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 Abstract 

The limited spatial resolution in positron emission tomography (PET) images 
leads to difficulties to measure correct uptake in tumours. This is called 
partial volume effects (PVE) and can lead to serious bias, especially for small 
tumours. Correct uptake values are valuable for evaluating therapies and can 
be used as a tool for treatment planning. The purpose of this project was to 
evaluate two methods for compensating for PVE. Also, a method for tumour 
delineation in PET-images was evaluated. The methods were used on images 
reconstructed with two algorithms, VUE-point HD (VP HD) and VP SharpIR. 
The evaluation was performed using a phantom including fillable spheres 
which were used to simulate tumours of different sizes. 

The first method used for PVE compensation was an iterative deconvolution 
method which to some degree restores the spatial resolution in the images. 
The tumour uptake was measured with volumes of interest (VOIs) based on a 
percentage of the maximum voxel value.  

The second method was to use recovery coefficients (RCs) as correction 
factors for the measured activity concentrations. These were calculated by 
convolving binary images of tumours with the point spread function (PSF). 
The binary images were achieved both from computed tomography (CT) 
images and from PET images with a threshold method for tumour 
delineation. The threshold method was based on both tumour activity and 
background activity, and was also compared with a conventional threshold 
technique. 

The results showed that images reconstructed with VP SharpIR can be used 
for activity concentration measurements with good precision for tumours 
larger than 13mm diameter. Smaller tumours benefit from RCs correction. 
The threshold method for tumour delineation showed substantially better 
results compared to the conventional threshold method. 



Sammanfattning 

Den begränsade spatiella upplösningen i bilder från positronemissions-
tomografi (PET) leder till svårigheter i att mäta korrekt upptag i tumörer. 
Detta kallas partiella volymseffekter (PVE) och kan leda till stora fel, speciellt 
för små tumörer. Korrekta upptagsvärden är värdefulla vid 
behandlingsutvärdering och kan användas som ett verktyg för att planera 
behandlingar. Syftet med detta projekt var att utvärdera två metoder för att 
kompensera för PVE. Även en metod för tumöravgränsning i PET-bilder 
utvärderades. Metoderna användes på bilder som rekonstruerats med två 
olika algoritmer, VUE-point HD (VP HD) och VP SharpIR. Utvärderingen 
utfördes med ett fantom med sfärer som fylldes med aktivitet och därmed 
simulerade tumörer av olika storlekar. 

Den första metoden för PVE-kompensation var en iterativ avfaltningsmetod 
som, i viss mån, återställer bildernas spatiella upplösning. Upptaget i 
tumörerna mättes som medelupptaget i s.k. ”volumes of interests” (VOI:ar) 
som baserades på andelar av maximala voxelvärdet.  

Den andra metoden byggde på användning av s.k. recovery coefficients (RCs) 
som korrektionsfaktorer för de uppmätta aktivitetskoncentrationerna. Dessa 
beräknades genom att falta binära bilder av tumörerna med 
punktspridningsfunktionen (PSF). De binära bilderna framställdes både från 
bilder tagna med datortomografi (computed tomography, CT) och från PET-
bilder med en tröskelmetod för tumöravgränsning. Tröskelmetoden 
baserades både på aktiviteten i tumören och på bakgrundsaktiviteten. Den 
jämfördes också med en konventionell tröskelmetod.  

Resultaten visade att bilder som rekonstruerats med VP SharpIR kan 
användas för mätning av aktivitetskoncentration med god precision för 
tumörer större än 13mm diameter. För mindre tumörer är det bättre att 
använda RC:s. Tröskelmetoden för tumöravgränsning visade avsevärt bättre 
resultat jämfört med den traditionella tröskelmetoden. 
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1 Introduction 

1.1 Background 

Positron emission tomography, PET, is a technique for imaging functional 
processes in the body. PET is built on injection of a radiotracer, which is a 
molecule including a radioactive isotope. The radioactive isotope undergoes 
positive beta decay, that is emits positrons. The positrons will soon 
annihilate with electrons and each annihilation results in two opposed 
photons with energy 511 keV. If the two photons from one annihilation are 
detected within a small time interval, it will be known along which line (line 
of response, LOR) the annihilation took place and with that information the 
image can be created (Bailey et al. 2005). 

The most common radiotracer is 18F-FDG (18F- fluorodeoxyglucose) which is a 
glucose analogue molecule including the radioactive isotope 18F (Bailey et al. 
2005). This molecule will be taken up by cells with high glucose metabolism, 
for example tumour cells. Thereby a functional image of the tumour 
metabolism can be obtained, which is a useful tool for detection and staging 
of many different types of tumours. 

With non-biased imaging, 18F-FDG PET would give a measure proportional to 
the glucose uptake in a tumour. In reality this is complicated by factors such 
as attenuation, scattered radiation, detector dead time, random coincidences, 
noise and the limited spatial resolution. These effects can be corrected for in 
different ways depending on the purpose of the image. In this work, the 
focus will be on the limited spatial resolution which usually is in the order of 
4-8mm and can be a difficult problem for quantitatively correct uptake 
measurements in small tumours. Compensating for this is called 
compensating for partial volume effects (PVE). 

1.2 Purpose 

Correction for PVE can be done in many different ways, and today there is no 
standard method. The purpose of this project is to test and evaluate two 
methods. One method uses recovery coefficients (RCs) (Soret et al. 2007) 
which are used for multiplication with the measured uptake to give a new, 
more quantitatively correct uptake. The other method is to deconvolve the 
images with the point spread function (PSF) of the PET camera (Teo et al. 
2007). This will result in better image resolution, and hopefully a better 
measurement of the uptake. The first method will also be combined with a 
method for finding a threshold for automatic tumour delineation on PET-
images.  



2 Theory 

2.1 PET 

2.1.1 Camera design 

A PET-camera consists of several rings of radiation detectors, as 
demonstrated in figure 
which convert gamma rays into light in the visible spe
light output is directly proportional to the energy 
the gamma ray. To each block of crystals, 
are connected. The PMT is
electrical signal proportional to the light input. 

Figure 1. The d
of rings of radiation
PMTs.  (Image s
http://en.wikipedia.org/wiki/Positron_emission_tomography

The scintillation crystals are sorted in blocks. In each block, the crystals are 
separated by slots cut at different levels. This makes the light spread out 
differently depending on the position o
shown in figure 2. The amount of light detected in each PMT will give 
information on the light spread and thereby the location of the incoming 
gamma ray detection.  

camera consists of several rings of radiation detectors, as 
demonstrated in figure 1. The detectors are based on scintillation crystals 
which convert gamma rays into light in the visible spectrum. The amount of 
light output is directly proportional to the energy deposition in the crystal by
the gamma ray. To each block of crystals, four photomultiplier

The PMT is a very sensitive light detector which produces an 
electrical signal proportional to the light input.  

The design of a PET-camera. The PET-camera consists 
of rings of radiation detectors based on scintillator crystals
PMTs.  (Image source:  
http://en.wikipedia.org/wiki/Positron_emission_tomography

The scintillation crystals are sorted in blocks. In each block, the crystals are 
separated by slots cut at different levels. This makes the light spread out 
differently depending on the position of the interacting gamma ray

. The amount of light detected in each PMT will give 
information on the light spread and thereby the location of the incoming 
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Figure 2
The slots in the crystals make
out differently depending on the position of the 
interacting gamma ray.

2.1.2 Coincidence analysis

The patient is, as described earlier, injected with a radiotracer including a 
positron-emitting isotope. When the positron interacts with an electron and 
annihilates, it results in two almost oppositely directed photons of energy 
511 keV. Two detected phot
LOR between two detectors.  

In order to regard two detection events as a coincidence, two things are 
required. The events must take place within a small time interval (of order 
nanoseconds) and the energy of 
511 keV. The widths of the energy
the energy- and time resolution of the crystals. 

Detector events can be divided into 

1. True coincidences.
energy- and time window.

2. Scatter events. The photons originate from the same annihilation, but 
at least one of them is scattered before detection
energy window. This will result in a fals

3. Random events. Two photons that originate from different 
annihilations are detected within the energy
will result in a false LOR. 

 
2. Light spread-out in the detector blocks. 

slots in the crystals make the light spread 
out differently depending on the position of the 
interacting gamma ray. 
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nanoseconds) and the energy of both gamma rays must be approximately 
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and time resolution of the crystals.  

events can be divided into three categories (Bailey et al. 2005)

True coincidences. Two unscattered photons are detected within the 
and time window. 
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Random events. Two photons that originate from different 
annihilations are detected within the energy- and time window. This 
will result in a false LOR.  
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emitting isotope. When the positron interacts with an electron and 
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Random events. Two photons that originate from different 
and time window. This 



To the detector events, single and multiple events can also be counted. Single 
events occur when one of the photons 
when three or more photons are detected within the energy
window, for example a combination of 
None of these events results in a LOR.

2.1.3 Data processing and image reconstruction

The line integral along a LOR gives the sum of events for 
one direction forms a projection of the activity distribution in that direction. 
The data is stored as sinograms, 
from the origin r, according to figure 
for coincidences in planes between different detector rings are also acquired.

Figure 3.  A crossection of a detector ring in the PET
The collected data 
distance r. 

The collected data needs correction for attenuation. This can be done either 
before image reconstruction or as a
can be measured in different ways. Many modern PET
with a CT in the same modality, and 
information, it is a useful resource for attenuation correction. 

Image reconstruction can be done in different ways
analytical methods based on the
can also be done with iterative methods. 
improved image quality since 

To the detector events, single and multiple events can also be counted. Single 
n one of the photons is attenuated. Multiple events occur 

when three or more photons are detected within the energy
window, for example a combination of a true coincidence and 

of these events results in a LOR. 

and image reconstruction 

The line integral along a LOR gives the sum of events for the LOR. All LORs in 
one direction forms a projection of the activity distribution in that direction. 
The data is stored as sinograms, which are functions of angle

r, according to figure 3. In 3D image acquisition, sinograms 
for coincidences in planes between different detector rings are also acquired.

A crossection of a detector ring in the PET-camera. 
The collected data are stored as functions of angle θ  and 

The collected data needs correction for attenuation. This can be done either 
before image reconstruction or as a part of the reconstruction. Attenuation 
can be measured in different ways. Many modern PET-cameras are combined 
with a CT in the same modality, and since a CT image consists of attenuation 

is a useful resource for attenuation correction. 

Image reconstruction can be done in different ways. One way is to use 
based on the filtered back projection technique 

can also be done with iterative methods. Iterative methods ha
improved image quality since they allow more accurate modelling of the data 
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To the detector events, single and multiple events can also be counted. Single 
attenuated. Multiple events occur 

when three or more photons are detected within the energy- and time 
true coincidence and a single event. 

LOR. All LORs in 
one direction forms a projection of the activity distribution in that direction. 
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In 3D image acquisition, sinograms 

for coincidences in planes between different detector rings are also acquired. 
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The collected data needs correction for attenuation. This can be done either 
the reconstruction. Attenuation 

cameras are combined 
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is a useful resource for attenuation correction.  

One way is to use 
technique (FBP). It 

Iterative methods have led to 
more accurate modelling of the data 
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acquisition (Bailey et al. 2005). Faster computers and more effective iterative 
algorithms have made iterative methods very popular. However, FBP is still 
used for control of camera performance. 

2.1.3.1 Filtered back projection 

Back projection is done by simply smearing each projection back on the 
image (Wernick and Aarsvold 2004). By doing this for all projections, an 
approximation of the image is obtained, as in figure 4. The result is however 
blurred since each projection is smeared over the whole image. To avoid this 
blurring, filtering of the projections is introduced. Every projection is filtered 
with a ramp filter combined with a low pass filter (Bailey et al. 2005). The 
ramp filter cancels out the blurring introduced by smearing of the 
projections, and the low pass filter reduces the noise level.  

   

   
Figure 4. Examples of unfiltered back projection. Top row from left: original image, 
one projection, four projections. Bottom row from left: 8 projections, 18 projections, 
60 projections. 

2.1.3.2 Iterative methods 

An iterative method includes the following steps: 

• Assume a start image, for example a completely homogeneous activity 
distribution. 

• Use the knowledge of the imaging system to calculate the projections, 
which is what would be measured if the activity distribution was 
correct. 

• Identify the ratio (or difference) between the calculated projections and 
the measured projections.  
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• Calculate a new estimate based on the identified ratio (or difference). 

MLEM stands for maximum likelihood expectation maximization (Lange and 
Carson 1984, Shepp and Vardi 1982) and is a well known iterative method 
for image reconstruction. It is based on the following statements: If the n:th 
estimate of the image is the column vector )(ˆ n

f , the measured projections are 

included in the row vector ĝ  and the probability matrix is described byH , 

the MLEM equation can be written as: 

∑
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OSEM means ordered subsets expectation maximization (Hudson and Larkin 
1994). This is an approximation of MLEM which uses subsets of projection 
data. Each new update is done with a different subset, and this is called a 
subiteration. One OSEM iteration includes all subiterations of the included 
subsets. Each subiteration is performed according to: 
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where
nS are the projections that belong to the subset. OSEM accelerates the 

reconstruction with about a factor of the number of subsets. 

2.2 Standardized uptake value 

Standardized uptake value (SUV) is a quantitative (or semi-quantitative) 
measure that is often used in PET (Keyes 1995). SUV is defined as the ratio of 
activity concentration C and injected activity A at the injection time, divided 
by body weight W. The most common units are kBq/ml for activity 
concentration, MBq for activity and kg for body weight. This gives SUV in 
g/ml according to equation  3: 

WA

C
SUVBW

/
=           (3) 



SUV
BW
 stands for SUV body weight. 
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images. The effect of finite voxel 
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unnecessary treatments which can have heavy side effects, and 
allow other possible treatments to be initialised.
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 . 
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2.3.1 Factors affecting partial volume effects 

The magnitude of PVE is affected by a number of factors. One already 
mentioned is the size of the tumour, but also the tumour shape can affect 
PVE (Soret et al. 2007). Tumours with a large surface area relative its volume 
will be more affected by PVE compared to more compact tumours of the 
same volume. The most compact geometry is a sphere which will yield the 
lowest PVE. A tumour with a relatively large surface area will have more of its 
volume close to the surface, which will lead to more spread-in and spread-
out, that is more PVE. 

PVE is also affected by surrounding tissues (Soret et al. 2007). Spread-out is 
unaffected by the surroundings, but the surrounding tissue will affect the 
spread-in. A tumour in a background with low activity concentration will 
appear colder than a tumour in a hotter background.   

Spatial resolution of the image is an important factor for the magnitude of 
PVE. The resolution depends on many features of the camera, such as size of 
and distance between detectors, depth of interaction in the detector and 
number of angular samples (Bailey et al. 2005). It is also affected by the 
reconstruction parameters, where the filtering of the data leads to 
degradation of spatial resolution, and by the chosen radionuclide. Since PET 
detects the place of annihilation, and not the place of positron emission, the 
proton range is of importance for the resolution. The residual momentum of 
positrons at annihilation also affects since it leads to non-colinearity of the 
photons.  

Another important factor for PVE is the size of the image voxels, which 
depends on the matrix size used for image sampling, and the FOV. A small 
matrix together with a large FOV result in large voxels and hence it is more 
probable that more than one region of homogeneous uptake will contribute 
to the same voxel. 
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3 Materials and methods 

3.1 PET-camera 

The Nuclear Medicine department at the University Hospital of Umeå uses a 
Discovery PET/CT 690 from GE Healthcare (WI, USA). It is a PET-camera 
combined with a computed tomography (CT) scanner, which makes it 
possible to get PET- and CT-images during the same examination. The CT-
images are of course used for diagnostics, but also for image fusion and 
attenuation correction of the PET images. The camera is shown in figure 6. 

 
Figure 6. The Discovery PET/CT 690 on the Nuclear Medicine department at 
the University hospital of Umeå. 

Image reconstruction is done with two OSEM-based algorithms, VUE-point HD 
(VP HD) and VUE-point SharpIR (VP SharpIR). VP HD is an algorithm from 
2008 (GE 2008). It differs from earlier algorithms by including normalization 
and correction for scatter, random events and attenuation in the iterations 
instead of doing these corrections before reconstruction. Another difference 
is that the forward- and back-projections are done according to the native 
scanner geometry. Earlier algorithms interpolated data to obtain evenly 
spaced projections which degraded the results. 

VP SharpIR is also OSEM-based and was introduced in 2010 (Ross and Stearns 
2010). It includes information about the detector response, such as detector 
sampling width, detector geometry, and parallax effects. These will, if not 
corrected for, introduce spatially variant blurring to the images. VP SharpIR 
will hence result in sharper images and smaller PSFs. 
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The reconstruction parameters used in this study can be seen in table 1. 
 

Table 1. The parameters used for image reconstruction. 

 VP HD VP SharpIR 
 Phantom Patient Phantom Patient 
Iterations 2 2 3 3 
Subsets 24 24 24 24 
Filter FWHM (mm) 6.4 6.4 3 3 
Matrix pixels 256×256 256×256 256×256 256×256 
FOV (cm) 40 70 40 70 
Slice thickness (mm) 3.27 3.27 3.27 3.27 

 

3.2 Point spread function 

For all PVE-corrections in this project, knowledge about the PSF is essential. 
One important factor for PSF can be the radionuclide. 18F is the radionuclide 
that was used in this project and it is an isotope with a half-life of 110 min 
and a relatively short positron range. This short range is not likely to affect 
the PSF. Information about the isotope can be seen in table 2 (Wernick and 
Aarsvold 2004).  

 
Table 2. Data for the radioisotope 18F. FWTM is short 
for full width at tenth maximum. 

Isotope F-18 

Average positron kinetic energy (keV) 250 

Maximum positron kinetic energy (keV) 635 

FWHM of range (mm) 0.1 

FWTM of range (mm) 1.03 

Approximate maximum range (mm) 2 
 

The chosen method for PSF-measurement was to fill the end of a capillary 
tube with 18F. This resulted in an approximate point source. The PSF can be 
dependent on position in the camera. In this case, the PSF in the centre of the 
PET-camera is likely to be thinner than close to the scanner walls. This is due 
to difficulties in knowing where in the detector crystal the interaction takes 
place. It leads to wider LORs on the edges and is called parallax effect. In 
order to measure the PSF at different positions in the field of view (FOV), the 
capillary tube was placed at different distances from the midpoint in the 
transversal plane.  

In order to use the PSF for PVE-correction, a function for the PSF needs to be 
approximated. PSF was assumed to follow a three dimensional Gaussian 
distribution: 
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Here, σx, σy and σz are the distribution’s standard deviations and µx, µy and µz 
are the coordinates for the position of the activity (expectation values). The 
expectation value can be approximated by the mean value x and the standard 
deviation can be approximated by: 
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In this case however, the Gaussian distribution is sampled in just a few 
pixels. That makes the calculations less reliable. Instead, the parameters for 
the functions were found by comparing parameters using the least square 
method. The measured value in each pixel was compared with the integral of 
the normal distribution over the same pixel. The function of the summed 
squares of the differences was minimized in order to find the normal 
distribution that most accurately described the PSF.  

3.3 Deconvolution 

An ideal PET-image can be seen as an intrinsic image convolved with the PSF. 
In absence of any distortions, the intrinsic image could be recovered by 
deconvolving the image with the PSF. However, in the presence of noise, 
simple deconvolution is often not a practicable way. In the frequency 
domain, image details consist of high frequencies, and so do image noise. 
PET-images have relatively little information on details, which means that 
most of the information from the highest frequencies will be noise. 
Deconvolution with a Gaussian function like the PSF will amplify high 
frequencies. Since there is mostly noise in the highest frequencies, noise will 
be much amplified, and when the Gaussian function approaches zero, noise 
will be almost infinitely amplified.  

3.3.1 Iterative post reconstruction method 

A common way to restore images is to use an iterative method. In this 
project, Van Cittert’s method will be tested and evaluated (Teo et al. 2007).  

The PET-image Y can, as mentioned, be seen as a convolution of the intrinsic 
image X and the PSF as in equation 6. The intrinsic image is an image of the 
uptake without any biases.  

XPSFY ⊗=            (6) 
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Van Cittert’s algorithm is built on the idea of guessing an image X(0) and using 
the system transfer function, that is convolving X(0) with the PSF, and subtract 
from the given image Y. If the result is zero, the guessed image is the 
intrinsic image. If the result is not zero, it will be multiplied by a parameter α 
and added to the initial guess X(0). Mathematically, it is expressed as: 

)(
)1()1()( −−

⊗−+=
iii

XPSFYXX α         (7) 

where 0)( ≥i
X at each pixel. 

The initial guess X(0) is set to be equal to Y. α is of order one but can be 
changed to affect the convergence rate. X(i) is conditioned to be non-negative. 
All the calculations were performed in Matlab (The Mathworks, Inc., MA, US). 

This method is used to restore image resolution, but it also amplifies noise 
and the resulting images are not very useful for visual interpretation. They 
can however be used to determine radiopharmaceutical uptake in a tumour 
volume drawn from CT images or non-processed PET images (Teo et al. 
2007). In this project, the uptake is measured using two different methods: 
one based on volumes from CT and one based on thresholds from non-
processed PET-images. 

3.4 Recovery coefficients 

Recovery coefficients (RCs) are coefficients for correcting a measured uptake 
to give a more accurate value. They are defined as the ratio of measured 
activity to the true activity of a tumour. RCs can be calculated by using: 

bgdtumourtotal AbAaA ⋅+⋅=          (8) 

where A
tumour

 is the mean activity concentration in the tumour and A
bgd
 is the 

mean activity concentration in the tissue surrounding the tumour (Soret et al. 
2007). A

total
 is the measured mean activity concentration in the tumour 

volume of interest (VOI) and a and b are coefficients describing the spread-in 
and spread-out. This gives: 

a

AbA
A

bgdtotal

tumour

⋅−
=          (9) 

a and b are determined by convolving binary images of each VOI with the PSF 
using Matlab. Binary images are used to create an ideal activity distribution 
with only activity in either tumour or background. To find a, an image is 
used where the value of the tumour voxels is set to be 1 and surrounding 
voxels are set to 0. a is then the mean value in this VOI after convolution. In 
the same way, b is determined by setting the tumour voxels to the value 0 
and the surrounding voxels to 1. This method can be used either by 
assuming spherical tumours of different radii, or by using the tumour 
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contours delineated for each tumour. In this project, the RCs are calculated 
for each individual tumour shape. 

3.4.1 Delineation of tumour volume for recovery coefficients 

Delineation of tumour contours in PET-images can be done in many different 
ways. Contours in the PET-image can for example be set visually or by a 
certain threshold. The threshold can also be set in several ways, for example 
as a percentage of the maximum value or as some function of the uptake 
value in the tumour and the background. Another way is to delineate tumour 
contours from CT or magnetic resonance (MR) images.  

In this study, two methods were used. The first one was to simply draw the 
volumes on the CT-images and apply the VOI on the PET images. The second 
one was using a threshold based on the tumour uptake value and the 
background. This has been shown to be one of the most accurate methods 
for tumour volume estimations (Tylski et al. 2010).  

The threshold was calculated by 

bgdT AAA +⋅= 7.0ε           (10) 

where A
T 
is the threshold activity concentration, A

0.7
 is the mean activity 

concentration in the volume with activity concentration higher than 0.7·Amax 
and A

bgd
 is the activity concentration surrounding the tumour (Nestle et al. 

2005). The parameter ε needs to be optimized carefully since the optimal 
value for ε is dependent on many parameters such as PSF, tumour size and 
tumour uptake (Tylski et al. 2010). Optimization was performed using 
phantom images by calculating the ε giving the least differences between the 
VOIs drawn on the CT-images and the VOIs set automatically using A

T
. The 

method was then used with a mean value for ε. This is not the optimal value 
for all tumours, since tumour size and uptake will vary, but is more realistic 
to be useful in a clinic compared to using a varying ε. A commonly used 
method is to set a VOI based on a threshold of 40% of maximum. This was 
tested as a comparison. 

3.5 Evaluation of the result 

For evaluating the results, images of a phantom were used. The phantom 
used was a NEMA PET-phantom which consists of a volume of 9.7dm3 with 6 
fillable spheres of radii between 10mm and 37mm. The phantom is displayed 
in figure 7. By filling the spheres with one activity concentration and the 
surrounding volume with a lower activity concentration, tumours in 
surrounding tissue were simulated. The phantom was filled with different 
background activities to achieve different ratios between tumour and 
surrounding tissues (TBR, tumour-to-background ratio). TBRs used were 11.7, 
9.5, 3.8 and 2.5. The phantom was also imaged with the CT, since the CT 
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images were needed for delineation of the sphere volumes, and for 
attenuation correction. 

 

 
Figure 7. The phantom used for evaluation. It consists of a 
9.7 dm3 volume with six fillable spheres of different sizes. 

To estimate the accuracy of the two methods for activity estimation in 
sphere volumes on phantom images, the results were compared to the true 
activity concentrations. The true activity concentrations in kBq/ml were 
found by drawing a small VOI in the largest sphere, and then compensating 
for background by subtracting the result from the same VOI in an image of 
the non-filled sphere. 

The phantom images differ from patient images in one important factor. The 
fillable spheres of the phantom have plastic walls which are 1mm thick. Here 
is, naturally, no activity, which will give a lower contribution from 
background than in patient images.  

For the RCs, this was corrected for with a correction factor. This factor was 
found by using images of spheres with the sphere values set to 0 and the 
surrounding voxels to 1. By doing this for spheres with radius r and radius 
r+1mm, and calculating the mean value in the sphere with radius r, a 
correction factor could be found. If A

r+1
 is the mean value in a sphere with 

radius r after convolving a sphere of radius r+1mm, and A
re
 is the mean value 

in a sphere with radius r after convolving a sphere with radius r, the 
correction factor c is found by 

r

r

A

A
c 1+=            (11) 

cbbcorr ⋅=  .          (12) 

b
corr
 was used as b in equation 8.  
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The methods were also tested on images of two patients with metastases 
from malignant melanoma. Three of the metastases were clearly visible on 
both the PET and the CT images and were therefore suitable for this study. 
Since the true activities in the metastases are not known, the results can only 
be compared between the different methods. 
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4 Results 

 

4.1 Point spread function 

The PET-camera in the clinic uses as mentioned two algorithms for image 
reconstruction, VP HD and VP SharpIR. Since VP SharpIR is optimized for 
better resolution it will have a smaller PSF. The PSFs for the different 
reconstruction algorithms, resulting from the measurements of point 
sources, can be seen in table 3 and table 4. 

 
Table 3. The PSF for VP HD. FWHM is given in the 
two directions of the transverse plane, x and y, 
and in the head-feet direction, z. Radii regards to 
distance from z axes. 

  FWHM (mm) 
Radii (cm) x y z 

0 7.16 7.18 6.14 
1 7.09 7.31 6.07 
2 7.41 7.32 6.17 
5 7.49 7.15 6.27 
10 7.67 7.10 5.84 
15 8.19 7.23 5.90 
20 8.95 7.44 6.56 
25 9.53 7.47 6.26 
29 10.19 7.79 6.50 

 
 

Table 4. The PSF for VP SharpIR. FWHM is given 
in the two directions of the transverse plane, x 
and y, and in the head-feet direction, z. 

  FWHM (mm) 

Radii (cm) x y z 
0 3.44 3.65 4.66 
1 3.46 3.54 4.82 
2 3.53 3.48 4.73 
5 3.30 3.51 5.15 
10 3.36 3.43 4.51 
15 3.52 3.39 4.42 

 

Since the PSF was fairly constant within the region of 10cm from the central 
axis for the VP HD reconstruction and within 15cm for VP SharpIR, the small 
variations were considered to be statistical noise. In this work, all tumours 
are located within 10cm from the central axis. Therefore, mean values of the 
measured FWHMs were used. For VP HD, this resulted in a FWHM in x- and y-
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direction of 7.3mm and in z-direction 6.1mm. For VP SharpIR, a FWHM of 
3.5mm were used for the x- and y-direction and 4.7mm in the z-direction.  

4.2 Phantom images 

4.2.1 Iterative deconvolution 

The visual result of the deconvolution with van Cittert’s method for images 
reconstructed with VP HD and TBR 11.7 can be seen in figure 8. It shows that 
the tumour edges are slightly sharper, but also that noise is amplified.  

 
Figure 8. Image of NEMA-phantom reconstructed with VP HD and TBR 11.7 before and after 
deconvolution. 

A presentation of the visual result from deconvolution of a SharpIR 
reconstruction on a phantom-image with TBR 11.7 can be seen in figure 9. A 
careful comparison reveals a slight shrinkage of the tumours. An 
amplification of noise is also seen, but it is less than for the VP HD 
reconstruction.  

 
Figure 9. Image of NEMA phantom reconstructed with VP SharpIR and TBR 11.7 before and 
after deconvolution 

The result of the deconvolution was evaluated in two ways. The uptake was 
measured in VOIs based on certain thresholds given in percent of maximum 
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voxel value for each tumour. These VOIs were delineated before 
deconvolution to decrease the effects from the image noise. This method was 
used as the optimal measure of the true uptake. The other method was to 
measure the uptake in tumour volumes drawn on CT-images. This method is 
not expected to be an optimal measurement of tumour uptake, but serves as 
an evaluation of how much the deconvolution restores the intrinsic image. 

4.2.1.1 Percentage thresholds in PET-images for VP HD reconstruction 

In order to find the optimal threshold for assessment of tumour activity 
concentration, a measurement of the threshold effect on the result was made 
on phantom data for four images with different TBRs. The comparison was 
done on images of the NEMA PET-phantom. The result for TBR 11.7 can be 
seen in figure 10. 

The figures shows tumour activity ratio (TAR) which is the ratio of the 
measured activity concentration to the real activity concentration. A 
comparison of the curves for different ratios shows that 60% of the 
maximum VOI value is the threshold that gives the best results for all TBRs 
except the lowest TBR 2.5. At such low TBR, 60% of tumour activity is almost 
equal to the background level. Hence, a too low threshold will include some 
non-tumour volume. At these ratios, a threshold of 90% of maximum would 
be preferred, but would also make the volume sensitive to noise.  

 
Figure 10. A comparison of different thresholds effect on the TARs, in order to find the 
most optimal threshold for estimation of activity concentration.  

In figure 11, the most optimal of these thresholds (60%) is compared with 
two other methods for uptake estimation; uncorrected mean and uncorrected 
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maximum. Uncorrected mean is the mean value in the VOI from 60% 
threshold in the original image, and uncorrected maximum is the maximum 
value in same VOI in the original image. As can be seen in the figure, 
uncorrected mean gives an underestimation of tumour uptake for all tumour 
sizes. Uncorrected maximum on the other hand tends to overestimate 
tumour uptake. Since the phantom spheres have homogenous activity 
distribution, this should be due to image noise. A comparison of the result 
for different TBRs can be seen in figure 12. 

 

 
Figure 11. The resulting TARs for three types of measurements; uncorrected mean, PVE 
corrected mean and uncorrected maximum. 
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Figure 12. A comparison of the background effect on TARs. 

As can be seen in figure 12, tumour activity concentration is well restored for 
the two highest TBRs. Exception is made for the smallest tumour, which is 
still much better restored than without correction according to figure 11. For 
the two lowest TBRs, 3.8 and 2.5, it can be seen from figure 12 that it is hard 
to determine the activity concentration properly when using this 
deconvolution method. The smallest tumour has hardly any benefit from the 
method, but the activities in the larger tumours can still be determined with 
fairly good results. For low TBRs, it could be motivated to use a threshold of 
80% of maximum to better restore activity concentration. 

4.2.1.2 Percentage thresholds in PET-images for VP SharpIR reconstruction  

An attempt to correct activity measurements on images reconstructed with 
VP SharpIR was also made. A comparison was made based on different 
threshold levels, which can be seen in figure 13.  
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Figure 13. A comparison of the effect on the TARs by the different thresholds, in order to 
find the most optimal threshold for estimation of activity concentration. The comparison 
was made on deconvolved images. 

A similar comparison was also done without PVE-correction. The result can 
be seen in figure 14. 
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Figure 14. A comparison of the effect on the TARs by the different thresholds for 
uncorrected data, in order to find the most optimal threshold for estimation of activity 
concentration 

Figure 13 and 14 show that tumour activities can be almost equally restored 
with and without PVE-corrections, as long as the threshold value is correctly 
chosen. For non-corrected images, the optimal threshold is 60% of maximum, 
while PVE-corrected images have an optimal threshold of 50%, based on 
comparisons for all TBRs. A comparison of TARs obtained with 50% and 60% 
thresholds can be seen in figure 15 and 16. The figures show that VP SharpIR 
can give a good estimation of tumour uptake even without correction for 
PVE, if the threshold is set a little higher than if the images are corrected. 
The need of a higher threshold indicates that PVE still is a problem with VP 
SharpIR, albeit less than for VP HD. 
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Figure 15. TARs in phantom spheres with tumour TBR 11.7. Threshold for VOI was 50% of 
maximum. 

 

 
Figure 16. TARs measured in phantom spheres TBR 11.7. Threshold for VOI was 60% of 
maximum. 

Measurements for all TBRs can be seen in figure 17 and 18. 
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Figure 17. Measured TARs for all TBRs with 50% threshold in deconvolved images. 

 

 
Figure 18. Measured TARs for all TBRs with 60% threshold in original images. 
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4.2.1.3 Thresholds in CT-images for VP HD reconstruction 

As a measure of how well the deconvolution algorithm restores the image, a 
comparison based on tumour delineation on CT-images was made.  The 
result for TBR 11.7 can be seen in figure 19.   

 
Figure 19. Fraction of real uptake measured in phantom spheres with TBR 11.7 in VOIs 
drawn in CT images. 

As can be seen, the smallest sphere has a TAR which increases from 38% 
before correction to 70% after correction. The spheres with diameter of 
17mm or larger have all a PVE-corrected TAR larger than 84%. Similar, but 
slightly lower, results are achieved for the other TBRs which are presented in 
figure 20. 
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Figure 20. TARs measured in spheres before and after PVE-corrections for all TBRs in VOIs 
drawn in CT images. 

4.2.1.4 Thresholds in CT-images for VP SharpIR reconstruction  

A measurement of the activity in VOIs drawn on CT images was made also 
for VP SharpIR. The same VOIs as for VP HD were used and were copied to 
the PET images. The result for TBR 11.7 can be seen in figure 21. This shows 
that PVE is corrected for to some extent.  
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Figure 21. TAR measured in phantom spheres with TBR 11.7 in VOIs drawn in CT images. 

4.2.2 Recovery coefficients 

4.2.2.1 Recovery coefficients based on CT-images 

By convolving binary spheres with the PSF, recovery coefficients were 
calculated. A detailed demonstration of the data used for correction of the 
uptake for the phantom measurement with highest TBR can be seen in table 
5, for the VP SharpIR reconstruction.  

 
Table 5. Collected data for calculation of recovery coefficients for TBR 11.7. The image 
reconstruction was VP SharpIR. 

  Tumour diameter (mm) 

  10 13 17 22 28 37 

a 0.56 0.66 0.73 0.80 0.84 0.88 
b 0.44 0.33 0.27 0.20 0.16 0.12 
c 0.50 0.48 0.47 0.46 0.45 0.44 
b

corr
 0.22 0.16 0.13 0.09 0.07 0.05 

Background (Bq/ml) 1949 1949 1949 1949 1949 1949 
Uncorr. Tumour uptake (Bq/ml) 12737 15252 18007 17817 19189 20477 
Corrected uptake (Bq/ml) 22016 22518 24336 22038 22692 23221 
True uptake 22757 22757 22757 22757 22757 22757 
TAR, non-corrected 0.56 0.67 0.79 0.78 0.84 0.90 
TAR, corrected 0.97 0.99 1.07 0.97 1.00 1.02 
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Calculations of RCs were performed for all spheres and for all four different 
TBRs. All the corrected TARs can be seen in table 6 and 7. 

 
Table 6. A review of the resulting TARs for all tumours and TBRs 
for VP HD reconstruction. 

  Tumour diameter 
TBR 10 13 17 22 28 37 
11.7 0.96 0.99 1.07 0.97 1.00 1.02 
9.5 0.97 0.97 0.99 0.98 1.01 1.02 
3.8 0.89 0.92 0.95 0.97 1.00 1.01 
2.5 0.93 0.90 0.96 0.97 1.00 1.02 

 
Table 7. A review of the resulting TARs for all tumours and TBRs 
for VP SharpIR reconstruction. 

  Tumour diameter 
TBR 10 13 17 22 28 37 
11.7 0.97 0.99 1.07 0.97 1.00 1.02 
9.5 0.95 0.96 1.00 0.98 1.02 1.02 
3.8 0.82 0.90 0.95 0.96 0.99 1.01 
2.5 0.84 0.87 0.95 0.97 1.00 1.02 

 

As can be seen, the result is close to the true activity even for small tumours 
and low TBR. The result is slightly better for VP HD than for VP SharpIR, 
especially for the smallest tumour. 
 

 
Figure 22. A comparison of tumour uptake measurements before and after PVE-correction 
for VP HD. The VOIs were drawn on CT images. 
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Figure 22 shows a comparison of tumour uptake before and after corrections 
for PVE for both reconstruction algorithms. It shows that the corrections 
make a clear difference, and that the result is consistent also for small 
tumours. 

4.2.2.2 Recovery coefficients based on PET-images 

RCs were also derived based on VOIs from PET-images with thresholds from 
equation 10. The first step was to find the optimal values forε . The results 
can be seen in table 8 and table 9. 

 
Table 8: All values for ε in images reconstructed with VP HD. 

  Tumour diameter (mm) 
TBR 10 13 17 22 28 37 
11.7 0.50 0.38 0.43 0.39 0.39 0.44 
9.5 0.48 0.39 0.38 0.38 0.38 0.39 
3.8 0.33 0.33 0.28 0.26 0.31 0.32 
2.5 0.51 0.22 0.21 0.22 0.25 0.25 

 
Table 9: All values for ε in images reconstructed with VP Sharp IR. 

  Tumour diameter (mm) 
TBR 10 13 17 22 28 37 
11.7 0.36 0.24 0.34 0.32 0.38 0.39 
9.5 0.36 0.24 0.29 0.31 0.33 0.36 
3.8 0.32 0.26 0.24 0.24 0.28 0.31 
2.5 0.48 0.19 0.18 0.19 0.23 0.22 

 

Images on the clinic will normally only be reconstructed with VP SharpIR in 
the future. Hence, the volume delineation method was only tested for VP 
SharpIR. A comparison of tumour volume was made using a mean value of 

3.0=ε for all tumours. Since the smallest tumour was not possible to detect 
with this method for the lowest TBR, it was omitted. The result is shown in 
figure 23. 
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Figure 23. Volume estimation based on thresholds in PET-images 

A common method for volume estimations in the clinic is to simply use 40% 
of maximum as a threshold value. The result is displayed in figure 24. The 
three smallest tumours were not possible to detect for the lowest TBR and 
are hence left out.  
 

 
Figure 24. Volume estimation based on 40% of maximum as threshold in PET-images. 
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As a result of these volume estimates, RCs were calculated with both 
methods. The result is displayed in table 10 and 11.  

 
Table 10. Resulting TARs for VP SharpIR reconstructions with 
volumes from PET-thresholds based on ε =0.3. 

  Tumour diameter 
TBR 10 13 17 22 28 37 
11.7 1.00 1.15 1.02 0.97 0.96 0.98 
9.5 0.89 1.12 1.04 0.96 0.99 0.98 
3.8 0.79 0.97 1.07 1.07 1.03 1.01 
2.5 - 1.14 1.14 1.11 1.07 1.07 

 
Table 11. Resulting activity ratios for VP SharpIR reconstructions 
with volumes from PET-thresholds based 40% of maximum value. 

  Tumour diameter 
TBR 10 13 17 22 28 37 
11.7 1.21 1.50 1.16 1.07 1.04 1.04 
9.5 0.95 1.31 1.12 1.03 1.06 1.03 
3.8 0.39 0.81 0.96 0.96 0.96 0.96 
2.5 - - - 0.86 0.83 0.89 

 

A comparison between RCs calculated with VOIs from the threshold method 
with ε =0.3 and VOIs from CT can be seen in figure 25. 
 

 
Figure 25. A comparison between two methods for calculating RCs for reconstruction with 
VP SharpIR, TBR 11.7. 
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4.2.3 Summation of phantom images 

A summation of the results from the used methods can be seen in table 12-
15. As can be seen, usage of RCs for correction is the most reliable method. It 
can be completely atomized by using the threshold method for tumour 
delineation in PET-images. An alternative, even simpler method is to use a 
60% threshold in non-corrected VP SharpIR images. This gives reliable results 
for higher TBRs and tumours larger than 13mm. 

 
Table 12: A summation of the resulting TARs for the methods used for uptake 
correction for TBR 11.7. 

      Tumour diameter (mm) 
Reconstr. Cor. Meth. VOI meth. 10 13 17 22 28 37 
VP HD None CT 0.38 0.5 0.63 0.66 0.75 0.82 
VP SharpIR None CT 0.56 0.67 0.79 0.78 0.84 0.90 
VP HD Deconv. 60% 0.84 1.08 1.06 1.03 1.03 1.02 
VP SharpIR Deconv. 50% 1.04 1.27 1.06 1.00 1.00 1.01 
VP Sharp IR None 60% 0.83 1.11 0.98 0.98 0.98 0.99 
VP HD RC CT 0.96 0.99 1.07 0.97 1.00 1.02 
VP SharpIR RC CT 0.97 0.99 1.07 0.97 1.00 1.02 

VP SharpIR RC PET thresh. 1.00 1.15 1.02 0.97 0.96 0.98 
 

Table 13: A summation of the resulting TARs for the methods used for uptake 
correction for TBR 9.5. 

      Tumour diameter (mm) 

Reconstr. Cor. Meth. VOI meth. 10 13 17 22 28 37 

VP HD None CT 0.39 0.49 0.60 0.68 0.77 0.83 
VP SharpIR None CT 0.55 0.66 0.75 0.79 0.86 0.90 
VP HD Deconv. 60% 0.71 0.98 1.02 1.00 1.03 1.03 
VP SharpIR Deconv. 50% 0.81 1.14 1.03 0.98 1.02 1.00 
VP Sharp IR None 60% 0.68 1.03 0.98 0.95 1.00 0.99 
VP HD RC CT 0.97 0.97 0.99 0.98 1.01 1.02 
VP SharpIR RC CT 0.95 0.96 1.00 0.98 1.02 1.02 
VP SharpIR RC PET thresh. 0.89 1.12 1.04 0.96 0.99 0.98 
 

 
Table 14: A summation of the resulting TARs for methods used for uptake 
correction for TBR 3.8. 

      Tumour diameter (mm) 

Reconstr. Cor. Meth. VOI meth. 10 13 17 22 28 37 

VP HD None CT 0.43 0.53 0.62 0.70 0.78 0.84 
VP SharpIR None CT 0.51 0.64 0.74 0.79 0.85 0.90 
VP HD Deconv. 60% 0.41 0.70 0.90 0.98 0.99 0.99 
VP SharpIR Deconv. 50% 0.47 0.76 0.93 0.95 0.94 0.95 
VP Sharp IR None 60% 0.50 0.75 0.95 0.96 0.96 0.97 
VP HD RC CT 0.89 0.92 0.95 0.97 1.00 1.01 
VP SharpIR RC CT 0.82 0.90 0.95 0.96 0.99 1.01 
VP SharpIR RC PET thresh. 0.79 0.97 1.07 1.07 1.03 1.01 
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Table 15: A summation of the resulting TARs for methods used for uptake 
correction for TBR 2.5. 

      Tumour diameter (mm) 
Reconstr. Cor. Meth. VOI meth. 10 13 17 22 28 37 
VP HD None CT 0.51 0.56 0.67 0.74 0.80 0.87 
VP SharpIR None CT 0.56 0.63 0.75 0.81 0.86 0.91 
VP HD Deconv. 60% 0.39 0.57 0.79 0.90 0.91 0.98 
VP SharpIR Deconv. 50% 0.39 0.65 0.83 0.88 0.87 0.92 
VP Sharp IR None 60% 0.44 0.71 0.87 0.93 0.93 0.97 
VP HD RC CT 0.93 0.90 0.96 0.97 1.00 1.02 
VP SharpIR RC CT 0.84 0.87 0.95 0.97 1.00 1.02 
VP SharpIR RC PET thresh. - 1.14 1.14 1.11 1.07 1.07 

4.3 Patient images 

The three selected tumours from the patient images could clearly be seen on 
CT-images. These showed that the tumours were of sizes comparable to the 
phantom tumours or slightly smaller. However, the patient images had a FOV 
of 70cm, compared to the phantom images which had a FOV of 40cm. The 
small sizes together with the large FOV lead to tumours sampled in just a 
few voxels, where the smallest tumour was sampled in only 14 voxels. Also, 
the optimal thresholds presented in part 4.2.2.2 can be expected to be 
different due to the plastic edges of the phantom spheres. The methods with 
VOIs from thresholds in PET-images are therefore not very useful on these 
patient images. The patient images will therefore only be corrected based on 
methods with VOIs from CT-images. 

4.3.1 Deconvolution 

One of the patient images before and after deconvolution can be seen in 
figure 26. The tumour appears clearer and with higher activity, but noise is 
also clearly amplified. 

 
Figure 26. Example of patient image reconstructed with VP SharpIR before and after 
deconvolution. 

 

 
Image

Frame=1

Slice=15

0

2

4

6

8

10

12

14

16

 

 
Image

Frame=2

Slice=15

0

2

4

6

8

10

12

14

16



34 

The results from deconvolution in patient images can be seen in table 16 and 
17. Equivalent diameters were calculated based on sphere volumes, to be 
used as a comparison with the phantom sphere diameters. 

 
Table 16. Resulting SUVs from patient images reconstructed 
with VP HD. 

  Tumour 
  1 2 3 

Size (ml) 0.34 1.42 2.55 
Equivalent diameter (mm) 8.7 14.0 16.9 

SUV uncorrected 7.7 7.1 6.6 
SUV PVE-corrected 15.1 12.0 8.6 

Ratio corrected/uncorrected 1.96 1.70 1.30 
 
 
Table 17. Resulting SUVs from patient images reconstructed 
with VP SharpIR 

 Tumour 
 1 2 3 

Size (ml) 0.34 1.42 2.55 
Equivalent diameter (mm) 8.7 14.0 16.9 

SUV uncorrected 18.2 10.5 8.9 
SUV PVE-corrected 24.9 11.6 9.2 

Ratio corrected/uncorrected 1.36 1.11 1.04 

4.3.2 Recovery coefficients 

The RCs for the patient images were determined in the same way as for the 
phantom images, and the results are displayed in table 18.  

 
Table 18. The resulting SUVs for the three tumours from patient data. 

  VP VP SharpIR 
Tumour 1 2 3 1 2 3 
Size (ml) 0.3 1.4 2.5 0.3 1.4 2.5 

Equivalent diameter (mm) 8.7 14.0 16.9 8.7 14.0 16.9 
a 0.28 0.50 0.57 0.54 0.70 0.74 
b 0.72 0.50 0.43 0.46 0.30 0.26 

SUV background 0.3 0.4 0.6 0.3 0.4 0.6 
SUV tumour 7.7 7.1 6.6 18.3 10.4 8.9 

RC 3.43 1.96 1.68 1.85 1.41 1.33 
SUV corrected 26.4 13.9 11.1 33.8 14.7 11.8 

Ratio VP/VP-Sharp IR 0.78 0.94 0.94    
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Figure 27. Resulting uptake measurements for different correction methods. 

Figure 27 displays the results of the different methods for PVE-correction. As 
can be seen, the smallest tumour, which is slightly smaller than the smallest 
phantom sphere, is hard to correct properly, with a large spread in the 
results. The results from phantom measurements show that the 
deconvolution-method can be expected to result in a measured SUV of about 
70% of the real uptake for tumours of 10mm in diameter. 

 Since the usage of RCs was shown to give reliable results for phantom 
tumours, they should be closest to real uptake also in patient images. That 
was also the method where phantom edges could be compensated for, which 
makes usage of the method more reliable for patient images than the other 
methods.   
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5 Discussion 

In this project, two different methods for partial volume corrections have 
been evaluated using phantom images reconstructed with two different 
algorithms. A method for automatic tumour delineation in PET-images has 
also been evaluated. This was done in order to find a comprehensive method 
for partial volume corrections. The methods have also been tested on patient 
images.  

All methods were performed with a constant PSF. For larger FOVs, the usage 
of a varying PSF is likely to improve the results. This would however result in 
more time consuming calculations. 

5.1 Deconvolution 

The method with deconvolution followed by averaging the activity 
concentration in pre-set VOIs, based on percentage thresholds in PET-images, 
gave good results for the higher TBRs. The combination of low TBRs and 
small tumours was a less favourable start condition. This is expected since 
image information of small objects consists of high frequencies. PET images 
contains very little, or none, information from high frequencies. Some 
information is restored with the deconvolution, but it is not possible to 
revive dead frequencies. Small objects are also more sensitive to noise, which 
is amplified when using deconvolution, and this will lead to uncertainties in 
the results. This is especially the case for high thresholds where the VOIs are 
small. However, the activity concentrations were definitely more accurate 
with deconvolution than without. For VP SharpIR the results were good also 
without correction. We have noticed that, with the reconstruction parameters 
used in this project, relative noise levels are approximately 50% higher in 
images reconstructed with VP SharpIR than in images reconstructed with VP 
HD. This leaves less room for correction methods that increase noise.  

The pre-set VOIs are not useful for estimating tumour size, but could be 
combined with the tested method for tumour delineation based on 
thresholds in PET images. 

The evaluation of the CT-based VOIs showed that complete restoring of 
image activity concentration was not achieved even for the largest tumours, 
but the correction clearly improved the result. As expected, the improvement 
was larger for VP HD than for VP SharpIR. The non-complete restoring could  
be explained by the lack of high frequency information in PET images. Also, 
since the CT-images have finite image sampling, they also suffer from partial 
volume effects. This will affect the VOIs and hence influence the measured 
mean values.  
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5.2 Recovery coefficients 

5.2.1 CT-based VOIs 

The use of RCs was shown to be a reliable method. The activity 
concentrations were measured within 11% accuracy for all tumours when VP 
HD was used with VOIs from CT. For VP SharpIR, accurate results were also 
presented, but with more deviations than for VP HD. This can be due to the 
higher sensitivity to a correctly measured PSF, since the PSF for VP SharpIR is 
considerably smaller compared to VP HD. It can also be explained by the 
attachment of the spheres. For the smallest sphere, the attachment make a 
fairly large share of the surface area. Since the attachment has no activity, 
this gives less contribution from spread in and spread in will be over 
compensated for. 

5.2.2 PET-based VOIs 

The results from the threshold-based tumour delineations show that the 
parameter ε in the method is dependent on size of the tumours and TBR in 
the images. However, averaging ε showed to yield results that are more 
accurate than the now most common method. RCs calculated with VOIs 
based on this method showed fairly reliable results for all TBRs. 

5.3 Deconvolution vs. recovery coefficients 

A comparison between the two methods shows that the use of RCs is a more 
reliable method for restoring tumour activity concentration. It can be used 
either by known volumes from CT or MR, or with the threshold based 
method for volume delineation. However, since the parameter ε is only 
optimised for phantom images, it is not yet useful on patient images. That 
leaves CT or MR images the only tool for tumour delineation on patient 
images.  

Many tumours can hardly be seen in images from CT, or have active regions 
which are less than the whole tumour volume, which would make additional 
imaging with MR necessary. Some tumours are not visible even on MR which 
would make thresholds from PET-images the only available tool. Hence the 
deconvolution method has an advantage in being independent on knowledge 
about tumour size and shape. It is also a method that can be completely 
automated. This is a great advantage since it means no extra work for 
physicians or physicists.  

The best method for most tumours larger than 13mm diameter was showed 
to be usage of a 60% threshold on uncorrected images reconstructed with VP 
SharpIR. This is also a very simple method that is easy to automate. Smaller 
tumours still benefit from RCs. If tumour size is unknown, the use of a 60% 
threshold could be combined with the threshold based on both tumour and 
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background activity concentration. This combination gives a complete 
method for measuring both activity concentration and size of tumours.  

5.4 Patient images 

The patient images have several dissimilarities compared to the phantom 
images. The existence of motion artefacts is one clear difference. The CT 
shows an almost instantaneous image of the body, while the PET image is 
acquired during several minutes. Since all the tumours which could be seen 
on CT images in this study were close to or inside the lung, respiratory 
motion contributes substantially to image degradation.  

Another difference consists of the plastic edges of the phantom spheres. 
These are easily compensated for when it comes to RCs, but are much more 
difficult for the deconvolution method. It should affect the images in a way 
that yields less spread-in with phantom images than with patient images. 
Therefore, the threshold of 60% that is optimal for phantom images can be 
non-optimal for patient images. It is likely that a higher threshold should be 
optimal with more spread in. The exact extent of the effect is hard to 
estimate, and would be best corrected for with Monte Carlo simulations.  

Figure 27 shows a great spread between the different methods, especially for 
the smallest tumour. The RC method shows fairly consistent results that are 
independent of reconstruction method for the two largest tumours. The 
smallest tumour is smaller than any of the phantom spheres and can be 
expected to be very hard to estimate correctly.  
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6 Conclusions 

The results from this study showed that the new reconstruction algorithm VP 
SharpIR gives a good base for correct measurements of activity 
concentration. It was shown that, among the tested methods, the overall best 
method for activity concentration measurements is to use RCs based on 
tumour contours visible on CT images. If the tumour contours are not visible 
on CT or MR, the most accurate way is either to use the mean activity 
concentration in a VOI from a threshold of 60% of maximum activity 
concentration, or to use RCs based on VOIs from the threshold method in 
PET-images. The first method is the most time efficient method, which shows 
as good results as the RCs except for the smallest tumours at the lowest 
TBRs. 

For estimating tumour volumes from PET images, the method with a 
threshold based on both tumour- and background activity concentration was 
shown to be the most accurate. With this method and the threshold of 60%, 
both size and activity concentration can be measured in an automated 
process.  

The methods need more testing before clinical use, because of the 
differences between phantom images and patient images.  
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