
A METHOD FOR PIXEL-BY-PIXEL 

ABSOLUTE QUANTITATION IN POSITRON EMISSION TOMOGRAPHY 



To my children, 

Calin and Irina. 



A METHOD FOR PIXEL-BY-PIXEL 

ABSOLUTE QU(\NTITATION IN POSITRON EMISSION TOMOGRAPHY 

by 

ALINA POPESCU, Ph.D. 

A Pr-oject Repor-t 

Submitted to the School of Gr-aduate Studies 

in Par·tial Fulfilment of the Requir-ements 

for- the Degr-ee of 

Master- of Science 

McMaster- Univer-sity 

(c) Co~yr-ight by Alina Popescu, August 1990 



MASTER OF SCIENCE (1990) 

(Physics) 

McMASTER UNIVERSITY 

Hamilton, Ontario 

TITLE: A Method for Pixel-by-Pixel Absolute Quantitation in 

Positron Emission Tomography 

AUTHOR: Alina Popescu, B.Sc. 

M.Sc. 

Ph.D. 

SUPERVISOR: Dr. C. Nahmias 

NUMBER OF PAGES: VII, 178 

I I 

(Bucharest University, Romania) 

(Bucharest University, Romania) 

(Central Institute of Physics, 

Bucharest, Romania) 



Abstract. 

This study attempts to develop a method fo~ absolute 

quantitation in Posit~on Emission Tomog~aphy. This includes the 

definition of the dimension and the position of a tumou~ in the 

b~ain as well as the evaluation of the amount of d~ug delive~ed 

to the tumou~ and to su~~ounding tissues in a pixel-by-pixel way, 

f~om the image. Tl1e defined objectives can be achieved using the 

calib~ated FWHM v.ilues of the dist~ibution of events in the tumou~ 

image, ve~sus d:Lstance, to dete~mine the dimension and the 

position of the tumou~. The concent~ation activity in the tumou~ 

and the tumou~-to--nontumou~ activity ~atios can be obtained f~om 

the image, using a modified filte~ and the calib~ation of the 

tomog~aph. The co:~ou~ scale of the image can be exp~essed in 

absolute units (~:i/ml) and the concent~ation activity can be 

evaluated in each pixel of the image o~ in each volume element of 

the body. 

I I I 
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1 • INTRODUCTION 

The word tomosram is derived from the Greek words tomos, a 

cutting (section) and sramma, a writing. 

The purpose of Positron Emission Tomography is the 

reconstruction of an image that faithfully reproduces the spatial 

distribution of a radiotracer in the body. The method serves an 

unique and important role in medical research permitting a 

non-invasive digital cross-section of the activity distribution 
+ 

of a~ labelled compound within a patient. 

PET method has unique capabilities in analyzing the 

biochemical status of tissues. Indices such as: metabolic rate of 

glucose utilization, oxygen extraction fraction, metabolic rate of 

oxygen utilization, provide significant dimensions in interpreting 

the results of a PET procedure. 

PET has the possibility to distinguish normal from abnormal 

functions of tissues, the ability to assess various neurological 

diseases such as: Parkinson, Huntington, various types of 

epilepsy, to evaluate regional 

stroke, etc. 

blood flow, tissue damage from 

The ultimate goal of these functional studies is to provide 

absolute quantitative data with standardized, reproductibile and 

accurate methods of obtaining and analyzing data. However, current 

PET and SPECT (Single Photon Emission Computed Tomography) 

methodologies have been significantly limited by data analysis. 

In addition to the image distortion associated with scattering and 

accidental coincidences, spatial nonuniformity, count rate 

nonlinearity, etc., the reconstruction procedure seriously affects 

the quantitative capability of a nuclear medicine imaging 

The purpose of this study is to introduce a reliable 

capable of determining the position and the dimensions 

tumour, to evaluate the amount of activity delivered to a 

and to surrounding tissues from the PET images, 

pixel-by-pi xel way. 

system. 

method 

of the 

tumour 

in a 
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2. POSITRON EMISSION TOMOGRAPHY ( PETJ METHOD 

The ability of PET instrumentation to measure tracer 

concentration is ::;trongly dependent on the physical processes 

involved in positr:-on emission, the detection of the annihilation 

photons and the tomographic reconstruction. 

2.1 Physics of Positron Emission Tomography. 

2.1.1 The positron emitting radionuclides used in PET. 

A. Isotope :~lection 

The primary isotopes of interest for PET are listed in 

Table 2.1. [1, 2] 
11c, 13N and 15o are extremely important since their stable 

counterparts are the building blocks of the chemical constituents 

of the body, and Jan be replaced by these radioactive nuclei 

without changing the relevant biochemistry. The decay 

of 11c (20.3 min) and 13N (10 min) are sufficiently 

half-lives 

long to 

permit chemical synthesis, but short enough to avoid excessive 

patient dose. 15 J (124 sec) labeled tracers are simply gases, 

including 150 labeled oxygen gas, carbon monoxide (CO) and also 

liquid water. 
18F (110 min) can substitute for hydrogen in a molecule in 

many cases without destroying the significance of the biological 

response and it is the label in 18F-FDG, a glucose analog. 
55co has served for the labelling of radiopharmaceuticals 

used for tumour detection. 
75 76 . Br and Br prov~des a 

simpler than that of 18F. 
68Ga is suitable for 

useful label, its chemistry is 

incorporation in a radiotracer, 

labelling of microspheres for regional blood flow determination or 

of protein for regional blood volume studies. 68Ga-labelled 

compounds have been employed clinically to detect molecular 

diffusion resulting from disruption of the blood-brain barrier. 
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Tab1e 2.1 The primary isotopes of interest for PET. 

+ 
Isotope Half-1 i.fe 

I. fJ 
decay 

11c 2121. 3 I nin 99.8 

13N 1121.121 I nin 1121121 

150 124 Sl :?C 99.9 

18F 11121 m in 96.9 

38K 7.7 m in 1121121 

55 Co 18 h 81 

62Cu 9.8 m in 97 

68Ga 68.3 I nin 87 

75Br 1.6 , 9121 

76Br 16.1 h 67 

82Rb 75 se - 96 -

68
8 

68
8 e- a s::>lution is 

Daughter 
Means of 

production 

118 stable Cyclotron 

13c stable Cyclotron 

15N stable Cyclotron 

180 stable Cyclotron 

38Ar stable Cyclotron 

55 Fe (T =2.5 h) Cyclotron 
:1/2 

62Ni stable 62Zn generator 
Cyclotron 

68Zn stable 
68 Ge generator 

75Se (T 
:1/2 

=12121 d) Cyclotron 

76Se stable Cyclotron 

82Kr stable 82Sr generator 

valuable in the laboratory for 

attenuation corre=tions, calibration and other utility functions . 

• ~2Rb is a ge,erator produced isotope that is useful as a 

myoc4rdia~ flow tracer. 
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B. Isotope Production. 

It would be most convenient if positron emitters were 

available from generator systems, as daughters of long-lived 

isotopes. The: 

28121 d 68 min - + 
EC (1 

and 

25 d 75 sec 

+ EC (1 

generators, are two such systems. [3] Otherwise these isotopes 

must be produced by nuclear reactions. [2] 

The radionuclides that are produced by positron generator 

systems have the same type of growth-decay kinetics as other types 

of generators. These relations are illustrated by: 

Parent 

A 
1 T 

t. 

Daughter 

N 
2 

A 
2 T 

2 

Grand daughter 

N 
3 

Stable 

In the case of these positron generator systems, the half 

lives of the daughters are much shorter than the half lives of the 

parents. As a result, for this situation, a secular equilibrium is 

reached when the activity of the parent is equal to that of the 

daughter: 

( 2. 1) 

A great deal of effort has been devoted to the development of 

radiochemical se·paration of daughter from parent activities, 

suitable for short lived radionuclides. Because of operational 

simplicity and the potential for high selectivity with the direct 

production of ph~siologically compatible solutions, liquid column 

chromatography ha.s generally proven to be the separation method of 

choice for genera.tor systems. [3] 
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The PET tec~1iques are used for monitoring, and in some cases 

quantitatively me~suring, physiologic and metabolic parameters in 

vivo in humans, i:1 a noninvasive fashion. The use of labelled 

compounds in most of these studies coupled with the unavailability 

of generator produced positron emitters that are 

labeling such tra~ers, has effectively eliminated 

suitable 

the use 

generator produced positron emitters for such measurements. 

for 

of 

The positron emitters are isotopes that have fewer neutrons 

than protons and !ire most easily produced by bombardment of nuclei 

by protons, dout9rons and alpha particles, although there are 

some possible n~9utron induced reactions. A partial list of 

suitable reactio;1s for production of positron emitters by 

nuclear reactions is presented in Table 2.2. [4, 5] 

It is import :mt to point that: 

- the rate of isotope production increases rapidly once the beam 

energy exceeds the Coulomb barrier in the entrance channel, 

up to a stabilL~ed value. Practical beam energies for production 

of light isotop,3s are 8-20 MeV where facility of beam transport, 

target foil pen,3tration, and the cross section reaction are the 

important considerations. Excessively high energy will produce 

long-lived, undesired isotopes that contaminate the product 

without signifi,~antly increasing reaction yields. 

- the yield of is<:)topes approaches saturation yie~d exponentially, 

where the decay and production of nuclei are equal. One obtains 

75% of saturati)n, for bombardment times of two half-lives. [5] 

Table 2.2 indic!ites that the saturation yields per microampere 

(~A) current for the light isotopes of interest are roughly 

comparable for E = 8-20 MeV. 

- the proton reactions can be used for all the desired isotopes 

but deuteron be!ims can be used without enriched expensive 

targets, at low9r cost. However, deuteron acceleration requires 

larger cyclotro1s than proton acceleration for comparable beam 

energy. 
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Table 2.2 Positron Emitters Produced by Proton and Deuteron 

Reactions. 

Isotope Reaction Beam Saturation Yield Comments energy per 1-lA (MBq) 
(MeV) (mCi) 

11c 14N(p,a)11c 14 130 4810 
8 36 1332 

10B( a, n) 11c 8 13 481 

11B(p,n)11c 12 210 7770 

13N 13C(p,n)13N* 8 82 3034 13c 1.1% of c 

160(p,a)13N 20 54 1998 

11C(d,n)13N 8 50 1850 

150 14N(d,n)15o 8 50 1850 

15N(p,n)150* 8 47 1739 15N 0.36% of N 

18F 20Ne(d, ::x)18F 14 84 3108 
8 46 1702 

180(p,n)18F* 14 216 7992 18o 0.2% of 0 
8 110 4070 

160(t,p)18F 22 20 740 

* . Requ~res enr~ched tQrget 

C. Radiotracers 

A radiopharmaceutical becomes a positron emitting radiotracer 

by having one of its natural atoms replaced by a radionuclide that 

decays by positro~ emission. The radiotracer enters the subject's 

circulating systen either through an intravenous injection or by 

inhalation. 
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An important feature in the radiotracer production must be 

the ease and speed with which the final product is made and 

transported to the clinical setting. Some compounds can 

prepared in a continuous process so that, they are available 

be 

at 

the end of the bombardment, or very shortly after, whereas others 

require synthetic procedure before they are available. 

~The rational choice of a compound to be labeled for some 

particular PET application presents a challenge that requires an 

understanding not only of the interactions between chemical 

compounds and living systems but also of the limitations of PET in 

providing data from which biochemical measurements can be made. ~ 

PET measures regional concentrations of radioactivity, its 

ingress and egress from the region of the body. Thus, the 

concentration and rate a 're the two accessible measurements 

obtained from the PET itself. Further informations such as the 

nature of the metabolism etc., must be obtained by other methods. 

A model that allows the determination of the particular process, 

e.g., glucose metabolism, is required. 

The major objectives in setting priorities for radiotracer 

synthesis 

compounds 

have 

that 

been directed 

could be used 

toward development of labelled 

to probe blood flow, 

metabolism, glucose metabolism, 
oxygen~ 

protein synthesis and 

neurotransmiter receptor properties. 

of tissue proliferation, tissue pH, 

Tracers for the measurement 

steroid receptor properties 

-
described also. [4, 5] 

~ LabeLLed Suears. 
C7 The most widely used method 

and 

is 

drug distribution profiles, 

lung metabolism have been 

the FDG method. The common 

method of synthesis is via electrophilic fluorination using 

fluorination reagents derived from 
18

F-labeled elemental fluorine. 

[4] However, the nucleophilic fluorination reactions which lead 

to an isomerically pure product in high yields and high specific 

activity are being used. [4] 
11

c-2-deoxy D glucose <
11

C-2DG) is also used for measuring 

min for regional glucose metabolism. The shorter half-life of 20 
11

c compared to 110 min half-life of 
18

F allows serial studies 

The synthesis of 
11

C-2DG to be performed at short time intervals. 

from H[
11

CJN is rapid. (4] 
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Labe~ ~ed Am.in.o-Acids. 

~ The study of protein metabolism as 

it neurotransmitter receptor populations 

t amino-acids. 

well as certain aspects of 

requires labelled 

There are two different radiotracers for measuring regional 

brain protein synthesis: C-leucine ( 11c-carboxyl) and 

[ 11c-methyl]-meth:Lonine. The studies comparing C-leucine and 

C-methionine showud that leucine provided a better measure of 

brain protein synthesis with PET. [6] 
Labe~ ~ed New~otran.sm.i t ter Radio tracers. 

The study of neurotransmitter dopamine has been approached by 

using labelled antagonists to the dopamine receptor or by using 

labelled precursoJ~s to dopamine. Dopamine itself, unfortunately, 

does not cross thu blood brain barrier. A suitable derivative that 

crosses the blood brain barrier and is converted in situ to 

dopamine via DOPA--decarboxylase, 

distribution in the brain. [2] 

has been used to study 

Both 11c and 18F 

dopamine 

labeled 

5-fluoro-DOPA and 6-fluoro-DOPA were synthesised for this purpose. 

[5] 

A DOPA molecule is presented in Fig_ 2.1. 

HO"' 
>-------... 

HO-< 0 

Fig. 2.1 DOPA. 
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Since fluorine does not naturally occur in 1-DOPA, its use 

as a label represents a potential perturbation in the biological 

behaviour of the molecule. It was found that the substitution of 

fluorine for hydrogen on position 6 of the DOPA molecule results 

in the least alteration in the properties of the parent compound. 

[5] 

The synthesis of 18F-6-fluoro-DOPA by direct fluorination of 

DOPA with [ 18F]F is the method of choice at McMaster Hospital 

eventhough the yield is low. [6] 

Synthetic strategies were developed for labeling 

amino-acids in metabolically inert positions (2 and 3) via C and 

C-1-DOPA. [2, 6] 

OUter Label. 'Led Tracers for PET. 

The 150 radiotracers are present in gaseous and liquid form. 

These tracers are used in the measurement of cerebral blood flow 

and oxygen utilization to determine the metabolic status of 

diseased tissue as in stroke and cerebral malignancy. 

A number of compounds have been labelled in the search for 

the ideal tracer for measuring cerebral blood flow: 
11 150 (2] C-alcohols , tracers, etc. 

In vivo assessment of the metabolic status of tumors is an 

important 

metabolism 

problem. Here the 

play a major role. 

tracers of glucose and 
11c-putrecine has been 

oxygen 

developed 

to take advantage of the increase 

associated with rapidly proliferating 

in polyamine 

tissue. [6] 

metabolism 

Since the 

uptake in normal brain tissue is very low, a high contrast between 

tumour and normal brain is obtained in PET studies of human 

cerebral malignancy. [2] The development of tracers for the 

measurement of tissue proliferation has been of interest 

especially in view of their potential use to monitor response 

to chemotherapy. 

The application of a ~+ emitter-labeled drugs and PET offers 

the possibility of correlating a drug's therapeutic efficiency 

with its regional concentration. 
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D. Radiation Dosimetry 

The dose absorbed by a patient from decay of radionuclides is 

dependent on the energy and abundance of all ionizing radiation 

(photons, positrons, electrons) emitted by the radioactive atoms 

as well as the distribution and effective half-life of the 

radionuclide in the body. Careful calculations involve attenuation 

of Auger electrons, X-ray photons, internal conversion electrons 

as well as the y ray photons and high energy electrons emitted as 

part of the primary decay event. For many of the radionuclides 

presently in use, it is possible to calculate doses for the whole 

body distribution. 

The dose deposited by a radionuclide distributed in a 

particular organ is, of course, not the sum of all 

released by the atoms because most of the energy is 

the energies 

carried away 

by the photons we use to detect the presence of the 

radioactivity. In fact, for most radionuclides of interest only 

1/2 to 1/3 of the energy is absorbed in the body. [7] Further, 

it should be realized that those organs which do not concentrate 

any isotope still receive some dose due to the energy deposited in 

the organs from photons that are emitted from 

A recipe for dose calculations is [7]: 

Body dose (rad/mCi) 

k x T (days) 
eff 

m (Kg) 

contiguous 

where: k = 71.2 is a conversion factor relating mCi, 

tissues. 

( 2. 2) 

half-life 

expressed in days and energy in MeV, to dose in rads, T eff is the 

effective half-life, Ey = 0.511 MeV, E
0

+ is the positron energy, 

m is body weight in kg. These calculations did not take in account 

Auger electrons, internal conversion electrons and X-rays . 

Another way to estimate the absorbed dose is to evaluate 

tissue activity as a function of time, after administration of the 

radiotracer and then using MIRD (Medical Internal Radiation Dose) 

approach to compute organ and whole body doses. 
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For 11c-DG and 18F-FDG, the distribution d~ activity in 

various organs were determined in rats and _d~gs respectively. [8] 

This information allowed the biological half-life of DG in various 

organs to be calculated. 

Radiation dosimetry calculations according to MIRD model were 

done on the basis of the following assumptions [8]: 

- after an intravenous injection of 1 mCi of FOG, kidneys, lungs, 

liver, brain, heart, spleen, ovaries and bladder uniformly and 

instantaneously take up the amounts of activity determined by 

the tissue distribution at 60 min in dogs, 

the remainder of activity is instantaneously and uniformly 

distributed throughout the whole body, 

- the effective clearance half-life is 1.83 h for all the organs. 

The calculated absorbed radiation doses to these organs in 

humans are presented in Table 2.3. [8] 

Table 2.3 Radiation Dosimetry for 18 F-FDG in Man. 

Organ Dose 
(mrad/mCi) 

Whole body 43 

Ovaries 63 

Liver 67 

Kidneys 77 

Lungs 67 

Brain 66 

Heart 147 

Spleen 185 

Bladder 289 

For the short-lived isotopes 15o, internal 

organ and whole body doses tend to be small. To estimate radiation 

doses for the brain and bladder wall, human biodistribution data 

for 18F-FDG were used. 

Table 2.4 summarizes the radiation doses for various PET 

studies. [9] 
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Table 2.4 Radiation Doses for Various Positron Emission 

Tomography Studies. 

Radiotracer 

18F - FDG* 

H 15o* 
2 

c15o** 

co 15o** 

11co** 

82Rb* 

15oo** 

* bolus i.njecti.on, 

Typical 
dose Critical organs 
(mCi) 

1~ Bladder 

5~ Blood, Kidneys, 
Liver, Lungs 

5~ Spleen, Lung, 
Intestine 

5~ Lung 

2~ Spleen, Lung, 
Intestine 

5~ Heart, Kidneys 

5~ Tracheal mucosa, 
Lungs, Blood 

** bc,lus i.nho.lo.ti.on 

Critical organs Whole body 
dose dose 

(mrad/mCi) (mrad/mCi) 

440 39 

10 1.6 

15, 11, 1.6 
14 

4.9 1.6 

50 - 60 19 

13, 19 1.6 

20 1.6 
7.5, 10 

The short half-lives of these radionuclides used in PET offer 

a great advantage over these of typical radionuclides used in 

nuclear medicine, because even an initially very active tracer 

decays away quickly. In addition, almost all positron emitters are 

decaying into stable isotopes. These characteristics makes it 
l possible to administer a high activity tracer and then to measure . . , 

the compound distribution by PET while the counting rates are 1 (~ 

still high, in order to obtain images of good statistical quality. I 
j 

An important consideration when using short-lived isotopes 

is the dose to technical personnel. For administration by 

injection, the hand dose received by the technician can be 

significant since 511 KeY photons cannot be easily shielded. 

Measurements using finger ring dosimeters give values of 

10-20 mrads to both hands, for a single administration of 15o or 
18F labeled tracers. [9] 

For inhalation studies, it is important to prevent leakage of 

the radioactive gas to avoid hazard to personnel. 
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2.1.2 The electronic coincidence collimation. 

Positron Emi5sion Tomography (PET) is a nuclear medicine 

imaging modality '"'hich yields transverse tomographic images of the 

distribution of p::~sitron-emitting radionuclides administered to 

the subject under study. In PET, as in all nuclear medicine 

techniques, the Lnage-forming variable is the distribution of the 

radionuclide. The data required for the generation of the image is 

supplied by the d:;-tection of the radiation emitted as a result of 

the annihilation ,::lf positrons in matter. 

A. Positron Anndhilation Radiation. 

The positron is the anti-particle of the electron. Certain 

radionuc l ides whi,:h contain an excess of protons with respect to a 

stable configuration of nucleons, 

positron and electron neutrino: 

Z --- (Z - 1) 

decay by the emission of a 

+ 
+ (1 + v 

e 

The positron energy spectrum is smooth and approximately bell 

shaped with a maximum positron energy, the end point. The end 

points of the ene~gy spectrum vary from some tenth of a MeV to 

several MeV from '::>ne nucleus to another one. 

After its emission by a radionuclide, the positron looses its 

energy in a mann,:;-r similar to that of a negatively charged 

electron. 

Table 2.5 pn~sents the most common positron emitting isotopes 

used in PET, thei~ end point energies and the range in water. [10] 
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Table 2.5 The isotope of interest in PET. 

Ef1+ Effective * Isotope range 

(MeV) (FWHM mm) 

11c eJ.97 2.eJ6 

13N 1.19 3.eJ 

150 1. 7eJ 4.5 

18F eJ.635 1.4 

68Ga 1.88 5.4 

75Br 1. 7; 1.1; eJ.65 

82Rb 3.15 13.8 

* .. Effective.. FWHN of the intrinsic tine spread function is defined 

such tha.t 7~" of a.tt a.nnihita.tions occur vi thin tha.t diameter, 

Usually, aft3r the positron loses most of its kinetic energy, 

it interacts (as ~ form of antimatter) with a negatively charged 

electron and for ~ short period of time the two particles form an 

atom called "positronium". Positronium has a very brief existence 

and the two partiJles undergo the process called annihilation, in 

which their masse3 are converted predominately into two photons, 

each carrying an 3nergy of eJ.511 MeV corresponding to the rest 

mass of each one of the annihilated particles, and traveling 

nearly colinearly in opposite directions, in order to conserve 

linear momentum, (Fig. 2.2). 
_. 

A 511 KeV photon will travel an average of 1eJ em w.ater before 

;-, interacting. The 1ighest probability of inhe.r_~gt_ion in water, at 

,-this energy is by Compton effect. This process reduces its energy 

and randomly chanl5es its direction. Since the human head or chest 

is approximately two interaction length thick, the probability 

that annihilation photons leave the body unscattered is only about 

2eJ%. 
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Fig. 2.2 Di<:z~ram. i~~ustratin~ the annihi~ation of a positron 

in matter as a resu~t of an interaction with a ne~ative~y 

The masses of the two part ic ~es are 

annihi l.ated .J.nd the ener~ thus made avai ~ab~e is converted 

into two photons, each with an ener~ of 511 KeV, 

nearl.y col. inS>arl.y. 
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B. The elect.ronic coincidence collimation. 

The colinearity of the travel of the two annihilation photons 

in opposite directions permits the collimation of this radiation 

by electronic means. 

Two radiation detectors sensitive to the annihilation photons 

are placed on oppc»site sides of the object containing the positron 

emitter (Fig. 2.3), and connected to an electronic circuit 

operating in co:.ncidence. Under these circumstances, the 

annihilation procuss will be localized in space to a volume 

circumscribed by Btraight lines joining the sensitive areas of the 

two detector systHm. Annihilation events occurring outside this 

volume will not bu recorded. 

~·'"' Detected by 
----,,,.. coincidence 

----·t''"·~---- Rejected 
~, .... 

Region Nhere 
•nnlhlletlon event• 

Fig. 2.3 Di·'J.-Bram. of the e~ectronic co~~ i.mat ion of the 

annihi~ation radiation by means of two detectors operated in 

the coincide"'.ce mode. 
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The isocounts curves for the detection of the annihilation 

exhibits a radiation for two detectors operated in coincidence 

region where the cross section and the shape of the 

curves do not vary appreciably (Fig. 2.4). The width 

region is approxinately equal to one half the diameter 

detectors used [11, 12], (Fig. 2.5). 

isocounts 

of 

of 

this 

the 

The existenJe of this region of uniform response is 

particularly useful in PET. In contrast, the resolution of 

detectors with a typical absorbing collimator used for single 

photon detection v-aries substantially with the distance between 

the detector and the source. 

Another impo.~tant feature of coincident detection of the 

annihilation radiation is that it permits the detection of 

radionuclides in absorbing medium with sensivity independent of 

depth in the abso:t"ber. Indeed, for a source of positrons immersed 

in an absorbing m13dium, the two 511 KeV annihilation photons must 

always cross almo:;;t the same total path length to be detected in 

coincidence. The probability of detection is: 

(2.3) 

where 1-l is the linear attenuation coefficient and x + x = x is 
1 2 

the total thickne:;;s of the absorber. 

This 1s not the case for single-photon detection where 

sensi vi ty decreas1:!S with depth due to the increasing path length 

through the objec·~ and the corresponding increasing attenuation. 

The electronic collimation permits a higher overall radiation 

detection efficiency when multiple detector system are employed. 

This proper;:ies of the coincident detection of the 

annihilation radiation are particularly valuable in the 

tomographic reconBtruction of the distribution of a source of 

positron-emitting radionuclides in vivo for PET imaging. 
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LINE SPt:~EAO FUNCTIONS 
PHOTOPEAt< ONLY 

1 
2 

OISn NC£ FROM 
AXIS, (em) 

Fig. 2.4 Isocount curves showinB the uniformity of depth 

response for the e~ectronic co~~imation of 

radiation. 

the annihi~ation 

2 5 em • !5 em diameter 
Nai(TI) detectors ltparated 
by 60 em 

-----------------------------------------------10% 
==================================30% 
===:::====~~~~~~~~~§§~==========~=70% €~ QO% 0100% ":> J 
::~~~=======~~~~~~~§§~==========~~50% 
==================================20% 

0 
(em) 

0 (em) 

Fig. 2.5 Isocount curves i~~ustratinB the re~ative~y uniform 

fie~d of view obtained with two scinti~~ation detectors 

operated in the coincidence mode, for the detection of the 

annihi~ation radiation. 



- 19 -

2.2 Design Concepts of a Positron Emission Tomograph. 

The goal of all tomograph design is the accurate and rapid 

measurement of tracer concentration in defined volume elements 

in an organ such as the brain or the heart. 

A Positron Emission Tomograph embodies a gantry with suitable 

electronic circuits designed to acquire the projection data 

necessary for reconstruction of an image, a computer interfaced 

with the data acquisition system, and peripherals, the purpose of 

which is to store the acquired data, to reconstruct the image 

displayed and provide interactive capabilities for quantitative 

studies (Fig. 2.6). [11, 12] 

2.2.1 The Gantry. 

is to 

gantry 

highest 

The essential purpose of the gantry of a PET device 

support the radiation detectors. The configuration of the 

was designed to achieve proper sampling with the 

sensivity. These qualities can be obtained with a 

ring of photon detectors with side shielding and 

circular 

associated 

electronics. 

The first PET gantries were provided with a detection system 

capable of a translational and rotational motion to achieve proper 

linear and angular sampling, (Fig. 2.7). Later, PET devices were 

designed with a sufficiently large number of detectors, so as to 

obviate the need of any motion. 

Many units allow a certain 

scanning plane relative to the 

(Fig. 2.8). 

amount of angulation of 

horizontal axes or table 

the 

bed 

Modern syste~s embody multislice capabilities through the use 

of detectors placed in different planes and through the 

utilization of coincidence across planes. 

The side shielding prevents annihilation photons outside the 

plane of interest from entering the detectors. For a fixed overall 

diameter, a larger shielding depth reduces the accidental and 

scattered event rate, but reduces the diameter of the patient 

port. 
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PET 
GANTRY 

Device 
Electronics 
& Controller 

"Hard" Wire 
Processor 

0 IIIII ~------; Central Proceulng 
Unit I Computer I 0 Tape Drive L------.---__. 

Fig. 2.6 

system. 

Display 
Console 

BLock dia8ram of the components of a typicaL PET 
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2.2.2 The ~~tection System 

A. Detector:;; for PET 

Another distinguishing feature of PET is the detector system. 

PET images a:~e obtained through the detect ion in 

of the annihilation radiation. Therefore, the most 

physical charact,nistics of radiation detectors 

applications are: 

coincidence 

important 

for PET 

- high efficiency for the detection of annihilation photons 

(511 KeV), 

- short coinciden,;:}e resolving time, 

- ability to provide high spatial resolution, 

- stability, 

- reliability 

- low cost. 

Various radi:1tion detectors have been proposed, tested and 

used for PET. Th,3y include scintillation detectors from different 

types of crystals, multiwire proportional counters and various 

types of solid state detectors. 

Initially, Nai(Tl) was the detector material used because of 

its availability 3.nd low price. However, its moderate stopping 

power for 511 Ke~ gamma-rays [10], made it less than ideal 

(Table 2.6). [13, 14] 

A detector material, bismuth germanate (BGO) was introduced 

which had three times the stopping power as Nai(Tl), the highest 

density and the highest effective atomic number. In addition, BGO 

is nonhygroscopic, can be handled easily and in conjunction with 

stopping power, allows designs with small packed crystals which 

give both high efficiency and high spatial resolution. 

In contrast to BGO, CsF has good timing properties but 

stopping power sinilar to Nai(Tl). BaF 2 has replaced CsF for time 

of flight positron instrumentation being the highest speed 

inorganic scintillator known. BaF 2 is not hygroscopic and the 

crystals do not have to be sealed in bulky cans, which improves 

the detection efficiency. 



Table 2.6 Properties of Scinti,lation Materials for PET. 

Sodium Bismuth* Cesium Barium Gadoliniumll<* 

Material 
iodide germanate fluoride fluoride or tho-

silicate 
Nai(Tl) Bi

4
Ge

3
o

12 
CsF BaF

2 
Gd

2
Si0

5
(Ce} 

Density 3 (g/cm } 3.67 7.13 4.64 4.89 6.71 

Effective atomic Sill 72 52 52 48 
number 

Linear lll.34 lll.92 lll.44 lll.46 
attenuation 
coefficient 

-j_ 
(em } 

Emission A. (nm) 411ll 481ll 391ll 311ll;225 431ll 

Index of 1.85 2.15 1.48 1.6;1.5 1.9 
refraction 

Photoelectric 31llllllll 41lllll 21lllll 81lllll;21lllll 61lllll 
yield 

Scintillation 231ll 31lllll 2.5 621ll;lll.8 61ll 
decay time 
(nsec} 

Time resolution 1.5 lll.2 5 
(FWHM nsec} 

Hygroscopic Yes No Very No No 

Interaction probabilities for 511 KeV photons (cm-j_) 

Photoelectric lll.lll6 lll.393 lll.lll85 

Compton lll.268 lll.51 lll.353 

Total lll.328 lll.91ll3 lll.438 

* ** oao; aso 

The new mab~rial, GSO [14] has speed advantages over BGO but 

a lower detection efficiency. 
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Taking in consideration the large number of detectors used in 

PET, the low cost is an important advantage in choosing the 
'- . --

detector,.s-mater ial. 

There is the possibility of utilizing multiwire proportional 

counters with a wire gird system that enables the counter to 

localize in two dimensions the position of an ionizing event. The 

advantages of suci1 a detector for PET include the very high 

spatial resolution, the relatively low cost. The main disadvantage 

of multiwire proportional counters for PET applications lies in 

their relatively poor efficiency in detecting energetic photons. 

Another disadvantage of these detectors is that they exhibit a 

relatively long c'Jincidence resolving time, typically several tens 

of nanoseconds. 

1
/ The purpose ,Jf the scintillation crystal is to stop the ) 

of 'I its energy into a brief scintillation 'V. rJphoton and convert. 

visible light. T~e annihilation photons can interact in the) 
scintillator in t'iw ways: 

by photoelectriJ effect, 

an electron, 

whereby the entire 511 KeV is given to 

- by Compton scattering, where only a portion of the full energy 

is given to a r9coil electron, and the initial photon is reduced 

in energy and sJattered into a random angle. 

A successful event requires that both annihilation photons 

pass the pulse height requirements in the opposing detectors. The 

detection efficiency is the fraction of annihilation photons 

reaching the scintillator that produce an acceptable pulse. 

The recoil electrons and the photoelectrons produce 

ionizations and excited atomic electrons in the scintillation 

crystal. Some of the excited electrons return to their ground 

states by the e~ission of scintillation light. The luminous 

efficiency (number of scintillation photons per KeV loss) and the 

speed of emission vary from crystal to crystal (Table 2.6). 

Light in the scintillator can be trapped by total internal 

reflection, absorbed by internal impurities and imperfections, 

absorbed by external reflectors, or collected by the photodetector 

(photomultiplier). The light coLLection efficiency represents the 

fraction of light reaching the photodetector. 
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B. The photomultiplier. 

The photomultiplie~ (photodetecto~) conve~ts collected 

i. incident light ph<Jtons (optical ene~gy) into a useful elect~ic 
\\ 
\\pulse (elect~ical ene~gy). The quant-um efficiency is defined as 
I 

the p~obability that an incident photon will p~oduce a 

photoelect~on in the photodetecto~. 

appea~ above: det~ction efficiency, 

(Fou~ diffe~ent efficiencies 

luminous efficiency, light 

collection effici~ncy and quantum efficiency). 

Two diffe~ent kinds of photodetecto~s can 

designs: photomultiplie~ tubes and photodiodes. 

be used in PET 

The photomultiplie~ tube (Fig. 2.9) is a vacuum 

containing a photocatode and a se~ies of dynodes. As 

tub~ 

light 

scintillation photons ente~ the tube, they immediately encounte~ 

the photocatode, a thin film on the inside face of the tube, 

usually consisting of an alloy of Cesium (Cs) and Antimony (Sb) in 

which the oute~ o~bital elect~ons a~e loosely bound. Some f~action 

of the light photons inte~acts with elect~ons in the photocatode 

causing them to be ejected f~om thei~ o~bits as photoelect~ons. As 

each photoelect~on st~ikes the dynode (cha~ged at +300 V) it 

9islodges seve~al seconda~y elect~ons f~om the dynode su~face 

which is coated with a mate~ial simila~ to that of the 

photocatode. These seconda~y elect~ons a~e in tu~n accele~ated 

towa~d the second dynode which is about 100 V mo~e positive than 

the fi~st dynode, and additional seconda~y elect~ons a~e p~oduced. 

This p~ocess continues ave~ a total of 6-14 dynode stages. 

~esult is an ove~all gain f~om 10
5 

to 10
8 elect~ons p~oduced 

photoelect~on. 

The 

pe~ 

The photodiodes a~e solid state analogues of photomultiplie~ 

tubes. A photodiode conve~ts the light signal f~om a scintillation 

c~ystal into an elect~ical signal. 

In solid state photodetecto~s the elect~ons a~e multiplied in 

high field ~egions within the photodiode mate~ial. The band 

st~uctu~e of the complete detecto~ unbiased and unde~ bias is 

shown in Fig. 2.10. Each stage of the band diagram of the g~ade 

gap multilaye~ mate~ial, is linea~ly g~aded in composition f~om a 

low ( E ) 
g1 

to a high (E ) band-gap. 
gz 
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PHOTOCATHODE44--~ 

OUTPUT 
SIGNAL 

Fig. 2.9 Operation of a photomuLtipLier tube. 

Ov 
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The materials are chosen for a conduction band discontinuity 

comparable to or greater than the electron ionization energy 

in the low gap material following the step. 

lol 

(01 

Fig. 2.10 Eand diasram of: 

(E.) 
l. 

a~ unbiased sraded mu~ti~ayer resion. and b~ the comp~ete 

staircase detector under bias. The arrows in the va~ence 

band indi~ate that holes do not ionize. 

+ An electron Henerated near p contact cannot ionize in the 

graded region be1fore the conduction band step because the 

effective field i~: too low. At the step however, the electron 

ionizes since ~E > E. and the process is repeated at every 
(: l. 

stage. These step::: correspond to the dynodes of a phototube. 

Solid state fhotodetectors such as Si, GaAs and Hgi 2 have 

quantum efficiencies in excess of 60% higher than that of 

photomultiplier tubes. [15] In addition, solid state devices can 

be made much smaller than phototubes and in a variety of shapes 

which represents big advantages for the tomograph design. The 

problem is that, at present time, these devices are considerably 

more expensive than glass phototubes and have poorer timing 

resolution. [16] 
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2.2.3 The electronic processing unit. 

The function::; 

amplify and sh~?e 

of the electronic 

the voltage pulse 

processing unit are to 

at the output of the 

photodetectors, t'J determine whether or not the pulse represents 

an acceptable photon, and if it is acceptable to record it. 

The voltage pulse at the output of the photomultiplier has an 

amplitude that is proportional to the number of electrons leaving 

the photomultipli9r tube and hence to the energy that original 

photon (y-ray) tr~nsfers to the crystal. Since the pulse amplitude 

is too small to b9 measured accurately, a 

to the phototube 3Utput may be used to 

enough to pass through the cable. 

preamplifier connected 

make the signal large 

A pulse shaping circuit is inserted before the main amplifier 

to cut off pulse tails abruptly. 

The next step is the pulse-height analyzer which makes the 

distinction between events on the basis of pulse amplitude. [16] 

The pulse height analyzer consist of two discriminators and an 

anticoincidence circuit (Fig. 2.11). The discriminators operate in 

tandem. The lower level discriminator is set to minimum height of 

an acceptable pulse, whereas the upper level discriminator is set 

to the maximum acceptable height. Signals from both discriminators 

are fed into the anticoincidence circuit in which signals produced 

by the latter discriminator serve to block passage of signals 

produced by the former one. Thus, the only 

those with heights falling between the 

pulses 

sittings 

accepted 

of the 

are 

two 

discriminators. The setting of the lower level discriminator is 

referred to as E setting, the lower level baseline, or threshold, 

and the separation between the lower and upper level discriminator 

settings is referred to as the window or ~E setting. 

The accepted signals from discriminators are introduced in a 

coincidence system which is designed to accept twin photons 

related to the same annihilation event. The pulse is recorded only 

if the two signals arrive in a period of time called the 

coincidence resolving time. Typically, in PET devices this 

coincidence resolving time covers a range from less than 15 nsec 
-------~·--·--·_,__. _______ . -

to tens of nanoseconds. [12] 
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The detected events are recorded by incrementing appropriate 

locations in a computer memory. 

An overall block diagram of the electronic system of a 

multiring positron system for emission tomography of the brain is 

presented in Fig. 2.12. [17] 
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3. THE TOM03RAPHIC RECONSTRUCTION FROM PROJECTIONS. 

Computed tomogr-aphy is the technique of computer- assisted 

image r-econstr-uction of anatomical cr-oss-sections. 

Ever-y point of an object within a section to be r-econstr-ucted 

can be defined by its (x,y) coor-dinates in a Car-tesian system 

(Fig. 3.1). The ccmtr-ibution of ever-y point to a detected signal 

is given by the density function f(x,y). For- X-r-ay computed 

tomogr-aphy, f(x,y) r-epr-esents the linear- attenuation coefficient 

~(x,y). For- r-adioisotope imaging, in par-ticular- emission computed 

tomogr-aphy, f,()(! y) is pr-opor-tional to the density of emission of 

r-adionuclides. 

,~OURCE 

OBJECT-· 

' ' 

Fig. 3.1 Coordinate systems. A point 

X 

!'' ;r DETECTOR 

is designed by its 

coordinates (x,y) in a fixed Cartesian coordinate system. A 

ray. as indicated by a dashed ~ine. is described by its an8~e 

¢. with respect to the y-axis and its distance. r-. from. the 

ori8in. The coordinate s indicate the distance aLon8 the ray. 
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Each individual ray (a straight line path through an object) 

is best specifi1~d in terms of its own coordinate ( r' ¢) ' 

(Fig. 3.1). The ,-ay coordinate system is superimposed over the 

object's Cartesian system so that ¢is the angle of the ray with 

respect to the y <iXis, and r is its distance from the origin. The 

s coordinate illu•;trated in Fig. 3.1 represents the distance along 

the ray. 

The x-ray coordinate system may be related to the object 

Cartesian coordindte system by: 

r = X cos ¢ + y sin ¢ (3.1) 

The integral of f(x,y) along a ray ( r '¢) is called the 

ray-sum p: 

p(r,¢) = J f(x,y) ds (3.2) 

The mathemat.ical problem in image reconstruction is to find 

the solution of equation (3.2), given a complete set of 

(projection lines) p(r,¢). 

ray-sums 

In computed tomography, data are registered per projection 

line, at discrete angle, which means that in practice, f(x,y) is 

calculated for a finite number of discrete points, from a 

number of projections. 

limited 

If reconstru,:tion is limited to a circular region or domain 

of diameter d, anj the points are regularly separated by a 

distance w, there are n = d/w points along the diameter. 

(Fig. 3.2). The s=ction may be divided squares, each of 

dimension w. The individual square are picture elements (pixels) 

for reconstructi3n. The value of a line integral p ( r '¢) is 

assigned to all pixels that fall on the path along which that line 

integral was obtained. 
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Fig. 3.2 A diaeram of the cel..l..ul..ar array 'USed in 

recons true t ion. 

Several conceptually distinct methods of image 

have been developed, characterized by different 

reconstruction 

mathematical 

theories and computational techniques. Each different approach is 

referred to as an algorithm, which may be regarded as a 

mathematical recipe for image reconstruction. 

The principa:l methods of analyzing the projection data and 

synthesis of the ,-econstructed image, involve: 

1. back-projection or summation 

2. iteration, 

3. analytic methocls. 



- 34 -

3.1 Simple back-projection method. 

Back-projection, also referred to as the summation method, is 

the simplest method of image reconstruction. 

In this technique, the core of tissue through which a ray has 

passed is assumed to be homogeneous. The ray sum is then projected 

back into the core of tissue through which the ray passed, where 

it is equally distributed throughout all elements in the path of 

the ray. This is illustrated in Fig. 3.3 A, where a single dense 

point is taken as the only object in the field of view to be 

reconstructed. In this example the density 

the linear attenuation coefficient. 

function represents 

For a single ray, the dense point appears to be localized 

with an equal probability within a strip within the slice in the 

reconstructed image. Following an angular rotation, this is done 

for multiple projections (Fig. 3.3 8) 

projection is formed. 

and each time a new back 

Finally, the back projections are summed giving rise to a 

starlike image (Fig. 3.3 C). The region of 

corresponds to the location of the dense point. 

highest 

However, 

density 

spokes 

appear to radiate from the region of 

periphery. 

highest density to the 

Mathematically, the relative reconstructed density, f(x,y) 

for any particular image point is the sum of all ray-sums passing 

through it. This is described by: 

m 

f(x,y) = 'p(r.,¢.) IY.¢ L. J J 
( 3. 3) 

j=:l 

where ¢. is the j-th projection angle, ~¢ is the angular distance 
J 

between projections , and the summation is performed over all m 

projections. The symbol f denotes the relative value of the 

density function, not its absolute or true value. 
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A 8 
X-Ray Tube 

Field­
of ) 
View 

) 
Bock Projecfic,n 

c 

Fig. 3.3 Simpl.e back-projection method. 

A) The ray sum obtained from a singl.e dense object is 

back-projected. 

8) Different projections are performed. 

C) The indi·vidu.al. back-project ions are summed. 
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Using equation (3.1): 

n 
A. 

f ( >: 'y) cos ¢. + y sin ¢., ¢.) !:..¢ (3.4) 
J J J 

j=:l 

The factor- (>: cos ¢. + y sin ¢.) selects only those r-ays 
J J 

passing thr-ough ttle point (x,y) so that the back pr-ojected value 

of f(x,y) at each point is simply the sum of all r-ay-sums passing 

thr-ough the point. This is why back pr-ojection is also called the 

summation method. 

In this method, the point has been imaged as a star-. Any 

str-uctur-e can be taken as a collection of points of var-ying 

density. The pr-oce~ss of back-pr-ojection and summation leads to 

each individual point being r-econstr-ucted as a star-like image. The 

pr-esence of the~;e unwanted spokes associated with each 

r-econstr-ucted ima<;te point r-esults in blur-r-ing of the composite 

synthesized image. Thus, ther-e is a backgr-ound density which exist 

as noise, gener-.:tted by the fact that each r-ay-sum is 

back-pr-ojected to all points along the r-ay. This effect is 

additive and r-educ:es the contr-ast. 

A modified for-m of this technique, filter-ed back-pr-ojection, 

is pr-esently the most widely used analytical algor-ithm. 

3.2 Iterative methods. 

The iter-ative techniques ar-e based on the pr-inciple of 

successive appr-oximations. An ar-bitr-ar-y set of values for- the 

density functions of an initial image is assumed for- a fir-st 

appr-oximation, and sever-al cor-r-ections ar-e made until 

calculated r-ay-sums or- pr-ojections fr-om the r-econstr-ucted 

ar-e in agr-eement 111i th the measur-ed values. 

the 

image 

The contr-ibution of the i-th cell to the j-th r-ay (Fig. 3.2) 

is the weighing f.:tctor- w 
i j 

Ther-efor-e, eq. (3.2) becomes: 

N 

P. = l w f 
J ij i 

( 3. 5) 

i=:l 
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where p. is the j --th ray sum and f is 
i. 

the density function. 
J 

of the weighing factors in eq. (3.5) are zero, since only a 

number of cells contribute to a particular ray. 

Most 

small 

The procedun~ of correction in this method is applied to the 

initial arbitrary set of values for the density function. The 

ray-sums are calculated and compared to the measured values. The 

density of each c1~ll within a ray is modified until a satisfactory 

agreement with th1~ experimental data is reached. 

described by: 

M 

t-1 2 f. + 
\. 

j=1 

t-1 
where f is the i-th coefficient before the 

i. 

the coefficient after iteration and Aft is 
i. j 

applied to the i-th cell from the j-th ray. 

The process is 

(3.6) 

iteration, f~ is 
\. 

the correction 

The differen:e between this method and that of the simple 

back-projection is that the quantitaties being back-projected are 

correction terms derived from the projection, not the projections 

themselves, and these corrections are added to the previous 

values. If the initial set of density functions is made equal 0, 

that is, a blank screen, the first iteration is identical 

simple back-projection. 

to the 

The iterative methods are classified by the sequence in which 

corrections are made and incorporated into an iteration. 

In simultaneous correction. all the projections for the 

entire matrix are calculated at the beginning of each iteration, 

and corrections are made simultaneously for each element or pixel 

in the matrix at the end of the iteration. Each element is 

corrected once and only once during each iteration. 

This approach unfortunately leads to overcorrection, since 

each element in the matrix is recorrected for every ray passing 

through it, so that the successive iterations actually oscillate 

around the correct solution. Thus, there may be a lack of 

convergence to a final solution. 
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In the ray-b~l-ray correction. a ray sum is calculated at the 

beginning of each iteration and corrections are made for each 

element or point jn the ray. This is done sequentially for each 

ray in each projection, always incorporating corrections made in 

previous rays into each new calculation. After this has been done 

for all rays in al.l projections in that iteration, a new iteration 

begins. The proce~;s will be repeated until the calculated and the 

measured ray-sums for all rays were equal or until the difference 

were sufficiently small that no further calculations were needed. 

In point-by--point correction, each iteration initially 

corrects a single pixel or element for all rays passing through 

it. The process is repeated sequentially for all pixels or 

elements in the matrix, but with the incorporation of the 

successive correci:ions made during the iteration. 

Iterative techniques are well established in the solution of 

multiple simultaneous equations. The details of programming 

computers to solvE~ simultaneous equations by iterations are not 

difficult. FinaLly quite adequate images can frequently be 

obtained with thi!i approach. 

Iterative m1~thods have three significant limitations: 

the relatively long time required to perform the iterations, 

the possible lack of convergence of the calculated results to 

the true values of the density functions, and 

the inability tD define stopping rules. 

Of the d if fel-en t methods, the ray-by-ray correction is the 

most efficient of the iterative technique because it incorporates 

corrections durinq the iteration without a significant increase in 

computation time. 

Clinically, the reconstruction time required by these 

iterative methods is too long. The computer is often not capable 

of simul taneousl '{ performing scans, taking new data and 

calculating the old data from the previous scan. Because of these 

unacceptable time delays in reconstructing the data, most units 

now utilize one of the analytical methods for reconstruction. 



- 39 -

3. 3 Analyti,::al methods. 

Analytical r?construction is based on an exact solution of 

equation (3.2). 

3. 3.1 Basic concepts. 

A. Sampling. 

Radionuclide distributions in patients and alteration in the 

distribution with time are continuous functions. In order to 

represent them for processing with a digital computer it is 

necessary that these functions to be digitized. That is, the 

functions must be sampled so that a set of discrete elements 

results. Typically, the image area is divided into a 64 X 64, 

128 X 128 or 256 X 256 matrix of discrete pixels. The size of the 

matrix is specified at reconstruction time. 

Temporal sampling is performed by determining the length of 

time each image is to be required and how many images are to be 

required for a study. 

B. Object and frequency domain. 

Nuclear medicine data usually represents images in terms of 

counts at given spatial coordinates (x,y). This representation of 

data in terms of spatial (or temporal) functions is called the 

object domain reJ:resentation. 

The basic ccncept of Fourier analysis is that any function or 

variation of a qLantity in space (or time) can be expressed as a 

sum of sine and cosine waves, each of different frequencies 

appropriate amplitudes assigned to each frequency component. 

description in te,rms of spatial (or temporal) frequencies 

termed the frequency domain representation. Thus, data can 

represented in te,rms of counts and spatial coordinates in 

with 

This 

is 

be 

the 

object domain, or amplitudes and 

domain. 

frequencies in the frequency 
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C. Sampling in the two dimensions. 

Five quantities are associated with the sampling process: 

1. the number of samples, N, 

2. the spatial sampling interval or pixel size, ~x, 

3. the spatial period or camera field size, X, 

4. the sampling interval in the frequency domain, ~f, 

5. the period in the frequency domain or the range over which the 

frequencies are sampled, F. 

These quantities are related by three independent equations: 

X = N ~X (3.7) 

~x = 1/F (3.8) 

~f = 1/X (3.9) 

Once any two of the quantities are defined, the other three 

are determined by these equations. For example, if an image with 

25 em field of view is recorded as a 128 X 128 matrix, then 

pixel dimension is 1Zl.2 em , and the sample period in 

the 

the 
-j_ 

frequency domain is 5.12 em . 

3.3.2 Fourier reconstruction. 

The startin£ point for an analytical reconstruction 

express the dersity 

transform [13]: 

function as a two-dimensional 

00 0) 

f ( X 
' 

Y ) = f I' F ( k · 
J j ,k ) exp [2rrt(k x + k y)] dk dk 

X y X y X y 

-oo -o:> 

is to 

Fourier 

(3.11Zl) 

In this form, f(x,y) is expressed as a superimposition of 

sinusoidal and c:osinusoidal wave, represented by the complex 

exponential. The Fourier transform is a way of transforming the 

representation of data from one domain to the other domain. 

The Fourier coefficients F(k ,k are defined by the Fourier 
X y 

transform: 



F(k ,k ) 
X y 

00 00 

= f f 
-oo --oo 
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f(x,y) exp [-2rri(k x + 
X 

k y)] dx dy 
y 

(3.11) 

Rotating the (x,y) axes to new axes (r,s) shown in Fig. 3.1, 

where the angle of rotation is: 

¢ = ar-ctg ( k /k ) (3.12) 
X y 

and 

k = (kz + k Z) i./Z (3.13) 
X y 

k = k 
)( 

cos ¢ k = k 
y 

sin ¢ (3.14) 

then, 

00 00 

F(k ,k ) -- f X y f f(x,y) exp (-2rrikr) dr ds (3.15) 

-00 -00 

Exchanging the order of integration, it can be seen that the 

s integral is just the ray sum p(r,¢) given by eq. (3.2), so that: 

00 

F(k ,k ) -- J p(r,¢) exp (-2rrikr) dr = P(k,¢) 
X y 

-oo 

(3.16) 

where P(k,¢) is the Fourier transform of p(r,¢) with respect to r. 

The equation (3.16) states that each Fourier coefficient (or 

wave amplitude) of the density function is equal to a 

corresponding Fourier coefficient of the projection, taken at the 

same angle as the Fourier wave. In words, the one dimensional 

Fourier transform of the projection at an angle corresponds to a 

slice taken at an angle through 

transform of the original function. 

the two-dimensional Fourier 

This is the projection sl.ice theorem that relates the 

Fourier transform of the density function f(x,y) to the Fourier 

transform of the projection p ( t ' ¢) . [ 21Zl ] 
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Therefore, the mathematical basis of Fourier reconstruction 

is that the Fouri:r coefficients of the image can be expressed in 

terms of the Fourier coefficients of the projections. This allows 

the Fourier coefficients of the image to be derived from those of 

the projections. The picture image is then synthesized 

Fourier coefficie,ts. This is illustrated 

homogeneous recta,gle in two projections. 

in Fig. 3.4 

from its 

for a 

The approxim3te reconstruction 

may be related to the true image. 

from simple back-projection 

Equation (3.4) may be converted from a summation 

integra 1: 

·" 
f(x,y) ·- J p(x cos ¢ + y sin ¢, ¢) d¢ 

0 

Replacing p( < cos ¢ + y sin ¢, ¢) = p(r,¢) 

representation, 

by its 

00 

p(r,¢) ·- J P(k,¢) exp (2rrikr) dk 

-oo 

gives: 

lT 00 
p ( k '¢> 

f(x,y) = J J exp (2rrikr) :k: dk d¢ 

o -oo 

where the integrant has been multiplied and divided by 

to an 

(3.17) 

Fourier 

(3.18) 

(3.19) 

: k : ' so 

that the right side is expressed in the form of a 

Fourier integral :i.n polar coordinates: 

two-dimensional 

dk dk = k dk d¢ 
:c y 

The Fourier coefficients of 

F(k ,k ) are then: 
X y 

F(k ,k ) = 
X y 

P(k,¢) 

(3.212J) 

the simple back-projection 

( 3. 21) 
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'-'+'--' 
f\1\ 

+ 
JV\J 

+ 
etc. 
~ 

8 
Fourier Plane 

c 
Fourier Plane 

Fig. 3.4 Fcurier reconstruction. 

A) Project icns of a rec tangu.~ar object. 

\ 

I 

I 

8) Amp~ i tud€·s CFourier coefficients:> of the Fourier transform 

of the rE•ctangu.~ar projections, in the frequency p~ane. 

Dashed ~ines sueeest the presence of other transformed 

project ions. 

C) The sin~;oida~ waves with amp~itude eiven by Fourier 

coefficients. 

D) The reconstructed imaee obtained addine toeether the 

sinusoida~ waves. 
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Using eq. (3.16), 

P(k,¢) 
F(k ,k ) 

X y 

F(k ,k ) 
X y 

That is, the Fourier coefficients 

(3.22) 

of the simple 

back-projection are equal to the exact Fourier coefficients 

F(k ,k ) of the true image, 
X y 

divided by the magnitude of the 

spatial frequency !k!. 

A significart implication of equation (3.22) is that back 

projection may be feasible if the projections are modified 

appropriately, or· filtered pr-iori to being back-projected. 

3.3.3 FiltHred back-projection. 

In filter-ed back-pr-ojection, the pr-ofiles obtained in simple 

being back-pr-ojection ar-e modified or- filter-ed pr-iori to 

back-pr-ojected. --his is done to cor-r-ect for- the backgr-ound density 

that occur-s in s:.mple back-projection. 

The basic pt-oblem is to find a mathematical function called a 

convolving or- convolutional function, which can be used to oper-ate 

on, or- filter- thE? differ-ent pr-ojection so that when these adjusted 

or- cor-rected pr-ojections ar-e back-pr-ojected and then summated, the 

backgr-ound density will be eliminated. This is accomplished by 

using a convolut.ional function, 

pr-ojections, r-esults in filter-ed 

which applied to 

projections with 

negative components. When back-pr-ojected, these 

differ-ent polar-ity should aver-age out to zer-o 

outside the or-iginal object. 

It can be s?en in Fig. 3.5 that the filter-ing 

negative and positive lobes. The pur-pose of these 

the or-iginal 

positive 

components 

and 

of 

at all points 

function has 

lobes lS to 

eliminate fr-om the image the backgr-ound noise or- density ar-ising 

fr-om the unwantej spokes generated in a simple back-pr-ojection. 

Following back-pr-ojection and summation, the contour-s and 

density variations of the original 

reproduced. 

object should be accur-ately 

Different, but mathematically equivalent filter- formula have 

been used for filtered back-projection. 
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8 

Filtered Signal ... --~ 

Filtered Back Projection 

c 

FINAL BACK PROJECTION 

Fig. 3. 5 Fi i. tered back-project ion me thad. 

A) The ray s<Lm from a sin8Le dense object is first fiLtered 

by a function with ne8ative and positive components. The 

fiLtered ray-sum is then back-projected. 

8) Each dif fHrent project ion is sequent ia"L Ly fi l. tered and 

back-projHc ted. 

C) The summa;;ion is performed and the effect of the positive 

and ne8at 1:ve components is to canceL out. 
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A. Fourier filtering. 

Equation (3.10) is written in polar coordinates as: 

Tl 00 
A 

f(x,y) = f f 
0 -00 

F(k ,k ) exp [2rrik (x cos ¢ + y 
X y 

sin ¢)] 

where ¢ and k have been defined in equations (3.12) and 

respectively. 

dk d¢ 

(3.23) 

(3.13) 

The value of k is allowed to range from -oo to +oo so that the 

inner integral takes the form of a one dimensional Fourier 

transform; ¢must have integration limits 0 to rr. 

Using eq. (3.16) which gives F(k ,k ) = P(k,¢) and eq. (3.20) 
X y 

the density function (3.23) is changing in: 

Tl 

f(x,y) = J p * ( x cos ¢ + y sin ¢, ¢) d¢ 

0 

where: 

00 

p*(r,¢) = J :k: P(k,¢) exp (2rrikr) dk 

-oo 

In practice, a summation is used: 

m 

f(x,y) = l p*(>< cos ¢ + y sin ¢, ¢> 6.¢ 

j=:l 

(3.24) 

(3.25) 

(3.26) 

where m is equal to the number of projections and 6.¢ is the 

interval between projections. 

Equation (3.26) is similar to the eq. 3.4) obtained in simple 

back-projection except that * p not p is being projected. The 

* use of p rather than p represent a filtering process. However, 

* p unlike p is not spatially bounded. 
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Two approxima,:ions are needed to implement this method. 

One is the substitution of a discrete sum for the integral over ¢, 

that is going from eq. (3.25) to (3.26). The other one occurs 

because, for a specific projection angles, * p is only calculated 

at a finite number of discrete points, not all along r. 

B. The convolution reconst.ruct.ion met.hods. 

Basic concepts:. 

The convolutic1n of two functions f(x) and g(x) is defined as: 

00 

h ( >< ) f f(u) g(x-u) du 

-oo 

or briefly, 

h(x) = f(x) * g(x) 

where the symbol *denotes convolution (Fig. 3.6). [19] 

/(r) 

g(x) 

lt(z) 

----

Fig. 3.6 The convoLution inte6raL 

represented by a shaded area. 

% 

% 

• 

% 

h (X) = f ( X ) 

(3.27) 

(3.28) 

* g(x) 
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For sampled f unction , the con v olution sum 

centering one function at the desired point 

function, multiplying the corresponding terms and 

the sum. This can be expressed mathematically, for 

as: 

n=:l. 

h ( X ) = f ( X ) * g ( X ) = l f ( U) g ( X-u) 

n=-:1. 

is 

of 

then 

one 

formed by 

the sec ond 

obtaining 

dimension 

(3.29) 

The convolution theorem states that, convolving two functions 

in one domain is exactly equivalent to multiplying their Fourier 

transform in the other domain. This is an important theorem 

because it allows one to work in either domain. 

Thus, the convolution sum (3.29) can be expressed: 

H(f) = F(f) G(f) (3.3(2)) 

where capital letters are used to indicate Fourier transform, and 

f is the frequency. (In nuclear medicine the magnitude of 

commonly called the modulation transfer function (MTF)). 

F(f) is 

The convolution theorem explains the reason 

one domain (multiplying by a series of Dirac 

why 

delta 

sampling in 

functions) 

makes the Fourier transform periodic in the other domain. This is 

because the function is convolved with a series of Dirac delta 

functions which replicate the transform at spacing of 1/~x. 

By the convolution theorem, filtering can be carried out in 

either domain. We could either convolve an object domain filter 

(eq. (3.27)) with an image, or by using eq • ( 3. 3(2) ) we could 

Fourier transform both the image and filter, multiply them and 

inverse Fourier transform the result. The results of processing in 

the two domains are not always 

pitfalls which can occur. 

ident i cal 

The first potential problem is that of 

since there 

al. iasine, 

are some 

[19, 21], 

which occurs when the data is not sampled finely enough to prevent 

the overlap of its periodic form in the frequency 

frequencies masquerade lower frequencies in sampled 

domain 

data) . 

(high 

This 

result s because it is not possible to define a frequency unless it 

has been sampled at least twice during it s period 

domain. 

in the object 
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Thus, the maximum frequency (smallest bar) which could be 

recorded in a sampled image is given by: 

f = 1/(2 .O.x) 
N 

(3.31) 

This is called the Nyquist or folding frequency. 

The Nyquist sampling 

reproduction or imaging of 

theorem states that an adequate 

an object can be achieved if the 

spacing between data samples is less than half that associated 

with the highest spatial frequency contained in the object, that 

is, the spatial sampling frequency must be more than twice the 

highest spatial frequency in the data being measured. 

The aliasing effect can be avoided by sampling the image such 

that F(f) of the system will have made vanishingly small any 

amplitude of frequencies greater than the Nyquist frequency f • 
N 

Leakase is a frequency domain problem which occurs at abrupt 

edges. This "windowing" of the data is equivalent to multiplying 

the image by a rectangular function. By the convolution theorem 

this is equivalent to convolving the Fourier transform of the 

rectangular function which is a sine function (Fig. 3.7) with the 

Fourier transform of the image. Since the sine function: 

sin rrx 
sine x = (3.32) 

rrx 

has rather large "sidelobs", the result is the spreading or 

leaking of frequencies from one region to another (Gibbs 

phenomena). This artifact can be reduced by smoothing the edge of 

the window (i.e. using a different window function) to reduce the 

side lobes. 

sines 

Fig. 3.7 The function sine x. 
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Radon fi l. terl:ne. 

Equation (3.:~5) which gives the modified 

r-epr-esents the Four-ier- tr-ansfor-m of the pr-oduct of 

pr-ojections * p ' 

two functions 

!k! and P(k,¢). 

one obtains: 

~\pplying the convolution theor-em to eq. (3.25), 

* 
1 

00 p(r-' ,¢) 
p (r-,¢) = dr-. (3.33) 

1 
wher-e p(r-.¢) is the Four-ier- tr-ansfor-m of P(k,¢), and is 

the Four-ier- tr-ansfor-m of The equation (3.31) be 

tr-ansfor-med into: 

1 
00 

op < r- · , ¢ > 1 or- · 
ilf r p (r-,¢) = dr-. 

2 J r - r-
2rr 

(3.34) 

-oo 

This equation descr-ibes the filter-ing pr-ocess as a single 

convolutional inte•gr-al in which the der-ivatives of p weighted by 

the inver-se distar1ce fr-om the point at which the filter-ed value is 

der-ived, ar-e addecl together-. 

Convol.ut ion ii l. terine. 

Ther-e is a di.ver-gence in eq. (3.25) caused by the factor- !k!. 

This diver-gence c.:1n be avoid if : k: is r-eplaced by a function: 

for- :k: ~ k 
m (3.35) 

elsewher-e 

wher-e k is the ~r-eatest spatial wave number- or- fr-equency pr-esent 
m 

in the pr-ojection (Nyquist fr-equency). In this case, the integr-ant 

in eq. (3.25) contains only frequencies up to k 
m 

Ther-e ar-e th~ee consequences of band limiting: 

the image can be r-econstr-ucted on an ar-r-ay of cells spacing w: 

w = k /2 
m 

(3.36) 

the pr-ojections may be sampled at the same inter-val w, 

the Four-ier- tr-ansfor-m may be r-eplaced by discr-ete Four-ier-

ser-ies. 
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The Fourier transform of the cutoff version of :k: is: [18] 

00 

J :k: exp (2rrikr) dk = 
-oo 

(3.37) 
k 

m 

= sin (2rrk r) 
m rrr 

- 2 
s~n ( rrk r) 

m 

2 2 
rr r 

Replacing :k: in eq.(3.25) by its cutoff version and applying 

the convolution theorem, 

* p (r,<t>) = 

00 k sin [2rrk (r- r')] sin 2 
[ rrk ( r - r · ) ] 

m m m 

= J p(r,<t>) { 

-oo 
rr(r - r rr2 

( r - r · ) 2 

(3.38) 

This may be simplified to: 

sin 2 
[rrk (r r. ) J 00 -

* 
m 

p ( r '¢) = k p(r,¢) f p(r' ,¢) dr' 
m 2 r. ) 2 rr ( r --oo 

(3.39) 

Here the p(r,<t>> is the measured projection, * p (r,<P> is the 

modified projectia,. 

Equation (3.3'71) has the form of a convolution integral. It 

can be simplified for implementation. 

The integrand can be replaced by a summation. Also, the 

term is either 0 or 1, depending upon whether k (r - r') 
m 

an even or odd multiple of w (eq. ( 3. 36) ) . 

Therefore equation (3.39) can be rewritten as: 

p ( r . ) 
1 

p ( r . ) 

* 
J J 

- 2 s1.n 

is 

p ( r.) = 2 (3.40) 
J 4w 

This result 1- ·­.> 

2 ( i j) 2 rr w -
j=:l' odd 

a relatively simple and fast programm. 
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C. Filter :functions. 

The filtered back-projection algorithm performs the following 

sequences of oper.:1tions: 

the discrete Fourier transform of the projection data vector, 

sr;'j_(p), 

multiply the complex values by a filter function G, 

the inverse discrete Fourier transform of these modified 

frequencies$ -:L[G $ (p)] giving the convolved projections, and 
1 1 

these convolved projection data are back-projected to give the 

reconstruction: 

X = backproject { 9-'
1

-
1 

[ G Y
1
(p)] } (3.41) 

where X is the transverse section, 

Fourier transformation. 

$ denotes one-dimensional 
1 

The filter function G(f) is the Fourier transform of the 

convolution function G(d). In other words, a digital filtering can 

be defined as the Fourier space implementation of the real 

convolution equation: 

space 

(3.42) 

Real space convolution and frequency filtering are equivalent 

operations. 

In practice, the filter function G(f) is equal to the product 

of a window W(f) and the absolute value of the frequency :f: (ramp 

function), [7]: 

G(f) = :f: W(f) 

Then, symboli=ally, equation (3.41) can be written: 

Modified proje,:tion = 

-1 = ~ 
:l 

[ :t: W(f) Y
1
(projection data>] 

(3.43) 

(3.44) 
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Fr-om the convolution theor-em, the equivalent r-esult can be 

obtained as: 

Modified pr-ojPction = 

= { 3"j_ -j_ ( : f: W( f) ] } * pr-ojection data (3.45) 

wher-e the convolVE'!'"" 3" -j_ ( : f: W(f) ] is deter-mined by the window 

function W(f). A desir-able window W(f) should have the following 

pr-oper-ties: 

a) W(0) = 1 so t~at the behaviour- near- the or-igin is r-etinued, 

b) W(f) = 0 for- any :t: > 1/(2 w) so that the pr-oper- cutoff 

fr-equency is maintained, 

c) W(f) 51 for- :f: 5 1/(2 w). Violation of this condition would 

r-esult in an over-emphasis of 

:wet>: > 1, 

those fr-equencies for- which 

d) W(f) is r-eal and even, so that the r-esulting convolving 

function is r-eal and even. 

Ther-e ar-e different kinds of windows and filter-s 

r-espectively. The most used filter- functions wer-e classified in 

five gener-al classes: r-amp, Hann, Hamming Par-zen, and Butter-wor-th. 

Rec tan8'U~ar window and ramp fi ~ ter. 

Rectangular 

.625 
Frequency 

Fiq. 3.8 Window functions. 
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The rectangular window (Fig. 3.8) is defined by: 

-- { 12)1 w ( i ) 
if !f! 5 f 

m (3.46) 
if !f! > f 

m 

Multiplying the rectangular window by the ramp function in 

frequency space gives the ramp filter (Fig. 3.9 a): 

G(f) = { ~f! if :f: 5 f 
m (3.47) 

if :f: > f 
m 

The inverse Fourier transform of the ramp filter gives the 

convolution function, (Fig. 3.9 b) 

... ., 
~ 0 c: 
01 

·- 0 
~ 

0 4 
Frequer cy Distance 

Fig. 3.9 Fi~ter functions. 

a) in frequency domain. 

b) in object domain <:the real. space convo~ution function.). 

The ramp filter gives the best resolution in the 

reconstructed imag•? for perfect data, but amplifies noise for data 

with statistical fluctuations. The sharp frequency cutoff gives 

rise to oscillations at sharp boundaries in the image of the 

object and thus generates artifacts in the reconstructed image. 

This effect can be reduced by using other types of windows in 

which the frequenc't cutoff is rolled off and not cutoff sharply. 
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Hann window •Xnd Hann jitter. 

The Hann window (Fig. 3.8) is defined by the equation: 

rrf 

{ 
121.5 -1- 121.5 cos if ! f: :S f 

W(f) f m (3.48) = 
121 m 

if : f: > f 
m 

Multiplying 1:he Hann window by the ramp function gives the 

Hann filter (Fig. 3.9 a): 

rrf 

{ 
121.5 : f: + 121.5 : f: cos if : f: :S f 

G(f) f m (3.49) = 
121 m if : f: > f 

m 

The convo 1 ve•d function, the f i 1 ter in the object space, is 

presented in Fig. 3.9 b. 

For the Hann filter, the image has a smother texture with a 

loss in resolutior. 

Ha:tM'I.inB window and HamJT~.inB ji~ter. 

The Hamming 1111indow (Fig. 3.8) is defined by: 

rrf 

W(f) = {: + (1 - A) cos fm 
if : f: :S f 

m (3.5121) 
if : f: > f 

m 

where A can take any values between 121 and 1. For A = 1 the window 

reduces to the rectangular window; for A = 0 the Hamming window is 

a cosine window. 

The filter in the frequency space is (Fig. 3.9): 

ref if 

-- { A121 G(f) 
!f! + (1 -A) :f: cos m (3.51) 

f 
m if : f: > f 

m 

Parzen window and Parzen ji~ter. 

The Parzen window is defined by the equation (Fig. 3.8): 
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1 - :, (; f ; I f m) 2 
( 1 - ; f ; I f m) 

W(f) = { ~ (1 ~ :<:lfm)
3 

wher-e f is the cutoff fr-equency. 
m 

if : f: 
if f 12 

m 

if : f: 

Similar-ly, the Par-zen filter- is defined 

: f: - 6 : f: (: f: /f m)z (1 - ;f;/fm) if 

{ G(f) = 2 : f: (1 - ;f;/fm)3 if 

Ql if 

::$; f 12 
m 

< : f: ::$; f 
m 

> f 
m 

(3.52) 

by (Fig. 3.9): 

: f: ::$; f /2 
m 

f /2 < : f : ~ f 
m m 

: f: > f 
m 

(3.53) 

The r-econstr-ucted image r-esolution will be less than can be 

achieved with the Hann or- Hamm filter-s. On the other- hand the 

Par-zen filter- suppr-esses noise. 

Butterworth window and Butterworth fi~ter. 

The major- advantage of this filter- is that it can be modified 

accor-ding to the 3mount of noise in the pr-ojection data. 

The Butter-wo~th window function is: 

1 
(3.54) 

W( f) = 

wher-e f is a fr-equency par-ameter- and n is the or-der- of filter-. 
m 

This is multiplied by the r-amp 

Butter-wor-th filte~: 

G ( f) = 
1 + (: f ; If m) 2 n 

function giving the 

(3.55) 

The shape of the filter- is designed by declar-ing values for­

f and n. The o..-d,=r- n of a Butter-wor-th f i 1 ter- can be an integer- or-
m 

any r-eal value. 

A filter- is obtained by calculating 

width between Ql and f and the stop-band 
p 

illustr-ated in Fiq. 3.1fZJ. 

the appr-opr-iate window 

fr-equency f as 
s 
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If the values of £, A, f and 
p 

f are known for a particular 
s 

window, then the parameters n and f of the Butterworth filter 
m 

are determined by: 

n = 
[£1 (A 2 

- 1) :1/Z] 

----- (3.56) 
log 

log (f P/f 
5

) 

f 
f = _p_ (3.57) 

m ( &)~/n 

The window defined by the Butterworth filter can be designed 

so that it has a narrow transition band between f and 
p 

thus approaches a rectangular window, or can be designed so 

and 

that 

it has a wide transition band such as the Hann or Hamming window 

(Fig. 3.11 a). 

The Butterworth filter (Fig. 3.11 b) gives the possibility to 

realize a compromise between a good resolution in the 

reconstructed image but amplifying noise and a poorer resolution 

with reduced noise amplification. 

Fig. 3.1121 He·thod of desienatine a Butterworth fi~ter. The 

parameters £ and A are ca~cu~ated from ordinates at the 

se~ected pass frequency f and stop frequency f • 
p s 
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a 
,RectonQulor 

b 

SUTER 
n = 3, fm = 0.23 

.125 

.625 .500 
Frequency Frequency 

Fig. 3.11 Tt,e Hann filter and the Butterworth fi Uer. 

a) The Hann u•indow with a cutoff frequency f = 0.5 and the 
m 

Butterworth window with n = 3 and f = 0.23. 
m 

b) Hann filter and Butterworth filter obtained with those 

parameters. 

Analytical methods are generally significantly faster than 

iterative techniqw?s. A complete analytical reconstruction can be 

performed in the time that it would take to do a single iteration 

in an iterative approach. Furthermore, with analytical methods, 

data can be proce!:;sed for one patient while the other patient 

data still being cDllected. 
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4. QUANTITATIVE AND QUALITATIVE ACCURACY IN PET I MAGES. 

The major goal of radionuclide imaging is the 

three-dimensional spatial and temporal quantitative description of 

isotope distribution. The quantitative capabilities of a PET 

system are in the limits imposed by finite resolution and counting 

statistics. However, as with any nuclear medicine measuring 

device, PET images are seriously affected by other factors as: 

scattering and accidental coincidences, system dead time, etc. An 

understanding of these limitations is essential to a rational 

interpretation of data. 

4.1 The resolution or the image. 

4.1.1 The spatial resolution. 

The spatia~ reso~ution is defined as the ability of the 

system to separate adjacent structures under optimal 

The spatial resolution or resolving capability of the 

conditions. 

usually defined in terms of the minimum distance between 

high contrast objects at which they may be detected or 

as separate objects in the image. [18] 

system 

the 

is 

two 

identified 

The detector aperture size is typically the most significant 

of the geometric factors determining spatial resolution. The 

measurements of spatial variation of a physical parameter 

(activity) is limited by the size of the detector used in 

measurement. 

Appropriate test objects for the purpose of measuring the 

spatial resolution of a nuclear medicine system are a point and a 

line source. 

The point spread function is the width of the point spread 

function at half its maximum value (FWHM). In ideal systems the 

point spread function is isotropic (spatially symmetrical) and 

independent of position. For a PET system, the point source must 

be of infinitesimal dimensions. The image of this point like 

object will then approximate the point response of the tomograph. 
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The ~ine spre•zd function is a description of the distribution 

of radiation in ten'5i ty that results from imaging a straight line 

object of in fin i te'5ima l width by an imaging 

two-dimensional images. 

system that creates 

The line spre,3.d function may be measured directly by scanning 

a phantom in the form of a thin object in a water bath. The object 

must be thin compa-ed to the resolution of the tomograph. 

Fig. 4.1 [9] Jresents the line spread function in plane and 

axial as a function of source position for "NeuroECAT" tomograph. 

The intrinsic resolution, both transverse and axial in the centre 

of the tomograph has FWHM smaller than at 

These variations within both planar and axial 

cause image artifa=ts and loss in quantitation. 

larger distances. 

resolution could 

Fig. 4.2 shows that any point in the Field of View (FOV) is 

viewed by a number of detector-pairs. The axial composite point 

spread function 

resolution. 

l .. .. 
. . . . . . 

.j.L . 

. . . 

• -

I J I \. I 

is the average over all the detector pairs 

tv'\ . . . 
COMPONENTS OF 

AXIAL LSF 

COMPOSITE 

AXIAL LSF 

Fig. 4.2 The composite Point Spread Function (PSF) is the 

avera8e over the a~~ axia~ PSF correspondin8 to a~l. detectors 

pairs. 
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4.1.2 The contrast resolution. 

Contrast rescb.J.t ion refers to the capability of the PET 

system to detect an object with a small difference in activity 

distribution, in relation to a homogeneous background. Contrast is 

one of the most irrportant characteristics defining an image. 

Phantoms designed to measure contrast resolution usually 

employ circular objects, either spheres or cylinders. 

Contrast resolution is typically expressed in one 

ways: as the smallest difference in the concentration 

of two 

activity 

that can be discriminated for an object of a particular 

or as the smallest diameter of an object with a 

contrast that can be detected. 

The primary limitation in detecting a small 

diameter, 

particular 

difference 

between an object and its background is determined by noise. 

4.1.3 The temporal resolution. 

Temporal resolution refers to the ability of an instrument to 

register events occurring within a very small time interval, as 

separate events. 

The temporal resolution is physically related to the system's 

ability to record data fast. This requires a good detection 

efficiency, a low dead time for whole system and high maximum data 

rates. 

Improved spatial, contrast 

positron tomography results in 

and temporal resolutions in 

more accurate quantitation, 

reducing smearing from 

discriminating activities in 

one region to another and 

closely adjacent structures with 

differing physiological functions. 

4.1.4 The image noise. 

The spatial resolution and the contrast resolution are 

degraded by noise which often represents the ultimate factor to 

image quality. 
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Noise represent that portion of the signal that contains no 

information. Its presence marks the information-containing of the 

signal. There are several sources of noise which may originates at 

any point in the chain of processes that comprise the total PET 

system. 

Statistica~ noise Cquantum noise~. 

The response of any detector depends upon the number of y 

rays that it intercepts. Statistical noise occurs because of 

inherent statistical fluctuations that arise from the detection of 

a random number of gamma quanta. 

The amount of statistical noise follows a Poisson 

distribution and is proportional to the standard deviation: 

-{ N 

N 

1 

-{ N 

where N is the average number of counts registered. 

A reduction in statistical noise will necessitate an 

in statistics which can be attend by a lengthening 

(3.58) 

increase 

of the 

examination time Jr increasing the dose delivered to a patient. 

E~ectronic n?ise. 

Each of the electronic circuits associated with PET system is 

capable of introducing some noise into the system but analog 

electronics are sufficiently well designed that the electronic 

noise contributio, is only a fraction of that of the statistical 

noise. 

Round off errors. 

Digital computers generally do not introduce electronic noise 

into the system, 1owever they may introduce noise in the process 

of reconstruction through round off errors. These errors may be 

reduced by using ~ larger memory (a larger number of bits per 

word) or through Jrogramming. 

Artijactua~ ~oise. 

An artifact (leakage, aliasing effect) may be considered as 

a type of noise, 3ince it represents a part of the signal or image 

that contains no information and obscure the true information 

present in the im~ge. Artifacts affect overall image quality and 

detail including 1:ontrast and spatial resolution. [36] 
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Fi t t e r noise Crec o nstruction al 8 orit hm0 

The init i al purpose of filtration was to eliminate the blur 

artifact associated with simple back-project ion. The filter 

function can have an important effect on image quality. 

The application of the appropriate convolution kernel can 

introduce either smoothing or edge enhancement. I n the case of a 

smoothing filter, both high frequency signal components and 

frequency noise can be reduced. This modifies not only 

high 

the 

appearance of the image but the quality of . the noise as well. In 

this case, the higher frequency components of the noise become 

selectively attenuated compared to lower frequency components. In 

contrast, a filter for edge enhancement will retain and even 

emphasize the high frequency components of both the signal and the 

noise. Therefore, the reconstruction filter is the main parameter 

determining the image signal-to-noise ratio. 

4.2 Factors affecting quantitative measurements with PET. 

As in all types of nuclear emission imaging, accuracy in PET 

is determined by statistics 

factors. 

factors 

4. 2.1 Statistical factors. 

Statistical accuracy depends on 

events that are collected within the 

and limited by systematic 

the number of coincident 

available time. This is 

determined both by the available positron activity and the 

sensivity of the tomograph to detect these events. 

A. The positron activity. 

The activity delivered to a patient, or the number of 

detectable events is limited by the dose rates acceptable for 

human use. To provide some perspective on the problem, data from 

brain studies with 
18

F labeled 2-fluoro-2-deo x y-D-glucose (
18

FDG) 

and 
13

N labeled ammonia <
13

NH
3

) are presented in Table 4.1. 

[23] 
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Table 4.1 Count r-ates available for- PET in human br-ain 

t _ _ 18F G 13 H s ud1es w1th D and N 
3 

Radiopharmaceutical 18 FDG 13NH 
3 

Injected dose 10 mCi 30 mCi 

Average activi 1:y 3 in 4 !J.Ci 9 mCi per em 
brain at start of scan 

Total avai 1 ablE! count rate 48 Kcps 108 Kcps 

Available counts 10 min scan 2.9 10
7 4.4 10

7 

3 
Fr-om the actj.vity per- em in the brain, the total available 

count rate calculated for- 1 em slice thickness, assuming a perfect 

detection system is 30-40 million detectable events for- 10 mCi 
18

FDG injection. ]n practice less than 50% of these events ar-e 

detected. This tr-anslates into a maximum of 15-30 mi 11 ion 

accumulated event~• for- 10 min scans for 1 em slice thickness. 

Image quality must be adequate to accur-ately define the 

spatial extent of the organ of inter-est as well as pr-ovide 

sufficient count density to measur-e 

pr-actice, 
18

FDG images obtained by PET 

isotope 

systems 

concentr-ation. In 

with intr-insic 

r-esolution of IZI. 7~i em sti 11 requires smoothing to a final image 

resolution of 1.0 em FWHM at 3-6 million counts in or-der- to give a 

final image without obvious statistical mottle. [23] 

B. The tomoHraph sensi vi ty. 

The tomogr-aph sensivity is a measure of the efficiency for-

coincidence detection of positron annihilation r-adiation in all 

the system. The sensivity of the tomograph is essential to 

minimize patient close and obtain statistica 11 y high-qua 1 i ty scans 

in shor-t time per·iods. Therefor-e, the goal of the tomogr-aph 

designs is to assur-e the best spatial, contr-ast and tempor-al 

resolution with hj_ghest sensivity technically achievable. 
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In ptane and axiat coverase. 

To achieve a high spatial resolution, the tomograph design 

has to have a gooc in plane and axial coverage. This can be 

realized using small detectors in a small diameter of the gantry, 

to increase the sc,lid angle for detection, and using multiple 

plane designs that increase efficiency of detection. 

The detector size is the most important factor determining 

the spatial resolution in PET. A small detector will measure and 

record the distribution of the radiotracer over small distances: 

and it is able to identify more rapidly spatial changes. 

From the dimensions of a detector, its width sets limits on 

the transverse resolution, but does not substantially affect ring 

efficiency. Using very narrow detectors, the localization of 

information along the data profile is improved. That is, the high 

frequency component (small objects) of the signal are amplified 

because they are detected much more clearly with narrow detectors. 

(Signal Amplification Technique (SAT)). [24, 25] The detectors 

that are employed are much narrower than the expected resolution 

of the final image. The high resolution tomograph designs utilize 

detectors 5-10 mm wide. 

The detector depth must represent several interaction lengths 

for 511 KeV gamma rays for a good efficiency. For BGO crystals, 

the depth is typically 30 mm. A greater scintillation depth 

(especially for materials of greater interaction length such as 

CsF and BaF
2

) increases angulation errors and causes deterioration 

of spatial resolution. 

The detector height determines the thickness of the 

tomographic slice, affects the efficiency of the ring, and limits 

the axial resolution. Detector height is typically about 20 mm 

giving an axial resolution of about 11 mm. 

A good solid angle and axial coverage can be achieved using 

multiple rings of small closely packed detectors that encircle the 

patient. Cross-ring coincidences realize the full available solid 

angle and 

of tissue, 

the multiple detector rings cover a large volume 

thus providing a higher event rate for a given 

administered tracer activity. 
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The detector's material. 

The ideal detector material for a high sensitive tomograph 

has to fulfill some conditions: 

a high efficiency detection for 511 KeV gamma rays, 

short coincidence resolving time, 

the ability to provide high spatial resolution (to be small), 

stability, 

reliability, 

low cost. 

None of the scintillators available today satisfy all 

these criteria. 

of 

The most imwJrtant characteristics is the efficiency of 

detection, because in coincidence experiments the coincidence 

efficiency is: 

c = c c 
j_ 2 

( 4. 1) 

where e , e repre!:>ent the individual efficiency of each detector. 
j_ 2 

Therefore, the coincidence efficiency is approximately the square 

of the individual one. 

From this point of view, bismuth germanate (BGO) crystals'/ 

are the best (Tabh:! 2.6), but their inferior time resolutionj 

causes larger acc:L.dental rates and great dead times. Cesium 

fluoride CsF and barium fluoride BaF
2 

are much lower in efficiency 

but are fast enough even for time of flight (TOF) measurements. 

Cerium gadolinium orthosilicate(GSO) is a new material 

5 times faster than BGO with almost its efficiency and 

twice its light output. 

Time of fl i8hl: CTOF:> information. 

that is 

it has 

The time of flight technique improves the sensivity of the 

tomograph and dat.:l quality by improving the localization of 

infor-mation along the line between detectors. 

For- the posj.tioning of the annihilation event, the 

coincidence detection of the annihilation r-adiation utilizes 

only one pr-oper-ty of the annihilation r-adiation, 

colinear-ity of the tr-avel of the two annihilation 

namely 

photons. 

the 

The 

caine idence 1 ine i-:, es tab 1 ished with the assumption that 

annihilation photors r-each the detector- in the same time. 

the two 
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Another prope>rty of the annihilation event can be utilized in 

PET: the fact the two annihilation photons are emitted 

simultaneously as annihilation occurs. Under these circumstances, 

the two photons arrive in the same time at the detectors only if 

the annihilation e·vent is equidistant from the two detectors. The 

difference between the time of arrivals of the two photons gives 

the position of tre event relative to the centre of the coincident 

line joinig the t~o detectors (Fig. 4.3) 

,. d ·FM-1 "I 
A B 
I I 

~o- _, : ~c 

Fig. 4.3 Dia~ram ill~tratins the principle of 

f l.i~ht ( TOF) m~ thod. 

time of 

The distances from the point of the annihilation event to the 

detectors are: 

PA = d + .Ad (4.2) 

PB = d - .Ad (4.3) 

That means: 

PA - PB = 2 .6.d (4.4) 

The differenc1~ in time between the arrival of the two photons 

at A and 8 is: 

2 Ad 
.6. t ·-

c 
(4.5) 

where c is light speed. 

If the time of arrival is measured, then additional 

information can be derived, the position of the annihilation event 

between the two detectors. 
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Fig. 4.4 Qua[itative ill~tration of signa~-to-noise t5ain 

achieved thro·'..l.sh the incorporation of photon TOF information. 

For an annihi:.ation event distant by 15 em from the centre, 

the difference in time of arrival is approximately 1 nsec. In PET 

devices, this di ffe~rence in time of arrival is usually much 

smaller than the coincidence window. With modern fast electronics 

and detectors such as CsF and BaF
2

, the timing 

can be achieved is typically of the order of 

resolution which 

400 psec, which 

corresponds roughly to a positioning accuracy of about 6 em FWHM. 
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Although thi•:; poor resolution might appear to be of little 

use in PET imaginq, it should be noted that "a priori" information 

as localization o·f the annihilation event, increases substantially 

the signal-to-noise ratio in the reconstructed image (Fig. 4.4). 

[26] Typically, ·For an object approximately 30 em in diameter and 

a timing resolution of 50121 psec, the gain in signal-to-noise ratio 

is approximately a factor of three. 

4.2.2 SysteJ~tical ~actors. 

Positron Emi!:;sion Tomography data are subject to a few major 

systematic errors. 

A. Attenuation o~ the annihilation photons in tissue. 

The correctie~n for attenuation of PET data are important when 

quantitative evalL.ations should be made. [27] The correction 

methods that are in practical use are: 

direct measuren1ents of attenuation with external positron 

sources, 

calculations frc'm simple geometric shapes that approximate the 

attenuation medium, 

delineation of the object's extent from the reconstruction image 

and using weighing factors proportional to path length of y-ray. 

The measured projection values p (r,¢) 
m 

unattenuated 

equation: 

where, 

projection p(r,¢) ( eq. ( 3. 2) ) 

pJ...l(r,¢) = exp ( -J J...i(x,y) ds) 

r ,¢ 

and J...i(x,y) is the attenuation coefficient. This 

called the attenuation correction factor. 

are related to 

by the 

p (r,¢) 
J...l 

following 

( 4. 6) 

( 4. 7) 

term is 
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If the value of p (r,¢) or ~(x,y) is known, p(r,¢) can be 
~ 

calculated in terrrs of the attenuated projections as: 

p(r,¢) = 
p ( r' ¢) 

m 

p ( r '¢) 
~ 

(4.8) 

and the distribution f(x,y) can be reconstructed accurately. 

Since a large number of combinations of isotope distributions 

and attenuation conditions are encountered in PET, it is very 

difficult to evaluate all the different errors in the application 

of eq. (4.8) for attenuation corrections. 

B. Background events due to accidental coincidences. 

The PET detection system registers a "coincident" event if 

both detectors are triggered within the coincidence resolving 

time. Since there will be many unrelated photons striking the 

detectors, there will be pulses giving false or accidental 

coincidences (Fig. 4.5). 

Fig. 4.5 Types of positron annihitation events: 

true coincident events. 

scattered coincident events, 

accidentat events. 
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The accident.:1l count r-ate is given by: 

R 
A 

2T R R 
• 2 

( 4. 9) 

{U 
wher-e 2T is the r-e•solving/time and R and R ar-e the singles count 

• 2 

r-ates on the two cletector-s. It should be noted fr-om the above 

equation that, while the number- of tr-ue coincidences r-ecor-ded 

incr-eases linear-!~ with the amount of r-adioactivity, the number- of 

accidental coincidences incr-eases as the square of that value. 

The number of single events sensed by detectors operated in 

coincidence is, in most PET examinations, at least two orders of 

magnitude greater than the number of "true" coincidences. It is 

because of this preponderance of single counts compared to 

coincidence events that the presence of random coincidences 

represent a troublesome source of noise. 

Three methods are generally used to minimize the influence of 

random coincidences: 

operation of the coincidence system at relatively 

rates R and R , 
• 2 

reduction of coincidence resolving time (2T). The 

low counting 

resolving 

time cannot be made arbitrarily small. It must bear some 

relation to the intrinsic time jitter of electronics and 

detectors or there will be a loss of true coincidence events if 

2T is too small, or too many accidental events if 2T is too 

large. 

subtraction of the contribution of random coincidences 

obtained by the measurement of the single rates in each of 

the detectors opl:?rated in coincidence, or by direct measurement 

of the contribut.ion of accidental counts to the detected events. 

Delaying the sys·:em by a time greater than 2T, the count rate 

observed is due ·:a accidental coincidences. [28] 
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C. Backgrou~d events due to prompt scatter. 

Scatter and accidental coincidences are the two primary 

sources of background counts in PET imaging. 

Scatter coincidences occur when one or both of the 

annihilation gamma rays is scattered. A scatter coincidence will 

occur when both o·' these gamma rays strike detectors connected in 

coincidence, because the scattered gammas are still in true time 

coincidence with E~ach other (Fig. 4.5). After scatter, the spatial 

information of thE~ point of annihilation gamma-ray emission is 

"misplaced" and the resulting background is uncorelated with the 

isotope distributjon in the cross section. 

At 511 KeV, the most probable scatter is a small angle 

scatter and in ter·ms of system geometry the gamma rays that are 

most likely to be detected are scattered less than 30? 

A 511 KeV gamma rays is reduced only to 450 KeV after a 30° 

scatter. Therefore, unlike low energy gamma ray imaging, energy 

discrimination is not effective in greatly reducing the number of 

unwanted scatter coincidences. In addition, scatter background can 

come from off plane activity. 

However, most of the scattered events represent true 

coincident events caring information. In order to detect them, in 

the PET devices each detector operates in coincidence with a 

number of detectors on the opposite side (Fig. 4.6). 

The ratio of scatter to true coincidences depends on the 

activity distribution, thickness of the imaged cross section and 

the geometry of the PET system. 

The correction for unwanted scattered events in PET is 

difficult. It is possible to get an accurate measure of scatter 

that can be used as a data base for scatter corrections. [22, 29] 
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Fig. 4.6 Ra.~J path indica.tintJ possibl.e coincidences between 

opposed detectors. 

Using a line source of a positron emitter placed in the 

scattering medium, the scatter is determined from the scan 

profiles, not the image. The scatter is the tail of activity on 

each side of the p~~ak (Fig. 4. 7). Relative to the peak of 1 ine 

source, the scatte1~ is less than one procent at any single point, 

but integrated ovet- the Field of View {FOV) the amount of scatter 

becomes significant. 

The average Vc1lue of the scatter fraction obtained can be 

used to correct the data. [22] In another ways, the shape of 

the scatter may be expressed analytically, and consequently 

subtracted from the image, or to deconvolve the scatter. [29] 

Deconvolution procedure for scattering uses the line spread 

function in the raw projection as the basis for a scatter filter 

which operates on t11e patient data set prior to back-projected. 



10000 

5000 

2000 

en 1000 .... z 500 
:::) 

0 
0 

200 

100 

50 

20 

- 75 -

~ • 
0 ,, 8 12 16 

DISTANCE (CM) 

NeuroECAT LSF 
with Scatter Tails 

Center of 

20 em Diameter 

Lucite Cylinder 

20 

• 

Fig. 4.7 The distribution of the events versus distance for 

a tine source in a scatterin8 medium. 

D. Limited r·~solution. 

Effect of obj•?ct size on quantitation. 

In PET, spatidl resolution can affect the capability of 

quanti ta tivel y mea•;uring isotope concentration when the object of 

interest is smalle1~ than the FWHM of the system. [31Zl] In this case 

there is no longer a linear relation between 

true isotope concentration. 

the image and the 

The problem a·" detec tabi l i ty with size is obvious as the 

smallest cylinder :~n Fig. 4.8 is not visible in the image, the 

second smallest :.s just barely detectable. The isotope 

concentration in each cylinder in the phantom was identical and 

the apparent concentrations in the image of the smaller cylinders 

are obvious d if fen•n t from the 1 arger cy 1 inders. 
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Fig. 4.8 Effect of object size on quantitation in PET. lma8e 

to the l.eft is of phantom presented on the ri8ht. Each inside 

cyl.inder contains identical. concentration 

emitter. The ima8e demonstrates the l.oss of 

to the l.imited resol.ution of PET. 
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The magnitudE~ of the er-r-or-s in quantitation can be 

appr-eciated fr-om the gr-aph pr-esented in Fig. 4.9. [3f2l] This figur-e 

shows a plot of th'~ recovery coefficient RC ver-sus bar- phantoms of 

var-ious thickness. The r-ecover-y coefficient RC is defined as the 

r-atio of the isotope concentr-ation obser-ved in the image and the 

tr-ue isotope concentr-ation. If the RC = 1.f2l the system is 

quantitative for- an object of these size. The solid line in the 

gr-aph assumes a Gaussian line spr-ead function (LSF) and is the 

theor-etical r-espon•:.e of an ideal system. 

Partiat votum~ effect. 

The par-tial vc1lume effect is the loss of contr-ast in an image 

because the axial dimension of the object is smaller- than the 

axial r-esolution of the imaging system. [3f2l] This sour-ce of er-r-or­

can be eliminated 3Y using objects that ar-e lar-ger- than the axial 

r-esolution of the :.ystem. 

The obvious solution to impr-oving the difficulties of 

suboptimal r-esolution is to build a higher- r-esolution PET system. 

Non-uniform r:?sotut ion. 

One of the pr-imar-y r-easons that coincidence detection of 

annihilation r-adiation is so well suited for- emission computed 

tomogr-aphy is its relatively constant r-esolution as a function of 

depth. The unifor-m r-esolution and constant sensivity as a function 

of depth of annihilation coincidence detection pr-ovide a data set 

uniquely consistent with the assumptions of the r-econstr-uction 

mathematics. 

As the field of PET developed, many investigator-s found that 

the system exhibit var-iations in 

position in FOV (Fig. 4.2). [31] 

r-esolution as a function of 

Ther-e ar-e sever-al sour-ces for- these nonunifor-mities. The 

intr-insic var-iation of r-esolution of a coincident detector- pair- is 

a pr-imar-y sour-ce of r-esolution nonunifor-mity. Exper-iments (31] 

show that the var-iation in r-esolution is mor-e ser-ious when the 

detector-s ar-e br-ought too close together-. Consequently, the use of 

the lar-ge system diameter- is the pr-imar-y factor- in pr-oducing good 

unifor-mity in the axial r-esolution, but in the same time the 

sensivity of the tomogr-aph decr-eases. 

Another- sour-ce of nonunifor-mity is 

detector- by a y-r-ay and its detection by a 

the penetr-ation of a 

neighbor-ing detector-. 
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This causes an er-r-or- in the appar-ent position of the sour-ce and a 

br-oadening of the line spr-ead function. This effect is important 

for- PET systems wi.th small detector-s. 

Nonuniform r-e•solution is pr-imar-ily concern to the physicist 

who is attempting to do quantitative measur-ements. 

E. Losses due to dead time. 

Ther-e ar-e multiple sour-ces of dead time losses in a device as 

complex as a Positron Emission Tomograph system. 

Fir-st of all, dead time losses include the time constant of 

the detector- and analog electronics for timing and energy 

discrimination. 

Dead time losses in single events in detectors will reduce 

the number- of coincident events since a fraction of these losses 

have been tr-ue coincidences. Typically, the net dead time per-

event per detector is determined assuming a nonparalizable dead 

time for the system: 

where R and 
0 

respectively. 

R 

The 

1 1 

R 
0 

R 

are the observed 

effective dead 

(4.10) 

and true counting rates 

time of the system is 

obtained by averaging the data for a number of individual 

detector-s. 

Since the two detectors must be ready to take data for a 

coincidence, the probability that both detectors are live is: 

p = (4.11) 

In processing coincident events, a PET system requires that 

only events occurring simultaneously within 

resolving time of the system are accepted. 

the coincidence 

When multiple events are detected within that time window, 

the data are usually r-ejected to avoid the wr-ong location of the 

event. This loss of data occurs both in the true and accidental 

coincident events. 
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All PET syste!ms have some dead time due to the requirement of 

placing the data on a temporary storage device during the scan. 

The correction for· this data loss depends on the details of the 

system design. 

Although each type of dead time becomes significant at high 

rates, they are somewhat independent and the total dead time 

depend on the combination of count rate, system design, source 

distribution and ~catter geometry of each set of image data. [32] 

4. 2. 3 Limi ta.tions in spatial resolution. 

It may appear that the spatial resolution achievable by means 

of electronic coincidence collimation would depend only on the 

dimensions of the detectors used. In fact, the spatial resolution 

of this method of detection is limited by physical factors and 

even design factors. 

A. Positron range. 

As mentioned before, often positron undergo annihilation only 

after losing most of their kinetic energy in matter. Thus, the 

position of the annihilation event is not coincidental with the 

position of the nucleus undergoing radioactive decay. This 

uncertainty depends on the energy of the positrons and on the 

density of the matter where the annihilation event takes place. 

The accurate measurements of the positron annihilation 

distributions show a bright centre and extensive tails. The 

resulting FWHM are very small (<1 mm) and 90/. of the annihilations 

lie beyond this distance. [14] 

A method for mathematically removing 

from the image is given in [33]. 

B. Deviation f'rom 180° emission. 

this blurring 

The two annihilation photons are usually not 

factor 

emitted 

collinearly. The positron-electron pair (positronium) has a random 

energy of typically 10 eV at the instant of the annihilation. 
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The divergence from colinearity results from momentum conservation 

requirements. This divergence depends on physical characteristics 

of the absorber while the annihilation event takes place. 

Measurements of the angular distribution of annihilation 

photons in water at 20° show a nearly a Gaussian distribution with 
0 a FWHM of 0.5 (5.7 mrad). [10, 14] This contributes 0.9 mm FWHM 

at the centre of a 60 em diameter ring. 

This blurring factor is not easily removed mathematically and 

represents the most important physical 

resolution in PET. 

limitation to spatial 

C. Crystal-photornu1tipliers coupling. 

The primary difficulty in designing a tomograph with a good 

spatial resolution (at least 2 mm FWHM) lies not in the range of 

the positrons, nor the deviation from 180° emission, nor the 

detection properties of small BGO crystals, but in 

available photomultipliers. 

the size of 

Several approaches to achieve a spatial resolution finer than 

the size of the photomultiplier include: 

choosing a detector configuration which allows that each BGO 

crystal being individually coupled to a phototube (Fig. 4.10). 

[34] The BGO crystals have three different shapes, depending on 

the orientation of the associated phototube. Since the phototube 

is coupled to 3 sides of the crystal 

limited to a single ring geometry. 

array, this approach is 

incorporating many small electron multipliers and anodes within 

a single glass envelope. This is a solution to 

dead space taken by the glass walls. 

coupling small, close-packed crystals to 

(Fig. 4.11). [24] 

the problem of 

larger phototubes 

In this case, each photomultiplier is optically coupled to three 

crystals, sharing the outside crystals with the neighboring 

photomultipliers and viewing the central crystal alone. The 

crystal of interaction is identified by a simple coding scheme 

by signals from in which the central detector is identified 

single photomultipliers and the shared or outside crystals 

identified by signals from two adjacent photomultipliers. 
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Modern PET designs employ many small BGO crystals closely packed 

and coupled to a position-sensitive photomultiplier tube. 

[35-38] For this system, the dead time and are of special 

concern. 

using small solid state photodetectors, promising results were 

obtained with Hg£
2 

crystals and Si photodiodes. [15, 39] These 

small photodiode•; gave a good pulse height resolution (up to 
0 

7. 2Y. FWHM for 66:2 KeV photopeak at -150 ) but with a poor timing 

accuracy. To ove1~come this 1 imitations, one promising approach 

uses: 

a photomultiplh:.>r combined with solid state photodetectors 

(Fig. 4.12). [10, 13, 39, 40] 

Wiring not s IOWI for clarity 

~ 
3 mm X 10 mm-
X 30 mm deep 
BGO crystal 
( B per layer, 

32 total l 

1st Stage of 
c•arge a•plifier 

Fig. 4.12 HuLtirin8 detector array where 8roups 

crystaLs are coupLed to a common phototube for 

of 8 

information a~d coupLed individuaLLy to siLicon photodiodes 

for the identification of the crystaL of interaction. 
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A g~oup of c~ystals is coupled to a ~elatively la~ge 

photomultiplie~ tube which dete~mines the timing fa~ the g~oup 

The solid state photodiodes a~e coupled individually to each 

c~ystal to determine the identity of the scintillating BGO 

c~ystal. 

D. other factors. 

Between the spatial ~esolution limitations, the motion of the 

o~gan unde~ study has to be taken in conside~ation. The motion 

of the head can be kept to within 1 mm du~ing a sho~t (~ 1 min) 

imaging time in favo~able cases. The motion of the hea~t is fa~ 

g~eate~ and a blu~ of 2 mm is possible even when gutting fa~ 

both the beating of the hea~t and the motion of the b~eathing. 

Finally, in the ~econst~uction p~ocedu~e, the filte~ used has 

to be dete~mined by the system ~esolution not by statistical 

fluctuations to avoid the dete~io~ation of the spatial 

of the system. 

~esolution 

4.3 Statistical properties of the reconstructed image. 

The qualitative as well as quantitative ability of PET is 

c~itically dependent on the statistical unce~tainty (i.e. noise) 

in the ~econst~ucted image. Unfo~tunately, such unce~tainty is fa~ 

g~ate~ than if it ~e~e dist~ibuted acco~ding to Poisson statistics 

expected f~om simple conside~ations of the numbe~ of events 

~eco~ded f~om each ~esolution cell (eq. (3.58)). 

Based on the results of 60 expe~iments, the autho~s [42] 

de~ i ved the ~oat m,?an squa~e ( ~ms) unce~tain ty in the numbe~ of 

events fa~ an unif,:>~m sou~ce as: 

~m·:;/. unce~tain ty = 
(4.12) 

3/4 -J./2 = L20 x (n~. ~esol. cells) x N 

whe~e N is the total numbe~ of events measu~ed. The value 120 in 

eq. (4.12) may be alte~ed by the convolution ke~nel used. 
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The incr-eased statistical fluctuation is due to the 

pr-opagation of er-r-c,r-s in the r-econstr-uction pr-ocess. [ 42 J For-

example, if the ave,r-age number- of r-econstr-ucted events is 4121121 per-

r-esolution cell, ore might expect the r-ms uncer-tainty to be 5%. 

However-, the r-ms urcer-tainty is about 44% for- a cir-cular- r-egion of 

unifor-m activity (F'ig. 4.13). 

Tctal events - 1,200,000 
Tc,tal resolution elements - 3000 

400events/element 

Noi 1e Prediction Actuol 

rms % uncertainty 
5°/o 

rms % uncertainty 
44% 

E 120(no.resolution cellsl 314 

(total no. events 1112 rms '_Yo_= __________ ___, 

Fig. 4.13 Ca~culations of root mean square Cr-msY statistical 

uncertainty in. the n1..JITiber of events for an uniform. disc of 

activity. 

Fig. 4.14 pr-e~;ents the r-elation between the total number- of 

counts r-equir-ed to be detected and the number- of resolution 

per- differ-ent r-ms uncertainty. [42] 

cells 

For- 10 mm r-es,:Jlution imaging, we should requir-e about 200000 

events for- images of the head (20 em diameter-) to achieve a 

diagnostic quantit~tive accur-acy for- rms uncer-tainty of 10%. 

Equation (4.12) does not hold for- situation of nonuniform 

distr-ibution of a=tivity, when most of the activity lies in 

20- 30% of the r-es~lution elements. A r-eduction of the expected 

er-r-or-s occur-s in this case because the r-ms uncer-tainty decr-eases 

as the fr-action of the image occupied by the object decr-eases. In 

addition, uncer-tainty decr-eases as the contr-ast incr-eases. 
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1()3~~-U~~--~~~~~~~~~~~ 
300 

NUOlber of resolution cells 

Fig. 4.14 Predicted statistica~ uncertainty as a function of 

effective number of reso~ution ce~~s and tota~ number of 

detected events. 

To predict reqional uncertainties under various conditions of 

contrast (signal-to-noise ratio) and distribution of activity, the 

strategy applied in [42] is to reduce the effective number of 

resolution cells, t1 : 
e 

rms/. uncerta:~n ty in n = 

-- 12121 X (M ) a/4. x 
e 

where n is the number of events per target 
l 

the total number o1 events measured and M 
e 

(4.13) 

is 

contrast and to the• percent of the total 

resolution cell, N is 

related both to the 

occupied by the image 

object. 
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The effective• number of resolution cells, M will be the 
e 

number of cells ir the target plus some contribution from the 

cells in the background. The background contribution is estimated 

by weighing the number of background cells by the ratio of the 

background concentration to the target event concentration: 

n M 
b h 

M = M + - = e l n 
l 

M M 
b 

M + = 
l 

c 

n 
l l 

= 
N 

n 
l 

(4.14) 

where M is 
t 

the number of target cells, is the number of 

background cells, nb is 

resolution cell and C = 

rms'l. uncertainty in 

or, 

rms'l. uncertainty in 

the number of events per 

n /n is the contrast. Then: 
t b 

120 (Mt Mbtc)3/4 -~/2 
n = + N t 

120 N 
~/4 -3/4 n = n 

l l 

background 

(4.15) 

(4.16) 

Equations (4.15) and (4.16) give the required number of 

events to obtain an image in the limits of a desired uncertainty: 

N = { 
'l. 

120 

uncertainty 

For example, assume that a transverse section of 

occupies M = 70 ce!lls from the total 
t 

of 700 cells, 

(4.17) 

the heart 

and the 

contrast is 4 1. To achieve an uncertainty of 20%, the required 

number of events i5: 

2 3/2 
N = ( 120/20) :< ( 70 + 630/4) = 124000 events (4.18) 
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4. 4 Quanti t..at.i ve eva! uat.ions wi t.h PET. 

There are three general categories of imaging associated to 

emission computed tomography: static imaging, equilibrium imaging 

and dynamic imagirg, and three models correspondingly. (44] 

4. 4.1 St.at.ic models. 

A static imaging situation is available when a steady state 

(constant concentration) is reached. In static imaging, the 

constant (more or less) distribution of a radiotracer accumulated 

in tissue is examined. 

This method is applied to imagine the accumulation of a 

radiotracer in an organ or in a tumour. 

Specific physiological properties such as flow and glucose 

utilization can be deduced from the quantitative data of static 

images using tracer kinetics models. These tracer kinetics 

mathematical models are necessary to derive numerical values of 

physiological processes from the PET data, that is, to translate 

measured concentrations of radiopharmaceuticals into biologically 

significant values. A prototype of this approach is the FOG method 

for estimating the rate of cerebral glucose utilization. (43] 

The brain utilizes glucose almost exclusively as its energy 

source under normal conditions. Measuring the rate of glucose 

utilization in the brain therefore provides an 

function. 

index of 

The most dire1:t PET approach to this measurement is to 

glucose with a positron emitter as 11c. One problem with 

brain 

label 

this 

technique is the rapid metabolic degradation of glucose, resulting 

in labeled glycolytic intermediates that are different 

kinetically. 

to model 

The deoxyglucose (DG) method does not suffer from this 

limitation and is now the most widely utilized method of measuring 

glucose utilization in vivo. First 
11

coG was used and then 
18FDG. 
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Fluorodeoxyglucose and OG are transported from blood to brain 

across the blood-brain barrier (888) analogously to glucose and 

both are phosphorylated by hexokinase 

glycolysis) to deoxyglucose-6-phosphate 

(the first 

(OG-6-PO ) 
4 

step in 

ar;~d 

fluorodeoxyglucose-6-phosphate (FOG-6-P0
4

), respectively. Neither 

OG-6-PD 4 nor FOG-6-PO 
4
is metabolized further through the 

glycolitic pathway to any significant degree, and they are trapped 

in the tissue because they cannot diffuse through cell membranes. 

This metabolic trapping facilitates 

simplifies the tracer kinetic model. 

imaging with PET and 

The enzyme that probably catalyzes the dephosphorylation of 

FOG-6-PO 
4 

and OG-6-PO 
4 

as well 

(glucose-6-phosphotase) is present in low 

as 

but 

glucose-6-PD
4 

measurable 

quantitaties in the normal brain. In humans, where scanning is 

performed over Ion~ time intervals, the dephosphorylation reaction 

should be taken into account in the model. 

The FOG model is composed of three compartments (Fig. 4.15): 

FOG in plasma, FOG in tissue, and FOG-6-P0
4 in tissue. The 

* * first order rate c':Jnstants k and k describe forward and reverse 
i. 2 

transport of FOG f~om plasma to the brain across the BBB and 

* and k describe ph,:Jsphoarylation and dephosphorylation of 
4 

FOG 

FOG-6-PO 
4 

res pee t i ·.te 1 y. The rate constants k , k , k and k 
i. 2 3 4 

are 

the corresponding terms for glucose and glucose-6-PD
4

. 

Under steady. ·:;tate conditions (i.e. constant rate of glucose 

utilization) the rate of phosphorylation of glucose is equal to 

the glycolitic ratl? (i.e. in a steady state, the rate of any one 

step in a process .is equal to the rate of the overall process). 

k • k • 
FOG --1.- FOG 3 FDG-6-P 

IN PLASMA 
k • 

_?__ IN TISSUE 
k • 
4 IN TISSUE 

(C *) p (C •) E (C *) M 
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kl 

GLUCOSE 
k3 

GLUCOSE-6-P GLUCOSE 
IN PLASMA "z !--=-- IN TISSUE k4 IN TISSUE PI:TABOLI SM 

(Cp} ( CE) (CM) 

Fig. 4.15 Three compartment FOG mode~. 
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The operational equation for the four rate constant model is, 

[43]: 

LCMRGlc = 

c 
p { c . ( T ) - (k *I ( oc. -oc. ) ) (< k *-

\. 1 1 2 4-
a ) e 1 + (a -k ) e 2 * c ( t) -a t * -oc. t} * 

j, 2 4- p 

= 
( LC) I"< k * + k *)I (a - a~)] 

. 2 3 2 ... 

k* + k* 
3 4-

* + k 
4-

* + k 
4-

(4.19) 

Z * * ) - 4k k z 4-

(4.20) 

where: LCMRGlc, or CMRGlc when referring to a global as compared 

to a local value, is the cerebral metabolic rate of glucose, 

usually given in milligrams or micromoles per minute per 100 g, 

c 
p 

is the plasma concentration of glucose, 

c.(T) is th~? tissue 
\. 

concentration of FOG + FOG-6-PD4 at 

time of measuring T (the means counts in a given 

interest on the image), 
* * * k , k , k and 
:l 2 3 

* 

* k are the rate constants, 
4-

c (t) is the plasma FOG concentration as a 
p 

time after injection of FOG, 

region of 

function of 

LC, the lumped constant corrects for the difference between 

FOG and glucose for transport and phosphorylation. 

The symbol * denotes the operation of convolution. 

In words, the FOG model may be expressed as: 

JLocal glucose } _ 
lmetabolic rate -

~lasma glucose } x 

lLumped constant 

Total 
18

F 
in region 

Free 18F-FOG 
in region 

{
Total 

18
F-FOG concentration} 

transported to the region 
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The performance of an FOG study requires the administration 

of 5-l!Zl mCi FOG intravenously and the measurements of tissue 

activity c_(T) the plasma concentrations of FOG 
\. 

* * well as knowledge of the rate constants k , k , 
~ 2 

lumped constant. 

k* 
3 

and 

and 

glucose as 

* k and 
4 

To implement the model, predetermined values for these rate 

constants from nor·mal subjects were used giving reliable estimates 

of CMRGlc within a wide range of metabolic rates. In extremes of 

metabolism (hyper or hypo metabolic 

' rate constants can lead to errors. 

4. 4. 2 Equili.brium models. 

rates) these predetermined 

In the equilibrium imaging, a radionuclide is injected or 

inhaled at a constant rate until a steady state is reached in the 

volume of interest .• 

An interesting relation between perfusion and detected 

activity can be de•rived for the case of constant administration of 

short-lived radic1nuc 1 ides unti 1 steady state or equilibrium is 

reached. In this case, the rapid decay of 

removes the activity from recirculation 

tracers effectively 

and the method is 

applicable to determine the flow. The equation relating the 

change in amount of activity to input, output and decay is: 

dq(t) F 
= F A(t) - q(t) -A. q(t) (4.21) 

dt v 

where q is the amcunt of activity in the region of interest, F is 

the flow into that region, A(t) is the concentration of tracer 

input to q(t), F/V is the specific volume flow out of 

and A. is the physical decay rate constant. 

At equilibrium: 

F 
F A - q-A.q=IZI 

v 

and 

the region 

(4.22) 
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F A 
q -· (4.23) 

F/V + A. 

where A and q are the values of A(t) and q(t) at equilibrium. 

If the half life is very short compared to the mean transit 

time T, i.e: 

A. >> F/V = 1/T (4.24) 

then, 

q = F A/A. (4.25) 

and 

F = A. q/A (4.26) 

There are two kinds of tracers, diffusible tracers for which 

the tissue permeability is great, and extractable tracers which 

are extracted from perfusate. 

For di ffusabl,= tracers 1 ike the eq. ( 4. 22) can be 

written: 

F U~ - q/V) = A. q (4.27) 

Noting that q = C < V, where C is the tissue concentration: 

F = A. C V/(A - C) (4.28) 

or, 

F/V = A. (A/C - 1) (4.29) 

Thus, flow can be determined if we have a means of measuring 

the input concentration A and the tissue concentration C. 

For an extractable tracer, the condition of steady state 

(eq. (4.22)) becomeos more complicated. It is assumed that the 

tissue of interest has two kinetic components: a rapidly perfusing 

component and a more slowly exchanging component represented by 

the fractional los: of tracer from the intracellular pool. 
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For example, the amount of 82Rb injected into the coronary 

capillaries which is available for rapid perfusion is (1-E) where 

E is the extractic•n ratio (E is assumed to be constant). Then, 

eq. (4.21) is modified in: 

dq(t) 
= F A(t) - F A(t)(l- E) -y q(t) -A q(t) (4.30) 

dt 

82 
where y is the slaw turnover of the extracted Rb from the system 

per unit time. At equilibrium: 

F = (y + A) q/(E A) (4.31) 

But the fractional loss of potassium analogues as 82Rb is very 

small relative to the rate of decay A = 12).55 min-~ thus, 

F = A q/(E A) (4.32) 

which is similar to eq. (4.26) 

extraction ratio E. 

except of the presence of the 

For estimating myocardial flow, quantitative information from 

volume of interest must be obtained using PET. 

4.4.3 Dynamic models. 

The positron emission tomography method gives the possibility 

to measure the moment-to-moment change in the distribution of 

tracers in the organs of interest after an impulse (bolus) 

injection. 

Examples of medical studies are rapid intravenous injection 

of 82 68 
radionuclide su=h as Rb or Ga or inhalation of a gas such 

as 
77

Kr or c15o
2

. In the case of inhalation, the tracer which 

arrives in the can::>tid arteries on its way to the brain has an 

activity distribution versus arterial time that is not a simple 

impulse response but a variable arterial input. The same is true 

for rapid in traven•:::>us injection as the bo 1 us traverses through the 

venous system to t,e right heart, the lungs and back to the 

heart before entering the body's vascular system. If we know 

left 

this 

distribution and assume a simple wash-out model, then 

and the permeability can be deduced. 

the flow 
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The principlE• of conservation of material gives: 

dq(t) 
= F (A ( t) - 8 ( t)] (4.33) 

dt 

where dq/dt is the change of quantity in the organ or tissue in 

time, F is the flow and A(t) and 8(t) is the concentration 

activity of the input and output respectively. 

known as the Fick Principle. 

Equation (4.33) is 

If we define a partition coefficient: 

q(t)/V 
p = (4.34) 

8(t) 

which is the ratic of concentration of a substance in tissue 

q(t)/V to the concentration of the substance in blood 8(t), 

the equation (4.33) can be expressed: 

dq(t) 
= 

dt 

dq(t) F 
= (A ( t ) - 8 ( t ) ) 

v dt v 

F q(t) F 
(A(t) - v-p) 

v 
= 

v p 

q(t) 
(P A(t) - --) 

v 

The solution of this differential equation is: 

q ( t) F t 
F 

= exp (-FI(p)) f A(t) exp c- T) 
v p 

dT = 
v v 

0 

t 

= p K f A ( T) exp (-K ( t - T)) dT 

0 

where K = F/(pV) 

then 

(4.35) 

(4.36) 

(4.37) 

This equation can be used to determine the flow if the 

concentration on the arterial input side is a measursble variable 

and there is no recirculation. An example of application is 

injection of a diffusible substance into left atrium of heart. 
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Then, the ao~tic concent~ation of the t~ace~ is the input function 

A(t). Measu~ing A(T) in time one can find which flow value best 

matches the tissue uptake q(t}/V at a pa~ticula~ time. 

Fo~ measu~ed a~te~ial concent~ation cu~ve, we can calculate 

the expected tissue concent~ation as a function of time and 

specific volume flow by finding the best fit to the measu~ed data. 

Dynamic imaging has the possibility to dete~mine the memb~ane 

ion t~anspo~t and kinetic ~ate constants ~equi~ed fa~ accu~ate 

unde~standing of metabolism and othe~ biological functions of 

humans. 
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5. EXPERIMEtiTAL PROCEDURE. 

5. 1 McMaster Tomograph. 

The McMaster Positron Emission Tomograph [45] was designed in 

a circular geometr·y. It is used for brain studies. 

The 53.5 em cliameter gantry supports 160 Bismuth Germanate 

(BGO) crystals, e.:1ch coupled to a 12.7 mm photomultiplier tube, 

and the associateci electronics. The gantry can be ti 1 ted ± 20° for 

a favorable imagirtg. The individual crystal dimensions are 10 mm 

wide, 25 mm high and 45 mm deep. Adjacent crystals are not 

separated by high atomic number inserts. Each crystal is coated 

with reflective p.:.int, providing a typical separation between 

crystals of 0.5 mm and a packing fraction of 95'l.. 

An annular cc•llimator, 32 em inside diameter, 52 em outside 

diameter, is place·d between the face of the crystals and the 

patient's head to reduce the number of accidental coincidences. 

The detected signals are then discriminated, events below 350 KeV 

are rejected. Adcitional circuitry determines the addresses of 

the two crystals 11>1henever a valid coincidence occurs and sends 

them to a PDP 11/~5 computer. 

From all pos~ible coincident rays, or line integrals of 

activity, 160 dive•rgent projections are arranged each containing 

61 rays, the other rays falling outside of field of view. Each 

line integral is corrected for relative efficiency of the detector 

pair and it is weighted by a factor proportional to its path 

length in the obje•ct, which represents an attenuation correction. 

The filter u~ed in the reconstruction is a Butterworth filter 

and the data are back-projected onto a 128 X 

pixel being 2 mm "'ide. 

128 matrix, each 

The spatial resolution obtained is 8 mm (FWHM) for the slice 

thickness of 1f2l mrr,. 

The number of random coincidences was calculated with 

equation (4.9) u~ing the total number of single events per 

detector and a resolving time of 13 nsec. 
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The sensivit:y of the tomograph was measured using a 

em long, filled cylindrical lucite- phantom 2fZJ em diameter and 2fZJ 

with 1 ,uCi/ml SCilution of 
68

Ge-
68

Ga. The total number of 

coincident events was 182fZJfZJ c/s for lcm slice from which 22fZJfZJ c/s 

were random coincidences, and 465fZJfZJ cps for 2 em slice from which 

91fZJfZJ cps were rancom coincidences. That is, at 6.3 mCi total 

activity, 12% and 2fZJ'l. random coincidences were registered for 1 em 

and 2 em thicknes~ of slice, respectively. [45] 

5. 2 The phantom. 

Since the accuracy is a measure of the difference between the 

observed value anc the true value, the accuracy of a technique can 

only be determinea in those cases in which the true value is 

determined by some· independent method. Thus, the accuracy of a PET 

scanner method shc·uld be determined by measurements with test 

objects of known ~eometry and isotope concentration. The accuracy 

of in vivo data stould be inferred from such measurements. 

In this stud~, a cylindrical lucite phantom 25 em diameter 

with a small cylinder inside (1.8 em or 4.8 em diameter) filled 

with water or a radioactive solution, simulates the brain tissue 

containing a tumour. Radioactive solution 

concentrations are used. 

of different activity 

The experiments are done with hot tumours with, or without 

activity in non tumour region. Different tumour-to-non tumour 

activity ratios are studied in order to determine the accuracy of 

this new method of absolute quantitation in PET. A cold tumour, 

pure water in the tumour cylinder and radioactive solution in the 

phantom, is tested as well. 

5.3 The positron emitters used. 

+ 
Two kinds of ~ positron emitters are used. The first one, 

68 68 
Ge- Ga has the advantage of a constant activity. These two 

isotopes are in secular equilibrium, the half life of the parent 

being much longer than the half life of the daughter. Most of the 

results are obtained using this solution. 
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Different mea.surements in human brain with PET use short 

lived isotopes. Particularly at McMaster Hospital, the studies 

using the tomograr:'h are concentrated on brain abnormalities which 

. 18F [4 were evidenced us~ng labeled radiopharmaceuticals. 6, 47] 

Consequently, thi: method for absolute quantitation is tested 

isotope such as 
18

F (T = 110 min) and 
t./2 

short lived 

(T = 12.7 h). 
t./2 
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6. THE EXPERIMENTAL RESULTS IN TUHOUR~s DETECTION. 

A tumour is .:tn abnormal mass of tissue, the growth of which 

exceeds and is unconditioned with that of the normal tissues. It 

persists in the s.:tme excessive manner after cessation of the 

stimuli which evo~.ed the change. [48] 

To increase the understanding of cancer and to improve cancer 

treatment on a rational basis, the qualitative and quantitative 

differences betwe~en norma 1 and neoplastic tissue must be 

identified. Positr·on Emission Tomography method should provide the 

quantitative infor·mation about the anomalous behaviour of 

tissue. 

tumour 

One of the mCist important factors affecting the quantitative 

evaluations in PET is the statistics, that is, the total number of 

events detected pe•r slice image. The short lived isotopes used in 

PET, the necessity of a minimum dose delivered to a subject under 

investigation and a total short time of measurement to the comfort 

of the patient, re•quires the knowledge of the minimum number of 

events per image t.hat generates a reconstructed 

the reality. 

image reflecting 

6.1 The distribution of the events in the image ot: a 

hot tumour without surrounding activity. 

The simplest experiment consists of a hot tumour in a phantom 
- 68 68 filled with water. The 1 ~C1/ml Ge- Ga solution in 1.8 em and 

4.8 em diameter cylinders simulates the hot tumour. To study the 

effect of the numter of events accumulated on the reconstructed 

image, different times of acquisition between 2 sec and 64!ll sec 

are chosen. 

The reconstructed images of these two hot 

circular form at righ statistics measurements. 

tumours show a 

acquisition is shcrtened, the image 

slightly diminishes and at very 

As the time of 

dimension of the tumour 

low statistics measurements 

(t < 1!ll sec), the image is deformed and presents star artifacts. 
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A horizontal line of one pixel 

gives the distritution of counts 

thickness in the tumour region 

as a function of distance 

expressed in numter of pixel (Fig. 6.1 and Fig. 6.2). The 

distribution of ccunts in the image of a small tumour (1.8 em 

diameter) has Gaussian form (Fig. 6.1), unlike that of a bigger 

tumour (4.8 em diameter) (Fig. 6.2). In bath cases, the high 

statistics images are presented (640 sec time of acquisition). 

When time of acquisition is 4 sec (Fig. 6.3) the tumour image 

is more difficult to separate from the star artifact background 

and its shape is deformed from the circular image. 

The distribution of events in the image of the 4.8 em 

diameter tumour, Fig. 6.2, presents a fall in the plateau region, 

giving an error 5 10/. in the maximum number of counts evaluation. 

This effect is due to the attenuation correction introduced by a 

simple (weighing factors proportional to path length of r rays) 

but very fast computational method. 

In the reconstruction process the filter is the main factor 

responsible for the image background. To analyze the background, 

three regions of interest are chosen: 10 X 10 pixels, 20 X 20 

pixels and 40 X 40 pixels. The average number of counts per pixel 

obtained from these three ROI agreed in the statistical limits. 

Usually, the value from 40 X 40 pixels ROI is used to minimize the 

statistical errors. 
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Fig. 6.1 The distribution of events as a function of 

distance Cnumber of pixe~~ in the ima~e of the 1.8 em 

diameter tumour containin~ 1 ~Ci/ml concentration activity 

and no back~round activity. The time of acquisition is 

640 sec. 
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Fig. 6.3 The distribution of events as a function of 

distance Cn~mber of pixet~ in the ima~e of the 1.8 em 

diameter tumour containin~ 1 ~Ci/ml concentration activity 

and no bac~round activity. The time of acquisition is 4 sec. 
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6.2 The distribution of events in the image of a hot 

tumour with background activity. 

No matte~ what the ~eason is of d~ug delive~y to a tumou~, 

to detect the tumou~, to study its abno~mal behaviou~, to t~eat it 

o~ to follow a the~apeutic t~eatment, always a f~action of the 

activity injected is taken ave~ by the no~mal su~~ounding tissue. 

The p~esence of the activity in backg~ound ~egion modifies 

enla~ging the dist~ibutions p~esented in Fig. 6.1 and Fig. 6.2. 

The magnitude of this effect depends on the tumou~-to-nontumou~ 

activity ~atios. 

Fig. 6.4 p~esents the dist~ibution of events as a function of 

distance (numbe~ of pixel) in the image of 1.8 em diamete~ tumou~ 

fa~ tumou~-to-nontumou~ ~atios of 5/1, 10/1 and ze~o backg~ound 

activity. Fa~ compa~ison the cu~ves a~e no~malized to 1. 

The unifo~m backg~ound activities of the above mentioned 

expe~iments, a~e analyzed using the same ROI defined befo~e. Again 

the ave~age numbe~ of counts pe~ pixel obtained f~om these th~ee 

ROI ag~ees in statistical limits ~ega~dless of the concent~ation 

activity used in the phantom. 
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7. ABSOLUTE QUANTITATION IN POSITRON EMISSION TOMOGRAPHY. 

Despite a big effort, [27-32, 41, 42, 49-57], the absolute 

measurements in computer assisted tomography remains a goal to be 

attained. 

Absolute evaluations in computed tomography includes: 

the tumour's (or organ target) volume determination, 

its coordinates (X,Y,Z) position, 

the amount of drug (~Ci/ml) delivered to the tumour 

organ target), 

(or 

the absolute amount of drug (~i/ml) in surrounding tissue. 

Drug delivery has particular importance in the chemotherapy 

of cancer. Cancer chemotherapy is based on assumed relation 

between the dose administered to the patient and the response of 

the tumour (the dose-response relation). Absorbed doses for target 

tissues (tumours) and non-target tissues (normal organs) for 

cancer therapy using systematically administered radionuclides, 

requires accurate and precise determination of the time-dependent 

concentrations, or total amounts of radioactivity in situ. The 

data used for the determination of cumulated activities in the 

various regions of the body, can be obtained through discrete 

serial measurements and integration of the resulting time-activity 

data. However, with the notable exception of blood, a sample which 

can be extracted through venipuncture for direct radioassay 

exvivo, such measurements are highly problematic. 

Absolute amounts and concentrations of radionuclide can be 

determined in a sample when the sensivity of the detector is 

determined and the geometry of the counting conditions are fixed. 

These requirements are readily met when a sample is counted by a 

scintillation detector, but can only be approximated for 

radionuclides in a living system. No generally applicable and/or 

validated method for noninvasive radionuclide quantitation in situ 

is yet available. 
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This study tries to find a simple and reliable method for 

absolute quantitation in Positron Emission Tomography, that can be 

applied to any computer assisted tomograph systems. The aspects 

investigated are: 

the dimensions of a tumour, 

the position of a tumour, 

the amount of drug accumulated in the tumour (~Ci/ml), and 

the tumour-to-nontumour activity ratios, obtained from the 

PET images. 

7.1 The dimensions of the tumour. 

Two methods to evaluate the dimension of a tumour from its 

image were analyzed. 

The first attempt to define the dimension of a tumour 

followed the recipe [56]. It consists of obtaining the real 

dimension of the tumour cylinder from the image distribution of 

counts presented in Fig. 6.1 and Fig. 6.2, on a predetermined 

constant position. The real dimension of an 1.8 em diameter tumour 

(9 pixels) and 4.8 em diameter tumour (24 pixels) may be 

identified at constant values on the distribution of counts 

regardless of the number of counts accumulated in the maximum of 

the distribution of the tumour image (Fig. 7.1). Applied to data 

in Fig. 6.1 and Fig. 6.2, if the maximum of the distribution 

represents 100%, then the 1.8 em diameter tumour can be found at 

(35.43 ± 1.22)% and the 4.8 em diameter tumour at (43.9 ± 1.89)%. 

Contrary to the results presented in [56], these values seem 

to depend on the dimension of the tumour. Fig. 7.2 presents the 

dependence of these positions of identification of real tumour 

dimensions on the counts distribution in the image, versus the 

real diameter of the tumours. Roughly, the real dimension of a 

tumour may be found at ~ 40% on the tumour distribution of events, 

when there are no activity in the background region, at least for 

these dimensions of tumour. This result gives an underestimation 

by ~ 1 pixel (2 mm) for the dimension of an 1.8 em diameter tumour 

and an overestimation by ~ 1 pixel for the 4.8 em diameter tumour. 

The errors increase proportional to the diameter of the tumour 

growth or fall. 
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A more sensitive method to evaluate the dimension of a tumour 

from its image consists of creating a calibration of FWHM values 

of the counts distribution (Fig. 6.1 and Fig. 6.2) expressed in 

pixels, in absolute units (mm). The dependence of the FWHM values 

on the number of counts accumulated in the maximum of the tumour 

image (zero background activity), is presented in Fig. 7.3. For 

statistics higher than ~ 3IZIIZI counts/pix in the maximum of the 

distribution, the dependence is a constant. For these constant 

values, 7.62 ± 0.16 pixels for 1.8 em diameter tumour, and 

22.7 ± 0.8 pixels for 4.8 em diameter tumour, the dependence of 

the FWHM on the real diameter of the tumour is shown in Fig. 7.4. 

At least for these dimensions of tumours, the dependence seems to 

be linear. This li~ear dependence, probably, is not valuable for 

very small dimensions of the tumours (< 1.8 em) which need to be 

paid a careful attention. 

A hot tumour Nithout surrounding activity does not represent 

a real fact. Fig. ~.4 presents the distributions of the events in 

the image of a tumour in an experiment simulating a hot tumour in 

the middle of a radioactive solution. The concentration activities 

were changed in different experiments. 

To obtain the necessary distribution of counts as a function 

of distance for zero background activity used in tumour's 

dimension evaluation, the background should be subtracted in each 

case. Then, the "calibration" (Fig. 7.4) gives the real dimension 

of the tumour under investigation. 

Moving to the real brain images, this background activity has 

to be well defined, this being the most important source of error 

in tumour's dimension evaluation. 

This method can be applied to different shapes of tumors. The 

dimension of the t~mour can be found for each horizontal line of 

pixels and even for each vertical line of pixels to improve the 

accuracy of the evaluation. In this way, the dimension of the 

tumour can be determined for every 2 mm, in our case, in both 

directions, hor i zo,,ta 11 y and vertical! y. Moreover, the method can 

be used in the same way to evaluate the dimension of a cold tumour 

or even in the cas~e of a heterogeneous distribution of activity 

such as a cold nucleus surrounding by a hot ring. 

need to be studied more. 

These aspects 
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7.2 The position of a tumour. 

When the dimensions of a tumour are evaluated, its edges are 

defined. This is true when the tumour image can be well separated 

from the background. If the tumour peak lies in a very high 

background activity, different mathematical procedures can be used 

to separate the tumour contribution, such as fit with theoretical 

distributions for tumour and background regions. 

The next ste~ is to define the position of the tumour, that 

is to determine t~e (X,Y) coordinates of the centre of the tumour, 

on the image. The Z coordinate is defined by the slice position. 

Small tumours (1.8 em diameter cylinder) show a Gaussian 

distribution of events in the image. In this case, the tumour's 

position may be identified by the coordinates of the maximum of 

the distribution, (X,Y). Fig. 7.5 shows the X coordinate position 

of the maximum of the Gaussian distribution (expressed in number 

of pixel) versus the number of counts in this maximum. Each point 

represents the average value and statistical errors from 10 

measurements. As expected, low statistic images are not precise in 

defining the position of the maximum, the errors being sometimes 

greater than ± 2 pixels. Even from high statistic images, the 

errors can be ± 0.5 pixels. 

In defining the position of a tumour, the middle point of the 

FWHM of the events distributions can be of real help, regardless 

of the dimension of the tumour. A difficulty arises from the fact 

that the distribution of events in the tumour region is 

symmetrical only in the centre of the image. Moving to the edges 

of the phantom, the distribution becomes asymmetrical due to the 

reconstruction procedure. The middle point of FWHM may be found 

through fitting the experimental distribution with a symmetrical 

distribution. 

The dimension of a tumour 

absolute quantitation evaluations 

special phantom. The phantom would 

and its 

should 

have 

position aspects of 

be studied using a 

few tumours cylinders 

inside, placed in different positions, starting with the centre of 

the image up to the edges. 
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Finally, a f te!r the posit ion and the dimension of a tumour are 

evaluated from the! image, the tumour can be localized in the 

brain. The brain contour fortunately is easier to define compared 

to other organs, clue to greater drug-activity assimilation in the 

gray matter. 

7. 3 The amoJ.mt. of' drug accumulated in a tumour. 

The role of PET is to provide an accurate set of image data 

which would allow to determine the amount and spatial distribution 

of a radioisotope in the cross section of the brain, 

by its image. The differences between normal brain 

tumour tissue in vascularity, metabolism, as well as 

of an anticancer t.reatment can be followed only in a 

study. 

7.3.1 Hot. t."mour without. surrounding activity. 

represented 

tissue and 

the effects 

quantitative 

The rate of counts (per pixel) obtained from the image can be 

correlated to the activity introduced in the phantom (or the 

brain) • 

In the time of experiment the rate of detected events is 

recorded to verif~ the detection system. Fig. 7.6 presents the 

detected rate oi events versus time of acquisition in the 

experiment of thE' hot 1. 8 em diameter tumour without any 

background activity. The rate of detected events is constant, in 

statistical limits. 

The detected rate of events was always followed for all 

images of the samE experiment, in order to verify that no loss of 

counts can be due to an improper detection system functioning. 

Fig. 7.7 presents the dependence of the maximum rate of 

counts (per pixel) in the image of a tumour (1.8 em and 4.8 em 

diameter) versus the number of events in that pixel. 

In this experiment, the 25 em diameter phantom is filled with 

water (no activity introduced in nontumour region). The 

in the number of counts accumulated per pixel is reached 

different times of acquisition, between 2 sec up to 

variation 

choosing 

64QJ sec. 
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of a hot (1 ~Ci/ml) 1.8 em diameter tumour and no backeround 

activity. 
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Each point in Fig. 7.7 represents the 

statistical errors from 10 measurements. 

average 

In the 

value 

case of 

and 

1.8 em 

diameter of the tumour, two concentration activities are chosen: 

1.0 pCi/ml and 0.5 pCi/ml. The rate of counts corresponds to the 

maximum of the Gaussian distribution of events (Fig. 6.1). 

The distribution of counts as a function of distance in 

larger tumour (4.8 em) presents a plateau (Fig. 6.2). The rate 

counts is obtained from the average number 

errors given by 15 X 15 pixels ROI placed in 

of counts and 

the middle of 

the 

of 

the 

the 

plateau. For this dimension of the tumour only one concentration 

activity is used (1 pCi/ml). 

The interesting results presented in 

real activity distribution in the image 

obtained only for a certain statistics. 

Fig. 7.7 show that 

of a tumour can 

The minimum number 

the 

be 

of 

events in the tumour image 

depends on the dimension 

necessary to 

of the tumour. 

reflect 

In our 

the reality 

case, for 

~ 1000 counts/pix, the true activity is reproduced in 

regardless of the concentration activity used in the 

the image, 

tumour, and 

~ 300 counts/pix are enough to achieve the real 

image of a 4.8 em diameter of the tumour. 

activity in the 

The authors [30] introduced a recovery coefficient to correct 

the image activity of small 

case) (Fig. 4.8). However, 

recovery coefficient depends 

tumours (< 3 em diameter in their 

this study shows clearly that the 

not only on the dimension of a 

tumour, but on the number of events accumulated in 

well. 

the image as 

Fig. 7.8 presents 

determined from this study, 

the experimental correction factors 

versus the number of events (per 

pixel) in the maximum of the distributions, for 1.8 em and 4.8 em 

diameter of the tumour. These factors have to be applied to the 

tumour rate readings in order to obtain the real activities. The 

correction factors for any other tumour dimensions between these 

two values can be obtained by interpolation. 

From these two factors affecting the quantitative evaluations 

of the concentration activity in a tumour, the object size and the 

statistics, the last one is more important, because even for a 

small tumour, the real activity can be reproduced in the image if 

enough events are registered. 
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Fig. 7. 7 The• m.axim:um. rate of events in the twnour im.aee 

versus the number of events in the m.axim:um. of the 

distribution. The 4.8 em diameter twnour contains 1~Ci/ml 

concentratioL activity and 1.8 em diameter twnour contains 

1 ~Ci/ml and 0.53 ~Ci/ml concentration activities. 

No bac keround ac t i vi t y is used. 
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Fig. 7.8 The correction factors for the tumour concentration 

activity as a junction of the number of events accumu~ated in 

the maximum of the distributions of events for the two 

dimensions of tumours: 1. 8 em and 4. 8 em diameters. 
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In these expt?riments, no activity was introduced in the 

phantom, but a background rate was registered. The background rate 

as a function of ':he number of counts per pixel in the tumour 

region is presentE~d in Fig. 7.9. The values were determined from 

40 X 40 pixels RO::. The constant background rate (0.14 ± 0.012) 

counts/sec/pix occurs at ~ 1000 counts/pix in the maximum of the 

Gaussian distribution of events (1.8 em diameter of the tumour). 

The lower statist:~cs generates a slight increase in the background 

rate due to star artifacts formed in the reconstruction process. 

The tumour-to-nontumour ratio obtained in an image of a hot 

tumour without any activity in surrounding region, as a function 

of the number of counts in the tumour image maximum is presented 

in Fig. 7.10. Thi!; ratio is constant (76 ± 5.8) at statistics 

higher than ~ 100'~ counts/pix. The lower statistical images 

characterized by a decreasing tumour-to-background ratio due 

decreasing in tumour rate and increasing in background rate. 

are 

to 

The background rate includes the background generated by the 

reconstruction procedure, and the contributions due to scattering 

and accidental co:~ncidences. However, the sum of all these effects 

is almost two ordE~rs of magnitude lower than the real event rate 

per pixel in the 1:umour image. This fact is useful in absolute 

evaluations of thE~ concentration activities. At the same time, 

this background generation in the absence of any activity 

represents a 1 imi ':ation of PET method in studying very high 

tumour-to-nontumour ratios. 
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Fig. 7.9 Th1? back15round rate in a phantom containin15 1.8 em 

hot t um.our ( l J..i.C i I m 1 ) and no bac k15round ac t i vi t y. 
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Fig. 7.11Zl The twnour-to-nontwnour activity ratios in the 

im.aee of a phantom. containine a hot tumour ( 1 !-lCi/ml) and no 

back(fround activity. 
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7.3.2 Hot tumour with surrounding activity. 

The PET system must pr-ovide 

measur-ements of concentr-ation activities 

in the sur-r-ounding tissues, as well as 

r-atios. 

absolute quantitative 

in the tumour- r-egion, 

the tumour--to-nontumour-

The r-ate of counts (per- pixel) in the 1.8 em diameter- tumour­

image with backgr-ound activity, as a function of the number- of 

counts (per- pixel) accumulated in the maximum of the Gaussian 

distr-ibution of events, looks differ-ent fr-om pr-evious case as seen 

in Fig. 7.11. 

The tumour- a=tivity used in this exper-iment was 1 ~Ci/ml and 

the backgr-ound activity was 0.1 ~Ci/ml. Even for- a small 

backgr-ound activity (tumour--to-nontumour- r-atio 10/1), the r-ate of 

counts in the tum.:)ur- r-egion becomes a 1 most constant r-egar-d less of 

the number- of events accumulated. A slight incr-ease in the r-ate 

occur-s for- low st.3.tistical images. 

This behaviol.lr- of the r-ate of events in a tumour- image 

sur-r-ounded by act.ivity is differ-ent of that of a r-ate of counts in 

a tumour- image without backgr-ound activity (Fig. 7.6). It seems 

that no r-ecover-y coefficient is necessar-y to obtain the r-eal 

concentr-ation act.lvity fr-om the image of a tumour-, r-egar-dless of 

the dimension of ·:he tumour- or- the statistics accumulated in the 

image. The concen·:r-ation activity can be extr-acted dir-ectly fr-om 

the maximum of thE~ distr-ibution for- a wide r-ange of accumulated 

events. Contr-ar-y, the slight incr-ease in the r-ate of counts at 

ver-y low statistics cr-eates the danger- of over-estimating the low 

counts images (or- shor-t time measur-ements) and not under-estimating 

as pr-edicted in [:>121]. 

The behaviour· of the maximum r-ate of events obtained fr-om 

pr-oves 

r-ate 

low statistical images of a tumour- sur-r-ounded by activity 

that r-ound off er-r·or-s ar-e not the cause of the fall of the 

of events obtainecl in Fig. 7.7. Mor-e than this, these type 

er-r-or-s could not have an exponential dependence on the 

events accumulatecl in the image. 

number-

of 

of 
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Fig. 7.11 ThE· maximum rate of counts in the 1. 8 em diameter 

tumour imaBe (1 ~Ci/ml), versus the number of events in this 

maximum obtained from the phantom imaBe containinB 0.1 ~Ci/ml 

backBround activity. 
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This very important aspect of the absolute quantitation of 

the drug delivery to a tumour surrounded by a background activity 

from a PET image should be studied for a higher background 

activity and for a lower background activity (lower and higher 

tumour-to-nontumour ratios) to confirm and to evaluate the 

magnitude of th:.s increase in the rate of counts at low 

statistical measur-ements. Very small tumours (diameters less than 

1.8 em) should be included in this study as well. 

The almost constant behaviour of the rate of events in the 

image of a hot tunour cylinder sunk in a radioactive bath is the 

result of the compensation in the loss of counts characteristic to 

low statistic ima~Jes (Fig. 7. 7). This compensation is due to the 

higher amplification of a low statistical image in the 

reconstruction process compared with high statistical images. 

The degree O'' amplification of an image through the filtering 

process is given tly the ratio of the total number of events in the 

reconstructed ima~Je on the total number of detected events. 

Fig. 7.12 present~; the dependence of this ratio on the number of 

detected events for 25 em diameter phantom. The values are 

obtained from different experiments, including different 

tumour-to-nontumour ratios (11ll/1, 511, 3/1). A constant 

amplification of the image (6.47 ± lll.16) is characteristic to the 

filter used and occurs at a detected number of ·events greater than 

~ 5 11ll~ Under thi~; value of the tota 1 de tee ted events per image 

slice, the amplifJ.cation of the image by the filtering process 

is higher, up to 3 times at ~ 41llllllll detected events, thus 

compensating the l.oss (up to 3 times) in events in the image of a 

hot tumour (1.8 c:m diameter) without any background activity. 
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Fig. 7.12 The de~ree of am.ptification of a real. im.a~e sl.ice 

by the reconstruction process. The ratio of the total. nv.:mber 

of the events: recorded in the reconstructed im.a~e of a 25 em 

diameter phantom on the totat n-umber of detected events. 

versus the totat nv.:mber of detected events. The vatues are 

obtained from different tumour-to-nontumour activity ratios 

experiments. 
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7.4 The modified filter. 

In chapter 3.3.3 the theory of the filtered back-projection 

method was described. To sum up, the filter in the real 

obtained: 

space is 

choosing ar window function in frequency space, 

multiplyin~ the window by the ramp function, 

inversing Fourier transform this product. 

Therefore, the filter in real space is described by: 

H(d) = { 
-1 

:7' W(f)] } 

-1 
where :7' denotes inverse Fourier transform, 

frequency and W(f) is the window function. 

f represents 

( 7. 1) 

the 

Each projection line is convolved with the chosen filter and 

then back-projected in order to eliminate the high background 

generated by the ~imple back-projection method. 

The discrete Butterworth filter ( eq. ( 3. 55) ) used in the 

reconstruction of images at McMaster Hospital PET is presented in 

Fig. 7.13. The am~litude of the filter as a function of distance 

shows a sharpening kernel which is symmetric and defined for 

the same number of points as are sampled in one dimension. Here, 

the distance is expressed in line integral numbers. For practical 

use, the filter is limited to 15 points for one half of the 

filter, corresponding to 15 line integrals, indicating 29 possible 

coincidences between one detector and other ± 14 opposite 

detectors. 

In order to detect the real annihilation y rays scattered in 
0 an angle less than 30 , each detector of this tomograph operates 

in coincidence with other 61 detectors (± 30 detectors 

central ray) (see Fig. 4.6). In this way, the whole head 

is in the field of view. 

Under these circumstances, the reason that a 15 point 

for a 

phantom 

filter 

is used is probably the fact that the amplitudes of far points of 

the filter are very small compared with the amplitudes of the 

filter at small distances. 
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Fig. 7.13 The discrete Butterworth fi~ter in rea~ space. 
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To investigate the effect of the truncation of the filter, a 

backwards method of approach has been taken. The truncated filter 

in real space '"as represented in frequency space and the 

corresponding window was found. 

The calculat~L.ons were done using SIGPRO program. [58] SIGPRO 

creates and proce!:;sing one dimensional, 256 sample signals. 

Given the truncated filter H' (d) in real space, the filter in 

frequency space is: 

G'(f) = :F ( H'(d)) (7.2) 

where :F denotes the Fourier transform. This is the effective 

filter used pract:L.cally in the reconstruction of the 

The Butterwot-th filter from Fig. 7.13 

frequency space is presented in Fig. 7.14. 

images. 

transfered in 

The quality of the filter is determined by the window 

function. The corresponding window of the truncated filter is: 

W ' 1'. f ) = G ' ( f ) I : f : 

To avoid the divi~;ion by zero at zero frequency, 

taken the same as for frequency one. 

(7.3) 

the amplitude is 

The obtained window is presented in 

corresponding to ~- 5 paint kerne 1 f i 1 ter 

Fig. 7.15. The 

space 

window 

has an in real 

effect of amplification on the amplitude of low frequencies (up to 

2 times). This ef~'ect is reflected in a preference of higher 

amplification of the low spatial frequencies in the reconstructed 

image. 
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Fig. 7.14 The truncated Butterworth fi~ter in frequency 

space. 
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The ef feet o·= the tr-uncation of the f i 1 ter- in r-ea 1 space was 

studied for- a Hann filter- as well. 

The Hann window defined in equation (3.48) is: 

rrf 

W ( f ) ~ { : • 5 + 0 • 5 COS f m 
if :f: $ f 

if :f: > f 

m 
(7.4) 

m 

The cor-r-esponding Hann filter- in fr-equency domain is, (eq. 3.49)): 

rrf 

G(f) ~ { :·5 :t: + 0.5 ;f; COS fm 
if !f! $ f 

if :f: > f 

m 

( 7. 5) 

m 

In equation (7.4) and (7.5), f r-epr-esents the maximum fr-equency 
m 

or- Nyquist fr-equercy (eq. (3.31)). 

The inver-se Four-ier- tr-ansfor-m of 

space gives the filter- in r-eal space: 

the filter- in fr-equency 

-1 
H(c) = $ ( G(f) ) ( 7. 6) 

A tr-uncation in differ-ent positions: at 15/16, 7/8, 3/4 and 

1/2 distance fr-om the or-igin (d = 0) of the r-eal space Hann filter-

has been done. Ret.ur-ning these tr-uncated filter-s in fr-equency 

space by Four-ier- tr-ansfor-m them, the effect of tr-uncation can be 

seen clear-ly. 

Fig. 7.16 pr-esents the Hann filter-s in frequency space. They 

have been obtainec by taking the filter- fr-om the domain space 

with, or- without tr-uncation. At full scale it is almost impossible 

to detect a differ-ence between them. By enlar-ging the low 

fr-equency r-egion scale, (Fig. 7.17), the amplitudes of the 

tr-uncated filter-s ar-e clear-ly higher- than those of the initial 

filter-. The magnitude of the amplitude at low fr-equency is 

pr-opor-tional to the magnitude of the tr-uncation of the filter- in 

r-eal space. The same effect of pr-efer-ential amplification of the 

low fr-equencies of an image is obtained by cutting a Hann 

in r-eal space. 

filter-
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Fig. 7.16 Tr~e Hann fi Z. ters truncated in different posit ions 

in real. spc~e. represented in the frequency space. in 

comparison to the entire filter. At this scal.e no difference 

between them is visible. 
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l.ow frequency reeion of the Hann fil.ters. 

entire fil.ter, 

truncated fi l. ter at 1/2 in real. space. 

truncated fi l. ter at 1/4 in real. space. 

truncated fi.l.ter at 1/8 in real. space. 

truncated fi.l.ter at 1/16 in real. space. 
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A head is of a finite dimension. This is, using the entire 

filter in the filtered back-projection method is not logical 

because outside of the field of view, limited by the finite 

dimensions of the investigated objects, there are no experimental 

points. Then the question arise how the preferential amplification 

of the low frequencies can be avoided, making possilble the 

absolute quantitation of an image. 

The first at·:empt is to follow the effect of truncation of 

the kernel filter in different positions in real space, trying to 

choose the best solution as a compromise between the necessity of 

truncation and thE? effect of amplification at low frequencies. 

Fig. 7. 18 i l :~ustra tes the window functions corresponding to 

the discrete ButtE?rworth f i 1 ter truncated at different positions, 

so that it is defined by 3 points, 7 points, 15 points and 

23 points. The effect of amplification is higher when the 

truncation is str-onger. 15 point f i 1 ter sti 11 gives unwanted 

amplification effe~cts but a 23 point filter seems to be a better 

choice. A path ray including the coincidence of one detector with 

the other ± 23 detectors on the opposite side will give better 

images, closer to reality. 

A second atte•mpt is to modify the filter in order to avoid 

the preferential c:tmpl if ications in frequency space compensating 

the effect of tr·uncation. [6fZI] There are different possible 

criteria to introcluce the modification of the filter to avoid the 

negative effects of the truncation. In our case, the modification 

of the filter is performed based on the criteria of the 

concordance betwee•n the tumour-to-non tumour activity ratio used in 

the phantom and the one obtained from the image. The test value of 

the activity ratio is chosen 1fZI/1 (1 J..lCi/ml: fZI.1 J..lCi/ml) and the 

sma 11 tumour cy 1 ir1der ( 1. 8 em diameter) is used, for different 

reasons. Firstly, the low concentration activity of the background 

corresponds to a low rate in the background of the image, which 

means a great sen~.ivity in finding the best modified filter. 

Secondly, in this configuration of the phantom and with this low 

concentration activity of the nontumour region, the total activity 

used (~ 5fZifZI J..lCi) is small enough to avoid the contribution to 

activity reading cf the random coincidences and scattering effects 

whose magnitude i~ direct proportional to the amount of activity. 
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Fig. 7.18 Th·~ windows correspondinB to 3 point Butterworth 

filter (W2), 7 point Butterworth filter (W3), 15 point 

Butterworth f~lter (Wl) and 23 point Butterworth fi~ter (W4). 
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Once the modified Butterworth filter is 

behaviour in frequency space is checked. Fig. 7.19 

modified and original 15 point filter in frequency 

defined, its 

presents the 

domain. There 

is a very small difference between them at the maximum amplitude 

(~ 11.). 

The low freqL.ency region of these two filters is shown in 

Fig. 7.20. The mocified filter has smaller amplitudes at low 

frequencies havin~ almost a normal behaviour. 

Fig. 7.21 pre,sents the two corresponding window functions. 

The window of the modified filter does not present amplifications 

of the low frequency region such as the truncated filter. 

Therefore, a truncated convolving function can be obtained, 

so that the recon~tructed image is the same as for a nontruncated 

filter. Under the~e circumstances, the filtered back-projection 

should accurately reproduce the contours and the density changes 

of the activity distribution in the slice of brain under 

investigation. [6e] 
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Fig. 7.19 The truncated Butterworth fiLter (Filter 1) and 

the modified fiLter (Filter 2), in frequency space. 
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Fig. 7.20 Tho truncated Butterworth filter (Filter- 1) and 

the modified fil.ter (Filter- 2) in the l.ow frequency reeion. 
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7.5 The two>ur-to-nontumour activity ratios. 

The differ-ence between the detected activity by computer­

assisted tomogr-aph system and actual concentr-ation distr-ibution in 

a por-tion of the body is dependent on: 

the volume of the tumour- (or-gan), 

the volume of contiguous tissues, 

the tar-get--to-nontar-get r-atios, and 

the isotope! concentr-ation. [49] 

Ther-e ar-e differ-ent methods to evaluate the concentr-ation 

activities. 

The threshold method consists of empir-ically eliminating the 

counts ar-ising due~ to sur-r-ounding activity (pr-edefined thr-eshold 

value) fr-om the r-econstr-ucted image. A systematic backgr-ound 

count, (believed to be r-elated to under-cor-ection for- attenuation 

in [57]) is taken as a correction term. The pr-oblem develops when 

differ-ent studies define differ-ent thr-esholds in or-der- to achieve 

the tr-ue concentr-c:.tion activity and the volume of the tar-get 

the image. [57, 66] This is pr-obably due to the fact that 

fr-om 

their-

filter-s wer-e tr-uncated in differ-ent positions. 

magnitude of back~r-ound noise gener-ated by the 

was differ-ent fr-ofT' one study to another- study. 

Consequently, the 

filter-ing pr-ocess 

Another- method, [54] calculates a concentr-ation activity for­

each r-egion of inter-est defined in the image. When r-egion of 

inter-est data ar-e extr-acted fr-om the image, var-ious str-ategies 

have been devised to cir-cumvent limitations as: par-tial volume 

effects, filter-ing effects, physical factor-s not eliminated befor-e 

the r-econstr-uction etc. Some of the str-ategies attempted ar-e: 

aver-aging the entir-e r-egion of inter-est to r-educe noise or- using 

the maximum pixel value as the r-egion aver-age in r-egions known to 

exceed the aver-age value of the sur-r-ounding neighbor-hood (such as 

gr-ay matter- str-uctur-es in glucose metabolism studies). The idea 

is that optimal methods for- extr-action of r-egion of inter-est must 

be developed. 

These two methods of concentr-ation activity evaluations 

pr-esent a gr-eat deal of subjectivity, their- r-esult being difficult 

to tr-ust. 
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A more logical approach to quantitate, is to perform a test 

procedure to evaluate the performances of the tomograph in 

sensivity, resolution, count rate capabilities etc., and to 

in traduce the dete~rmined corrections in the reconstructed image. 

This approach of correcting all variables that can 

theoretically affPct quantitation is extremely complicated since 

the subject is the• human body with its range of topographical and 

individual variatjons. 

The greatest obstacle to quantitation of radionuclides by 

computer assisted tomography methods relates to the problem of 

accounting for racionuclides in the surrounding tissues is the 

opinion expressed in [61]. To suppress the noise in a high noise 

reconstruction environment, a special filter based on the 

signal-to-noise ratio is proposed in [61]. 

The reconstruction filter was adjusted in [51] to provide 

· 1E D b . 1 . 1 1 final 1mages of F G ra1n simulations with a ow no1se eve . 

In this study, the filter was designed to give an 

experimental image which reflects as closely as possible the 

reality, while conforming to the practical restrictions imposed by 

the measurements. 

The truncation of the filter generates an amount of noise 

which seems to be much higher than all other kinds of noise summed 

together. This is seen in the target-to-nontarget activity ratios 

obtained using this filter in comparison to the modified 

(Table 7.1). 

Table 7.1 Tumour-to-nontumour activity ratios. 

Image 

Phantom ~ 

filter 

Truncated filter Modified filter 

11ZJ.IZJ 6.11ZJ ± IZJ.95 11.63 ± IZJ.93 

5.1ZJ 2.71ZJ ± IZJ.14 5.85 ± 1.25 

3.6 1. 78 ± IZJ.17 3.71ZJ ± IZJ.55 
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The experimental rate values are obtained as average values 

and statistical uncertainties per pixel, from more than 112l1ZJ high 

statistical image~~. The uncertainty in a rate evaluation from an 

image pixel ( ei tht~r from a tumour image or from the background) 

was always in statistical limits. 

The modified filter was defined at the tumour-to-nontumour 

activity ratio of 11ZJ/1. The tumour image readings are the same 

(in statistical limits) regarding of the filter used. The 

quantitative dif·ference between them occurs in the image 

background rate obtained with these two filters as seen in 

Fig. 7.22. The background rate per pixel for the 15 point 

Butterworth filte1~ (Filter 1) and the modified filter (Filter 2) 

versus the numbe1~ of counts (per pixel) accumulated in the 

background is pre~~ented in Fig. 7.22. The truncated filter gives a 

constant background rate twice larger than it should be. 

This could not IJe due to the contribution from scattering or 

accidental coinc.idences because the total activity used in the 

phantom was very ~~ma 11 ( ~ Ill. 5 mCi) . 

The very low statistical images (less than 11ZJ counts/pix in 

the tumour region) present a higher background rate, almost the 

same, regardless of the filter used. This effect is due to star 

artifact generation. Between 112l counts/pix and 112liZJ counts/pix in 

the tumour image, the background rate obtained using the truncated 

filter shows a slightly, hard to explain increase, up to the 

constant value of the high statistical images. 

At lower tumiJur-to-nontumour activity ratios in 

(higher backgroun1j concentration activity) 5/1 and 

the phantom 

3/1, the 

modified filter gives the same, close to the 

unlike the cut filter, as seen in Table 7.1. 

reality, ratios 

The highest total activity used (3/1 ratio) was ~ 1. 5 mCi 

which does not gi·.te yet dangerous contributions from scattered and 

accidental coincidences. 

The ad van tag1~ of using the modified f i 1 ter is evident in the 

study of a cold tumour (no activity in the tumour cylinder and 

activity in the p:1antom). The distribution of counts as a function 

of distance (numb1~r of pixel) in the image of an 1.8 em diameter 

cold tumour obtained using the 15 point filter and the modified 

filter is presenb:?d in Fig. 7.23. 
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Fig. 7.22 The backeround rate (0.1 ~Ci/ml) as a function of 

the number of events accumu~ated in the backeround reeion 

(1 ~Ci/ml), in a reconstructed imaee usine two fi~ters. 

the truncated fiLter (Filter 1) and the modified 

(Filter 2). 

fi ~ ter 
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The high noi:;e generated by the truncated filter makes almost 

impossible to detect the cold tumour. Unlike this truncated 

filter, the modified filter creates a normal image of a cold 

tumour. Moreover, this image can be submitted to quantitation: its 

position, its dim1~nsion and even its concentration activity (if it 

is different of Z1~ro) can be evaluated. 

7. 6 The cal.ibration of the tomograph. 

Earlier work·:;, [63, 64] briefly describe the procedure of the 

calibration of th1~ir tomographs. 

For the Mark lV System, the calibration obtained is expressed 

as: 

A(pCi/ml) = H K(counts/pix) . 
brain bra~n 

(7.7) 

where A is the av1~rage local concentration of activity in the 

brain, H is an experimentally determined factor correcting for the 

difference in si Zl~ between the reference cy 1 inder and the head at 

the level of section, and K is the calibration constant obtained 

from scanning the reference cylinder. 

The data pre•:;ented in [64] are obtained for two different 

diameter phantom•:;: 18 em and 28 em. The reconstructed 

followed the trw~ concentration activity ratios used 

phantom. After th1~ decay time corrections for 11c, they 

images 

in the 

produced 

an unique line of calibration for both dimensions of the phantoms. 

In this case, the only observation can be related to the fact that 

this ca 1 i bra tion 1111as not tested for very sma 11 tumours, 18 em and 

28 em diameter ph.:mtoms being too close to each other. It is very 

probable that thef used a right filter. 

Therefore, t1e last step in obtaining a reconstructed image 

expressed in absolute units at McMaster Hospital tomograph ~s to 

ca 1 i bra te the tom,::~graph in cone en tra tion activity units ( 1-lCi lm 1) • 

The concentration activities were measured in 1 ml sample 

using a Ge(Li) detector. The concentration activity is: 

1 N c 
A ( ,:.LC i I m 1 ) ( 7. 8) 

t e b 
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where N is the to~:al number of counts accumulated in the 511 KeV 

energy peak (after the substraction of the background events), 

tis the time of acquisition (sec), b is the 

the isotope (0.8B for 
68

Ga), e = 2.94 10
4 

branching 

is the 

ratio of 

detector 

efficiency at 20 c:m distance, and c = 5.04 is the correction 

factor for measurements at 50 em distance. Shortly: 

K R 
~I(,UCi/ml) = ( 7. 9) 

b 

where K represent the detector constant for measurements at 50 em, 

and R is the rate of counts in 511 KeV energy peak. 

The calibration of the tomograph was performed using 
68

Ge-
68

Ga solutior, taking advantage of the constant activity in 

time. [62] Two corcentration activities were used in the tumour 

cylinder and otheF 4 concentration activities in the nontumour 

region of the 25 em diameter phantom. The time of acquisition of 

an image was long enough to avoid unwanted effects of the low 

statistical image:. The reconstruction of the images was obtained 

using the 15 point Butterworth filter (Filter 1) and the modified 

filter (Filter 2). 

Fig 7.24 presents the calibration of the tomograph for these 

two filters. The rate of counts (counts/sec/pix) obtained from the 

image is represented as a function of the concentration activity 

(,uCi/ml) used in the phantom. 

The truncated filter gives a calibration dependent on the 

volume. For the 1.8 em diameter of the tumour and 25 em diameter 

of the phantom, two different linear dependencies are obtained. 

The rate of counts corresponding to surrounding tissue are shifted 

to higher rates due to amplification effects generated by this 

filter at low spatial frequencies. This means that, a family of 

lines of calibrati~n dependent on the dimension of the object is 

obtained using a truncated filter. The real activity in the image 

can be calculated ~nly using the calibration line corresponding to 

each investigated volume. This explains why the difference between 

the detected activity and the real activity was dependent of the 

volume of the organ (tumour) and the volume of surrounding tissues 

as the authors [49] declare. 
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the imaee, the truncated fil.ter (Filter 1) and the modified 

fi l. ter ( F i l tE!r 2) . The dependence of the rate of counts C" per 

pixeL) in tho imaee on the concentration activity used in the 

phantom is presented. 
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One line of calibration, usually determined with 

phantom, ~ 25 em diameter for the brain images, can 

applied to smaller volumes. Moreover, if the calibration 

a large 

not 

of 

be 

the 

tomograph is realized using a 25 em diameter phantom, the correct 

quantitation of the concentration activity could 

the background region (nontumour tissues) and not 

region, when a truncated filter is used. 

be 

in 

obtained in 

the tumour 

Unlike this cut filter, the proposed modified filter 

(Filter 2) realizes an unique linear calibration regardless of the 

dimension of the objects under investigation. The tumour 

calibration lines obtained using the truncated filter 

modified filter coincide. The difference between them 

and 

occurs 

the 

for 

the large 25 em diameter phantom when the truncated filter 

overestimates the rate of counts. 

Therefore, the modified filter eliminates the dependence of 

the image rate of events on the volumes and tumour-to-non tumour 

activity ratios, leaving only the dependence on the real activity. 

Once the calibration of the tomograph realized for 
68

Ge-
68

Ga 

solution, the calibration lines corresponding to 
+ 

any other f3 

isotope can be easily found. In the dependence of the rate of 

events on the concentration activity, the only factor changing 
+ + 

from one f3 isotope to another f3 isotope is the branching ratio. 

The other values, including the rate of counts, the detection 

efficiency etc., are the same because the same 511 KeV y rays are 

detected. Consequently, the similar calibration lines expected for 
18

F (b = 0.97) and 
64

cu (b = 0.19) are presented in Fig. 7.25. 
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8. THE APPLICATION OF THE METHOD FOR SHORT LIVED ISOTOPES. 

The radionuclides used in PET are very short-lived isotopes. 

That is, the concentration activity of a radiotracer in the body 

is changing with time. There is no better way to verify the 

accuracy of this method for absolute quantitation than to compare 

the activity variations with time of a short-lived isotope 

obtained by an universally accepted method 

this method. 

(Ge(Li) detector) and 

The activities of 1 ml samples from the solutions used in PET 

phantom experiments are measured with a Ge(Li) detector at the 

same time with PET. Beforehand, the Ge(Li) detector was calibrated 

using 1 ml 
68

Ge-
6

EGa solutions of known concentration activities. 

The calibration line of Ge(Li) detector used, showing the 

dependence of the activity (~i/ml) on the rate of counts, is 

presented in Fig. 8.1. Again, the calibration lines corresponding 

to any other isotopes <
18

F or 
64

Cu) can be obtained for the Ge(Li) 

detector, taking into consideration the differences between 
68 branching ratios and that of Ga. 

their 

8.1. 18F . t exper1men • 

In the first experiment, the 25 em diameter phantom filled 

with 18F solution is tested. [67] The images were taken at 

approximately 1121 minutes interval for a total of ~ 400 minutes 

(6.5 h) . The acquisition time of an image was long enough to avoid 

low statistical effects presented before. 

As usual, to verify the detection system functionality, the 

rate of detected events of each image slice acquired was 

registered. 

presented in 

The change of 

Fig. 8. 2. The 

this detected events in time is 

linear dependence (in logarithmic 

scale) proves that the detection system was working well. The 

half-life of 
18

F obtained from this dependence is 101 min. 

Fig. 8.3 presents the total rate of the image (the total 

number of counts of a reconstructed image divided by the time of 

acquisition) as a function of time for both filters used in this 

study, 15 point filter (Filter 1) and modified filter (Filter 2). 
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Fig. 8.2 ThE• dependence of the rate of detected events on 

the time for a 25 em diameter phantom filled with 
18F 

solv.t ion. 
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Fig. 8.3 Th~? tota~ rate obtained in the reconstructed ima.~e 

of a 25 em diameter phantom usin~ the truncated fi~ter 

(Filter 1) and the modified fiUer (Filter 2), versus time. 
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This total rate of counts is important to follow to be sure 

that no strange amplification effects occur due to reconstruction 

of the image, as j.n low statistical cases. The linear dependence 

of the total rate in time in the reconstructed image proves that 

the filtering process was always in 

region (Fig. 7.12). 

the constant amplification 

The half 1 i fe· obtained from this total rate dependence on 

time is the same 1or both filters used, T = 113 min. 
:1./2 

To analyze the image, a 40 X 40 ROI was chosen to obtain the 

average number of counts per pixel with small statistical errors. 

The rates of count.s per pixel versus time are represented on 

Fig. 8.4, for 15 point Butterworth filter (Filter 1) and for 

modified filter (Filter 2). Due to a longer acquisition time, the 

rate values are ccnsidered to belong to the middle point of the 

time interval. 

The same expected linear dependencies of the rate of counts 

on time are obtained for both filters used in the 

of the image. Moreover, the half-lives obtained for 

same, T = 113 mj.n. 
:1./2 

reconstruction 
18F are the 

Using the calibration of the 18 tomograph for F (Fig. 7.25), 

the rate of counts per pixel can be translated in concentration 

activity. The variation of 
18

F concentration activity versus time 

given by PET method is presented in Fig. 8.5. The PET values 

obtained using the truncated filter (Filter 1) and its calibration 

line for the 25 em diameter phantom (Fig. 7.24), practically 

coincide with PET data obtained using the modified filter 

(Filter 2) and its calibration line (Fig. 7.24). 

The rates of :aunts of 1 ml samples measured using Ge(Li) 

detector, in the same time with PET acquisition data, are 

translated into concentration activities as well. To avoid the 

losses of events at high rates due to dead time of the detector, 

the Ge(Li) data we~e obtained from measurements at low rates and 

the line extrapolated at t = 0. That is, the activity evaluations 

from Ge(Li) measun?ments in Fig. 8.5 are corrected for the dead 

time of the detector. To determine the accuracy of the method for 

absolute evaluations in PET, the Ge(Li) data are represented on 

the same graph wi til PET data. 
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Fig. 8.4 ThH rate of events per pixel. versus time in the 

ima8e of the 25 em diameter phantom fil.l.ed with 
18

F solution 

obtained usin8 the 15 point filter and the modified filter. 
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The conco~da,ce between PET and Ge(Li) detecto~ evaluations 

is almost pe~fect. A small diffe~ence between these two methods 

occu~s at the beginning of the expe~iment. The sta~ting 

concent~ation activity given by Ge(Li) detecto~ is 1.2 f.lCi/ml 

which means ~ 6 mCi in the enti~e phantom. Fo~ these activities, 

the effective dead time of the PET detection system becomes ve~y 

impo~tant. It seems that the effect of loosing events due to dead 

time at high acti'tities not only compensates but exceeds the sum 

of ~andom and sca·::te~ing coincidences. 

F~om this expe~iment, the accu~acy of the method fo~ absolute 

evaluations of concent~ation activity with the use of PET is the 

best fo~ ~ates of detected events less than ~ 14000 counts/sec. 

Highe~ ~ates need dead time co~~ections. 

8.2 
64 

Cu and 18F . t exper.1.men • 

A mo~e complj.cated expe~iment is to 

lived isotopes in the phantom at 

use 

the 

two diffe~ent 

same time. 

sho~t 

64Cu 

(T = 12.7 h) solution was int~oduced in the 
:1/2 

1.8 em tumou~ 

18F solution. cylinde~ diamete~ and the phantom was filled with 

The measu~ements by PET we~e done in pa~allel with Ge(Li) activity 

evaluations of 1 ml samples f~om each solution. [67] 

The decay of 
64

cu isotope was obse~ved fa~ ~ 3 days, 

o~ 3000 min. In the fi~st day, 64cu and 
18

F isotopes coexisted, 

afte~ that the 18F disappea~ed and only 
64

cu su~vived. 
Fig. 8. 6 p~e!:.ents the dependence of the ~ate of counts 

co~~esponding to the maximum of the Gaussian dist~ibution of 

events ve~sus time·, fo~ the modified filte~. The line ~ep~esents 

the ext~apolation of the low.~ate data. 

gives a half-life fa~ 64cu of 12.6 h. 

The slope of the line 

The va~iation of the backg~ound ~ate ( 18F) in time, obtained 

f~om 40 X 40 ROI using modified filte~ is p~esented in Fig. 8.7. 

The ~ate values at the beginning of the expe~iment a~e 

unde~estimated compa~ed to these values obtained by ext~apolating 

the last pa~t of the linea~ dependence. If a nonpa~alysable system 

is conside~ed, the dead time at t = 0 f~om the 18F line is 

(eq. (4.10)), Td = 7 msec. The slope of the 
18

F line gives the 

same 113 min half life fo~ 18F. 
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imaee of the 1.8 em diameter tumour fitted with 
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F sol.ut ion and containing a hot tumour 

440 

events 

phantom. 

(64Cu). 

The l.ine represents the extrapoLation of the l.ow rate data. 
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Using the calib~ation lines of the Ge(Li) detecto~ and of the 

PET system, the Vd~iation of the activities in time of the 18F 
64 and Cu can be obtained by these two diffe~ent methods. 

Fig. 8.8 shows the dependence of the 18F concent~ation 
activity on time (the backg~ound ~egion) obtained with Ge(Li) 

detecto~ and by PET. The PET data a~e the same fa~ the t~uncated 

filte~ and the modified filte~. The conco~dance between Ge(Li) 

method and PET me·:hod is ve~y good, almost pe~fect. The starting 

activity of 18F i!; 2.2 ~Ci/ml. That is a total backg~ound activity 

of ::::: 11 mCi, which explains the lowe~ detected concent~ation 

activities by PET due to dead time losses. 

Again, using the calib~ation lines of the Ge(Li) detecto~ and 

of the tomog~aph, the changes in activity of the 
64

cu in time can 

be obtained fa~ these two methods. The ~esults a~e p~esented in 

Fig. 8.9. Fa~ the Ge(Li) detecto~, two activity lines a~e 

p~esented, one taking in conside~ation the detecto~ dead time and 

the othe~ one without any dead time co~~ections. The co~~ected 

data fa~ the dead time losses we~e obtained ext~apblating the low 

count ~ates value~; to t = fZl. Fa~ the PET ~esults, two sets of data 

co~~esponding to the two filte~s used, t~uncated filte~ (Filte~ 1) 

and modified filte~~ (Filte~ 2), a~e included. Fa~ the Filte~ 1, 

the calib~ation of the 25 em diamete~ phantom was used. 

The 64cu half life obtained with both filte~s and the Ge(Li) 

detecto~ is 12.6 h. 

The PET data obtained with t~uncated filte~ unde~estimates 

the ~eal concent~c1tion activities in a small tumou~ up to 3- 4 

times. The~efo~e t.he calib~ation line of 

fa~ a la~ge phantom could not be used 

activity in a small tumou~. 

the tomog~aph obtained 

in the evaluation of 

The filte~ unde~estimates also the ~eal 

concent~ation activities up to 25/.. The ~eason of this disco~dance 

can be the fact that the calib~ation of the tomog~aph, (Fig. 7.23) 

was pe~fo~med fo~ concent~ation activity up to 1 ~Ci/ml fo~ 

68 68 . 64 
Ge- Ga solut~on. The slope of the Cu calib~ation line is much 

highe~ than that cf 
18

F o~ 68
Ga and the ext~apolation to high 

activities ( ::::: 15 ~Ci/ml fo~ 64
cu, equivalently to ::::: 

18 
fo~ F on the same g~aph) amplifies the e~~o~s 

activities measu~ements. 

3.5 ~Ci/ml 

of the low 



-----
E 

----0 
:::::L ........... 

>. 
+-' 
> 

+-' 
0 
<{ 

- 161 -

18F 

-- Ge<Li) • PET 

10° 

10-1 L_ ________ -L----------~---------L----------~--------~ 

0 88 176 264 352 440 

t (min) 

Fig. 8.8 The concentration activity changes in time in the 

background activity <
18

F) given by Ge(Li) detector Cfutt 

tine.) and by PET Cpoints.J. The experiment consists from the 

25 em phantom containing a hot tumour <64
cu) fitted with 18F 

sotut ion. 
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Fig. 8.9 Th~ variation of the concentration activity in the 
64 

tumour ( Cu) in time obtained usin8 a Ge(Li) detector 

CUnes:> and PET Cpoints.:>. The Ge(Li) data presented are 

corrected fo.r:- the detector dead time Cfv.l.l. l.ine.:> or are not 

corrected fo.:- the dead time l.osses Cpoint l.ine.:>. The PET data 

are obtained for 15 point Butterworth fil.ter (Filter 1) and 

for modified fil.ter (Filter 2). 



- 163 

These result~; concerning the measurement of two different 

short lived isotopes in the same time by PET did not have the 

abnormal behaviour-, diverting from 

determined in [68:1. The deviation 

the 

from a 

linear dependence 

linear dependence in 

their case is probably due to a higher amplification of the low 

statistical image<::; and not due to scattering effects from 64cu 

high activity regj.on. The activities used in [68] were much lower 

than those used in this study, and to avoid the effect of 

amplification of the low statistical images, the time of 

aquisition for each image slice should have been very long. 

From this exj:,eriment, the true activity can be obtained by 

PET for detected rates less than ~ 15000 counts/sec. 

values, correctio~s for the dead time of 

necessary to get the real activity. 

the system 

Over these 

losses are 

The last test of the accuracy of the method for absolute 

evaluation of the concentration activity by PET consists in 

studying the changes· in time for the tumour-to-nontumour activity 

ratios, in the experiments containing two different short-lived 
t:4 18 

isotopes such as Cu and F. 

The dependence of the tumour-to-nontumour activity ratio on 

time is presented in Fig. 8.10. The test values were obtained from 

Ge(Li) detector evaluations. These activities values are corrected 

for the detector dead time. The PET values presented in Fig. 8.10 

were obtained using the two filters, 15 point filter (Filter 1) 

and modified filter (Filter 2), and the activities values are not 

corrected for the system dead time. 

The tumour-to-nontumour activity ratios values from the 

images reconstructed using truncated filter are much smaller than 

the real values and less sensitive 

modified filter gives better results. 

to changes in 

The starting 

values seems to be slightly higher due to lower 

time. The 

time ratio 

activity 

background values, 
64 

then they underestimate the real values due to 

lower Cu activity evaluations. Very high tumour-to-nontumour 

ratios (~ 80) are ,ot possible to be detected by PET due to the 

fact that there is a background generated 

procedure even whe, no activity is used 

Fig. 7.10) 

by the reconstruction 

in that region (see 
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Fig. 8.10 The tumour-to-nontumour activity ratio variation 

in time. obtained usin~ Ge(Li) detector Ccorrected data for 

dead time tossesJ and PET. usinB 15 point jitter (Filter 1) 

and modified fitter (Filter 2). 
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9. THE ADVANTAGES AND THE LIMITATIONS OF THE METHOD FOR 

ABSOLUTE EVALUATIONS BY PET. 

9.1 The advantages o:f the method. 

The results of surveys in an effort to identify problems and 

potential solutions associated with data acquisition and analysis 

in computer ass:l.sted tomography, indicated the necessity to 

establish guidelines and to seek and disseminate information 

within this domain. The ability to take full advantage of the 

power of functional imaging and to maintain credibility requires 

standardized, rept-oductibile and accurate methods of obtaining, 

analyzing and reporting the results data as well as recognition of 

the 1 imi ts of the!;e approaches. This is the area in which the 

physicist can bring his or her contribution. 

The proposed criteria for optimal solution to the problem of 

functional image acquisition and analysis are [65]: 

1. accurate, 

2. reproductibile, 

3. independent of the tracer used, 

4. independent of the instrument spatial resolution, 

5. when possible, independent of imaging technique, 

6. minimi <:e subj ec ti vi ty and investigator bias, 

7. fixed assumption about normal anatomy not required, 

8. acceptable to subject level of tolerance (headholders, 

etc), 

9. performs well in serial studies of the same patient and 

individual study of separate patients in a population, 

10. - capable of evolving toward greater accuracy as 

inform.:ttion and instruments improve, 

11. reasonc:tble in cost, 

12. equally applicable in both clinical and research 

set tins1s, 

13. - time efficient for both data acquisition and analyze. 
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The method f~r absolute quantitation presented in this study 

tried to solve th? most important aspects of quantitation in 

computer assisted tomography systems: 

to evaluab? the dimension of the tumour, 

to determine the position of the tumour, 

to measure the amount of drug accumulated 

to evaluate the tumour-to-nontumour 

in the 

activity 

tumour, 

ratios. 

The quality control terms describing the 

assay are: 

"goodness" of any 

of a 

accuracy giving the closeness to the true value, 

precision reproductibility of the same measurement, and 

sensivity representing the smallest difference between 

two measun~ments that can be reliablely distinguished. 

By this method of absolute measurements by PET the dimension 

tumour evaluated in a sensible way using the 

calibration 

may be 

of the FWHM values of the tumour 

The method is 

image counts 

more precise 

finding its 

distributions in ctbsolute units (mm). 

in detecting the r·eal dimension of a tumour than in 

dimension on a pr·edefined position on the distribution of counts 

in the image, and it is useful for any shape and size of the 

tumours or even for a heterogeneous activity distribution. The 

middle point of F~IHM values on X and Y axes can be helpful to fix 

the position of tre tumour on the image. 

The accuracy of this method of absolute evaluation of 

concentration activities from the image is strongly related to the 

introduction of the new modified filter. Eliminating the high 

noise background generated by a truncated filter, the image 

sensivity and contrast were increased and the absolute evaluations 

of the activities became possible in a pixel-by-pixel way. 

The precision of the evaluation of the concentration activity 

in each pixel of the image given by standard 

statistical limits. 

deviation, lies 

Unlike the truncated filter, for the modified filter, 

in 

even 

the image represents an amplification of the real distribution 

of events, this a~plification is constant for the whole image. 

In this way, the inage itself represents a reflection of the real 

distribution of activity in the slice of the phantom (or brain) 

under investigatio.l. 
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The filte~ed back-p~ojection of an image using the modified 

filte~ ~ep~oduct?s quantitatively the contou~s and the 

concent~ation act.lvity changes in a studied slice, eliminating the 

tumou~ volume depE?ndence, the su~~ounding volume dependence and 

the tumou~-to-nontumou~ ~atios dependence obtained with the 

t~uncated filte~. 

Once this di·'ficult step is understood and ove~come, the 

analyzed image n~veals new and inte~esting aspects. The most 

impo~tant aspect is the unique calib~ation line of the tomog~aph 

that can be obtained, ~elating the image count ~ate di~ectly, in 

an unique way, to the concent~ation activities, ~ega~dless of the 

tumou~-to-nontumou~ ~atios o~ the volumes unde~ investigation. 

Now, finally, the whole image can be ~ep~esented on an absolute 

colou~ scale (1--JCi/ml), the absolute concent~ation activity of each 

pixel (o~ volume e•lement f~om the body) being ~eco~ded without any 

subjective inte~ve•ntion of the investigate~. 

The accu~acy and the ~ep~oductibility of the method was 

tested fo~ sho~t-lived isotopes. It seems that this method fo~ 

absolute quantitat.ion could be as accu~ate as a Ge(Li) detecto~ 

evaluation of corcent~ation activity. This is unde~standable if 

we think that, in fact, the complicated system of 160 BGO c~ystals 

ope~ating in coincidence (one detecto~ with othe~ 61 detecto~s) 

can be seen, in a simplified mode, as an effective system 

consisting f~om two detectors ope~ating in coincidence. The 

multidetecto~ system gene~ates a complicated ~econst~uction 

p~ocedu~e capable to pe~fo~m a bidimensional image, howeve~ 

falsifying the t~uth if an imprope~ filte~ is used. 

This method pe~mits to study the image of a cold tumou~ 

exactly in the same way as befo~e, of a hot tumou~. This was 

impossible to obtain with the t~uncated filte~ in the 

~econst~uction p~ocess. 

The high activity studies ~evealed that the effective dead 

time of the system is mo~e impo~tant than the co~~ections fa~ 

~andom and scatte~ed coincidences 

have to be done. The method is 

when absolute 

valuable even 

quantitations 

at ve~y high 

activities if befo~ehand evaluations of the dead time co~~ections 

a~e pe~fo~med. 
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This method for absolute quantitation is simple reliable and 

can be applied to any computer assisted imaging systems with some 

adequate modifications. The cost to implement the method is 

minimum possible. Each instrument has to be calibrated once and 

only few more programs are necessary to obtain a colour image in 

absolute units anj to evaluate the dimension and the position of a 

tumour (or organ). Occasionally, the calibration of the instrument 

has to be verified. 

9.2 The limitations of the method. 

The principal limitations of this method are related 

fact that this study is not completed yet. 

were studied, 1.8 

to the 

em and On 1 y two dim1msions of tumours 

4.8 em diameter. Intermediary values, larger values than 4.8 em 

and smaller diameters than 1.8 em presenting a practical 

should be included in a study. It is very probable that 

small tumour diamPters, the linear dependence of the 

tumour diameter will not be the same as in Fig. 7.3. 

interest 

for very 

FWHM on 

Another question arises for the position of the tumour in the 

phantom. The recor,struction process gives a perfect image in the 

centre of the ima<;1e, but the image is deformed towards to the 

edges of the phant.om. This aspects should be studied with a 

phantom having diiferent dimensions of the tumour in different 

positions. The sarre experiment can solve the position of the 

tumour using FWHM/2 point versus place in the phantom. 

The filter introduced here and its results were studied for 

one case, the modified filter, in order to compensate for the 

effect of truncation in real space. An open solution can be 

the unmodified 23 (or more) point filter which probably can give 

good results also. Even, if this 23 point filter is modified, 

the modification will be much smaller. The quality of the filter 

should be verified theoretically before it will be tested 

experimentally. 

The test of the method using 

high activities jid not give the 

concentration evalJations. That is a 

modified filter at very 

best result in tumour 

calibration including high 

activities as well as low activities is imposed. 
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a 

of 

It seems that ve r y high acti v ities do not represent 

limitation of the method but a limitation due to dead time 

the system. If the dead time corrections are evaluated (and this 

high can be done), the method is valuable even for very 

activities (> 10 mCi). 

The non-concordance between the Ge(Li) re s ults and the 

results of this method at high activities, reflects in the 

tumour-to-nontumour ratio variations in time. This represents a 

very sensible way to test the quality of the filter and of the 

calibration. This aspects should be studied more. 

Very high tumour-to- nontumour activity ratios (> 80) 

represents a limitation of the PET method. The reconstruction 

procedure creates a background even without any activity in 

surrounding volume which can not be avoided. 

At the opposite side, very low activities (low statistics 

images) presents difficulties in evaluating the concentration 

activities. Abnormal amplifications of the image counts, 

regardless of the filter used, could generate false results. It is 

very probable that background activity can influence this low 

statistics evaluations as well. This is another problem to be 

studied also. 

The results obtained using a phantom are inferred to a brain 

image. To understand better a more complicated image, the 

experiment must be enhanced using more than one tumour 

cylinder, filled with different concentration activity solutions 

and placed in different background activities. 
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10. CONCLU:::::IONS. 

The goal of this study was to find a method capable to 

realize absolute evaluations in Positron Emission Tomography, in a 

pixel-by-pixel way. The method should define the dimension and the 

position of a turrour, to evaluate the amount of activity (per 

pixel) delivered to the tumour and to the surrounding tissues, to 

determine the tumour-to-nontumour activity ratios, from the 

reconstructed image. 

The proposed method is based on: 

the use of FWHM values of the distribution of counts in the 

image to determine the dimension and the position of the 

tumour, 

the introducing of a modified filter in the filtered 

back-projection method of the reconstruction of the image, 

the calibration of the tomograph in concentration 

activities. 

The method of defining the dimension and the position of the 

tumour using the =alibration of the FWHM values in absolute units 

(mm), seems to be very sensible and accurate. This method can be 

~pplied to any shapes and sizes of tumours. 

The absolute evaluations of the concentration activities in 

the tumour and surrounding volume in statistical limits, was 

possible after th? understanding and corresponding correcting the 

effects of truncation of a filter in real space, on the image. 

Using the modified filter, the resulted image represents a 

reflection of the real activity distribution in the studied slice. 

The tumour CJncentration activity evaluation does not need 

any "recovery coefficient" corrections for any dimension of the 

tumour (at least for the dimension of the tumour greater than the 

tomograph resolution), when the tumour is surrounded by activity. 

The rate (pe~ pixel) in the image can be directly correlated 

to the concentration activities used without any tissue volumes or 

tumour-to-nontumour activity ratio interference. 
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A test procedure using short-lived isotopes and a Ge(Li) 

detector was introduced to verify the accuracy of this method for 

absolute quanti ta1:ion. The concordance between this method and 

Ge(Li) evaluations was almost perfect, proving that PET 

measurements can qive 

detector. 

the same accurate results as a Ge(Li) 

The high actJ.vity measurements showed that the effective dead 

time of the sy~;tem affects the absolute measurement of 

concentration activity more than 

coincidences. 

the random or 

The proposed method is very simple, accurate, 

scattered 

reliable, 

independent of the~ imaging system and reasonable in cost for a 

practical utilization. 

In conclusion, a complete study following the procedure 

presented, would be finalized in a quantitative image capable of 

defining the position and the dimension of a tumour as well as the 

concentration activity delivered to the tumour and to surrounding 

tissues. The mettod permits to obtain the concentration activity 

in each pixel of the image, therefore an absolute colour scale of 

the image can be used. 

There are many direct medical applications of 

implementation of this method. Between them, a definition of 

the 

the 

degree of intensity of a disease supposing that it is proportional 

to the amount of drug absorbed by the organ under investigation, 

a systematic study of the different kinds of tumour 

differ~ntiated after the amount of drug delivered to 

contr4\ed chemotherapy of the cancer, etc. 

the 

cells 

tumour, 
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