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Summary and Aim of this work

Radiologists and medical practitioners are working daith imagesfrom integrated
Positron Emission Toography/ Computed Tomograph®HET/CT) scannersin order to
detect potentially lethal diseases. Ithsis very important to ensure that these imdgese
adequate imageguality. For the staff responsible of quality assurance of the applied s¢anner
it is important to esurethatthereconstruction prockiresandimageprotocolsin useenable
acquisitionof imagewith a high quality with respect taesolution and contrgsivhile the

data sets areontaining as little noise as possibléhe goal of the qualt assurance work

will be to continuously make sure thatlata acquisition settings anelspecially the
reconstructionprocedure that isutilized for routineand daily clinical purposesenables

lesions or cancer cells and diseases to be detected

This maser thesis project aims atevaluating a reconstruction algorithm (iterative
reconstructionandsomekey parametergpplied inimagereconstructionThese parameters
include selected filters (Gaussian, median, Hann and Butterworth figel@ctedull width

at half maximumvalues(FWHM: 3, 5, and 7 mm) and image matrix size(128 x 128 and
168 x 168 pixels respectivelyh order to provide informatioon how these key parameters

will affect image quality.

The National Electrical Manufacturers saciation(NEMA) International Electrotechnical
Commission EC) Body Phantom Set was used in this work. It consists of a lid with six
fillable spheres (with internal diameters 37, 28, 22, 17, 13 and 10 mm respectively), lung

insert,bodyphantom (which neresent the backgund volumelnd a test phantam

The work in this thesis project has been carriedusutgthe radiopharmaceutical tracan
F-18 FDG, fluotodeoxyglucoseproducedwith a cyclotron a GenerakEl e c t RETtracg 6
cyclotron, at the Cener for Nuclear Medicine/PETat Haukeland University Hospitah

Bergen, Norway

The applied radiopharmaceutidall8 FDGwas producedin a 25 ml target volume at the

cyclotron. After the production, this volume watliveredfrom the cyclotronnto a 20ml

sealedcylindrical glassalreadycontaining17.5 ml of nonradioactivewater. Theactivity
6



level in thisnew solution witi20 ml F18 FDG and watewasmeasuredn a dose calibrator
(ISOMED 2018™). The solution was diluted further, in an iterative pragss,a number of
times in order to acquire the necessagjivity concentrations for botlthe selectechot
spheres andhe backgroundvolume. The aim was to obtaiactivity concentratios for
sphereto-backgroundatiosof either4:1 or 8 1. The sphereto-background ratio in this work
is theratio betweenthe radioactivity leveln four small spheregwith diameter22, 17, 13
and 10 mnrespectivelyand havinga total volume of 9.8 mior all the 4 sphergsand the
radioactivity level in the main body ohe applied phantom; thso-called background
volume (9708 m). The two bigger sphere2& and 37 mmwerefilled with nonradioactive

waterin orderto represena r eas wi t hout r agphdreocact i vi ty, i

When the spheres and volumes urgtady wee filled with the desiredevel of activity and
the activity levelwas measuredhespheresvere positioned into the applied body phantom

andthe phantonwas sealetb avoid pillage

The preparedNEMA IEC body phantom waglaced on the table of Siemers Biograph40
PET/CT scannerin a predeternmed reproducibleposition andscannedusing a standard
clinical whole body PET/CT protocolThe acquired images wereconstructed Three
repetitive studies were done for each concentration Fioeach expementperformedthe
sphereto-background ratios wereither 4:1 or 8:1A selection ofdifferent standardied
reconstruction parameteesd different image correctiorvgere applied This was donen
orderto studywhatimpact changesf the reconstructioparametersvill have on theimage
guality. The image quality being defined by a quantification of the measured relative contrast
in the images studiedlhe procedures followed while performing the PET/CT were in
compliance with the recommended proceduesented in the NEMA NUR 2007 manual
(from themanufacturer of the NEMA IEC body phantom described above).

The reconstructed images were analyzed manuallya dPETCT workstation and also
analyed automaticallywith python progranming softwarespecially developed for the
purpose of this workTheimage qualityresultsobtained from analyzesf the reconstructed
imageswhen different reconstruction parametersreused werethereaftercompared to the
standardied protocol for reconstructiorof PET/CT imags Lastly, the results have been

compared with other similar work on the same sulljgt¢ielmar Bergmanet al (2005)
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1. Introduction

Nuclear medicingepresentan aspect of medicine wheradioactivepharmaceuticalsre
administered to a patierdnd the distribution of thegadiopharmaceuticaisn t he pat i er
body can be observenh dedicated detectorsvhich often areeferred to as scannerBhe
distribution o f the radiopharmaceuti cal informatonhe bod

about a patientdés health to a trained doctor

The type of clinical informationthatis obtained from thetudy ofthe distribution of the
pharmaceuticals administerednto a paient will depend on which type of

radiopharmaceutical that is administef&d].

The quantification ofthe information fromPositron Emission TomographyET and
integratedPositronEmission Tomography/ Computed Tomograg®eT/CT) imagesis the

basis foran essential tdnique in staging cancelisease, monitoring théevelopmentf
cancerdiseaseandin assessment of treatment responses. In order to evaluate the quality of
the data or image to be staged, assessed and monitored, certain criteria pestfiteedIn
addition,some quantitative (objective) measuaes appliedo these criteria, with which the

quality of the acquired data (the image) can be measured.
1.1  Nuclear Medicine

Thepharmaceuticals or radioactive elemdiisscribed irChapterl.4.2) administered to the
patientswere termed radio-tracers by George de Hevesy in the 1920s. One significant
characteristic of a tracer is the ability to assist in the study of the compdoktits human
body) making up a homeostatic system without aagischanges in their function. Before
this knowledgewas establishedrene Curie and Frederic Joliot, in the 1930s, discovered the
artificial radioactivity. Following that, Ernest Lawrencevelopedthe cyclotron; and these
two discoveries made it possbfor the radiotracers to be produced framany elemens.

This enabledlevelopment oparticular biochemical processas the basis for the evolution

of radiopharmaceuticalsgdiotracersfor diagnosing and staging of cancer disdae
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Since thanvenion of thegamma camerayhich was first introduced in 1985 by Hal Anger,
nuclear medicine has changed dramatically due to the way diseagéde visualizedThis

is achieved by rendering images of the distributions of radiotracers aaihelnical
functions of the body1].

1.2 Radioactivity and ionising radiation

Radioactivity is the spontaneodssintegration lpy emission of radiation) of atomic nuclei
[18d][27][28]. The emissionof radiation by radionuclides are normally arranged into
classes. Thusadiation is mainly dividednto electromagneticadiation: which pertainto

magnetism produced by electric charges in motion s=agk-rays, g (ganma) rays,
annihilation photonsnd partide radiation: which consistf distinct particles suchas 6

(beta minus),b * (beta plus)pr (alpha) particle$l]. Radiation mplies a transitiof energy
(energetic particles) from an object, which is the source, through space to anotbietindje
target, where it igpotentially absorbedRadiationis a spontaneous transformatigmocess

whereby one or more stable daughter nuclei are forinogn unstable parent nucl§l8d]

[27] [28].

A general radioactivedecay process can bejuantified ad represented in a simple
mathematicaéquation form as
N = N,e”" {13
Where N, is the number ofadioactivenuclei at time t = ON is the number of

radioactivenucleiattime t, and/ is the decay constant of thedionuclide The decay

constant/ is the disintegration of a fraction of an atom per unit §2e3.

The activity, A, is rate at which the radioactive nucleidengoes a transitiort can be

denoted as follows:
dN()

dt

A= N MNe" Ae' (1.2

Where A, =/ N,is the initial aawity of the radioactive nucldR7][28].
The halflife of aradioactive nuclefa radoisotope),ty is the required time for orAealf of
2

theradioactivenuclei measuredt a certain time (t = @p disintegrateThe halflife of
11



radioactive nucleis related to the decay constant, and the reld@iween the halife and

the decay constawtn be expressed as showrequation{1.3} [28]:

N -/t . In2
N=—2= =Ne * == 1.3
2 Te€ T 3

1.2.1 Radioactive decay modes

A decay process results in the emission of a certain type of radiation depending on the mode

of decay.Thethree main radiation day modesrea - , b- and g- decay.

ThePET principleis basedn detection of positron emission from radioactive nud@leis is
a technique that makes use kHdiation decay mode ob® emitters. These are nuclides

(isotopes) rich in proton(s)n positrondecay, aproton is transformed intoa neutron,a
positron, andan electronneutrino in a spontaneous disintegratinto a more stablenergy

statethan the original isotopexhibited This process is shown in equation {1.4}:
p- n+€e +H {1.4}

Where p- proton, n- neutron,e’ - positron andv- electronneutrino. The positron4”)
energyis distributed continously in its spectrum. The energies of the distributed positrons
range from 0 to E;*(the maximum energy)shown n figure 1.1below. The electron
neutrino carries awayith it the energy difference between #gergy of the original proton

and the energy of the positrand the neutrarOne possible outcome of positron emission is

descrbed inChapter 2, positron anihilation and emission of two, oppositelg- quanta

directedawayfrom the annihilation point [1][28].

On the other hand, nuclides rich in neutron(s) are transformed into proton, an electron and an

antineutrino. Thus, a radiati@ecay modevith electron emissian
n- p+e + {1.5}

Where:n- neutron, p- proton, € - electron andv- antineutrino. The excess eggrof the
transformation process is share@tween the protonthe electron andthe electron

antineutring28].

12



E; =00493 MeV

=

Relative mmber of beta particles

EZ™ =0.156 M eV

Beta particle kinetic energy Ep_ [h’le\*‘]

Figurel.1: The energy distribution of positrons inf" - decayof the isotope'’C. The maximum energy is

representedby Eg’ax (0.156 MeV)and the average energy is representéb (0.0493 MeY. [Adapted from
[29]]

In the process of radioactive decatfse daughter nucleus produced after radioactive decay
remainsin an excitedstateif it has not reached the ground stdtethe process of entering

into the ground state, gamma photons are emitted in a process kngywndasay mode.

The extra energy from the process is carried away by the gamma phdioetasenergy.

The detection of gamma photonsentralin this work[28].
I nteraction betweenphotonsand matter

Whengamma rays (photons) traverses intsaaple of matterthe nteractionbetweenthe
photons andhe mattertraversedwill induce aseries of fundamental process&y this
interactiontheincomingradiation interagwith the nucleusrad electrons ofheatomsin the

mattertraversed

There are four main processes that may occur during an interbettoveen photons and

matter. Thee processes are
1) The photoelectric effect
2) TheCompton Effect (scattang)

3) The RayleighiThompson effect

13



4) And for higher energies than 1.022 Me(twice the electron rest masspair
production take place.

1.3  The Photoelectric effect

When a photon pass#sough an absorber, the photon interacts with an electron in the inner
shell. The photon in this interaction ceases to exist (absorbed)es its total energy is
transferred to the electron. In this process the interacting electron is ejected foybitjts

e.g. normally the Kshell creating a vacancy in the orbithe ejected electron has a kinetic
energy, Eectron that is equal to the difference between the energy of the incoming gamma

photon, E, and the binding energy dfie ejected electrork, (that is:Eejecron= E, - E)-

The probability for the photoelectric effect
number (thus, it increases with increasing atomic numb#éreobsorber) but decreases as
the gamma photondés energy increadasl.the The r

gamma phot oH) ssgiver byés/rég VAs the electron is ejected, the vacancy
g

created is fled in by an electron transition from a higher shell (e-ghkll). The transition
process involves the emission of enebgythe emission of ankay photon this isknown as
the characteristic xay. The emitted photon carries withtlite energy diffegnce betweethe

two shellsinvolved (very often theK and L-shell)[22b] [28].

14  The Compton scattering

In Nuclear Medicine, the energy range for gamma radiatiomrisally between 80 to 511
keV (see figure 1.3)the later being the energy related positron emissionThe Compton
Effect is the predominant process effect in the above range of energy; being also the
region for biological tissues (which are mainly made up of watethdiComptonEffect a
photon interacts with the orbit electroham atomand depositpart of its energy to the orbit
electronejecting it in the procesdhis interaction causdbe photon to be deflectetigure

1.2) at an angleg, and theejectedorbit electron recoil§25]. The ejected drital electron is
referred to as the Compton electron. It careieergy, E, made up of the difference between

part of theg-r ay 0 s Eeg rared thg gergyholding the electron tthe orbital shellthe

binding energyk; . Written ask, = Eg, -E;; where Eg, is the partially energy from the total

14



g- ray energy[221][28]. The energy of theg- ray after interaction can be written

mathematically as follows:

. E
B, = —5E v {1.6)
g -
1+ge me @ cosqp)

Here E, and E'g are the energy of photon before and after the scattering respgctiyc

is the rest mass of the electron apdis the angle at which thg- ray is scattere{P8].

E'V/ == hﬁew
' h
[
p Aneu
Ey = hf [
: - . ,,,,, P
_ -8
P= 7
W E,= Lmv‘
N 2
P =mv

Figure 1.2: An illustration of the process of interaction of photon with etec{Compton scatteringAdapted

from [24a)).
15  Pair production

For g- ray energies higher than 1.022MgYhe photoninteracts with the nucleus of the

absorber atom as fiasses through.itn some instances interaction betweenincoming
photon and the nuclei will induce a creation of a posigf@etron pair. This process will
tend to take place in the vicinity of the nuclei, where the incoming photon will annihilate and
a positron and an electron are produced in the procefiseanteraction. This process of
interaction is called pair production. An excess energy above M2 is distributed

among the two paudies produced as kinetic enef@gb].

15



Mass attenuation coefficients for soft tissues
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Figure1.3: A) Linear attenuation coefficient and B) mass attenmatioefficient of grays of different

energies in water (which is equivalent to the body tissue). Contributions of the photoeleffeat, Compton
scattering and pair production are illustratdeopied fron{30]]

Depending on thenergy ofthe g photonswhen passg through an absbing medium tor

example body tissue), orad- or a combination of the interaction processes (photoelectric
effect, Compton scattering and pair production) desdriédgove mayoccur. The linear

attenuation coefficientu is defined as the fraction of the incidegptphotons that is either

absorbed or scattered per unit thickness of the absorbing medium traversed li22tjass
attenuation coefficient i®xpressed as thknear attenuation coefficient divided by the

density of the absorbing medium [30].
16  Production of Positron-emitters

In positron emission related nuclear medicitie clinical goalis to make usef radioactive
tracers moleculeswith radio nuclides that are positreamitters with the purposeof

diagnostigmedical) imagingf patientq3].

PET radiopharmaceuticals are made up of radio nuclides thataton richand decay by
emittings* . The mostcommonly usd PET radionuclideare *'C, *°0, N, **F and®3Rb,
amongstthese, F-18 FDG is the PET radionuclideusedin this work The standard way of

producing F18 FDG is by the use of a salled PET cyclotronin a cyclotron, charged

16



particles(e.g. protons or egative ionH" ) are acceleted in a circular path within (&vo
D-shaped hollow mtallic electrodes under vacuu@2c]. A GeneralElectric PETtrace 6
cyclotronwas used for the production of18 at the Centre of Nuclear MedicinRET at
Haukeland University Hospital in Bergen, Norwaylhis PET cyclotron is capable d
accelerating grotonto up to energ 16.5 MeV. Theseprotons arethus accelerated to
energies above theoulombthreshold, whichs; the protons have energgpove he energy
barrier that enablesp reactions to take plade interactions between the incoming protons
and the target materialn the PETtrace 6 cyclotron, thprotons are accelerated tdhe
maximumenergyof 16.5 MeV [22c], and steered into a target uole containing enriched
water, HO (O-18). In the target, the nucleampreactions p (€18, F18) noccurs thereby
producingan F-18 atom and an energetic neutreach time a {m reaction occurs in the
target material The emission of en energetic neutrm each FL8 producing interaction
dictates strict safety procedures and scales the radiation shielding requirements when

producing PET isotopes with a cyclotron. The produced neutron field has a high intensity.

When enough A8 FDG has been produced tine target volume at the cyclotron, the
mixture of F18 and HO (O-18) is transferred out of the cyclotron ahdther to the
destination where the radioactive material is to be further processed (measured or
synthesized)normallyin aso-calledlead shiéded Hotcell. At this stagein the Hotcell the

F-18 isotopesproduced are separated from the targetiumby a chemical methodch as

distillation, chromatography and solvent extraction) [22c].
1.7  F-18 Fluorodeoxyglucose (FDG)

Fluorine 18 (F18) isa fluorine radioactive isotope which is a source of positron with a half
life of about 110 minutesThe isotope is normally used in the radiopharmaceukeb8
FDG (FluordDeoxyGlucose), a widely used radiopharmaceutical in oncolég¥8 FDG
source in celdivision glucosewhich the human body will use as an energy source in cell
division processedVhen this radiopharmaceutidalinjected in patients, #nables mapping

of how glucose is utilizedin the human body that is possible because the
radiopharmeeutical is by acting as an analogu® glucose The application of this
radiopharmaceutical immagingprocesssenablesthe imaging of malignant cancg]. In a
hybrid PET/CT system, these of F18 FDGenables identification ofthe anatomic location

of lesions these will normally appear &®t spheres
17



In this work water solution with-£8 was used instead ofI8 FDG. This is because there
was easy access telB than F18 FDG. Also, given that this is a phantom study, the FDG
part has less relevafdr this experiment.

1.8 Clinical PET/CT protocols

PET/CTdata acquisition protocols require a clinical PET and a clinical CT scan. In clinical
studies, patients are positioned with their arms up in the scanner so as toatesiucation
caused by thearmspfat i ent s in the field of view. For
arms are down during the image acquisitibrh e i ni t i al process in cli
the acqui siti,tha lastsfor 58 setoods.orgerrangedt both the PET ah

CT will scan on the topogram is defined according to particular indications for the ongoing
study That is from head to abdomen for head and neck cancer. According,taq@ally a

slice thickness of about 5 mm is used to acqaiveholebody CT scan However this slice

thickness may not always agree with the standard protocol. A less than or equal to 3 mm
slice thickness ar@mormally preferred in cases such as head and neck scan. After the
completion of the CT scan, the couch that the patient is tyinig moved to the PET field of
viewAOver the same r aangubibed BEIscan sadquiredfinthe REET CT
field of view. In the event of acquiring the PET data, the CT images are reconstructed in
parallel to the PET event. This permitseatiation and scatter corrections calculations to be
performed in the process of acquiring the PET images. When the first bed position for the

acquisition of PET images is completed, reconstruction of PET images commeéfjces [3

The quality of reconstructeBET images is affected by some selected paramdikese
selected parameters amongst others indlnééype of reconstruction algorithms, the type of
filters, the image matrix sizesnd the correction methods. These parameters are briefly
explained in @apters 2 below. Also theombinationsof these parameters that aid in
reconstruction of PET images are tabulated in table 3.1 in Chapt&o8gside the standard

reconstruction parameters.
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2. The Physics of an integrated PET/CT System

This chapter will intoducethe CT and PETparts of thescanner related to this master thesis
project. The physics of botlscannergpartswill be discussedbut mast emphasis will be on
the PET scanneiThe integration of the two scanner pavill be discussed in connection

with reconstruction of PET/CT images.
2.1  The CT constituent of the PET/CT system

CT (Computed Tomography) scan, also known asyX CT or CAT (Computed Axial
Tomography) scan, is a type of a medical imaging modality or procedure that employs X

rays The name reflects that information is obtained from raw dd#tat are computer
processed to creat e tioordergodetpchanatomicanchanges or 6
specific areas of the body. Thesaays ae generated from an-May tube[19][18c]. The CT

is used in medicine as a diagnostic tool or used for screening of diseases such as cancer.

CT image quality is defined abhe quality of being able to resolute (between details and
noise) anatomy in an image. There are a number of factors that affeetqgumady in CT. In

CT images, spatial resolution is the ability of differentiating between small objects that may
be close to each other in the image. Some of the factors that affects spatial resolution (hence
CT images) are pixel size, matrix sized \oxel size Chapter2.9.4),field of view (FOV),

blur and slice thicknes§he FOV is the factor that affects data in an image pixel. Thus, a
decrease in FOV decreases the pixel size and hbeceixel contains less information

When the FOV is increasethe pixel size increases and more data from the padient

acquired Also, thin slice thicknesi generaimproves theresolution in an imagg2].

CT images are also affected the appliedadiation dose. CT radiation dosedependent on

tube currentime (mA9, slice scan time and tube peak kilovoltage (kVipAs is the

measured current at which the CT scanner is operated. The slice scan time is the time taken

to obtain a single slice of an object; whiles the kVp is the energy of beam producedby the

ray tubeWhen the mAs are increased, the radiat:.
this regard the expression for CT radiation dose is given by dose per mAs. Likewise, when

the kVp is increased (keeping the other factors constant) subseghentigiatiorenergyis
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increagd. Since increasing the kVp results in more energetic beam, thealy s 6 ) beam
particl eds iinihceasadc This makespossiblg torthe beanto penetrate
throughouthe patientandto reachthe detectorsutside the patienB3].

The CT scanner is used in combination with the PET scanner bpsetivo main reasons

The first reason is that accurate gtitive images of radiotracer concentration in an object
cannot be obtained because reconstructing projedata directly from a PET scanner is not
possible. Secondly, due to the attenuation of photons after annihilation of positrons, the CT

part provides thattenuatiorcorrection ofany photon that idetected1][3][5][25] .
2.2  The PET constituent of thePET/CT system

In vivo images are obtained according to the designed nature of PET scanners through the
distribution and uptake of radiotracers on the fundaments of nagletides that emit
positrons.This enables the study of body functions and enablestectibn of changes in
metabolic or biochemical pcesses that suggests diseadéizen a positron interacts with an
atomic electron, an annihilation process may occur, creating two 180° oppositely directed
511 keV photons to be emitted from the annihikatipoint [1]. The fiback to
annihilation photons produced as a result of positron interaction with an electron is detected
by the PET detectorChapter2.3) [18]. Also, the PET scanner is designed in a way that the
patient or phantom to be imaged isreunded by several scintillation detectarseanged in a

ring around the patierjL]. These detectors (in PET) surrounding the subject imagable
detection ofphoton pairs emitted from the subject in the deteingr[18].

Subsequentlythe acquigdion system records photon hit with its location ina specific
detector;the detectocolumnand row identified(as described briefly ifigure 2.1below)
denoeswhere tle annihilation process occurr®]. The radionuclide distributions obtained

are ugd to acquire image projections as a consequence of the method of annihilation
coincidence detectioACD) of the PET scanngfl]. According to Richard and others
(2008) the sensitivity and resolution is affected by the diameter of the ring of the PET
scaner. This effect is due to angular sampling consideratiorat i§hthe sensitivity and

resolution are | ower | f tend thsRET scanndrislarger on d e

[2].
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Figure2.1: A diagram showing annihilation and detection pregén PET scanneisach detector generates a
timed pulse when it registers an incident photon. These pulses are combined in coincidence circuitry, and are
deemed to be coincident if they fall within a short timaéndow (Copied fronj24])

2.3 Detectorsin PET

In as much as detection of signals is involved in the process of imaging, it is thefefore
some benefit to explain the different types of detectors employRddiation detection
involves the process of altering a type of signal detected to an &iterfam of signathat

can be observed and measul[25]. PET camera systems made of up to multiple rings of
detectors are employed in PET imaging. Sdgwmomprises of scintillation detectors (crystals)

conjugated (linked) with photomultiplier tubes ghoto detector)
2.3.1 Scintillation Detectors

When there is an interaction between hagtergy photons from a source with the atoms of a
scintillation crystal, the electrons in the crystal exeited toa higherstate from its orbit or

a valence bantb a forbidden conduction band (that is not filled), of a higher energy state.
When these atoms in the excited state quickly return to the ground state, they emit a visible
light in a process calleliminescenceThe quantity of visible lights emitted bie crystal
depends consequently on how many electrons are excited to a dtedbesfenergy. Also,

the amountof electrons excited islependent on the incident photons eneien this
interaction occurs the produced scintillation photons by the lunsitence process are

emitted in all directios from the point of interactiof].
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The mostcurrently used scintillation crystal in clinical PET imaging are bismuth germinate,
Bi,Ge;01, (BGO), lutetium oxyorthosilicate, L&iOs (LSO) and gadolinium
oxyorthosiicate, GaSiOs [1].

2.3.2 Photo Detectors

Photo detectorare applied in order to convette signal from an electromagnetic shower
producedfrom the traversing gamma rayis, the crystals of a scintillation detector, the
scintillation photons(3 1 4 éV) energyinto an electricasignal that will be registered in the
electronic data acquisition system dogjing to the detector assembliihe efficiency of
convertingthe incoming scintillation photainto an electricasignalis termedasa detector
devic e 6 s QHffciancyylin

Photo Multiplier Tubes:

Photo muiplier tubes (PMTs)arevacuum tubes consisting gfa widow (which focuses the
incoming incident photons)i) photo cathodes which is followed by several dynodesA
cathode is a negagly charged electrode and an electrode islectrecal conductor through
which an electric current is passé&hchdynode(one of the series of the electrodesheld
at positions with a resistor chain lay positive voltagedigger than the previoumes. As
the incoming scintillation photons traverse into thieoto cathodeas shownin figure 2.2,
there is arelease opbhotoelectronsn each dynode. For each dynode step, there is thus an
amplification effect, where the initial signal is converted iatsignalfrom more and more
photoelectronghusproducing a stronger electronic signal in the readout end of the R8T
the photoelectrons araccelerated througBubsequent dynodes wiihcreasinglyhigher
voltages; their number increases layfactor geater tharl’. This creaesa current at the
anode in the range of milliampgi.
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Figure2.2: A schematic diagram of a photomultiplteibe.

The PET/CTscannerusedin this master thesis worlg SiemensBiograph 40 PET/CT
scanner have highspeed ufra fast ceramic (UFC) detectors. Each detector element is
allowed two projections readqutirtually simultaneouslywhich results in up to twice the

number of detectoris slice acquisitiorj7].
2.4  Positron annihilation and coincidence detection

Annihilation process creates trajectories of the detected posigotron paired photons

known as LOR (line of response).

Coincidence detection is the process where after annihilation, the pair photons are detected
by the ring of detectorsA true coincidences the processwhereby the interaction is
simultaneously of a pair of photons as a result of the annihilation of the same positron
electron pair. Arandom coincidencés occurswhen two different photons of energy 511

keV from separate annihilation proce3$e two photons occurred as a result of different

atoms that decay and strike the opposite detectors simultaneously.

Another form of coincidence evermalledscatter coincidencges as a result when one twvo
of the511 keVphotons coming from a singlannihilation process are scatteegtt are in

turn detected simultaneously by the opposite detectors

The total number of coincidence evefitausthe number gftrue, random and scattevent3
detected by the ring of detectors in the PET scannerawrkrasprompt coincidencél].
Apparently, these coincidence events are detected and the PET computer system records
these events as a raw data set during the imaging pEdodnnihilation process occurring
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deep inside the body, this coincidence evenéss probable than for events occurring closer
to the surface of the bod$].

During imaging, each photon detected along a LOR is recoEdath point recorded on an
image represents information obtained along a straight line path in each region theugh
patient. A set opoints recorded along a straight line path is termed as proje¢fignse
2.4)[18][19]. When theintensity of the set gbrojectionsis displayed in @wo-dimensional
form, it is termed a sonogram [18].
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Figure2.3: A diagram showing the different forms of coincidence detect{dudapted from24])

Figure 2.4: lllustration of a single projection from a detected photadagted from [18)

Only the true coincidence countgere the type of eventemployedin the data analysis.

Caramelo et al (201Ihentioned this in their worisa way toacquire a noiseless formation
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of image[25]. Thetrue coincidenceounts were useith this thesis work. They are the pixel
intensity values in the images. The mean of
ROI in Chapter 3 makes up the mean counts. The mean counts are therefore employed

the calculation of percentage contrast €éach hot and cold sphere, percentage background
variability, percentage relative error (accuracy of attenuation and scatter corrections) and

standard deviations.
2.5 The integrated PET/CT system

The ntegrated PET/CT systemasombination & socalled hybrid) of twowell established

medical diagnostic imaging technologies, the PET scannetha@T scanner into a single
medical imaging technology unit; thBET/CT scanner. The PET/CBystems enable
physicians to identify cancerous cells or tumours$esions, neurolgical diseases or heart
diseasg18c].

26 PET/CT quality assurancetests

QA (Quality Assurance) of an integrated PET/CT scanner pertains to the planned and
systematic activities carried out in the hybrid system so as to fulfil the necegsaity

requirements for high performance. Thus, the systematic measurement in comparison with a
standardized monitoring procedure identifies the defaulted state of the integrated system if

thereis a default condition or state established

A number of aceptable standardized procedures and tests are carriedhibubn the
integrated PET/CTsystemwith both the PET and CT constituents of the hybrid being

assessed for proper performafize

The CT daily check up is the firgrocedure performed at thetart of the day after the
restarting the computer. The steps involved in the daily check up before examination starts
are the positioning of the CT quality phantom and ¢hgbration of thepatient couch
position The CT daily quality measurements arerfpemed and theseconsist of the
checking of thre@arameters on a water phantom. These includes the CT value of water (in
Hounsfield units), the images pixel noise calculated as a standard deviation ard #hg 0 s
tube voltage. These measurements arpeed for all kV values availabl&8].
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The daily quality check performed on the PET is maintenance procedure aims at the
normalization of variations in the responseled manyPET detectors. Based on the results
produced, it is then known whether thestgyn is ready for scanning @rhetherservice
needs to be undertaken on the system. The maintenance proceduregekriociudes
verification and computation of the PET calibration factor. Using a phantom scan, a daily
normalization results are displayeddathe sonogram inspectefter the completion of the
quality assurance proceduréise qualityassuranceesults of the system are savéd.the
operator 6s o0 wn detecte catup ttan e perfopng&sB].t Thea dlignment
between the PET and Glbnstituentss also checked as a part of the QA proced8mme

other testsperformedon the PET scannenclude count rate performance@rompt counts,

true event (count) rates, random event (coun@sraiccuracy of attenuationorrection

accuracy ofscattercorrectionandspatial resolution (quantitativelgmong otherf2][6][7] .
2.7  Reconstruction of PET images

According to[1], the main goal governing the process of reconstruction of medical images is
to provide an accurate cressctional imagdand thusthree dimensional volumesf the
distribution of radiotracers quantitatively. Secondly, the process of reconstruction is to

provide (in vivo) the highest ratio of sigA@a-noise[1].
2.8  Reconstruction Algorithms

In the evaluation of the qualityf an aquired imagepne has to define certafactorsand

apply to them some quantitative (objective) measures, with which, the quality of the
acquired images can be measured. THas®rsare the different reconstruction parameters
(reconstruction algrithm, filters, and matrix size, and attenuation and scatter corrections

among others)sed in the reconstruction process of the scanned data.

Although there are several different means of categorising reconstruction algorithms, PET
reconstruction algotitms are mostlyclassified into two approacheseconstruction byl)

filtered back projection ang) iterative reconstructiofB].
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2.8.1 Filtered Back Projection

Filtered back projection (FBP) basically is a methodréconstruction of medical images
from their filtered projections. This method of reconstrugtamsithe naméo some degree

implies necessitates two principal steps:

i.  Filtering the projectiomlata and then
ii.  Back projecting them so thegconstructed images is creaf@{f3].

During PET datacquisition, the images are acquired from natural forvpaogectionsand

then back projectedwhich is the direct opposite to the forward procedhe process of
acquisition of PET dates dividedinto sets of line integrals of a two (2) dimensional aofy
values from theobject, which is transformednto a set of projections. Whilen back
projection, this is the process ofconverting and distributing uniformly these set of
projections to form a-BDimentional arraywith data values) amongst the variquigels that

fall in the projection path (figur2.4 shows this process). When each back projected data set
for all projections are summed up, the result is an approximation proportional to the
radioactive distribution within a slice of the scanned objd&. Nevertheless, when
projecting a set of data back after forward projecting it does not reitggseld the original
object[3]. Statistical noise is one major limitation associated with the reconstruction of PET
images using FBP. The extent bbth noise and spatial resolutiotan be respectively
reduced and maintaingaly appropriately applying a post reconstruction smoothing filter

(such like Ramp, Butterworth, Hanimg, Parzen, Sheppogan, Hann]1][3].
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Figure2.5: Schematic diagram of back projed data sets

27



The filtering process (which is the initial process applied to the set of projected data before
back projecting them) is done using an approach based on the Fourier Transform (FT).
Fourier Transform is a way of representing a set of vargpegial data irthe frequency
domain. That is assumirigere isa particular iDimensional functiori(x), hence the Fourier
transform is a representation %) in the frequency space or domairhe functionf(x) is
described as having the sum of sineasine functions changing or altering frequencigs (

and magnitude;: (v) (wherev is the frequency of the magnitude of the sinusoidal fundtion

(v)). This estimaté s wr i tten fr oméEedse#gns (Wheaedis a on
complex exponential[18a]. When the functionF (v) is transformed using the Fourier
Transform, the resulting function created is the origi¢dland the transformation process

from F (v) to f(x) is known as an inverse Fourier Traorsh.

According to Radonés wor k, i f the Fourier
frequency ¥) and the inverse of Fourier Transform is then applied, the result produced is a
filtered projection.

At this point, all data values are filterefirmise. When the filtered data set is back projected,
it delivers somewhat the true object. Ramp filtahsmost common filter used in frequency

spae [18].
2.8.2 lterative Reconstruction

The terative reconstruction algorithm depends on greater amé mmtense computational
requirements than the FBP reconstruction algorithm. Moreover, in the reconstruction of
images which have relatively poor counts, the iterative reconstructimrithigs are
particularly useful1][3]. In the reconstruction procesée iterative reconstruction method
makes an initial estimation of activity distribution with regards to pixel values in the smage
With this estimated distribution, a new estimation is acquired based on the counts from each
forward projection. The origal measured projectionn a secalled d s i n o @rfudl mé

representation of the projections in eDinensional form of matrixn,(r,g) from the

patient or object is then compared to the estimatahts ofthese seriesThe maximum
likelihoodis obtained from the comparisamthe ratio: meagred counts to estimated counts
[1][3][18]. That is the maximum likelihood of the estimated counts matching the original

measured counts. And based on the differences between these sinogramsest the
28
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estimates. Until a result is obtained that is satisfacteermined by a set of criteria for

this, the iterations or process will continue. This method allows for modelling of the
statistical noise. And finally to terminate the iteration preessthere must be an existing
criteria associated with the algomththat defines such a functi¢h][3]. From this account

of maximum likelihood comparison, the iterations can continue for a long time in the attempt
of the estimated counts matching thegmal measured counts. Each time the estimated
counts are compared to the original measured counts, the difference is used to modify the
estimated counts and the comparison is done again. The number of times a comparison is
made is known athe number ofterations. The number of iterations can legeas the
estimated image data (to a maximum likelihood) is matched with the original measured
image,and it is in generalinfluenced bya generation of noiséfigure 2.6) Thence, the

appearance of noise ihd resulting image limits the number of theateons[18].
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Figure 2.6: lllustration of how the number of iterations affects ovarian cancer images when all other factors
are kept constant. The appearance of the image changes as the iteration increases, 2, 3, 4, 5, 10, 20
and 40 (starting from the top left image to the last right middle image) respecti¢@bpied from [34])

29



2.8.3 Subsets

Due to tle extensive computationglower requiredthe iterative reconstruction metha

slow method of reonstruction algorithmThere are various teclgues implementedo
improve the speedof the iterativereconstruction process. Tlhuederedsubsetexpectation
maximization (OSEM) is one technique utilized to improve the dpdehe reconstruction
procesd18§]. In this technique, the projection sonograms are grouped in separate sets known
as subsets. There are different ways withicl this grouping can be mad#&5]. The
projections grouped into subsete aach refined and updated to match the original oreds

i mage. Assuming there are sixteen projectio
below; figure 2.7), all the projections are not taken as a whole and compared, but rather
smaller fractions of these projections are collected at a time and comipetted. example,

the projections in the ring detector are divided into two (miike) setsof 180-degrees.

The projections that fall under a particular angel of similar value are considered to be in a

specified group. After grouping them, the resubkis s hown i n the sets, Ot
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As the number of subsets speeds up the maximization process of approaching the true
measured counts. In an approximatiore ttumber (N) of subsets generated increase the

speed up process to aboutiMés the maximum likelihoodnegks].
2.9 Image Corrections

An uncorrected image (in terms of attenuation and scatter) tmzEkse and somewhabisy
(contains gravelike dots n it); thereby makingdentification of smaller detailed objects
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difficult. In this section, attenuation and scatter corrections will be discussed. How they

affect the image after reconstruction will also be presented.
Attenuation

Reconstruction ofhe raw projection data are not acquired directly from a PET scanner in
order to obtain accurate quantitative images of the radiotracer concentration in the object
(NEMA IEC body phantom)Projections prior to reconstruction process needs to undergo
several comctions so as to guarantee optimal quantification. As much as attenuation is put
into the reconstruction algorithm, it is also required and importanttieaé corrections are
applied[1][5].

When a measured beam of photons with initial intenkjfyencainters a medium of
particular thicknessy, some of thencoming photonswill interact with the atoms of the
medium and somphotonswill pass through. The interaction removes some of the photons
from the initial beam and the resbntinues through the miedn with intensity k. This
process of reducingthrough absorption and scatter) the intensity of an initial beam of
photons iggenerallyknown asattenuation The beam of photons is said to be attenuaseit
passes through mattdi[5][25].

Oneaspecbf imaging with PET is that for annihilation of positrons taking place at any point
along the raya attenuation correction parameter is the same with regards to whatever given
projection of the ray (equation{2.1}) [3]. Mathematically, a parallel beam o&diation

photons undergoes exponential attenuation as it passes tlaroeghum

Since #enuation and scatter ameanifestationsof the physical processes that take place

when photons traverse through mafigr correction for both is important.
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Figure2.8: A diagram showing attenuations as the two photons move to the detectors.
2.9.1 Attenuation Correction

The attenuation correction is based on the probability that the two photons would reach the

detectors simultaneousliooking at thebelow equation{2.1}, the first photon reackéhe
detector atx distance and with a probability of ™and the second photon reashhe

opposite detector at a distardeeand with a probability o ! ¥ [3]. Mathematically, the
attenuation correction is the multiplication of the two probabilities with which the two

photons reactsthe detectors.

I, =1e ™ ; |, e ¢ (2.1}

- X
where m s the linear attenuatiatoefficient for 511 keV photons in tissues

Thus,
AC=¢e™ 3g®» Y AC =" 2.2}

Where: AC 1 Attenuation Correction m- Linear attenuation coefficient - Total path

lengthbetween two oppots detectors.

Hence the attenuation parameter is the same no matter the projection ray due to the fact that
the total length is considered rather than the individual distances. According to Robert

Koeppe (2009), the attenuation correction can be writtere*ds [3]. From the above
equation .2}, it is difficult to obtainthe correctattenuation correction. The reason is that,

there are different projection rays with different lengthisand linear attenuatn coefficient
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(m) and since the correction has to be done on each ray projected. This problem is

somewhat solved whesach pixelin the overall image is segmented anddpecifying an
attenuation coefficient for each pixel fromtransmission scan based on the segmentations.
The pixels (image) segmented in practical applications are smodthad.a transmission

scan is performed on the PET scanner and the transmitted signal is measured. This is done
by rotating one or more sows around the patient. Since the strength of the source is
unknownfor the PET scanner systethe line integrals of the LORre determined with an

empty gantry by perfoning a blank scafi37]. The pixek are then used to compute or
estimate th attenuatio factor (Equation 2.3}) according to the emission data. Propagation

of noise from the transmission measurements is reduced to a greater extent in this process

into the emission images reconstructed.

_ Blank;,
- Trans,

{2.3}

!

Where A ; - the Attenuation correction factoBlank ; and Trans; represents the counts

recorded in the scans of both blank and transmission for the pair of detectors.
2.9.2 Scatter Correction

During a @mpton scattering, the after interaction products are a photon with an amount of
energy and the recoil electron wittcartainamount of energyWhenthe scatered photons

from Compton eventsare deteced they form scattered coincidence. Thanihilation
photons on the other harfidrm true coincidenceThere are different techniques to correct
for the scatterd photonsOne approachy which the correction can be derived is to utilise
the data from the original image contaminated with scattptembns andthe transmission
image. From thesmission mage, activity distributions in the body are indicafé8c].
Whereas i mages from the transmission scan
With the use of a computer design to motlet scattered ents distributions can be derived
from the interaction of photons and the two images acquiféds, a estimationof the
scattered events distributiomns applied. Also how the scattered evergkate to each data
profile can be derived. The result fromg estimation is then deducted from the projection
data. Finally, the reconstruction of the newly formed image ttata the deductions

repeatedintil a preferable image data is attaif#8c][25].
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2.10 Filters and kernels
Filters and kernels are tedhoes used to reduce or remove noise from an image.

Kernelsemployed in CT imagin@re used together with numbers to define the sharpness of
the image. Higher (increead numbers represent sharper images and lower (@dduc

numbers represent smoother imag4.

There were a number of predefined filters associat#¢d the PET scanner forimage
reconstruction The PET filters available in th&iemens Biograph PET/CT scanrssistem
are All pass, Box car, Butter worth, Gaussian, HamgnHann, Median, Parzeand Shepp

filter.

Filtering of PET images

Filtering can be done in two domainamely
i.  Spatial filtering domain
ii.  Frequency filtering domain

Spatial Filtering is the mechanism of moving mask from pixel to pixel or point to point in an
image. A predefinedelationship or function is used to calculate the response at that point
receved (responded) by the filt¢t2].

Smoothing (spatial) filters are employed for the purpose of blurring and for noise reduction.
In pre-processing steps, blurring is employed femoval of small detailed noise prior to

extraction of large objects in an image and joiningetbgr small curves or lingaps[12].

In the frequency domain, the spatial image is converted first into a frequency image domain.
The Fourier Transform issed in the conversion procefk?]. Frequency filters can be
grouped into three types, namely: Low pass filters, high pass filféfand band paddters

(which arenot so frequentlyused).Hencediscussions wuld be made onnly the low pass

and highpass filters.
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Low Pass Filters (LPF)

These are filters used that enables low frequencies to pass through and reduces (attenuates)
the passage of high frequencid@$ey cut off components of the Fourier Transform with
high frequencies at a distance frohetorigin of the transform greater than a specified

distance from the same oridit2].
High Pass Filters (HPF)

These are filters used to attenuate the passage of low frequencies and enable high
frequencies through it. It is also utilized in the enharer@nof edges or small image objects.

It best fits the preservation of high resolutions at the expense of statistitaafians counts

of high degre¢12].

Filters in general can either be lindarg. Gaussian filterpr nonlinear (e.g. medianfilter)
to blur the image for thpurpose of reducing nois€he Gaussian filter can be usede#ther
HPFor LPF.

2.10.1 Convolution of PET images

Convolution means the mathematical way of creating a single array of values from the
product of two different arrayof values having dissimilar sizes but similar dimensionality.
In other words, it is the combination of two separate signals to form a third single signal

[16] The final single array also has the same dimensionality.

f(xy) Llner?rxS;/)stem (X y)

FOCMANX Y)Y o xY

Where f (X, y) - The image data
h(x, y) or A - The convalition linear system
g(x y)- The resultant image produced

Using a data matrix, the convolution process is shown below.
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Figure2.9: An example of how a convolution is carried détdapted from [3])

2.10.2 Gaussian Filter

A very siqificant filter is the Gaussian filters. The reason is based on its theoretical and

practical use. It is a linear convolution filter. Gaussian filter is applied in a different way to

that of the mean filter (each pixel value is divided by the total sumeajht of the entire

pixel in the filter) and it has the ability of smoothing the image. It has a simple Gaussian

function with a degree of one (thusDimension consisting of normally only the-)axis).

But it can also be mathematically written as-Bithensional discrete approximation to the

below continuous function assigned with two free parameters:

The kernel siz¢N x Mfilter masK desired

The

G(x y)=

standar d woétheiGaussian fur@t®on v al u e,

1 ¢
2p S

X2+ y?
2s2

(2.4

Where:s - Standard deviation of the distribution

X - Horizontal component of the distribution

y - Vertical component of the distribution
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Working with the above-BDimensional Gaussian equation directly sometimes seems to slow

the process of filtering. Therefore separating it to form a taBimMentional Gaussian

function makes implementation faster andcffer. The two separable variables associated
with the Gaussian distribution means first
directiono) component and then followed by
horizont al ( 6 x t.Multiplyicgtthie two €eparate oompooemts yields the 2
Dimentional equation abové&his idea is termed separation of variables.

1 5 . :
G(x)= € 25" e x direction
(%) o5 <
o R direct
= (YA —— irection
(y) o5 = y
1 X
G(¥3 Xy =E(xy = ez {2}

Looking at it using a kernel matrix of size 3x3, can be separated as follows:

BERE 1oX 121

Figure2.10: A 3x3matrix showing a Gaussian kernel separable variables.

Below is an example of the application of the Gaussian kdframple 2.1:
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2 2
2 5 1 ® 2 4 2 31 | 46 | 31
1 2 1

b) Working them as two separables:
3 4 1 9
2 1 ® 2 p— 8 | 15
13 |2 1 4|11 s
89|09 25 |35 | 27
sls| XD =[] |
11| 5 19 (31 |21

Figure2.11: a) A 3x3 image matrix convolved with a 3x3 Gauds@nel b) The same 3x3 image matrix
convolved with a Gauiem kernel separable variables. The image matrix was first convolved with the vertical
variable and the result was convolved with the horizontal variable.

Initially; the parameter of the standard deviatiGrtontrols the degree of smoothing in the
image. It is however not controlled by the absolute value of the size of the kernel. The
standard deviation] is normally user defined. Secondly, the Fourier Transform, which is a
Gaussian function, makes it rather have a special property. This enables anaitsitng

filter in the spatial frequency domain very convenient. According to Chris and Toby (2001),
it is commonly used as the initial stage algorithm for edge detection (where immpisage

is a Gaussian functiof}0].
2.10.3 Full Width at Half -Maximum

From the Gaussian distribution equation stated above, the standard deviation which
determines the degred image smoothing is representachalf the width ofthe distribution

(which is located at60% of the heightof the distributio). Nevertheless,in most
applications, the Full Width at HaMaximum (FWHM) is rather employed though it may

be bigger than the standard deviatian, itself. To compare the impact of FWHM on
reconstructed images, FWHMs 8f 4, 5, 6, 7 and 8mm were used.The FWHM can be

derived as follows:

FWHM = 2s5+/2In2 {2.6}

FWHM =2.354 (mm
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Therefore, from the chosdAWHMSs the values were attained with different valuessof

(shown below).

o = FWHM
2.354

{27}

The unit of the FWHM used in this work is millimetres (mm). For a normal Gaussian

distribution (assuming meaniis zero), s is taken to be one (1). As the standard

deviations increases, the wider the width of the Gaussian distribution céne this in
turn increases the value of the FWHM. This factor makes the image smoother. And the

further s is increased; the image appears torfzeeblurred.
2.10.4 Median Filters

Median filter is an examplef an ordered statistical filter. They are Aorear spatialfilters.

The responsef a median filteiis based on arrangirtbe pixels contained in the image areas
within the filter. The valuedetermined athe centre pixeis replaced by the median filtas

the result[12],[20]. Median filtersare capable of reducing certain kinds of random noise
with substantially less blurring in the image than linear spéltiers having the same size
[12].

In medianfiltering, a pixel within the image is addressed (convoluted) andNts (M)
neighbourhood is replaced by the statistical median. The median filter is a good filter in the
sense that it preserves details (edges) with high frequencies and at the saneentines
noise, particularlyoise spikes which are isolatgd]. Median can also simply be defined as

the middle element. The mediam therefore, of a set of numbers is the number positioned in
the middle of the set of numbers such that half of the ntsnéee on each side o
Meaning, half of the numbers are less than the median numéed half of the numbers are
greater thamm. It is always the middle (midpoint) element or number of a sorted set of
elements or numbers (distributida 7].

Thusthe median operator requires that the data or values within a pixel neighbourhood are
first rearranged oordered at every pixel locatida7]. The explanations given here are for
odd numbers of elements. F@avennumbers of elements, the middle two numbess ar

summed up and then divided by two (2).
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Example of evedx4neighbourhoods: 22 20 25 5023 100 200 30

The median is 20 22 2530 50100123 200

30+ 50
2

Qo

40

|-QHO

O

Using an image matrix, the median is done as follows.

2320 50 15 17 34
Example2.2: 10 76 43
2312050 Re-arranging:
g Py, 10 15 17 20 23 34
i 43 50 76
|10 76| 43
23 Median = 23
Exaple 2:
UsingalD [ g |7 [3 |26 |[s][o|3[a]7]5]6]
kernel
Result: 73|35 |6 |5 ]|4a]4]|5]|6]

L e tdefme the EDimensional median kernel to be of 1x3 matrix size. Below are the

process followed in obtaining the results.

8| 73| =37,8=7 6| 5|9 =5,6,9=6| 3| 4|7 734,

71 3| 2|=2,3,7=3 5| 9| 3| =3,59=5|4| 7|5 =4,5,7=5
3] 216(=2,36=3 9| 3| 4| =3,49=4|7|5]|6 75,6,

2 6| 5(=2,56=5
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2.10.5 Hann Filter

Hann filter is a lowpass type filter. Thenagniudeof theHann filter is written as follows:

h(f)=0.5 +O.5co§e'[;—f 3 |f| % 2.8}
K -

Wheref i Spatial frequency of the image arfg - Cut-off frequency. The cubff frequency

serves as a boundary or | imit in a systemo:
passing through are attenuated based on a specified magnitude ofdlfffe lidenhce, Hann

filter cut-off frequency allows all frequencies that dess than the cubff frequency

magnitude to pass through and thus cut off all higher frequencies. Hann filters are often
used in studies where accurate statistics are highly needed with regards to loss in spatial
frequency.This is becauséhe Hann filter setsllafrequencies above the caff frequency

quickly to zero and thus making it a very good smoagthiiter [20].

In practice, the kernel or filter incorporates the Hann filter function and hence to# cut
frequency. But the basic knowledge behind that principle is that assuming the kernel has a
particular cutoff frequency, at every pixel, the corresponding frequency value is set in the
eqguation function and the result yields a new value for the centell (aix explained in the
principle of convolution above). However, the value of theaffifrequency (and that of the
critical frequency) was not user selected in the scanner system.

Emaple2.3:

0.4 0.3 |0.6 |0.46
0.4|[0.23 0.1] 0.5 05105705
0.3// 0.3/ 0.60.34 ® 05|05 05| — 3.24
0.1/[0.2] 0.1]0.45
0.34]0.54(0.43[0.28

05|05 |05

Figure2.12: A diagram showing how the Hann filter is used¢onvolve an image.

41



Example 2.4:

h(f)=0.5 m.scoge% Q056
(; . -

h(f,)=0.5 +O.5co%0'04—20 0 .01
Q . —

h(f,)=0.5 +O.5co%% 0 20.00
¢ 05 =

From the above example, the Hann filter fucntion was employed in the convolution process.
In this example, each pixel frequency in the 7x7 image matrix was first converted using the
Hann filter function. The central position pixel frequency (of 0.6) in the image was then
replaced by the total central pixel value (3.24) of the convolution result. To observe what
happens in each pixel frequency conversion, a worked example of some selected pixe
frequencies are shown above. Looking at the result of each pixel frequency converted, it was
found that the image pixel frequency that is less than theftétequency yields a resulting

value of norzero decimals. However, in the case of image pregjdencies approaching or

higher than the cenff frequency, the result attained approaches zero (0) and or exactly zero.
2.10.6 Butterworth filter

Another lowpass filter is the butter worth filter. Mathematically, itreppresented by the
equation 2.9} below. The equation or filter function is made up of two parameters; the

critical frequency, f. and the powerp (also referred as the ordai). Where p =2n.

The magnitude of butter worth filter,
a1

o 2n
af o
g C -

b( f) = {2.9)

These parameters describe the operation of the filter. The order is related to how fast or
speedily the Butterworth filter is rolleaff. It is needed for studies where thegervation of

higher resolution is required with regards to high fluctuations in the statistical counts.
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According to[22a], the image is more smoothen when the order in maintained and th

critical frequency is lowere[22].

In Butterworth filter function[20] argued that the cudff frequency was not used as in the

case of the Hann filter function. Rather the critical frequency was used in that regard. It was
further explained t hat t he Butterwoffthb fi
approachig (or towards) zero (0). The critical frequency is hence that point reached instead

of being the poofnfto ade twehri mihngadheadirodrdo (0) .
certainly does not reackero, rather it approaches zg&0]. The critical frequency of a
Butterworth filterwas not user selectedin the Siemens PET/C3$canner andis therefore

predefined in the scanner systgRal). It is also found to be the cycles per pixels or cycles

per centimetre of imagécycleg pixelor cycles c)[20].

From the above exampl@.4), equation {2.9} of the Butterworth filter in a way can be
constructed to imitate that of the Hann filf20]. Hence from worked examples (not shown

in this work), it was also observed that an increasing image pixel freqagpcgaching or
higher than the critical frequency results in a value approaching zero. Regardless of this
process, the resulting value from the Butterworth filter function gradually approaches zero
unlike the Hann filter function. Example; frequencie®af3, 0.78, 20, 50 and 80 convolved

with a critical frequency of 0.&ycleg pixeland an order of one (1) results in new pixel

values of 0.752, 0.540, 0.023, 0.010 and 0.006 respectively. Using the same image pixel
frequencies and criticaldguency, when an order of ten (10) was used, the resulting values
are 0.976, 0.012, 0.000, 0.000 and 0.000.

In the Siemens Biograph PET/CT scanmsgstem employed in this work, the system allows
for the selection of the order of the Butterworth filter (@hhave values: 1, 2, 3, 5, 7, 10
and 20). In a manner of comparing the effect or quality of reconstructed images, different
orders; 1, 10 and 20, were applied in the reconstruction with Butterworth filter.

211 Image matrix size

Images are created whear data are segmented in very small parts. A grid that is made up
of very small squares of rows and columns is known as a matrix. Each squzeémiade

matrix is known as a pixel. The size of the matrix denotes the number of pixels contained in
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the grid For example a 128 matrix used in this project work to reconstruct the PET images
had 128 pixelsalongthe row and 128 pixelalong the column. The grid has a constant
perimeter; therefore a bigger matrix size (256 x 256 pixels) will have its individueds$ po

be smaller than that of the 128 matrix size. Therefore, matrix size controls pixel size.

Each pixel contains a detail of tipatiet imaged. The detail in each pixel represents the
information recorded as-pays traverses that region of the patiand hits a detector. A
bigger pixel size contains more details than a smaller pixel size. Hence, each bigger pixel
will have different densities within which is less likely to occursmaller pixel sizes. For

this reason, smaller pixel sizes improvetgaesolution. Again, as matrix size determines

pixel size, it carhowever be stated that matrix size hamneeffect on spatial resoluti¢®2].
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3. The Measurementsand Data Analysis

3.0 Setup and equipment

The applications of the NEMA IEC phantom inchscsimulation of wholebody imaging
especially using PET and camdrased coincidence imaging techniquegaluation of
reconstructed image quality in whole body PET and ca#ib@sad coincidence imagirand
determination of the coincidence count rate cbimastics in brain and cardiac imagingis
also applied toevaluak the relationship between true coincidence count rate and
radioactivity, to deermine the address errors caused by address pilendpto evaluat¢he

count loss correction scheme
Main Features:

TheNEMA IEC Body Phah om Set E ( MeBDBY/P)dilEsists df theCfollowing

features

i. Body phantom

il. A cylindrical lung insert, filled partly with low atomic number material with an

average density of 0.30 = 0.10 g/cc

iii.  An insert with six fillable spheres (compartments) witarious sizesTwo large
spheres with internal diametes628 and 37 mm and four small spheres with internal
diameterof 10, 13, 17 an@2 mm

iv.  Aline source contained in a test phant@solid polyethylene cylinder)
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Figure3.1: (a)NEMA IEC Bb& t K I y {i(® Mdcdves With six fillable sphergs ¢ KS L2 AAGA2Y YI NJ

the lung insert filled wittpolystyrene beadand water.

\

Figure 3.2:Scanner extensiorphantom. This was used to stimulate radiation that extends beyond the

scanner.

The phantom is designed in accordance with the International Electrotechnical Commission
(IEC) recommendations and the modification was done by the National Electrical
manufacturers Association (NEMA). Its use is recommended for the evaluation of
reconstruatd image quality in whole body PET imaging

3.1 Experimental procedure

The four parts of theNEMA IEC imaging phantonwasfilled with either ativity or non

radioactive waterBelow are the descriptions of how each compartment was filled.
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3.8.1 Filling the lung insert

The lung insert is made up of a cylinder that is mounteddrcéntre of the torso cavityhe

lung insert idfilled with polystyrene beads (low density material) and-remtioactive water

was then injected into it. This was done to simulate luegsitly. According to [6], the
ANEMA Standar ds -2ROWbll,i csaetcitoinonNU7 .23. 30, t he
have an average density of 0.3M#40 g/cc(0.286 g/cc wasneasured40.1g; volume of
water:110 cc antbtal volume of Iung insert: 136.@c). The lung insert was used in order to

measure the residual error due to scatter and attenuation corrections.
3.12 Filling the body

Initially, the torso cavity representindbackground) was filled half way through, about 4.8
litres, with nonradioacive water only. This was done with the lung insert (filled with-non
radioactive water and low density atomic number material) in position. The lid with spheres
connected or screwed to their positions was afterwards securely placed on top to hold the
lung insert in its position and to cover the torso as well8 was used as theadioactive
material in this work. An amount of F18 was measured with a cathetiger type 20 ml
syringe; such that the concentration of the activity measured togethenamviiadioactive
water (a total volume of 9.708 litresyill be 5.3 kBg/cc (0.14&Ci/cc) at the time of scan

This activity concentration corresponds to 370 MBq (10 mCi) per 70,000 cc, a typical
injected dose for a standard adult patient undergoingp@e-body PET/CT examination

The F18 measure@vas flushed into the hafflled nonradioactive water in the background.
The syringe was flushed several times to ensure the transfer of almost&bE of the
syringe. After injecting the measured activity into the torso cavity, the mixture was stirred
carefully and gently. The remaimjrwater was then added to the solution or mixture in order
to achieve the total quantity of 9.708 litres. To ensure thorough and even mixture of the
activity and water, a long solid plastic was used to stir the concentration for some time.

Placed ina well shielded hot cell tiwas allowed to settle.
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3.13 Filling the six spheres

The two largespheres (28 mm and 37 mm) were filled with madioactive water to
simulate cold lesion imaging. A cathetgy type 20 ml syringe was used pveparean
activity concentration (witta total volume of 9.98 mfor the 4small spherel This volume

would contain an activity that would bk or 8 timesrespectivelyto the level of activity
concentration in the volume representing the backgroBgidoutting thecathete-tip of the
syringe through the removed filler cap opening with a narrow tube (stem) from the outer side
of the lid, the syringe with activity concentration was injected into each of the four small
spheres (10, 13, 17, and 22 jnm

When all the spheres d@rbackground including the lung has been filled, the phantom was
tilted to ensure that thenwas almost no aimside Air bubbles couldinterfere with the

measuremerdf contrast recovery
3.14 Filling the scanner extensiorphantom

In filling the testphantom (line source in the solid polyethylene cylinder), a measure amount
of 5.6 ml of the samactivity concentratiorused in the torso cavitywas carefully injected
through the narrow hole line source by applying a simply pressure technique. Thisne@as do

to have activity that extends beyond the scanner as in clinical situation.
3.15 Scanning the prepared phantom

The preparedEMA IEC bodyphantom (bodyspheresand testphantomcompartmens)

filled with sphereto-background ratio of either 8:1 or 4utere scanned with a standard
clinical whole body PET/CT protocol onZiemensBiograph40 PET/CT scanneChapter

3.2). The phantom was placed on the imaging table and positioned axially in the scanner in a
way that the centre of the spheres was at thellmislice of the scanner. The test phantom
was placed at the head end of the body phantom and adjacent to the body [{figatem

3.3). The B19f(B: body) very smooth kerne{Chapter 210) was usedn the CT imaging

process

Three repetitive experiment®ollowing Chapters3.1.1 to 3.1.5 were donéor each

concentratiomatio.
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Figure 3.3: The prepared phantom on the bed of the PET/CT scanner ready for scannipigeTdaoured
spheresarethe spheredilled with 18 activity.

3.2  Data collectionand image reconstruction

For a standard clinical whole body PET/CT protostldies data were acquired ugj the
following parameterg¢Table 3.1)8]:

Transaxial slices through the axial centre of the spheres within the image phaetem
reconstructed witla selection of reconstruction parameters and different incagections

applied to the dat&hesemages reconstrucin parameterare presented in table 3.1 below.

Table 31: Comparison between scanner parameters employed in this project work.

Standard dhical whole body PET/CT protocol Selected reconstruction parameters used
Iterative reconstruction algorithm Iterative reconstruction algorithm
Iterations: 4 Iterations: 4
Subsets: 8 Subsets: 8

Filters: Gaussian
Filter: Gaussian Median
Hann
Butterworth (Order: 1, 10 and 20)*
FWHM: 5 mm FWHMS5 (3, 46, 7 and &* mm

Matrix sizes: 128 x 128 pixels
168 x 168 pixels
Corrections: Attenuation and Scatter
Only Attenuation

Matrix size: 168 x 168 pixels

Corrections: Attenuation and Scatter
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No correctiori**
Tube currenttime: 50 mAs
(time =5sec)
Time of PET scan: 3 minutes
Slice thickness: 2.0 mm

Tube currenttime: 50 mAs
(time =5 sec)
Time of PET scan: 3 minutes

* Butterworth filter: Used in combination with orders: 1, 10 and ZBe order is the strength of the filter.

* FWHM of 5 mm was used inombination with the various filters. Also, a Gaussian filter with FWHMs of 3,
4, 6, 7 and 8 mm was used and compared with the standard FWHM of 5 mm.

*** Only attenuation and no correctios were used in the case of the Gaussian filter only.

A selection ofdifferent reconstruction parametersis madeto compareimage qualities
using thestandard reconstruction parameters and ost@ndardparameters in the same

systemas shown in the tdd above

This was alsodone to assess thémpact of applying different imaging reconstruction
algorithms or technique to the image data. Henceforth, only seleatatheters from the lot
wereapplied on the acquired data for reconstruction.

The selectedreconstruction parameters utilized wéterative reconstruction algorithmith
iterations of 4 andubset of 8Gaussian filter (with FWHMs of,31, 5, 6, 7and 8mn), Hann

filter, Medianfilter and Butteworth filters (all with FWHM of 5 mm) and attenuain
correction(of the CT bed scgrand scatter correction.ny attenuation correction and no
correctionswere used in the case of the Gaussian filter in order to compare with images that
were corrected with both correctioms.matrix size of 168« 168 pkelswas also used and
comparedvith a128x 128 pixel matrix size.For example, when a median filter is selected,
the other parameters (iterative reconstruction, iterations: 4, subset: 8 FWHM: 5mm, matrix

size: 128x 128pixels attenuation and scatterroections) vereunaltered.
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Figure 3.4: An image slice reconstructed with a Gaussian filter, FWHM of 5 mm, iterations of 4, subset of 8
and attenuation and scatter corrected.

3.3 Data processing

All slices were reconstructed and correcticqgplied. A centre slice where the image
contrastwasassumed to be high was selected from the image slices. Four other slices, two in
both directions (to theelectedcentre slice) within a 1 cm and 2 cm distances were also

selectedmaking the total number of slices be analyzed five.

Regiors of interes{ROI) were drawn on each hot and cold spharée resulting images

after reconstructiof f i g u r e. CiBculd ROI wereduded with a diameter equal to the

inner diameter of the spher@hen ROS$ of the sameiges were drawn in the background of

the phantom on the centre slice. Twelve 37 mm diameter ROIs were drawn throughout the
background( f i g u r e sush.that it isbaB & distance of 15 mm from the edge of the
phantomand no closer than 15 mm &my of te dhe spheres (figre 3.5. ROIs of the

smaller spheres (28, 22, 17, 13, and 10 mere drawn( f i gur e 3. Boncemiri€C6 and
to the 37 mm ROI drawn on the background. The sproeedure for drawing of spheres

was performean the other four sliceselected on both sides of the centre slice. Therefore, a

total of sixty (60) ROIs of each sphere were drawn on the background.

A circular ROI, 30 mm in diameter were also drawn on the lung insert. Twelve other ROls
of the lung insert were drawn on theckground, concentric to the 37 mm diameter ROI

drawn. This was also done all five slices.
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Figure 3.5A)ROIs on only hot antbld spheresand lun inserB) ROIs of the 37 mm sphergadd D ROIs of

the other spheres (28, 22, 17, 13, ah@ mm)and lung insert concentric to the 37 mmsphei@ image
quality analysis.

The average aunts in each image slicROIl were recorded andutilized to perform
calculations and evaluations of the percentage of recovery coefficienj, percentage
baclkground variabilityjii) percentage relative error aiw) standard deviation on the quality

of the reconstructed image¥hese image quality parameters mentioned were calculated

based on the formulae stateddhapter3.4 below.
3.4  Formulae usedfor the data analysis

Image qualities for both hot and cold spheregre calculatedas percentage contrast
recovery coefficients applhequations {3.1}and {3.2} respectively This was done to

evaluate theontrast oboth hot and coldphersin a warm backgrouh
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a. Qu; - percentagdot contrastecovery coefficienfor spherg, wherej represents
the 10, 13, 17 and 22 mm spheres.

b. Qci - percentageold contrastrecovery coefficientor sphera, wherei represents
the 28 and 37 mm spheres.

Q. =—1— 300% (3.1
s a1_| _1 .
A

Where:

a. Cy;1 the average counts in the ROI for sphere
b. Cg;i the average of the background ROI counts for spghere
c. ay T the activity concentration in the hot spheres

d. agi the activity concentration in the background

CC i 6
o §PO0% (3.2}
B,i -

Qi =

vO?&AQJO

Where:

a. Cc; 1 the average counts in the ROI for sphere
b. Cg;1 the average of the 60 background ROI counts for sphere

The background variabilitfalso called coefficient of variatiomyas calculated gsart d the

image quality measuremento evaluate how the mean counts of each sphere in the
background vary from their corresponding mean counts in the original spheres with either
activity or no activity.

Ny - coefficient of variation for all ROIsf sizex (10, 13, 17, 22, 28 @37 mm)in the
image volume

Percentagdackgroundrariability Ny for spherexis given by:
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N, =>3 3100% (3.3
CB

, X

Where SIQ is the standard deviation of the background ROI counts for sphexed is

calculated as:

K

. 2
a (CB,X,K - CB,X)
SD =4[K= X K =6C
X K -1 {3.4

Cgx 1 the average of the 60 background ROI counts for sphere

Rel ati ve Co uinThe ré&ative eemor (€geedign3{5}) [5], was calculated to
measureahe difference between the expected ceant the measured countsthe images

expressed as a percentage. It is also calculated to measure the accuranuafi@itand
scatter corrections.

a. @ Gng 1 relative error in the lung insert

Re |l at i v augj@xpressad asspercentage for each slice

_Clung,i

B,i

|:x:lung,i

Where:

BOO% {35}

a. Cungj I the average counts in the lung insert ROI
b. Cg;T the aerage of the 60 background ROItbé lung insert.
3.5 Analysis with an automaticPython program

The description of how the data sets were proceasddanalyze@dbove in section 3.5 was
done manually on the Siemens Biagh PET/CT workstation. Howev§sl], developed a

an automaticpython program that could do exactly the data processing and calculation
automatically by reading thenage files which were in digital imagad communications in
medicine (DICOM) format.

Given a threshold value, the progranmds values(counts) in the DICOM fileghat are
higher than the threshold value and labels them as white in the pnejeDepending on
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how big the value is from the threshefalue the pixel in that position of the image becomes
whiter. All values les than the threshold value are set to black in the imfdgepixelswere

then connected in the-x-z plane due to their positions in the image. The pikeds are
connected forma cluster. Based on the size of the cluster, the size of a sphere is @dmput
The program then finds the edge of the phantom and calculates 15 mm from the edge and

places the 37 mm sphere at that position. This was done to find regions where 12 ROI of the

37 mm can be placed in the image (figure 3.6).

Figure 3.6: An image WitROIs from theutomatic python program. The image was reconstructed with the
standard clinical wholody PET/CT but with a matrix size of ¥X2B?8pixels
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4. RESULTS

The different compartments of the NEMA IEC Body Phantom was prepared as dégtribe
Chapters3.1.1 to 3.1.4 and scanned with the standard clinical whole body PETé@qlr
(Chaptes 3.1.5 and 3)2on a Siemens Biograph scanner [7]. Experiments were conducted
with both a spherto-background ratio (SBR) of 4:1 and 8:1. Three repetistudies were

done for each concentration ratio. Transaxial slices through thecaxakof the spheres
within the image quality phantom were reconstructed using a selection of reconstruction
parameters and different image corrections. Percent asbntecovery and percent
background variability were computed for each sphere together with the residual error in the
lung insert caused by attenuation and scatter corrections, as desci@feapters 2.8.1 and
2.8.2.Chapters3.3 and 3.4 describe the dairocessing procedure and the equations used for

the computations. The image quality results are present@daptes 4.1 4.3 below.
4.1  Image quality results following the NEMA NU 22007 protocol

Image quality results in images reconstructed withaadsrd whole body PET/CT protocol
(Chapter3.2) and a BR of 4:1 and 8:1 are given in Chap#et.1 and 4.1.2 respectively. For
each concentration ratio the results from the third experiment are listed, followed by the

mean values and standard deviatiangifthe three repetitive experiments.

The mean SBR from the three experiments of each concentration ratio, were 4.2 + 0.1 (for
SBR of 4:1) and 8.5 £ 0.2 (for SBR of 8:1). These measured SBR values deviated from the
recommended SBRs of 4:1 and 8:1 by 5 % @86 respectively.

4.1.1 Sphereto-background activity ratio of 4:1

The data analyses results obtained by the use of equdtbiisto {3.5} on images
reconstructed from the third experiment with a SBR of 4:1 are given in table 4.1. Table 4.2
show the man values and the standard deviations from all three experiments performed with
4:1 SBR. From tables 4.1 and 4.2 it is obvious that the contrast recovery coefficients for both
hot and cold spheres increases viiitreasing sphere diameter (@7 mm). Themean hot
contrast recovery coefficient increases from 13.7 % for the 10 mm sphere to 42.6 % for the

22 mm sphere, while the mean cold contrast recovery coefficient has a smaller increase from
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