per-

form quantitative analysis on dynamic images, the imaging agent concentration in the

arteries, known as the arterial input function (AIF), is required. The clinical standard to

acquire the AIF is through invasive blood sampling. Unfortunately, the invasive with-

drawal of arterial blood causes a significant discomfort to the patient and there is a risk

of exposing the medical personnel to large amount of radiation. Since none of the al-

ternative technologies and methods developed in the past 30 years were able to replace

the manual blood sampling, dynamic PET imaging is restricted to centers with large

financial and technical resources. We have developed a non-invasive and cost effective

radiation detector based on plastic scintillating fibers to detect the positrons emerging

from the patient’s wrist arteries after the injection of the radiotracers and monitor the

AIF. The first aim of this thesis was to characterize the attenuation length of the de-

tector with 137Cs and ultraviolet (UV) sources. The attenuation length obtained with

137Cs agrees with the one provided by the scintillating fiber’s manufacturer, but the

measurement with UV source over-estimates it. The second aim was to investigate if

the bending of the fiber in loops would cause important light losses. With the 137Cs

source, the losses were smaller than the measurement uncertainty. The final aim was

to test the detector with 18F and 11C. The detector response to a pulse of radioactivity is

better for the 11C, due to its longer positron range. The detector was also able to accu-

rately measure the decay of 11C from 3.02 MBq/ml to 0.17 MBq/ml. These preliminary

measurements demonstrate that plastic scintillating fibers are a suitable detection ma-

terial to develop a non-invasive detector that could potentially replace invasive blood

sampling as the clinical method to determine the AIF in dynamic PET imaging.
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RÉSUMÉ

La tomographie par émission de positrons (TEP), est une modalité d’imagerie en médecine

nucléaire utilisée pour obtenir des images fonctionnelles. Lorsque plusieurs images

sont acquises à différents moments lors d’un scan, il s’agit d’un scan dynamique et

le résultat est un film qui montre où et comment les agents d’imageries se sont accu-

mulés dans le patient. La TEP dynamique est un outil indispensable dans le diagnostic

du cancer, des traumatismes cérébraux et des maladies neurologiques. Afin d’obtenir

des informations quantitatives à partir des images dynamiques, il est nécessaire de

connaitre la concentration de radiotraceurs dans les artères, aussi connue comme la

fonction d’entrée artérielle (FEA). Actuellement, la méthode standard pour obtenir la

FEA est de prendre des échantillons de sang à différent moments lors du scan. Mal-

heureusement, cette procédure invasive occasionne un important inconfort pour le

patient en plus d’exposer le personnel médical prenant les échantillons à de la radi-

ation ionisante. Puisqu’aucune solution proposée dans les 30 dernières années n’a pu

s’établir comme nouveau standard clinique, la TEP dynamique est restreinte aux cen-

tres de recherche avec d’importantes ressources financières et techniques. Nous avons

développé un détecteur non-invasif et à faibles coûts utilisant les fibres optiques scin-

tillantes pour détecter directement les positrons provenant des artères du poignet afin

d’obtenir la FEA. Premièrement, la longueur d’atténuation du détecteur a été mesurée

avec une source de 137Cs et une source ultraviolette (UV). La longueur d’atténuation

obtenue avec la source de 137Cs coïncide avec la valeur du fabricant, cependant, avec

la source UV, la valeur est surestimée. Deuxièmement, les pertes de signal causées

par l’enroulement de la fibre scintillante ont été étudié. Avec la source de 137Cs, les

pertes étaient plus petites que l’incertitude sur les mesures. Finalement, le détecteur a

été testé avec du 18F et du 11C, deux radio-isotopes utilisés en TEP. Le signal pour un

pulse de solution traversant le détecteur est beaucoup plus net avec le 11C qu’avec le

18F, notamment en raison de la plus grande portée de ses positrons. Aussi, le détecteur

a été en mesure de mesurer exactement la constante de désintégration du 11C pour une
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activité variant de 3.02 MBq/ml à 0.17 MBq/ml. Suite au succès de ces tests initiaux,

le détecteur sera testé sur des patients dans la prochaine année.
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Chapter 1

Ionizing Radiation

The Oxford English Dictionary defines radiation as "the emission of energy as electro-

magnetic waves or as moving subatomic particles" (Online, 2010). When the radiation

has enough energy to strip an electron from the atoms it interacts with, it is called ioniz-

ing radiation. Observed for the first time in 1895 by Wilhelm Röntgen (Rontgen and W.

C., 1896), ionizing radiation has been studied for over a century and plays now a major

role in medicine and high energy physics. This chapter will cover the interactions with

matter of two types of ionizing radiation: photons and light charged particles.

1.1 Photon interactions

1.1.1 Thomson scattering

The scattering of a photon by "loosely" bound electron is adequately described by the

non-relativistic theory developed by Joseph J. Thomson. A "tightly" or "loosely" bound

electron refers to the difference between the electron’s binding energy and the incident

photon’s energy. If the photon’s energy is much higher than the binding energy, the

electron is loosely bound. If the energies are on the same order, the electron is tightly

bound. In Thomson scattering, the photon changes direction without losing energy,
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but this interaction is only valid for photons with an energy hν much smaller than the

rest mass of the electron (i.e. 511 keV) (Podgorsak, 2006).

1.1.2 Compton scattering

Compton scattering is defined as a process where a photon with energy hν interacts

with a stationary and loosely bound orbital electron and transfers part of its energy to

the electron. The result is a photon with energy hν ′ scattered at angle θ and a recoil

electron with kinetic energy EK scattered at angle φ, as shown in figure 1.1.

One can calculate the energy of the scattered photon and the recoil electron as well as

the angles θ and φ using the conservation of energy and momentum. The results are:

hν ′ = hν ·
1

1 + ε(1− cosθ)
(1.1)

EK = hν ·
ε(1− cosθ)

1 + ε(1− cosθ)
(1.2)

Where, ε is the initial photon energy normalized by the electron mass energy mec
2 =

511 keV. The relationship between the photon and recoil electron scattering angles is

displayed in equation 1.3 (Podgorsak, 2006).

tanφ =
1

1 + ε
cot

θ

2
(1.3)

1.1.3 Rayleigh scattering

The theory for the scattering of electromagnetic radiation on strongly bound atomic

electrons was developed in 1900 by John W. Rayleigh. The energy transferred in this

interaction is negligible. The scattered photon has essentially the same energy, and the

atom is neither ionized nor excited. The angular distribution of Rayleigh scattering,
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FIGURE 1.1: Representation of Compton scattering. A photon incident on
a stationary electron will result in a scattered photon of lower energy and

a recoil electron.

meaning the half-angle of a cone containing 75% of the scattered photons is estimated

by equation 1.4:

θR ≈ 2arcsin(
0.026Z

1

3

ε
) (1.4)

Where Z is the atomic number of the absorber and ε is the photon energy normalized

to the electron rest mass energy. The effective Z for soft tissue is approximately 7

(Kurudirek, 2014), resulting in θ ≈ 5.7◦. Rayleigh scattering is not as important as the

other photon interactions (Podgorsak, 2006).

1.1.4 Photo-electric effect

This interaction occurs between a photon and a tightly bound orbital electron. The

photon is completely absorbed and its energy transferred to the electron. The electron

kinetic energy is given by:

EK = hν − EB (1.5)
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Where EB is the electron binding energy. A schematic representation of a photon in-

teracting with a K-shell electron is depicted in figure 1.2. The vacancy created in the

orbital shell will be filled by an electron of a higher shell, resulting in the emission of

characteristic fluorescence or an Auger electron (Podgorsak, 2006).

FIGURE 1.2: Representation of the photo-electric effect. The photon en-
ergy hν exceeds the binding energy EB and the electron is ejected with a

kinetic energy EK . Figure from Podgorsak, 2006.

1.1.5 Pair and triplet production

Pair production occurs when a photon with energy hν larger than 2mec
2 interacts with

the field of the nucleus to disappear and create an electron-positron pair. Triplet pro-

duction also results in the creation of an electron-positron pair, but this interaction is

with the field of an orbital electron. The minimum threshold for triplet production is

4mec
2, and the orbital electron is also ejected, similar to the photo-electric effect (Pod-

gorsak, 2006).
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1.1.6 Photo-nuclear reactions

Photo-nuclear reactions are also called nuclear photo-electric effect or photo-disintegration.

When a nucleus absorbs a photon, it can emit different radiation: a single neutron,

protons, alpha particles, gamma rays or even more than one neutron. The threshold

photon energy required for these reactions depends on the nucleus, but the smallest is

2.225 MeV for 2H (Podgorsak, 2006).

1.1.7 Probability of interaction

The probability of each interaction depends on the material the photon is traversing

and on the photon kinetic energy. Figure 1.3 illustrates the most probable interaction

for different atomic numbers over the range of energy relevant to nuclear medicine.

Due to the small effective atomic number of human soft tissue, the dominant interac-

tion between photons and human tissue is the Compton scattering (Cherry, Sorenson,

and Phelps, 2012).

FIGURE 1.3: Most probable photon interaction as a function of photon
energy and atomic number of the absorbing material. Figure obtained

from Cherry, Sorenson, and Phelps, 2012.
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1.2 Light charged particles

A charged particle moving through a medium undergoes Coulomb interactions with

the atoms in the medium. The smallest distance between the charged particle and the

nucleus of the atom it is interacting with, is known as the classical impact parameter b,

and dictates the type of collision, as shown in figure 1.4. First, if b is on the same order

as the atom’s radius, the incoming particle will transfer a significant amount of en-

ergy to a single orbital electron. The orbital electron will have enough energy to have

Coulomb interactions with other atoms in the medium. This interactions is known as

a hard collision. Second, if the impact parameter is much larger than the atom’s ra-

dius, the collision is soft, meaning that the particle interacts with the whole atom. The

energy transfer is small, but there is a large number of soft collision resulting in po-

larizations, excitations and ionizations of the medium’s atoms. Finally, if the impact

parameter is small compared to the atom’s radius, a radiation collision occurs, where

the particle interacts with the atom’s nucleus. This interaction results in elastic or in-

elastic scattering. In elastic scattering, the particle changes direction, but only transfer

a negligible amount of energy. However, in inelastic scattering, the amount of energy

loss can be significant and result in the emission of x-rays. Radiation collisions are also

known as radiative losses or as bremsstrahlung collisions and they are responsible for

the production of diagnostic and therapeutic x-rays (Podgorsak, 2006).

1.2.1 Stopping power and range

As the light charged particle travels through a medium, it undergoes a large number of

the previously mentioned interactions before losing its kinetic energy completely. The

rate of energy loss per cm traveled in the medium divided by the medium’s density ρ

is called the mass stopping power S:
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FIGURE 1.4: Different types of collisions for charged particles depending
on the classical impact parameters b and the classical atom radius a. Figure

from Podgorsak, 2006.

S =
1

ρ

−dE

dx
(1.6)

The total mass stopping power includes losses of energy from hard, soft and radiation

collisions. The importance of collisions and radiative stopping power depends on the

charged particle kinetic energy and the absorbing medium atomic number. The critical

energy Ecrit where both stopping powers are equal can be estimated with (Podgorsak,

2006):

Ecrit ≈
800MeV

Z
(1.7)

As expressed in equation 1.6, the distance traveled by a light charged particle in a

medium can be obtained by integrating the mass stopping power over the kinetic en-

ergy of the particle:
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Range ≈

∫ Einit

0

dE

S(E)
(1.8)

Meaning that particle’s kinetic energy and the atomic number of the material will also

affect the range the particle can travel in the material (Podgorsak, 2006).

1.3 Positron physics

1.3.1 Radioactive decay

An unstable nucleus transforms itself into a more stable one by converting mass into

energy and emitting lighter particles, photons or even both. Alpha emission, nuclear

fission, β+ and β− decay, internal conversion and electron capture are all different

forms of radioactive decay and are described in details in (Cherry, Sorenson, and

Phelps, 2012a). It is a spontaneous process that can only be described with proba-

bilities. The average decay rate of a radioactive sample is given by:

∆N

∆t
= −λN = A (1.9)

In equation 1.9, N is the number of radioactive atoms in the sample, t is the time and

λ is the decay constant for this atom with units of s−1. The average decay rate is the

activity of the sample. The symbol for activity is A and the SI unit for activity is the

Becquerel (Bq). Therefore the activity A can be obtained by integrating equation 1.9:

∫ t

0

dN

N
=

∫ t

0
−λdt → A(t) = A(0)e−λt (1.10)

The time it takes a radioactive sample to decay to half its original activity is known as

the half-life t1/2 and is related to the decay constant by:
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t1/2 =
ln(2)

λ
(1.11)

1.3.2 Positron decay

The positron is the electron anti-particle. Both particles have the same mass, but equal

and opposite charge, + and - 1.602 · 10−19 C respectively. The radioactive emission

of positrons is known as beta plus (β+) decay. This decay happens in atoms that are

proton-rich, meaning the atoms require the conversion of a proton into a neutron to

become stable. Equation 1.12 describes the decay process. The energy released in the

reaction is represented by the equation 1.13. The released energy Qβ+ is shared by the

positron and the neutrino (ν), but this sharing of energy is not always the same. This is

the reason why the positron energy from the beta plus decay is a spectrum rather than

discrete as shown in the figure 1.5 (Podgorsak, 2006).

P+ → N + β+ + ν +Qβ+ (1.12)

Where P+ represents a proton, N represents a neutron, β+ is the positron, ν is the

neutrino and Qβ+ is the kinetic energy shared between the positron and the neutrino

given as:

Qβ+ = M(Z,A)c2 − [M(Z − 1, A) + 2me]c
2 (1.13)

With M(Z,A) being the atomic mass of the parent, M(Z − 1, A) the atomic mass of the

daughter and 2me is twice the rest mass of the electron.
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FIGURE 1.5: Theoretical energy of positron emitted by different radio-
isotopes used in PET. Figure taken from Levin and Hoffman, 1999.

1.3.3 Positron annihilation

After the emission, the positron will lose its kinetic energy in radiative losses caused by

Coulomb interactions with the nuclei and through collisions with the orbital electrons

of the material it is going through. The term annihilation refers to the event where

the electron and positron mass energy are converted into two photons of the same

energy. Most electron-positron annihilations happen when the positron has lost all

its kinetic energy and interacts with an orbital electron which is considered to be free

and stationary. To ensure the conservation of charge, momentum and energy, two

photons with the energy 511 keV are emitted in opposite directions at the site of the

annihilation (Podgorsak, 2006). The free and stationary electron is an approximation,

therefore the angle between both photons is not exactly 180◦. The angular distribution

around 180◦ has a full width at half maximum (FWHM) of 0.25◦ (Khalil, 2010b). The

distance traveled by the positron in the material, from the emitting nuclei to the site

of annihilation is called the range and depends on the positron kinetic energy and the

material, as stated in section 1.2. The positron range and the non-collinearity both play

a role in the spatial resolution of PET images. A schematic of the positron decay and

annihilation is presented in figure 1.6.
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FIGURE 1.6: Schematic representation of the positron being emitted from
the unstable nucleus, losing its kinetic energy and undergo annihilation.
The two 511 keV photons are almost collinear, with the angular distribu-

tion having a FWHM of 0.25◦. Figure adapted from Khalil, 2010b.
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Chapter 2

Radiation Detectors

When radiation transverses a material, it transfers energy to the atoms of the material

by ionization or excitation. Ionization occurs when an electron is stripped from the

atom, resulting in a positively charged ion and a free electron. Excitation occurs when

the energy transfer only changes the atom’s electronic configuration, leaving the atom

in an excited state. These two processes are involved in the detection of radiation. This

chapter will present common radiation detectors used in medical physics and nuclear

medicine, but is not an exhaustive list.

2.1 Gas-filled detectors

Gas-filled detectors measure the current that is generated between the electrodes of a

capacitor. The opposite charges on each electrodes create an electric field between the

electrodes. This system is in equilibrium and the medium between the plates, which

can be air or a pressurized gas acts as an insulator. There is no charge circulating be-

tween the electrodes. When ionizing radiation passes between the electrodes, it ionizes

the atoms. The positive ions are attracted to the negative electrode and the electrons

are pulled towards the positive electrode, creating a measurable current. A represen-

tation of this principle is illustrated in figure 2.1. This current can be related to the
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amount of radiation that passed through the detector (Cherry, Sorenson, and Phelps,

2012b).

FIGURE 2.1: Schematic of the capacitor used for gas filled detector. The
ionizing radiation passing between the electrodes creates positive ions and
negative electrons that induced a current between the plates. The elec-
trodes are presented as plates, but they can be in any geometry. Figure

adapted from Cherry, Sorenson, and Phelps, 2012b.

2.1.1 Ionization chambers

If the voltage applied to the electrodes is on the order of 50 to 500 V (depending on the

geometry), the gas filled detector is considered an ionization chamber. If the voltage is

lower, recombination will occur. Recombination occurs when the ion and the electron

recombine with each other, not contributing to the current. In dry air, one of the most

common medium for ionization chambers, the mean energy needed to create an ion-

electron pair is 33.97 eV (Attix, 2007). If a 1 MeV particle interacts within the air in the

chamber before being stopped, it produces roughly 3·104 ionization, resulting in 3·10−15

C. Since the amount of charge is very low, ionization chambers are not usually used for

the detection of single radiation count, but rather to measure the total amount of charge

collected by a radiation beam. This type of detector is mostly used for calibration of
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radiation therapy beams and can be filled with ambient air or with a pressurized gas

to increase the sensibility and eliminate the variability when the atmospheric pressure

and temperature changes (Cherry, Sorenson, and Phelps, 2012b).

2.1.2 Proportional counters

The voltage difference in an ionization chamber is only high enough to prevent recom-

bination. When the voltage difference increases to a significantly higher value, from

500 to 1000 V (depending on the geometry), the ionized electrons will gain enough ki-

netic energy when traveling toward the positive electrode that they will be able to fur-

ther ionize the atoms, resulting in a single electron avalanche. This effect is called the

gas amplification of charge. The amount of charges created in the gas is proportional

to the gas amplification factor and therefore to the amount of energy deposited by the

incident ionizing particle. Proportional counters can be used to detect and count in-

dividual ionizing particles and due to the proportionality between charge and energy,

they can discriminate events based on the amount of energy deposited in the detector.

To facilitate the movement of electrons between the electrodes, proportional counters

are usually filled with a noble gas. The choice of gas depends on the application and

the type of particle to be detected (Cherry, Sorenson, and Phelps, 2012b).

2.1.3 Geiger-Müller counters

In contrast to proportional counters, an electron avalanche can trigger another one

in a Geiger-Müller counter and the gas amplification effect is increased. The atoms

excited from the avalanches return to their ground state very quickly by emitting an

ultraviolet (UV) photon. This UV photon can generate a photo-electron by interacting

with the gas or even the electrodes. The photo-electron will then excite the atoms as

well, continuing the avalanche. This multiplication effect results in a gas amplification

factor on the order of 1010, compared to 106 for proportional counters. However, the
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avalanche results in the same amount of charge, regardless of the energy deposited

by the ionizing particle, therefore Geiger-Müller counters are not suitable for energy

discrimination (Cherry, Sorenson, and Phelps, 2012b).

Positive ions are much heavier than the electrons, leading to the accumulation of ions

close to the negative electrode and reduction of the electric field in the gas, stopping

the avalanche. Those positive ions need to be neutralized, but this process can result in

the emission of UV radiation that will start another avalanche, without the presence of

ionizing radiation. To prevent this, a quenching gas is introduced in the Geiger-Müller

counters. This gas usually contains halogen gases such as Cl2 or organic vapors such as

alcohols. The two principal characteristics of a quenching gas are that it can easily lose

electrons and that it does not emit UV radiation when it is itself neutralized. Finally,

because of their good sensitivity and large signal output, Geiger-Müller counters are

used as survey meters in radiation safety (Cherry, Sorenson, and Phelps, 2012b).

2.2 Semiconductor detectors

A semiconductor is essentially a poor electrical conductor and they are used in ra-

diation detection in the same way as gas-filled detectors, but in a solid-state. Semi-

conducting materials, such as germanium and silicon, are up to 5000 times denser than

gas, making them more efficient to stop gamma rays, X rays and charged particles than

gas filled detectors. When ionizing radiation creates free electrons in the semiconduc-

tor, the charge can be collected by applying an external voltage, similar to ionization

chambers. This cannot be achieved with conducting metal, as the charges are already

free without the interaction of ionizing radiation. Semiconductor detectors are suitable

for single event counting since they only require a deposited energy of 3 to 5 eV to cre-

ate an ion pair. In addition, the signal is proportional to the energy deposited in the

material by the radiation. However, these materials are subject to significant level of
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thermal noise and require to be cooled well below the room temperature. Semiconduc-

tors are also quite expensive when compared to gas-filled detectors (Cherry, Sorenson,

and Phelps, 2012b).

2.3 Scintillation detectors

Scintillators are materials that convert the kinetic energy of charged particles into a

light detectable by a photo-detector. This light originates in the electronic transitions

from high-energy state to lower energy state. An ideal scintillator must have the fol-

lowing properties. First, the light emitted must be directly proportional to the energy

deposited in the materials. Second, the light must be emitted in fast pulses that decay

rapidly. Third, the material must have good optical quality and its refraction index

around 1.5 to be easily coupled to the photo-detector cathode, which is often made

of glass. Finally, the material must be transparent to its emission wavelength, to not

absorbs its own signal. Scintillation materials can be divided into two categories: inor-

ganic and organic materials (Knoll, 2000).

2.3.1 Inorganic scintillators

Inorganic scintillators need to be in a crystal shape to produce scintillating light. The

crystal requires atoms to be arranged in a specific structure, resulting in discrete energy

levels that form a band structure that describes which energies are allowed or forbid-

den for electrons in the crystal. The lower energy band is called the valence band, and

the higher energy band is the conduction band. The energy gap between the valence

and the conduction bands is called the forbidden band and electrons are not allowed

in this energy band in a pure crystal. To allow electrons to have an intermediate en-

ergy, scintillating materials have a small amount of impurities strategically added in

the crystal matrix, called activator sites. An electron transiting from the activator site



Chapter 2. Radiation Detectors 17

to the valence band will generate a photon with an energy equal to the difference in

energy levels. The impurities are selected so the difference in energy is around two to

four eV for a photon in the visible range (Knoll, 2000). A schematic of the scintillation

process is shown in figure 2.2 (Lecoq, Korzhik, and Vasiliev, 2014).

1. The absorption of ionizing radiation transfers an electron from the valence to the

conduction band, leaving a positive "hole" in the valence band. This combination

is called an exciton.

2. The electron-hole pair moves in the crystal, losing energy via collisions.

3. Impurities in the crystal create activator site, also known as luminescence center.

The electron can drop to the activator energy level, while the hole will rise the

activator ground state.

4. The difference in energy between the activator excited and ground levels is smaller

than the energy gap between the conduction and valance bands. Therefore, the

electron can recombine with the hole, resulting in the emission of a photon.

FIGURE 2.2: Schematic of the scintillation process in inorganic crystals.
Figure adapted from Lecoq, Korzhik, and Vasiliev, 2014.
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Inorganic scintillators typically generate more light than organic for the same amount

of radiation, but the process by which light is produce is usually slower. In the sec-

ond half of the 20th century, inorganic scintillators such as sodium iodide with thal-

lium iodide (NaI(Tl)) impurities and bismuth germanate were used for nuclear imag-

ing modalities. Nowadays, research on inorganic scintillators focuses on developing

materials with much faster scintillation time for the fields of nuclear imaging and high

energy physics (Knoll, 2000).

2.3.2 Organic scintillators

In contrast to inorganic scintillators, organic scintillators do not need to be in a crys-

talline matrix to scintillate. Organic scintillators can be solids, liquids or gases, because

the emission of light in organic scintillators comes from transitions in the energy lev-

els of a single molecule. As illustrated with the Jablonski diagram in figure 2.3, the

ground state for the electron singlet state (spin = 0) is denoted by S0 and the excited

states by S1 and higher. For the electron in the triplet state (spin = 1), the energy levels

are denoted with T . The energy difference between the ground and the first excited

states is between two and four eV. The second subscript represents a subdivision of the

energy levels, but the differences in energy are so small that transition between sub-

divisions do not result in emission of light. When ionizing radiation transfers energy

to the electrons, electrons will gain energy (represented by upward arrows on figure

2.3) and reach an excited states. Very quickly, on the order of 10−12 s, electrons on en-

ergy levels higher than S1 de-excite without emission of radiation to reach the S1 state.

The electrons transition from S1 to the S0 state by emitting a photon with energy cor-

responding to the difference in energy, indicated by downward arrows on figure 2.3.

This emission is called fluorescence and is on the order of 10−9 s (Knoll, 2000).

Inter-system crossing is the process by which electrons in the singlet state are converted

into the triplet state. The triplet state is lower in energy than the singlet, therefore the

emitted photons have smaller energies and a different wavelength. This emission is
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FIGURE 2.3: Transition in energy level for organic scintillation. Figure
from Knoll, 2000

called phosphorescence and it is delayed compared to fluorescence, because the life-

time of the T1 state is on the order of 10−3 s. If an electron in the triplet state converts

back to the singlet state, the resulting emission spectra will be the same as fluores-

cence, but on the time scale of phosphorescence. This third emission process is called

delayed-fluorescence (Knoll, 2000).

The energy of the fluorescence photons is usually lower than the energy required for

the absorption, as displayed by the difference between the upward and downward

arrows in figure 2.3. In an ideal case, there is no overlap between the emission and

absorption spectra in organic scintillators, but in most cases, there will be an overlap

between the two spectra, as shown in figure 2.4.

Another difference between inorganic and organic materials is their densities, which

play a role in the total amount of scintillating light produced. Organic scintillators

have a much lower density than inorganic, resulting in general in a smaller amount of

scintillation light and making organic scintillators less sensitive to photon radiation.

The light yield per energy deposited is dictated by the probability of interaction be-

tween the ionizing radiation and the scintillating material. Generally, this probability
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FIGURE 2.4: Absorption and emission spectra as a function of photons’
wavelength. Figure from Knoll, 2000

is higher for inorganic scintillators. For example, plastic scintillators generate approx-

imately 8 photons per keV deposited by ionizing particle, while sodium iodide pro-

duces 38 photons per keV deposited. Organic scintillators are also cheaper to produce

than inorganic crystals and can be produced in many shapes (Knoll, 2000).

2.3.3 Visible light detection

In scintillation detectors, another device must be used to detect the visible photons

emitted by the scintillator. Photomultiplier tubes (PMT) convert photons to electrical

pulses. The entrance window of a PMT is called the photocathode and converts pho-

tons to photoelectrons via the photo-electric effect (section 1.1.4). The photo-electron is

accelerated towards a metal plate, called dynode, coated with a material that releases

secondary electrons when struck by the photo-electrons. These secondary electrons are

accelerated towards another dynode, creating more electrons. There are between 9 and

12 dynodes in a PMT, resulting in a multiplication factor on the order of 106. The inten-

sity of the current pulse is proportional to the light signal at the entrance of the PMT,
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which is itself proportional to the energy deposited in the scintillator (Knoll, 2000).

In addition, a PMT may be replaced in some application by a silicon photo-diode. In

contrast to semiconductor radiation detector, photo-diodes detect visible photons from

scintillation events, since the photon has enough energy to ionize the silicon and the

total charge produced is proportional to the number of incident photons. Photo-diodes

can be a lot smaller than PMTs and have a higher detection efficiency, but their gain

is equal to one, compared to 106 for PMTs, making them less suitable for low signal

applications (Cherry, Sorenson, and Phelps, 2012b).

2.3.4 Organic scintillating fibers

Organic scintillators can be fabricated as long optical fibers with thin diameters (a few

millimeters). The scintillation light can be transmitted inside the scintillating fiber for

distances on the order of meters. Scintillating fibers consist of a core where the scin-

tillation light is produced and one or more thin layers of cladding material to protect

the core. The light is transmitted inside the fiber by total internal reflection, which is

dictated by Snell-Descartes’ law (Knoll, 2000). If the core has an index of refraction

n1 = 1.6 and the cladding is n2 = 1.5, the critical angle for total internal reflection is

giver by equation 2.1:

θc = arcsin(
n2

n1

) = 69◦ (2.1)

A diagram of the photons being trapped by total internal reflection is presented in

figure 2.5. After the emission of scintillating light, photons can exit the fiber or be

trapped by total internal reflection if their incident angle is larger than θc expressed

in equation 2.1. The cladding protects the core from scratches and abrasion, but there

is less light trapped in a core-cladding interface than in a core-air interface, because

the index of refraction of the cladding is higher than the one for air. Multiclad fibers

have more than one cladding layer, with the refractive indices decreasing from the
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inner layer to the outer. This increases the amount of light trapped and adds another

protection. Scintillating fibers can be operated with a PMT at both ends to measure the

light in coincidence, known as a dual readout set-up. If a single readout set-up is used,

the end not connected to a PMT will be coated with a mirrored material to reflect as

much light as possible back to the measuring device (Knoll, 2000).

FIGURE 2.5: Schematic of the scintillating photons being transmitted and
being trapped in a scintillating fiber.

The attenuation of the scintillation light in the fiber is dictated by several factors, no-

tably: imperfection and the core-cladding interface that change the total internal re-

flection, scattering inside the core that changes the photon incident angle, making it no

longer suitable for total internal reflection and re-absorption because of the overlaps

in absorption and emission spectra (figure 2.4). The intensity of the signal S(x) after

a distance x from the scintillation site will follow an exponential function represented

by equation 2.2, where S0 is the initial intensity of the signal at the scintillation site and

λa is the attenuation length (Knoll, 2000).

S(x) = S0e
−x/λa (2.2)

However, in reality, the attenuation as a function of distance does not exactly follow

equation 2.2, because the probability of attenuation per path length is not constant.
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Figure 2.6 shows graphically the natural logarithm of the ratio S(x)
S0

. The attenuation

length is shorter at small distances and increases at larger distances. The main reason

is the preferred attenuation of shorter wavelengths, i.e. photons of higher energy. The

consequence of the preferable absorption of shorter wavelength implies that the aver-

age spectrum of light at the end of a long fiber relative to the fiber’s attenuation length

will be shifted towards the longer wavelengths.

FIGURE 2.6: Natural logarithm of the normalized signal intensity as a
function of the distance traveled in the fiber. The attenuation is higher
at shorter distance because of the larger attenuation of short wavelength.
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Chapter 3

Positron Emission Tomography

Positron emission tomography (PET) is a non-invasive imaging modality used to ob-

tain three dimensional images of organ functions. A solution containing radioactive

molecules that can be followed in the organism, is injected in the patient and the

scanners records the distribution of the tracer in the patient body. The radioactive

molecules are known as radiotracers. This chapter will cover the basics of PET, like the

detection mechanism in PET, the different application areas and the acquisition modes.

3.1 PET detection and image formation

The simultaneous emission of collinear photons with an energy precisely equal to 511

keV after the positron annihilation is the most important concept in PET. Due to the

energy of the photons, not all photon interactions described in chapter 1 play a role in

PET. Compton scattering is the predominant interaction at 511 keV in the patient, but

photo-electric effect and Rayleigh scattering are also possible at this energy. PET detec-

tors have a large effective atomic number to increase the probability of photo-electric

effect in the detector, increasing the energy resolution. Those detectors are typically

inorganic scintillators crystal coupled with PMTs, as described in chapter 2.3.1 and

2.3.3.
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When the two photons are simultaneously detected, it is possible to confine their point

of emission in the volume defined by the space between the two detectors, as illus-

trated in the figure 3.1. This volume is called a line of response (LOR). To be consid-

ered coincident events, the detectors must record the events within a coincidence time

window, which depends on the detector material and the electronics. The coincidence

time window is usually between 6 and 12 nanoseconds (Cherry, Sorenson, and Phelps,

2012a).

FIGURE 3.1: The detection volume for the two detectors is determined
by the shaded area. Both detectors need to record an event during the
same coincidence window in order to keep the event. Figure from Cherry,

Sorenson, and Phelps, 2012a.

To image a patient inside the scanner, several LOR are formed in the ring of detectors

that constitute the PET scanners, as seen in figure 3.2. When detected events are con-

sidered to be in coincidence, the energy deposited in the detector is checked against

the 511 keV theoretical value. If the energy is lower, it means the detected photon

was scattered. The value of the energy threshold is on the order of 75 keV for NaI(Tl)

(Cherry, Sorenson, and Phelps, 2012a) and directly affects the spatial resolution. With

a higher threshold, more scattered photons are rejected, but the detection sensitivity

also decreases. With a lower threshold, the spatial resolution is degraded, but the
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sensitivity is increased. NaI(Tl) detectors have an energy resolution on the order of

7%, while Ge(Li) can be as good as 0.4%, because Ge(Li) scintillator generate 33 times

more photo-electrons per eV deposited (Cherry, Sorenson, and Phelps, 2012b). There

are other factors affecting the spatial resolution in PET. The width of the detector is

determined for a compromise between spatial resolution and detection sensitivity. For

photons emitted away from the center of the scanner, the width of the detector appears

larger because of the detector’s thickness. This is known as depth-of-interactions ef-

fect and decreases the spatial resolution (Cherry, Sorenson, and Phelps, 2012a). As

explained in section 1.3.3, the range of the positron and the non collinearity of the

gamma emission also degrade the spatial resolution.

When events meet the criteria of coincidence and energy, the LOR is recorded as a

function of its angle and position. The sum of all LOR events is called a sinogram. A

reconstruction algorithm is used to convert the sinogram into an image of the radio-

tracer distribution. The two most common reconstruction algorithms are: filtered back

projection and iterative reconstruction. More details on these techniques can be found

in Khalil, 2010a.

3.2 PET radiotracers and applications areas

All positron emitting radionuclides are suitable for PET studies. However, to follow a

specific function in the body, the radionuclide must radiochemically be attached to a

molecule that accomplishes the desired function (Cherry, Sorenson, and Phelps, 2012c).

Table 3.1 shows the main radioisotopes used in PET.

Fluorine is not found in the biological system, but its chemical properties allow it to

substitute a hydrogen atom or a hydroxyl group, which are common in many biologi-

cal molecules. 18F is most commonly added to a glucose molecule to form [18F]-fluoro-

2-deoxy-2-D-glucose (FDG). It is used in most cancer metabolism studies. When tumor
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FIGURE 3.2: Ring configuration of a PET scanners with the corresponding
LORs between opposing detectors. Note that one detector can have a LOR
with multiple detectors. Figure from Cherry, Sorenson, and Phelps, 2012a.

TABLE 3.1: Half-life, mean and maximum values for energy (Emean and
Emax) and mean and maximum values of range (Rmean and Rmax) in water
of commonly used β+ emitters. Values from Champion and Le Loirec,

2007

Isotopes Half-life (min) Emean (keV) Emax (keV) Rmean (mm) Rmax (mm)
18F 109.8 252 635 0.66 2.633
11C 20.3 390 970 1.266 4.456
13N 9.97 488 1190 1.730 5.752
15O 2.07 730 1720 2.965 9.132
68Ga 68.1 844 1899 3.559 10.273

cells develop, they have a higher mitotic rate than normal cells and require more en-

ergy. Tumor cells prefer the anaerobic pathway to produce their energy in the form of

adenosine triphosphate (ATP), leading to an increase in glucose consumption. FDG is

actively transported in the cells the same way as regular glucose, but metabolization

cycle will stop after phosphorylation and the FDG will accumulate inside the cells as

FDG-6-phosphate (Khan et al., 2011). The only way FDG-6-phosphate can exit the cell

is if it recombines back to FDG, but this only occurs after roughly 1.5 hours, which is

longer than most FDG scans. Even if the glucose molecule is phosphorylated before

the 18F atom decayed, the emission of positron will occur inside the cell since the 18F
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atom is trapped inside (Bentourkia, 2010).

Carbon, nitrogen and oxygen are key components of biological systems. 11C-methionine,

a marker of amino acid uptake, is used in oncology since most brain tumors show an

increase in protein synthesis and amino acid uptake (Derlon et al., 1989; Weber et al.,

2000). 13N-ammonia is used in cardiology applications, as it is a tracer for myocar-

dial blood flow. Its fixation in the myocardium is a metabolic pathway, and changes

in hemodynamics of the heart will alter the uptake of 13N-ammonia (Schelbert et al.,

1981). 15O can be added to a water molecule and the resulting H2
15O molecule can be

injected as a freely diffusing radiotracer to assess cerebral or tumor blood flow (Mintun

et al., 1984).

Finally, 68Ga has the advantage that its production does not require a cyclotron. It can

be extracted from a 68Ge-68Ga generator, the same way as 99mTc (Hnatowich, 1977).

68Ga is an interesting positron emitter not only due to its simpler production method,

but also for its chemical properties. For example, it can be used to label prostate-

specific membrane antigens, which have increased expression on prostate cancer cells

(Afshar-Oromieh et al., 2013).

3.3 Acquisition modes for PET

3.3.1 Static acquisitions

A PET scan acquisition can be either static or dynamic. In a static scan, the distribution

of the tracer is recorded over the entire length of the scan, resulting in a single image

frame at the end. Static scans are usually performed for cancer diagnostic and staging,

based on the relative tracer uptake (Muzi et al., 2012). To characterize the relative tracer

uptake, the standardized uptake value (SUV) is used. SUV is a semi quantitative value

due to its lack of units and it is calculated as (Thie, 2004):
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SUV =
CPET

D/w
(3.1)

In this equation, CPET is the mean intensity in the region of interest (ROI) on the PET

image (in Bq/kg) corrected for radioactive decay, D is the total dose injected (in Bq) and

w is the weight of the patient (in kg). The advantage of the SUV is that it is a fast and

simple method. On the other hand, it does not account for the different distribution

between tissue and fat, nor partial volume and spillover effect (Khalil, 2010b) in the

ROI. Moreover, there is no distinction between blood and tissue in the ROI. Finally,

when using the SUV, the concentration of the tracer is approximated to be in a steady

state over the entire time of the scan. This approximation is not realistic, which adds

uncertainties in CPET (Bentourkia, 2010).

3.3.2 Dynamic acquisitions

When data for the same volume are obtained for different time intervals, the scan is

considered dynamic. The result of the scan is a movie that follows the radiotracers

distribution for the entire length of the scan. The advantages of dynamic scans include

a better assessment of the tracer uptake throughout the scan and the possibility to

extract quantitative information on the biological process studied with the tracer. The

biological process can be the determination of the cerebral blood flow, the assessment

of tumor perfusion or the measurement of absolute glucose metabolism. With dynamic

scans, the value of the activity concentration in a voxel or a ROI at each time frame is

obtained. A typical timing sequence for a dynamic PET study with 18F is: fifteen 5 s

acquisitions, five 15 s, five 30 s, four 60 s, four 3 minutes and finally nine 5 minutes

acquisitions (Muzi et al., 2012). Because of the relatively short half-life of 18F, short

acquisitions at the beginning will have a similar signal-to-noise ratio (SNR) than longer

acquisitions towards the end. Plotting the activity concentration as a function of time
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results in time-activity curves (TAC). Figure 3.3 shows an example of the TAC from

different regions in the brain (Erlandsson, 2010).

One of the most popular methods to obtain quantitative information from the TAC is

to use a mathematical model to describe the variations in the TAC. Most models con-

sist of a compartmental analysis where the different compartments represents different

regions, such as the vascular compartment, the extracellular space compartment or the

intracellular compartment. The earlier models were described by Carson (1991). This

type of analysis is called pharmacokinetic modeling. The following chapter will de-

scribe how the TAC is analyzed within the compartmental model and how the results

of this analysis are related to the previously mentioned biological processes.

FIGURE 3.3: Time-activity curves (TAC) for different regions of the brain:
Frontal cortex (FC), striatum (Str), temporal cortex (TC), thalamus (Tha)

and white matter (WM). Figure from Erlandsson, 2010.
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Chapter 4

Pharmacokinetic modeling

4.1 The compartmental model

This type of pharmacokinetic model assumes the radiotracers in the body are in distinct

compartments. Figure 4.1 represents a basic three compartment model. The rate at

which the concentration changes in a compartment is proportional to the concentration

in the neighboring compartments and a first order rate constant. Mathematically, it can

be represented by differential equations as:

d

dt
Ci(t) =

N
∑

j=1

[kij · Cj(t)− kji · Ci(t)] (4.1)

In equation 4.1, Ci is the concentration of the radiotracers in the compartment i, N is

the total number of compartments in the model and kij is the transfer constant from

compartment j to compartment i. The rate constants are denoted with a single index

and have units of min−1, except for the blood-to-tissue rate constant, known as the

clearing term, which is in units of blood flow: mL of blood or plasma per minute per

mL of tissue. These models are solved using the Laplace transform method (Erlands-

son, 2010). As an example, the three compartments model for FDG pharmacokinetics

analysis developed by Phelps et al., 1979 is described below. Figure 4.1 shows schemat-

ically the transfer of FDG molecules through the compartments. Based on equation 4.1,



Chapter 4. Pharmacokinetic modeling 32

FIGURE 4.1: Schematic of a three compartment model. The concentration
of radiotracers (black dots) in each is dictated by the transfer rate constant
K1 to k4 in this case. CP is the concentration in the plasma, Cf is the free
FDG concentration and Cm is the metabolized FDG concentration. CPET

is the concentration given by the PET image.

the rate of change for the free (Cf ) and the metabolized (Cm) compartments are:

d

dt
Cf (t) = K1CP (t)− (k2 + k3)Cf (t) + k4Cm(t) (4.2)

d

dt
Cm(t) = k3Cf (t)− k4Cm(t) (4.3)

The equations 4.2 and 4.3 are solved using the Laplace transform (more details in Er-

landsson, 2010). The following solutions are obtained:

Cf (t) =
K1

α2 − α1

[(k4 − α1)e
−α1t + (α2 − k4)e

−α2t]
⊗

CP (t) (4.4)

Cm(t) =
K1k3

α2 − α1

(e−α1t − e−α2t)
⊗

CP (t) (4.5)



Chapter 4. Pharmacokinetic modeling 33

Where the
⊗

symbol represents a convolution and CP is the concentration of radio-

tracers in the plasma in the case of FDG modeling. The constants α1 and α2 are combi-

nations of k2, k3 and k4 defined as:

α1 =
k2 + k3 + k4 −

√

(k2 + k3 + k4)2 − 4k2k4

2
(4.6)

α2 =
k2 + k3 + k4 +

√

(k2 + k3 + k4)2 − 4k2k4

2
(4.7)

As depicted in figure 4.1, the results from the PET images is CPET , which is the sum

of Cf , Cm and an unknown fraction of CP . This fraction of blood vessel is called the

tissue vascular fraction and is denoted by a fifth constant, k5, a unit less number. CPET

can therefore be expressed as:

CPET =
K1

α2 − α1

[(k3 + k4 − α1)e
−α1t + (α2 − k3 − k4)e

−α2t]
⊗

CP (t) + k5CP (t) (4.8)

A summary of the elements needed to perform a pharmacokinetic analysis on PET

images are shown in figure 4.2. Equation 4.8 constitute a problem with essentially

three variables. CPET is obtained from the PET images and the transfer rate constants

"k" are obtained from a least-square fitting algorithm of equation 4.8. Therefore, CP ,

known as the arterial input function (AIF) must be obtained prior to the mathematical

analysis.

4.2 Arterial input function

The AIF is either the concentration of the radiotracer in the whole blood (such as

H2
15O) or in the plasma (such as FDG). The clinical standard to determine the AIF
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FIGURE 4.2: Diagram showing the data needed to do pharmacokinetic
analysis on PET images. The pharmacokinetic parameters are obtained
from a pharmacokinetic model applied to the blood TAC and the tissue

TAC. The two TACs are both present in the PET image under CPET .

is to acquire blood samples through invasive manual or automatic blood sampling

methods during the PET scan. Manual blood sampling consists in withdrawing blood

at different time points from an artery or a vein and then further analyze the samples

to obtain the activity and the tracer concentration. Just as the dynamic images (see

section 3.3.2), more blood samples are acquired at the beginning of the scan. How-

ever, this comes with several disadvantages including: important discomfort to the

patient with the risk of hematoma, swelling and thrombosis (Jons et al., 1997), the risk

of exposing the medical staff to diseases and ionizing radiation as well as the risk of

radioactive contamination. Additionally, unless the blood sampling rate is very high,

delays and dispersion in the measured activity versus the true activity are expected. A

more precise description of the technique can be found in Greuter et al., 2003. To sim-

plify the blood sampling workflow, automated sampling was introduced. The blood

from an artery is continuously pumped through a catheter that passes through a radia-

tion counter, measuring directly the activity. Despite reducing the risk of exposing the

medical personnel to potentially significant radiation dose, automatic sampling will
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always have contamination from the previous blood and this introduces a dispersion

of the AIF that is not a representation of the reality. In addition, due to the catheter

length, there is a difference between the arrival of the blood in the detector and in the

tissues. Detailed information on automated blood sampling techniques are given by

Boellaard et al., 2001. Figure 4.3 shows the steps and the equipment needed when

sampling blood manually and with an automated system. Consequently, alternative

non-invasive sampling approaches are being considered to determine the AIF in a way

that would reduce patient discomfort, lower the risks presented to the personnel, and

aid in calculating the kinetic information from a PET scan.

FIGURE 4.3: Work flow and equipment needed for manual and automated
blood sampling to obtain the AIF. Figure taken from the University of

Manchester Wolfson Molecular Imaging Center

4.3 Current non-invasive techniques

A simple way to obtain the AIF would be to directly use a region filled with blood

on the PET images, for example the left ventricle or a large artery such as the aorta

(Feng et al., 1997). This method eliminates the need for blood sampling and calibration
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of the samples’ radioactivity. But due to the poor spatial resolution available in PET,

partial volume effect and spillover (Khalil, 2010b) will introduce errors in the AIF (Lin

et al., 1995). Also, the timing resolution is determined by the acquisition time of each

frame, which needs to be long to collect enough annihilation photons and is too slow

to accurately represent the AIF’s peak. In addition, a study by Zanotti-Fregonara et

al., 2009 on FDG concluded that none of the eight methods used to obtain the image-

derived input functions provided a reliable quantification of cerebral metabolic rates

of glucose. Finally, for this technique to work, the heart or large enough arteries must

be in the FOV, which is not always possible, especially in brain studies.

Another method consists in using a population based AIF, derived from previous

blood samples from many patients (Takikawa et al., 1993). For individual patients,

this general AIF is normalized with one blood sample. The main drawbacks of this

technique are the omission of biological differences between patients and the obliga-

tion to perform all PET scans under similar conditions and protocols.

Several research groups have developed detectors to measure the AIF non-invasively..

Litton and Eriksson, 1990 developed a transcutaneous detector placed on the surface

of the skin over the carotid artery. Watabe et al., 1995 placed two plastic scintillators on

the wrist, one over the radial artery to record the AIF and one over tissue to measure

the background radioactivity that would be subtracted from the AIF. Yamamoto et al.,

1999 used a beta camera placed over the radial artery to obtain the AIF from the images

taken by the camera. The same group then worked on a tweezer detector based on a

pair of inorganic scintillators (LSO crystals) recording coincidence counts, coupled to

optical fibers (Yamamoto et al., 2005). Villanueva et al., 2003 used a wrist detector sim-

ilar to Watabe et al., 1995, but used LSO crystals to detect annihilation photons and

have enough signal to extract the AIF from image derived input function techniques.

Pain et al. 2000; 2002; 2004 developed a β+ micro probe for measurements in animals.

The probe consists of a small piece of scintillating fiber, coupled to a clear optical fiber
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and could be inserted in a region of the rat’s brain to monitor directly the radioactiv-

ity, without the need of a small animal PET scanner. The probe could also be placed

in the rat’s femoral artery and measure the AIF directly. A second probe needed to be

placed on the skin’s surface next to the artery to account for background radiation from

annihilation photons. This group also used Monte Carlo simulations to calculate the

effective volume of detection of their probe and discovered that the orientation and the

position of the probe inside the artery affected the measured AIF. Kriplani et al., 2006

developed a wrist scanner based on LSO crystals, that could distinguish between arte-

rial and venous signal on the images it acquired. Lee et al., 2008 improved the design

from Pain et al. to make it useful in the human arm by eliminating the clear fiber and

coupling the scintillating fiber directly to a PMT. In addition, an algorithm was devel-

oped allowing them to remove the second probe used to subtract the background from

the AIF measurements. The drawback with most of the detectors presented above is

the significant undesirable signal of positrons coming from the veins and surrounding

tissues as well as annihilation photons coming from the entire body, resulting in a low

SNR (Feng et al., 1997).

4.4 Objectives

The aim of this project was to develop and characterize a cost-effective and non-invasive

alternative for measuring the AIF using scintillating fibers for positron detection. The

detector will be placed on the wrist of the patient in a spaced curved pattern, for exam-

ple an S-shaped pattern or circular loops similar to wristlets, and subsequently mea-

sure the AIF through detection of emitted positrons passing through the radial and

ulnar arteries. Ideally, the detector would be independent of, but compatible with PET

and PET/MRI (magnetic resonance imaging) and will also be portable. The detector

will also distinguish the arterial signal and the background coming from veins and
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surrounding tissues, which will improve the AIF measurement. If successful, this de-

tector would provide accurate AIF measurements and eliminate the discomfort felt by

the patient as well as the hazards faced by the personnel.

Nowadays, dynamic PET imaging is almost exclusively used as a research tool, par-

tially due to all the requirements for determining the AIF. A non-invasive detector that

provides an AIF at least as good as invasive blood sampling will allow more centers

to perform dynamic imaging in a clinical setting as well as decrease the ethical burden

on clinical trials.
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Chapter 5

Methodology

5.1 Detector set-up

Figure 5.1 is a representation of the prototype dual readout set-up. The scintillating

fiber, with a core of polystyrene (BCF-12, Saint-Gobain), is covered by a black protec-

tive tubing (7.2 µm thick, Vention Medical). Scintillating fibers emit light when they

absorb energy from ionizing radiation. In BCF-12, the emission spectrum ranges from

385 nm to 5575 nm, with a peak emission at 435 nm. The scintillating fiber is coupled

at both ends to a 11 meter transmission fiber with a core of PMMA (Eska, Mitsubishi).

Table 5.1 lists several properties for the scintillating and transmission fibers. Each end

of the transmission fibers is connected to a PMT (H6779, Hamamatsu) and the PMTs’

outputs are monitored simultaneously with an oscilloscope (DSO-X 2012A, Keysight)

without amplification. The oscilloscope signal is recorded with an instrument driver

directly in Matlab.

When the radioactive tracers are passing through the radial and ulnar arteries, a per-

centage of their emitted positrons will be able to exit the patient and reach the detector,

as the maximum range of positrons used in PET (table 3.1) is larger than the depth

of the radial artery (average of 1.99 ± 0.99 mm (Lee et al., 2016)). When the positron

interacts with the scintillating fiber, scintillating photons are emitted isotropically and
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FIGURE 5.1: Schematic representation of the dual readout detector.

travel toward the PMT. The total number of photons detected with the PMT will de-

pend on its quantum efficiency, the coupling efficiency between the transmission fiber

and the scintillating fiber, the fraction of scintillating photons that are trapped by to-

tal internal reflection in the BCF-12 fiber and finally, on the attenuation in both fibers

(Beddar et al., 2003; Archambault et al., 2005).

5.2 Attenuation measurements

Since the emission and absorption spectra of plastic scintillating fibers overlap (Knoll,

2000), it is necessary to measure the attenuation of the light signal as a function of

distance traveled in the scintillating fiber. A 2.5 cm radius 137Cs (186.5 kBq) gamma

source was positioned each 10 cm along the fiber axis. For each position, ten 5 ms

waveforms with a sampling rate of 12.5 MHz were acquired with the oscilloscope.

Each waveform is integrated, and the individual sums are then averaged. To account

for the background level, ten measurements without the source were made and the

average background level subtracted to the signal. These measurements were first
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TABLE 5.1: Properties of scintillating and transmission fibers. Data ob-
tained from the Saint-Gobain and ESKA.

Characteristic BCF-12 Eska GH4001
Core material Polystyrene PMMA

Core density 1.05 g/cm3 1.2 g/cm3

Core refractive index 1.60 1.49

Cladding material PMMA Fluorinated Polymer

Cladding refractive index 1.49 N/A

Diameter, with cladding 1.00 ± 0.02 mm 1.000 mm

Numerical aperture 0.74 0.5

1/e attenuation length 270 cm 5101 cm

Emission peak 435 nm -

Scintillation decay time 3.2 ns -

# of photons / MeV ≈ 8000 -

done in a similar manner as Saint-Gobain does to test their fibers (Saint-Gobain, 2005).

A 3.0 m long scintillating fiber directly coupled to a PMT in a single readout set-up

was excited with the 137Cs source at distances between 1 to 3 m. The attenuation of the

signal was modeled with an exponential function (Knoll, 2000):

S1 = A · e−x/λa (5.1)

Where S1 is the PMT signal, x is the position of the 137Cs source, λa is the 1/e attenua-

tion length of the scintillating fiber and A is a normalization constant.

For the dual readout set-up, two detectors were tested, one with a 1.5 m scintillating

fiber and the second with a 3.0 m scintillating fiber. The gain of each PMT needs to

be adjusted to obtain approximately an equal output for an excitation at the center

position on the scintillating fiber. To eliminate the possible differences in the excitation

source intensity between each point, the ratio of the output at each PMT was used.

The ratios where normalize to be 1 at the center position. The ratio of the PMTs’ output

(S1/S2) should follow a decreasing mono exponential with the form:

S1

S2

= e−2x/λa (5.2)
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In equation 5.2, x is the position of the 137Cs source with x = 0 at the center of the fiber

and λa is the 1/e attenuation length of the scintillating fiber. Because the scintillation

light generated by the 137Cs source is weak, this measurement was also performed with

a UV lamp (36 W), which produced a much larger and constant light signal.

5.3 Bending losses

As shown in figure 5.1, the scintillating fiber is wrapped around the patient’s wrist

to increase the detection area. Bending the fiber can change its shape and reduce the

detector efficiency (Chung and Margulies, 1995b). To evaluate this, the difference in

output at each PMT was measured for a fixed excitation point at one end of the scin-

tillating fiber and different loop diameters in the fiber, as shown in figure 5.2. Because

of the finite length of the scintillating fiber in the detector and to make sure the excita-

tion source did not introduce signal inside the loop, there was only one loop for each

measurement. The signal was acquired in the same way as described in the previous

section. The measurements were also made with the UV source. The losses L were

calculated as:

L =
R0 −R

R0

· 100 (5.3)

Where R0 is the ratio of the output at PMT2 over the output at PMT1 when the fiber is

straight and R is the same ratio for different bending radii of the scintillating fiber.

5.4 Phantom measurements

In a clinical situation, the detector must be able to detect the positrons from a PET

radionuclide. To simulate a clinical scenario, a cylindrical wrist phantom (diameter

of 64.1 mm and height of 64.8 mm) made of polyethylene (density: 0.94 g/cm3) , with
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FIGURE 5.2: Set-up for the bending losses measurement. The total length
of the scintillating fiber (blue) is constant for each loop. The position of

the excitation source is also kept constant.

holes drilled in it to mimic blood vessels, was built. The holes have a diameter of 3.25

mm and sit at a depth of 2 mm. The dimensions were verified with transverse MRI

images of the wrist. Polyethylene and soft tissue have similar attenuation coefficients

for 500 keV photons, with 0.106 cm−1 and 0.096 cm−1 respectively (Hubbell and Seltzer,

1996) and similar stopping power for positrons in the range of energy relevant to PET

(Berger and Seltzer, 1983). The scintillating part of the detector was wrapped five times

around the phantom.

A 1.5 m long plastic tube was used to mimic a blood vessel and was positioned in a

manner to have the radioactive solution passing through the phantom and exit into a

waste bottle that was shielded as shown on figure 5.3. The two radionuclides available

for this study are 18F and 11C. The radioactivity concentration for their solution was

respectively 7.4 MBq/ml and 3.7 MBq/ml. Their half-life, the maximum and mean

positron energy and range in water are displayed in table 3.1. The longer range of
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positrons from 11C makes it a good subject for the detector and 18F is the most com-

monly used radionuclide in PET. The radioactive solutions are injected as a pulse in-

side the phantom to mimic the first passage of the input function in the arteries. The

response of the detector is monitored with the oscilloscope recording 5 ms waveforms

with a rate of 2.87 waveforms per second. The signal from each waveform is integrated

over the entire 5 ms. The acquisition for the 18F solution lasted 4 minutes and 15 sec-

onds and the 11C lasted 1 minute and 56 seconds. The background level was subtracted

from the signal as described previously.

FIGURE 5.3: Representation of the phantom with a tube imitating a blood
vessel. The radioactive solution is injected through the tube and collected

in a waste recipient shielded from the detector.

In addition to the simple input function, the response to different levels of radioactivity

is measured with the solution of 11C. Its 20.3 min half-life makes it a good candidate to

measure its decay over a relatively short period of time. 3.02 MBq of 11C were inserted

inside the phantom and a 5 ms waveform was acquired every 1.4 seconds for a total

time of 1 hour, 24 minutes and 31 seconds. The decay constant for 11C was extracted

from an exponential fit of the data with Matlab.
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Chapter 6

Results

6.1 Attenuation measurements

Figure 6.1 displays the intensity of the PMT output for the single readout scintillating

fiber excited by the 137Cs source. The black squares are the average of the 30 measure-

ments at each position of the source. The vertical lines represent the standard error on

the mean of the 10 measurements. The solid lines are the boundaries defined by the

root mean square error (RMSE) on the fit of equation 5.1. The attenuation length ob-

tained from the fit of the data is 278 ± 49 cm. The dashed curve in figure 6.1 is equation

5.1, with λa = 270 cm, which is the attenuation length specified by Saint-Gobain, and A

= 1954, the same normalization constant as the experimental data.

Figure 6.2 shows the attenuation length measurements for the 3.0 m detector with the

137Cs (figure 6.2-A) and UV source (figure 6.2-C). Figure 6.2-B and figure 6.2-D are also

the 137Cs and UV source excitations respectively, but for the 1.5 m detector. The leg-

end is the same for each panel. The ratio PMT1 over PMT2 is displayed in red, and the

inverse in blue. The filled circles are the average of 10 measurements done at each posi-

tion. The vertical lines are the uncertainties for the 10 measurements, calculated using

the quadratic sum of the relative uncertainties on each PMT output (Taylor, 1997). The

uncertainties do not show on the UV measurements, as they are too small. The dashed

curves are exponential curves from equation 5.2 with λa = 270 cm, the attenuation
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Chapter 7

Discussion

7.1 Detector assembly

The method to manufacture the dual-readout detector was developed at Denmark

Technical University and Riso National Laboratory by Dr. Gustavo Kertzscher. It is

an inexpensive and simple method that does not require sophisticated and expensive

laboratory equipment or intensive training. This will allow an easy implementation

of the detector in any institution acquiring dynamic PET images. To protect the in-

tellectual property of the manufacturing methods, the details of the technique are not

presented in this thesis.

Plastic scintillating fibers were preferred to inorganic scintillator for two reasons. First,

plastic fibers are flexible and can be wrapped around the patient’s wrist. Second, scin-

tillating fibers decay constants are on the nanosecond scales (BCF-12 is 3.2 ns), while

most commonly used inorganic scintillators decay constants are more than hundreds

of nanoseconds (NaI(Tl) is 230 ns) (Knoll, 2000).

For the detector developed in this thesis, BCF-12 scintillating fiber (Saint-Gobain, France)

was used as the sensitive part. Its core is made of polystyrene. It was considered as

a prime candidate due to its negligible dependency on temperature, memory effect,

constant sensitivity and a high spatial resolution (Beddar et al., 2003; Beierholm et
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al., 2008). We chose BCF-12 over BCF-60 due to its ability to generate a larger sig-

nal and because the blue light produced in the BCF-12 is more attenuated than green

light produced in the BCF-60. This is required to maximize the positional resolution

for dual read-out detectors. Saint-Gobain has a clear transmission fiber with a core of

polystyrene (BCF-98), but the Eska fiber since its core is made of PMMA, which is more

robust than polystyrene and known to minimize fluorescent light generation, reducing

unwanted background (Boivin et al., 2015). Polystyrene is also known to attenuate vis-

ible light more than PMMA.

The light detection device converting the scintillation signal to an electrical signal is

a PMT module, model H6779-03. Silicon photomultipliers (SiPM) are gradually re-

placing PMTs in nuclear medicine applications. Compared to classic PMT, SiPMs offer

high gain, high photon efficiency, low operation voltage and can act as digital photon

counters due to their excellent timing properties (Gundacker et al., 2012). SiPMs are

also approximately 10 times less expensive than PMTs.

The oscilloscope is not the ideal system to record the pulses from a light detection de-

vice. On one hand, the fast sampling rate allows accurate modeling of the electrical

signal from the PMT without altering the waveform. On the other, it cannot record

the complete signal. It took ≈ 400 ms to record a 5 ms waveform on the computer.

The counting of the individual pulses was investigated using the oscilloscope and the

5 ms waveform. A Matlab function was developed to identify peaks with a minimum

height, width and distance from each other. This method yielded similar results as the

integration of the waveform, but since it is not possible to acquire the data continu-

ously, the small number of peaks on each waveform resulted on higher uncertainty.

Until a continuous acquisition method is implemented, the integration of the wave-

form will be used.

Gearhart, 2012 used a digital oscilloscope (Tektronix DP07104) to acquire the entire

signal, but the price is on the order of $50 000, making the detector no longer cost-

effective. In future versions, the analogue oscilloscope will be replaced by compact and
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fast USB digitizer and multichannel analyzers to acquire continuously the signal from

the light detection device and perform pulse shaping analysis to distinguish between

photons and positron interactions.

7.2 Attenuation measurements

The attenuation length for BCF-12 scintillating fiber is provided by Saint-Gobain in

their catalog (Saint-Gobain, 2005). An attenuation length of 270 cm is reported with a

90Sr electron source on a precision track with a servo to control the position to 1 mm.

In their catalog, the company specified that the uncertainty on the measurements is

within 5%, corresponding to ± 8 cm for an attenuation length of 270 cm. The sin-

gle readout measurement in this thesis aims to replicate measurement reported by the

company, but with the available 137Cs source. In their catalog, Saint-Gobain specifies

that the end of the fiber not connected to the PMT is "darkened to eliminate reflec-

tions". In the present case, the reflection could not be eliminated. Therefore, the points

beyond 270 cm in figure 6.1 were omitted, as the reflections generated higher signal.

The reflections also explain the trend of the last points being higher than the curve

plotted using Saint-Gobain attenuation length. The attenuation length obtained with

our set-up does correspond to Saint-Gobain, being 278 ± 49 cm. Because of its large

dimension compared to the fiber (25 mm in diameter versus 1 mm for the fiber), it is

hard to keep the position of the fiber relative to the source constant without a dedicated

precision track, and small a variation in the lateral position of the source can lead to

large variation in scintillation light. Using a dual readout setup, these differences are

eliminated by normalizing the output at one end by the output at the other.

The attenuation length obtained with the dual readout detectors and a 137Cs source cor-

respond to Saint-Gobain value with 277 ± 12 cm and 261 ± 16 cm for the 3.0 m and 1.5

m respectively. However, with the UV light, the attenuation length was overestimated
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to 307 ± 6 cm and 294 ± 8 cm. Panel C in figure 6.2 clearly shows the divergence be-

tween the experimental data and the curves with the attenuation from Saint-Gobain.

On panel D, the length of the detector is too short to highlight the difference. Intu-

itively, the attenuation length should be shorter when using UV light, since the shorter

wavelengths are more attenuated, but we observed the opposite. However, the BCF-12

fiber is not pure polystyrene, as it includes the scintillating molecules that absorb the

UV light and emit photoluminescence. As a result, the scenario is more complex, with

the UV light being attenuated and absorb to generate photoluminescence at longer

wavelength. This situation could be further investigated with a different equation for

the attenuation, but since the UV spectrum will be absent in clinical situation, it is

beyond the scope of this work. UV measurement will uniquely be used for a rapid

verification of light transmission in newly built detectors.

The subtraction of the background is also critical to obtain the same attenuation length

as Saint-Gobain. Without it, the signal at the furthest ends of the detector is over-

estimated and the attenuation length is greatly over-estimated. Without background

subtraction, the attenuation length was 434 cm with the 137Cs excitation.

The purpose of using a dual read-out configuration is to determine the position of

the positron interaction in the fiber. The amplitude of the signal from each PMT are

indicative of the number of photons received and depends on the length of the fiber

along which it was transmitted. When taking the ratio of the signal at both ends of the

fiber, the position can be determined with the equation:

x =
λa

2
· ln

(

S2

S1

)

(7.1)

In equation 7.1, the position x is defined at 0 at the center of the fiber, with the positive

values towards S2 and the negative values towards S1. The positions of interaction

are used to identify veins and arteries based on the “first pass” of the radiotracer, to
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determine the rate at which the radiotracers are traveling along the wrist and to deter-

mine the rate of positron emission. Chichester, Watson, and Johnson, 2013 employed

scintillating fiber as radiation survey meter over large areas. This group used the tim-

ing differences between the arrival of a pulse at each end of a 15 m scintillating fiber

to determine the position of the interaction between the radiation and the fiber. The

timing resolution was ≈ 7 ns, corresponding to a ≈ 50 cm spatial resolution for a 1

cm radiation source. In another study, Antonelli, Antonelli, and Barbiellini, 1996 mea-

sured a timing resolution of 0.4 ns for a 4 m scintillating fiber, which could result in

a spatial resolution as good as 3 cm. Finocchiaro, 2012 developed a scintillating fiber

detector to monitor leaks on barrels of radioactive waste. To determine the position

of the leakage, the authors envisage crossing scintillating fibers and determining the

position of the leak by looking at which fibers gave a signal. In the future studies we

will investigate the different methods mentioned above to find the setup with the best

spatial resolution.

Previous studies investigated the attenuation length of scintillating fibers. Amos, Bross,

and Lundin, 1990 and Hawkes et al., 1990 both investigated the difference in the light

transmitted through the cladding and through the core of the fiber. Both studies con-

cluded that the amount of light transmitted through the cladding is higher than inside

the core over the first 50 cm of the scintillator. However, the rays traveling the cladding

attenuate much faster because of their skewness and it is the core light that dominates

at longer distances.

7.3 Bending losses

The smallest uncertainty in measurements obtained with the 137Cs radiation source

is 5.4%, but the largest loss is 4.4%. Chung and Margulies, 1995a also obtained losses

smaller than their measurements uncertainty when investigating bending losses. Since

the light signal from the UV lamp is much higher and constant than the scintillation
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signal from the used weak 137Cs source (186.5 kBq), it is possible to see the relation

between the bending radius and the light loss. A previous study by Chung and Mar-

gulies, 1995b reported bending losses in Kuraray scintillating fibers on the order 1%

for bending radius of 6 cm and larger losses as the bending radius decreased down to

1 cm. In the present work, smaller radius are not useful as a human hand needs to

be slipped inside the loops for the detector to be used on patients. Chung and Mar-

gulies, 1995a also concluded that the attenuation length did not change over 3.5 years

for Kuraray fibers properly stored and the bending losses did not change for fibers

kept bent in coils with 10 turns and a radius of 3 cm for a year. Finally, when (Chung

and Margulies, 1995b) investigated the losses for multiple loops in a 0.965 mm diame-

ter Kuraray fiber, additional losses smaller than 2% for 10 loops with a radius of 3.5 cm

were observed. Therefore, it is fair to conclude that even with five loops in the scintil-

lating fiber, the losses due to the changes in the shape of the fiber will be negligible.

7.4 Phantom measurements

The increase in signal as the solution arrive in the phantom can be seen with both

radioactive solution. The slopes on the side of the step function comes from the finite

time required to detect the entire solution. The better SNR when measuring 11C can

be explained with the longer range of its positrons. The maximum range of positrons

from 11C is 4.456 mm, in contrast to 2.633 mm for the 18F. The increase in SNR confirms

that it is easier to detect isotopes emitting positrons of higher energy, and therefore

longer range. Other commonly used radionuclides in PET such as 13N, 15O and 68Ga,

have even longer maximum range for their positrons, 5.752 mm, 9.132 mm and 10.273

mm respectively. Future work will include repeating the phantom measurements with

these radionuclides to further investigate the detector sensitivity.

Shokouhi et al., 2003 made a similar measurement with LSO crystals to image the sig-

nal in a wrist phantom. The edges of their square input functions were less sharp than
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the one presented with the detector developed in this thesis. The authors do not spec-

ify the time it takes their detector to generate images, but they state: "Here the activity

was allowed to decay in place in the tubing to simulate an image with a long acquisi-

tion time". Because PET images are acquired with a long enough time to increase the

SNR, it is fair to assume that their time resolution is slower than 2.87 points per second.

When the electronics for the detector developed in this thesis will be optimized to have

continuous readings, the timing resolution will be even better, which is crucial to have

a precise definition of the AIF peak.

In the future, a wrist phantom with a pump will be developed to simulate the circula-

tion of blood and the dispersion of the AIF as it travels through the blood vessels.

The measured decay constant of (5.63 ± 0.09)·10−4 s−1 corresponds to the accepted

value of 5.6814·10−4 s−1. If the background levels are not subtracted, it results in an

under-estimation of the decay constant. The decay constant without background sub-

traction is (3.00 ± 0.05)·10−4 s−1. The response of the detector needs to be evaluated

for activity concentrations even lower than what was used in this study, as the final

activity concentration for figure 6.4 is 0.17 MBq/ml, and the blood activity concentra-

tion in PET studies is around 0.09 MBq/ml according to Villanueva et al., 2003. With

a continuous reading, the sensitivity might be increased enough to allow for a better

representation of lower radioactivity concentrations. Other alternatives to increase the

sensitivity are to use light detection devices with higher gain or efficiency or even to

use amplifiers after the light detection device.

7.5 Plasma and whole-blood activity

The detector only offers a measure of the relative concentration of activity. As stated by

Pain et al., 2004 and Lee et al., 2008, the sensitivity of a radiation detector will depend

on the size and the depth of the radial and ulnar arteries. Therefore, the relationship

between the detector signal and absolute radioactivity concentration will be different
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for each patient. Most studies on non-invasive determination of the AIF use a late

blood sample to normalize their AIF (Watabe et al., 1995; Yamamoto et al., 1999; Pain

et al., 2004; Kriplani et al., 2006). With their detector, Kriplani et al., 2006 measured

the detector’s efficiency to be 0.108 count per second (cps) per Bq/ml injected (4 cps

per nCi/cc, as specified in the article), resulting in a measured peak activity concentra-

tion of 10.36 kBq/ml (280 nCi/cc). However, with manual sampling, the paper states a

peak activity concentration of 40.7 kBq/ml (1100 nCi/cc), proving the need for normal-

ization. Just as with the PET data, the AIF will need to be corrected for the radioactive

decay of the tracer. Additional corrections for delay between the response in the radial

and ulnar arteries and the response in the studied tissue, such as the brain in cerebral

blood flow study, might be needed. This correction is also needed when performing

manual blood sampling. A correction method using an inverse Laplace transform was

proposed by Iida et al., 1986.

When recording the AIF in the arteries, it is the concentration of activity in the whole

blood volume that is measured. This is fine for radiotracers like H2
15O which freely

diffuse in the entire volume, but as mention earlier, the pharmacokinetics of FDG re-

quires the plasma activity concentration. For manual blood sampling, the samples

are centrifuged to separate the plasma from the other components and its activity di-

rectly measured. For automatic blood sampling, the standard is to multiply the input

function with the ratio of plasma to whole blood radioactivity. This ratio is obtained

through manual blood sample for several subjects and a population based correction

curve is derived (Pain et al., 2004; Dhawan et al., 1994; Weber et al., 2002). However,

these studies were performed on rodents where, according to Ashworth et al., 1996,

the plasma to whole blood ratio changes over time, in contrast to humans. Therefore,

the late blood sample needed for quantifying the absolute radioactivity concentration

can also serve to determine the plasma to whole blood ratio when the study requires

it.
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7.6 Cerenkov radiation

When working with optical fibers and ionizing radiation, an additional background

contribution can be observed. When a charged particle travels faster than the speed

of light in a medium, it emits light known as Cerenkov radiation (Jelley, 1955). With

BCF-12, the threshold energy for electrons and positrons to generate Cerenkov radia-

tion is 144 keV (Pain et al., 2002). The positrons and secondary electrons generated by

the 511 keV photons will be able to generate Cerenkov radiation, adding an unwanted

background to the scintillation signal. Many studies with optical fibers in the fields

of dosimetry and radiation detection have investigated the contribution of Cerenkov

radiation. Goulet, Gingras, and Beaulieu, 2011 used a plastic scintillator array to mon-

itor the opening of a linac’s multileaf collimator. The Cerenkov contribution was con-

sidered negligible since no clear optical fiber was directly in the radiation beam’s path

and the amount of Cerenkov light produced per unit length of irradiated plastic is very

small compared to the scintillation light signal. In their study of a β+ microprobe, Pain

et al., 2000 measured that 90% of the Cerenkov radiation only yields 1 photoelectron,

while the mean value for scintillating signal was 4 photoelectrons. Setting a threshold

above 1 photoelectron allowed them to reduce the Cerenkov component to 0.01% per

millimeter of optical fiber irradiated. In their following study (Pain et al., 2002), the au-

thors measured the effect of Cerenkov radiation by immersing a piece of clear optical

fiber in a uniform 18F solution.

The maximum intensity of Cerenkov radiation is in the UV range. By using an optical

filter with a cut-off at 400 nm, the Cerenkov signal fell to 65%, while the scintillating

signal was kept at 90%. The Cerenkov light from a 4 mm clear fiber was only 7% of the

signal from a 1 mm scintillating tip. With these results and the actual distribution of

radiation interacting with the clear fiber presenting far less background than immers-

ing the fiber in a 18F solution, Pain et al., 2002 conclude that the Cerenkov signal will

not contribute significantly.
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One method to evaluate the amount of Cerenkov radiation is to build a detector with

a polystyrene transmission fiber (BCF-98, Saint-Gobain) instead of the scintillating

fiber. Without scintillating molecules, the only light reaching the PMTs will come from

Cerenkov radiation.
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Chapter 8

Conclusion

This thesis covered the interactions of two types of ionizing radiation: photons and

light charged particles. Different gas filled detectors based on the leaky capacitor, semi-

conductor detectors working as solid-state gas filled detectors and finally scintillation

detectors were presented. Principles of PET as well as the difference between static and

dynamic acquisitions were discussed. The basics of pharmacokinetic modeling based

on compartmental models were introduced. The main limitation of pharmacokinetic

modeling comes from the need to determine the AIF. The problems associated with the

determination of the AIF and the current alternatives were described in chapter four.

The objective of this thesis was to present the work done on a non-invasive positron

detector based on plastic scintillating fibers in a dual readout configuration to monitor

the AIF in PET. The attenuation of the light signal in the scintillating fiber can be ac-

curately measured with the present detector set-up and a 137Cs gamma source. With

improved electronics to record the visible light signal from the scintillation, it may be

possible to monitor individual events and find their point of emission in the scintillat-

ing fiber based on the ratio of the signal at each end of the detector. In accordance with

previous studies, bending the scintillating fiber will only cause negligible signal losses

and the scintillating fiber will not be under enough stress to cause important damage.

The response of the detector to two PET radionuclides (18F and 11C) was tested with

a simple, first pass, input function. The longer range of the positrons emitted from
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11C allows for a less noisy input function to be recorded. The detector was also able

to accurately measure the decay constant of 11C to (5.63 ± 0.09) ·10−4 s−1, which coin-

cide with the accepted value of 5.6814 ·10−4 s−1. This measurement covered activity

concentrations from 3.02 MBq/ml to 0.17 MBq/ml.

The results obtained by the first prototype of the detector are encouraging and demon-

strate that the acquisition of the AIF in dynamic PET imaging can potentially be done

with a non-invasive detector based on scintillating fibers. Future work will include

improvement of the electronics to go from an integrated signal to counting the indi-

vidual pulses of visible light coming from the scintillation process. To distinguish be-

tween positron and gamma ray interactions in the scintillating fiber, pulse shape and

pulse height analysis will be enabled. Other visible light detection device than PMTs,

such as SiPMs, and development of a realistic wrist phantom constructed of a water

equivalent material with arteries and veins, as well as a pumping system to recreate a

circulating blood motion will be investigated. Phantom measurements with additional

PET radionuclide based on 13N and 15O will be performed. Finally, the detector will

be assembled in a sleeve-like cylinder to be tested on patients, as its non-invasiveness

makes it easy to integrate in clinical trials. The AIF obtained with blood sampling will

be compared to the one provided by the proposed detector.
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