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ABSTRACT 
The major advantage of position sensitive radiation detector systems lies in their ability 
to non invasively map the regional distribution of the emitted radiation in real-time. 
Three of such detector systems were studied in this thesis, gamma-cameras, positron 
cameras and CMOS image sensors. A number of physical factors associated to these 
detectors degrade the qualitative and quantitative properties of the obtained images. 
These blurring factors could be divided into two groups. The first group consists of the 
general degrading factors inherent to the physical interaction processes of radiation 
with matter, such as scatter and attenuation processes which are common to all three 
detectors The second group consists of specific factors inherent to the particular 
radiation detection properties of the used detector which have to be separately studied 
for each detector system. Therefore, the aim of this thesis was devoted to the 
development of computational methods to enable quantitative molecular imaging in 
PET, SPET and in vivo patient dosimetry with CMOS image sensors.  
The first task was to develop a novel quantitative dual isotope method for simultaneous 
assessments of regional lung ventilation and perfusion using a SPET technique. This 
method included correction routines for photon scattering, non uniform attenuation at 
two different photon energies (140 and 392 keV) and organ outline. This quantitative 
method was validated both with phantom experiments and physiological studies on 
healthy subjects. 
The second task was to develop and clinically apply a quantitative method for tumour 
to background activity uptake measurements using planar mammo-scintigraphy, with 
partial volume compensation. 
The third stage was to produce several computational models to assess the spatial 
resolution limitations in PET from the positron range, the annihilation photon non-
collineairy and the photon depth of interaction.  
Finally, a quantitative image processing method for a CMOS image sensor for 
applications in ion beam therapy dosimetry was developed.  
From the obtained phantom and physiological results it was concluded that the 
methodologies developed for the simultaneous measurement of the lung ventilation and 
perfusion and for the quantification of the tumour malignancy grade in breast 
carcinoma were both accurate. Further, the obtained models for the influence that the 
positron range in various human tissues, and the photon emission non-collinearity and 
depth of interaction have on PET image spatial resolution, could be used both to 
optimise future PET camera designs and spatial resolution recovery algorithms. Finally, 
it was shown that the proton fluence rate in a proton therapy beam could be monitored 
and visualised by using a simple and inexpensive CMOS image sensor. 
 
Keywords: SPET, PET, CMOS, spatial resolution, photon depth of interaction, 
positron annihilation, positron range, non-collinearity, scatter, attenuation, lung 
ventilation, lung perfusion, breast tumour. 
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1 INTRODUCTION 
 
 
 
 
 
 
 
 
 
1.1 POSITIONAL SENSITIVE RADIATION DETECTORS 

The development of positional sensitive radiation detector devices for scanning 
biological, physiological or physical processes is nowadays one of the most active 
research fields in medical imaging science. New detector technology encloses diverse 
scientific disciplines such as medicine, physics, chemistry and engineering, all sharing 
the same increasing demands for high spatial resolution, low image noise and 
acceptable data processing speed. While low image noise due to improved sensitivity 
can be achieved only by hardware optimisation, image spatial resolution may also be 
improved by digital image processing. For this purpose, a general linear model that 
illustrates the actual imaging limitations of a digital system, can be used according to: 
 

),,()],,(),,([),,( tyxntyxhtyxotyxi +⊗=     (1.1) 
 
where i(x,y,t) represents the obtained brightness amplitude at the coordinate position 
(x,y) of the two dimensional projection of the real object o(x,y), for example the 
deposition of a radiotracer in a human organ scanned during a time “t”. The transfer 
function h(x,y,t) of the imaging system (the overall modular transfer function in the 
frequency domain) acts like a low pass filter and includes not only the main limitations 
of the scanning device, but also the basic physical resolution and sensitivity limitations 
of the scanning process, such as scatter and attenuation, positron range and depth of 
photon interaction in the sensitive part of the device. The symbol ⊗ denotes 
convolution operation. Finally, a noise function n(x,y,t), originated from quantum 
mechanical statistics and system related performance, is also added to the obtained 
image. Digital post-processing of the obtained i(x,y,t) could in practice be performed in 
order to obtain better estimate for o(x,y,t), enabling a quantitative analysis of the image. 
An estimate of o(x,y,t) from Eq 1.1 leads to the solution of an ill-conditioned and shift-
variant system of linear equations derived from the fact that the transfer function 
h(x,y,t) is not uniquely parameterised. Consequently advanced computational 
restoration methods are needed to separately solve most of the components present in 
h(x,y,t). In this thesis three position sensitive devices used for medical imaging, the 
gamma camera, the positron camera (PET) and the CMOS image sensor, have been 
studied from the point of view of the physical factors influencing image quality and 
quantification. 
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1.2 PHYSICAL FACTORS INFLUENCING PHOTON AND POSITRON 
EMISSION IMAGING 

Emission tomography and planar imaging aim at non-invasive visualization of 
metabolic, physiologic or pathologic processes in humans or animals, based either on 
single photon emission (gamma camera) or positron emission (positron camera) 
tomography of radionuclides labelled to a tracer with some biological affinity. 
Independently of the chosen photon detection method, the ultimate aim of photon and 
positron emission imaging is to provide clinically useful quantitative information of the 
spatial distribution of the radionuclide tracer, the amount of activity deposited 
(radionuclide uptake) and the possible temporal changes in the activity (radionuclide 
redistribution). Further, functional radionuclide molecular imaging with gamma and 
positron cameras offers high chemical sensitivity as compared to other techniques such 
as x-ray based computed tomography (CT), nuclear magnetic resonance (NMR) or 
ultrasound. The performance of the gamma and positron cameras share a common 
limitation in the physical interaction processes of the radiation with surrounding tissues, 
which leads to a loss of spatial resolution due to the image blur caused by scattering 
and the loss of count density caused by attenuation processes. On the other hand, the 
image formation technique and its corresponding system response function are very 
different from each other and will therefore be treated separately for each system. 
 
1.2.1 The intrinsic spatial resolution of the gamma camera 

The gamma camera was originally designed to detect and spatially locate single 
photons emitted from the distribution of a radioactive gamma source into an image 
plane (Anger1958). Gamma cameras can perform image acquisition in either stationary 
planar mode (single projection of an object at a given angle) or in dynamic-
tomographic mode SPET (set of projections at different angles around the scanning 
object, Muehllehner 1970, Larsson 1980). Every projection corresponds to the 
superposition of events acquired along line integrals trough the object, as discriminated 
by the collimator. This device configuration produces an object size and distance 
dependent spatial resolution. Figure 1.1.a shows, for a plane parallel hole collimator, 
the linear increase of the full width at half maximum of the detector response point 
spread function (PSF) with source-collimator distance. This effect is strongly 
influenced by the physical characteristics of the collimator used, the emitted photon 
energy and, for tomographic studies, also by the position of the scanning object relative 
to the centre of rotation of the detector (COR). As a consequence of this, the spatial 
resolution of a SPET study is, in every reconstructed section, the average of the spatial 
resolution from each projection angle (since the distance collimator-object varies 
between the projections). In order to minimize this effect when scanning large areas of 
the body, for example in lung scintigraphy, a contour mapping is recorded to optimise 
the position of the detector in every projection. This object-detector dependent image 
spatial resolution, produces a loss in average pixel count density, introducing an 
underestimation of the amount of activity in the scanned object. Furthermore, this 
spatial resolution loss, in combination with the intrinsic spatial resolution and sampling 
distance of the scanning device, imposes a minimum object detectable size. Objects 
smaller or closer than this intrinsic resolution distance will be imaged with disturbing 
aliasing artefacts, as illustrated in figure 1.1.b. 
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Figure 1.1.a) The distance dependent gamma-camera intrinsic spatial resolution response function to a 
point source which can be approximated with a Gaussian function. b) The overlapping effect in gamma 
camera spatial resolution response. 

 
This distance and object size dependent spatial resolution has a great influence on the 
quantification of tumour activity uptake in planar scintigraphy, especially in the 
presence of background tissue activity uptake. A quantitative model to obtain object 
size independent tumour to background activity uptake ratios has been developed and 
applied to find a correlation between tumour malignancy grade and tumour activity 
uptake in breast carcinoma, as shown in PAPER VI . 
 
1.2.2 The intrinsic energy resolution of the gamma camera 

Another factor influencing the spatial resolution of gamma cameras is the limited 
energy resolution. This factor describes how well Compton scattered events can be 
discriminated from photo-electric events or simultaneous emissions of multiple photon 
energies. The scintillator absorbs the emitted photon energy both by photoelectric 
processes and by Compton scattering processes, producing secondary electrons which 
cause ionisations and excitations within the crystal. Pair production (E>1.02 MeV) is 
not relevant at most photon energies used in nuclear medicine applications. As a result, 
outer shell electrons fill inner atom shell vacancies in the light centres, causing the 
emission of light quanta in the visible range. These quanta will then be converted into 
an electrical pulse in the photo multiplier tube. The individual efficiency for these 
processes will determine the overall energy resolution of the system. For example, for a 
Poisson statistical model and assuming Gaussian response, the gamma camera energy 
resolution can be estimated as 2.35(Q-1/2), where Q is the number of information 
carriers that contribute to the measured pulse. Q is a function of the gamma energy 
conversion efficiency into light photons, the average gamma energy to create light 
quanta in the scintillator, the transport efficiency of the light within the crystal and the 
efficiency conversion from visible light to electrons in the photo-multiplier. As an 
example, for a 9.5 mm thick NaI crystal irradiated with 140 keV photons, the energy 
resolution (FWHM) is around 10%. 
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1.2.3 Gamma camera sensitivity 

Sensitivity is another important imaging parameter. It is strongly influenced by the 
choice of collimator, the scintillator crystal thickness, density (ρ), atomic number (Z) 
and the emitted photon energy. System geometry and radiation energy alter also the 
overall system sensitivity. Using plane parallel collimators, for instance, the inverse 
square distance law does not hold. This is because the number of photons passing 
through every single hole varies as 1/d2, but as the detector-source distance increases, 
the solid angle covers a detector area of πd2. Therefore, the sensitivity is constant with 
increasing distance point-source collimator. Furthermore, the sensitivity of the gamma 
camera varies with photon emission energy. For example, a 9.5 mm thick NaI (Tl) 
crystal, absorbs about 90% of all perpendicularly incoming 140 keV photons. When 
scanning 393 keV photons (113mIn), on the other hand, only about 30% of the total 
photons will be absorbed. Hence, the selection of an optimal crystal-collimator 
combination for a given emitting photon energy results in a better image quality.  
 
1.2.4 Gamma camera uniformity and linearity 

The detector uniformity within the field of view (FOV) and the positional linearity have 
predominant effects on image quality. To allow the light to escape in a uniform way 
from the crystal  into the PMT and thus to increase the uniformity of the camera, a light 
guide is generally used. Non-uniform camera response can be caused by a number of 
factors, such as a set of imbalanced PMT, abnormalities in the light guide or in the 
scintillator, collimator defects, electronics malfunctioning, etc. These factors are also 
related to variations in spatial linearity and energy response, since even small non-
linearities can cause non-uniform regions with otherwise uniform image count-density.  
 
All the presented gamma camera components, resulting in spatial resolution losses, are 
inherent to the physical characteristics of a gamma camera based imaging system and 
are responsible for the so called partial volume effect. The closer the size of the object 
to the system intrinsic spatial resolution, the larger the partial volume effect. Such an 
effect will result in an underestimation of the amount of activity in the image. 
 
1.2.5 Positron camera spatial resolution 

A powerful way of obtaining a better estimate of the original activity distribution in 
terms of spatial resolution, sensitivity and quantitative properties in nuclear medicine 
applications is by positron emission computer tomography – PET (Brownell 1973, 
Phelps et al 1976). PET has higher efficiency and provides a more uniform spatial 
resolution than SPET, and in terms of activity quantification, offers a more accurate 
attenuation correction. However, even though PET allows a much better estimate of 
o(x,y,t), the h(x,y,t) is still a combination of multiple physical perturbation factors 
limiting the image spatial resolution. Among these, the positron distance of flight in the 
decay media, the non collinear emission of annihilation photons, the photon depth of 
interaction in the scintillation crystals, the photon scattering and attenuation within the 
scanning region and the random coincidence events are the most important. PET 
imaging is based on the simultaneous registration of two opposed photons emitted 
during the annihilation of a positron and an atomic electron. When a positron emitting 
radionuclide is administered, the location of its uptake can be indirectly measured by 
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registering the secondary emission photons produced in the annihilations. There are two 
acquisition modes, 2D collimator septa in and 3D collimator septa retracted. While 2D 
acquisition mode provides a lower scatter and random component in the image as well 
as no dead time problems, 3D acquisition has a very high detection sensitivity that can 
improve the detectability of small objects. The fundamental factors affecting the spatial 
resolution in PET imaging are: 
 
i. The positron range. One of the basic assumptions in PET imaging is that the 

measured location of the annihilating positron is also the location of the decaying 
radionuclide. However, before annihilation takes place, the positron travels a 
random path and deflects from straight trajectories by inelastic interactions 
(Coulomb forces) with atomic electrons and by elastic scattering with nuclei. The 
magnitude of the resolution losses due to the positron range depends on the energy 
of the emitted positrons and the density and atomic number of the scanning media 
(Derenzo 1979, Cho et al 1975, Palmer et al 1993, Levin et al 1999). The positron 
distance of flight in different tissues is illustrated in Fig 1.2.  
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

  

 

Figure 1.2. Monte Carlo simulation of the positron distance of flight for a single 3 MeV positron in 
different human tissues. The dashed lines correspond to the annihilation photons 

 
Among the known positron emitters, Carbon, Fluor, Oxygen and Nitrogen are the 
most interesting for clinical use since they are naturally present in the human 
body. Their physical properties are listed in table 1.1. 
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 Table 1.1. Physical properties for commonly used positron emission radionuclides. 

Radionuclide Half-life (min) Max-Energy (MeV) Production method 
11C 20.3 0.96 Cyclotron 
13N 10.0 1.19 “” 
15O 2.0 1.70 “” 
18F 109.8 0.64 “” 

68Ga 67.8 1.89 68Ge generator 
82Rb* 1.3 3.15 82Sr generator 

*
The lower of the two radioactive isomers of Rb  82

 
ii. The angular divergence of emitted annihilation photons. The direct annihilation 

of the positron with an atomic electron is the most common process, leading to the 
emission of two nearly opposed photons with more than 99% probability and in a 
photon triplet with less than 1% probability. However, there is a certain probability 
(which depends on the media where the positrons are emitted and absorbed) that 
the positron and the atomic electron instead form a short lived bound state called 
positronium. In this case it is more likely that the decay of the positroniun state 
leads to a three photon emission (Ore and Powell 1949, DeBenedetti et al 1954). 
Considering all possibilities, the probability for three photon emissions is still very 
small in comparison with the two photon emission process. The later is therefore 
the only annihilation process considered in this thesis. It is well known that the 
momentum of the positron-electron pair during annihilation determines different 
photon emission angles (DeBenedetti et al 1950). The overall uncertainty in 
photon emission during an annihilation process is 180°±0.25°. Hence, the larger 
the distance “annihilation point-detector element”, the higher the effect on spatial 
resolution. This is illustrated in Fig. 1.3. 

 
 
 
 
 
 
 
 
 
 

Figure 1.3. The miss-positioning effect of a line of response (LOR) due to the non-collinear spread of 
annihilation photons. This effect can be modelled with Gaussian functions. 

 
iii. Scintillator module dimensions. For a radioactive source placed at the midpoint 

between two detector elements of width W, the geometric line spread function 
(LSF) has a triangular shape with a FWHM corresponding to W/2. If the source is 
instead located between the midpoint and the detector surface the LSF will have a 
trapezoidal shape with a width varying from W/2 at the centre to W at the detector 
surface. 
 



 

A Sánchez Crespo 7

iv. Random coincidences. These are due to the probability that unrelated annihilation 
photons are detected in coincidence. 
 

v. The depth of photon interaction in the scintillator. The angular photon incidence 
determines different depths of photon interactions within the scintillator (DeVol T 
et al 1993, Vandenberghe S et al 2002, Moses and Derenzo 1990). This is 
illustrated in Fig 1.4. 

 
 

 
 
 
 
 
 
 
 
 
 
 

Figure 1.4. The figure to the left shows the parallax positioning errors due to the depth of photon 
interaction. To the right, photon interaction kernels at different angular incidences relative to the 
scintillator surface. The output signal obtained as the projection of all events in the light output plane of 
the scintillator and the corresponding distribution function is also represented.  

 
vi. The scatter events in patient and inner scintillator elements scattering as described 

in Fig 1.5. 

 

Figure 1.5. Parallax positioning errors respectively due to inner crystal photon scattering, random 
coincidence and patient photon scattering. 

 
The combination of all these factors will produce parallax positioning errors in the 
determination of the original position of the positron emitter. The magnitude of this 
error strongly depends on the system dimensions and the physical characteristics of the 
scintillator. 
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1.2.6 Positron camera sensitivity 

While the energy resolution of a PET system can be calculated as described for gamma 
cameras (using the appropriate efficiency factors), PET camera sensitivity is a complex 
function that depends on the coincidence detection efficiency, the system geometry and 
scintillator crystal efficiency (Thompson et al 1992, Budinger 1998). As an example, 
for a cylindrical PET camera operating in 3D mode, the sensitivity can be obtained 
according to: 

S= 2

2

4 r
A
π
γε       (1.2) 

where A is the detector area seen by each point of the scanning volume, ε the single 
detector efficiency, γ an attenuation factor and r the detector radius. 
 
1.2.7 Summary  

Table 1.2 shows a summary of the most important system related factors in gamma and 
positron camera systems and their influence on image quality. 

Table 1.2.  The main factors influencing image quality in gamma camera and PET camera imaging. 

Gamma camera device factor Physical effect Influence on image 

Scintillator Radiation detection capabilities Contrast, system sensitivity,  signal to noise 

ratio 

Collimator  Radiation discrimination capabilities Spatial resolution and system sensitivity 

Source collimator distance and 

radius of rotation 

Angular distribution of radiation in the 

collimator surface 

Non stationary image spatial resolution, 

partial volume effects 

Number of angular views  Statistics Better signal to noise ratio 

PMT and related electronics Crystal event positioning and counting 

statistics 

Image uniformity and linearity 

Projection pixel size Nyquist frequency Sampling frequency 

Detector energy resolution Photon scattering rejection Image contrast 

Detector MTF Intrinsic detector spatial resolution Limits minimum detectable object 

PET device factor Physical effect Influence on image 

Scintillator Coincidence detection capabilities, dead 

time 

Time resolution, image contrast, detection 

efficiency, signal to noise ratio 

Detector dimensions Packing fraction, photon emission non- 

collinearity, photon depth of interaction 

System sensitivity and parallax errors 

Acquisition mode Count-rate performance, dead time, 

axial/transaxial performance 

System sensitivity, random coincidences, 

data size and reconstruction 

Radionuclide Positron distance of flight, isotope decay Image blurring 

Field of view definition Packing fraction Image blurring, system sensitivity 

PMT and related electronics Crystal event positioning and counting 

statistics 

Image uniformity and linearity 

Projection pixel size Nyquist frequency Sampling frequency 

Detector energy resolution Photon scattering rejection Image contrast 

Detector MTF Intrinsic detector spatial resolution Limits minimum detectable object 

 
Notice that although image reconstruction techniques in emission tomography studies 
do not represent a limiting physical factor inherent to the scanning device, they have a 
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great impact on image quality. The chosen reconstruction modality defines image 
smoothness, noise, possible reconstruction artefacts and linearity activity-image count 
density. 
 
 
1.3 PHYSICAL FACTORS INFLUENCING CMOS IMAGING  

Complementary Metal Oxide Semiconductor (CMOS) is the most commonly used chip 
both in optics and the computer industry. In PAPER V, a multi-standard Monochrome 
CMOS Image sensors (VISION VM 5402) was used. This chip is a silicon diode based 
imaging system suitable for applications requiring a composite video output, 
integrating all necessary support circuits as shown in Fig. 1.6. 
 
 
 
 
 
 
 

 

Figure 1.6. The front and back side of the CMOS image sensor used in this thesis. 

 
 
1.3.1 The CMOS image spatial resolution 

The spatial resolution of this device is proportional to the number of pixels (or photo-
elements) into which the sensitive area of the chip is divided. In this case, a chip with a 
sensitive area of 4.66 mm x 3.54 mm and a die thickness of 0.5 mm, incorporating 
388x295 pixels (12 mm2 pixel size), was used. 
 
1.3.2 CMOS image formation 

Image formation is based on radiation induced ionisations in the silicon layer of the 
CMOS sensor, resulting in the creation of electron-hole pairs (3.6 eV per pair at room 
temperature). Therefore, the generated signal, or brightness at the image level, from a 
given pixel of the image is proportional to the energy released by ionisations in that 
pixel (Sipos et al 2003). Particles such as ions, protons or neutrons impinging the 
CMOS sensor, will first hit a 2 µm thick protective silicon layer, secondly a 20 µm 
sensitive silicon layer and finally a 0.5 mm insensitive bulk of silicon. During the 
collision with the silicon atoms, the particles will produce ionisations (slowing down 
process) and nuclear reactions. The type of interaction more likely to occur within the 
small dimensions of the chip depends on the radiation quality and energy. A simple 
Monte Carlo simulation (SRIM at http://www.srim.org/) of the transport of different 
projectiles in a homogeneous silicon layer is illustrated in Fig 1.7 
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Figure 1.7. Monte Carlo simulation of the transport of perpendicular incident nucleon-beams into the 
CMOS silicon layers 

 
The slowing down ionisation tracks of the primary particles are rarely visualised 
because of the small dimensions and the geometry of the detector. Nucleon-induced 
nuclear reactions in silicon give rise to a variety of characteristic heavy recoil nuclei 
and secondary light particles. The range of the heavy recoils in silicon is smaller than 
the detector pixel dimensions. These recoils deposit all their energy by ionisations close 
to the nuclear reaction point and are therefore visualised as bright spots. The range of 
the light particles in silicon is, on the other hand, large enough to either escape the 
sensitive layer or to produce an ionisation track when emitted in the detector plane. Fig 
1.8 shows some typical nucleon-silicon reactions. 
 
 
 
 
 

 

 

Figure 1.8. Possible outcomes of a proton and a neutron induced nuclear reaction with 28Si. 

 
The frequency and appearance of these spots and tracks in the video output of the 
CMOS chip is a function of the beam intensity, the energy dependent cross section of 
the nuclear reaction, the kinetics of the reaction and finally, of the detector efficiency 
for a particular reaction channel. Single frames of the video output of proton induced 
nuclear reactions in the silicon layer of the CMOS sensor are presented in Fig 1.9. 
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Figure 1.9. Two captured video frames of the CMOS image sensor. The sensor was irradiated with 48 
MeV protons. The images clearly show several bright spots corresponding to the recoils energy loss and a 
slowing down ionisation track from a secondary α particle. 

 
If the nucleon beam fluence on the CMOS surface can be calculated from the obtained 
images and if the exposure time and energy of the beam is known, this chip could be 
used as radiation field detector for clinical in vivo dosimetry in advanced radiotherapy. 
For this purpose, it is necessary to be acquainted with the detector efficiency, linearity, 
and energy response. 
 
1.4 AIMS OF THIS THESIS 

The work developed in this thesis involves computational modelling of disturbing 
effects to enable quantitative processing in PET, SPET and CMOS imaging. The aim 
was also to introduce new imaging methods into clinical studies, particularly in lung 
physiology, breast malignancy quantification and in vivo proton beam dosimetry. 
Specifically, the work of this thesis was devoted to:  

1. The development and clinical application of a quantitative method with 
compensation for scatter, non uniform attenuation and organ outline for 
simultaneous dual radionuclide human lung investigations with SPET. 
PAPERS I and II. 

2. The development and clinical application of a quantitative method with 
compensation for object size dependent activity uptake measurements in 
planar mammoscintigraphy. PAPER VI. 

3. The modelling and quantification of PET image spatial resolution degradation 
factors (positron range, non-collinear spread of annihilation photons and the 
depth of photon interaction in the detector elements) for future applications in 
clinical image resolution recovery algorithms and PET camera design 
PAPERS III and IV. 

4. The development of an alternative in vivo dosimeter based on the inexpensive 
position sensitive CMOS image sensor for ion or neutron radiotherapy. 
PAPER V. 
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2 MATERIALS AND METHODS 
 
 
 
 
 
 
2.1 MODELLING BLURRING FACTORS IN PET 

To provide a general basis for minimization of the blurring effects that positron 
distance of flight (DOF), photon depth of interaction (DOI) and emission non-
collinearity (NC) have in radionuclide positioning in high resolution PET imaging,  
Monte Carlo based models were developed. While the effect of DOF is radionuclide 
and tissue dependent, the DOI and NC depends solely on the position of the 
annihilation event, the geometry and the physical properties of the detector system 
used. Therefore each of these blurring effects has to be modelled separately. The 
methodology followed to model the effect of positron range on spatial resolution is 
described in PAPER III and summarised in Fig. 2.1. 

Figure 2.1. Method to obtain the annihilation point spread function (aPSF) for different radionuclides 
(ZXA) and within different human tissues (T) 

The transport of mono-energetic positrons with energy E within a tissue T was first 
simulated using PENELOPE MC code (Baró et al 1995, Sempau et al 1997) from 
where the Euclidean distances “positron emission source ⎯ annihilation point” were 
scored. This creates a library of mono-energetic annihilation point spread functions 
(aPSF) in different human tissues. The weighted sum of these mono-energetic aPSF 
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according to the energy decay scheme of the considered radionuclide produces the 
desired radionuclide aPSF. The radionuclide energy spectra was obtained from Cross et 
al 1983 and Seltzer 2002. 
It is more difficult to find a general model for photon DOI and NC that can be fitted to 
a large number of PET detector geometries. This problem was considered in PAPER 
IV. PENELOPE was used to simulate the transport of 511 keV photons in scintillator 
blocks (Melcher 2000) under different incidence angles. For each original photon 
direction, the spatial distribution of the interaction points and the energy deposited per 
interaction point was scored. Hence, the corresponding spatial location of the most 
probable light emission centre in the detector was obtained as the centre of gravity of 
the interaction points. After many photon transport simulations, the associated 
cumulative histogram distribution of light centres along the light exit plane of the 
detector blocks was obtained. This represents the spatial spread of photon absorption 
centres at the image plane (photon DOI function) for a given original photon incidence 
angle. 
Depending on the PET system geometry, acquisition mode and location of the source, 
the possible angular interval for coincidence detection was calculated. In 2D acquisition 
mode, this coincidence interval is simply the entire ring and the photon trajectories are 
uniformly sampled in the interval [00,…,1800) within the plane that contains the 
detector ring. For the 3D acquisition mode, this coincidence interval can be obtained by 
using the cylindrical symmetry. There is a unique surjective1 relation cylinder – plane, 
such that two points of the cylinder with, for instance the same Y coordinate, can be set 
in correspondence with a single point in the plane. As illustrated in Fig 2.2, the plane is 
divided into four equal regions, (with the point source falling in one of them), the 
coincidence detection area of the camera is limited by two lines of equations: 
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where R and L are the radius and the half length of the PET camera, respectively, and rp 
and ra the y-z coordinates of the position of the point source. Inverting the surjective 
relation, for every point with coordinates (y,z) within the coincidence area of the plane, 
there are two uniquely determined points with coordinates (x1,2,y,z) in the cylinder. 
 

                                                 
1 A function f:X→Y is surjective if for every y in the co-domain Y, there is at least one x in the domain X 
with f(x)=y. 
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Figure 2.2. Method to obtain the coincidence detection area for a cylindrical PET system as a function of 
the position of the source. In the upper row, the relation between every two points of the cylinder and a 
unique point in an equivalent plane is determined. The corresponding plane is then divided into 4 equal 
regions. As described in the second row, depending on the location of  the source, the definition of the 
coincidence region is uniquely delimited by two lines. By inverting the relation, the coincidence detection 
area of the cylinder is obtained as illustrated in the lower row by the coloured regions for two different 
position of the point source. 

 
The angle defined by r1 and r2, (∆1+∆2) could be analytically obtained from the position 
of the point source in the plane according to: 
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The possible photon trajectories that trigger the detector elements in coincidence are 
then sampled within this coincidence region. The sampling is performed by joining all 
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possible detector elements within this region with a line through the annihilation source 
position. 
The third step of the method is to calculate analytically for each selected annihilation 
photon trajectory, the corresponding photon incidence angle with respect to the 
perpendicular of the detector surface. In the 3D acquisition mode, the previously 
obtained histogram distribution of light centres associated to every photon trajectory is 
finally projected along the geodesic, which is determined by the projection of the 
photon trajectory, into the cylinder surface. (Fig. 2.3). Hence, for a given photon 
trajectory, there will be a set of opposite detector points along a geodesic with an 
associated probability due to photon DOI. 
 
 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.3. The projection of the photon depth of interaction probability distribution function along the 
geodesic defined as the projection of the original photon trajectory along the PET cylinder surface. 

 
The 2D case is treated in a similar way, though it is important to notice that the 
geodesic is then confined in a single 2D ring.  
Each detector element is in coincidence with a set of possible opposite detectors. 
Hence, the sensitivity of all possible individual detector element combinations give the 
overall PET system sensitivity. To include this in the calculations, the corresponding 
sensitivity weighting factors for the chosen geometry have to be selected for each 
photon trajectory. A collection of these sensitivity factors is shown in Fig. 2.4 for 
different PET geometries. 
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Figure 2.4. Sensitivity correction factors for different PET geometries 

 
Finally, all possible combination of lines of response between points of the geodesic 
were calculated using the rejection Monte Carlo method and projected along the 
reconstruction volume, weighted with the corresponding sensitivity factor. The 
obtained depth of interaction point spread function (dPSF) is then filtered with a 
Colsher filter in 3D (Colsher 1980) and by a non-apodized two dimensional ramp filter 
in the 2D acquisition mode. 
The final image blurring factor in PET considered in this thesis is the annihilation 
photon emission non-collinearity (NC). This was modelled using a Gaussian function 
(G) with standard deviation (L∆δ) where L represents the distance travelled by the 
considered annihilation photon, and ∆δ the angular uncertainty of the annihilation 
emission 0.004 radian (DeBenedetti et al 1950). For a given source and annihilation 
photon trajectory, the combined effect of the depth of interaction and the non-
collinearity, was obtained by convolving the light distribution centre in the scintillator 
material (DOI) with the corresponding Gaussian function according to: 

 

DOINC(x,L)=DOI(x)⊗G(L)                                              (2.6) 

 
where DOINC represents the effect of (DOI+NC) in the scintillator distribution of light 
centres. To obtain the point spread function due to (DOI+NC), the previously described 
method to simulate the effect of photon DOI in PET imaging, was followed but 
substituting in the calculations the DOI functions for the DOINC functions. 
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2.2 QUANTITATIVE DUAL TRACER SPET METHOD  

SPET offers the attractive option of multiple isotope (energy) scanning, enabling 
simultaneous monitoring of several molecular processes (Kiat et al 1994). This option 
is exploited in PAPER I, where a dual isotope technique for simultaneous examination 
of the human ventilation (V) and perfusion (Q) is described. To achieve quantification 
with this technique, the different scatter and down scatter components, the non-uniform 
attenuation for the used radionuclides and the non-stationary camera response to 
different photon energies had to be carefully studied. 
 
2.2.1 The radiopharmaceuticals 

The first part of this dual isotope method, was to find an adequate set of suitable 
radiopharmaceuticals. Albumin MAA have been shown to accurately determine 
regional pulmonary blood (Brudin et al 1994 a and b) and 113mIn was already in 1970 
reported to be a good marker for MAA (Chapman et al 1970). Thus, 113mIn-MAA was 
used to measure blood lung perfusion. The labelling of 113mIn to MAA was performed, 
with a few modifications, according to Watanabe et al 1997. A 113Sn/113mIn generator 
(Polatom, Poland) was first eluted with HCl (0.05 M). The MAA were washed with 2 
ml sterile water and centrifuged during 3 minutes up to 3000 rpm. The residue was 
suspended in 5 ml NaOAc, 0.1 M, with a pH of 5.8 and the 113m In solution added. 
99mTc-labelled-technegas particles have been shown to give a good definition of the 
ventilated lung because of the minimum deposition in the conducting airways, as 
compared to the stable deposition in the alveoli (Coghe et al 2000). A Technegas 
GeneratorTM (Tetley Manufacturing Ltd, Australia) was used for the generation of 
technegas particles (Burch et al 1986 and 1994). These are ultra fine carbonaceous 
particles created in a pure argon atmosphere by heating a graphite crucible, where the 
99mTc is located, to around 2500o Celsius. The technegas aerosol normally contains a 
portion of soluble pertechnetate ions (99mTcO4

–), i.e. radionuclide not tightly bound to 
the particles (Lloyd et at 1995). This is referred to as pertechnegas. The pertechnegas 
component rapidly leaves the lungs and enters the circulatory system, resulting in 
undesired deposition of isotope in other organs, such as the thyroid gland. In order to 
reduce the amount of pertechnetate in the aerosol, the sodium from the pertechnetate 
elute should be eliminated by an ion exchange procedure. In addition, a purified argon 
gas should be used to ensure good labelling efficiency. The Technegas GeneratorTM 
offers, with minor modifications, the possibility of producing particles of adjustable 
size by selecting the proper burning time and temperature of the carbon crucibles. 
Furthermore, the generated technegas can be stored in a conductive material container, 
to reduce particle aggregation, for its transportation and administration under the 
desired investigation conditions. In table 2.1 the physical characteristics of these 
radionuclides are presented. 

Table 2.1 Physical characteristics of the radiopharmaceuticals used in the simultaneous V-Q method. 

Generator Parent 
T1/2

Daughter 
T1/2

Compound Size Daughter E0(keV) 
Abundance (%) 

Effective dose (adults) 
(mSv/100MBq)

99Mo-99mTc 65.9 h 6.01 h 99mTc-
technegas

<100 nm 140 (89) 1.5

113Sn In-113m 115 day 1.66 h 113In-LyoMAA <100 µm 392 (64) 1.8
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2.2.2 The generalised four windows scatter correction  

The aim of the generalised four-windows Compton scatter correction algorithm is to 
obtain the magnitude of the scattered and down-scattered photons from the energy 
domain by acquiring the energy spectra corresponding to every projection, and to apply 
these factors to the image domain for pixel-wise subtraction. Therefore, four energy 
windows Wi and the corresponding 2D projection images Pi were defined as follows: 
 
W1=392 keV±10%, P1 for 113mIn primary photons  
W2=140 keV±10%, P2 for 99mTc primary photons+113mIn down-scatter photons  
W3=320 keV±10%, P3 for  113mIn scatter photons  
W4=114 keV±10%, P4 for 99mTc scatter photons+113mIn down-scatter photons 
 
The correction factors for photon scattering were obtained according to: 
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where Ω(θ,E) is the experimental dual isotope energy spectra for the projection θ, 
ΩD(θ,E) is the down-scatter energy spectra obtained either empirically or theoretically 
using the Klein-Nishina equation and Ω*(θ,E) is the primary spectra within the photo 
peak of the corresponding radionuclide obtained according to Jonsson and Larsson 
2001. This method is based on the Klein-Nishina (KN) cross-section for photon 
interaction with free electrons. The KN is separately used for both radionuclides to 
obtain an estimate of the scattering fraction in every energy acquisition window. 
However, the KN needs to be modified (mKN) according to the energy resolution (G) 
and detection efficiency (S) of the camera used: 
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iSiSiiS EESEEKNEGEEmKN ⊗=                      (2.10) 

 
where ES represents the energy of the scattered event and E0

i the primary photon energy 
for the radionuclide i. This mKN is then scaled to fit the experimental energy spectra as 
illustrated in Fig 2.5 
 
 



 

Figure 2.5. Scatter and down-scatter correction method. The mKN  function for every radionuclide is 
fitted to the experimental energy spectra for every projection. 

 
Finally the corresponding correction in the image domain for each projection is: 
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where the super index symbol # represents down scatter and * represents scatter+down 
scatter corrected projection images. 
 
 
2.2.3 The non-uniform attenuation correction 

This correction is performed by an iterative weighted ray projection-backprojection 
method based on the algorithm described by Larsson 1980 and Axelsson et al 1987, 
adapted for dual isotope acquisition. The method relies on the acquisition of 
transmission maps representing the linear attenuation coefficients for the same set of 
reconstructed SPET images and their projection data. These maps are obtained with a 
collimated 99mTc line source. Hence, a blank transmission scan is needed in order to 
subtract the 99mTc emission photons originated in the lungs falling into the transmission 
scan. In addition, a reference transmission image (REF) in air is acquired to relate the 
lung transmission data to the corresponding attenuation coefficients µ, according to: 
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where φ and φ0 are, respectively, the acquired transmission data trough the chest and 
through air and r is the position along the projection axis. The pixel values in the 
transmission images are then converted into linear attenuation coefficients which 
accurately represent the difference in attenuation between bone, soft tissue and air for 
140 keV photons. To obtain the corresponding attenuation coefficient values for the 
other primary photon emission energy (393 keV) used in this dual isotope technique, 
the 99mTc attenuation map is simply scaled using a factor corresponding to the ratio of 
their linear attenuation coefficients in water.  
The attenuation correction algorithm iteratively update the projection of the 
radionuclide “i” according to: 
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where n is the iteration number and an(r,θ) and gn(r,θ) are the sums ray by ray along the 
projection path L(r,θ), with and without weighted factors from the transmission scan, 
respectively. 
 
2.2.4 The organ outline correction 

For a fully quantitative analysis of the emission data, the volume of the scanned object 
is required. Due to the associated partial volume effects in gamma camera imaging, 
there is a smoothing effect in the emission images when approaching the edges of the 
scanning object. Furthermore, the radio-nuclide uptake is not necessarily distributed in 
the entire volume and thus emission data may not give accurate information on the 
object volume. Instead, the transmission data is used for this purpose. In PAPER I, a 
Canny edge detector algorithm (Canny 1987) is used to outline the object structures in 
the transmission scans. This produces a set of binary masks with the anatomical 
information, which are then simply multiplied with the emission data to obtain the 
distribution of emission events merely within the anatomical regions.  
 
Fig 2.6 shows the overall image acquisition and analysis method for the presented 
simultaneous ventilation perfusion lung SPET. 
 
2.2.5 Spatial resolution performance 

As described in the introduction, the gamma camera image spatial resolution is strongly 
influenced by the scattering and the attenuation properties of the scanned media, the 
photon emission energy, the collimator and the scintillator physical properties. 
Therefore, when more than one photon energy are used for simultaneous imaging of 
two different physiological processes, images with different spatial resolution and 
sensitivity performance are obtained. Furthermore, there is a non stationary spatial 
resolution within the field of view (FOV) of the camera that is also different for each 
radionuclide. The spatial resolution performance for this dual isotope technique was 
measured by scanning a phantom consisting of a set of 17 catheters with an inner 
diameter of less than 1 mm and axially located in a cylindrical phantom with a diameter 



 

A Sánchez Crespo 21

of 210 mm (Fig 3.5). The gamma camera used for image acquisition, as well as the 
image reconstruction parameters, are those described in PAPER I. Count density 
profiles along one of the transversal slices of the phantom were used to measure the 
spatial resolution at different positions within the FOV in terms of FWHM (mm). This 
experiment was designed to give an idea of the impact that the partial volume effect has 
on the image spatial resolution for each isotope. 

Figure 2.6. Overall image acquisition and processing for the simultaneous dual isotope SPET technique. 
The symbols  respectively represent: scatter and activity decay correction (S+D), subtraction (-), natural 
logarithm (Log), filtered backprojection (FBP), attenuation correction (ATT) and Canny edge detection 
(Canny). 

 
2.2.6 Method validation with a stack phantom 

The dual isotope method, was validated under control conditions using a stack phantom 
(Larsson et al 2000 a and b). This concept offers the ability to obtain scatter and 
attenuation free images of the phantom to be able to determine the exact amount and 
location of the activity. These reference images are subsequently compared with the 
images obtained of the same phantom, including scattering and attenuation media. 
Eight paper sheets impregnated with a mixture of activity and black ink were printed 
out. The shape of the sheets matches the low density regions of an Alderson 
anthropomorphic phantom, where they were located. This created the dense version of 
the stack phantom. For the scatter and attenuation free version, the sheets were placed 
in between Divinycell H30 (0.03 g/cm3) slices with equal thickness as the Alderson 
anthropomorphic phantom. This “stack phantom” is illustrated in Fig 2.7. The right side 
of the paper sheets was printed with uniform distributed ink whereas the left side was 
printed with a stepwise grey scale in anterior-posterior direction. 
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Figure 2.7. The “stack-phantom”. In the upper row, one of the central paper sheets. Lower row illustrates 
from left to right, the dense, the “scatter and attenuation free” version of the stack phantom and finally a 
planar image of the sheet in the upper row at the 99mTc energy acquisition window. 

 
2.2.7 Physiological validation 

As described in PAPER II, MIGET (Multiple Inert Gas Elimination Technique) and 
whole lung respiratory gas exchange are well established methods to measure the effect 
of ventilation (V) and perfusion (Q) heterogeneity on gas exchange (Wagner et al 
1974). Even though these methods can not provide the spatial information about 
regional V and Q distributions inherent to the SPET method, they are considered the 
golden standard regarding absolute gas exchange measurements. Hence, in order to 
physiologically validate the SPET technique, SPET estimates of the simultaneous 
regional distributions of V, Q and V/Q in healthy humans were in PAPER II obtained 
and converted into estimates of the retentions and excretions of the MIGET gases using 
the method described by Altermeier et al (1998). The results were compared with direct 
whole lung MIGET and respiratory gas exchange measurements. The conversion from 
SPET data to gas exchange is based on the fact that for a given lung voxel unit, the out 
flowing blood and gas content is solely determined by the ratio V/Q of that unit and the 
composition of the incoming air and blood flows. Therefore, if the gas content of the 
incoming flow is known, the SPET V/Q data for each specific voxel unit can be used to 
determine the content of the outflows. Furthermore, the gas content of mixed expired 
air and arterial blood is then determined by the proportional contribution from each 
voxel unit to total expired air and blood flows.  
Ten healthy subjects were studied. The SPET imaging described in PAPER I was 
applied and the V, Q and V/Q regional estimates obtained. In addition, MIGET gases in 
expired gas and arterial blood were measured using a gas chromatograph (Star 3400 
CX GC) and arterial blood gases were measured using a commercial blood-gas 
analyser (AVL OMNI 1-9, Roche Diagnostics, Graz, Austria). Cardiac output, gas flow 
at the mouth and gas concentrations in expired gas were respectively measured with a 
total rebreathing technique using Freon 22, a pneumotachometer (type 3818, Hans 
Rudolph) and a quadrupole mass spectrometer (AMIS 200).  
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2.3 QUANTITATIVE METHOD FOR OBJECT SIZE INDEPENDENT 
TUMOUR TO BACKGROUND UPTAKE RATIOS  

The assessment of breast tumours by planar mammography represents a simple and 
cost-effective method for screening and grading tumour malignancy. However, as 
described in the introduction part, partial volume effects may degrade its quantitative 
accuracy due to both the object size and distance dependence measured activity. A 
method allowing quantitative assessments of the tumour to background ratio (TBR) in 
planar mammography, without the disturbing effects from the object size dependent 
activity uptake, was therefore developed and clinically applied to investigate the 
correlation between 99mTc-sestamibi uptake and histological malignancy grade in breast 
carcinoma (PAPER VI). 
For a homogeneous activity uptake, the number of events recorded in the projected 
image increases and the average count density per unit volume decreases with the size 
of the tumour. This object size dependence projection data may be corrected for by 
normalizing the projected uptake values to some measure of the tumour extension. If 
the tumours are considered to have a nearly spherical shape, the average photon fluence 
per unit tumour volume reaching the detector may – with some approximation – be 
proportional to the mean cord length of such sphere; MCL=4r/3 (with r, radius of the 
sphere). Therefore an expression for the TBR corrected for object size can be obtained 
according to the data analysis presented in Fig 2.8 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 

Figure 2.8. Data analysis to obtain object size corrected TBR in planar mammography. In the figure, NT 
represents the total number of counts in the defined circular ROI,  FWTM the full width at tenth 
maximum and B refers to the background number of counts. 

The method presented in figure 2.8, could also include homogeneous attenuation 
correction whenever the object detector distance is known. If this is not the case, but 
attenuation correction is still desired, it is recommended to perform a simultaneous 
anterior/posterior image acquisition to be able to obtain the geometric mean of the 
image. 
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This methodology was tested on a phantom consisting of a plate containing three 
spheres with volumes 37 ml (sphere 1), 8 ml (sphere 2) and 2 ml (sphere 3) filled up 
with the same activity concentration of 99mTc corresponding to 57 kBq/ml. The plate 
was placed inside a square container and 5 min planar imaging was performed at 
different distances from the detector surface in air, in water, in water with a background 
activity of 1.2 kBq/ml and, finally, in water with a background activity of 2.4 kBq/ml. 
All images, except for those acquired in air, were corrected for attenuation in water. 
 
2.4 QUANTITATIVE IMAGE PROCESSING FOR THE CMOS SENSOR 

The generated read out video signal displaying the nucleon induced nuclear reactions in 
the CMOS sensor is directly recorded by a PC using a 50 Hz sampling frequency video 
grabber unit. The generated MPEG video file is then converted, frame by frame, to 
separate JPEG files to be processed according to the flow chart depicted in Fig 2.9.  

Figure 2.9. Quantitative image analysis of the CMOS video frames. GN represents a background 
corrected N video frame FN. The parameter b is the minimum number of connected pixels to be 
considered to form a cluster C. Finally RN is the number of recoils. 

The number of light particle tracks in the recorded frames will be very small since the 
probability that a secondary light particle will be emitted within the silicon plane is 
very low. Therefore, nearly all events recorded in every frame correspond to recoils. 
The quantification of the number of recoils is based on the identification of clusters of 
connected pixels corresponding to the energy deposited by the same recoil. The number 
of pixel clusters per frame is then equal to the number of recoils recorded per frame. 
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Since nuclear reactions occur randomly, there is a variation in the number of recoil 
events recorded per frame. Therefore, the CMOS detection efficiency to a certain 
radiation quality (p) with energy E, current I and under an incidence angle θ, can be 
calculated from the most probable number of recoils per image frame, R(Ep,Ip,θ) 
according to: 

( )
),(

),,(
,,

pp
Chip
p

pp
pP IE

IER
IE

φ

θ
θη =                                                 (2.17)  

where φp
Chip(Ep,Ip) represents the particle fluence rate (proton/cm2s) impinging at the 

CMOS detector surface. Notice that this fluence has to be obtained with an independent 
monitor system. This methodology was tested in the proton therapy beam at the proton 
therapy unit at Uppsala University. The CMOS sensor was exposed to uniform and 
mono-energetic proton beams. The linear response with particle energy, the detection 
efficiency, the accumulated radiation effects and the angular dependence of the detector 
response were studied in PAPER V. The proton fluence rate at the CMOS surface was 
estimated from the count rate of a scintillation detector telescope converted to proton 
fluence rate by calibration with a breakdown fission chamber, placed in the expanded 
proton beam. 
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3 RESULTS 
 
 
 
 
 
 
 
 
 
3.1 EFFECT OF POSITRON RANGE IN PET IMAGING 

From the obtained transmission probability distribution functions of mono-energetic 
positrons until the annihilation point, the average range Rav=Σ(piri/pi), the most 
probable range Rp=R(pmax) and the extrapolated range were obtained as a function of 
positron energy and compared with the CSDA positron range (Fig. 3.1) 
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Figure 3.1. The extrapolated, average, CSDA and the most probable positron range as a function of 
positron energy and human tissue. 

As Fig 3.2 illustrates, the obtained aPSF for different radionuclides in different human 
tissues exhibits a complex nature, showing a sharp peak and exponential long range 
tails. 
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Figure 3.2. Radioniuclide annihilation point spread functions in different human tissues. 

 
Due to this characteristic shape, the full width at half maximum (FWHM) for all 
radionuclides and in any tissue were around 1 mm, well below the intrinsic spatial 
resolution of commercial PET cameras. However, the full width at tenth maximum 
(FWTM) varied from 0.7 mm in bone up to nearly 3 mm in lung tissue for 18F, and 
from around 5 mm in bone to 20 mm in lung tissue for 82Rb. The corresponding values 
for 13N were 1.1 and 6.5 mm, respectively in bone and lung tissue. This enormous 
variation in positron range for radionuclides in different human tissues will produce an 
anisotropic spatial resolution that can be highly severe in the boundaries between low 
and high density organs such as tumours within lung tissue. In future investigations of 
lung ventilation and perfusion with PET, positron range may represent a major 
limitation in spatial resolution performance.  
As it is revealed in PAPER III, the full width at 20% of the maximum (FW20M) 
yielded more appropriate values for the root mean square addition of spatial resolution 
factors. This can be proved by comparing the results obtained for the average positron 
range and the corresponding values of the FW20M/2 of the aPSF for the different 
radionuclides. This comparison is presented in table 3.1 
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Table 3.1. Comparison between the obtained average positron range and the FW20M/2 of the aPSF for 
clinically useful radionuclides in different human tissues. 

Compact bone Soft tissue Adipose tissue Lung tissue  

Average 

range (mm) 

FW20M /2 

(mm) 

Average 

range (mm) 

FW20M/2 

(mm) 

Average 

range (mm) 

FW20M/2 

(mm) 

Average 

range (mm) 

FW20M/2 

(mm) 
18F 0.19 0.21 0.27 0.27 0.33 0.29 0.80 0.76 
11C 0.27 0.31 0.45 0.48 0.58 0.58 1.40 1.35 
13N 0.34 0.36 0.56 0.63 0.74 0.78 1.92 1.75 
15O 0.58 0.54 0.91 0.93 1.06 1.16 2.97 2.65 

68Ga 0.67 0.64 1.05 1.06 1.17 1.34 3.32 3.05 
82Rb 1.18 1.34 2.02 2.05 2.20 2.15 6.37 5.25 

 
 
Using the FW20M of the aPSF, the actual impact of the positron DOF on the overall 
PET image spatial resolution for a PET camera with an intrinsic spatial resolution of 3 
mm was negligible in compact bone for 18F, but ranging up to 26% for 82Rb. The 
corresponding values for these two radionuclides in soft tissue were 3% and 39% and 
in lung tissue 17% and 58%, respectively. 
 
3.2 EFFECT OF PHOTON DEPTH OF INTERACTION ON PET IMAGING 

While photon DOI impairs the spatial resolution in radial direction, it remains 
essentially unaltered in the tangential direction (independently of the acquisition mode). 
The resolution impairment along the radial direction is larger in 3D acquisition mode as 
compared to the 2D mode because of the contribution of all oblique lines of response. 
In addition, the spatial resolution in the axial direction remained constant for any 
position of the point source within the central axis of the scanner. In PAPER IV, 
results are presented for five different scintillators in combination with three different 
camera ring radii and one length. As an example, in table 3.2, the effects of the photon 
DOI on the spatial resolution for a reconstructed point source in terms of the FWHM 
are presented at different positions within the field of view in 2D and 3D acquisition 
modes for a camera with 412 mm radius and 160 mm axial length. 
 

Table 3.2. The radial, tangential and axial spatial resolution FWHM (mm) in 2D and 3D acquisition 
mode due to the DOI at different positions from the centre. 

     BGO LSO LuAP GSO NaI
  0 cm 20 cm 0 cm 20 cm 0 cm 20 cm 0 cm 20 cm 0 cm 20 cm 

Radial 1.3 6.7 1.9 8.2 1.9 6.5 1.4 9.1 2.1 14.8 2D 
Tangential 1.3 1.4 1.7 1.3 1.7 1.6 1.4 1.8 1.9 1.7 

 Radial 1.2 7.5 1.2 9.1 1.2 7.7 1.1 10.2 2.4 24.7 
3D Tangential 1.2 1.0 1.3 1.0 1.3 2.0 1.2 1.0 1.2 1.0 
 Axial 1.2 1.2 1.3 1.4 1.3 1.1 1.2 1.5 1.2 1.1 

These results were obtained with the point source positioned at the central axial plane. 
 
The results presented in Table 3.2 are the direct consequence of the probability 
distribution function of light emission centres around the original photon trajectory 
(previously referred to as DOI functions). These DOI functions are illustrated in Fig 3.3 
for some selected photon incidence angles and scintillator materials. 
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Figure 3.3 Probability distribution function of light centres around the initial trajectory of the photon at 
different incidence angles and scintillator materials 

 
3.3 PET IMAGE BLUR FROM THE COMBINED EFFECT OF DOI AND NC 

Table 3.3 shows a summary of the effects that the photon DOI+NC has on PET image 
spatial resolution (FWHM), at different positions within the field of view in 2D and 3D 
acquisition mode for a camera with 412 mm radius and 160 mm axial length. 

Table 3.3 The radial, tangential and axial spatial resolution FWHM (mm) in 2D and 3D acquisition mode 
due to the DOI+NC at different positions from the centre of a PET camera. 

  BGO LSO LuAP GSO NaI 

  0 cm 20 cm 0 cm 20 cm 0cm 20 cm 0 cm 20 cm 0 cm 20 cm 
Radial 3.0 7.3 3.7 9.9 3.7 6.9 3.7 10.6 4.0 15.2 2D 
Tangential 3.0 3.2 3.1 3.2 3.1 3.3 3.3 3.7 3.3 4.0 

 Radial 3.1 10.7 3.3 12.7 3.3 10.9 3.5 13.0 4.5 27.1 
3D Tangential 1.3 1.4 1.3 1.4 1.3 1.3 1.3 1.1 1.3 1.3 
 Axial 1.3 1.3 1.3 1.3 1.3 1.2 1.2 1.3 1.3 1.1 

These results were obtained with the point source positioned at the central axial plane. 
 
By comparing table 3.2 with table 3.3 it can be seen that the effect of photon emission 
non collinearity on spatial resolution is larger at the centre of the camera and decreasing 
in magnitude as the point source approaches the periphery of the camera ring.  
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3.4 QUANTITATIVE DUAL ISOTOPE SPET METHOD  

Stack phantom validation. Quantitatively, the accuracy of the correction method is 
demonstrated in table 3.4, where the average count density obtained in the right side of 
the lung paper sheets (with homogenous distributed activity) is presented for the eight 
templates.  
 

Table 3.4 Average count density of the region R1 for the low and high density versions of the stack 
phantom. Illustrated are also the corrected average count densities after applying the correction scheme. 

99mTc SPET sections from apex to base  

Q1 Q2 Q3 Q4 Q5 Q6 Q7 Q8

Low density phantom 88.2±11.5 101.0±6.8 101.9±10.6 100.0±13.4 99.1±16.0 100.8±12.1 93.6±12.4 78.6±7.1 

Dense phantom, 

uncorrected 

48.8±1.0 49.2±1.1 46.5±0.8 46.6±0.9 49.1±0.8 46.0±1.1 40.1±3.3 31.5±2.2 

Dense phantom, 

uncorrected (without 
113mIn) 

 

46.1±5.8 

 

44.7±5.8 

 

43.5±3.8 

 

44.2±3.8 

 

44.3±4.6 

 

43.2±4.1 

 

37.8±5.8 

 

30.0±4.8 

Dense phantom, 

down scatter 

corrected 

 

45.0±4.2 

 

45.6±2.8 

 

42.8±3.3 

 

43.9±3.3 

 

43.9±3.3 

 

43.6±2.7 

 

40.1±3.3 

 

29.2±2.7 

Dense phantom, scatt 

+ down scatt 

corrected 

 

40.4±5.4 

 

38.7±5.7 

 

36.8±3.7 

 

37.5±3.8 

 

39.7±3.2 

 

37.5±3.2 

 

35.3±3.0 

 

28.6±2.2 

Dense phantom, fully 

corrected 

96.7±10.9 98.5±8.1 95.3±7.8 95.7±6.5 97.1±7.0 94.4±7.6 95.1±8.0 75.2±4.8 

 113mIn SPET sections from apex to base 
 Q1 Q2 Q3 Q4 Q5 Q6 Q7 Q8

Low density phantom 85.3±14.8 95.6±17.6 92.6±16.4 100.0±18.2 98.5±17.4 94.1±17.0 83.8±14.6 66.2±12.3 

Dense phantom, 

uncorrected 

45.6±8.12 54.4±10.0 51.5±9.7 52.9±9.4 56±10.0 48.5±9.0 47.1±9.0 35.3±6.8 

Dense phantom , scatt 

corrected 

44.1±7.8 51.5±8.7 47.1±9.4 45.6±9.4 50±8.9 44.1±9.2 45.6±7.7 33.8±6.8 

Dense phantom, fully 

corrected 

85.3±14.2 97.1±17.0 95.6±16.1 94.1±15.1 97.1±16.4 88.2±14.5 88.2±16.0 63.2±12.6 

The ± variations indicates the average r.m.s. values. The values were normalized to the average value at 
the central template (Q4) for the low density version of the stack phantom. 
 
Table 3.4 reveals that the difference between the low density phantom average count 
density and the corresponding value for the fully corrected dense version was 4.4% ± 
2.5% for 99mTc and 3.2% ± 2.1% for 113mIn. 
Planar imaging of the lung templates were also used as the “true” relative activity 
distribution between the different grey scale regions in the lung templates. The obtained 
values were 100%, 58%, 33% and 17%, respectively, for regions R1 to R4 for both 
99mTc and 113mIn. This relation was compared with the mean count density in every 
region of the templates after the correction methodology. The results are presented in 
Fig 3.4 
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Figure 3.4 Measured SPET count density as a function of the “true” count density in the different regions 
defined in the templates. 

 
Spatial resolution performance for the simultaneous dual radionuclide technique. 
Fig 3.5 shows a transversal cut of the multiple catheter phantom and the corresponding 
transversal slices obtained for the simultaneous 99mTc+113mIn method. 

 

Figure 3.5 Simultaneous dual isotope spatial resolution study. 

 
Table 3.5 contains the radial spatial resolution results in terms of FWHM (mm) of a 
count density profile at different catheter positions within the FOV. 
 

Table 3.5 Spatial resolution performance in the radial direction for the dual isotope technique 

 Spatial resolution FWHM (mm) 
Distance from centre (mm) 99mTc 113mIn 

0 18 28.5 
40 18 28.5 
80 17.5 23.0 
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Physiological validation. From the results presented in PAPER II, the good agreement 
between measured MIGET and SPET estimations of the retention/excretion of MIGET 
gases in healthy individuals is acknowledged. This is presented in Fig 3.6 
 

 

Figure 3.6. Linear correlation between direct measurements and SPET estimates of excretion (left) and 
retention (right) of MIGET gases. The solid line represent the identity line. 

 
The correlation between SPET and MIGET was, at group level and for all inert gases, 
0.99 for both excreted and retained gases. The SPET estimates of the average regional 
alveolar ventilation perfusion ratios (V/Q) was 1.38±0.34 and the corresponding value 
obtained from MIGET gases was 1.44±0.33. 
 
3.5 VALIDATION AND CLINICAL APPLICATION OF THE TBR FACTORS 

Fig 3.7 clearly shows the effect of object size in the quantification of activity uptake by 
the average count density. 
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Figure 3.7.a) The average count density as a function of the distance detector to object for three different 
object sizes. The continuous lines corresponds to the values obtained in air and the dashed the values 
obtained in water (corrected for attenuation). b) the average count density normalised to the mean cord 
length MCL. 
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As Fig 3.7.a shows, the average count density obtained in a ROI covering the FWTM 
of the object, is object size dependent. However, as Fig 3.7.b shows, if the average is 
normalised to the MCL of the sphere, the obtained values are nearly independent of the 
object size. Fig 3.8 illustrates the TBR, calculated according to the methodology 
described in Fig 2.8, for the spheres at different distance detector-sphere and under 
different background levels. 
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Figure 3.8 TBR factors for the three different spheres under two different background levels. 

At a certain depth the smaller sphere fail to be imaged by the system due to the 
presence of the background activity level. As expected, approximately the same TBR is 
obtained, independently of the sphere size, for each background level. In addition, the 
TBR factor in background level 1 is approximately two times the TBR in background 
2, which corresponds to the ratio of the background activity concentrations. The 
average TBR in background 1 for the three spheres was 0.56±0.06, 0.57±0.08 and 
0.55±0.12, respectively, for sphere 1, 2 and 3. The corresponding values in background 
2 were 0.27±0.03, 0.23±0.03 and 0.24±0.04. Based on these results, the methodology 
explained in Fig 2.8 was applied to the quantification of TBR values in breast 
carcinoma as presented in PAPER VI. The average value of the obtained TBR values 
for each malignancy group were; TBR(M1)=0.06±0.06, TBR(M2)=0.21±0.11 and 
TBR(M3)=0.31±0.21, with malignancy degree M increasing from 1 to 3. From the 
statistical analysis of the distribution of TBR factors as a function of malignancy 
degree, it was concluded that there is a correlation between the tumour uptake and the 
malignancy degree of the tumour. 
 
 
3.6 PROTON BEAM DOSIMETRY WITH SILICON CMOS IMAGE SENSOR 

Figure 3.9 demonstrates the linearity of the response of the CMOS as a function of 
proton fluence rate, and the corresponding proton detection efficiency as a function of 
proton fluence rate and energy. 
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Figure 3.9.a Linear relationship between the proton fluence rate and the most probable number of 
induced nuclear reactions (number of measured recoils). b CMOS proton detection efficiency as a 
function of proton current and energy. These values were obtained for perpendicular incidence. 

 
The very small angular dependence of the CMOS signal is illustrated in Fig 3.10 for a 
constant proton beam current (0o represents normal incidence). As it is shown, there is a 
slight variation in average number of nuclear reactions per frame with proton incidence 
angle. This variation could be explained by the increasing thickness of the traversed 
material before entering the sensitive volume of the chip. 
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Figure 3. 10 The CMOS signal angular dependence. 

 
Even though long exposure to ion beams heavily harms this device due to nuclear 
interactions, during the present experiments (20h irradiation), no damage in the form of 
dead pixels of background level fluctuations was observed. 
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4 DISCUSSIONS AND CONCLUSIONS 
 
 
 
 
 
 
 
 
 
4.1 FUNDAMENTAL LIMITS IN PET IMAGE SPATIAL RESOLUTION. 
4.1.1 Positron range in human tissues. 

For commercial PET systems with spatial resolutions (FWHM) between 6 and 7 mm at 
the centre when using 18F based radio-pharmaceuticals, the positron range in human 
tissues (with lung tissue as an exception) has a minor impact on the overall camera 
performance (less than 1% contribution to the total spatial resolution losses). If other 
radionuclides than 18F are used, the contribution of the positron range to the total spatial 
resolution losses could range in soft tissue from 3% for 11C to 35% for 82Rb. This 
represents a real impairment of the spatial resolution due to positron range. Moreover, 
if high resolution cameras with spatial resolution at the centre of less than 4 mm are 
employed, the positron range may be a major limiting factor in the overall PET 
performance regardless of the human tissue and choice of radionuclide. 
In order to minimise the impact of positron range in PET spatial resolution, it has been 
proposed to perform Fourier deconvolution of the projection data (Derenzo 1986) or to 
apply strong magnetic fields (Iida et al 1986). However, these methods have not been 
clinically applied due to the noise amplification in the deconvolution process and the 
strong distortion that the magnetic fields might cause in the PMT. 
 
4.1.2 Photon depth of interaction and emission non-collinearity. 

While positron range, photon emission non-collinearity and the intrinsic detector 
resolution seems to contribute uniformly (in all directions) to the resolution degradation 
in PET, the photon DOI generates a radial resolution loss which is very large in the 
periphery of the camera FOV. In addition to the high level of random coincidences, 
scatter, and pulse pile up, this photon DOI spatial resolution impairment imposes a 
primary limitation for future whole body 3D acquisition mode PET cameras. Therefore, 
a general conclusion of this thesis is that photon DOI measurements could greatly 
improve PET spatial resolution, above all for 3D whole body PET cameras. 
Photon DOI measurements have been carried out by using the Phoswitch principle 
(Carrier et al 1988, Dahlbom et al 1997, Seidel et al 1998, Saoudi et al 1999, Moses et 
al 1995), which consists of two layers of scintillator crystals with different decay times 
(for example LYSO/LuYAP) from which it is possible to determine the depth of 
interaction point. Another proposed way to determine the photon DOI is by using a 
sandwich of photodiode(PD)+scintillator+PMT (Rogers et al 1996, Miyaoka et al 1998, 
Shao et al 1999, Moses et al 1993 and Huber et al 1997 and 2001). The ratio of the 
signal from the PD and the PMT will determine the depth of interaction. A third 
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technique to measure DOI (Worstell et al 1998, Williams et al 1998) is based on the 
multiple segmentation of detector elements. The idea behind all of these techniques is 
to be able to define lines of response that connect the photon absorption point rather 
than the actual interaction crystal. Such LOR would pass through the source, thus 
eliminating the parallax error. Due to the excessive cost of building commercial PET 
cameras with such DOI measurement capabilities, the method described in PAPER IV 
is of importance for the determination of how accurate DOI measurements are required 
to make such camera construction cost-effective. From this point of view, the method 
presented in PAPER IV may have a great impact on the development of new 
techniques for both hardware and software optimisation of the photon DOI problem.  
 
4.1.3 Future perspectives in PET image spatial resolution recovering 

None of the described techniques to improve PET image spatial resolution, have been 
commercially implemented, mainly because of the high cost involved in their 
construction but also because the implementation of such spatial resolution recovery 
does not give completely accurate results. Therefore, to a certain degree the parallax 
error problem still remains. A simpler way to improve PET image spatial resolution 
would be to include the obtained point spread functions due to positron range (aPSF) 
and photon DOI+NC (dPSF), respectively described in PAPERS III and IV, in a 
general LOR repositioning optimisation algorithm. Another alternative could be to 
further develop existing iterative reconstruction methods, including a system response 
model incorporating these point spread functions2. To implement this idea, the libraries 
of aPSF and dPSF for a given PET camera geometry (in both 2D and 3D) and 
radionuclide should be used to model the detector response “a” in the equation; 

Pi=                                                        (4.1) ∑
=

+
n

j
ijij bxa

1

with P the projection in pixel i, x the activity in voxel j (to be found), aij is the system 
model and b is the background scatter and random contributions. A maximum 
likelihood-expectation maximization algorithm could then be applied to obtain an 
estimate of x.  
 
4.2 THE DUAL ISOTOPE QUANTITATIVE SPET METHOD 

The proposed scatter and down scatter correction algorithm presented in PAPER I is 
based on a pixel-wise subtraction methodology. This can produce good quantitative 
results, as demonstrated in table 3.3 for the total number of scattered counts removed 
from the image. However, the exact position of these scatter counts in the image is not 
well modelled. This uncertainty is derived from the assumption that the spatial location 
of the scatter events is the same in the primary as in the secondary energy windows. 
This, in addition to the different signal to noise ratios and spatial resolution 
performance for both isotopes, represents the main perturbation factors in the presented 
quantitative method. Despite of these limitations, two independent techniques have 
clearly revealed the good quantitative properties of the presented overall dual isotope 
SPET technique as described in PAPERS I and II. 

 
2 Notice that while the general library of aPSF calculated in this work covers the majority of the 
commonly clinically used radionulides, the dPSF are PET system characteristic dependent. 
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In previous studies, 113Xe gas (Almquist et al 1999) and a combination of 81mKr gas and 
99mTc-microspheres (Klumper et al 1986) were used to simultaneously measure human 
V and Q. From the image quantification point of view, these radionuclides present a 
number of drawbacks, such as the fast decaying time of 81mKr (T1/2=13 s), the low 
photon emission energy of 113Xe (80 keV), and the very close photon emission energy 
of the 81mKr (190 keV) as compared to 99mTc (140 keV). Therefore 113mIn-MAA and 
99mTc-technegas represent a more suitable pair of radionuclides for simultaneous 
human V-Q studies. However, great care must be taken in the labelling efficiency for 
the technegas aerosol and the albumin MAA when labelled to 99mTc, due to the 
presence of free ions (pertechnegas and pertechnetate, respectively). If a large 
percentage of these ions are present in the pharmaceutical, they will rapidly translocate 
from the lung into the surrounding organs like the thyroid, stomach, etc, giving a poor 
lung image. The effect of a poor label efficiency for 99mTc technegas (large amounts of 
pertechnegas in the mixture) and 99mTc MAA (large amounts of free 99mTc 
pertechnetat) is illustrated in Fig 4.1 for two different healthy subjects. MAA with 

113mIn was found to have a very high label efficiency, above 95%. 
 

 

Figure 4.1 A) Pertechnegas clearance form the lungs into surrounding organs. B) Uptake of pertechnetate 
outside the lungs in a MAA99mTc lung study. Both studies were performed in a healthy volunteer. 

 
Figure 4.1 also shows, the clearance of the pertechnegas (which is very fast in the first 
minutes after the administration of the aerosol, Xu et al 2000) and pertechnetate ions 
from the lungs into adjacent organs such as the thyroid gland and the ventricle. Due to 
the possible high uptake of activity outside of the lungs, the labelling efficiency has to 
be even more carefully considered and controlled if this method will be applied in 
infants. 
The major advantage of this dual isotope method is the ability to produce simultaneous 
non-invasive regional estimates of V and Q. Furthermore, the use of two different 
short-lived generator produced radionuclides will give high examination flexibility, 
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without high radiation doses. This method is therefore being applied to a large number 
of different experimental investigations, such as in studies of the effect that gravity, 
mechanical ventilation, total anaesthesia and nitric oxide have on the regional human 
ventilation and perfusion distribution. 
 
4.2.1  Future perspectives for the dual isotope technique 

From the methodology point of view, this quantitative dual isotope method has to be 
further developed. The idea is to apply it to the new available systems that include the 
possibility of simultaneous SPET/CT imaging. A list of current problems and their 
possible solutions are listed in Table 4.1. 
 

Table 4. 1.Troubleshooting for the dual isotope simultaneous ventilation and perfusion SPET. 

Actual weakness of the method Effect on image / quantification Solution

Scatter + down-scatter correction 

routine

Not accurate distribution of subtracted 

scattered and down scattered events

Devise a new  Monte Carlo based 

scatter correction model

Attenuation correction based on 

transmission source

Too slow and containing high noise. Not good 

in the lower and upper lung regions. No 

anatomical information

CT based attenuation correction

Poor In detection efficiency113m Low image signal to noise ratio Use a thicker or more dense 

crystal
99mTc labelling Low lung activity uptake, increased uptake in 

surrounding organs

Use ion exchange to reduce the 

amount of pertechnetate 

Partial volume effect Different spatial resolution performance for 

each radionuclides

Not found yet. We can just have a 

model of the different spatial 

resolutions for both radionuclides

Technegas particle size and 

concentration

Activity deposition and retention Control the burning temperature 

and time during the technegas 

production

 
 
4.3 LIMITS AND CLINICAL APPLICATION OF THE OBJECT SIZE 

INDEPENDENT TBR VALUES IN PLANAR MAMMOSCINTIGRAPHY 

From the quantitative point of view, SPET should always represent a more attractive 
way to quantify tumour activity uptake, as compared to planar imaging. However, 
planar scintigraphy represents a good alternative due to its simplicity, better spatial 
resolution, sensitivity, low cost, quick performance and faster image evaluation.  
The methodology explained in Fig. 2.8, is only applicable to nearly spherical tumours, 
which is not always the case. In addition, this method generally fails if the tumour is 
smaller than the minimum detectable object of the gamma camera, or if the background 
level is close to the tumour uptake. Under proper conditions, Fig 3.8 shows that the 
presented methodology allows quantitative assessments of the tumour to background 
ratios in planar scintigraphy, without the disturbing effects from the object size (and 
depth). In conclusion, planar mammo-scintigraphy, in combination with the presented 
TBR quantification method, represents a helpful tool to obtain a first estimate of the 
tumour malignancy grade.  
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4.4 IN VIVO PROTON DOSIMETRY WITH CMOS IMAGE SENSOR 

The slow conversion rate of the used digital video grabber unit produce a sampling 
frequency rate of around 20 ms per image. If this detector is to be clinically used, both 
the sampling rate and the quantitative methodology has to be improved. Furthermore, 
this methodology should be applied in real-time to obtain a direct read out in terms of 
particle fluence. Despite its sensitivity limitations, the CMOS detector has shown 
insignificant background variation with time, low aging effects, a very good signal 
stability and constant efficiency without the need for pre-irradiation. This means that if 
calibrated against an ionisation chamber, the CMOS detector could produce results 
with high statistical accuracy. The small size of the chip makes it ideal for in vivo 
dosimetry and for real-time field monitoring of scanned proton beams. However, the 
small angular dependence has to be more accurately determined. In addition this chip is 
also sensitive to neutrons, especially for fast neutrons, and could be tailored to detect 
thermal neutrons by applying a thin layer of lithium in front of the detector surface. 
Hence, the CMOS detector could find a great application for in vivo neutron field 
visualisation in clinical applications, such as boron neutron capture. Future applications 
in ion beam radiation therapy should be investigated. 
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7 APPENDIX 
 
 
 
 
 
 
 
Table A1. Physical constants 
 

Quantity Value
Atomic mass unit 1.6606x10  g-24

Avogadro’s number 6.022x10  mole23 -1

Barn 10 m-28 2

Electronic charge 1.602 x10 C-19 

Electron volt 1.602 x10 J-19 

Electron rest mass 9.108x10  g-28

Electron rest energy 0.511 MeV
Hydrogen ionization 
energy

 
13,605 eV

Proton rest mass 1.672x10 g-24 

Proton rest energy 938.2 MeV
Planck’s constant 6.626x10 J s-34

Speed of light 2.998x10  m/s8

Fine structure 1/137,0360

 
 
 

Table A2. Average positron range for some PET radionuclides 

 
 
 
 
 
 
 
 
 
 

 Bone 

(mm) 

Soft tissue 

(mm) 

Adipose tissue 

(mm) 

Lung tissue 

(mm) 
18F 0.19 0.27 0.33 0.80 
11C 0.27 0.45 0.58 1.40 
13N 0.34 0.56 0.74 1.92 
15O 0.58 0.91 1.06 2.97 

68Ga 0.67 1.05 1.17 3.32 
82Rb 1.18 2.02 2.20 6.37 
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Table A3. Physical properties of commonly used PET-scintillation crystals 

 Density 
(g/cm3) 

Zeff Photo fraction 
at 511 keV (%) 

Attenuation 
length (cm) 

Decay 
time (ns) 

Conversion 
efficiency3 (%)

BGO 7.13 74 43 1.0 300 20 
LuAP 8.34 66 31 1.2 18 66 
LSO 7.40 65 34 1.1 40 75 
GSO 6.71 59 28 1.4 60 35 
NaI 3.67 51 15 2.9 230 100 

 
 
 
 
Table A4.  Physical characteristics of clinically used radionuclides for SPET studies 

Generator (T1/2) Radionuclide (T1/2) γ emission energy 
in keV (% abundance) 

99Mo (65.9 hr) 99mTc (6.02 hr) 140.5 (88) 
Cyclotron produced, nuclear 

reaction

123I (13.2 hr) 159 (83) 

Fission product 131I (8.0 days) 284 (6) 
364 (81) 
637 (7) 

81Rb (4.57 hr) 81mKr (13 sec) 190 (67) 
Cyclotron produced, nuclear 

reaction

111In (2.8 days) 171 (90) 
245 (94) 

113Sn (115 days) 113mIn (100 min) 392 (64) 
68Zn(p,2n)67Ga 67Ga (3.26 days) 93 (40) 

184 (20) 
300 (17) 
393 (4) 

Cyclotron produced, nuclear 

reaction

57Co (271 days) 122 (86) 
136 (11) 

 
 
 
 

Table A5. Mass attenuation coefficients4 for selected compounds in cm2/g 

Energy 
(keV) 

Soft tissue 
ρ=1.00g/cm3

Muscle 
ρ=1.06 g/cm3

Bone  
ρ=1.85 g/cm3

Adipose 
ρ=0.93 g/cm3

NaI 
 ρ=3.67 g/cm3

100 1.707E-01 1.693E-01 1.855E-01 1.688E-01 1.67E+0 

150 1.505E-01 1.492E-01 1.480E-01 1.500E-01 6.11E-01 

200 1.370E-01 1.358E-01 1.309E-01 1.368E-01 3.28E-01 

300 1.186E-01 1.176E-01 1.113E-01 1.187E-01 1.66E-01 

511 9.5E-02 9.61E-02 9.1E-02 9.47E-02 9.26E-02 

                                                 
3 Relative to NaI 
4 http://physics.nist.gov/PhysRefData/XrayMassCoef/tab4.html

http://physics.nist.gov/PhysRefData/XrayMassCoef/tab4.html
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8 GLOSSARY OF TERMS  
 
 
 
 
 
 
 
 
Aggregated albumin Conglomerates of human serum albumin in suspension (µm size). 
Alpha particles A positively charged particle ejected spontaneously from the nuclei of some 

radioactive elements. It comprises two neutrons and two protons, has a mass number 
of 4 and an electrostatic charge of +2. 

Annihilation Positron interaction with an atomic electron resulting either in a bound state 
(positronium) or in the direct conversion of their rest mass (2mec2) generally in two 
nearly opposed photons of 511 keV energy each. 

Atomic mass A unit of mass by definition equal to one-twelfth of the mass of an atom of  C12
6

Atomic number (Z) The number of protons in a nucleus or the orbital electrons in the neutral atom.  
Attenuation The reduction in the intensity of radiation during the passage through matter due to 

absorption processes. 
Bragg curve When charge particles interacts with matter, they loss energy and velocity primarily 

by the excitation and ionisation of atoms with which they interact along their path. 
This results in the particles having more time to interact with surrounding atoms, 
thereby increasing the probability of producing further ionisations. Therefore as the 
residual particle decreases, the specific ionisation increases. This relation is referred 
to as the Bragg curve. 

Compton effect Inelastic collision between a photon and a free electron. In this interaction the 
photon losses a part of its energy which is transfer to the electron. 

Convolution A convolution is an integral that expresses the amount of overlap of one function G 
as it is shifted over another function F. 

Count rate Event detection per unit of time. 
CSDA range Approximation to the average path length travelled by a charged particle as it slows 

down to rest, calculated in the continuous-slowing-down approximation. In this 
approximation, the rate of energy loss at every point along the track is assumed to be 
equal to the total stopping power. The CSDA range is obtained by integrating the 
reciprocal of the total stopping power with respect to energy. 

Dead time It is the time necessary for a detector  to process a scintillator event  and hence the 
time during which it is not possible to detect another event. 

Effective atomic number (Zeff)  Atomic number for composite materials. It is calculated from the composition 
and atomic numbers of the components of the compound and it takes into account 
the screening of inner-shell electrons. 

Efficiency The ratio of the number of recorded events to the total number of occurring events. 
Electron volt (eV) The energy acquired by an electron in accelerating freely through a potential 

difference of 1V. 
Fluorescent The emission of longer wavelength radiation by a substance as a consequence of 

absorption of energy from shorter wavelength radiation. 
Gaussian distribution It is a probability distribution function that describes a set of independent random 

distributed variables with average µ and standard deviation σ according to 
f(x)=(1/σ√2π)(exp(-(x-µ)2/2σ2))). 

Ion Atom that has lost or gained electrons and hence has either positive or negative 
charge. 

Ionisation The process that dissociates electrons from the atom. 
Ionisation chamber A gas filled chamber used for radiation detection. An incident radiation, will ionise 

this gas and the resulting ions will move to the appropriate electrode producing a 
current proportional to the energy deposited in the gas chamber. 

Isotope Several nuclides having the same atomic number but different atomic masses. 
Light output The number of light quanta emitted per unit of  deposited gamma energy. 
Linearity Ability of the detector device to reproduce a linear array of radioactivity. 
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Line spread function The response of an imaging device to a line source of activity extending across the 
field of view (in axial or transaxial direction). 

Lines of response In PET imaging is the imaginary sampling path that connects two detector elements 
in coincidence. 

Modular transfer function The Fourier transform of the line or the point spread function. It measures how well 
a given imaging device can convert the contrast of an object into an image contrast. 

Nuclear  interaction A process occurring when a nucleus interacts with a photon, an elementary particle, 
or another nucleus: X+a-->Y+b, where X is the target nucleus, a is the incident 
particle or photon, b is an emitted particle or photon, and Y is the product nucleus. 

Partial volume In digital imaging, refers to the mismatch between the system resolution, the object 
size and the pixel size. 

Point spread function The relative image intensity distribution obtained from a device scanning an 
infinitely small radioactive source. The FWHM of the PSF is used as a measured of 
the spatial resolution performance of the imaging device. 

Photoelectric effect Photon- atomic electron interaction where the photon energy is totally transferred to 
the electron (with binding energy EB) with which interacts. The photon vanishes and 
the electron departs from its atomic bound under a given angle and with energy hν-
EB , with hν the photon energy. 

Photo multiplier Converts the visible light into an electrical signal with amplitude proportional to the 
brightness of the incoming light. 

Prompts All coincidence detected events in a PET camera 
Positronium Positron-electron short lived bound state which decay by multiple photon emission 
Random coincidences Two detected photons in coincidence coming from two different positron 

annihilations 
Sensitivity Ability to accurately detect the incoming radiation 
Spatial resolution It can be defined as how big a 1 mm object is imaged or the ability to detect two 

objects close together (the full width at half maximum is the measure of resolution 
in this case (mm)) 

Scintillator Converts gamma radiation into visible light with a brightness proportional to the 
energy of the detected radiation. 

Stopping power The rate at which a particle loses energy per unit path length in a given material 
Straggling Charge particle range broadening. In a radiation beam, there is no sharp cut off 

distance travelled by all particles, but a mean range about which the particles 
straggle. 

Truest Un-scattered photons from an annihilation source measured in coincidence. 
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